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Musculoskeletal problem, such as traumatic injury, osteo-
porosis, and osteoarthritis, is one of the leading causes of
disability worldwide and is therefore a crucial branch of
public health. Biomechanics has been proven to play
a critical role in musculoskeletal pathology, treatment, and
rehabilitation. Rehabilitation describes specialized health-
care dedicated to improving, maintaining, or restoring
physiological strength, cognition, and mobility with maxi-
mized results. It helps an individual achieve the highest
level of function or greatest independence and quality of life
possible after illness, injury, or surgery using physical
training, instruments, devices, or other methods. Advances
in rehabilitation, including the theory, paradigm, protocol,
modality, invention, and engineering, can improve the
development of modern medicine and also the quality of life
especially for the disabled and elderly people.#emain focus
of this special issue is on innovative theory and application
of biomechanics to understand musculoskeletal pathology
and to improve the techniques for the treatment and
rehabilitation.

As the variety of topics presented in this special issue
suggests, there are still many difficulties related to the mech-
anism of human injury and its rehabilitation and invention or
development of the rehabilitation device. M. Zhang et al.

explored the effects of scan resolutions and element sizes on
QCT/FEA outcomes. #ey showed scan resolution and ele-
ment size should be chosen optimally to improve the accuracy
of QCT/FEA. To characterize treadmill exercise, N. Guo et al.
calculated muscle forces in full gait cycle by inverse dynamic
analysis. #ey found the constraint loading mode had an
impact on the muscle forces in treadmill exercise, thus could
be manipulated to enhance the effect of the muscle training in
spaceflight. J. Gao et al. concluded that effects of treadmill
exercise on joints may be associated with different additional
weight-bearing levels, and exercise intensities during joint
growth and maturation should be selected reasonably. Some
new cutting-edge technologies such as robotics, wear devices,
and Artificial Intelligence have been applied for the treatment
and rehabilitation. S. J. Biggar et al. have developed and
evaluated a wearable robotic glove for hand rehabilitation.
Regarding the effect of design parameters of personalized
orthopedic insole, S. Su et al. showed insole material and
support design is positively affecting the correction of or-
thopedic insole, but negatively resulting unreasonable stress
on the stress in the joint and ligaments.

Rehabilitation to stroke patients has been constantly
receiving close review. Two research teams came up with
cutting edge rehabilitation devices for stroke patients to
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regain, respectively, upper and lower limb motor functions.
Q. Miao and colleagues designed a compact and user-
friendly robotic exoskeleton for upper limb rehabilitation,
which featured a real-time kinematic and dynamic-based
system, and allowed both passive and interactive training.
#eir study demonstrated satisfactory positioning as well as
force tracking performance and will head for field study for
poststroke patients. Besides, X. Zeng et al. integrated the
motion intention of stroke patients via steady-state visual
evoked potential with virtual reality technology to develop
a rehabilitation robot for the ankle joint. #e motion
intention-directed passive training was conducted on five
subjects with a high success rate. #e strategy enabled active
engagement for subjects without the ability to conduct active
training.

#e complex interactions between neuromuscular pre-
fatigue and brain control were investigated by L. Wang and
colleagues. #e research team induced anatagonist muscle
prefatigue by isometric elbow flexion. #e influence of the
fatigue on the cortico-cortical coupling and central modu-
lation was assessed though the technique of EEG-EEG phase
synchronization index. #eir findings revealed an enhanced
intracortical signal which could be an indication for the
compensation for the prefatigued-induced joint instability.
On the other contrary, Y. Men et al. concerned the
microdefect behavior of articular cartilage which implicates
the problem of osteoarthritis. Precisely, Y. Men et al. applied
a rolling load on porcine articular cartilage and observed the
strain of the samples. #ey identified that the shear strain
could be the main factor in cartilage destruction, while
rolling velocity also played an important role on the de-
struction of the superficial and middle layers.

Furthermore, recent criteria for orthopedic and car-
diovascular rehabilitation affect not only the diagnosis but
also the treatment and possibly involves the innovation of
supportive or protective devices. #is is the reason why, not
only will future research focus on mechanism and criteria
but also it will increasingly include therapies with re-
habilitation and its effects.

Lizhen Wang
Chia-Ying Lin

Wei Yao
Duo Wai-Chi Wong

Rui Zhu

2 Journal of Healthcare Engineering



Research Article
Effect of DroppingHeight on the Forces of Lower Extremity Joints
and Muscles during Landing: A Musculoskeletal Modeling

Wenxin Niu ,1,2 Lejun Wang ,3 Chenghua Jiang,2 and Ming Zhang 4

1Yangzhi Rehabilitation Hospital, Shanghai Sunshine Rehabilitation Centre, Tongji University School of Medicine,
Shanghai 201619, China
2Department of Rehabilitation Sciences, Tongji University School of Medicine, Shanghai 201619, China
3Sport and Health Research Center, Physical Education Department, Tongji University, Shanghai 200092, China
4Department of Biomedical Engineering, ,e Hong Kong Polytechnic University, Hong Kong

Correspondence should be addressed to Wenxin Niu; niu@tongji.edu.cn and Lejun Wang; wlj0523@163.com

Received 26 July 2017; Revised 18 March 2018; Accepted 10 May 2018; Published 2 July 2018

Academic Editor: John S. Katsanis

Copyright © 2018 Wenxin Niu et al. /is is an open access article distributed under the Creative Commons Attribution
License, which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is
properly cited.

/e objective of this study was to investigate the effect of dropping height on the forces of joints and muscles in lower extremities
during landing. A total of 10 adult subjects were required to landing from three different heights (32 cm, 52 cm, and 72 cm), and
the ground reaction force and kinematics of lower extremities were measured. /en, the experimental data were input into the
AnyBody Modeling System, in which software the musculoskeletal system of each subject was modeled. /e reverse dynamic
analysis was done to calculate the joint and muscle forces for each landing trial, and the effect of dropping-landing on the results
was evaluated. /e computational simulation showed that, with increasing of dropping height, the vertical forces of all the hip,
knee, and ankle joints, and the forces of rectus femoris, gluteus maximus, gluteus medius, vastii, biceps femoris and adductor
magnus were all significantly increased. /e increased dropping height also resulted in earlier activation of the iliopsoas, rectus
femoris, gluteus medius, gluteus minimus, and soleus, but latter activation of the tibialis anterior. /e quantitative joint and
muscle forces can be used as loading conditions in finite element analysis to calculate stress and strain and energy absorption
processes in various tissues of the lower limbs.

1. Introduction

Landing is a common and important form of movement that
is necessary in a variety of sports, dancing, and special
occupations [1–5]. Landing is also very easy to cause injuries,
especially on the lower limbs. About 49%–52% of the injuries
in gymnastics training occur during the landing phase [1, 2].
/e reasonable protection of landing injuries, as well as the
clinical treatment and rehabilitation of patients after injury,
requires a scientific understanding of the landing injuries.

Traditionally, some people thought that greater ground
reaction force (GRF) or shorter time to peak vertical GRF
(TPvGRF) would be more likely to incur damage [5, 6]. We
found that, compared to women, men had significantly
higher vGRF and rate of loading (ROL, i.e., vGRF/TPvGRF)
[7–10]. In accordance with the above traditional notion, the

phenomenon of women more prone to landing injuries
could not be explained [11, 12]. Based on previous studies,
we concluded that (1) the relationship between the ankle
joint activity and the risk of injury was insignificant, while
the joint angular velocity is positively related to the risk of
injury [7, 8, 13]; (2) compared with women, men were more
adept at using the ankle dorsiflexor and had better explosive
strength and cocontraction of the ankle plantarflexor and
dorsiflexor, and then, these factors induced the higher injury
rate for women [8, 9]; and (3) the ankle brace significantly
improved GRF and the muscle forces and enhanced the
proprioception of the lower limbs [9, 10]. During landing, if
the joint range of motion (ROM) was controlled within the
tolerance range through muscle forces, more kinetic energy
would be converted through increasing GRF to avoid ex-
cessive joint motions./is mainly reflects the relationship of

Hindawi
Journal of Healthcare Engineering
Volume 2018, Article ID 2632603, 8 pages
https://doi.org/10.1155/2018/2632603

mailto:niu@tongji.edu.cn
mailto:wlj0523@163.com
http://orcid.org/0000-0003-1349-4524
http://orcid.org/0000-0003-4206-8970
http://orcid.org/0000-0002-6027-4594
https://doi.org/10.1155/2018/2632603


muscle force, GRF, and joint kinematics. /erefore, the
influence of muscle force must be considered in the research
of landing biomechanics.

Electromyography (EMG) has been commonly used to
reflect the muscle activity [7–9, 14, 15]. However, due to
many influential factors, it is hard to accurately get the
muscle force and torque based on EMG measurement. In
recent years, the rapid development of computer technology
brought about reverse dynamic analysis to a complex com-
putational musculoskeletal model [16–18]. /is provides
a reasonable way for us to calculate muscle forces accurately.

/erefore, the purpose of this study was to evaluate
effects of dropping height on muscle forces and force of the
lower limb joints during landing using a computational
musculoskeletal model and experimental data.

2. Materials and Methods

Based on our previous data [4, 7–9], a power analysis
revealed that to achieve 80% statistical power, with an
exploratory α level of 0.05, a minimum of 10 subjects were
required. /us, 10 subjects (6 women and 4 men) were
recruited for this study. /eir mean ± SD age was 23.8± 3.9
years, and the height and body mass were 165± 5 cm and
57.8± 8.5 kg, respectively. All subjects were right-leg
dominant, which was determined individually by asking
which one leg they would use to kick a ball as far as possible
[7]. All subjects were physically active and had never ex-
perienced surgery, had no trauma and neurological dys-
function at least 6 months before the test, and were free
from any trouble with inner ear problems, vision, neuro-
muscular dysfunction, or any orthopedic conditions. All

subjects signed the University-approved informed consent
before participating.

/e subjects jumped from three different heights (32 cm,
52 cm, and 72 cm) and landed on a force plate (FP4060-08,
Bertec Corp, Columbus, OH) with a half-squatting posture
(Figure 1). /ese heights were determined according to our
previous studies [4, 7–9, 13] and a study by Mcnitt-Gray
[19]. /e landing posture was also defined elsewhere as
a simulated parachute landing in China [8, 9]. /e subjects
were instructed to takeoff and touch down with both feet, to
lean forward with body at takeoff, to make a half-squatting
posture with foot contact, and finally to break the fall
smoothly. /e trial order was random to avoid the order
effect on the results.

/e GRF data in three directions were collected at
a sampling frequency of 1000 Hz. An Optotrak Certus
motion capture system (Northern Digital Inc., Waterloo,
Canada) was used to measure the limb kinematics during
landing. Each body segment was registered using a plate
with 4 noncollinear LED markers, which was tightly
attached to the corresponding segment [8, 9]. /ese
markers were captured, and the kinematic data were then
analyzed using Visual3D (C-Motion Inc., Rockville, MD).
/e processed signals were synchronized by an analog-to-
digital converter.

/e anthropometric data (body weight, body height,
pelvis width, thigh, shanks, and foot length) were measured
from each subject and then were used to construct the
musculoskeletal model in the AnyBody Modeling System
version 5.0 (AnyBody Technology A/S, Aalborg, Denmark)
[20]. /e model was developed from the Twente Lower
Extremity Model (TLEM) in AnyBody Managed Model

(a) (b) (c)

Figure 1: A female subject was in the trial: (a) jumping; (b) prelanding; (c) postlanding.
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Repository [21]./ismodel is based on a comprehensive and
consistent data set from one donor [22]. According to our
anthropometric measurement, the model was then scaled
with a mass-fat scaling algorithm to simulate each indi-
vidual. /e AnyBody Modeling System and the musculo-
skeletal model have been validated to be useful for analyzing
human movement [20]. /e main input of the modeling is
the kinematic and GRF data from the subjects while landing.
/e GRF was filtered using a Woltring filter that does not
affect the timing and hardly affects the amplitude.

/e inverse dynamic analysis calculated the force of each
muscle bundle and the lower limb joints. Because the force
directions were similar for the bundles in the same muscle,
we combined them all for simplifying the analysis. /e
calculated forces of the hip, knee, and ankle joints were
normalized to the body weight (BW) of each subject. /e
effect of dropping height on these force values was evaluated
using the univariate analysis of variance (ANOVA) and
Turkey’s HSD post hoc analysis. /e statistical analysis
confidence interval was 95%, and the statistical analysis was
performed using the free data analysis system VassarStats
(http://vassarstats.net/) [8, 9].

3. Results and Discussion

3.1. GRF and Joint Force. As a critical factor during landing,
the dropping height greatly affects the landing speed. When
landing from three different heights of 32 cm, 52 cm, and
72 cm, the performer at initial contact had the average speed
of 2.1m/s, 2.3m/s, and 3.0m/s, respectively, with significant
statistical differences (P< 0.001). As shown in Figure 2, with
increase of the dropping height, peak vGRF increased sig-
nificantly (P< 0.001).

We have found a linear relationship between the peak
vGRF and root dropping height [10]. In the present study,
we found that, with the increase of the dropping height, the
GRF peak increased significantly in the vertical and anterior-
posterior (A-P) directions, but the dropping height has no
significant influence on the peak medial-lateral (M-L) GRF
peak, TPvGRF, or ROL./is is consistent with the finding by
Yeow et al. [23].

Effects of dropping height on GRF were further reflected
in the similar effects on the contact force of lower limb joints.
/is would lead to injury risk of these joints during high-
speed landing. As listed in Table 1, with increasing of the
dropping height, the vertical force of each joint significantly
increased./e influence of dropping height on the ankle joint
in any horizontal direction was not significant. /ough no
significant influence was found in the dropping height on the
knee joint force in the A-P direction, the force in the M-L
direction was significantly higher while landing from higher
positions. We also found significant influences of the drop-
ping height on the force of the hip joint in all three directions.

/is study showed that the force peaks of the ankle joint
and the hip joint could reach more than 20 BW when
subjects landed from 72 cm height. If the dropping height
was even increased, higher joint force may lead to injuries.
/erefore, the high peak joint force was reasonable in the
current study. When subjects landed from low and medium

heights, from the ankle to the knee and the hip joints, the
peak forces in the vertical direction declined. However,
when subjects landed from 72 cm height, the vertical force
peak of the hip joint was significantly higher than that of the
knee joint. It may be caused by higher muscle force of
gluteus during landing from higher level.

3.2. Muscle Force. Because the joint force is directly related
to the joint torque and the muscle force, the effect of the
dropping height on the joint force is further reflected in the
force of each muscle. In the current study, the same subject
had similar musculation pattern even while landing from
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Figure 2: Vertical ground reaction forces when a representative
subject landed from three different heights.

Table 1: Effects of dropping height on the forces of the ankle, knee,
and hip joints (unit: body weight, BW).

Joint Direction Low
(32 cm)

Medium
(52 cm)

High
(72 cm) F P

Ankle

Vertical 16.95±
2.59

18.88±
3.46

23.98±
4.21 8.815 <0.001

A-P 4.87±
0.96

5.19±
1.04

5.18±
1.11 1.562 0.252

M-L 4.17±
0.88

4.23±
1.06

5.83±
0.96 2.204 0.147

Knee

Vertical 9.09±
2.09

11.5±
2.26

14.58±
2.17 6.895 0.004

A-P 2.86±
0.74

5.23±
1.09

4.98±
1.32 1.785 0.204

M-L 0.72±
0.31

0.75±
0.24

0.88±
0.32 7.307 0.007

Hip

Vertical 8.50±
2.53

9.49±
2.68

22.81±
4.69 10.208 <0.001

A-P 3.49±
1.15

4.08±
1.68

11.9±
2.96 8.024 0.003

M-L 3.74±
0.69

4.76±
1.12

12.56±
3.36 8.749 0.004

A-P: anterior-posterior; M-L: medial-lateral.
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different heights, but certain difference of the sequence of
muscle activation existed among different subjects.

Figure 3 showed themuscle activation of a representative
subject landing from three heights. /e peak forces of main
muscles were statistically analyzed and shown in Table 2.
With increasing of dropping height, the peak forces in-
creased for most muscles in the lower limb, in which the
rectus femoris (RF), GMax, gluteus medius (GMed), vastii,
biceps femoris (BF), and adductor magnus all showed sig-
nificant changes.

/e increased dropping height also resulted in earlier
activation of the iliopsoas, RF, GMed, gluteus minimus
(GMin), and SOL, but latter activation of the tibialis anterior
(TA). In addition, when subjects landed from higher po-
sitions, the time from initial contact to peak force of RF and
SOL was significantly longer. /e longer the duration of
muscle activity, the longer and more durable the muscle
force used to counter the impact.

As seen in Figure 1, we divided the entire landing process
into three phases. Because the researcher instructed subjects
not to jump higher than their initial level, the timing and
amplitude of each muscle had consistent activity pattern and
amplitude. /e flying phase can also be called as the prel-
anding phase, while the last phase can be called the post-
landing phase. Some studies showed that, with increasing of
dropping height, the EMG onset latency and duration would
be longer in TA, soleus (SOL), RF, and BF, but the prel-
anding EMG duration was less affected by the change of the
dropping height [24, 25]. Our previous study also showed
the similar phenomenon in TA and gastrocnemius (Gast)
[7–9]. Because the landing is a high-intensity impact action,
the requirement for muscle energy is high. Even during

a lower height landing, the muscle will be prepared with
enough time. If the dropping height was increased, the
accumulation of muscle power is not through the duration,
but through the activity amplitude.

/e calculated results showed that, with increasing
dropping height, the maximum force of TA increased, but
there was no significant difference between different heights.
/is was consistent with the experimental results. /is also
showed that ankle plantarflexor has a more important role
on the landing movement than the dorsiflexor. In addition,
the force of triceps muscle was up to 10 BW level and had
a main role in changing the mechanics of the shank.

As for the effects of dropping height on the knee flexors
and extensors, various experimental studies gave different
findings [26–29]. /is study showed that the knee flexors
and extensors were all significantly activated to maintain the
balance of the knee joint. As a result, when the dropping
height was higher, the compressive force of the knee joint
also increased because the larger muscle forces provided
additional loads.

During landing, the muscle contraction mode is very
complex, and the forces of some muscles or muscle groups
are even beyond the level of ground reaction force. Because
these muscle forces would be loaded on the skeleton around
joints, they may have great impact on the stress or strain of
bone and cartilage, energy absorption, and transmission in
the lower limbs. Some authors have tried to get these data
using finite element analysis [30], but it is necessary to
understand the muscle contraction mode and force before
modeling of local joints or organs. /is study could provide
more precise loading conditions for future finite element
simulation of any phase of a typical landing movement.
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FIGURE 3: Forces of leg muscles when a representative subject landed from three different heights.
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4. Conclusion

Based on the experimental data, the inverse dynamic model
of the human musculoskeletal system was established in this
study. /e force of the lower limb joints and the muscle
groups was calculated while the subjects landed to evaluate
the effects of dropping height on these parameters. /e
quantitative joint and muscle forces can be used as loading
conditions in finite element analysis to calculate stress and
strain and energy absorption processes in various tissues of
the lower limbs. /is would be useful for further un-
derstanding of the injury mechanism during landing.
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+e different mechanical stimulus affects the bone mass and bone strength. +e aim of this study was to investigate the effect of
landing posture of the hoopster and paratrooper on the bone mass. In this study, 39 male participants were recruited including 13
paratroopers, 13 hoopsters, and 13 common students (control groups). Bone area (BA), BMD and BMC of calcaneus, and 1–5th of
the metatarsus, hip, and lumbar spine (L1–L4) were measured by the dual-energy X-ray absorptiometry. Also, the vertical ground
reaction forces (GRFs) of hoopsters and paratroopers were measured by the landing of 1.2m 3D force platform. BA of hoopsters at
the calcaneus, lumbar spine, and hip were significantly higher than the control group.+e lumbar spine, hip, calcaneus, the 1st and
2nd metatarsals, BMC of paratroopers, and control groups were significantly lower than hoopsters. BMD of the lumbar spine, hip,
and right and left femoral necks in hoopsters were significantly higher than the other participants. BMC and BMD of lower limber
showed no significant difference between paratroopers and the control group. Besides, peak GRFs of paratroopers (11.06 times of
BW) were significantly higher than hoopsters (6.49 times of BW).+e higher GRF in the landing train is not always in accordance
with higher BMD and BMC. Variable loads in hoopsters can improve bone remodeling and play an important role in bone
expansions for trabecular bones. +is will be considered by the method of training to prevent bone loss.

1. Introduction

Low bone mass, as one of the important factors for osteo-
porotic fractures, is usually measured with bone mineral
content (BMC) and bone mineral density (BMD) [1]. Cal-
cium deficiency, inadequate vitamin D intake, excessive
drinking, low reproductive hormone levels, and lack of
physical activity are main potential factors of bone loss [2, 3].
It was reported that physical exercise was usually a benefit to
increase the bone mass and promote skeletal development
[4]. Different loads contribute to bone formation and
maintenance of bone metabolism, which also would im-
prove the bone strength or microarchitecture [1, 5, 6]. +e

mechanical loads of the adult rats showed the difference of
intermittent and normal exercises [7].

+e cyclic load on bones is generated in different ex-
ercises [8]. It was reported that BMD could be increased by
duration exercise of more than two hours per week [9]. It
was also found that the 2% BMD of the femoral neck was
improved by the impact of exercise done for 6 months [10].
Continuous mechanical stimulus helps to maintain bone
mass that is important to improve BMD and BMC [11–13].
Osteogenic responses are always produced at the specific
loading sites [14, 15]. Basketball, volleyball, and gymnastics
from the three times body weight (BW) or greater of reaction
force are defined as high-impact exercises [16]. It was
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beneficial to bone remodeling in high-impact exercises [17].
It was also shown that those high-impact exercises increased
BMD and BMC of prepubertal girls [18]. BMD of the total
body, lumbar spine (LS), femoral neck (FN), legs, and arms
would be increased due to high-impact exercises such as
basketball and volleyball exercise [14]. BMC and BMD of the
lower limbs were not increased in no-impact or low-impact
exercises (cycling and swimming) [19, 20], and there may be
not enough stimuli against bones [17].

Basketball exercise included the various postures such as
running, starts, stops, and shuffling. +e multidirectional
loads were produced during exercise. Basketball sport in-
volves mainly jumping and landing [21]. +ey lean forward
with the forefoot landing on the ground first, followed by the
whole foot [22]. +e twisting movement of the feet was
found in balance training in basketball sport [23].+e triceps
surae muscle in the musculoskeletal system mainly main-
tains the stability of ankle joints [24]. +e ground reaction
forces (GRFs) during the vertical jump-landing were gen-
erated in basketball exercise [25]. Meanwhile, parachuting
was also a typical high-impact action [26]. Paratroopers
perform half-squat parachute landing and keep their feet
parallel to ground in the landing process [27]. Dynamic
postures of hoopsters and paratroopers were quite different
during the landing process. +e mechanical loads acting on
bones were also different. +e effect of different dynamic
landing postures on osteogenic responses still needs the
quantified research method. In this study, BMD and BMC of
hoopsters and paratroopers were investigated by the in-
struments and experiments, respectively. It would provide
suggestion of training methods to prevent bone loss and
osteoporotic fracture.

2. Methods

+irty-nine males aged 20–25 years participated in this study
(13 paratroopers, 13 hoopsters, and 13 normal men with less
involvement in sports as the control group). +ey were
divided into two subgroups: subgroup I with men 20–22
years old including 7 paratroopers, 7 hoopsters, and 7
controls, and the others were subgroup II aged 23–25 years.
Volunteers were from the air force base, basketball sports
team, and students in university, respectively. Paratroopers
and hoopsters participated in training for more than 10
hours weekly compared to less than 1 hour of controls.
Height, weight, and body mass index (BMI) of volunteers
were shown in Table 1. Each volunteer has no disease of
musculoskeletal disorders and bone metabolism.

Bone area (BA, cm2), BMD (g/cm2), and BMC (g) of the
calcaneus, the 1st to the 5th metatarsus, hip (left hip and right
hip), and lumbar spine (L1–L4) weremeasured by dual-energy
X-ray absorptiometry (DXA), respectively. +e calcaneus and
the metatarsus were placed at 90° inversion and 45° eversion
by horizontal scanning of DXA, respectively. +e informed
consent including the measurement method and the potential
risk were signed by volunteers. All measurements were
performed in the same condition from March to May, 2016.

+e statistical data of three groups (paratroopers,
hoopsters, and controls) were compared by the one-way

ANOVA test and nonparametric test. +e significant dif-
ferences of BA, BMC, and BMD are shown in Table 1.

Besides, hoopsters and paratroopers were required to
jump from a 1.2m platform. +e height was is consistent
with the velocity of about 6m/s of paratroopers landing [28].
Landing postures of hoopsters and paratroopers were
captured by vidicon (Figures 1 and 2). +e GRF was mea-
sured by a 3D force platform (1000Hz, SMA-6, AMTI,
USA).

3. Results

BA of the calcaneus, metatarsus, hip, femoral neck, and
lumbar spine in both groups is shown in Tables 2 and 3. It
was found that BA of the calcaneus in hoopsters was sig-
nificantly larger than controls (P< 0.05). +e difference of
the metatarsal BA among hoopsters, paratroops, and con-
trols was less obvious. In subgroup I, BA of the lumbar spine
and hip in hoopsters was significantly greater than controls
(P< 0.01). Except for the BA of the left and right femoral
neck and the fifth metatarsal, hoopsters were significantly
greater than paratroopers (P< 0.01)

BMC values of the different bones in hoopsters, para-
troopers and controls are listed in Tables 4 and 5. BMC of
hoopsters’ calcaneus and the 1st and 2nd metatarsals was
significantly higher than that of paratroopers (P< 0.05) and
controls (P< 0.01). BMC of hoopsters was also significantly
higher than controls and paratroopers (P< 0.05) at the
lumbar spine (L1, L2, L3, L4, and total lumbar spine) except
for L3 in subgroup II. BMC of hoopsters’ total hip was the
highest compared with controls and paratroopers (P< 0.05).
However, there was no significant difference among all
participants in BMC of the femoral neck.

BMD of the calcaneus in hoopsters was significantly
higher than controls (P< 0.05) in both groups as shown in
Tables 6 and 7. BMD of the first, second, and third meta-
tarsals in hoopsters was significantly greater than controls
(P< 0.05) in subgroup I. BMD of the third, fourth, and fifth
metatarsals in paratroopers was significantly higher than
controls (P< 0.05) in subgroup II. Higher BMD of the
lumbar spine, hip, and femoral neck in hoopsters was ob-
tained statistically compared to other bones (P< 0.01).
However, paratroopers and controls had no significant
difference in BMD at those anatomical locations.

Table 1: Characteristics of participations.

Variables Paratroopersa Hoopstersb Controlsc

Subgroup I
Height (cm) 179.83± 4.02 184.29± 4.11a,c 173.00± 6.73
Weight (kg) 70.03± 6.32 75.71± 8.01 70.66± 11.10
BMI (kg·m−2) 21.83± 1.99 22.29± 1.62 23.34± 2.68
Subgroup II
Height (cm) 174.1± 3.70 181.17± 8.13a,c 173.83± 2.14
Weight (kg) 68.72± 4.80 76.33± 8.45 64.33± 3.08
BMI (kg·m−2) 22.62± 2.32 23.18± 1.280 21.32± 1.23
Note. Data are means± SD; asignificantly different with paratroopers,
P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly
different with controls, P< 0.05.
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Figure 1: Landing posture of hoopsters.
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Figure 2: Landing posture of paratroopers.
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Table 2: BA (cm2) of the different anatomical locations in subgroup I.

Variables Paratroopersa (n � 7) Hoopstersb (n � 7) Controlsc (n � 7)
Calcaneus 34.49± 3.83 36.66± 2.61c 31.26± 3.32
First metatarsal 12.78± 0.88 13.54± 1.41 11.46± 0.74
Second metatarsal 8.37± 0.94 9.04± 1.28c 7.76± 0.85
+ird metatarsal 7.79± 1.13 8.27± 0.98 7.30± 0.70
Fourth metatarsal 7.95± 0.83 8.41± 1.15 7.42± 0.87
Fifth metatarsal 10.85± 1.14 10.24± 1.35 9.73± 1.28
Lumbar spine (L1–L4) L1 13.97± 1.70 16.43± 1.05a,c 13.96± 0.83
L2 15.39± 0.10 17.50± 2.06a,c 14.84± 1.17
L3 17.16± 1.31 19.09± 2.74c 16.54± 1.31
L4 18.67± 1.15 22.54± 2.39a,c 18.17± 2.15
Ltotal 65.19± 4.40 75.56± 7.56a,c 63.51± 4.52
Left femoral neck 6.10± 1.50 5.64± 0.38 5.64± 0.37
Left hip 40.78± 3.35 47.11± 4.14a,c 39.64± 3.77
Right femoral neck 6.77± 1.30b,c 5.46± 0.42 5.45± 0.43
Right hip 42.79± 3.0 46.53± 3.95c 38.46± 4.89
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.

Table 3: BA (cm2) of the different anatomical locations in subgroup II.

Variables Paratroopersa (n � 6) Hoopstersb (n � 6) Controlsc (n � 6)
Calcaneus 32.00± 2.79 37.50± 4.71a,c 31.95± 2.85
First metatarsal 12.59± 1.58 13.40± 2.88 11.55± 1.46
Second metatarsal 8.30± 0.81 8.86± 1.06 8.11± 0.51
+ird metatarsal 6.91± 0.69 7.93± 1.10 7.22± 0.44
Fourth metatarsal 7.08± 0.49 7.94± 0.48 7.42± 0.77
Fifth metatarsal 9.54± 0.48 10.57± 1.01 9.17± 1.08
Lumbar spine (L1–L4) L1 14.19± 0.95 15.38± 1.43 14.26± 1.19
L2 15.16± 1.18 16.36± 1.48 15.32± 0.49
L3 17.17± 2.12 18.12± 1.52 16.27± 1.63
L4 18.10± 0.98 19.78± 2.00a 18.30± 0.63
Ltotal 64.61± 4.83 69.64± 6.27 64.15± 3.18
Left femoral neck 5.15± 1.32 5.27± 1.17 5.35± 0.26
Left hip 41.21± 4.19 44.07± 4.28 40.72± 2.17
Right femoral neck 5.21± 1.14 5.78± 0.76 4.99± 0.46
Right hip 41.57± 3.03 45.03± 4.12 40.91± 3.26
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.

Table 4: BMC (g) of the different anatomical locations in subgroup I.

Paratroopersa (n � 7) Hoopstersb (n � 7) Controlsc (n � 7)
Calcaneus 27.84± 3.89 32.52± 5.12a,c 24.58± 2.64
First metatarsal 6.19± 0.85 8.01± 1.84a,c 5.68± 0.78
Second metatarsal 3.54± 0.36 4.60± 0.84a,c 3.15± 0.58
+ird metatarsal 3.09± 0.38 3.61± 1.15c 2.41± 0.38
Fourth metatarsal 2.90± 0.60 2.96± 0.79 2.26± 0.48
Fifth metatarsal 3.82± 0.86 3.59± 0.81 3.06± 0.73
Lumbar spine (L1–L4) L1 13.34± 1.68 17.29± 1.31a,c 13.13± 1.87
L2 15.43± 1.43 19.70± 2.06a,c 15.08± 2.52
L3 17.79± 1.48 23.03± 3.34a,c 17.56± 2.26
L4 19.19± 0.93 25.31± 2.31a,c 19.42± 2.49
Ltotal 65.75± 5.16 85.33± 8.38a,c 65.19± 8.55
Left femoral neck 5.84± 1.33 6.86± 0.92 5.41± 0.78
Left hip 40.51± 5.09 58.94± 5.05a,c 41.62± 3.00
Right femoral neck 6.46± 1.34 6.72± 0.72 5.18± 0.67b
Right hip 41.96± 4.35 57.45± 4.61a,c 40.36± 5.76
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.
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Table 5: BMC (g) of the different anatomical locations in subgroup II.

Variables Paratroopersa (n � 6) Hoopstersb (n � 6) Controlsc (n � 6)
Calcaneus 23.85± 2.98 32.95± 9.03a,c 22.82± 3.15
First metatarsal 6.46± 0.81 7.59± 1.88a,c 5.64± 0.93
Second metatarsal 3.55± 0.43 4.22± 0.73a,c 3.34± 0.36
+ird metatarsal 2.67± 0.50 2.61± 0.88 2.17± 0.96
Fourth metatarsal 2.65± 0.39c 2.50± 0.64 2.01± 0.29
Fifth metatarsal 3.43± 0.55 3.51± 0.89 2.57± 0.47
Lumbar spine (L1–L4) L1 14.19± 1.06 17.20± 2.97a,c 12.49± 1.47
L2 15.74± 1.02 19.84± 3.83a,c 14.02± 1.01
L3 18.93± 2.27 22.50± 4.24c 14.88± 1.95a,b
L4 19.16± 2.57 23.70± 4.22a,c 16.09± 1.45
Ltotal 68.02± 6.46 83.24± 14.95a,c 57.47± 4.81
Left femoral neck 4.89± 1.73 6.29± 1.94 4.51± 0.67
Left hip 40.86± 7.54 53.28± 7.56a,c 38.67± 5.12
Right femoral neck 5.36± 1.63 6.73± 1.51c 4.14± 0.39
Right hip 42.96± 7.42 53.68± 7.50a,c 38.44± 4.88
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.

Table 6: BMD (g/cm2) of the different anatomical locations in subgroup I.

Variables Paratroopersa (n � 7) Hoopstersb (n � 7) Controlsc (n � 7)
Calcaneus 0.81± 0.94 0.88± 0.92c 0.79± 0.48
First metatarsal 0.49± 0.66 0.59± 0.85a,c 0.50± 0.57
Second metatarsal 0.43± 0.44 0.51± 0.64c 0.40± 0.47
+ird metatarsal 0.40± 0.75 0.43± 0.95c 0.33± 0.33
Fourth metatarsal 0.37± 0.08 0.35± 0.05 0.30± 0.05
Fifth metatarsal 0.36± 0.09 0.35± 0.04 0.31± 0.05
Lumbar spine (L1–L4) L1 0.96± 0.04 1.05± 0.05 0.94± 0.10
L2 1.00± 0.05 1.13± 0.03 1.01± 0.10
L3 1.04± 0.06 1.21± 0.04a,c 1.06± 0.10
L4 1.03± 0.04 1.13± 0.09 1.07± 0.06
Ltotal 1.01± 0.04 1.13± 0.04a,c 1.02± 0.08
Left femoral neck 0.96± 0.08 1.21± 0.13a,c 0.96± 0.10
Left hip 0.99± 0.08 1.25± 0.09a,c 1.05± 0.09
Right femoral neck 0.95± 0.11 1.23± 0.08a,c 0.95± 0.09
Right hip 0.98± 0.08 1.24± 0.07a,c 1.05± 0.07
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.

Table 7: BMD (g/cm2) of the different anatomical locations in subgroup II.

Variables Paratroopersa (n � 6) Hoopstersb (n � 6) Controlsc (n � 6)
Calcaneus 0.75± 0.13 0.87± 0.14c 0.71± 0.07
First metatarsal 0.52± 0.09 0.56± 0.03c 0.49± 0.05
Second metatarsal 0.43± 0.08 0.47± 0.04 0.41± 0.02
+ird metatarsal 0.39± 0.07 0.33± 0.08 0.30± 0.01a
Fourth metatarsal 0.38± 0.06 0.31± 0.07 0.27± 0.03a
Fifth metatarsal 0.36± 0.07 0.33± 0.07 0.28± 0.03a
Lumbar spine (L1–L4) L1 1.00± 0.08 1.11± 0.12 0.88± 0.07
L2 1.04± 0.11 1.20± 0.15a,c 0.91± 0.04
L3 1.11± 0.13 1.23± 0.15 0.91± 0.06
L4 1.06± 0.15 1.19± 0.11 0.88± 0.08
Ltotal 1.06± 0.12 1.19± 0.13a,c 0.90± 0.05
Left femoral neck 0.94± 0.15 1.18± 0.15a,c 0.85± 0.14
Left hip 0.99± 0.14 1.21± 0.10a,c 0.95± 0.10
Right femoral neck 1.02± 0.18 1.16± 0.15a,c 0.84± 0.10
Right hip 1.03± 0.17 1.19± 0.09a,c 0.94± 0.08
Note. Data are means± SD; asignificantly different with paratroopers, P< 0.05; bsignificantly different with hoopsters, P< 0.05; csignificantly different with
controls, P< 0.05.
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Besides, peak vertical GRFs of paratroopers were 11.06
times of BW (SD± 0.96) compared to 6.49 times of BW in
hoopsters (SD± 1.19). Compared with the forefoot of
hoopsters, which first lands on the ground following the
whole foot (Figure 1), the landing posture of paratroopers
kept the feet parallel to ground (Figure 2). At the same time,
the vertical GRF of both groups are shown in Figure 3. Only
one peak value in paratroopers was obtained compared to
two peaks of hoopsters.

4. Discussion

It was reported that different types of impact exercises in-
cluding basketball, volleyball, swimming, gymnastics,
handball, running, and cycling sports had different effects on
BMC and BMD [11, 16, 17]. Basketball sport as a high-
impact exercise had positive effect on BMC and BMD [29].
High ground reaction forces were also generated in half-
squat parachute landing [26]. Paratroopers kept their feet
parallel to ground in the landing process [27]. However, the
landing posture of hoopsters was first landing on ground
with forefoot, following the whole feet to jump [25]. Dy-
namic postures of hoopsters and paratroopers were quite
different in the landing process. However, the effect of
different dynamic landing postures on osteogenic responses
still needs the quantified research method. So, the hoopsters
and paratroopers as the typical impact subjects were
recruited for landing postures to investigate BMD and BMC.

In this study, BMC of the first and second metatarsals in
hoopsters was significantly higher than controls. +is was
consistent with studies that basketball exercising could
enhance BMC of the bones [30]. Paratroopers in China
perform half-squat parachute landing and keep their feet
parallel to ground [27]. Compared with only a peak value of
the paratrooper during landing, it was found that the first
peak value of GRF was obtained during forefoot of the
hoopster first landing on the ground, following the second
peak value of the whole feet against ground (Figure 3). It
indicated that in daily exercising, jumping of hoopsters with

two vertical GRF peaks more effectively generated me-
chanical loadings at the metatarsals than paratroopers, and
this mechanical stimulus would promote local osteogenic
responses at loading sites [14, 15]. +us, land of hoopsters
compared to paratroopers will improve BMC of the forefoot
after frequent mechanical stimulus. However, it was further
proof whether the higher BMC could help paratroopers to
reduce injury.

BMC and BMD of the calcaneus and total hip in
hoopsters were improved in contrast to controls in our
study. It was consistent with previous study that BMC and
BMD of the leg, hip, and pelvis were higher than controls
[17]. Weight-bearing and high-impact exercises could
stimulate bone mineral acquisition in children and ado-
lescents [18, 31]. However, BMC and BMD of the calcaneus
and total hip in paratroopers were not sensitive to daily
training. It was found that training time of paratroopers in
the questionnaire was about 40 to 50 hours weekly, which
nearly included 70% of time for landing training. +e peak
GRF of paratroopers was nearly twice of hoopsters. In our
study, it was clear that the high-impact exercising helped
with bone formation and enhanced BMD [32]. +e effect of
the exercise posture on BMD and BMC has the different
values for hoopsters’ and paratroopers’ bones. In Frost’s
mechanic stability theory, bone mass and bone strengthen
were improved with the normal exercise [33]. +e peak GRF
of paratroopers was about 11 times of BW which would
produce excessively large impact force. However, the cyclic
loading from basketball exercising may be beneficial to
increase BMC and BMD.

Waener et al. [34] found that BMD of all the bones in
cyclists, mountain cyclists, was significantly higher. It was
shown that the mountain cyclists had varying intensities and
frequencies to stimulate osteogenic formation. Similarly,
BMD of total lumbar spine and total hip in hoopsters were
significantly higher than paratroopers. +is was in accor-
dance with the study that the variable velocities in basketball
exercising could improve the bone mass and bone strength
[22]. +us, tension, compression, shear, and bending pro-
duced at different strain stimulus would act on lumbar spine
and hip, which would induce bone formation and enhance
BMD at weight-bearing regions [29, 32, 35]. It was also
certified that the varying loads could be more benefit to
positive osteogenic formation than constant loads [36, 37].
+us, BMD of the lumbar spine and hip in basketball ex-
ercising was higher compared with parachuting. +is was in
accordance with the study by Platen et al. [38].

BA of the calcaneus, total lumbar spine, and total hip in
hoopsters was also significantly higher than controls. +is
finding was consistent with previous conclusion that the
basketball exercising enhanced BA of weight-bearing bones
[29]. +e BA of the left, right femoral necks and metatarsals
in hoopsters was changed mildly compared to controls. It
was shown that the mechanical stress of the cortical bone
was less sensitive than the trabecular bone [39]. Besides, BA
of paratroopers had no promotion compared with controls
at measured anatomical locations. Although training of
paratroopers was high-impact exercising, it could not
generate bone expansions at loaded bones [40]. Different
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Figure 3: +e vertical GRF of hoopsters and paratroopers.
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exercise modalities induce variable mechanical stress at
stimulated regions [41]. +e different BA between para-
troopers and hoopsters was caused from the different
landing postures.

+is study had several limitations. Firstly, the number of
paratroopers was limited by air force base. Secondly, there
was no dietary information, which may affect bone com-
position. +irdly, lean tissue mass and degree of physical
fitness were not considered due to the diffcult quantitative
methods.

5. Conclusions

+e high-impact exercises have positive effect on osteogenic
formation. BMC and BMD are not in accordance with
magnitude of GRF. In this study, basketball exercise from the
variable loads may be more effectively increasing BMC and
BMD than parachuting with constant loads at loaded sites.
Exercising like basketball with high acceleration and mul-
tidimensional directions needs further study on its positive
effects of bone strength and prevention of osteoporotic
fracture caused by bone loss.
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Long exposure to the microgravity will lead to muscle atrophy and bone loss. Treadmill exercise could mitigate the musculoskeletal
decline. But muscle atrophy remains inevitable. The constraint loading applied on astronauts could affect the muscle force and its
atrophy severity. However, the quantitative correlation between constraint loading mode and muscle forces remains unclear. This
study aimed to characterize the influence of constraint loading mode on the lower limb muscle forces in weightless treadmill
exercise. The muscle forces in the full gait cycle were calculated with the inverse dynamic model of human musculoskeletal
system. The calculated muscle forces at gravity were validated with the EMG data. Muscle forces increased at weightlessness
compared with those at the earth’s gravity. The increasing percentage from high to low is as follows: biceps femoris,
gastrocnemius, soleus, vastus, and rectus femoris, which was in agreement with the muscle atrophy observed in astronauts. The
constraint loading mode had an impact on the muscle forces in treadmill exercise and thus could be manipulated to enhance the
effect of the muscle training in spaceflight. The findings could provide biomechanical basis for the optimization of treadmill
constraint system and training program and improve the countermeasure efficiency in spaceflight.

1. Introduction

Long exposure to the microgravity will lead to the decline of
musculoskeletal system, including muscle atrophy and bone
loss [1]. The decrement of muscle volume and performance
significantly occurs in the lower limbs [2, 3]. Previous studies
have reported an 8.8% to 15.9% reduction of plantar flexor
muscle volume [4], a 35%–40% reduction of neuromuscular
activity, and a 17% reduction of maximal isometric torque
after spaceflight [5]. The decrease of muscle force will subse-
quently aggravate bone loss in microgravity [6, 7]. Long
duration of spaceflight will further lead to musculoskeletal
injuries including bone fracture, muscle tears, and back pain
[2, 8–10]. Molecular and cellular studies revealed that
mechanical environment is a critical factor to maintain the

musculoskeletal function [11–13]. Therefore, a properly
designed loading stimulation, such as exercise, could help
counteract the negative effect of microgravity.

Treadmill exercise could mitigate the musculoskeletal
weakening to some extent. Currently, the used exercise
devices in the International Space Station (ISS) include
treadmill, bicycle ergometer, and resistance exercise device.
Among these countermeasures, a significant correlation
between treadmill training intensity and the muscle mass
maintenance was observed, and muscle losses of astronauts
with high-volume treadmill exercise were about 59% less
than those with low-volume treadmill exercise [3, 14].
During the training, astronauts have to be restrained with
bungee cords, which provide the vertical loading instead
of the gravity effect. Increasing the constraint force may
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mitigate the musculoskeletal decline but can cause discom-
fort and local injury at the harness contact regions [15].
Constraint force of 70% to 80% body weight was usually
applied according to individual experience, which may limit
the efficiency of the treadmill countermeasure [3, 15]. An
optimal constraint system is desired to reduce the risk of local
discomfort and increase the mechanical stimulation on the
musculoskeletal system. However, the quantitative relation-
ship between treadmill constraint system and in situ force
in bones and muscles remains unclear.

Numeric musculoskeletal model combined with motion
capture equipment could be used to estimate the in situ
load on the bone and muscle during treadmill exercise.
The muscle force and joint kinetics could be calculated
from kinematical data with the inverse dynamic analysis.
Then, the stress of the bone under muscle forces could
be calculated with the finite element simulation [16, 17].
The methodology has been applied in sport, rehabilitation,
and exoskeleton design [18–21]. Quantification of musculo-
skeletal loading in treadmill exercise could provide biome-
chanical basis for the optimization of training system and
improve the countermeasure efficiency.

This study aims to investigate the influence of the
constraint loading mode on the lower limb muscle force in
treadmill training at weightlessness. An inverse dynamic
musculoskeletal model was applied to simulate the treadmill
exercise. Five loading modes of the constraint system were
analyzed. Due to the lack of kinematical data at weightless-
ness, the kinematical data of treadmill exercise at gravity
was used. To minimize the result deviation caused by this
simplification, the sum of the constraint loadings was
assumed to be equal to the body weight.

2. Materials and Methods

2.1. Participants. Eight healthy and physically active partici-
pants volunteered to take part into the study (5 males and 3
females, age 20± 2, height 1.74± 0.16m, and weight 63.5±
20 kg). Volunteers were recruited among university students.
The study was approved by the local ethics board and
every subject signed an informed consent before performing
the trials.

2.2. Motion Capture Experiment. The subjects’ kinematical
information was recorded with the motion capture system,
Vicon (Vicon, Oxford Metrics Ltd., UK). 34 reflective
markers were attached to the bony landmarks of the subject
(Figure 1). The markers’ spatial coordinates were captured
by 8 cameras with the sampling frequency of 100Hz.
Cameras were fixed on the wall to avoid vibration interfer-
ence. Subjects were required to run on the treadmill with the
speed of 1.5m/s, which was a routine speed in the astronaut
training program [10]. After the subject adapted to the tread-
mill speed (30 seconds), themotion informationwas recorded
for 30 seconds. 10 stable full gait cycles were extracted from
each measurement for muscle analysis. In the present study,
one gait cycle was defined as the period between two adjacent
left foot landings. Each subject wasmeasured for 3 times, with
one-minute interval. To eliminate the influence of the shoes

on the gait, subjects were required to wear the same type of
shoes with proper sizes.

2.3. Inverse Dynamic Model of Human Musculoskeletal
System. A human musculoskeletal model was developed with
the inverse dynamic software, AnyBody Managed Model
Repository (AnyBody Technology, Denmark). The lower
limbs of the model contain 6 joints and 318 muscles. The
accuracy of the muscle force prediction model was validated
in the previous study. Compared with the in vivo-measured
maximal voluntary moment, the calculated data was within
the 95% confidence interval [22]. The weight, height, thigh
length, shank length, foot length, and pelvis width of the
modelwere set according to the subject. Themodelwas driven
by the motion information of the markers from motion
capture experiment (Figure 2(a)). The ground reaction force
(GRF) during running was calculated with a GRF prediction
module [23, 24].

2.4. Constraint Methods. In the weightless condition, bungee
cords were applied instead of gravity to constrain the body on
the treadmill during exercise. Previous studies have suggested
that providing a constraint force equal to gravity could better
prevent musculoskeletal decline in spaceflight [14, 25].
Therefore, in the present study, the resultant force of the
bungee cords was assumed to be constantly equal to gravity.
The constraint forces of eight loading modes were applied on
the shoulder (bilateral acromion) and waist (bilateral ante-
rior superior spine) (Figure 2(b)). The influence of the con-
straint loading modes on lower limb muscle forces was
analyzed. Eight loading modes of constraint system were
analyzed (Table 1).

In the weightless musculoskeletal model, the gravity was
set to zero. The experiment on NASA KC-135 research air-
craft had reported that the gait at weightlessness approached
to the gait at gravity when the resultant constraint force
increased to body weight on earth [26]. Therefore, the
kinematical data of treadmill exercise at gravity was also used
to drive the musculoskeletal model at weightlessness. A
quadratic muscle recruitment method was implemented in
the present study.

2.5. Muscle Force and Data Processing. The following muscles
were analyzed in the present study: biceps femoris, gastrocne-
mius, vastus, soleus, and rectus femoris, which were primary
active muscles in treadmill exercise. The muscle forces in the
full gait cycle were calculated. To normalize the data for each
trail, the muscle force was divided by the subject’s body
weight. Then, the normalized muscle forces of all subjects’
trails were averaged. A Two-way random average measure
intraclass correlation coefficient (ICC (2, k)) was used to
assess the reliability of the motion capture and muscle force
calculation. Values greater than 0.75 indicate desirable repeat-
ability of the methodology. Statistical software SPSS (IMB,
US) was used for the data analysis.

2.6. Comparison with Electromyography (EMG). To evaluate
the reliability of the muscle force calculation, the calculated
muscle forces in treadmill exercise at gravity were compared
with the muscle EMG data in the literature [27]. The
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magnitude of the EMG could not sensitively reflect the
muscle force in different muscles and action types; therefore,
the correlation between the timing of peak EMG and the
timing of peak muscle force in the full gait cycle was calcu-
lated to evaluate the validity of the muscle force calculation
with the statistical software SPSS (IMB, US). The Spearman
correlation factor was calculated. A correlation coefficient
different from 0 and a significant level (p value)< 0.05
indicates a considerable correlation.

3. Result

3.1. Relationship between Muscle Force and EMG. The
normalized force and EMG of the biceps femoris, gastrocne-
mius, vastus, soleus, and rectus femoris in the full gait cycle
were shown in Figure 3. The timing of the peak muscle force
was positively correlated with the timing of the peak EMG
(r = 0 757∗, p = 0 049), which provided the validity of the
muscle force calculation (Table 2). Furthermore, the ICC
(2, k) results of the muscle forces in gravity and each

loading mode were greater than 0.75, which indicate desir-
able repeatability of the methodology (Supplementary
Material, Tables S1 and S2).

3.2. Influence of LoadingMode onMuscle Force.Although the
resultant constraint loading was constantly equal to the body
weight at gravity, the maximum forces of biceps femoris, gas-
trocnemius, and vastus at weightlessness (all five modes)
were greater than those at gravity (paired-samples t-test,
p < 0 01). Furthermore, the muscle forces changed with the
constraint modes. The average and the deviation of all nor-
malized muscle forces were contained in Supplementary
Material (Figures S1–S5, Tables S3–S7).

The biceps femoris was activated in both stance and
swing phases; a larger peak muscle force occurred in the
stance phase, and a smaller peak muscle force occurred in
the swing phase (Figure 4(a)). With the constraint loading
migrating from shoulder to waist, the maximummuscle force
firstly increased and then decreased, ranging from 115% to
128% of body weight.
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Figure 1: The locations of markers for motion capture experiment. Totally, 34 markers were fixed on the body during the treadmill exercise.
The following is the meanings of the abbreviation for the markers’ anatomic locations. R(L)FHD: right (left) front head; R(L)BHD: right (left)
back head; R(L)SHO: right (left) shoulder; C7: 7th cervical; T10: 10th thoracic; CLAV: clavicle; STRN: sternum; R(L)ASI: right (left) anterior
superior iliac; R(L)PSI: right (left) posterior superior iliac; R(L)ELB: right left elbow; R(L)WRA(B): right (left) wrist A(B); R(L)FIN: right (left)
finger; R(L)THI: right (left) thigh; R(L)KNE: right (left) knee; R(L)TIB: right (left) tibia; R(L)ANK: right (left) ankle; R(L)TOE: right (left) toe;
R(L)HEE: right (left) heel.

3Journal of Healthcare Engineering



Gastrocnemius was activated at the end of the stance
phase and the beginning of the swing phase, which was a
result of flexion of the knee when lifting the leg. Only one
peak was observed in the gastrocnemius force curve
(Figure 4(b)). With the constraint loading migrating from
shoulder to waist, the peak muscle forces of loading modes
1 to 4 were similar, while minimum peak muscle force
occurred at loading mode 5 (shoulder load was 0% of body
weight; waist load was 100% of body weight).

The trends of vastus and soleus forces in the gait cycle
were similar. The vastus force was lower than soleus. The peak
muscle forces occurred in the stance phase (Figures 5(c)
and 5(d)). With the constraint loading migrating from shoul-
der to waist, the peak muscle forces of loading modes 1 to 4
were similar, while minimum peak muscle force occurred at
loading mode 5.

In the rectus femoris, the peak muscle force occurred in
the swing phase (Figure 4(e)). With the constraint loading
migrating from shoulder to waist, the maximummuscle force
changed slightly in loading modes 1 to 4 and decreased in
loading mode 5.

3.3. Influence of Loading Mode on GRF. The GRF occurred
only in stance phase because there is no contact with the
ground during the swing phase. Only one peak of GRF was
observed in the stance phase, inferring the non-heel-strike
running in the present study (Figure 5(a). The peak GRF at

gravity was 188% of body weight, which was lower than that
at weightlessness (paired-samples t-test, p < 0 01). Among
the loading modes at weightlessness, the minimum peak
GRF occurred at loading mode 5. Peak GRFs at loading
modes 1 to 4 were similar (Figure 5(b), Supplementary
Material, Table S8).

4. Discussion

In the present study, a significant correlation (r = 0 757∗,
p = 0 049) between the timings of peak muscle force and
EMG was observed in the full gait cycle. These results pro-
vided the validity of the muscle force calculation. Previous
studies on the treadmill constraint system mainly focused
on the relationship between the resultant constraint load-
ing and GRF, and the GRF was often regarded as an index
of exercise strength. However, the present results indicated
that although the resultant constraint loading was constantly
equal to body weight, the GRF changed with the constraint
loading modes. Minimum GRF occurred at loading mode 5
(shoulder load was 0% of body weight; waist load was 100%
of body weight). Furthermore, although the GRF changed
slightly in constraint loading modes 1 to 4, the muscle forces
also changed with the constraint loading modes. These
findings implied that resultant constraint force and GRF
could not precisely reflect the muscle activity strength. The
positions of the constraint loadings will influence the muscle
forces in treadmill exercise, thus should be carefully consid-
ered in the optimization of exercise and the device design.

The forces of vastus and soleus had the similar trends as
the GRF in the stance phase of the gait cycle, since they were
all activated in this phase (Figure 4). The biceps femoris had
the peaks in both the stance phase and swing phase, which
correspond to its function; extension of hip joint in the stance
phase; and flexion of knee joint in the swing phase. Half of

Gravity

(a)

Weightlessness

Constraint
loading

(b)

Figure 2: Inverse dynamic model of human musculoskeletal system and the diagram of loading conditions. The lower limbs of the model
contain 6 joints and 318 muscles. (a) The model was in the condition of normal gravity. (b) The model was in the condition of
weightlessness; the body was restrained with the bungee cords, which provide the vertical loading instead of the gravity effect.

Table 1: The constraint loading applied on the shoulder and waist.

Mode 1 Mode 2 Mode 3 Mode 4 Mode 5

Shoulder loading 1 BW 2/3 BW 1/2 BW 1/3 BW 0 BW

Waist loading 0 BW 1/3 BW 1/2 BW 2/3 BW 1 BW

BW: body weight.
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the gastrocnemius muscle force was in the stance phase, and
the other half was in the swing phase, which were a result of
flexion of the knee when lifting the leg. Rectus femoris force
was quite different among the subjects. This phenomenon
may be related to the personalized exercise habits and needs
to be further studied.

Under the constraint loadings at weightlessness, the max-
imum forces of the biceps femoris, gastrocnemius, and vastus
at weightlessness (all five modes) were significantly greater
than those at gravity (p < 0 01). Take constraint loading
mode 3, for example, the peak muscle forces from high to
low is as follows: soleus, vastus, gastrocnemius, biceps
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Figure 3: The force and EMG of the biceps femoris, gastrocnemius, rectus femoris, soleus, and vastus in a full gait cycle. The muscle forces
were normalized with body weight; the EMG magnitudes were normalized with the standard isometric contractions. Since EMG magnitude
could not sensitively reflect the muscle force, the correlation between the timing of peak EMG and the timing of peak muscle force was
calculated to evaluate the validity of the muscle force calculation.

Table 2: The timings of the peak muscle forces and the peak EMGs in the full gait cycle.

Biceps femoris
(1st peak)

Biceps femoris
(2nd peak)

Gastrocnemius
Rectus femoris
(1st peak)

Rectus femoris
(2nd peak)

Soleus Vastus

Force 15% 90% 32% 10% 55% 18% 17%

EMG 17% 86% 12% 7% 49% 10% 7%
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femoris, and rectus femoris (Figure 6(a)). However, based on
the muscle force at gravity, the percent change in muscle
forces from high to low is as follows: biceps femoris, gastroc-
nemius, soleus, vastus, and rectus femoris. The results were
consistent with the muscle strength change after spaceflight
(Figure 6(b)) [28]. In the biceps femoris, gastrocnemius,
soleus, and vastus, maximum muscle force occurred at con-
straint loading mode 3 (loadings applied on the shoulder
and waist were 50% of the body weight). While in the rectus
femoris, maximum muscle force occurred at constraint
loading mode 5 (waist load was 100% of the body weight).
The findings indicated that the constraint loading mode

could be manipulated to enhance the effect of muscle training
at spaceflight.

The calculated curve of GRF in the gait cycle was consis-
tent with the experimental data in the literature [29], which
also provided a validation for the model calculation. Previous
study has reported that the running speed had an impact on
the GRF. The curve of GRF had two peaks in the stance phase
when running at low speed, corresponding to heel strike and
toe off. With increasing the speed, the GRF peak of heel
strike will disappear [30]. A relatively high speed was
applied in the treadmill countermeasure, which may lead
to non-heel-striking running. Therefore, both the running
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weightless condition were greater than those at gravity. (a) GRF curves in the full gait cycle under different loading conditions. (b) The
maximum GRFs under different loading conditions.
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Figure 6: Muscle forces at weightlessness compared with those at gravity. (a) The curves of the five muscle forces at constraint loading mode
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speed and constraint loading mode can affect the muscle
forces during treadmill exercise. The loading configuration
(loading magnitude, direction, loading positions, etc.) should
be adaptive to the running speed in the future design of
constraint system.

The present study has some limitations. First, the
resultant constraint loading was constantly equal to the
body weight. The current constraint bungee cord in space
flight is an elastic material, implying that the constraint
loading changes linearly with the body height during run-
ning. However, previous studies proposed that a constant
constraint loading may better prevent the musculoskeletal
decline in spaceflight [14, 25], which could be achieved
by manipulating the loading devices. Second, the kinemat-
ical data of treadmill exercise at gravity was also used to
drive the musculoskeletal model at weightlessness, because
weightless experiment has reported that the gait at weight-
lessness approached to the gait at gravity when the resul-
tant constraint force increased to body weight on earth.
And the influence of the constraint loading on the body
kinematics would be investigated with the supine treadmill
experiment in our future study.

5. Conclusion

The study indicated that maximum forces of the biceps
femoris, gastrocnemius, and vastus under five loading modes
at weightlessness were significantly greater than those at
gravity (p < 0 01). The percentage changes in different mus-
cle forces were in agreement with the muscle atrophy
observed in astronauts. The results further revealed that the
resultant constraint force and GRF could not precisely reflect
the muscle activity strength. The constraint loading mode
had an impact on the muscle forces in treadmill exercise, thus
could be manipulated to enhance the effect of the muscle
training at spaceflight.
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Supplementary Materials

Figure S1: average and deviation of biceps femoris force in
gait cycle in gravity and 5 loading modes. Figure S2: average
and deviation of gastrocnemius force in gait cycle in gravity
and 5 loading modes. Figure S3: average and deviation of
vastus force in gait cycle in gravity and 5 loading modes.
Figure S4: average and deviation of soleus force in gait cycle
in gravity and 5 loading modes. Figure S5: average and devi-
ation of rectus force in gait cycle in gravity and 5 loading
modes. Table S1: ICC analysis in gait cycles. The table shows
ICC analysis of each subject and five muscle force and GRF in
gravity and 5 modes. Table S2: ICC analysis in 8 subjects. The
table shows ICC analysis of 5 modes and gravity and 5
muscle force and GRF. Table S3: paired-samples t-test matrix
of max biceps femoris force between different loading condi-
tions. Table S4: paired-samples t-test matrix of max gastroc-
nemius force between different loading conditions. Table S5:
paired-samples t-test matrix of max vastus force between dif-
ferent loading conditions. Table S6: paired-samples t-test
matrix of max soleus force between different loading condi-
tions. Table S7: paired-samples t-test matrix of max rectus
femoris force between different loading conditions. Table
S8: paired-samples t-test matrix of max GRF between differ-
ent loading conditions. (Supplementary Materials)
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Arterial stenosis plays an important role in the progressions of thrombosis and stroke. In the present study, a standard
axisymmetric tube model of the stenotic artery is introduced and the degree of stenosis η is evaluated by the area ratio of the
blockage to the normal vessel. A normal case (η = 0) and four stenotic cases of η = 0 25, 0.5, 0.625, and 0.75 with a constant
Reynolds number of 300 are simulated by computational fluid dynamics (CFD), respectively, with the Newtonian and Carreau
models for comparison. Results show that for both models, the poststenotic separation vortex length increases exponentially
with the growth of stenosis degree. However, the vortex length of the Carreau model is shorter than that of the Newtonian
model. The artery narrowing accelerates blood flow, which causes high blood pressure and wall shear stress (WSS). The pressure
drop of the η = 0 75 case is nearly 8 times that of the normal value, while the WSS peak at the stenosis region of η = 0 75 case
even reaches up to 15 times that of the normal value. The present conclusions are of generality and contribute to the
understanding of the dynamic mechanisms of artery stenosis diseases.

1. Introduction

At present, arterial stenosis has been clinically regarded as
playing a key role in some cardiovascular or cerebrovascular
diseases, such as atherosclerotic plaque, thrombosis, and
stroke [1, 2]. As the artery narrows, blood flow patterns and
the vessel wall shear stress (WSS) will change greatly, which
contributes to both thrombus formation and plaque cap
rupture. However, it is difficult to directly measure hemody-
namic factors of the diseased artery in vivo. CFD has become
a very useful technique for predicting detailed information
on human blood flows including flow patterns, pressures,
and WSS [3].

Steinman et al. [4] simulated blood flows in both concen-
trically and eccentrically stenosed carotid bifurcation models
to study geometrical effects on flow patterns. They proposed
that the stenosed carotid bifurcation geometry may provide
more specific indicators for vulnerable plaques. Long et al.
[5] calculated blood flows in both axisymmetrical and asym-
metrical stenosis models with three different area reductions
and found that in axisymmetrical models, the poststenotic

blood flow is more sensitive to variations of the stenosis
degree than in asymmetrical cases. Khader et al. [6] used
CFD to study the blood flow in a simple vessel model of
66% eccentric stenosis generated from Doppler scan and
demonstrated that blood flows changed dramatically with
the increase in the severity of stenosis at throat region, which
can cause a growth in velocity and WSS. Sui et al. [7]
employed CFD to investigate the WSS, velocity, and pressure
distributions in areas near carotid artery plaques and ana-
lyzed the relative change of hemodynamic parameters with
different stenosis degrees.

Although many arterial stenosis cases have been investi-
gated by the CFD technique, there remain several problems.
On one hand, in some previous simulation works, the blood
was treated to be Newtonian, while the real blood is non-
Newtonian with rheological effects [8, 9]. On the other hand,
most stenosis models used in prior CFD studies were always
patient specific [10, 11], which could illustrate some unique
flow characteristics in diseased arteries, but the conclusions
may be lacking in theoretical generalization. Therefore,
the present study introduces a standard axisymmetrical
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cylindrical tube model as the stenosed artery and defines the
corresponding degree of stenosis. Then, the blood flows
through arterial models of different stenosis degrees are
solved by CFD, respectively, with the Newtonian and a
non-Newtonian constitutive model (the Carreau model
[12]) for comparison. Finally, the hemodynamic characteris-
tics of flow patterns, pressure drops, and WSS distributions
are investigated quantitatively.

2. Stenosed Artery Model

The stenosed artery is simplified into a parameterized cylin-
drical tube model and currently only the axisymmetric steno-
sis case is investigated for preliminary study. As shown in
Figure 1, x and r represent axial and radial coordinates,
respectively; R and D are the tube radius and diameter,
respectively; Rt is the radius of the stenosis throat; and Ls is
the length of the stenosis region. A cosine curve is selected
to describe the stenosis shape. The degree of stenosis η is
defined as the ratio of the blockage area to the normal vessel
cross-sectional area and is as follows:

η = πR2 − πR2
t

πR2 = 1 − Rt
R

2
1

3. Numerical Schemes and Validation

Assuming laminar flow and neglecting the influence of body
force, the arterial blood flow can be described by the incom-
pressible viscous Navier-Stokes (N-S) equations as follows:

∇ ⋅U = 0,
∂ρU
∂t

+ ∇ ⋅ ρUU = −∇p + ∇ ⋅ τ,
2

where U is the flow velocity vector; ρ is the blood density,
with a value of 1050 kg/m3; and p is the pressure. τ is the
viscous stress tensor and is expressed as follows:

τ = μ ∇U + ∇U T , 3

where μ is the dynamic viscosity. If the blood is treated as a
Newtonian fluid, the viscosity μ will be a constant. However,
the real blood is a multicomponent mixture consisting of
blood cells and plasma, which behaves rheologically [13]. In
this paper, the non-Newtonian effects of blood are calculated
by the Carreau model as follows:

μ = μ∞ + μ0 − μ∞ 1 + λγ 2 n−1 /2 4

Equation (4) is an empirical expression, and γ is the local
shear rate. There are μ∞ = 0 00345 Pa · s (the plasma viscos-
ity), μ0 = 0 056 Pa · s, λ = 3 313 s, and n = 0 3568. Figure 2
compares the blood viscosity calculated by the Carreau
model with experimental data from various sources (Merrill
et al. [14]; Cokelet [15]; Skalak et al. [16]), which demon-
strate that the Carreau model used in this work has a reason-
able accuracy.

When implementing CFD simulations, (2), (3), and (4)
are solved by the semi-implicit method for pressure-linked
equations (SIMPLE) [17], which has been widely used to
compute incompressible viscous flow problems. In the SIM-
PLE algorithm, the pressure and momentum equations are
both discretized in second-order schemes to give accurate
viscous blood flow results. A case of non-Newtonian tube
blood flow calculated by Tabakova et al. [18] is employed to
validate the present numerical scheme with the Carreau

R = 0.5D

Ls

Rt

xO

r

Figure 1: Axisymmetrical tube model of the stenosis artery.
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Figure 2: Comparison of blood viscosity given by the Carreau
model with experimental data.
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model. In this case, the tube radius is R = 0 0031m, and the
flow rate is Q = 5 98 × 10−5 m3/s. The blood density is set to
be ρ = 1000 kg/m3. Figure 3 shows that the present results

are very consistent with the data of Tabakova et al., which
validate that the present numerical scheme can solve the tube
blood flow accurately by the Carreau model.

Wall

Axis

Inlet Outlet

Figure 4: Computational grids and boundary conditions of the η = 0 75 case.
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(b)
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(d)
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(e)

0.02Velocity—magnitude: 0.06 0.1 0.14 0.18 0.22 0.26 0.3

(f)
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Figure 5: Flow patterns: (a) Newtonian, η = 0 25; (b) Carreau, η = 0 25; (c) Newtonian, η = 0 5; (d) Carreau, η = 0 5; (e) Newtonian, η = 0 625;
(f) Carreau, η = 0 625; (g) Newtonian, η = 0 75; (h) Carreau, η = 0 75.
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4. Grids and Boundary Conditions

Five cases with different stenosis degrees, η = 0, 0.25, 0.5,
0.625, and 0.75, are simulated, respectively, by using the
Newtonian and Carreau models for comparison in this
paper, where η = 0 represents the normal vessel without ste-
nosis as the base case. For all cases, the radius of the arterial
vessel is fixed at R = 5mm (D = 10mm) and Ls = 4R. Compu-
tational grids of all cases are structural quadrangle elements
and distributed nonuniformly. Close to the vessel wall and
the stenosis, grid nodes are denser than other regions, so that
the simulation can capture and recognize the flow patterns
and hemodynamic characteristics clearly. Figure 4 shows
the computational grids of the η = 0 75 case.

For all cases, boundary condition settings are the same.
As illustrated in Figure 4, the left boundary is set to be the
blood flow inlet, the top is the wall, the bottom is the axis,
and the right is outlet. The blood flow rate of the inlet is
constant with a value of Qb = 0 465 L/min (the mean veloc-
ity Um = 0 0986m/s). Under this flow rate, the Reynolds
number is 300, which is calculated by using the vessel diam-
eter and plasma viscosity.

5. Results and Discussions

This work focuses on analyzing the CFD results of flow
patterns, pressure drops, and WSS distributions, which have
the profound influence on the progression and diagnosis of
artery stenosis in clinical settings.

5.1. Flow Patterns. Blood flow patterns have been considered
to be specific indicators of vulnerable plaques [4]. Once ste-
nosis happens in the artery, flow patterns can change greatly.
A very important phenomenon is that there will be flow sep-
aration vortexes in the poststenotic regions of severe stenosis
cases, which is validated by the present CFD results. Figure 5
demonstrates that for both the Newtonian and Carreau
models, the more severe the stenosis is, the bigger the separa-
tion vortex becomes. When the stenosis degree relieves to
0.25, the vortex disappears completely. Another notable phe-
nomenon in Figure 5 is that for all cases, there is a poststeno-
tic slow velocity region (blue-colored region) and this region
enlarges as the stenosis becomes severe. In this region, the
mass transportation is weak and the WSS is also small, where
thrombosis is most likely to happen in clinical settings.

Figure 6 plots the vortex lengths nondimensionalized by
the vessel radius R for cases of different stenosis degrees. As
the vessel narrows gradually, the separation vortex lengths
of the Newtonian and Carreau models both increase expo-
nentially. When η = 0 75, the non-Newtonian vortex length
can reach up to nine times that of the vessel radius.
Figure 6 also shows that the vortex length of the Newtonian
model is longer than that of the Carreau model, which sub-
stantiates that the Carreau model predict higher viscous
dissipation than the Newtonian model. Therefore, the use
of the Newtonian model for blood flow simulation should
be cautious.

5.2. Pressure. Figure 7 shows the axial wall pressure (WP) dis-
tributions of all cases from x = −3R to x = 9R predicted,

respectively, by the Newtonian and Carreau models. The zero
pressure point is set at x = 9R. For both models, the axial WP
reduces linearly without stenosis, while it varies tortuously
around the stenosis. The trend can be elucidated with the
variation of the blood flow velocity. For the normal case
(η = 0), the blood flow is fully developed with the unchanged
velocity profile and the pressure gradient only needs to bal-
ance with the constant WSS along the axis. Therefore, the
axial pressure reduces linearly. Once the stenosis happens,
the velocity increases and the pressure decreases with the ste-
nosis severity by the Bernoulli’s theorem. Figure 8 illustrates
that for both models, the pressure drop of η = 0 75 case is
nearly 8 times that of the normal case. Therefore, artery
stenosis can cause high blood pressure, which has been
explained in [19]. For the Newtonian flow, if the flow rate
Q is constant, there is

δ Δp
Δp = −4 δD

D
, 5

where δ is the differential operator, Δp is the pressure drop,
and D is the tube radius. Equation (5) means that the varia-
tions of pressure drop and radius have opposite trends.
According to (5), when the radius decreases, the pressure
drop necessarily rises. The present CFD results validate the
same for the non-Newtonian blood flow.

5.3. WSS. Existing studies always focus on analyzing the WSS
characteristics of stenosis diseases. High WSS in the partially
occluded vessel has been known to activate platelet-platelet
binding events that play a very important role in thrombosis
[4]. This work also predicts the WSS distributions of all ste-
nosis and normal cases, respectively, by the Newtonian and
Carreau models. Figure 9 displays the WSS distributions
from x = −3R to x = 9R along the axis of the normal (η = 0),
η = 0 5, and η = 0 75 cases for both models. Under each ste-
nosis degree, the WSS of the Carreau model is a little greater
than that of the Newtonian model but both have imilar
trends. For two models, at the stenosis region (x = −2R to
x = 2R), the stenosis WSS is remarkably higher than that
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Figure 6: Separation vortex length.
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of the normal case and WSS peaks both appear around the
stenosed centre (x = 0). The WSS peak increases dramati-
cally with the growth of the stenosis degree. When the ste-
nosis degree rises to η = 0 75, the WSS peaks of both
models reach up to about 7.5 Pa, almost 15 times that of
the normal value (about 0.5 Pa). Therefore, artery stenosis
indeed causes a remarkable WSS increase. In fact, according
to Figure 5 and (3), the high-speed flow at the stenosis
region results in a high WSS, and clinically, this region
may be the fibrous cap in the vessel. The corresponding
mechanical stress can contribute to plaque rupture and dis-
lodged material [20].

6. Conclusions

Although the CFD technique has been widely used to inves-
tigate arterial stenosis, many previous studies solved the
blood flows through unique patient-specific artery models,

the conclusions of which may be the lack of generalization.
In addition, some research employed only the Newtonian
constitutive model for CFD simulation, which cannot reflect
the rheological behaviour of blood. Therefore, the current
study introduces a standard tube model of arterial stenosis
and simulates tube blood flows, respectively, by the Newto-
nian and (non-Newtonian) Carreau models for comparison.

A normal (η = 0) and four diseased cases of different
stenosis degrees, η = 0 25, 0.5, 0.625, and 0.75, are all com-
puted with a constant Reynolds number, Re = 300. For the
Newtonian and Carreau models, both results quantitatively
show that the severe narrowing can cause the remarkable
poststenotic flow separation and the length of separation vor-
tex elongates exponentially as the tube contracts. However,
the non-Newtonian vortex is shorter than the Newtonian
vortex, because the viscous dissipation of the Carreau model
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Figure 7: Axial wall pressure distributions of all stenosis cases: (a) Newtonian; (b) Carreau.
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is higher than that of the Newtonian model. The arterial
stenosis accelerates the blood flow and causes the high blood
pressure drop. For both models, the pressure drop of η = 0 75
case is nearly 8 times that of the normal value. The WSS
of the Carreau model is a little greater than that of the
Newtonian model. The artery narrowing leads to a high
WSS increase at the stenosis region. For both models,
the WSS peak of η = 0 75 case even reaches up to 15 times
that of the normal.
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Cell mechanical stretching in vitro is a fundamental technique commonly used in cardiovascular mechanobiology research.
Accordingly, it is crucial to measure the accurate strain field of cell substrate under different strains. Digital image correlation
(DIC) is a widely used measurement technique, which is able to obtain the accurate displacement and strain distribution.
However, the traditional DIC algorithm used in digital image correlation engine (DICe) cannot obtain accurate result when
utilized in large strain measurement. In this paper, an improved method aiming to acquire accurate strain distribution of
substrate in large deformation was proposed, to evaluate the effect and accuracy, based on numerical experiments. The results
showed that this method was effective and highly accurate. Then, we carried out uniaxial substrate stretching experiments and
applied our method to measure strain distribution of the substrate. The proposed method could obtain accurate strain
distribution of substrate film during large stretching, which would allow researchers to adequately describe the response of cells
to different strains of substrate.

1. Introduction

Cardiovascular mechanobiology [1–5] is a discipline that
focuses on the effects of the mechanical environment on the
cardiovascular system and elucidates how mechanical factors
produce biological effects that lead to vascular remodeling.
Cardiovascular mechanobiology aims to provide biomechan-
ical solutions for the diagnosis, prevention, and rehabilitation
of cardiovascular disease. Cell mechanical stretching in vitro,
vascular stretching in vitro, an animal model of stress changes
in blood vessel in vivo, and numerical simulation method are
commonly used in cardiovascular mechanobiology experi-
ments. Cell-substrate stretching technique, extensively used
in vitro cell mechanical experiments, is an effective method
of force transduction [6–8]. Riehl et al. [9] summarized the
methods of mechanical stretching in cell-substrate stretching
experiments and showed that most of the strain loaded on
substrate was large, with the maximum value up to 33%.
Besides, strain distribution varies from region to region
within a substrate. Thus, it is of great importance to analyze
the accurate strain field of substrate under large deformation.

Some commonly used methods for measuring substrate
strain include the direct calculation method, the resistance
strain gauge measuring method, the phase shift shadow
moiré method, and the finite element analysis. In the direct
calculation method [10], several marks should be drawn first
on the surface of substrate, so that the displacement and
strain can be calculated by analyzing the difference of those
marks between the images captured before and after defor-
mation. The accuracy of this method is heavily dependent
on the distribution of marks. Therefore, the direct calculation
method is a rough measurement. The resistance strain gauge
measurement method [11] attaches strain sensors to the
surface of substrate for strain measurement. However, the
use of any contact-type sensor would obstruct the stretching
of substrate especially under large deformation and lead to
unexpected results. The phase shift shadow moiré method
[12] requires complex operation, resulting in large systematic
errors, since its accuracy would be influenced by light
intensity. The finite element analysis [13, 14] is a computa-
tional simulation method, which can investigate many
mechanical properties such as displacement and strain by
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setting material parameters and environmental parameters.
However, the finite element analysis is usually based on
models under ideal assumptions and cannot replace the
actual experiment.

Digital image correlation (DIC) is a contactless full-
field displacement and strain measurement technique.
Since it was first proposed in the 1980s [15, 16], DIC is
now extensively applied in many experimental mechanics
researches [17, 18]. Digital image correlation engine
(DICe) [19], developed by the Sandia National Laboratory,
is an open-source library of DIC. With DICe, DIC would
become a convenient and user friendly tool so that users
can pay more attention to their researches rather than
repeatedly programming the basic and complex procedures
of DIC. To the best of our knowledge, to date, DICe has
not been used to obtain accurate strain field of substrate
in cell-substrate stretching experiments under large strain.
The Newton-Raphson (NR) algorithm was used in DICe
to calculate the desired deformation. However, in NR algo-
rithm, the calculation result of the previous step is
regarded as the start value of iteration for the next step.
So the initial guess is of great importance in calculating
strain field, especially under large deformation. An unreli-
able initial guess would seriously impact the results of
strain measurement. Pan et al. [20] developed an incre-
mental reliability-guided DIC technique (RG-DIC) for
large deformation measurement, in which the recently
developed robust RG-DIC technique was combined with
an automatic reference image updating scheme, and the
reference image for DIC analysis is automatically updated
according to the seed point’s zero-mean normalized
cross-correlation (ZNCC) coefficient. This method could
deal with specimens with irregular geometric shape and/
or subjected to discontinuous deformation as well as min-
imize the accumulated errors in finally estimated displace-
ments. Zhou et al. [21] proposed a fully automated
method. In this method, the computer vision technique
was used to extract image feature points and to match
them between reference and deformed images. The defor-
mation parameters of the seed point are initialized from
the affine transform, and then the refined parameters are
automatically transferred to adjacent points using a modi-
fied quality-guided initial guess propagation scheme. This
method can accurately initialize all points of interest for
the deformed images even in the presence of large rotation
and/or heterogeneous deformation. Zhao et al. [22]
proposed the utilization of three well-known population-
based intelligent algorithms (PIAs), that is, genetic
algorithm (GA), differential evolution (DE), and particle
swarm optimization (PSO), and then incorporated stan-
dard PIAs with three improving strategies, including Q-
stage evolutionary (T), parameter control (C), and space
expanding (E) strategies, finally derived of a total of eigh-
teen PIA-based algorithms. They tested these algorithms
and found that DE-TCE performed best. Another large
deformation measurement scheme, combining improved
coarse search method and updating reference image
scheme, was proposed by Tang et al. [23]. With this
method, not only extremely large deformation can be

measured successfully but also the accumulated error
introduced by updating reference image could be con-
trolled. Pan et al. [24] proposed an integrated scheme
which combined the Fourier–Mellin transform-based
cross-correlation (FMT-CC) for seed point initiation with
a reliability-guided displacement tracking (RGDT) strategy
for the remaining points. This method can provide an
accurate initial guess for DIC calculation, even in the pres-
ence of large rotations. In order to obtain reliable initial
values and then calculate accurate strain field of cell sub-
strate under large strain, a simple method was proposed
in this study and was combined with DICe. Compared
with methods described above, without the use of feature
detection, feature point matching, and other techniques,
our method can accurately obtain the initial guess of the
NR iteration for large deformation.

2. Materials and Methods

2.1. DIC Principles

2.1.1. Basic Principles. DIC is an optical-numerical full-field
displacement measuring technique with subpixel accuracy.
In its basic principle, the measurement is performed by track-
ing or matching the same points (or pixels) between the two
images recorded before and after deformation [17, 25]. The
image recorded before and after motion is called reference
image and deformed image, respectively. In general, the cal-
culation area, also called the region of interest (ROI), should
be specified or defined in the reference image, which is
further divided into evenly spaced virtual grids. Moreover,
each intersection point of virtual grids is selected as the cen-
ter of a subset. The subset is the matching unit within the
ROI, usually a square of 2M + 1 × 2M + 1 pixels. Then,
a correlation criterion should be defined to evaluate the
degree of similarity between reference and deformed subsets.
The matching procedure is completed through searching the
peak position of the distribution of correlation coefficient.
Once the correlation coefficient extremum is detected, the
position of the deformed subset is determined. The differ-
ences in the positions of the reference subset center and the
target subset center yield the in-plane displacement vector
at the calculate point.

2.1.2. Shape Function. Based on the assumption of deforma-
tion continuity of a deformed solid object, a set of neighbor-
ing points in a reference subset remains as neighboring
points in the target subset. The coordinate of points around
the subset center in the reference subset can be mapped to
points in the target subset according to the shape function.
The first-order shape function that allows translation, rota-
tion, shear, normal strains, and their combinations of the
subset is most commonly used.

xi′ = xi + u + uxΔx + uyΔy, 1

yj′ = yj + v + vxΔx + vyΔy, 2

where xi, yj is the local coordinate of each pixel point in ref-

erence subset, xi′, yj′ is the coordinate in the deformed subset,
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u and v are the displacement components, and ux, uy, vx, and
vy are the displacement gradient components.

2.1.3. Correlation Criterion. To evaluate the similarity degree
between the reference and deformed subsets, a correlation
criterion should be defined in advance before correlation
analysis. It is concluded that the zero-normalized cross-
correlation (ZNCC) or zero-normalized sum of squared dif-
ferences (ZNSSD) correlation criterion offers the most robust
noise-proof performance and is insensitive to the offset and
linear scale in illumination lighting [17].

2.1.4. Subpixel Registration Algorithm. As shown in (1) and
(2), the coordinate of points in the deformed subset may
locate between pixels. Thus, before evaluating the similarity
between reference and deformed subsets using the correla-
tion criterion, the reference image and deformed image must
be reconstructed by a certain kind of subpixel registration
algorithm to further improve the accuracy of DIC.

2.1.5. DICe. DICe is an open-source library of DIC, which
can be used as a module in an external application or as a
standalone analysis code. With DICe, DIC would become a
more convenient tool and decrease the complexity when
users apply it to their researches.

In DICe, the ZNSSD [17] is applied as the correlation cri-
terion for its insensitivity to offset and linear scale in illumi-
nation lighting.

CZNSSD = 〠
N

i=−N
〠
N

j=−N

f xi, yj − f m

〠N

i=−N〠
N

j=−N f xi, yj − f m
2

−
g xi′, yj′ − gm

〠N

i=−N〠
N

j=−N g xi′, yj′ − gm
2

2

,

3

where f xi, yj and g xi′, yj′ denote the grayscale level of each
point in the reference and deformed images, respectively, and
f m and gm are the mean intensity value of two subsets. xi, yj is
the local coordinate of each pixel point in reference subset,
and xi′, yj′ is the coordinate in the deformed subset.

As a classic algorithm in DIC, the NR algorithm is utilized
in DICe as the iterative spatial domain cross-correlation algo-
rithm. In the first-order shape function, the desired mapping
parameter vector is p = u, v, ux, uy, vx, vy T , where u, v
denotes the displacement components and ux, uy, vx, vy is
the strain of subset. To acquire the desired deformation
vector by the NR iteration method, the solution can be
written as [17]

p = p0 −
∇C p0
∇∇C p0

, 4

where p0 is the initial guess of the solution, p is the next
iterative approximation solution, ∇C p0 is the gradients of

correlation criteria, and ∇∇C p0 is the second-order deriva-
tion of correlation criteria.

2.2. Improved DIC Scheme. As described above, the NR
algorithm was used in DICe to calculate the desired
deformation vector. However, when it is applied to large
strain measurement directly, the iteration divergence would
appear, so that the accurate strain cannot be obtained.
Figures 1 and 2 show the calculation results of DICe under
small and large strain, respectively. Figure 1 is under 0.1%
strain and Figure 2 is under 10% strain. As shown in
Figure 1, the displacement distribution is continuous and
the strain field is uniform. The strain distribution is very
close to its setting value 0.1%, suggesting that the DICe
calculation is valid and accurate. Nevertheless, as shown in
Figure 2, the displacement distribution is not continuous
which cannot happen in the actual, indicating that these
results are invalid.

In traditional DICe, the coordinate (0,0) was used as the
default NR iteration initial value of displacement (u0,v0),
which is only suitable in small deformation situation. The
iteration would not satisfy the converge condition when
applied to calculating large strain. Therefore, the result in
Figure 2 is caused by the default iterative initial value.
Vendroux and Knauss [26] found that convergence range
of the NR iteration is generally within 7 pixels through exper-
imental results. However, the large deformation is common
in many cardiovascular mechanobiology cell mechanical
stretching experiments. Therefore, searching a reliable initial
value is of great importance under large strain. In order to get
the reliable initial guess, we proposed a comprehensive
method and combined it with DICe.

To illustrate the proposed method, a schematic drawing
is shown in Figure 3. Conventional correlation calculation
generally starts with the upper-left point of the ROI, so the
P x0, y0 point in Figure 3(a) is the first calculation point.
After a uniaxial loading, P x0, y0 has moved to a new
position called P′ x0′, y0′ as shown in Figure 3(b).

In order to get the reliable initial guess, a searching area
along the deformation direction should be set. Then, the sim-
ilarity degree between the first subset in the reference image
and all subsets of the searching area in the deformed image
should be calculated by the chosen correlation criterion.
The subset with the optimal similarity degree and the first
subset is the target subset.

C p = C u, v

= 〠
M

i=1
〠
M

j=1

f xi, yj − f m

〠M

i=1〠
M

j=1 f xi, yj − f m
2

−
g xi + u, yj + v − gm

〠M

i=1〠
M

j=1 g xi + u, yj + v − gm

2

2

,

5
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where u, v denotes the displacement components, and f m
and gm are the mean intensity value of two subsets, respec-

tively. M is the size of the first subset, p = u, v T is the dis-
placement parameter vector, and xi, yj is the coordinate of
each pixel point in the first subset. It is worth noting that
the points xi + u, yj + v in the deformed image should be
located in the searching area. Then, the maximum value of
C u, v would be calculated.

C p′ =max C u, v , 6

where p′ is the displacement parameter vector corresponding
to the maximum value. The parameters u and v in p′ are the
initial guess for NR iteration.

The detailed process of the proposedmethod is as follows:

Step 1. In the reference image, define the ROI and divide it
into evenly spaced virtual grids. Each intersection point of
virtual grids is selected as the center of a subset.

Step 2. Reconstruct the deformed image. Choose fourth-
order Keys interpolant (Keys4) algorithm as the subpixel reg-
istration algorithm.
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Figure 2: Calculation results by DICe under 10% strain: (a) displacement distribution along y-axis; (b) strain distribution along y-axis.
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Figure 1: Calculation results by DICe under 0.1% strain: (a) displacement distribution along y-axis; (b) strain distribution along y-axis.

4 Journal of Healthcare Engineering



Step 3. Set deformation direction, the size of the searching
area. Obtain the reliable initial guess for NR iteration with
the method described above. The calculated (u,v) is the initial
guess for NR iteration in the next step.

Step 4. Choose the next calculate point and calculate its
displacement and strain. The displacement and strain sup-
pose to be calculated by NR iteration using the initial
guess obtained in the last step. It is worth noting that
the number of NR iterations should not exceed the given
threshold. If it exceeds, set another searching area along
the deformation direction and calculate the displacement
and strain of the current calculate point by the method
in Step 3.

Step 5. Repeat Step 4 until the displacement and strain of all
calculate points are acquired.

The flowchart of the proposed method is shown in
Figure 4. D is the deformation direction, S is the size of the
searching area, and ε, a very small value, is the precision var-
iable to calculate the reliable displacement and strain for NR
iteration. If the difference between the calculated displace-
ment/strain values twice in succession is less than ε in an

iteration, the convergence conditions of Newton iteration
are satisfied. Then, we take the calculated displacement/
strain value as the displacement/strain of the current cal-
culate point. N represents the number of NR iterations,
Nth represents the threshold of NR iteration number,
Count represents the number of points whose displace-
ment has been calculated, and Countth represents the total
of the calculate points.

It is worth noting that the threshold for the NR itera-
tion number Nth may impact the results. In our method,
the NR iteration stops when the number of iterations
reaches the threshold or the convergence condition sat-
isfies. If the threshold for the NR iteration number is too
small, the NR iteration may stop because of reaching the
threshold rather than the iteration convergence, so that
the calculated result of the calculate point may be not
the best value or not the correct result at all, which would
affect the correctness of the next calculate point in turn.
So it is necessary to set a suitable value as the threshold
for the NR iteration number. Experiments show that when
the strain is less than 20%, the NR iteration of each calcu-
late point would satisfy the convergence condition within
20–50 iterations. In this situation, it is proper to set the
threshold to 50. When the strain value is between 20%
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Figure 3: Schematic illustration of the proposed method: (a) reference image; (b) deformed image; (c) matching results.
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and 50%, the NR iteration of each calculate point would
converge within 50–100 iterations. It is more appropriate
to set the threshold to 100 under this circumstance.
Because the strain values in our experiments range from

0 to 50%, we choose 100 as the threshold for the NR
iteration number.

2.3. Experiments

2.3.1. Numerical Verification Experiments. Computer-simu-
lated images can provide well-controlled image features and
deformation information and are therefore used in our study
to verify the accuracy and precision of the proposed method.

Zhou and Goodson [27] proposed an approach to gener-
ate simulated speckle images. Speckle patterns before and
after deformation are assumed to be the sum of individual
Gaussian speckles with random distribution.
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Figure 4: Flowchart of the proposed method process.
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Figure 5: Simulated speckle patterns: (a) reference image; (b) deformed image at the strain of 20%. The imposed yellow rectangle shows the
obvious deformation.
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Figure 6: Artificial speckle pattern.
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I1 r = 〠
s

k=1
I0 exp −

r − rk 2

a2
, 7

I2 r = 〠
s

k=1
I0 exp −

r −U r − rk 2

a2
, 8

U r =U0 + ∇U0r =
u0 + uxx + uyy

v0 + vxx + vyy
, 9

where I1 and I2 denote the reference image and the deformed
image, respectively. s is the total number of speckles, I0 is the
peak intensity of each speckle, rk = xk, yk

T is the position of
each speckle with a random distribution, and a is the speckle
size. U r in (9) is the displacement field calculated to
describe deformation.

In this paper, we used this method to generate ten differ-
ent strains of speckle patterns, ranging from 5% to 50%, with
the increment of 5%. Figure 5 shows the simulated speckle
patterns at the setting strain of 20%. We utilized our pro-
posed method to calculate the strain by reference image
and the deformed image and then compared the strain to
the setting value to verify the accuracy of our method.

2.3.2. Uniaxial Substrate Stretching Experiments. At present,
there are three methods widely used in vitro cell-substrate
tensile stress experiments: rectangular substrate stretching
method, 4-point bending beam loading method, and circular
substrate deformation method. The rectangular substrate
stretching method is a uniaxial stretching method, which
can approximate the mechanical environment of the blood
vessel in human bodymaximally and achieve a more uniform
strain [28, 29]. Therefore, uniaxial substrate stretching exper-
iments were performed and our method was applied to mea-
sure the strain distribution of the substrate.

In these experiments, we used medical silica gel film as
stretching substrate specimen, which is colorless and trans-
parent. Therefore, the speckle pattern must be artificially
made firstly. In this study, black and white quick-drying
paints were sprayed on the film (see Figure 6). The size
of the substrate specimen was 25mm× 80mm (thickness
of 0.4mm).

The stretching device is as Zhou et al. [30] depicted. The
substrate was placed between two stainless steel clamps and
imaged using an industrial camera (JHSM1400f, Shenzhen
Jinghang Technology Co. Ltd.). The images were captured
at the selected resolution of 2048× 1536 pixels. Two stepper
motors fixed on an optical platform were used to perform
uniaxial stretching. A self-designed multichannel motor
control module was used to control these stepper motors. A
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Figure 7: The result of simulated speckle experiment in 30% strain: (a) displacement distribution along y-axis; (b) strain distribution
along y-axis.

Table 1: Comparison between setting strain and computing strain.

Setting strain (10−2) Computing strain (10−2) Bias error

5 5.001± 0.037 1.0 e−05
10 10.002± 0.038 2.0 e−05
15 15.002± 0.047 2.0 e−05
20 20.004± 0.047 4.0 e−05
25 24.999± 0.045 1.0 e−05
30 30.001± 0.044 1.0 e−05
35 35.003± 0.044 3.0 e−05
40 40.000± 0.039 0

45 45.004± 0.041 4.0 e−05
50 49.998± 0.044 2.0 e−05
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computer equipped with a 4-port RS-232 USB-to-serial con-
verter (UPort 1450, MOXA) was programmed to provide the
accurate synchrony of stepper motors via RS-232 serial ports
and the image capture via USB. A series of tension, ranging
from 5% to 40% with the increment of 5%, was applied as
constant tension. Afterwards, the acquired images were
processed with the proposed method to calculate the
displacement and strain distribution of the substrate. In these
experiments, the central region of substrate, usually as the
cell culture area, was selected as the ROI.

3. Results and Discussion

3.1. Numerical Verification Experiments. In the simulation
experiment, normal strain was exerted in y direction in the
value of 5%, 10%, 15%, 20%, 25%, 30%, 35%, 40%, 45%,

and 50%. In our method, the displacement and strain dis-
tribution can be acquired. Figure 7 shows the calculation
result at the strain of 30%. The horizontal coordinate is
the position in x direction, and the vertical coordinate is
the position in y direction. Different colors in legend rep-
resent different displacement values or strain values. As
shown in Figure 7, the displacement field is continuous
and the strain distribution is generally uniform with small
standard deviations. The average of measuring strain is
30.00083%, which is very close to the setting value 30%,
demonstrating that the proposed method can measure
the large strain accurately.

All results of these simulated speckle experiments are
displayed in Table 1. Setting strain is the parameter used to
generate deformed images. Computing strain, presented as
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mean± standard deviation, denotes the calculation value by
our proposed method. According to Table 1, the computing
strains in all images are very close to the setting stains with
small bias error. Additionally, each computing strain has
small standard deviation. These results suggest that the pro-
posed method is highly accurate and can be used in calculat-
ing the strain distribution under large deformation.

3.2. Uniaxial Substrate Stretching Experiments. Figure 8
shows the calculation results at the tension of 30% by the pro-
posed method. The horizontal and vertical coordinate is the
position in x direction and y direction, respectively. Different
colors in legend represent different displacement value or
strain value. The displacement is continuous and changes
along x direction as expected. The strain values are ranging
from 28% to 32% and concentrate at 30%.

As the tension was loaded in the x direction, we evaluated
the component of the displacement and strain vector in the x
direction, and the results can be seen in Figures 9 and 10.
Figure 9 shows the distribution of displacement under differ-
ent tension along x-axis. The horizontal axis represents the
position in x direction, and the vertical axis represents the
displacement of substrate calculated by the proposed method
along x direction under different tension. Different colors
represent different strain group. The displacement along x-
axis appears the same rising tendency at every step and also
increased with tension. Figure 10 shows the distribution of
strain under different tension along x-axis. The horizontal
axis represents the position in x direction, and the vertical
axis represents the strain of substrate calculated by the pro-
posed method along x direction under different tension. Dif-
ferent colors represent different strain group. The strains
along x-axis remain stable and appear small fluctuation in
each tension, indicating that the substrate is homogeneous.

We compared the strains calculated by the proposed
method with which obtained from the stretching equipment,
the result is shown in Table 2. Reference strain is the strain
calculated by the displacement from the stretching equip-
ment and the initial length of the substrate. Measured strain,
presented as mean± standard deviation, is calculated by the
proposed method in this paper, which is the average value
of strain field in the central region of substrate sized
1050× 250 pixels. The relative error equals the ratio of the
difference between the reference strain and the measured
strain to the reference strain.

According to Table 2, the measured strain is always very
close to the reference strain. The differences between the ref-
erence strains and the calculated strains are tiny, and the
maximum of relative errors is 1.75%, which shows that the
proposed method can be used for large strain measurement
in the actual tensile experiments. Moreover, every measured
strain appears small standard deviation, demonstrating that
the strain distribution of the substrate is uniform and the
substrate is homogeneous.

4. Conclusions

In order to obtain accurate strain distribution in vitro
mechanical stretching of cell culture, an improved method
is proposed in this paper and combined with DICe. The
proposed method successfully solved the problem that
DICe could not be used directly to compute the large
strain. To evaluate the effect and accuracy of the proposed
method, numerical experiments were performed. The
results demonstrated that accurate displacement and strain
field could be acquired by the proposed method. More-
over, uniaxial substrate stretching experiments were
performed and the proposed method was used for strain
distribution measurement of the substrate, large strain in
the actual tensile experiments to obtain accurate strain dis-
tribution. In addition, our method can be applied to mea-
sure strain in a wide range, especially in strain distribution
measurement of soft tissues. Combining our method with
3D DIC technique, the 3D displacement field and surface
strain field of 3D object can be measured. It can be
applied to soft tissue deformation measurement (e.g., mus-
cles and skin) in mechanobiology and sports medicine
experiments. Thus, it could allow experimenters to ade-
quately research the response of cells and soft tissues to
different strains.
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Total knee replacement (TKR) has been performed for patients with end-stage knee joint arthritis to relieve pain and gain functions.
Most knee replacement patients can gain satisfactory knee functions; however, the range of motion of the implanted knee is
variable. There are many designs of TKR implants; it has been suggested by some researchers that customized implants could
offer a better option for patients. Currently, the 3-dimensional knee model of a patient can be created from magnetic resonance
imaging (MRI) or computed tomography (CT) data using image processing techniques. The knee models can be used for
patient-specific implant design, biomechanical analysis, and creating bone cutting guide blocks. Researchers have developed
patient-specific musculoskeletal lower limb model with total knee replacement, and the models can be used to predict muscle
forces, joint forces on knee condyles, and wear of tibial polyethylene insert. These available techniques make it feasible to create
customized implants for individual patients. Methods and a workflow of creating a customized total knee replacement implant
for improving TKR kinematics and functions are discussed and presented in this paper.

1. Introduction

Total knee replacement (TKR) has been widely used to
relieve osteoarthritis pain, and it has been established as a
successful treatment for advanced degenerative joint disease.
TKR is expected to rise due to the aging population, obesity,
and public expectations. A typical TKR implant has a metal
femoral component, a metal tibial tray, a polyethylene insert,
and a polyethylene button. One of the main aims of TKR is
for a patient to walk postoperatively; however, Milner [1]
showed that some patients remain walking abnormally fol-
lowing TKR. The altered gait patterns do not necessarily
mean that the TKR has failed, but it may have an impact
on the patient’s functional capacity in everyday life. For
example, more pain, joint stiffness, not able to walk, instabil-
ity, longer leg, and loose of implanted knee have been
reported by patients. Bonnefoy-Mazure et al. [2] presented
their research on the evolution of the knee gait kinematic in
patients with knee osteoarthritis before and three months
after TKR; they pointed out that the disability is still signifi-
cant for most patients three months after TKR. They

suggested that a better understanding of the impairments
and functional limitations following surgery would help
clinicians design rehabilitation programs. Rahman et al. [3]
showed that even 12 months after surgery, many TKR
patients have not improved their gait relative to preoperative
states. With the abnormal kinematics, the TKR can reduce
efficiency of the quadriceps and change patella mechanics,
and patients would not have the feeling of a normal knee.
The demands in a higher range of motion such as squatting
and kneeling require the total knee replacement to provide
better function. Lavernia et al. [4] also pointed out that the
mean bone mineral density (BMD) in the anterior femoral
condylar zone in TKR specimens was significantly lower than
that in normal specimens without arthroplasty, most likely
due to stress shielding.

In the past decades, there have been attempts to create a
more natural feeling and anatomical TKR. The objective of
this paper was to review the latest development on TKR, then
propose an approach to making customized total knee
replacement implants which can function as close as possible
to the normal knee of the patient.
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1.1. Review Methods. Literature review was conducted related
to TKR using PUBMED database (US National Library of
Medicine and National Institute of Health). There are 336
papers available through a PUBMED search (revised Septem-
ber 25, 2017) using the query “Total knee replacement/
arthroplasty” and “patient specific instrumentation.” How-
ever, there are 68 papers available through a PUBMED
search (revised September 25, 2017) using the query “Total
knee replacement/arthroplasty” and “customized.” Among
these 68 papers, 28 papers are relevant to the knee replace-
ment and patient-specific instrumentation (PSI) or implant
designs. There were recent review papers on PSI by Rodri-
gues and Gutierres [5] and Alcelik et al. [6]; therefore, this
paper will focus on customized TKR implants and musculo-
skeletal (MSK) modelling of knee joint. Relevant papers
searched from ScienceDirect (Elsevier) were also reviewed
for the development of customized TKR.

2. Design of Total Knee Replacement

There are many TKR implants available in the market; each
of them has its design rationale. Different designs of implant
aim to enhance the satisfaction of patients by providing close
to normal kinematics. The femoral condyle in sagittal plane
may be circular shaped as shown in Figure 1(a) or has multi-
circles as shown in Figure 1(b), and the J-curve designs are
also adopted in femoral component. An oval-shaped design
is shown in Figure 1(c). Some of the implants are designed
with the same medial and lateral articular surfaces as shown
in Figure 2(a); however, asymmetrical articular surfaces have
been also designed for achieving close to natural knee kine-
matics as shown in Figure 2(b).

The motion of the medial compartment in TKR is nor-
mally simplified into a ball-and-socket; however, the lateral
converged femoral condyle in a surface-guided knee implant
has been designed to control the motion of the joint. The lat-
eral condyle may be designed to produce a constant or vari-
able bearing distance between the medial condyle and
lateral condyle. To achieve close to normal kinematics in
TKR, Walker [7] showed that a knee implant which has
medial stability and lateral mobility characteristics should
be designed. For example, the SAIPH™ knee (MatOrtho,
UK) has been designed to have a medial pivot knee kinematic
pattern and an asymmetric posterior translation of the lateral
femoral condyle to mimic the natural knee motion. Shimmin
et al. [8] studied the stability of the SAIPH knee by video-
fluoroscopy during four different weight-bearing activities.
They concluded that the medially conforming total knee
shows a medial pivot motion with tibial internal rotation.
However, Warth et al. [9] showed that a medial pivot pattern
may not significantly govern clinical success after TKR based
on intraoperative kinematics and modern outcome mea-
sures. They pointed out that further research is warranted
to determine if a particular kinematic pattern promotes opti-
mal clinical outcomes.

Kim et al. [10] compared high-flexion TKR implant with
other implants and concluded that there was no improve-
ment with regard to range of motion, clinical outcomes,
and the incidence of radiolucent lines despite theoretical

range of motion advantages of high-flexion prosthesis. Li
et al. [11] studied the kinematics of knee joint with TKR
and concluded that the clinical outcome after TKR may be
affected by factors such as preoperative range of motion, flex-
ion space balancing, posterior tibiofemoral articular contact
stability, and quadricep contraction.

With regard to implant wear, Abdelgaied et al. [12] inves-
tigated the effect of tibial insert conformity and material on
total knee replacement wear; they concluded that the
expected TKR lifetime might be increased by less conforming
TKR implant. However, due to the noncongruent and some-
times unstable form of the TKR, wear is a constant issue.
Massin [13] reported that wear can be reduced by improving
techniques such as choice of implant size, component align-
ment, and adapted balancing.

Culler et al. [14] compared the outcomes of 126 custom-
ized individually made implant and 122 standard off-the-
shelf implant patients undergoing TKR. They found that
patients treated with customized individually made implant
had significantly lower transfusion rates and fewer adverse
event rates without increasing costs. White and Ranawat
[15] evaluated manipulation rates and clinical outcomes of
21 patient-specific TKRs and off-the-shelf TKRs. They found
that the patient-specific knee accurately restored the anatom-
ical joint line and posterior condylar offset; however, patient-
specific TKRs were associated with higher manipulation rate
and lower satisfaction scores compared to off-the-shelf
implants. Research on the comparison of customized
cruciate-retaining TKR and asymmetric condylar cruciate-
retaining TKA was carried out by Zeller et al. [16], and they
concluded that the customized cruciate-retaining TKR dem-
onstrated kinematics more similar to a normal knee.

Many researches showed that women had significantly
narrower distal femoral condyle width than men. Wise
et al. [17] showed that distal femoral and proximal tibial knee

(a) (b)

(c)

Figure 1: Curvatures of sagittal plane, (a) single circle, (b)
multicircle, and (c) ellipse.
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shapes differ by sex and recommended further study to
understand the effect of shape modes on the development
of osteoarthritis. Li et al. [18] used 3D anatomic models
which showed that the shape and the peak positions of ante-
rior condyle groove have gender difference, and they pointed
out that the shape of the trochlear groove and the height of
medial anterior condyle need to be designed gender specific.

Customized TKR implant has been developed based on
the patient’s MRI/CT data. Figure 3(a) shows a curve L1 in
the sagittal plane; this curve is a condyle profile that matches
a patient’s knee shape. The circular curve and the other
curve L2 are created based on a patient knee model. The
curve L2 sweeps along the curve L1 from point A to point
B and creates a condylar articular surface. BS is the distance
between two condyle profiles, and it is determined from a
patient knee model.

Carr and Goswami [19] reviewed knee replacements and
biomechanics; they pointed out that issues such as wear and
fixation had become more critical with prolonged use of
knee implants. Knee implant recipients are more active
today than ever; therefore, designing implants that mimic
the natural knee is essential to the patients’ long-term satis-
faction and survival.

3. 3D Printed Patient-Specific Instrumentation

Lower limb mechanical axis restoration is very important for
long-term survivorship of TKR. Recently, patient-specific

instrumentation or patient-specific cutting block/guide has
been developed to help improve mechanical axis alignment.
Medical images can be processed to create 3D models, along
with the development of 3D printing technologies. There has
been an increased use of 3D printing techniques in patient-
specific treatments. 3D printing can be used mostly to create
patient-specific anatomical models, customized moulds,
surgical guides, and implants. It has been reported that
patient-specific guide or cutting block can provide guidance
to surgeons during surgery, and this can minimize tissue loss
and optimize the positioning of implants. A distal femoral
cutting guide is shown in Figure 4(a), and it is used to insert
guide pins for cutting block during TKR. A tibial cutting
guide is shown in Figure 4(b).

Both MRI and CT imaging have been used for creation of
patient-specific guides. MRI is able to account for residual
articular cartilage; therefore, the cutting guide can cover a
broad contact area and can be directly placed on bone and
residual cartilage of knee joint. CT is unable to account for
residual cartilage; the corresponding cutting guide has to rely
on multiple bony sites. Frye et al. [20] concluded that an
MRI-generated template is better than CT-based guides.

Patient knee shapes are well known to be different; the
surface geometry of TKR implant affects joint congruence
and contact mechanics. It has been suggested by Pati et al.
[21] that customized knee replacement from CT scan to 3D
printing, customized cutting measures, and customized
fitting templates could reduce operation time and assure

(a) (b)

Figure 2: Femoral condyles (a) symmetrical and (b) asymmetrical.
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Figure 3: Oval curves derived from the femoral bone model, (a) sagittal view and (b) isometric view.
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good alignment. Ganapathi [22] discussed using the tech-
nique of patient-specific guides (PSG) to perform TKR; the
PSG replaces traditional jigs. To produce PSG, computerized
3D models of the distal femur and proximal tibia are created
and the models are used to plan the operation and generate
negative moulds of the patient’s distal femur and proximal
tibia. The operative time may be saved depending on a sur-
geon’s experience and proficiency with the PSG technique.
Ganapathi [22] concluded that the advantage of PSG is nota-
ble in terms of adequate fit and accuracy of the PSG.

Goyal and Tripathy [23] have surveyed the functional
outcomes of total knee replacement using PSI. They pointed
out that the PSI is not a patient-matched implant, and the
main focus of implant design should be creating the
patient-matched implant. Goyal et al. [24] studied the effect
of implant design on PSI accuracy, and they concluded that
differences in implant design can influence the accuracy of
bone resection and component alignment for a given PSI
design system.

However, Rodrigues and Gutierres [5] reviewed compar-
ison studies between patient-specific instrumentation (PSI)
and standard instruments in TKR, and they noted that PSI
had not consistently been shown to be cost-effective or to
offer any clinical benefit with regard to functional scores.
More studies and longer follow-up period are needed to
make definitive conclusions about the PSI efficacy and the
potential applicability of PSI to special situations. A similar
study by Alcelik et al. [6] showed that PSI is not superior to
ST instrumentation in primary total knee arthroplasty.

4. Lower Limb Musculoskeletal Model with
Total Knee Replacement

Park et al. [25] investigated the relationship of lower limb
muscle with pain, function, and frontal plane gait kinematics
in patients with osteoarthritis. They confirmed that patients
have knee osteoarthritis, reduced hip rotation, knee exten-
sion, and ankle inversion strength, but increased peak knee
adduction during gait. Also, muscle strength played a

significant role in the self-reported function and gait in
patient with osteoarthritis.

Musculoskeletal models can be created using software
such as AnyBody and Opensim. A lower limb musculoskele-
tal model with a TKR implant is shown in Figure 5(a), and it
includes main muscles in the lower limb. A normal lower
limb musculoskeletal model is shown in Figure 5(b), and
the knee joint is simplified as a pin joint that has a rational
degree of freedom.

Knowledge of muscle and joint loading is important for
evaluating the performance of TKR implant. If the knee is
assumed as a pin joint in MSK models, it will produce erro-
neous results in knee muscle forces and moments acting in
the frontal and transverse planes. Walter and Pandy [26]
simulated the knee joint articular contact loading during level
walking and stair descent, and they integrate a six degree of
freedom tibiofemoral joint model into a forward dynamics
simulation framework. Medial and lateral tibiofemoral joint
contact loads were predicted with good agreement with the
experimental data of knee joint loads for level walking.

Lower limb musculoskeletal model has been used in the
analysis of joint mechanics and kinematics. Many
researchers have tried different methods to create musculo-
skeletal models. Knarr and Higginson [27] proposed a prac-
tical approach to subject-specific estimation of knee joint
contact force. A statistical finite element model of knee
accounting for shape and alignment variability was devel-
oped by Rao et al. [28], and this model can be used to inves-
tigate knee joint mechanics and implant design. Belvedere
et al. [29] discussed the importance of accurate muscle geom-
etry for musculoskeletal models for subject-specific simula-
tions. They combined a nonlinear scaling technique with a
procedure to reconstruct bones from incomplete or scattered
geometry data; this method can predict muscle geometries
based on bone shapes. During total knee replacement, neu-
tral mechanical alignment is generally targeted. Nolte et al.
[30] pointed out that kinematic alignment which is based
on the alignment of the prearthritic lower limb can allow bet-
ter restoration of knee physiological function. Ullrich et al.

(a) (b)

Figure 4: Cutting guide (a) distal femur and (b) tibia.
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[31] studied the long-term data of gait characteristics and
moment-knee angle relations in female total knee replace-
ment patients, and they found that the patients showed
significant gait deficits during constant and self-selected
walking speeds and lower average absolute values in the
moment-knee angle relations of the knee extensors and
flexors. Baldwin et al. [32] developed subject-specific finite
element models from imaging data. They demonstrated an
integrated approach to facilitate finite element analysis and
statistical shape modelling of knee structures.

Musculoskeletal models can be used for implant wear
analysis. TKR implant has traditionally been tested in knee
wear simulator to determine its ability to resist wear. The
computational models can be used to predict wear of implant
as did by Zhang et al. [33], and they created a patient-specific
wear prediction framework for TKR implant combined mus-
culoskeletal multibody dynamics and finite element analysis.
An interesting research was carried out by Chen et al. [34],
and they created a full lower limb subject-specific musculo-
skeletal model that is scaled from a generic MSK model
according to patient’s CT images and gait dataset. In this
model, a total knee replacement implant was modelled. Con-
tact and ligament forces were predicted using a force-
dependent kinematics method. This approach is very useful
for design-customized TKR implants. Shi et al. [35] used
computational models to predict stresses in TKR implant;
the model was used to compare the performance of implants.
Pejhan et al. [36] evaluated the kinematic performance of a
customized surface-guided TKR implant using virtual simu-
lation and load-controlled knee wear simulator. They con-
cluded that virtual simulation is a valid tool for future
evaluations of the customized surface-guided TKR implants.

Wang et al. [37] evaluated knee strength and mechanics dur-
ing walking for patients with either a modern off-the-shelf
TKR or a customized bicompartmental knee replacement
after one year postsurgery. They concluded that the patients
with bicompartmental knee replacement exhibit better
strength and mechanics while performing daily activities.

Patient’s gait dataset was used in the modelling, and this
may raise thequestionofobtaining the gait data.The evolution
of the knee gait kinematics in patients with knee osteoarthritis
before and several months after a total knee replacement has
been researched and presented by Bonnefoy-Mazure et al.
[2] and Rahman et al. [3]. Kramers-de Quervain et al. [38]
reported that two years after TKR there were significant
improvements in gait velocity, cadence, and most of the
ground reaction parameters; however, forces during loading
and unloading remained lower for the operated leg than for
the contralateral leg. Therefore, a patient’s two-year postop-
erative gait could be predicted if a patient’s preoperative gait
is measured. With the patient’s own gait data, a customized
TKR implant could be developed.

5. Discussion

Based on the progress described in the previous sections, a
new approach which is different from the current customized
knee implant design is proposed in this paper. The focus of
this approach is using patient-specific loading and gait
dataset for knee implant designs in addition to the knee joint
anatomical features. The procedure of creating a customized
TKR implant is shown in Figure 6.

To design a customized TKR implant, 3D computer
models from CT scans or MRI should be created firstly.

(a) (b)

Figure 5: Lower limb musculoskeletal model, (a) knee implant model and (b) knee pin joint model.
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The gait and foot reaction forces of the patient will be mea-
sured preoperatively and used for the prediction of load
and kinematics of knee joint. Postoperative gait characteris-
tics of patient can be predicted using the derived relationship
between measured preoperative and postoperative gait data-
sets; then, the predicted patient gait is used in the MSK
modelling. The interaction between TKR implant and knee
joint dynamics will be evaluated using MSK models. The
optimal TKR implant should reproduce knee function, main-
tain bone-implant interface integrity, and resist wear. The
kinematics and loads on the TKR implant are very important
to the success of TKR. To create a customized TKR implant,
an iteration procedure is required to optimise stress, material
wear, and knee kinematics.

Customized TKR implant has the potential to greatly
improve knee kinematics and patient knee functions com-
pared to off-the-shelf TKR implant. However, further studies
need to be carried out to make the customized TKR implant
available for patients.

6. Conclusion

Customized total knee replacement implant has been previ-
ously designed considering knee anatomical shape; however,
with the latest development on lower limb musculoskeletal
models, force dependent kinematics, and wear simulations,
a customized total knee replacement implant could be
developed to enhance patient satisfaction. The workflow
of the approach to making customized TKR implant is
presented in this paper. The customized total knee
replacement implant will not only replicate the shape of
the knee joint but also to restore normal gait of the
patient postoperatively.
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This paper proposed a bilateral upper-limb rehabilitation device (BULReD) with two degrees of freedom (DOFs). The BULReD is
portable for both hospital and home environment, easy to use for therapists and patients, and safer with respect to upper-limb
robotic exoskeletons. It was implemented to be able to conduct both passive and interactive training, based on system
kinematics and dynamics, as well as the identification of real-time movement intention of human users. Preliminary results
demonstrate the potential of the BULReD for clinical applications, with satisfactory position and interaction force tracking
performance. Future work will focus on the clinical evaluation of the BULReD on a large sample of poststroke patients.

1. Introduction

In the United States, more than 700,000 people suffer from
stroke each year, and approximately two-thirds of these
individuals survive and require rehabilitation [1]. In New
Zealand (NZ), there are an estimated 60,000 stroke survivors,
and many of them have mobility impairments [2]. Stroke is
the third reason for health loss and takes the proportion of
3.9 percent, especially for the group starting on middle age,
suffering the stroke as a nonfatal disease in NZ [3]. Professor
Caplan who studies Neurology at Harvard Medical School
describes stroke as a term which is a kind of brain impair-
ment as a result of abnormal blood supply in a portion of
the brain [4]. The brain injury is most likely leading to
dysfunctions and disabilities. These survivors normally have
difficulties in activities of daily living, such as walking,
speaking, and understanding, and paralysis or numbness of
the human limbs. The goals of rehabilitation are to help
survivors become as independent as possible and to attain
the best possible quality of life.

Physical therapy is conventionally delivered by the thera-
pist. While this has been demonstrated as an effective way for
motor rehabilitation [5], it is time-consuming and costly.

Treatments manually provided by therapists require to take
place in a specific environment (in a hospital or rehabilitation
center) and may last several months for enhanced rehabilita-
tion efficacy [6]. A study by Kleim et al. [7] has shown that
physical therapy like regular exercises can improve plasticity
of a nervous system and then benefits motor enrichment
procedures in promoting rehabilitation of brain functional
models. It is a truth that physical therapy should be a prefer-
able way to take patients into regular exercises and guided by
a physical therapist, but Chang et al. [8] showed that it is a
money-consuming scheme. Robot-assisted rehabilitation
solutions, as therapeutic adjuncts to facilitate clinical prac-
tice, have been actively researched in the past few decades
and provide an overdue transformation of the rehabilitation
center from labor-intensive operations to technology-
assisted operations [9]. The robot could also provide a rich
stream of data from built-in sensors to facilitate patient diag-
nosis, customization of the therapy, and maintenance of
patient records. As a popular neurorehabilitation technique,
Liao et al. [10] indicated that robot-assisted therapy presents
market potential due to quantification and individuation in
the therapy session. The quantification of robot-assisted
therapy refers that a robot can provide consistent training
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pattern without fatigue with the given parameter. The char-
acterization of individuation allows therapists to customize
a specific training scheme for an individual.

Many robotic devices have been developed in recent
years for stroke rehabilitation and show great potential for
clinical applications [11, 12]. Typical upper-limb rehabilita-
tion devices are MIME, MIT-Manus, ARM Guide, NeReBot,
and ARMin [5, 13–21]. Relevant evidences demonstrated
that these robots are effective for upper-limb rehabilitation
but mostly for the one side of the human body. Further,
upper-limb rehabilitation devices can be unilateral or bilat-
eral [22–24]. Despite the argument between these two design
strategies, bilateral activities are more common than unilat-
eral activities in daily living. Liu et al. [25] pointed that the
central nervous system dominates the human movement
with coordinating bilateral limb to act in one unit instead
of independent unilateral actions. From this point, bilateral
robots are expected to be more potential than unilateral
devices. Robotic devices for upper-limb rehabilitation can
be also divided into two categories in terms of structure: the
exoskeleton and the end-effector device [26]. Two examples
of upper-limb exoskeletons are the arm exoskeleton [27]
and the RUPERT IV [28]. In addition, Lum et al. [13] incor-
porated a PUMA 560 robot (Staubli Unimation Inc.,
Duncan, South Carolina) to apply forces to the paretic limbs
in theMIME system. This robotic device can bemade for both
unilateral and bilateral movements in a three-dimensional
space. To summarize, existing robotic exoskeletons for
upper-limb rehabilitation are mostly for unilateral training.

There are some devices that have been specially designed
for bilateral upper-limb training for poststroke rehabilitation.
van Delden et al. [29] conducted a systematic review to pro-
vide an overview and qualitative evaluation of the clinical
applications of bilateral upper-limb training devices. A sys-
tematic search found a total of six mechanical devices and
14 robotic bilateral upper-limb training devices, with a com-
parative analysis in terms of mechanical and electromechan-
ical characteristics, movement patterns, targeted part, and
active involvement of the upper limb, training protocols,
outcomes of clinical trials, and commercial availability.
Obviously, these mechanical devices require the human
limbs to actively move for training, while the robotic ones
can be operated in both passive and active modes. However,
few of these robotic bilateral upper-limb training devices

have been commercially available with current technology.
For example, the exoskeleton presented in [30] requires the
development of higher power-to-weight motors and struc-
tural materials to make it mobile and more compact.

The University of Auckland developed an end-effector
ReachHab device to assist bilateral upper-limb functional
recovery [31]. However, this device suffered from some
limitations, such as deformation of the frame leading to sig-
nificant vibration, also hard to achieve satisfactory control
performance. This paper presents the design and interaction
control of an improved bilateral upper-limb rehabilitation
device (BULReD). This device is portable for both hospital
and home environment, easy to use for therapists and
patients, and safer with respect to upper-limb robotic exo-
skeletons. This paper is organized as follows. Following
Introduction, a detailed description of the BULReD is given,
including mechanical design, electrical design, kinematics,
and dynamics. Then, the control design is presented for both
passive training and interactive training, as well as the fuzzy-
based adaptive training. Experiments and Results is intro-
duced next and the last is Conclusion.

2. Bilateral Upper-Limb Rehabilitation Device
(BULReD)

2.1. Mechanical Design. The BULReD aims to deliver bilat-
eral upper-limb exercises to stroke patients. Overview of the
BULReD is shown in Figure 1. This device has two DOFs
for the planar exercises of human upper limbs.

To make the structural design clear to the readers, a
three-dimensional model design in Solidwork is also given
in Figure 2. The BULReD mainly consists of three compo-
nents (the base module, the motion module, and the hand
holder). The base module acts as a foundation to support
the whole motion module and also a container for some
electronic components. There is a support bar in the base
module, which can be used to adjust the angle of inclination
of the BULReD. The motion module consists of two mutually
perpendicular linear slide systems, the bridge and the cart.
The linear slide systems are used to transfer the rotatory
motion of motors to the linear motion of the sliders by using

Figure 1: The BULReD on a lab table.
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Figure 2: A three-dimensional model of the BULReD designed in
Solidwork.
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two timing belts. The bridge moves along the y-axis rail, and
the cart is along the x-axis rail. The hand holder is rigidly
connected with the cart through a three-axis force sensor.
Some bearings are also set to allow low friction motion
transmission.

The inclination angle of the BULReD is considered to be
0° when the motion module is parallel to the bottom base. By
moving the attachment position of the support bar, the angle
of inclination can be adjusted up to 60°. Such a design can
make patients have a larger workspace for upper-limb reha-
bilitation exercises. The hand holder is designed based on
anthropometry. Kaya et al. [32] suggested that the shoulder
breadth has the mean measurement of 355.8mm (female)
and 389.4mm (male) at age 17. In the prototype of the
BULReD, the designed shoulder breadth is set at 38 cm.
Fransson and Winkel [33] indicated that hand size measure-
ments have the maximum finger length and handbreadth
between women’s and men’s mean values of 72mm and
90mm, respectively. In the prototype, the handle height is
set at 90mm. However, these two parameters can be easily
made to be adjustable to allow the use on patients with
different sizes.

2.2. Electrical Design. The electrical component of the
BULReD consists of two Maxon DC motors (each has one
brushless motor and one gearbox), two motor controllers
(Maxon ESCON 50/5), a three-axis force sensor (FUTEK
MTA400), three amplifiers (FUTEK CSG110), and an
embedded controller (NI myRIO-1900). Predefined data
and those from the motor controller communicate with the
embedded controller through digital input/output (DI/O),
analog input (AI), and analog output (AO). Specifically, the
myRIO outputs signals to drive servo motors and obtains
feedback inputs of the position. The servo system provides
speed feedback based on the built-in encoder with 2048
counts per turn. The position feedback is implemented by
the computation of the speed feedback. The motor controller
provides a stable power supply for DC motor and internally
realizes closed loop speed control. The three-axis force sensor
is used to measure real-time human-robot interaction to

facilitate the implementation of the interactive training. For
training safety, four limit switches are also set up, located at
the corner of the workbench. They are also used as a refer-
ence to set the starting point.

2.3. Kinematics.H-Bot (also known as H-gantry or H-frame)
is a kind of XY positioning system which is commonly used
in industries. It can place a part or carry a tool in a planar
space. Amodel of the H-Bot consists of twomutually perpen-
dicular linear slide systems and connects with the power
source by timing belts [34]. It is driven by two independent
motors in the cooperative work and results in planar
motions. Figure 3 presents the schematic mechanism of the
BULReD, where the bridge moves along the y-axis and the
cart moves along the x-axis. The hand holder is rigidly
connected with the cart and forms a planar motion area.

The planar displacement of the cart is obtained from two
rotational motors (motor 1 and motor 2 in Figure 3).
Forward kinematics can be used to derive the linear displace-
mentΔX andΔY of the cart from two angular displacements

y

x

Cart

Bridge

Pulley

Timing belt

Motor pulley

Motor 1 Motor 2 

𝜃1 𝜃2

Figure 3: The schematic mechanism of the BULReD.

Table 1: The qualitative description of the motion transmission of
the BULReD.

Motion pattern
Motor pulley angular

displacement
End-effector
direction

Motor 1 Motor 2

1 + · ↗

2 + + →

3 + − ↑

4 − · ↙

5 − + ↓

6 − − ←

7 · + ↘

8 · − ↖

Note: + means anticlockwise rotation, − means clockwise rotation, and
· represents the motor being still.

y
x

kl

𝜃1 𝜃2

kr

kf

Figure 4: The simplified dynamic model of the BULReD
(kf , kl, and kr represent the stiffness of the forward section, the
left section, and the right section of the motion module, resp.).
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Δθ1 andΔθ2 of the motors. The forward kinematic model is
described in (1), where ΔX ΔY T denotes the position and
orientation vector, Δθ1Δθ2 T is the angular displacement
vector, andA is the initial forward kinematic matrix.

ΔX
ΔY

= A · Δθ1
Δθ2

= a11 a12
a21 a22

· Δθ1
Δθ2

1

Table 1 is presented to give readers a qualitative descrip-
tion of the motion transmission mechanism on the BULReD.
For example, the positive displacement along the x-axis can
be achieved by two motors in an anticlockwise rotation
(motion pattern 2 in Table 1), and that of the y-axis can be
obtained by motor 1 in an anticlockwise rotation and motor
2 in a clockwise rotation (motion pattern 3 in Table 1).

The forward kinematic matrix is finally given in (2),
where r is the radius of the motor pulley. By combining (1)
and (2), the forward kinematic model is obtained in (3).
The inverse kinematic model can be obtained by MATLAB
matrix inverse function and is shown in (4) and (5), where
γ is the reduction ratio of the gearhead, Ui is the control volt-
age of the motor, and kt is the speed constant of the motor.

a11 = a12 = a21 =
1
2 r, a22 = −

1
2 r,

2

ΔX
ΔY

=
1
2 r

1
2 r

1
2 r −

1
2 r

· Δθ1
Δθ2

, 3

Δθ1
Δθ2

=
1
r

1
r

1
r

−
1
r

· ΔX
ΔY

, 4

Δθi =
2π
60 γ

−1 ·Ui · kt · t i = 1, 2 5

2.4. Dynamics. A simplified dynamic model of the BULReD
was developed with fewer parameters and will be used in
the control system. In the BULReD, there are two timing pul-
leys with the same size, and others are low-friction bearings.
Since the H-Bot system intends to transfer rotary movement
of the two motors with two timing pulleys into linear move-
ment, for simplification, the used bearings can be considered
to be frictionless and cause no effects on the movement of the
bridge and the cart. The timing pulleys are also considered to
be frictionless to reduce the computational burden. A
diagram is shown in Figure 4, where the motion module is

−

+Desired
trajectory

Dynamic
model

Velocity
computation

Velocity

Position
computation 

Position

Motor controller
BULReD

Figure 5: The control diagram of the BULReD for passive training.

Table 2: The fuzzy inference rules of b and k.

Δf
NB NM NS ZO PS PM PBb, k

Δv

NB NB NB NM NM NS ZO ZO

NM NB NB NM NS NS ZO ZO

NS NB NM NS NS ZO PS PS

ZO NM NM NS ZO PS PM PM

PS NM NS ZO PS PS PM PB

PM ZO ZO PS PS PM PB PB

PB ZO ZO PS PM PM PB PB

+

−
Impedance
controller

Process
variable

Velocity

Fuzzy
logic

Position

Position
computation 

Position

Velocity
Force input

Parametric
modi�er 

Desired
trajectory

Force
sensor

Patient

Motor controller

Velocity
computation

BULReD 

Figure 6: Control diagram transmission for assistive rehabilitation.
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divided into three sections with different colors, the left
section (purple), the right section (green), and the forward
section (blue).

The dynamic energy of each section in the simplified
system can be written as

Tx =
1
2mcartx

2, 6

Ty =
1
2mbridgey

2, 7

Ti =
1
2 Jiθ

2
i i = 1, 2 8

The potential energy of the simplified system is stored in
the three sections and shown in the following:

V f =
1
2 kf θ1r − θ2r − 2y 2, 9

V l =
1
2 kl −θ1r + x + y 2, 10

V r =
1
2 kr θ2r − x + y 2 11

The Lagrange equation is applied to build the dynamic
model and is shown in (12). Combining the virtual work
theory as well, (13) is obtained.
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Figure 9: The velocity tracking responses of test 1.
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Figure 7: The predefined training trajectories on the BULReD. Training exercises along trajectories 1, 2, 3, 4, and 5 are denoted as tests 1, 2, 3,
4, and 5, respectively.
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L = 1
2mcartx

2 + 1
2mbridgey

2 + 1
2 J1θ

2
1 +

1
2 J2θ

2
2

−
1
2 kf θ1r − θ2r − 2y 2 −

1
2 kl −θ1r + x + y 2

−
1
2 kr θ2r − x + y 2,

12

δWNC = − ccartxδx − cbridgeyδy + τ1 − c1θ1 δθ1

+ τ2 − c2θ2 δθ2

13

Substituting Lagrange’s equation given, the simplified
dynamic system can be represented using

x = 1
mcart

− kl + kr x − ccartx − kl − kr y + klrθ1 + krrθ2 ,

14

y = 1
mbridge

− kl − kr x − 4kf + kl + kr y − cbridgey

+ 2kf + kl rθ1 − 2kf + kl rθ2
, 15
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Figure 11: The velocity tracking responses of test 2.
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Figure 10: The position tracking responses of test 2.
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Figure 12: The x-axis position tracking responses of test 3.
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θ1 =
1
J1

klrx + 2kf + kl ry − kf + kl r
2θ1 − c1θ1 + kf r

2θ2 + γηktI1

−
1
2 kl −θ1r + x + y 2 −

1
2 kr θ2r − x + y 2,

16

θ2 =
1
J2

klrx − 2kf + kl ry − kf + kr r
2θ2 − c2θ2 + kf r

2θ1 + γηktI2

17

3. Control Design of the BULReD

3.1. Trajectory Tracking Control. The trajectory tracking con-
trol of the BULReD is the basis of a variety of robot-assisted
rehabilitation exercises. It can be directly used for passive
training on stroke patients who has week active motor ability.
However, tracking desired trajectories is not only a simple
but also an effective method for rehabilitation applications
[35]. For passive training, patients totally follow the prede-
fined motion trajectory of the BULReD. The proposed con-
trol techniques are presented in Figure 5.

3.2. Interaction Control. To ensure active participation from
patients during the robotic training, and hence enhance the
training efficacy, a fuzzy adaptive-based variable impedance
(FABVI) controller has been given to modify parameters of
stiffness and damping according to desired force with
detected user’s force. The proposed control techniques are
presented in Figure 6. Considering the impaired limb, the
desired impedance property between robot and impaired
limb can be given in

MX + B Xd − X + K Xd − X = f − f e, 18

whereM,B, andK are variable inertia, damping, and stiffness
matrix, respectively; Xd is the 2 × 1 vector of the desired posi-
tion of device end-effector; andX is the 2 × 1 vector of the
current location;Xd ,X, andX are first and second derivatives
individually; f is the end-effector input force; and f e repre-
sents limb applying force on the device. The fuzzy inference
rules are shown in Table 2.

The fuzzy subsets are defined as follows:

ep = Xd − X = NB, NM, NS,O, PS, PM, PB , 19

ev = Xd − X = NB, NM, NS,O, PS, PM, PB , 20

ef = f − f e = NB, NM, NS,O, PS, PM, PB 21

ep, ev, ef , and b, k all follow Gaussian distributions.

4. Experiments and Results

To preliminarily estimate the performance of the BULReD
and its control system, two healthy subjects participated in
the test in the lab environment. Subject A has the age of 20
years old, with 178 cm height. Subject B is a 28-year-old male,
with the height of 174 cm. The max force of both pulling and
pushing is 200N. The predefined training trajectories are
presented in Figure 7.

4.1. Trajectory Tracking Responses. For passive training,
subject A was guided to finish three training trajectories (A-
B, A-C, and D, also denoted as test 1, test 2, and test 3, resp.).
During the whole process, the subject was encouraged to
relax and did not apply intentional active force on the hand
holder. Figure 8 presents the position tracking responses of
test 1, and the corresponding velocity tracking is shown in
Figure 9. Both show satisfactory tracking accuracy, with the
root-mean-square error (RMSE) values being 4.0558mm
for position tracking and 3.3779mm/s for velocity tracking.
Test 2 is a trajectory along the y-axis, and experimental
results are presented in Figures 10 and 11. The achieved posi-
tion tracking accuracy is an RMSE of 3.7781mm, and for
velocity tracking, it is 2.0551mm/s. To conduct a combined
motion along both x- and y-axes, test 3 was designed where
the BULReD took the limbs for a circle within the workspace.
The position tracking responses are presented in Figures 12
and 13 for x- and y-axes, respectively. The RMSE values are
1.8324mm and 1.2391mm, respectively. These statistical
results are summarized in Table 3.

4.2. Interaction Control Responses. With respect to the
FABVI controller, the initial desired impedance control
parameters M, B, and K were chosen as 1.5, 20, and 100,
respectively. Domains of the input and output variables in
the fuzzy adaptive algorithm were defined as ep ∈ −1, 1 ,
ev ∈ −1, 1 , ef ∈ −1, 1 , b ∈ −6, 6 , k ∈ −6, 6 . The desired
force between the BULReD and the human limbs was set at
10N.

For interactive training, subject B was guided to finish
two training trajectories (E and F, also denoted as test 4
and test 5, resp.). In the case of this situation, people are

Table 3: Statistical results of the tracking responses of all tests.

Error type
x-axis position (mm) y-axis position (mm) x-axis velocity (mm/s) y-axis velocity (mm/s) Force (N)RMSE

Mode

Passive mode

Test 1 4.0558 N\A 3.3779 N\A N\A

Test 2 N\A 3.7781 N\A 2.0551 N\A

Test 3 1.8324 1.2391 N\A N\A N\A

Assistive mode
Test 4 N\A N\A N\A N\A 1.0051

Test 5 N\A N\A N\A N\A 0.9012

RMSE: root-mean-square error; N\A: not available.
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demanded to use changing force to simulate stiffness or
spasticity. In test 4, the subject applied an initial force 8N,
then reduced to 6N at around the 14th second and got back
to 8N at the 23rd second, and finally changed to 11N at the
28th second. In test 5, the initial force was also 8N, it turned
to 10N at the 10th second, back to 8N at the 19th second,
and decreased to 5N at the 27th second. These data are
presented in the top plots of Figures 14 and 15.

Figure 14 also presents the force tracking responses of
test 4 (middle plot). It is shown that the controller can
achieve the reference constant force with the presence of
the user’s variable force applying, with the RMSE value being
1.0051N. Similarly, Figure 15 also shows satisfactory force
tracking performance, with the RMSE value at 0.9012N.
These statistical results are also included in Table 3.

5. Conclusions

This paper proposed a two-DOF end-effector device for
bilateral upper-limb rehabilitation training. The BULReD is
portable for both hospital and home environment, easy to
use for therapists and patients, and safer with respect to
upper-limb robotic exoskeletons. It was implemented to be
able to conduct both passive and interactive trainings, based
on system kinematics and dynamics, as well as the identifica-
tion of real-time movement intention of human users. Pre-
liminary results demonstrate the potential of the BULReD

for clinical applications, with satisfactory position and inter-
action force tracking performance. Future work will focus on
the clinical evaluation of the BULReD on a large sample of
poststroke patients.
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Objective. This study aims to establish a steady-state visual evoked potential- (SSVEP-) based passive training protocol on an ankle
rehabilitation robot and validate its feasibility. Method. This paper combines SSVEP signals and the virtual reality circumstance
through constructing information transmission loops between brains and ankle robots. The robot can judge motion intentions
of subjects and trigger the training when subjects pay their attention on one of the four flickering circles. The virtual reality
training circumstance provides real-time visual feedback of ankle rotation. Result. All five subjects succeeded in conducting
ankle training based on the SSVEP-triggered training strategy following their motion intentions. The lowest success rate is 80%,
and the highest one is 100%. The lowest information transfer rate (ITR) is 11.5 bits/min when the biggest one of the robots for
this proposed training is set as 24 bits/min. Conclusion. The proposed training strategy is feasible and promising to be combined
with a robot for ankle rehabilitation. Future work will focus on adopting more advanced data process techniques to improve the
reliability of intention detection and investigating how patients respond to such a training strategy.

1. Introduction

Stroke is one of the main root causes leading patients unable
to comfortably control their muscles and bodies in the daily
living, and even lose the ability [1–3]. The ability of body
controlling is inversely proportional to the distance between
brains and limbs, which means that the longer the distance
is, the lower the ability is [4]. Motor function of injured
ankles will be recovered more difficult than one of the hands
with a similar disability.

For early stage rehabilitation of injured ankles, if without
sufficient rotations, ankle joints could gradually become stiff,
and finally, foot drop will be generated [5, 6]. In order to
avoid being stiff, muscle stretching and joint rotating are
regarded as one of the important methods in traditional ther-
apy of injured ankle joints. Traditional physical therapy is
usually operated manually by therapists. It has a unique
advantage, which therapists can observe real-time feedback
from patients through their body reaction and communica-
tion and thus adjust the process accordingly. However, it also

has several limitations: (1) therapists can feel weary for
long-time operation; (2) operating strength cannot be kept
uniformly during the whole process; (3) mental state of ther-
apists is one of the key factors to affect therapy effect [7].

In order to release manpower and address those limita-
tions, robots have been invented to substitute partial func-
tions of traditional therapy [8, 9]. For ankle rehabilitation,
there are two kinds of robots invented, one of which is
platform-based robots, and the other is wearable devices
[3]. When training on platform-based robots, subjects are
normally in a sitting position to train their physical function
of muscle stretching and joint rotating [8, 10]. When training
on wearable ankle robots, subjects are required to be in a
standing position to improve their ability on walking [1].
Therefore, platform-based robots can provide better reha-
bilitation for subjects with weak motion ability of ankle
joints, while targeted subjects of wearable ankle robots
are those whose motion ability of ankle joints is strong
enough to walk, but gait needs to be rebuilt and improved
further recovery [11].
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Passive training is one of the basic functions of platform-
based robots. Different with common passive stretching with
constant speed, Zhang et al. [12] proposed an intelligent pas-
sive stretching strategy in ankle dorsiflexion/plantarflexion
(DF/PF) for safety. During intelligent passive stretching,
rotating speed of the robot was inversely proportional to
resistance torque. As soon as predefinedmaximum resistance
torque was reached, ankle joints would be held at the extreme
position for a period of time to allow stress relaxation. For
robot-assisted passive ankle training, subjects are requested
to keep relaxed to follow up trajectories of robots [3, 10].
After experiencing passive training, physic function of ankle
joints can be kept to a certain degree and foot drop can be
alleviated correspondingly [5, 8, 12].

Active training is another function of platform-based
robots, where subjects are requested to actuate robots to track
targets by allowing the foot to follow visual or auditory
instructions [1, 10, 13, 14]. Visual reality circumstance has
been widely applied in robot-assisted active ankle training.
Girone et al. [15] proposed a virtual reality exercise library
on the Rutgers Ankle. Subjects could conduct simulation
exercise of strength, flexibility, and balance with haptic and
visual feedback. Burdea et al. [14] proposed rehabilitation
games including the airplane game and breakout 3D game.
Michmizos et al. [16] proposed three goal-directed serious
games especially for children. In this study, visual reality
circumstance is set as a game of whack-a-mole, which four
hamsters are arranged in four directions as targets, and a
hammer is initially located in the center as the movable
cursor. The vertical trajectory of hammer is projected to
DF/PF, while the horizontal one is corresponded to inver-
sion/eversion (INV/EV).

For passive training, subjects do not need to exert
active effort, and thus few information transmission loops
between brains and ankles exist [17]. A prerequisite of
conducting active training is that subjects should have
enough motion ability of ankle joints to trigger robots
[10]. Therefore, for subjects whose motion intentions of
ankle joints cannot be detected by built-in force sensors
of robots, solving the problem of how they can actively
conduct ankle training is a big challenge. This study aims to
construct an information transmission loop between brains
and ankle robots and enable subjects with weak motion
ability of ankle joints to actively conduct robot-assisted
ankle training.

When subjects focus their attention on a flickering source
with frequency above 6Hz, electroencephalography (EEG)
signals originated from their visual cortex are named SSVEP,
spectrum of which shows peak at the flickering frequency
and its harmonics [18]. SSVEP signals have been extracted
and applied in many fields, such as controlling the robotic
wheelchair [19], the humanoid robot navigation [20, 21],
the semiautonomous mobile robotic car operation [22], and
the artificial upper limb [23].

In this study, SSVEP signals are introduced and used for
passive training on an ankle rehabilitation robot, in which
motion intentions of subjects can be extracted to trigger
related passive training. Four flickering circles with the diam-
eter of 22mm are arranged in four directions. Flickering

frequencies are set as 10Hz for the upper, 12Hz for the bot-
tom, 8.6Hz for the left, and 15Hz for the right [24]. For sub-
jects, gazing at the upper flickering circle represents the
motion intention for DF, the bottom for PF, the left for
INV, and the right for EV.

To enable subjects with weak motion ability of ankle
joints to conduct motion intention-directed passive training,
this study develops a SSVEP-based passive training strategy
through combining SSVEP signals and virtual reality circum-
stance on an ankle robot. To verify its feasibility, this study
recruited five healthy subjects for preliminary evaluation.

2. Methods

2.1. Ankle Rehabilitation Robot. The ankle rehabilitation
robot applied in this study is an improved version of the
one used in [11] by adding adjustable robot structure and
was briefly introduced as in Figure 1(a). The footplate of
the ankle robot could move with three degrees of freedom,
which are corresponding to ankle DF/PF, INV/EV, and
adduction/abduction (AA). The robot is actuated in paral-
lel by four FFMs (FESTO DMSP-20-400N), pressure con-
trol of which is regulated by four proportional pressure
regulators (FESTO VPPM-6L-L-1-G18-0L6H). Three mag-
netic rotary encoders (AMS AS5048A) are installed along
each axis to measure angular positions forming a three-
dimensional coordinate system of the footplate. Four
single-axis load cells (FUTEK LCM 300) are installed to
measure contraction forces generated by FFMs. A six-axis
load cell (SRI M3715C) is installed below the footplate to
measure interaction forces and torques between human feet
and the footplate.

The position control of this robot can be achieved by con-
trolling individual FFM length in joint space, as shown in
Figure 2. The desired individual FFM length is calculated
by inverse kinematics based on the desired position of the
end effector, while, as the feedback to the PID controller,
the actual individual FFM length is obtained by inverse kine-
matics based on the measured position of the end effector.
This joint space position controller outputs four pressure
values that directly go to four proportional pressure regula-
tors for the actuation of the robot.

2.2. Information Transmission Loop. An information trans-
mission loop between brains and ankle robots is constructed
through combining SSVEP signals and virtual reality circum-
stance for passive training on the ankle rehabilitation robot,
as shown in Figure 3. SSVEP signals are evoked in brains
when subjects pay their attention on one of the flickering
sources, which represents motion intentions of subjects in
the training. The robot can recognize motion intentions of
subjects by analyzing the flickering source of SSVEP signals
and immediately trigger the robot to conduct predefined
training. Real-time visual feedback of ankle rotation ascends
to brains immediately when the hammer in virtual reality
training circumstance moves, as in Figure 4.

2.2.1. Virtual Reality Training Circumstance. The virtual real-
ity training circumstance is set as a game of whack-a-mole,
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which consists of a black background wall, a vertical rail, a
horizontal rail, a hammer, a tent, four Hamsters, and four
flickering circles (Figure 4). The vertical rail is projected to
DF/PF trajectory, and the horizontal rail is corresponding
to INV/EV trajectory. There are four hamsters located at
the end of the vertical and horizontal rail, nearby which four
circles with a diameter of 22mm are flickering with fre-
quency of 10Hz for the upper, 12Hz for the bottom, 8.6Hz
for the left, and 15Hz for the right [24]. The tent is located
at the cross point between the vertical and horizontal rail,
corresponding to the neutral position of ankle joints. The
hammer can move freely along with the vertical or horizontal
rail, and its position represents the posture of the footplate or
the human ankle during the training.

At the beginning of the game, four hamsters and four
flickering circles appear on the computer screen, which the
upper represents the target for subjects to conduct the
training of DF, the bottom for PF, the left for INV, and
the right for EV. When subjects focus their attention on
one of the flicking circles about 5 seconds, the robot will be
triggered to rotate the footplate based on its judgment of
motion intention of subjects through analyzing SSVEP sig-
nals. Meanwhile, accompanying with the targeted vertical
or horizontal rail appearing and the tent disappearing, the
hammer will start to move toward the targeted hamster.
Once the hammer reaches the end of rails, the targeted
hamster will disappear, and then it will return back to
the cross point. Tent and hamsters will reappear as soon

EEG

FFT SSVEP analyzing Motion intention
judgement

(b)

(a)

Figure 1: SSVEP-based passive training on an ankle rehabilitation robot. Subjects sit on a comfortable chair and are requested to gaze at one
of the flickering circles. Motion intentions are detected through analyzing SSVEP signals. Each detection would immediately trigger the ankle
robot to conduct a predefined passive stretching. (a) An ankle rehabilitation robot is applied to provide passive and active ankle training along
DF/PF, INV/EV, and AA trajectories. (b) An EEG system (NT9200, symtop) is applied to acquire and amplify EEG signals.
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Figure 2: The flowchart of individual muscle length control in joint space.
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as the hammer arrives at the cross point, representing that
preparation for the next cycle of training is ready.

2.2.2. SSVEP Recognition. EEG signals are acquired and
amplified by a video EEG system (NT9200, symtop) that
can provide 41 Ag/AgCl electrodes, which are positioned
according to international 10/20 system as in Figure 1(b)

[25]. Prior to data acquisition, impedance inspection of the
EEG system is conducted to verify whether contact resistance
among electrodes and scalps can meet design specification
after conductive gel is injected to fill up the gap between
working electrodes and head of subjects. The signals from
Oz is applied to extract motion intentions of subjects, while
the reference electrode is placed on earlobe A2 and the
ground electrode is placed on Fpz. EEG signals are digitalized
and processed through Labview software (National Instru-
ments, Austin, USA), the sampling frequency of which is
set up to 500Hz, and the duration for robot to judge motion
intention of subjects is set to 5 seconds. EEG recordings are
band-pass filtered from 6Hz to 30Hz through the applica-
tion of the Butterworth filter.

Fast Fourier transform (FFT) [26] is applied to those
epochs, which contain 2500 data points for every electrode.
According to generation mechanism of SSVEP signals, the
peak of amplitude will occur at the flickering frequency and
its harmonic when subjects focus their attention on a flicker-
ing source [23]. But off-line analysis indicates that it has a
slight shift of frequencies for the peak amplitude occasion-
ally, caused possibly by displaying characteristics of LCD.
Therefore, it can partially eliminate deviation caused by fre-
quency shift when the maximum amplitude of five adjacent
frequencies centered on a flickering frequency is designated
as the amplitude of that flickering frequency, which is
expressed as in (1), where Xij is the amplitude of five adjacent

Human brain

Brain

Robot

SSVEP evoking

Flickering source
appearing

Subjects gazing one
of �ickering source

Haptic
feedback

SSVEP recognization

Motion intention
recognization

Robot rotating

Ankle rotating

Hammer moving Visual
feedback

Virtual reality training
circumstance

Figure 3: Information transmission loop. SSVEP signals are evoked in brains when subjects pay their attentions to one of the flickering
circles. The robot judges motion intentions of subjects through recognizing the flickering source of SSVEP signals and is triggered to
deliver predefined training. Haptic feedback ascends to brains when ankles rotate following the robot, and visual feedback of ankle
rotation ascends to brains when the hammer moves in virtual reality training circumstance.

Figure 4: Virtual reality circumstance. Hamsters are set as targets
and will disappear when ankle joints rotate to a predefined
maximum position. SSVEP signals will be evoked when subjects
gaze at one of the flickering circles. Rails of the hammer are
mapped to the trajectories of ankle joints.
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frequencies centered on the flickering frequency, j is the
serial number of five adjacent frequencies, and i is the serial
number of flickering circles.

Ai =max Xij , i = 1,… , 4 j = 1,… , 5 1

After amplitudes of flickering frequencies are ascer-
tained, the dominant frequency in the SSVEP signals will
be identified as the flickering frequency with the maximum
amplitude, in (2).

f target = arg max Ai , i = 1,… , 4 2

2.3. Subjects. Five healthy subjects with ages at 24± 3 years
participated in this study. One of them is female, and others
are male. Inclusion criteria are subjects with (i) normal
vision, (ii) corrected-to-normal vision, and (iii) no history
of clinical visual impairment. Subjects who can be easily dis-
tracted will be excluded. All subjects are right-handed. All of
subjects are the first time to conduct SSVEP-triggered passive
training on the ankle robot. During the training, blinking is
not prohibited. The whole experiment was conducted in a
laboratory with a floor space of approximately 43 square
meter. It is quiet in the surrounding, and light illumination
is weak.

2.4. Training Protocol. Each subject was requested to sit
calmly 50 cm in front of LCD, looking straightly at the virtual
reality circumstance, and put the right leg in the ankle reha-
bilitation robot, with the right foot fixed on the footplate. The
electrode cap is placed on the head of subjects following up
the regulation of international 10/20 system [25], and elec-
trode gel is applied. Before the training, subjects are informed
(i) gazing at the upper flickering circle represents the motion
intention for DF, the bottom for PF, the left for INV, and the
right for EV; (ii) gazing at the intended flickering circle once
the tent appears, and giving up the gazing when the tent dis-
appears or ankle joints begin to rotate; (iii) during stretching
of the robot, subjects need to observe moving situation of the
hammer and imagine rotation situation of related ankle
joints; (iv) if actual stretching of the robot is not consistent
with their motion intention, subjects merely follow up the
rotation without any resistance against the movement.

Subjects were requested to conduct two kinds of com-
bined ankle movement tasks through focusing on one of
the four flicking sources to trigger the robot. One kind of task
combines ankle DF training with PF training together, and
no time interval exists between them. A total five tasks are
set in the training. The other kind of task is the combination
of INV and EV training, without time interval among them,
and a total of five tasks are set. There is 1 minute for free
between both tasks, and SSVEP signals of subjects will not
be extracted to judge motion intentions of subjects until the
footplate of the robot returns back to the neutral position.

2.5. Evaluation Procedures. In this study, the performance of
motion intention detection is evaluated by a success rate and
information transfer rate (ITR). The success rate is defined as
the percentage of output that actual movements of the robot
are consistent with motion intentions of subjects. Therefore,

the success rate is described as in (3), where A denotes the
quantity of motion intentions which are correctly recognized
and B denotes the total quantity of motion intentions which
are requested to identify.

Success Rate = A
B
× 100% 3

The ITR [27] under the unit of bits/min is expressed as in
(4), whereN is the number of flickering circles, which is set to
4 in this study. P is the success rate, and T is the time during
which SSVEP signals are extracted to determine the motion
intention of a subject.

B = log2N + P log2P + 1 − P log2
1 − P
N − 1 × 60

T
4

3. Results

The results of combined ankle rotation tasks are shown in
Table 1. All five subjects can trigger the ankle rehabilita-
tion robot. Subject 1 conducts a total of 20 tasks without
any discordance with his motion intentions, and subject
3 achieved 16 accordant tasks with the lowest success rate
of 80% (Figure 5).

The biggest ITR of the robot for this training is set as
24 bits/min, and only subject 1 achieved it. The lowest ITR
in this study is 11.5 bits/min when subject 3 achieved the
success rate of 80% (Figure 6).

Tracking responses in joint space of combined DF/PF
trajectory during ankle stretching are plotted in Figure 7.
All subjects can trigger the robot to conduct the training.
During conducting combined DF/PF tasks, subject 1 controls
the training entirely following up his motion intention.
Subjects 2, 4, and 5 have one inconsistent PF or DF training,
and subject 3 has three inconsistent trainings.

4. Discussion

All five subjects succeeded in conducting training on the
SSVEP-triggered robot following their motion intentions.
The lowest success rate is 80%, and the highest one is
100%. The lowest ITR is 11.5 bits/min when the biggest one
of the robots for this proposed training is set as 24 bits/min.
The training is safe even when motion intentions of subjects
are not consistent with real trajectories of ankle rotation.

This study introduces SSVEP signals to an ankle reha-
bilitation robot and combines partial characteristics of

Table 1: Result of conducting combined ankle movement tasks.

Subject S1 S2 S3 S4 S5

Number of accordant task 20 18 16 17 18

Success rate 100% 90% 80% 85% 90%

ITR (bits/min) 24 16.5 11.5 13.8 16.5

Note. Two kinds of tasks, one for combined DF and PF training, and the
other for combined INV and EV training. The total number of motion
intentions requested to identify for every subject is 20. The duration for
robot to judge the motion intention of subjects is 5 s. The number of
flickering circles representing the motion intention of subjects was 4.
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active ankle training with passive training. An information
transmission loop between brains and ankle robots is pro-
posed by combining SSVEP signals and virtual reality
training circumstance on the ankle rehabilitation robot.
This training strategy extends those active characteristics
to subjects without ability to conduct active training. The
feasibility study will be discussed from aspects of feasibil-
ity, motion intention-directed passive training, mechanism,
and limitations.

4.1. Feasibility. In this study, five healthy subjects partici-
pated in the ankle training through gazing one of the four
flickering sources to trigger passive ankle stretching on an
ankle rehabilitation robot. One subject completely conducted
the ankle training without any discordance between his
motion intentions and actual rotation of the robot. Other
subjects conducted the training with no less than 80% success

rate. For subjects with weak motion ability of ankle joints,
many of them still maintain a normal vision and can focus
their attention on one of their interested things or objects
over a period of time. Subjects with stroke even can achieve
higher classification accuracy of extracting SSVEP signals
from online experiments than normal subjects [28]. For sub-
jects with weak motion ability of ankle joints, their confi-
dence to recover health can be enhanced in further training
when they actively conduct ankle training with 80% success
rate through their own efforts, albeit with the assistance of a
robot. Even if a judgment of the motion intention is wrong,
the passive training will still be conducted following up the
trajectory based on judgment of the robot. This definition
can keep the integrity and continuity of the whole training
and further improve efficiency of the training. During the
training inconsistent with motion intention of subjects, ankle
joints will still rotate following up trajectories of robot, which
can maintain the whole quantity of ankle stretching motion.

The maximum ITR is 24 bits/min in this study, and the
least ITR is 11.5 bits/min. Although the value of ITR is less
than recordings in many other literature [27–29], it is suit-
able to apply in this study. Based on the definition of ITR
expressed in (4), its value is computed based on the value of
T and N , which is proportional to the value of N , and
reversely proportional to the value of T . Although the ankle
robot is designed with three rotational degrees of freedom,
when combining the robot with virtual reality circumstance,
the proposed SSVEP-based therapy retains two degrees of
freedom; therefore, the value of N is set to 4. As mentioned
in [11], in the passive training mode, the combined DF/PF
trajectory is a sine wave with frequency of 0.02Hz; therefore,
the duration conducting single DF or PF trajectory will be
approximately 25 seconds. In this study, it is suitable to set
the value of T as 5 seconds, because subjects can have 5 sec-
onds to prepare in mind to generate SSVEP signals, and at
the same time, to accumulate energy in the body to conduct
the judged training. Adding extra 5 seconds of motion inten-
tion judgment to 25 seconds of passive ankle training does
not damage integrity of the whole training because its time
compared to the total training is less. Subjects with weak
motion ability of ankle joints might spend more than 5 sec-
onds to prepare in their mind and accumulate energy in their
body in advance before they can rotate ankles based on their
own efforts. Therefore, extra 5 seconds of motion intention
judgment applied to trigger passive training are comparable
to their actual movement pattern of ankle joints.

4.2. Motion Intention-Directed Passive Training. For motion
intention-directed passive training, virtual reality circum-
stance transfers rotation of ankle joints to trajectories of the
cursor, which are requested to touch the target to complete
the training [1, 13, 14]. Through observing the distance
between the target and the cursor, human brains estimate
which direction and how fast ankle joints should move and
how much effort ankle joints should exert. Then, through
neural pathways of the body, brains transfer the motion com-
mand to ankles. At the same time, trajectories of the cursor in
virtual reality circumstance display the motion situation of
ankle joints. After several loops of information transferring,
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the motion intention-directed passive training is accom-
plished when the target is reached by the cursor.

For pure passive training, subjects are requested to relax
completely by tracking predefined trajectories of the robot
[12]. Comparing with motion intention-directed passive
training, the biggest difference of pure passive training is that
brains of subjects might be in an idle state [11]. Relaxation of
the whole body indicates that the brain does not response to
any body motion. If their neural pathways are not blocked,
internal feedback of ankle motion along nervous system
should be maintained, which means that brains can feel the
situation of ankle motion in their mind [17].

In this study, virtual reality circumstance is combined
with passive training. Movement of the hammer on the rail
can exactly display the rotation of the robot footplate. There-
fore, subjects can get real-time visual feedback from move-
ment of the hammer to know what trajectories ankle joints
follow up and the real-time ankle position during the train-
ing. Once the hammer touches the targeted hamster, the
hamster disappears immediately, and subjects can know that
ankle joints have rotated to predefined maximum position.
To summarize, the motion intention-directed passive train-
ing requires part of active engagement from subjects.

4.3. Mechanism. When subjects prepare or deliver ankle
movements, EEG oscillatory activity at α-band (8–12Hz)
and β-band (12–30Hz) decreases over the premotor
and primary sensorimotor areas. This phenomenon is
so called event-related desynchronization (ERD), represent-
ing increased activation of the corresponding cortical area.
Event-related synchronization (ERS) is the phenomenon that
power recovers to the resting condition at the end of move-
ment [30]. Voluntary active movement, passive robot-
assisted movement, and motor imagery all associate with
ERD and ERS, and their oscillatory amplitude change is suc-
cessively from big to small [31]. When a stroke patient was
requested to repeatedly attempt DF of a paretic ankle joint
at a comfortable pace, ERD-modulated functional electrical
stimulation (FES) system could achieve short-term func-
tional improvement comparing with FES alone [32]. To some
extent, this supports the potential of the intention-directed
passive training with respect to pure passive mode.

The proposed SSVEP-based training strategy extends
partial characteristics of active training into passive training.
Firstly, subjects with weak motion ability of ankle joints can
actively trigger training. They can intentionally select certain
training plan through gazing one of the flickering circles in
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virtual reality circumstance. Secondly, subjects with weak
motion ability of ankle joints can pay more attention to their
training. When in passive training, subjects are always
requested to keep relax, and only follow up predefined trajec-
tories of the robot [3, 10]. In general, the proposed intention-
directed passive training strategy requires subjects to keep
their attention on virtual reality circumstance to get visual
feedback. In this way, subjects can not only know actual
rotating position of ankle joints but also devote more efforts
to the training.

4.4. Limitations. While preliminary experiments support the
feasibility and promise of the proposed intention-based pas-
sive training on an ankle rehabilitation robot, this study still
has some limitations. Firstly, EEG signal processing is per-
formed simply through FFT which is a very basic algorithm.
More advanced data process techniques should be involved
to improve the reliability. Second, the proposed training
strategy only involves very limited active engagement from
participants. It can be a good idea to combine SSVEP signals
with the whole training process for enhanced rehabilitation
efficacy. The third one is that future experiments should
recruit a large sample of patients with ankle disabilities. The
question that how patients perform with such a training
should be also investigated.

5. Conclusion

This study proposed a steady-state visual evoked potential-
(SSVEP-) based passive training protocol on an ankle reha-
bilitation robot and validated its feasibility and promise on
five healthy subjects. By combining SSVEP signals and the
virtual reality circumstance, the ankle rehabilitation robot
was found to be able to trigger the training based on their
motion intentions. The virtual reality training circumstance
also provides real-time visual feedback of ankle rotation.
Experiments showed that subjects could succeed in con-
ducting ankle training based on the SSVEP-triggered train-
ing strategy. Future work will focus on adopting more
advanced data process techniques to improve the reliability
of motion intention detection. The question that how
patients perform with such a training strategy should be
also investigated.
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Objective. This paper is to understand the effect of simultaneous correction of pectus excavatum with scoliosis and to provide some
useful information for clinical orthopedic surgery design. Methods. The method of a three-dimensional reconstruction has been
used to the reconstruction of the chest model of pectus excavatum with scoliosis, and the numerical stimulation has been
conducted to the process of minimally invasive correction. Three kinds of correction methods have been considered in the
numerical simulation, stretch spine, stretch spine and minimally invasive correction at the same time, and release stretch spine
after stretch spine and minimally invasive correction of pectus excavatum at the same time. Results. It is found that stretch spine
may help to correction of scoliosis but aggravate the sternum collapse, and release stretch spine after stretch spine and
minimally invasive correction at the same time could not only be good at scoliosis but also improve the collapse of the sternum,
which could help to improve the heartbeat and breath of the patients. Conclusion. Among the three kinds of correction
methods, release stretch spine after stretch spine and minimally invasive correction at the same time could help to improve both
the scoliosis and the collapse of the sternum.

1. Introduction

Pectus excavatum (PE) is a common disease with chest wall
deformity in adolescents. The incidence in newborns is about
1/300~1/1000, the prevalence rate of male and female is
approximately 4 : 1, and some patients may be accompanied
with scoliosis [1]. The typical symptom of pectus excava-
tum was sunken sternum. The symptom can lead to respi-
ratory and circulatory system dysfunction, palpitation,
shortness of breath after fatigue, exercise intolerance, and
other diseases [2, 3]. The current clinical treatment for
pectus excavatum is commonly minimally invasive correc-
tion surgery, which replaces the traditional Wada Stern
turnover and Ravitch sternal elevation [4]. Its advantages
are without osteotomy, shorter operation time, less bleed-
ing, quick recovery, and small and hidden incision [5–7].
The Nuss procedure changed the mechanical environment
of the thorax. It also has a pulling effect on the spine

which causes the lateral deformation of the spine and is
the main cause of postoperative pain. Because of the dif-
ference of patients, the operation plan is lack of the sup-
port of the numerical results and the Nuss procedure has
to rely on the experience of the doctors.

Scoliosis refers to one or several spinal segments deviate
from midline bend to side and form a radian. Cobb angle is
used to judge the degree of scoliosis deformity. When the
angle is 30° <Cobb< 40° [8–10], the patient needs to be
treated in hospital. If not promptly treated, it could develop
into a serious deformity and will affect the heart and lung
function. There are two kinds of treatments of scoliosis, one
is nonsurgical treatment and the other is surgical treatment.
At present, there are two kinds of effective methods:
Boston-type brace [11] and electric stimulation therapy
[12]. They are good for the treatment of mild idiopathic
scoliosis with Cobb angle less than 15°, which needs no
treatment but careful observation. In recent years, there
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are various methods of surgical treatment; the emergence
of new technology, such as Luque method [13], Zieke
method, and C-D operation [14, 15], has good effect, but
the surgical treatment is easy to injure the spinal cord
nerve and cause permanent damage [16, 17]. Pectus exca-
vatum patients are often associated with scoliosis symp-
toms. According to clinical experience, for patients whose
chest wall deformity is not serious, the doctor could per-
form spine correction and then correct pectus excavatum;
a case of right convex of thoracic spine with pectus exca-
vatum was reported in 2005 for the treatment of first
spinal traction and then the pectus excavatum correction.
For serious pectus excavatum and scoliosis, patients first
underwent Nuss procedure and then correction of scolio-
sis. In 2008, Blane et al. from the University of Michigan
first performed a Nuss procedure for a child with scoliosis
and then corrected the scoliosis.

At present, there are great progresses for the Nuss proce-
dure research in the field of biomechanics in the world. In
2007, Qiren Zhang from Chang Gung University, Taiwan,
made a mechanical analysis of the Nuss minimally invasive
correction procedure in three patients with symmetrical fun-
nel chest, but the model did not take into account the spine
and did not give the results of stress and strain after correc-
tion [18]. In 2010, Nagasao T, a Japanese scholar, created
the thorax model by the beam element and compared the
postoperative thorax stress distribution between children
and adults, in which there were some differences between
numerical simulation and clinical results of funnel chest
with scoliosis minimally invasive correction process; the
numerical simulations predicted the improvement of scoli-
osis, and scoliosis postoperatively were aggravating [19].
Since 2010, Jin-Duo Ye, from Tianjin University of
Technology, has carried out the numerical simulation of
the pectus excavatum with scoliosis orthopedic process by
using the three-dimensional solid-assembled model and
the beam element model. The numerical results of the
three-dimensional solid model are consistent with the
clinical results. However, in the results of the beam element
model, the predicted scoliosis results were significantly dif-
ferent from the clinical results. In 2016, Jin-Duo Ye et al.,
from Tianjin University of Technology, conducted an
experiment on the goat thorax model by using the method
of electrical measurement and the strain distribution of the
thorax model was obtained [20].

Now, there is less research work on both effects of scolio-
sis correction on thorax deformation of pectus excavatum
and simultaneous correction of pectus excavatum and scolio-
sis. The author carried out the biomechanics study of simul-
taneous correction of pectus excavatum and scoliosis by the
numerical simulation of minimally invasive correction sur-
gery and scoliosis stretching process and compared the
distribution of both the displacement field and stress field
of simultaneous correction on thorax deformity.

2. Methods

2.1. Construction of Finite Element Model. Computed tomog-
raphy (CT) images of thorax of the patient with pectus

excavatum with scoliosis were provided by General Hospital
of Beijing Command. In the patient with pectus excavatum
with scoliosis, the sternum concaves inward to the right side
with a depth of 40.3mm, and the spine bows to the left with a
Cobb angle of 20°. The 3-D solid model of the deformed tho-
rax was reconstructed in Mimics. The model was imported
into Geomagic for point cloud processing and finally
imported into ANSYS to create the assembled solid model
(Figure 1). Figure 1 was the thorax model with discs. It
included two pieces of sternums, twelve pairs of ribs, and
twelve section of thoracic vertebras, and the coordinates of
the model are in accordance with the previous CT default
coordinate system. In the model, the method of coupling dis-
placement has been used to link the vertebras and the ribs
and the ribs and the sternum. The intervertebral discs are
obtained by Boolean operation between two vertebrae.
Finally, the 3-D solid model of the thorax is shown in
Figures 1(a) and 1(b).

For the pretreatment of the model, element type is set
solid45 and material parameters are set linear isotropic. The
elastic modulus of sternum, thoracic vertebrae, and ribs is
set to E= 380MPa, Poisson’s ratio is μ=0.3, the elastic
modulus of the intervertebral disc is set to E= 10MPa, and
Poisson’s ratio is μ=0.45 [21].

The mesh is divided into 106,913 elements and 56,584
nodes. The finite element model is shown in Figure 2.

2.2. Correction of Scoliosis

2.2.1. Boundary Conditions. The lower surface of T12 of tho-
racic vertebrae is fully constrained, and the 11mm displace-
ment along the z-axis is applied to the upper surface of T1
to simulate the correction of spine. The connection of clavicle
and the manubrium sterni has been taken into account, and
the influence of the restraint of the sternum on the deforma-
tion of the chest has been also taken into account in the
paper. Considering the geometric nonlinearity, we set the
appropriate load step, adopt the residual force convergence
criterion, set the convergence precision to 0.001.

2.3. Simultaneous Correction of Pectus
Excavatum with Scoliosis

2.3.1. Boundary Condition. In this section, the numerical
simulation sets two load steps. In the first step, the T12 thorax
bottom surface displacement is constrained. Tensile displace-
ment along the axial is 8mm on the upper thorax spine T1,
which was to simulate the stretching of the spine. Minimally
invasive orthopedic correction displacement of pectus exca-
vatum applying on the second sternum is −40mm of Y direc-
tion. In the second load step, the axial displacement of the T1
segment of the thorax spine was released and the displace-
ment of Y orientation was kept. Because of the large deforma-
tion of the ribs in the process of correction, the geometric
nonlinearity has been considered. The last step is the option
of nonlinear solution, such as step length, step number,
calculation time, and calculation results of output frequency,
and precision of residual force convergence criterion is set
to 0.001.
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3. Results

3.1. Spine Correction Displacement Analysis. Numerical
results of displacement are shown in Figure 3. Figure 3(a) is
the spine before correction; it shows that the thoracic verte-
bra T3-T4 segment bends to the right (X positive direction,
coronal plane), thoracic vertebra T7–T9 segment bends to
the left (X negative direction, coronal plane). From
Figure 3(b), after correction, the maximum displacement of
Ux is 3.313mm in thoracic vertebra T7–T9, moved to left;
the minimum displacement of Ux is −2.487mm in thoracic
vertebra T3-T4, moved to right. The results show that the
spine has been corrected.

3.2. The Analysis of Thorax Displacement. The numerical
results of the displacement are shown in Figure 4. It can be
seen from Figure 4 (cross section) that the sternum depres-
sion is more serious after scoliosis correction, and the maxi-
mum value of displacement located on the first rib which is
connected to the sternum is 13.879mm. The displacement
of the manubrium sterni is larger than that of sternum. The
relationship between the displacement of the sternum and
the correction displacement is plotted in Figure 5. Figure 5
shows the spine stretch displacement is less than 2mm; the
displacement of the sternum is smaller; after 2mm, the sub-
sidence displacement of the sternum increased rapidly; and
when the displacement is more than 4mm, there is a linear
relationship between the displacement of the sternum and
the spine stretch displacement.

Figure 6 shows the deformation vector of the thorax. It
can be seen from Figure 6 that the displacements of the ster-
num, the first rib, the second rib, and the thoracic vertebra
T1-T2 segment are larger than those of others. In the process
of stretching the spine, not only the scoliosis of the spine was
corrected but also the normal physiological kyphosis of the
spine was changed. It can be seen from Figure 3(c) that the
displacement of T1-T2 segment of thoracic vertebra is the
largest in sagittal plane, and the maximum value is
6.216mm. The first pair of ribs and the second pair of ribs
connect to thoracic vertebra T1-T2, manubrium sterni, and
sternum; the function of the ribs is like a rod, so when the
thoracic vertebrae T1-T2 segment move in the sagittal plane,
it will drive the displacement of manubrium sterni and ster-
num and result in a further collapse of the thorax. The
numerical results clearly explain the phenomenon of hypo-
tension in patients; it is the correction of scoliosis that
effected the breathing and heartbeat [22].

ANSYS
Plot number 1

z
y

x

Figure 2: Finite element model.
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Figure 1: 3-D solid model of PE with scoliosis.
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The numerical simulation results show that the displace-
ment boundary condition at the connection of the clavicle
and the manubrium sterni has a significant influence on the
deformation of the thorax. The influence of the boundary

condition both in X direction (coronal plane) and in the axial
direction of spine has relatively less influence on the defor-
mation of the chest, but the boundary condition in sagittal
plane has a great influence on the deformation of the chest.
Once the sagittal displacement of the sternum is completely
restrained, the sternum is no longer collapsing to the spine,
which is not consistent with the appearance of hypotension
in the patients of pectus excavatum with scoliosis treated in
the literature [22].

3.3. Stress Analysis of Correction of Spine. The Mises stress of
the spine is shown in Figure 7. The maximum stress of the
spine was 30.2MPa, which appeared in the thoracic vertebra
T1-T2 segment. The rest of the stress is smaller. The Mises
stress of the intervertebral disc is shown in Figure 8, and
the maximum stress of the intervertebral disc is 7.03MPa.

3.4. Analysis of Correction Force of Spine. The numerical
results of the correction force are shown in Figure 9; correc-
tion force is proportional to correction displacement; with
the increase of correction displacement, the correction
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force gradually increased. When the correction is com-
pleted, the maximum correction force reaches 467.9N.
With the increase of displacement correction, Cobb angle
decreases, correction torque arm decreases, and correction
torque depends on the correction force and correction
arm. When the lateral bending angle decreases, the correc-
tion force increases.

3.5. Numerical Simulation Results of Nuss Procedure and
Stretch of Spine. The displacement and stress of the thorax
can be obtained through numerical simulation of minimally
invasive surgery and stretch of spine. Figures 10 and 11 show
the displacement of the chest in sagittal and coronal plane. It

can be seen that the sternum (sagittal plane) was raised to
41.953mm, followed by the upward movement of the ribs.
The collapse symptom of pectus excavatum was improved.
The maximum value Ux of the displacement on the coronal
plane is 2.19mm, which is located on the T7-T8 segment of
the spine. The minimum value is −2.995mm, which is
located on the T3-T4 segment of the spine. The maximum
displacement of the spine is 8.176mm; in the direction of axis
of spine, the Cobb angle was significantly decreased. The
numerical results have achieved the effect of simultaneous
correction of pectus excavatum and scoliosis. The Mises
stress is uniform; the maximum Mises stress is located on
the sternum and thoracic vertebras at T1–T4, and the maxi-
mum values were 76.6MPa and 23.4MPa, respectively. It
may be the main reason of the pain of Nuss procedure and
the correction of spine.

The correction force displacement of the numerical cal-
culation is shown in Figure 12. The relation of correction
force and the displacement of the correction are basically lin-
ear. The correction force is to increase along with the increase
of the displacement. When the correction is completed, the
maximum correction force reaches 319.52N. At the begin-
ning of correction, the correction force is small. With the
increase of the displacement correction, the symptoms of
scoliosis decreased, Cobb angle decreased, and correction
force increased.

3.6. Numerical Simulation Results after Releasing of Stretch
Correction. The axial displacement of the spine is removed,
and only the minimally invasive correction displacement of
pectus excavatum is kept. The displacement of the thorax
on sagittal plane is shown in Figure 13(a); the numerical
result shows that the maximum displacement of correction
is −41.48mm, occurred on the lower piece of the sternums,
and the ribs of left four, left five, and left six and right three,
right four, right five, and right six are significantly raised.
The overall funnel chest symptoms improved significantly.
Figure 13(b) shows Mises stress distribution of thorax after
correction; we can see that the maximum stress position is
on the sternum, which is consistent with the position of
correction displacement. The maximum stress is 45.9MPa.

Figure 13(c) shows the chest vector of displacement; it
can be seen that the greater displacement is located on the
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sternum. In addition to the correction of the lateral curvature
of the spine, it also corrects the normal convex in the process
of stretching the spine.

The numerical results of correction and Mises stress of
the spine are shown in Figure 14; from the numerical results,
it can be seen that T3–T5 section of the thoracic spine on both
sides of the transverse moves around 1mm to the left (X
direction), it indicates that the funnel chest and the spinal
column side bending simultaneously could help to improve

the scoliosis and that the maximum stress of the spine is
22.6MPa, which is located in the cross section of the T1 seg-
ment of the thoracic spine. This may be related to the load
way of displacement.

As shown in Figure 15, the displacement change of the
sternum is gradient. The maximum displacement is located
on the sternum. The maximum value is 40.502mm. The
minimum displacement of the upper manubrium sterni is
15.478mm. The maximum stress of the sternum is 45.9MPa.

Figure 16 shows the displacement and the Mises stress
distribution along the sagittal plane after correction. A more
serious collapse occurred on the ribs of left four and left five,
and at same time, the ribs of right four and right five were sig-
nificantly elevated; funnel chest symptom was improved. The
maximum stress is 39.5MPa, which is located on the right
side of the rib. It may be the stress concentration caused by
the load way of spine correction.

3.7. Comparison of Numerical Results of the Correction of
Pectus Excavatum with Scoliosis. As seen from Table 1, there
is less difference of the maximum displacements of the ster-
num except the stretching correction and there is much
difference of the minimum displacements of the manubrium
sterni. According to the results of removing the displacement
of stretch spine, the result of release of the stretch spine is
better than that of the Nuss procedure. The results show that
simultaneous correction and release of the spine stretch
is beneficial to the improvement of pectus excavatum.
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Figure 10: Numerical results of simultaneous correction of PE with scoliosis.
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Figure 11: Numerical results of spine/simultaneous correction of PE with scoliosis.
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Figure 13: Numerical results of the release stretch of spine.
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Figure 14: Numerical results of spine after stretching and releasing.
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Figure 15: Numerical results of sternum after stretching and releasing.
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Meanwhile, the maximum stress of releasing stretch scoliosis
is close to that of the Nuss procedure.

4. Discussion

There are many factors influencing on the deformation of
both thorax and spine. In this paper, we investigated the effect
of stretching of the spine on the deformation of the chest
from the biomechanical point of view. So far, there have been
no definite conclusions about the correction order of pectus
excavatum and scoliosis. Pectus excavatum patients are often
associated with scoliosis symptoms. According to clinical
experience, for patients whose chest wall deformity is not
serious, the doctor could perform spine correction and then
correct pectus excavatum; Huizhong Tian reported a case of
right convex of thoracic spine with pectus excavatum for
the treatment of first spinal traction and then the pectus exca-
vatum correction in 2005, which achieved a satisfactory
result [23]. However, for the patients with serious pectus
excavatum and scoliosis, the treatment should first be the
Nuss procedures and then scoliosis correction. In 2008, Blane
et al. from the University of Michigan first performed a Nuss
procedure for a child of pectus excavatum with scoliosis and
then corrected the scoliosis [22]. The deformity of thorax in
funnel chest with scoliosis is extremely complicated and var-
ied. Many factors such as the location and depth of the funnel

chest and the lateral bending of the spine may affect the cor-
rection outcome. The purpose of this paper is to explore a
surgical approach to reduce the risk of pain in patients and
to improve the symptoms of funnel chest and scoliosis, pro-
viding a reference for the design of clinical surgery.

5. Conclusion

(1) In this paper, numerical simulation method was used
to simulate the process of the Nuss procedure and
scoliosis-stretching correction simultaneously. It is
found that stretch of spine did influence the deforma-
tion and stress of the thorax. The numerical results
clearly explain the phenomenon of hypotension in
patients; it is the correction of scoliosis that effected
the breathing and heartbeat.

(2) Numerical simulation results have shown that cor-
rection of both pectus excavatum and scoliosis simul-
taneously could help to improve of the symptom of
both pectus excavatum and scoliosis. At the same
time, releasing of stretch displacement after correc-
tion of spine could help to raise the sternum and is
favorable to the Nuss procedure.

(3) Comparing different correction method in the paper,
it is found that the displacement of manubrium sterni
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Figure 16: Numerical results of ribs after stretching and releasing.

Table 1: Comparison of the numerical results.

Method of correction
Maximum displacement/sternum

(/mm)
Minimum displacement/manubrium

sterni (/mm)
Mises stress of sternum

(/MPa)

Simultaneous correction 40.502 15.478 45.9

Released correction of stretch
spine

40.743 2.120 70.5

Stretch spine −25.460 −13.879 30.2

Nuss procedure 40.737 0.210 70.3
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by releasing stretch of spine was greater than that
of the Nuss procedure and the Mises stress of the
sternum is close to that of the Nuss procedure.
Comparing the results of simultaneous correction,
the results of the Nuss procedure, and the results
of released correction of stretch spine, it is found
that the loading path affects the correction results,
which suggests that not only the process of Nuss
procedure but also the process of the stretch of
spine are nonlinear rather than linear.
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Background. As one of the most common musculoskeletal complications following trauma, elbow contracture is a frequent source
of disabled daily activities. Conventional interventions are inadequate to provide favorable outcome. The static progressive orthoses
are getting popular in the treatment of this problem. Objective. The purpose of this review was to assess the effectiveness of static
progressive orthoses for elbow contracture. Methods. Literatures when written in English published during 1 January 1997 and
31 January 2017 were searched in the following databases: Web of Science, Cochrane Library, PubMed, and EBSCOhost. Articles
are quality-assessed by two assessors, each article was summarized in evidence tables, and a narrative synthesis was also performed.
Results. Ten clinical trials were included. The study design and outcome measures used varied. Significant immediate improvement
in the range of motion was reported by all studies, and those effects were still significant at follow-up. No significant
difference was shown between static progressive and dynamic orthoses for elbow contracture in one randomized control
trial. Conclusions. Current low-quality evidence suggested that static progressive orthoses provided assistance for elbow
contracture through improving range of motion. Further research is recommended using high-quality randomized controlled trials.

1. Introduction

As one of the most common musculoskeletal complications
following trauma, elbow contracture is a frequent source of
disabled daily activities [1, 2]. Due to the multitude of etiolo-
gies, the incidence of elbow contracture after trauma and
surgery which requires surgical treatment is up to 12% [3].
Posttraumatic elbow contracture may result from both intrin-
sic and extrinsic factors. The intrinsic causes include intra-
articular adhesions, articular malalignment, loss of articular
cartilage, and a combination of the above, while the extrinsic
causes contain capsular and ligamentous contracture, hetero-
topic ossification, extra-articular malunions, and soft-tissue
contractures following burns [4]. Among those factors, capsu-
lar and soft-tissue contractures are considered themain causes
of elbow contracture [5]. Recent reviews, however, suggested
that most of elbow contractures are caused by a combination
of both intrinsic and extrinsic factors [4]. More importantly,
pain and swelling after trauma or surgery play an essential role
in promoting the formation of contracture [2, 6].

The most direct consequence of contracture is the
decreased range of motion (ROM). Normally, the range of
elbow flexion 100° (30°~100°) and forearm rotation between
50° of pronation and 50° of supination is required for most
daily activities, with a loss 50° flexion leading to an 80% loss
of functionality [7]. Currently, there are two types of
interventions for elbow contracture: operative and nonoper-
ative treatment. The operative treatment involves open or
arthroscopic release, arthroplasty, and manipulation under
anesthesia [4]. Although these are efficient treatments,
surgery and manipulation under anesthesia are complex
and tend to cause neurovascular complications as well as
recurrence [8]. The nonoperative treatment mainly involves
passive or assistant movement, continuous passive move-
ment, serial bracing, and static and dynamic orthoses [9, 10].

However, these interventions still have some limitations,
such as time-consuming, therapist reliance, and lack of solid
evidence support [11]. Also, the dynamic orthoses tend to
cause soft-tissue injury and inflammation under a constant
load to the joint, which results in low compliance [9, 12, 13].
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Nowadays, static progressive orthoses have been used for the
treatment of severe joint contracture after trauma and/or
surgery. The underlying mechanism of static progressive
orthoses on contracture is based on creep and stress relaxation
[14]. As reported previously, it is faster to achieve the elonga-
tion with the stress relaxation principle [8, 15, 16].

According to Schultz-Johnson [17], static progressive
orthoses have many advantages: (1) adjustable ROM and
force, they could be adjusted to the maximum tolerable
intensity to avoid pain and to have minimal damage; (2) con-
trollable load, the patient could adjust load according to the
subjective feeling; (3) higher tolerance and compliance;
(4) mobility, the patient could do active exercise after remov-
ing the orthoses easily; and (5) effective, efficient, and
economic, it requires less money and time by using static
progressive orthoses.

Although many studies have reported that static progres-
sive orthoses significantly improved the disabilities of
patients with elbow contracture, there is still no consensus
on the effectiveness and the protocols of static progressive
orthoses [8, 16, 18]. Therefore, the purpose of this
systematic review was to assess the effectiveness of static
progressive orthoses on the management of patients with
elbow contracture.

2. Methods

2.1. Search Strategy. A comprehensive literature search was
conducted in the following bibliographic electronic data-
bases: Web of Science, Cochrane Library, PubMed, and EBS-
COhost. Articles were included when written in English,
published between the beginning of 1 January 1997 and 31
January 2017. The following key terms and their combina-
tions were used for literature search: static progressive/
splint/splinting/brace/bracing/orthosis/orthoses, elbow, and
range of motion. Two independent authors retrieved and
selected the papers to determine the appropriateness based
on the titles and abstracts. Then, full texts of these articles
were assessed according to the inclusion and exclusion
criteria. Any differences in the results of identification were
resolved by consulting the third author.

The inclusion criteria were as follows: (1) subjects are
patients with elbow contracture, (2) interventions include a
static progressive technique, (3) outcome measure involves
ROM, and (4) study design includes a clinical randomized
control trial and pre-post intervention design.

The exclusion criteria were as follows: (1) case reports,
comments, protocols, and review papers; (2) employment
of invalid outcome measures; and (3) no static progressive
technique as interventions.

2.2. Data Extraction and Assessment. Two independent
reviewers extracted the data from the included studies by
using the Population Intervention Comparison Outcome
(PICO) method [19]. The data extracted from the studies
included study design, sample size, population character-
istics, intervention protocols, and outcome measures. Nar-
rative and tabulation were used to conclude the effect of

the static progressive orthoses. The included studies were
qualitatively evaluated without attempting data synthesis.

All studies were assessed independently by two reviewers
for methodological quality. The methodological index for
nonrandomized studies (MINORS) was used to assess the
articles without randomized design [20]. This appraisal tool
consists of 8 items focused on stated aim, inclusion of
patients, collection of data, outcome measure, unbiased
assessment, follow-up, drop rate, and calculation of the study
size. Each additional item is worth 2 points, for a maximum
score of 16. Differences of the score were resolved by consen-
sus between the two reviewers. The individual item scores
and quality assessment score for each article are evaluated.
Otherwise, level of evidence of the two controlled studies
(randomized or nonrandomized controlled study) was
used to assess the quality of the articles [21, 22]. The level
of evidence ratings focused on patient enrollment, results,
control group, study initiation, and outcomes. Higher
levels of evidences could be more convincing to clinical
practitioners [23].

3. Results

As shown in Figure 1, a total of 353 studies were identified
from a comprehensive search. Firstly, the titles were read,
and 297 articles were excluded for having no relevance to
the primary objective of this review. Among the 56 trials left,
46 were excluded by reading abstracts and/or through full
text. The reasons were displayed as follows: 22 studies were
not clinical trials, 20 studies were excluded because they did
not use the static progressive stretching in the method, and
4 studies were excluded for not treating elbow contracture.
Thus, 10 clinical trials were included in this review (Table 1).

Of the ten studies included in this review, only two had
controlled trials in the group [21, 22], whereas the remaining
eight were of pre-post intervention design [9, 12, 15, 24–28].
The two controlled studies were scored as therapeutic
evidence I and III, respectively [21, 22]. The individual item
scores and total quality assessment score for the pre-post
intervention study are summarized in Table 2. Only one
study had a methodological score exceeding 60% [27], sug-
gesting overall low methodological quality. All studies lost
quality points for a lack of prospective collection of data.
Only four studies explained the main outcome which should
be in accordance with the question addressed by the study
[12, 15, 27, 28]. Two studies did not report the inclusion
and exclusion criteria [24, 28]. Assessors were not blinded
in 7 studies [9, 12, 15, 24–26, 28], and four studies lacked
appropriate follow-up [15, 24, 26, 27]. Another four studies
were attributed to a high risk of bias in terms of high drop
rate [9, 25, 26, 28]. Only two articles discussed their results
on the basis of statistical significance, treating this equally
to clinical relevance [25, 27].

In total, the included studies involved 289 patients (age:
8~ 77 years old), of which, 153 patients failed to improve
by using standard physiotherapy [9, 12, 15, 21, 24, 27],
whereas 89 patients received surgical release before static
progressive stretching in other third studies [12, 22, 26].
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Types of device used in the involved studies varied. There
were four studies that investigated splint [21, 24, 25, 28] and
two studies that examined the effects of orthoses [9, 26]. All
other studies used mobilization brace [12], hinged external
fixation [22], and Joint Active System [15, 27]. Most devices
were custom-made based on the clients’ elbow shape
[9, 12, 21, 25, 26, 28]. In these studies, various intervention
protocols were studied. For instance, some studies performed
the treatment 30mins/time, 3 times/day [15, 21, 25, 27],
while the other studies applied the intervention between 6
hours and 20 hours per day [9, 12, 21, 24, 27]. The duration
of the treatment was varied between 1 week and 9 months.
Most of the patients insisted on the intervention at least
4 weeks [9, 12, 22, 24–27]. Five articles set the intensity to
the most discomfort but without pain [9, 15, 24, 26, 27]. In
addition, patients in most studies were instructed to do active
or assisted active exercise during each session of treatment to
maintain the stretching effects [9, 12, 22, 24, 26, 28].

A majority of studies have long-term follow-up after
treatment [9, 12, 21, 22, 25, 28]. Significant immediate
improvement in the ROM was reported in all studies, and
those effects were still significant at follow-up. Two studies
examined the satisfaction of interventions with significant
results [15, 27]. In addition, two studies found a significant

improvement in the upper limb function following the
stretching intervention [21, 28]. The randomized control
study found that both static progressive and dynamic
orthoses could significantly improve posttraumatic elbow
contracture, but the difference between the groups was not
significant [21]. A slight increase in elbow motion in the
group treated with static progressive orthoses than in the
group not treated with static progressive orthoses was
showed by another trial [22].

4. Discussion

This systematic review was aimed to appraise the effective-
ness of static progressive orthoses on the elbow contracture.
Despite the poor quality of included studies, this review
suggested that static progressive orthoses could improve
ROM for patients with elbow contracture. Although it is
impossible to provide guidelines due to the diversity in
therapy content and dosage, findings and suggestions are
discussed in more detail within this discussion.

In these ten studies included, the subjects were reported
to have experienced trauma, such as fracture and elbow
dislocation. According to the reports, no study analyzed the
outcome basing on the type or severity of the injury which
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could play a determinant role in the recovery process. If the
injury occurred in the joint leading to the collapse of the joint
surface, the prognosis could be limited when compared
with that taking place in the ligament. A literature review
concluded that orthoses could not provide an increase in
joint motion due to intrinsic factors [29]. However,
patients who had significant intrinsic factors did also have
some degree of extrinsic factors that might respond to
static progressive orthoses. This may suggest the demand
of subgroup analysis to examine the specific effect on the
dysfunction in different injured populations.

It is also noticed that the onset of the intervention varies
among those studies. A few studies selected patients right
after surgical treatment while other studies recruit patients
who failed the 4-week to 11-week standard physiotherapy
or had undergone elbow contracture between 52 days and
16.7 months. Although positive improvements have been
reported in all these studies, for the studies that perform early
intervention after surgery, the contribution of static progress
orthoses to the improvement could be questionable as it is
difficult to exclude the effects of other concurrent treatment.

As demonstrated in Table 1, the intervention protocols
adopted in terms of the frequency, intensity, and duration
of static progressive orthoses are discrepant among these
studies. The treatment protocols were determined according
to a physiotherapist’s clinical experience or a manufacturers’
suggestions, but the evidence was determined from the
clinical study of high quality. Due to the discrepancy in
intervention protocols, it is unable to synthesize the data to
evaluate its effects on the elbow contracture. Muller et al.
[8] suggested that the treatment should be 30mins/time,
about 3 times/day in each direction in consideration of the

patient’s compliance. Since there is no rigid randomized
clinical trial to confirm this suggestion, its reasonableness
remains unclear. However, a recent study found that higher
stretch intensity or duration might be necessary to achieve
better outcomes based on the creep and stress relaxation
properties of the soft tissue [30].

All the studies included in this review used the ROM as
the outcome measure, while two studies also employed
functional scales and three studies assess the satisfaction with
the treatment. It is well known that the clinical outcome
should not only limit to impairment level as the importance
of functional, psychosocial, and environmental aspects has
been recognized in the International Classification of Func-
tioning, Disability and Health (ICF) model. From current
research, Disabilities of the Arm, Shoulder and Hand
(DASH), American Shoulder and Elbow Surgeons evaluation
(ASES-e), and Patient-Rated Elbow Evaluation (PREE) could
enhance the ability of clinical practitioners and researchers to
evaluate the patients with elbow pathology [31]. In order to
comprehensively explore the effects of static progressive
orthoses, these instruments meeting reliability and validity
criteria should be recommended.

Out of the ten studies, five studies did long-term
follow-up ranging from 6 months to 29 months and found
that all the positive improvement remained at the follow-
up [9, 12, 21, 25, 28]. It is interesting to notice that the
duration of follow-up covers such a long time range. It
is generally known that self-exercise could maintain the
elbow function in the follow-up as ROM improves [29].
Compared to the long-term follow-up, it may be more
valuable to investigate the short-term effect as the change
of the length and flexibility of soft tissue will not take a

Table 2: Methodological quality ratings for each article.

Reference
Parent-Weiss
and King
2006 [26]

Doornberg
et al. 2006

[25]

McGrath
et al. 2009

[27]

Bhat et al.
2010 [9]

Ulrich et al.
2010 [15]

Marinelli et al.
2010 [12]

R. Suksathien and
Y. Suksathien
2010 [24]

Liu et al.
2011 [28]

A clearly stated aim 2 2 2 2 2 2 2 2

Inclusion of consecutive
patients

2 2 2 2 2 2 0 0

Prospective collection
of data

0 0 0 0 0 0 0 0

Endpoints appropriate
to the aim of the study

0 0 2 0 2 1 0 2

Unbiased assessment
of the study endpoint

0 0 2 0 0 0 0 0

Follow-up period
appropriate to the aim
of the study

0 2 0 2 0 2 0 2

Loss to follow-up less
than 5%

0 0 2 0 2 2 2 0

Prospective calculation
of the study size

0 2 2 0 0 0 0 0

Total score 4 8 12 6 8 9 4 6

MINORS (methodological index for nonrandomized studies) for 8 pre-post intervention design studies. The items are scored 0 (not reported), 1 (reported but
inadequate), or 2 (reported and adequate).
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long period if the patients kept doing appropriate range of
motion exercise. Instead, the short-term measurement
could reveal a more detailed time and range relationship
of the elbow contracture which could provide a useful ref-
erence to optimize the treatment protocol.

Adverse events were mentioned in five studies
[9, 12, 22, 26, 28]. The following complications are defined
as adverse events in those studies: skin allergic reactions, scar
breakdown, and nerve irritation. Only a few patients
reported one of these complications during the treatment,
but clinicians need to be aware of the risk of those com-
plications and the measures to prevent or to deal with
them when happened.

Another important finding was that all included articles
were conducted between 2005 and 2012. It is somewhat
surprising that no studies on static progressive orthoses for
elbow contracture are performed in recent years. In con-
trast to our findings, however, a few studies confirmed
the effectiveness of static progressive orthoses for shoul-
der and metacarpophalangeal joint contracture recently
[14, 32]. This result may be explained by the fact that the
effectiveness of static progressive orthoses for elbow contrac-
ture is generally confirmed.

Several methodological weaknesses may affect the
strength of the evidence of these studies. Firstly, eight studies
used pre-post intervention design without control groups,
making it difficult to discriminate the real effect from the
natural recovery or other factors. Secondly, in most of the
studies, measurements were not conducted by independent
assessors. Thirdly, the sample sizes of most of the studies in
this review were not generally performed which could
confound the efficacy of the program. As the drop rates were
generally high, the clinical relevance of the effects often seems
relatively small. Furthermore, there is a lack of a standardized
treatment protocol of static progressive stretching, and it is
impossible to synthesize the data for analysis.

This systematic review has the following strengths.
Several databases were searched, and articles were selected
independently. The methodological quality of the included
pre- post intervention studies was assessed using the
MINORS. It is considered that this article gives relevant addi-
tional information. More high-quality randomized control
trials are required to increase the strength of evidence. The
sample size should be calculated scientifically, and detailed
intervention protocols are required for future studies. Future
studies are also recommended to conduct a comprehensive
outcome measurement with reasonable long-term follow-
up to examine the effects of the static progressive orthoses
for elbow contracture.

Finally, some factors may affect the outcomes of this
review: (1) As the search strategy is limited to articles
published in English, some studies may have been missed
and (2) a meta-analysis is not appropriate due to study
heterogeneity and low study quality.

5. Conclusion

To the author’s knowledge, this is the first systematic review
to consider the methodological quality for static progressive

orthoses. Current low-quality evidence suggests that static
progressive orthoses provided assistance for elbow contrac-
ture through improving ROM. Further research is recom-
mended to examine the effectiveness of this treatment using
high-quality randomized controlled trials.
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The present study was conducted to examine the effects of body weight on intradiscal pressure (IDP) and annulus stress of
intervertebral discs at lumbar spine. Three-dimensional finite element model of osseoligamentous lumbar spine was developed
subjected to follower load of 500N, 800N, and 1200N which represent the loads for individuals who are normal and overweight
with the pure moments at 7.5 Nm in flexion and extension motions. It was observed that the maximum IDP was 1.26MPa at
L1-L2 vertebral segment. However, the highest increment of IDP was found at L4-L5 segment where the IDP was increased to
30% in flexion and it was more severe at extension motion reaching to 80%. Furthermore, the maximum annulus stress also
occurred at the L1-L2 segment with 3.9MPa in extension motion. However, the highest increment was also found at L4-L5
where the annulus stress increased to 17% in extension motion. Based on these results, the increase of physiological loading
could be an important factor to the increment of intradiscal pressure and annulus fibrosis stress at all intervertebral discs at the
lumbar spine which may lead to early intervertebral disc damage.

1. Introduction

Obesity has been recognised as a factor that could lead to
chronic low back pain (LBP). This problem is expected to
further escalate in the near future with the current increasing
numbers of overweight and obese population [1, 2]. It was
demonstrated that the increase of body weight will increase
the stress at the lumbar spine which leads to potential factor
of intervertebral disc (IVD) degeneration [3–6]. Further-
more, excessive loading applied on the lumbar spine tends

to fracture the vertebral body endplate before damaging the
IVD [7].

In computational studies, follower loadapplied to the lum-
bar spine could increase intradiscal pressure (IDP), interseg-
mental rotation and facet joint force [8, 9]. The compressive
load on the spine reduces the disc height due to the decrease
of the volume of mass gelatinous in nucleus pulposus. As the
fluid is being squeeze out from the disc, the tissue will reorga-
nize which caused the viscoelastic annulus collagen fibers to
creep [10, 11]. Consequently, this increases the hydrostatic
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pressure and the outer annulus starts to bulge. Although these
phenomenons have been described in many computational
and clinical studies, the fundamental understanding that
underpins the biomechanics leading to disc damage has yet
to be explored. Furthermore, the relationship between the
increase in body weight to the stresses occurs at various
vertebral segments of the lumbar spine when the body in
different posture needs to be elucidated.

In the present study, the effects of physiological loading
on the lumbar spine were studied at all vertebral segments
to examine the IVD during flexion and extension motions
using finite element method. The IDP at nucleus pulposus
and the von Mises stress (VMS) at annulus fibrosis of the
IVD were investigated.

2. Materials and Methods

2.1. Finite Element Modeling. The geometrical data of lum-
bar vertebrae were obtained from computed tomography
(CT) scan of a healthy 21-year-old male with 1.73m height
and 70 kg weight. The CT scan images of 3mm slice
thickness in two-dimensional (2D) Standard Tessellation
Language (STL) format were segmented to develop a three-
dimensional (3D) model of human lumbar spine using
Mimics 14.0 (Materialise, Leuven, Belgium) and Magics
(Materialise, Leuven, Belgium) softwares as shown in
Figure 1(a). Marc Mentat 2011 (MSC, Software, Santa Ana,
CA) finite element (FE) software was then used to generate
the FE model using linear first-order tetrahedral elements
as shown in Figure 1(b).

The vertebra was divided into hard cortical bone on the
outside and less dense cancellous bone inside where linear
isotropic material properties were imposed for both cortical
and cancellous bones [12]. The thickness of cortical was set
at 1mm [13].

The 3D model of the IVD was created manually using
SolidWorks (Dassault Systèmes SolidWorks Corporation)
software where the volumetric ratio between the annulus
and nucleus was set to 3 : 7 [14]. The top and the bottom
surfaces of the disc were constructed such that the surfaces
were in contact with the corresponding adjacent surfaces of
the vertebral body using Mimics software. The IVD was
composed of nucleus pulposus and annulus fibrosis which
was modelled as hyperelastic using Mooney-Rivlin formula-
tion [15, 16]. The annulus was constructed to be composite
of a homogenous ground substance reinforced by collagen
fibers. The fibers were represented by 3D truss element with

L1

L2

L3

L4

L5

L1

L4

L5

(a) (b)

Figure 1: L1–L5 lumbar spine. (a) Three-dimensional model and (b) finite element model.

Table 1: Geometrical parameters of the lumbar spine ligaments
[15, 18].

Ligaments Cross-sectional area (mm2)

Posterior longitudinal ligament (PLL) 20.0

Anterior longitudinal ligament (ALL) 63.7

Ligamentum flavum (LF) 40.0

Capsular ligament (CL) 30.0

Intertransverse ligament (ITL) 1.8

Interspinous ligament (ISL) 40.0

Supraspinous ligament (SSL) 30.0
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nonlinear stress-strain curve material properties and the
angle varied from ±24° to ±46° [12, 15].

The facet cartilage area was set as hyperelastic using the
Mooney-Rivlin formulation with the thickness of 2mm
[12, 16]. The articulating facet surfaces were modelled as

surface-to-surface contact with 0.5mm initial gap where
the normal contact stiffness was 200N/mm and the friction
coefficient is zero [15]. This will only allow the compressive
force to be transmittedwithin the gap between the articulating
facet surfaces [15, 17].

The ligaments were represented using truss elements.
Table 1 shows the geometrical parameter of the lumbar spine
ligaments [15, 18]. The complete list of the material proper-
ties imposed in the FEmodel of the osseoligamentous lumbar
spine is presented in Table 2.

Mesh convergence analysis was performed in order to
obtain an optimum FE model of the lumbar spine. Four FE
models of L4-L5 lumbar segment were developed using
1.5mm, 2.0mm, 2.5mm, and 3mm mesh sizes. The analysis
was based on the IDP results of the IVD where the optimum
mesh size started at 2mm as the IDP reached a plateau value.
The 2.0mm was then applied in FE model of L1–L5 lumbar
spine [12].

2.2. Finite Element Analysis. The contact surfaces between
the vertebral bodies and the IVD were set as perfectly con-
nected to each other using segment to segment contact
algorithm in Marc Mentat software. The FE model was
subjected to follower load of 500N, 800N, and 1200N which
represent the typical human normal weight, overweight, and
obesity based on 65% of upper body weight with an addi-
tional 200N of local muscle force [19, 20]. Pure moment of
7.5Nm was generated using force couple applied at flexion

Table 2: Material properties of the components in the osseoligamentous lumbar spine model.

Element set Element type Material properties Reference

Cortical bone 3D tetrahedron E= 12,000MPa, ν= 0.3 [16]

Cancellous bone 3D tetrahedron E= 100MPa, ν= 0.2 [16]

Articular cartilage 3D Herman formulation, lower order tetrahedron E= 35MPa, ν= 0.4 [15]

Nucleus pulposus 3D Herman formulation, lower order tetrahedron Mooney-Rivlin: C1 = 0.12, C2 = 0.03 [12]

Annulus fibrosis 3D Herman formulation, lower order tetrahedron Mooney-Rivlin: C1 = 0.18, C2 = 0.045 [12, 16]

PLL 3D truss E= 10.0MPa (ɛ< 11%), E= 20MPa (ɛ> 11%) [15, 18]

ALL 3D truss E= 7.8MPa (ɛ< 12%), E= 20MPa (ɛ> 12%) [15, 18]

LF 3D truss E= 15.0MPa (ɛ< 6.2%), E= 19.5MPa (ɛ> 6.2%) [15, 18]

CL 3D truss E= 7.5MPa (ɛ< 25%), E= 32.9MPa (ɛ> 25%) [15, 18]

ITL 3D truss E= 10.0MPa (ɛ< 18%), E= 58.7MPa (ɛ> 18%) [15, 18]

ISL 3D truss E= 10.0MPa (ɛ< 14%), E= 11.6MPa (ɛ> 14%) [15, 18]

SSL 3D truss E= 8.0MPa (ɛ< 20%), E= 15.0MPa (ɛ> 20%) [15, 18]

E: Young’s modulus; ν: Poisson’s ratio; ɛ: strain; C1 and C2: material constant characterising the deviatoric deformation of material.

Fixed displacement

Follower load path

Flexion moment point

Extension moment point 

Figure 2: Loading and boundary condition of FE model of the
lumbar spine.

Table 3: Magnitude of moment loading applied on the lumbar
spine.

Loading direction
Flexion moment

point
Extension moment

point
Fy (N) Fz (N) Fy (N) Fz (N)

Flexion −98N −230N 98N 230N

Extension 98N 230N −98N −230N
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and extension moment points (Figure 2) to create either flex-
ion or extension motions [21, 22]. The force couple consists
of two equal and opposite forces as shown in Table 3 [23].

Eight spring elements were applied around the L1–L5
lateral vertebral body where the total load was divided
equally to each of the spring element [24, 25]. This is to
assure the uniformity of the applied follower load and to
avoid any potential rotation of the intervertebral body. The
inferior surface of the L5 vertebral body was completely fixed
in all directions as shown in Figure 2.

3. Results

3.1. Verification of FE Model. The FE model of osseoligamen-
tous lumbar spine was verified by comparing the range of
motion (ROM) with previous in vitro study for flexion and
extension motions at pure moment of 7.5Nm. The present
results of the intersegmental rotations of the lumbar spine
follow similar trend to the previous in vitro results as shown
in Figure 3 [21]. The percentage difference of the ROM
between present and previous in vitro study in flexion was
7.5% at 7.5Nm. Although notable difference was found
between 2Nm and 5Nm in extension motion of the lumbar
spine, the percentage difference of the ROM was decreased
to 8.1% when reaching 7.5Nm moments.

Further comparisons were also carried out to examine the
axial displacement and IDP of IVD at L4-L5 vertebral seg-
ment. It was found that similar trends were observed in the
previous in vitro studies as shown in Figure 4 [26, 27]. The
differences between the present FEA results and previous
in vitro study results for axial displacement and IDP of the
IVD at 1200N compression load were 7.1% and 6.9%,
respectively. Based on these results, the developed FE model
could produce appropriate and reliable results for further
FE analysis.

3.2. The Effects of Human Weight on the Intradiscal Pressure.
Figure 5 shows the comparison of the IDP of nucleus pulpo-
sus for each IVD vertebral segments in the lumbar spine. It
was found that the IDP was increased as the human spine
physiological loading increased in flexion motion where the
highest pressure was 1.26MPa at L1-L2 vertebral segment.
The IDP was increased in flexion motion but an opposite
trend was observed in extension motion. The effects of the
human weight were observed to be more significant at the
L4-L5 segment as shown in Figure 6. In flexion motion, the
1200N load generated 30% higher pressure than the 500N
load, respectively, whereas in extension motion, the pressure
decreased to 80%. At other vertebral levels, the difference of
the IDP between 500N and 1200N loads ranges from 4%
to 8% in flexion motion, whereas higher range was obtained
between 18–60% in extension motion.

3.3. The Effects of Human Weight on Annulus Fibrosis. In
general, the annulus stress increased as the human weight
increased with the maximum annulus stress of 3.9MPa for
1200N load at L1-L2 lumbar segment as shown in Figure 7.
The highest increment was observed at the L4-L5 where the
annulus stress increased to 17% in extension motion,
whereas in flexion motion, the annulus stress increased to
10%. At other vertebral levels, the increment of the annulus
stress between 500N and 1200N loads was between 1.3–8%
in extension and 1–8% in flexion motion.

4. Discussion

The present study demonstrates that physiological loading of
body weight plays an important role of stress distribution at
IVD in the lumbar spine. It was observed that increasing
body weight will increase the pressure at nucleus pulposus
and annulus fibrosis at all levels of the IVD. Furthermore,
the position and direction of motion appears to affect these
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results where the IDP was increased in flexion motion but an
opposite trend was observed in extension motion. A severe
effect was noticed when heavier individuals continue to expe-
rience increased stress and pressure on IVD at all vertebral
segments in the lumbar spine particularly at L4-L5 segment
in both flexion and extension motions.

The results of the present study show similar pattern to the
IDP measured in in vitro study where the maximum IDP was
found inflexionmotiondue to the load shift fromtheposterior

towards the anterior of the IVD in flexionmotion [12, 28, 29].
The increase of nucleus pressure enhances the tensile stress on
the annulus fibers which leads to the excessive stress on the
IVD and stimulate the propagation of disc degeneration
particularly in nucleus pulposus [21]. This will increase the
stiffness of IVD and could reduce its height due to the outflow
of fluid through the vertebral body endplates [30]. Subse-
quently, the fluid loss will increase the proteoglycan and
osmotic pressure within the nucleus [30, 31].
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Figure 5: Comparison of the IDP of nucleus pulposus for each IVD vertebral segments in the lumbar spine.
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The maximum annulus stress was obtained in extension
motion due to the load shift from the anterior towards the
posterior of the IVD. This phenomenon was also observed
in previous clinical study where the structural defect in the
vertebral body endplate tends to distribute the load trans-
ferred from the nucleus to the posterior annulus. It has been
shown that this can potentially lead to pain and could tear the
annulus at the disc rim [32, 33].

5. Conclusion

Gaining body weight will increase stresses of IVD at all
vertebral segments in the lumbar spine particularly the L4-L5
segment. Furthermore, the nucleus pulposus was more
severely affected compared with the annulus fibrosus.
Although flexion and extension motions of the lumbar spine
appear to have different percentage effect on the IVD, it was
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found that heavier individuals will continue to experience an
increase in stress at IVD regardless of the position of the spine.
This could be a factor that can lead to early intervertebral
disc damage.
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Introduction. This study investigated the relationship between the parameters related to the natural head position and cervical
segmental angles and alignment of patients with neck pain. Material and Methods. The lateral radiographs of the cervical spine
were collected from 103 patients and were used to retrospectively analyze the correlation between the natural head
position, cervical local sagittal angles, and alignment. Sagittal measurements were as follows: cervical curvature
classification, slope of McGregor’s line (McGS), local sagittal angles (C0–C2 angle, C2–C5 angle, C5–C7 angle, and C2–C7
angle), T1 slope, center of gravity of the head to sagittal vertical axis (CG–C7 SVA), and local sagittal alignment (C0–C2
SVA and C2–C7 SVA). Results. McGS was significantly correlated to C0–C2 angle (r = 0 57), C0–C2 SVA (r = −0 53), C2–C7
SVA (r = −0 28), and CG–C7 SVA (r = −0 47). CG–C7 SVA was also significantly correlated to curvature type (r = 0 27), C5–C7
angle (r = −0 37), and C2–C7 angle (r = −0 39). Conclusions. A backward shift with an extended head position may accompany
a relatively normal curvature of the cervical spine. The effect of posture control in relieving abnormal mechanical state of the
cervical spine needs to be further confirmed by biomechanical analysis.

1. Introduction

Cervical curvature is one of the clinical assessments which
could reflect the mechanical state of the cervical spine. With
a normal lordotic curvature, the least amount of energy is
spent to maintain the horizontal gaze in the upright position
[1]. Under this condition, tensile and compression loads on
spinal structures are smallest compared to other cervical
alignments [2, 3].

The cervical spine connects the skull and thoracic verte-
brae and supports the mass of the head. It is a multijoint
structure that allows complex movement of the neck. In
recent years, many studies have used X-ray imaging to
explore the relationship between parameters related to cervi-
cal sagittal alignment, involving the mass point of the head,
C2 vertebral center, T1 slope, and other measurements [4].

Lee et al. found that T1 slope and C2–C7 Cobb angle were
strongly correlated [5], whereas the cranial offset and
C2–C7 Cobb angle were in moderate correlation. Nunez-
Pereira et al. found that the occiput–C2 angle and C2–C7
Cobb angle also showed a moderate correlation [6]. Tang
et al. found a close relationship between the C2–C7 sagittal
vertical axis (C2–C7 SVA) and health-related quality of life
in patients who underwent surgery of the cervical spine [7].

The above studies have shown that the segmental angle,
alignment of the cervical spine, and the position of the first
thoracic spine were interdependent and may contribute to
the progression of cervical degeneration and quality of life.
These studies focused a lot on the effect of cervicothoracic
junction towards sagittal alignment of the cervical spine,
but less attention was paid to the head position. As already
known, the head position could be controlled freely by our
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mind in a certain range of motion, and it needs a little
moment to move the head in a neutral zone [8]. For a proper
transmission of the head weight, there should be some
relationship between the position of the head in the natural
standing position, the local sagittal angles, and the alignment
of the cervical spine. The natural head position in the sagittal
plane may include the rotation and translation degrees of
freedom, which could be represented by a head tilt and
forward/backward head shift [9] or by McGregor slope
(McGS) and C0–C7 sagittal vertical axis (CG–C7 SVA) [10,
11]. We hypothesized that these parameters of the head posi-
tion have some impacts on the cervical segmental angles and
alignment.

Therefore, the objective of this study was to investigate
the relationship between the parameters related to the natu-
ral head position and the cervical alignment, through retro-
spectively analyzing the cervical lateral radiographs of 103
patients with neck pain.

2. Materials and Methods

2.1. Study Design. This study was a retrospective data anal-
ysis of consecutive patients who underwent sagittal plane
cervical spine X-ray from January 2015 to January 2016.
Inclusion criteria were adult neck pain patients (>18 years
of age), with symptoms like neck stiffness, pain, and local
tenderness, with or without limited cervical activity. Their
X-ray examination can be normal or with mild degenera-
tion. Exclusion criteria included patients with ankylosing
spondylitis, tumor, cervical fracture or dislocation, diffuse
idiopathic bone hypertrophy, and other specific diseases
or mutations.

2.2. Radiographic Analysis. The lateral radiographs of the
cervical spine were taken when patients were in the standing
position. The measurements included cervical curvature clas-
sification (Figure 1) and parameters related to the head
position and cervical alignment (Figure 2). The entire mea-
surements included the following parameters:

(1) Cervical curvature classification [12]: the cervical
curvature was divided into three types including lor-
dosis, straight/sigmoid, and kyphosis as types 1–3. To
classify the curvature, a line was drawn to connect the
midpoint of the C2 inferior end plate and C7 superior
end plate. Then, the center of each vertebral body
fromC3 toC6was located by connecting the diagonals
of each vertebral body in the sagittal plane, and the dis-
tance from each center to line AB (see Figure 1) was
measured. If all centers of vertebral bodies were in
frontof the line and themaximumdistancewasgreater
than 2mm, the curvature was classified into the
lordosis group; if the centers were in front of or behind
the line but the maximum value of distance was no
more than 2mm, the curvature was classified into the
straight group. For the sigmoid group, the centerswere
in front of or behind the line, but the maximum value
of distance was greater than 2mm. For the kyphosis
group, the centers were all behind the line connecting
the C2–C7 endplates, and the maximum value of
distance was greater than 2mm.

(2) Slope of McGregor’s line (McGS) [13]: McGregor
slopewasdefinedas the slopeof the line that connected
the posterior margin of the hard palate and foramen
magnum against the horizontal plane. This value was
reported to be strongly correlated with the chin-brow
vertical angle (CBVA) (r = 0 862) which was one
measurement of horizontal gaze. So this value was
used in the current study as an angular assessment of
the natural head position. A positive value means that
the head was in the extension position with ascending
gaze, and a negative value means that the head was in
the flexion position with descending gaze.

(3) Local sagittal angles: local sagittal angles included
C0–C2 angle, C2–C5 angle, C5–C7 angle, and C2–
C7 Cobb angle. C0–C2 angle was defined as the angle
between the inferior endplates of C2 and McGregor’s
line [6]. C5–C7 angle denoted the angle between the
C5 superior endplate and C7 inferior endplate [14].

C2

C7

A

B

A

B

A

B

A

B

≥2 mm <2 mm

≥2 mm

≥2 mm

Figure 1: The cervical curvature types (from left to right: lordosis, straight, sigmoid, and kyphosis).
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C2–C7 Cobb angle denoted the angle between the C2
inferior endplate and C7 inferior endplate [5]. In the
current study, to see the effect of the head position on
the middle cervical spine, C2–C5 angle was defined as
the value of C2–C7 Cobb angle subtracted by C5–C7
angle.

(4) T1 slope [10]: T1 slope was defined as the angle
between the line that was parallel to the superior
end plate of T1 and the horizontal plane.

(5) The center of gravity of the head to sagittal vertical
axis (CG–C7 SVA): CG–C7 SVA was defined as
the distance between a plumb line dropped from
the anterior margin of the external auditory canal
and the posterior superior corner of C7. This value
reflected relative translation of the head against the
C7 vertebra [10].

(6) Local sagittal alignment: C2–C7 sagittal vertical axis
(C2–C7 SVA) was defined as the distance between a
plumb line dropped from the centroid of C2 and
the posterior superior corner of C7 [7]. This value
reflected the relative translation of the C2 vertebra
against the C7 vertebra. To see the effect of the head
position on the sagittal alignment of the upper cervi-
cal spine, we defined the C0–C2 sagittal vertical axis
(C0–C2 SVA) as the value of CG–C7 SVA subtracted
by C2–C7 SVA.

The above parameters concerning the head position and
cervical alignment have been widely used in previous studies
with good reliability [10]. These measurements were proc-
essed independently by two experienced radiologists, and
the measured values were averaged to produce the results.

The study protocol was approved by the medical ethics com-
mittee of our hospital.

To investigate the effect of the natural head position on
the cervical alignment, the subjects were divided into four
groups according to their CG–C7 SVA and McGS values.
The median CG–C7 SVA was used for the division of the
forward shift head position or backward shift head position.
Lafage el al. reported the mean value of McGS and equations
generated with linear regression between CBVA and McGS
[13]. According to their results, 0.87° was the mean value of
McGS, and this value was used for the division of the
extended or flexed cranial position. Therefore, in terms of
translation and rotation of the head position in the sagittal
plane, four groups included forward shift with the extended
head position (FE), backward shift with the extended head
position (BE), forward shift with the flexed head position
(FF), and backward shift with the flexed head position (BF).

2.3. Statistical Analysis. Data were analyzed by SPSS 20.0
software. Values were presented as mean± SD. Spearman’s
correlation analyses were performed to examine associations
among the selected variables. The curvature type numbers 1–
3 were treated as ordinal categorical variables in the current
study. If the curvature type number is negatively correlated
with a local segmental angle, an increase in the curvature type
number is correlated with a decrease in the angle. This results
should be interpreted as that the curvature type number
would be more close to 1 (lordosis type) rather than 3
(kyphosis type), with a decrease in the local segmental angle.
The comparison of each radiographic parameter among four
head positions was determined by using one-way ANOVA
with Bonferroni’s post hoc test. A P value equal to or less
than 0.05 was set up as threshold for statistical significance.

McGS

T1 slope CG–C7 SVA

C2–C7 SVAC5–C7 angle

C2–C7 angle

C0–C2 angle

C2–C5 angle C0–C2 SVA

Figure 2: The measurement of parameters related to natural head position and cervical alignment (McGS, slope of McGregor’s line; SVA,
sagittal vertical axis).
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3. Results

3.1. Demographic and Cervical Curvature Classification.
There were 103 subjects included in this study. Among these
subjects, 33 subjects were male and 70 were female. The
mean age was 37.4± 12.3 years. There were 35 subjects allo-
cated to the lordosis group, 56 subjects to the straight or sig-
moid group (only one subject was classified as sigmoid
curvature; thus, the two groups were combined), and 12 sub-
jects to the kyphosis group. The mean age of each group was
39.4± 13.2, 37.3± 11.4, and 32.7± 13.6 years, respectively.
There was no significant difference in age and gender
between each group (P > 0 05).

3.2. Measurement of Parameters and Correlation Analysis.
The results of radiographic measurements related to the head
position and cervical alignment are shown in Table 1. The
results of Spearman’s correlation analyses are shown in
Table 2. McGS was found to be significantly correlated to
C0–C2 angle (r = 0 57), C0–C2 SVA (r = −0 53), C2–C7
SVA (r = −0 28), and CG–C7 SVA (r = −0 47) but not signif-
icantly correlated to curvature classification, C2–C5 angle,
C5–C7 angle, and C2–C7 angle. CG–C7 SVA was also signif-
icantly correlated to curvature type (r = 0 27), C5–C7 angle
(r = −0 37), and C2–C7 angle (r = −0 39).

3.3. The Influence of Different Head Positions. Figure 3 shows
the distribution of cervical curvatures in different head
positions. Among the four groups (FE, BE, BF, and FF
groups), the proportion of subjects with lordosis curvature
in the BE group was most compared to those in other
groups, and the proportion of subjects with straight or
sigmoid curvature was most in the FE group. In the FF
group, the proportion of subjects with kyphosis curvature
was most compared to those in other groups. There were
only four subjects in the BF group, with three subjects
classified with straight/sigmoid curvatures. Table 3 shows
the comparison of each radiographic parameter among
four head positions determined by one-way ANOVA
with Bonferroni’s post hoc test. C0–C2 angle, C5–C7
angle, C2–C7 angle, C0–C2 SVA, and C2–C7 SVA are
significantly different among the four head positions. C2–

C5 angle and T1 slope are not significantly different
among the four head positions.

4. Discussion

In this study, the lateral radiographs of the cervical spine
were used to analyze the relationship between the natural
head position and cervical alignment. The measured param-
eters related to cervical alignment (e.g., C2–C7 angle and T1
slope) were consistent with the reported data [5, 6, 12]. This
study provides some insight into the effect of the head posi-
tion on the cervical spine alignment.

Since T1 was the fixed end of the cervical spine and the
cervical column is influenced by the weight of the head, it is
expected that the T1 slope might play a determining role in
the curvature of the cervical spine. In the current study, T1
slope was in positive correlation with C2–C7 angle. The
results agreed with the data reported by Lee et al. [5].

The translation or rotation of the head is controlled by
the nervous system to keep an economic posture [14]. Due
to the large vision field, people could maintain a horizontal
gaze with varying head positions within a certain range. In
the current study, the CG–C7 SVA was found to be in nega-
tive correlation with curvature type. This means that it is
more likely to be kyphotic of the cervical spine with the ante-
rior translation of the head. Furthermore, the CG–C7 SVA
was found to be negatively correlated with C5–C7 angle
and C2–C7 angle but not significantly correlated with
C2–C5 angle. This result suggested that a forward shift
of the head in the natural head position might indicate a
loss of lordosis in the lower cervical spine.

This study also found that the extended or flexed
position of the head represented by McGS was not
correlated with local sagittal angle except C0–C2 angle.
This might be because most flexion and extension range
of motion is found at C0–C2 compared to mid and
lower cervical regions [8]. Thus, it has a great compen-
satory space for the flexion/extension of the head and
minimizes the impact on the local segmental angle
below C2. Additionally, the McGS was found to be in
negative correlation with C0–C2 SVA, C2–C7 SVA,
and CG–C7 SVA, which means that the mass point of
the head moves posteriorly with the extension of the
head. The results suggested that the rotation in the nat-
ural head position might be indirectly involved in the
balance control of the cervical spine by adjusting the
translation of the head. A study by Tang et al. found
that patients who underwent posterior cervical fusion
surgery reported a decrease in the quality of life with
an increased value of C2–C7 SVA [7]. According to
our results, the anterior translation of the head might
accompany cranial flexion as well as a flattening of the
cervical lordosis. To balance the extensor moment pro-
duced by the flexed head, the extensor muscles need to
produce additional extension torque and the fatigue of
these muscles might lead to neck or upper back symp-
toms. Therefore, it might be more appropriate to keep
the head in a neutral position rather than a flexed posi-
ton to prevent neck and back pain.

Table 1: Radiographic measurements related to natural head
position and cervical alignment.

Variable N Min Max Mean SD

McGS (°) 103 −12.00 20.90 6.14 6.10

C0–C2 angle (°) 103 0.80 34.80 16.61 7.39

C2–C5 angle (°) 103 −19.70 21.50 2.88 7.71

C5–C7 angle (°) 103 −11.80 17.30 4.52 6.61

C2–C7 angle (°) 103 −16.80 30.30 7.40 9.55

T1 slope (°) 103 8.70 43.40 23.31 6.64

C0–C2 SVA (mm) 103 −16.50 22.30 1.36 6.77

C2–C7 SVA (mm) 103 −4.60 49.80 17.91 8.54

CG–C7 SVA (mm) 103 −12.00 72.10 19.27 13.12

McGS: slope of McGregor’s line; SVA: sagittal vertical axis.
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With the development of modern electronic devices, a
forward head posture is common among people [15] and
the forward head posture has been associated with muscu-
loskeletal pain in previous studies [16, 17]. Although the
total number of subjects with kyphosis curvature was
small in the current study, the proportion of subjects with
the kyphosis type curvature was most in the FF group.
This result suggested that the forward shift with the flexed
head position may be associated with cervical kyphosis
thus leading to the unbalance of a mechanical state. In
contrast, the proportion of the lordosis type was most in

the BE group, meaning that a backward shift with an
extended head position was more likely to be accompanied
with a normal cervical curvature. The cervical spine could
be divided into three columns (one vertebral body and two
facet joints on the same level) [10]. With the backward
shift and the extended head position, the weight of the
head would be more loaded on the posterior column of
the cervical spine. Since we found that C2–C5 angle was
not significantly different among the four head positions,
this position (BE) might relieve the load on the interverte-
bral disc of C5–C7 segments and be helpful in compensat-
ing the additional load caused by nonphysiological cervical
curvature like kyphosis and straight/sigmoid type. In the
current study, some subjects with kyphotic curvature were
found to have a forward shift and flexed position of the
head. Whether posture control (e.g., keeping a backward
shift and extended head position) is helpful to these
subjects in relieving abnormal mechanical state of the
cervical spine needs to be further confirmed by biome-
chanical analysis.

Some limitations existed in this study. Since this
study was a retrospectively radiograph analysis, it could
not accurately reflect the causal relationship between
each parameter and no healthy subjects as the control
group. Age is also an important factor affecting the cur-
vature. In the current study, there is a trend that the
age of subjects with nonphysiological cervical curvature
(straight, sigmoid, and kyphosis) become younger. Also,

Table 2: The correlation analysis between parameters.

Variable
Curvature

type
McGS

C0–C2
angle

C2–C5
angle

C5–C7
angle

C2–C7
angle

T1
slope

C0–C2
SVA

C2–C7
SVA

CG–C7
SVA

Curvature
type

r
1

−0.11 0.38 −0.61 −0.33 −0.73 −0.40 0.42 0.06 0.27

P 0.29 <0.01 <0.01 <0.01 <0.01 <0.01 <0.01 0.55 0.01

McGS
r

1
0.57 0.05 0.08 0.12 −0.05 −0.53 −0.28 −0.47

P <0.01 0.63 0.42 0.24 0.59 <0.01 <0.01 <0.01

C0–C2 angle
r

1
−0.51 −0.17 −0.53 −0.07 0.12 0.18 0.18

P <0.01 0.08 <0.01 0.46 0.24 0.07 0.07

C2–C5 angle
r

1
−0.12 0.69 0.29 −0.46 0.14 −0.16

P 0.24 <0.01 <0.01 <0.01 0.15 0.11

C5–C7 angle
r

1
0.58 0.48 −0.22 −0.38 −0.37

P <0.01 <0.01 0.03 <0.01 <0.01

C2–C7 angle
r

1
0.55 −0.53 −0.15 −0.39

P <0.01 <0.01 0.13 <0.01

T1 slope
r

1
−0.05 0.28 0.13

P 0.61 <0.01 0.21

C0–C2 SVA
r

1
0.39 0.79

P <0.01 <0.01

C2–C7 SVA
r

1
0.85

P <0.01

CG–C7 SVA
r

1
P

Note: bold font indicates statistical significance (P < 0 05). McGS: slope of McGregor’s line; SVA: sagittal vertical axis.
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Figure 3: The proportion of each cervical curvature type and total
number of subjects in different head position (FE, forward shift
with extended head position; BE, backward shift with extended
head position; FF, forward shift with flexed head position; BF,
backward shift with flexed head position; black square, lordosis;
gray square, straight or sigmoid; white square, kyphosis).
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the cervical curvature in male and female showed a dif-
ferent trend with increasing age [10]. Further prospective
study including measurements of the quality of life and
pain in terms of age, along with the neurological
deficits and MRI images, which could accurately show
the degeneration of intervertebral disc, would uncover
the causal relationship of them.

5. Conclusions

The natural head position was related to local sagittal
angle and alignment of the cervical spine. The mass point
of the head moved posteriorly with the extension of the
head. Backward shift with an extended head position
may accompany a relatively normal curvature of the cervi-
cal spine. Some subjects with nonphysiological cervical
curvature were in the forward shift and flexed head posi-
tion. The effect of posture control in relieving abnormal
mechanical state of the cervical spine needs to be further
confirmed by biomechanical analysis.
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Interlocking nailing is a common surgical operation to stabilize fractures in long bones. One of the difficult parts of the surgery is
how to locate the position and direction of a screw hole on the interlocking nail, which is invisible to the naked eye after insertion of
the nail into the medullary canal. Here, we propose a novel two-stage targeting process using two passive magnetic devices to locate
the position and direction of the screw hole without radiation for the locking screw procedure. This involves a ring-shape
positioning magnet inside the nail to generate a magnetic field for targeting. From the accuracy test results of these two-stage
targeting devices, the search region can be identified in less than 20 seconds by the 1st-stage targeting device, while the total
targeting time to locate the drilling position and direction takes less than 4 minutes, with 100% successful rate in 50 attempts.
The drilling test further combines the two-stage targeting process and drilling process on the swine tibia, and it is shown that a
100% successful rate is achieved in all 10 attempts, where the total time needed is less than 5 minutes.

1. Introduction

Interlocking nailing, also known as intramedullary nailing, is
a common surgical operation to stabilize fractures in long
bones [1–5] and is one of the best methods for treating
fractures of the lower extremities [6, 7]. The procedure
involves the insertion of a hollow nail in the bone medullary
canal, which is secured by screws at the proximal and distal
ends to prevent the rotation or displacement of the bone after
adequate reduction. One of the most difficult parts of the
surgery is to find the accurate drilling position and screwing
direction for the interlocking screw, which is invisible to the
naked eye after the insertion of the nail into the long bone, as
shown in Figure 1.

The target-aiming devices based on the parallel mecha-
nism [4, 8–10] have been clinically used, but they often fail
to provide an accurate drilling location due to nail distortion
during insertion. X-ray imaging is a direct method to locate
screw hole orientation through radiological imaging, so-
called the free-hand method [11, 12]. Utilizing X-ray-
imaging approach, however, exposes surgeons, medical
teams, and patients to radioactivity hazard for a considerable
dose. To avoid using X-rays, which are harmful to humans,
transilluminating [13], sound-guided [10], ultrasonic [14],
and magnetic [15, 16] methods were proposed to find the
drilling position. However, these methods were unable to
locate the exact drilling direction. A magnetic assistant
system [17–19] with magnetic sensors was proposed for both
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positioning and directional guidance, but it lacked accuracy
and required complicated signal processing.

In this study, a novel two-stage magnetic targeting pro-
cess with two passive targeting devices is proposed to provide
a rapid and accurate method for the distal locking of inter-
locking nailing without radiation. The 1st-stage targeting
device is used to focalize the screw hole area rapidly for the
next targeting process. The 2nd-stage targeting device is used
to identify accurately not only the position but also the direc-
tion of the screw hole of the interlocking nail. Furthermore, a
light-based indicator is integrated with the 2nd-stage target-
ing device to indicate the alignment state during the targeting
process in a more intuitive way.

2. Concept Design

To ensure a radiation-free method in the distal locking pro-
cess for the interlocking nailing operation, passive magnetic
sensing is chosen for targeting. It is known that the magnetic
field can pass through human tissue without damaging the
tissue or undergoing significant distortion, so it is suitable
for biomedical applications [17]. To apply magnetic field
targeting, the magnetic field from a permanent magnet inside
the nail is used as a positioning magnet, where the position
and magnetic field direction of the magnet are detected
remotely through the magnetic guiding device outside the
bone. The positioning magnet is made of neodymium iron
boron (NdFeB), which is biocompatible and can provide a
strong magnetic field for targeting. The proposed shape of
the magnet is cylindrical with a hollow hole at the center, as
shown in Figure 2(a); the magnetic field gradient is concen-
tric and uniform around the magnet and the flux lines
converge on the center of the magnet. Here, the positioning
magnet is placed on the screw hole and the magnetic field
direction is aligned with the drilling direction, after which
the positioning magnet can determine the drilling position
and direction.

2.1. The 1st-Stage Targeting. The 1st-stage targeting device
consists of two permanent magnets and a flexible thin film.
The two permanent magnets, called targeting magnets, are
fixed on the flexible thin film in the same magnetic direction,
as shown in Figure 2(b). When a positioning magnet is inside
the cylindrical limbs, the targeting magnets are rapidly
attracted to the skin surface by the positioning magnet, but
two targeting magnets are also repelled each other in static

equilibrium due to the cylindrical geometric condition, as
shown in Figure 2(c). The screw hole area can then be focal-
ized rapidly to a definitive region between the two targeting
magnets. An opening between two targeting magnets on
the film is designed so that the area can be easily marked
for the next targeting stage.

2.2. The 2nd-Stage Targeting. The 2nd-stage targeting device
consists of a transparent baseboard with three aligning lines,
conductive rings, three magnetic pins with rotary joints, and
an indicator, as shown in Figure 3(a). The three symmetri-
cally placed magnetic pins can rotate freely and point to the
positioning magnet inside the nail. The three magnetic pins
act as three mechanical switches in operation, which are
linked to the indicator by conductive rings and used to
indicate alignment or misalignment by a light signal. Each
magnetic pin can rotate to the strongest gradient direction
of the nearby magnetic field from the positioning magnet
inside the nail. The magnetic pin has two equal parts with
a rotary joint in the middle to eliminate the gravity effect
in operation, which can provide a flexible and unrestricted
operation method in surgery. The transparent baseboard
with three aligning lines provides a clear field of vision to
observe the motion of the magnetic pins, which is used to
guide the device to rapidly and accurately identify the align-
ment status. The indicator consists of two light-emitting
diodes (LEDs) and a relay with DC voltage through a simple
circuit, as shown in Figure 3(b), to indicate the alignment
(green light) or misalignment (red light) state directly. The
LED signal can help the user to determine alignment state
in a more intuitive way.

Interlocking nail

Fracture

Screw hole

Figure 1: Distal locking of interlocking nail.
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Positioning area
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The 1st-stage targeting device

Positioning
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Screw hole
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Figure 2: Schematic diagrams of (a) the positioning magnet, (b) the
1st-stage targeting device, and (c) the 1st-stage targeting device
attracted by the positioning magnet.
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In the proposed design, when the 2nd-stage targeting
device misaligns with the positioning magnet either in
position or direction, one or more pins will contact with
the conductive ring on the transparent baseboard to turn
on the red LED, as shown in Figures 4(a) and 4(b), respec-
tively. By moving the guiding device around the positioning
area identified by the 1st-stage targeting device, once three
magnetic pins reach to symmetrical positions without con-
tacting the conductive ring on the upper transparent base-
board, as shown in Figure 4(c), the green LED instead of
red will be switched on. The 2nd-stage targeting device
is considered to be aligned with the positioning magnet
inside the nail. Then, the drilling process can be per-
formed through the drilling hole at the center of the 2nd-
stage targeting device.

The transparent baseboard with alignment lines can
provide a clear field of vision to observe the motion of the
magnetic pins. When the guiding device aligns with the
invisible positioning magnet in the nail, the projection of
the three magnetic pins should overlap the aligning lines, as
shown in Figure 5(a). When the guiding device misaligns
with the magnet either in position or direction, one or more
pins will deviate from the aligning line on the transparent
baseboard, as shown in Figure 5(b). Then, the adjustment
of the device should be continued.

3. Detail Design

Due to the space limit of the interlocking nail, the positioning
magnet made of NdFeB (N52, Asia Magnets Co. Ltd.) with a
9mm outer diameter, a 5mm inner diameter, and 7mm high
is designed to place into a commercial interlocking nail with
inner radius of 10mm and outer radius of 12mm. The fol-
lowing designs and tests on the 1st-stage and the 2nd-stage

targeting devices are all based on this positioning magnet.
However, the maximum operating temperature of the posi-
tioning magnet used in this work should be less than 140°C
[20, 21]. Therefore, in the sterilization process of the posi-
tioning magnet, the operating temperature should be less
than 140°C to main the strength of positioning magnet. For
example, some clinical low-temperature sterilization pro-
cesses, such as EO sterilization, activated glutaraldehyde ster-
ilization, and plasma sterilization, are operating below 140°C.

3.1. The 1st-Stage Targeting Device. For the 1st-stage target-
ing device, two critical parameters need to be identified: the
distance between two targeting magnets (dm) and the radius
of the positioning area (rm), as shown in Figure 6(a). Here,
these two parameters are decided experimentally. The exper-
imental setup consists of the positioning magnet, two target-
ing magnets, and a semicylinder plate with a radius of
30mm, as shown in Figure 6(b). The two targeting magnets,
with radius of 4.5mm and thickness of 2mm, are also made
of NdFeB. The semicylinder plate with radius of 30mm is
used to simulate the geometry of the limb. Since the mini-
mum radius of the limb is 16mm, the working distance
between targeting magnet and the positioning magnet would
be 16mm at least. Then, the following steps are performed:
(i) fixing the positioning magnet above the center of the
semicylinder plate, (ii) placing two targeting magnets on
the semicylinder plate, and (iii) measuring the distance
between the two targeting magnets. For the working distance
of 16mm, the measured distance between two targeting mag-
nets is in the range of 12 mm to 20mm. Therefore, 20mm is
chosen to be the distance of two targeting magnets (dm) on
the flexible film. Also, the shortest distance between the edges
of two targeting magnets is about 11mm due to 9mm diam-
eter of the targeting magnet. Therefore, 5mm is selected to be
the radius of the hollow circle, rm, for positioning area.

3.2. The 2nd-Stage Targeting Device. For the 2nd-stage target-
ing device, there will be three symmetrically placed magnetic
pins on the transparent baseboard. Therefore, the critical
parameter is the location of the pin on the baseboard, that
is, the distance from the rotary joint of pin to the center of
the board (Rm), as shown in Figure 7(a). Since these three
magnetic pins without sufficient distance may rotate due to
the magnetic repelling force from each other, the minimum
distance between two pins (Xm) without causing rotation
needs to be identified first. Once Xm is determined, Rm can
be calculated from the basic trigonometry. The transparent
baseboard has three layers, as shown in Figure 7(b), where
the top layer has three aligning lines and the lower two layers
can hold the rotary joint of pin. There is a conductive ring on
each layer to form the circuit for the LED indicator. Defini-
tions of other dimensional parameters on the board are also
illustrated in Figure 7(b).

The experimental setup to determine Xm includes two
magnetic pins on a sliding track. The two magnetic pins
made of NdFeB are identical with a length of 25mm and a
radius of 1mm. First, one of the magnetic pins is fixed on
the sliding track and the other pin is also placed on the track
but away from the fixed pin, as shown in Figure 8(a). Then,
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Figure 3: Schematic diagram of (a) the 2nd-stage targeting device
and (b) equivalent circuit of the 2nd-stage targeting device.
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the moving magnetic pin is pushed closer to the fixed one
until the magnetic pins are affected by each other to have
rotation, as shown in Figure 8(b). The measured maximum
distance between two magnetic pins to have interference is
found to be around 30mm. Therefore, 31mm is chosen as
the lower limit of Xm. According to the trigonometric

function 3Rm = Xm , 17.90mm is the lower limit of Rm.
Here, 18mm is chosen to be the dimension of Rm. Other
designed dimensions of parameters are listed in Table 1.

Moreover, some orthopedic instruments may contain
ferromagnetism material, such as r316 stainless steel. Usually
the magnetic strength in orthopedic instruments is lower
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Figure 4: Illustrations of the 2nd-stage targeting device: (a) misalignment due to incorrect position for pins to contact with the conductive
ring, (b) misalignment due to incorrect direction for pins to contact with the conductive ring, and (c) correct alignment.
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than the permanent magnet. It is suggested that the orthope-
dic instrument should be away from the device at least
30mm during the targeting process.

4. Fabrication

Figures 9(a) and 9(b) show the prototypes of the proposed
1st-stage and 2nd-stage targeting devices for this feasibility
study, respectively. The 1st-stage targeting device consists
of two targeting magnets on a flexible thin film with a hollow

positioning area. The targeting magnets are made of NdFeB,
and the flexible thin film is made of a 0.8mm thick PET film.
The 2nd-stage targeting device consists of three magnetic
pins with rotary joints, a transparent baseboard with three
conductive rings, and an indicator. The three layers to form
the transparent baseboard are made of acrylic with a drilling
hole and a conductive ring on each layer. On the top layer of
the baseboard, there are three aligning lines, as shown in
Figure 9(b). The three magnetic pins and rotary joints are

Aligning line

Invisible
positioning magnet

Conductive ring

Magnetic pin

(a) (b)

Figure 5: Alignment observation through deviation between pins and three aligning lines on the 2nd-stage targeting device: (a) correct
alignment and (b) deviation between pins and aligning lines due to incorrect position or direction.
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Figure 6: Critical dimensions of the 1st-stage targeting device:
(a) the distance between two targeting magnets is dm and the
radius of the position area is rm and (b) experimental setup for
determining dm.
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Figure 7: Illustrations of parameters in the 2nd-stage targeting
device: (a) the distance from the board center to the rotary joint of
magnetic pin (Rm) and the distance between two magnetic pins
(Xm) and (b) other related parameters.

5Journal of Healthcare Engineering



made of NdFeB and Cu, respectively, and the rotary joint is
assembled at the center of the pins.

5. Testing Results and Discussion

5.1. Accuracy Test of the 1st-Stage Targeting Device. The mea-
surement setup to test the accuracy of the 1st-stage targeting
device is shown in Figure 10, where the 1st-stage targeting
device is placed on a semicylinder plate with a graph paper

on it. The semicylinder plate having a 30mm radius is used
to simulate the curved shape of limbs. The positioning
magnet is placed right beneath the middle of the curved plate.
The test procedure involves the following three steps: (i)
adjusting the working distance of the positioning magnet at
a specified value, (ii) placing the 1st-stage targeting device
on the semicylinder plate, and (iii) measuring the discrep-
ancy distance between the center of the 1st-stage targeting
device and the projected location of the positioning magnet

Magnet pin

(a)

Xm

Rotation

(b)

Figure 8: Experimental setup to determine Xm: (a) initial state and (b) insufficient distance between two magnetic pins to cause interference.

Table 1: Dimensions of the 2nd-stage targeting device.

Description Parameter Design size (mm)

The radius of the 2nd-stage targeting device R 30

The thickness of each layer of the baseboard s 2

The vertical distance between rotary joint and the baseboard h 5

The radius of rotary joint of the magnetic pin Rb 3

The distance from the rotary joint of pin to the center of the board Rm 18

The diameter of the hole on the conductive ring d 3.8

Targeting magnet

Film

Positioning area

10 mm

(a)

Aligning line

Indicator

Magnetic pin

10 mm

Drilling hole

Conductive ring

(b)

Figure 9: Photos of fabricated (a) 1st-stage targeting device and (b) 2nd-stage targeting device.
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on the graph paper, as shown in Figure 10(b). The working
distance is tested at 16mm, 17mm, 18mm, 19mm, and
20mm. At each working distance, the measurement is con-
ducted three times, and the maximum discrepancy for differ-
ent working distances is 1.9mm, 2.5mm, 1.8mm, 2.0mm,
and 1.6mm, respectively, as shown in Figure 11. The testing
results show that the accuracy of the 1st-stage targeting is
2.5mm, which confirms that a hollow positioning area with
a 5mm radius is sufficient.

5.2. Accuracy Test of the 2nd-Stage Targeting Device. There
are two kinds of tests, translational and angular accuracy
tests, to examine the guiding accuracy of the 2nd-stage tar-
geting device on position and direction. The indicator with
two LEDs is used to indicate the alignment (green light) or
misalignment (red light) state directly. For the translational
accuracy test, the positioning magnet is fixed on a ruler, as
shown in Figure 12(a), where the 2nd-stage targeting device
is placed opposite down and the ruler with the positioning
magnet is above the 2nd-stage targeting device with different
working distances. The translational accuracy test involves
following three steps: (i) adjusting the working distance of
the positioning magnet at a specified value, (ii) adjusting
the horizontal distance (Xp) between the positioning magnet
and the projection location of the 2nd-stage targeting device,
and (iii) recoding the state of the 2nd-targeting device by the
indicator in each locations. For the angular accuracy test, the
positioning magnet is fixed on a rotation table, as shown in
Figure 12(b), where the 2nd-stage targeting device is also
placed opposite down and the rotation table with the posi-
tioning magnet is above the 2nd-stage targeting device. The
test process involves following three steps: (i) adjusting the
working distance of the positioning magnet at a specified
value, (ii) adjusting the angle of the position magnet by
turning the rotation table, and (iii) recoding the aligned or
misaligned state of the 2nd-stage targeting device by the
indicator at each angle.

The experimental results on translational and angular
accuracy tests are shown in Figures 13(a) and 13(b), respec-
tively. The working distance is also tested at 16mm, 17mm,
18mm, 19mm, and 20mm. It is found that detection

accuracy for alignment in position is ±2.1mm and in
direction is ±7 degrees.

5.3. Two-Stage Targeting Test and Positioning Time
Measurement. The two-stage targeting test combines the
1st-stage targeting process with the 2nd-stage targeting pro-
cess to examine the successful rate and the time required
for the whole targeting procedure. The positioning magnet
is fixed on the screw hole of the nail to provide a magnetic
field for targeting tests, as shown in Figure 14(a), and then,
the nail with the positioning magnet is inserted into a trans-
parent model bone. In the tests, the transparent model bone
is covered by a paper barrier to ensure that the screw hole of
the nail is invisible to the user. The 1st-stage targeting device
then is placed on the barrier and moved around to find the
location that the 1st-stage targeting device could be attracted
on the paper barrier by the positioning magnet. After that,
the positioning area is marked through the hollow circle on
the 1st-stage target device, as shown in Figure 14(b). When
the aiming direction is close to be horizontal, the 1st-stage
targeting device may not stay on the surface due to the grav-
ity. Therefore, the patient’s pose needs to be adjusted to be
more vertical in the 1st-stage targeting process. For the
2nd-stage targeting process, the 2nd-stage targeting device
is moved around the positioning area identified by the 1st-
stage targeting process. Before reaching the aligned state,
the red LED is on, as shown in Figure 14(c). Once the device
reached the aligned state, the green LED instead of the red
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Figure 10: Measurement setup for the accuracy test of the 1st-stage targeting. (a) Side view and (b) top view.
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one is on, as shown in Figure 14(d). In order to check the
above targeting process is successful or not, a laser pointer
is mounted on the drilling hole of the 2nd-stage targeting
device. By moving the paper barrier away and turning on
the laser pointer, when the alignment is truly achieved, the
laser light should pass through the transparent model bone
and the screw hole on the nail to the other side where a
mirror is placed, as shown in Figure 14(e).

The two-stage targeting tests are conducted by two
different persons with 25 attempts each, and 100% successful
rate is achieved in all these 50 attempts. The time to finish the
1st-stage and the 2nd-stage targeting process is between
10–20 seconds and 29–215 seconds, respectively. The total
time needed in the entire two-stage targeting process is
between 43–230 seconds, less than 4 minutes.

Since the influence of gravity has been considered in the
design of the 2nd-stage targeting device by using symmetrical
magnetic pins with the rotary joints at the middle, the
moment due to gravity on the magnetic pin can be balanced.
Therefore, in the 2nd-stage targeting tests, even the aiming
directions are randomly selected from horizontal to vertical
directions, the successful rate still can reach 100% to verify
that the gravity effect does not affect the accuracy at the
2nd-stage targeting process.

5.4. Drilling Test on a Swine Tibia. In order to further verify
that the proposed targeting devices can successfully identify

the drilling position and direction, a drilling test on a swine
tibia is also performed after the two-stage targeting process.
The nail with the positioning magnet is inserted into the
medullary cavity of the swine tibia, and the screw hole of
the nail becomes invisible. The 1st-stage targeting is per-
formed to find the positioning area for the 2nd-stage target-
ing process, as shown in Figure 15(a). In the 2nd-stage
targeting process, before reaching the aligned state, the red
LED is on, as shown in Figure 15(b). Once the aligned state
is achieved, the green LED is on instead of red, as shown in
Figure 15(c). Then, a powered drill with a 20 cm long drill
bit is mounted on the drilling hole at the center of the trans-
parent baseboard to successfully drill through the bone and
the screw hole on the nail, as shown in Figure 15(d).

The two-stage targeting with drilling tests is conducted
by two different persons with five attempts each, and 100%
successful rate is achieved in all these 10 attempts. The time
to finish the 1st-stage targeting process, the 2nd-stage target-
ing process, and the drilling process is between 7–11 seconds,
29–215 seconds, and 38–40 seconds, respectively, as listed in
Table 2. The total time used in the entire process is between
95–300 seconds, less than 5 minutes.

6. Conclusions

Here, a novel two-stage magnetic targeting process with
two passive targeting devices is proposed to provide a
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Figure 12: Measurement setup of the 2nd-stage targeting device for (a) translational and (b) angular accuracy tests.
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Figure 13: Experimental results of the 2nd-stage targeting device from the (a) translational and (b) angular accuracy tests.
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rapid, accurate, and secure method for the distal locking of
interlocking nailing without radiation. The 1st-stage target-
ing device is used to focalize rapidly the screw hole area for
the 2nd-stage targeting process. The 2nd-stage targeting
device can accurately identify both the position and direction
of the screw hole. From the accuracy tests, the experimental
results show that alignment accuracy of the proposed 2nd-

stage targeting device in position is ±2.1mm and in direction
is ±7 degrees. The results from the two-stage targeting tests
show that the successful rate is 100% in 50 attempts. The time
to finish the 1st-stage and the 2nd-stage targeting process is
between 10–20 seconds and 29–215 seconds, respectively.
The total time in the entire targeting process is less than 4
minutes. From the results of the drilling test on the swine

Positioning magnet

Transparent model bones 

Interlocking nail

(a)

The 1st-stage
targeting device 

(b)

The 2nd-stage
targeting device 

Laser pointer

Red light

Mark

(c)

Green light

(d)

Mirror

Reflection of
laser light

(e)

Figure 14: The two-stage targeting test on a transparent model bone. (a) A transparent model bone and a commercial interlocking nail with a
positioning magnet fixed on the screw hole. (b) The 1st-stage targeting process. (c) The 2nd-stage targeting process in a misaligned
state with red LED on. (d) The 2nd-stage targeting process in an aligned state with green LED on. (e) The paper barrier is moved away.
Laser light successfully passes through the transparent model bone and the screw hole to the mirror to verify the success of the two-stage
targeting process.
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tibia, 100% successful rate is achieved in all 10 attempts. The
total time to finish the 1st-stage targeting process, the 2nd-
stage targeting process, and the drilling process is less than
5 minutes. With the proposed targeting process and devices,
the user could easily identify the alignment state in an
intuitive way by direct observation through the transparent
baseboard and the light-based indicator. The feasibility of
the proposed two-stage passive targeting procedure to locate
the screw hole position and orientation is successfully
demonstrated. It is shown to be a time-saving, accurate,
and radioactivity-free method in interlocking nailing with
great potential on clinical purposes.

However, the proposed devices can be further
improved, such as the working distance. Currently, the
maximum working distance is around 20mm, which may
be sufficient for nailing surgery with thin soft tissue, such
as tibia nailing, but not enough for nailing surgery with
thick soft tissue, such as femoral nailing. In order to cover
all cases in lower limb intramedullary nailing, the working
distance of device needs to be further enhanced, such as
using a stronger position magnet (a bigger position magnet
or a magnet with a better magnetic material) or reducing
the friction at the joints of magnetic pins to allow smaller
magnetic force to rotate the pins.
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The prosthetic component of dental implant is attached on the abutment which is connected to the fixture with an abutment
screw. The abutment screw fracture is not frequent; however, the retrieval of the fractured screw is not easy, and it poses
complications. A retrieval kit was developed which utilizes screw removal drills to make a hole on the fractured screw that
provides an engaging drill to unscrew it. To minimize this process, the abutment screw is modified with a prefabricated
access hole for easy retrieval. This study aimed to introduce this modified design of the abutment screw, the concept of
easy retrieval, and to compare the mechanical strengths of the conventional and hollow abutment screws by finite element
analysis (FEA) and mechanical test. In the FEA results, both types of abutment screws showed similar stress distribution
in the single artificial tooth system. A maximum load difference of about 2% occurred in the vertical load by a mechanical
test. This study showed that the hollow abutment screw may be an alternative to the conventional abutment screws
because this is designed for easy retrieval and that both abutment screws showed no significant difference in the
mechanical tests and in the FEA.

1. Introduction

Placement of dental implants has become the main treatment
option for oral function recovery in partially or completely
edentulous patients. The components of a dental implant
consist of fixture, abutment, and abutment screws.

Despite the high success rate of implants, it is not free
of complications and dental implants occasionally fail due
to biological factors or technical complications [1, 2]. The
technical problems of implant-based restoration compo-
nents including abutment screw fracture and peri-
implantitis are deeply related to dental implant system
failure, and an increase in related complications are also
being reported [3–5]. Many studies have reported that
after osseointegration of the implant, abutment screw loos-
ening and fracture are the most common problems, and

other mechanical problems involve prosthesis fracture
and overdenture attachments [6, 7]. One study reported
that the incidence rate of screw fracture is 3.9% which is
normally due to overload or elevated torque [6, 8]. If the
abutment screw fractures, the screw must be removed and
replaced with a new one so that implant prosthesis may be
fabricated again. Otherwise, it will compromise the long-
term success of the implant [9].

Majority of implant failures nowadays are caused by
mechanical factors rather than the implant itself, and so,
there are alternative abutment systems that were devel-
oped. Only a few studies on the removal of fractured
screw in the implant [10, 11] were reported. Many tech-
niques and methods were shown through case reports
which all concluded that removing the fractured screw
from an implant can be difficult and that there is no
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universal method that can be applied. Therefore, the
abutment screw was modified to have a prefabricated
access hole for easy retrieval when the abutment screw
fractures. The purpose of this study was to introduce
this modified design of the abutment screw, the concept
for easy retrieval with this new innovative design, and to
compare the mechanical strengths of the conventional
abutment screws and the modified version with prefabri-
cated access holes.

2. Materials and Method

2.1. Hollow Abutment Screw Design for Easy Retrieval.
Conventional abutment screw measures 2mm in diameter,
7.8mm in length, and 0.4mm in screw thread pitch
(Figure 1(a)), and the hollow abutment screw was made
with the same system as the conventional abutment screw
but modified by creating a hole of 0.5mm in diameter from
the lower end of the abutment screw up to the 1st thread
(Figure 1(b)).

For easy retrieval of the fractured screw of the hollow
type screw (modified with prefabricated access hole), the hole
was fabricated with a reverse screw drill. The reversed screw
was tightened with the screw driver allowing stabilization of
the fractured portion, and the external thread would be
unscrewed from the fixture.

2.2. Mechanical Test and Finite Element Analysis. 3D implant
system models were constructed using Solidworks 2016
(Dassault Systèmes) for this study. Mechanical test was per-
formed on the conventional abutment screw and the hollow
abutment screw by fabricating 3D models, and finite element
analysis (FEA) was implemented to the single artificial tooth
system model.

MTS Bionix 370.02 (MTS Systems Co., USA) was
used for the vertical load test to compare the mechanical
strength of the conventional abutment screw and the
hollow abutment screw. Before the vertical load test, the
abutment screw was fixed on the jig vertically by applying
30N·cm of insertion torque (Figure 2(a)) [12]. The exper-
iment was performed with a load speed of 5mm per min-
ute where it was fixed on the equipment (Figure 2(b),
N = 3, independent experiments).

IS II Active Implant System (NeoBiotech Co., Korea)
was used in fabricating the 3D model of the single
implant system design (Figure 1). The bone model
height is 17mm, the width is 30mm, and bucco-
lingual thickness is 13mm and consisted of a 1.5mm
layer of the cortical region. The height of the crown is
9mm with the diameter of 12mm, and it was modeled
in a flat form (Figure 3).

Hypermesh version 14 (Altair Engineering Inc., USA)
was used to construct the model for FEA (Figure 3),
and FEA was performed using Abaqus 6.16 (Dassault
Systèmes, France).

The values assumed for the modulus of elasticity and
Poisson’s ratio are given in Table 1, and the nodes and
elements are shown in Table 2. All materials used in the
models were considered to be isotropic, homogenous,
and linear elastic. Boundary fixation included restraints
for all six degrees of freedom including rotation and
translation in three coordinate axes for the correspon-
dent nodes located at the bottom and both sides of
the bone model including the cancellous bone. Various
sizes of masticatory force are being reported; however,
this study conducted FEA on two types of load (500N
vertical load and 142N horizontal load) with the
concentrated load on the center of the upper artificial
prosthesis [13].

2.3. Statistical Analysis. Sample sizes were estimated for
comparison of two groups based on previous study (total
sample sizes = 7, [14]). The experimental result was based
on three repeated measurements under the same loading
condition independently (1 set, conventional, and hollow
type, n = 3, resp.).

All data are presented as means± SD of independent
recordings. Statistical analyses were performed by
unpaired two-tailed t-test (SigmaPlot, Systat Software
Inc., San Jose, CA, USA). P < 0 05 was considered
significant.

3. Results and Discussion

Hollow abutment screw eliminates the usage of a com-
mercially available screw retrieval kit which was devel-
oped to utilize screw removal drills to make a hole on
the fractured screw which provides an engaging drill to
unscrew it. Hence, the fractured screw could be easily
removed using the H-file (Figure 4).

In the vertical load mechanical test, maximum
compressive load did not show significant difference
between the conventional and the hollow abutment screws

(a) (b)

Figure 1: Abutment screw design. (a) Conventional type.
(b) Hollow type.
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(Table 3, Figure 5). Table 4 shows the maximum von
Mises stress occurred in the abutment screws of each type
by vertical and horizontal load in a single artificial tooth
system. For the vertical load, approximately 19.68MPa
higher von Mises stress value was observed in the conven-
tional abutment screw, where the value was 116.16MPa
for the conventional type and 96.48MPa for the hollow
type. Both the conventional and hollow abutment screws
showed similar stress distribution in the single artificial
teeth system (Figure 6). For the horizontal load, von Mises
stress value was higher in the hollow type screw by

approximately 4.66MPa, where the value was 110.99MPa
for the conventional type screw and 106.33MPa for the hol-
low type screw. Similar stress distribution was observed as
well as for the horizontal load (Figure 7).

As this experiment does not provide a standard for
strength evaluation of the abutment screw, it was performed
according to the ASTM standard (ASTM F543—standard
specification and test methods for metallic medical bone
screws) on metallic bone screw, and the experiment was per-
formed with only the abutment screw. Thereafter, strength
evaluation of the conventional and the hollow abutment

(a) (b)

Figure 2: Example of mechanical test. (a) Fixed abutment screw on the jig by applying insertion torque. (b) Vertical loading.

(a) (b) (c)

Figure 3: 3D finite element model. (a) Constructed 3D model, (b) conventional type, and (c) hollow type.
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screws was performed with a mechanical test, and the
maximum load difference of about 2% occurred in the
vertical load.

In the mechanical test of the three specimens, there were
differences depending on the specimens’ processing condi-
tions. However, all three specimens showed similar load
form, and it was considered that not much difference was
observed in the conventional and hollow abutment screws.

In this study, the compressive strength test and FEA
were performed to compare the physical performance of
the conventional type and the hollow type abutment
screws. However, since the physical performance on
fatigue loading is important, it is necessary to test and
verify the fatigue of the screw in future studies in the
actual implant system.

4. Conclusion

Management of fractured abutment screw is clinically
challenging and timely but it is necessary to provide an ade-
quate rehabilitation plan. This study showed that the hollow
abutment screw may be an alternative to the conventional
abutment screws because this is designed for easy retrieval
and that both abutment screws showed no significant
difference in the mechanical tests and in FEA.

(a) (b)

Figure 4: (a) Abutment screw fracture on the hollow abutment
screw. (b) Hollow abutment screw is easily retrieved with the H-file.
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Figure 5: Load-displacement curve of abutment screws.

Table 3: Mechanical test parameters of two different types of
abutment screws, n = 9, respectively.

Direction Type Value Max load (N)
Displacement at
max load (mm)

Vertical

Conventional
Ave. 1452.27 0.25

SD 256.10 0.04

Hollow
Ave. 1480.37 0.35

SD 137.90 0.05

No significant difference between the two groups (P > 0 05).

Table 4: Finite element analysis results of two different types of
abutment screw forms: vertical load and horizontal load.

Load Type von Mises stress (MPa)

Vertical
Conventional 116.16

Hollow 96.48

Horizontal
Conventional 110.99

Hollow 106.33

Table 2: Number of elements and nodes.

Components
Elements Nodes

Conventional Hollow Conventional Hollow

Crown 29,614 6441

Abutment 6242 1868

Fixture 5441 13,307

Cortical bone 32,916 8633

Cancellous bone 149,721 31,303

Abutment screw 26,792 14,513 5963 3667

Table 1: Material properties.

Components Material Elasticity (Gpa)
Poisson’s

ratio

Crown Zirconia 260 0.28

Abutment

Ti alloy 113.8 0.342Fixture

Abutment screw

Cortical bone Cortical bone 14.0 0.3

Cancellous bone Cancellous bone 1.5 0.45
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Figure 7: von Mises stress distribution under horizontal loading condition. (a) Conventional abutment screw. (b) Hollow abutment screw.
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Figure 6: von Mises stress distribution under vertical loading condition. (a) Conventional abutment screw. (b) Hollow abutment screw.
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To investigate the cortico-cortical coupling changes related to antagonist muscle prefatigue, we recorded EEG at FC3, C3, FC4, and
C4 electrodes of twelve young male volunteers during a 30-second-long, nonfatiguing isometric elbow extension contraction with a
target force level of 20% MVC before and after a sustained fatiguing elbow flexion contraction until task failure. EEG-EEG phase
synchronization indices in alpha and beta frequency bands were calculated for the pre- and postfatigue elbow extension
contractions. The phase synchronization index in the beta frequency band was found significantly increased between EEG of
FC3-C3. The increased phase synchronization index may reflect an enhanced intracortical communication or integration of the
signals between contralateral motor cortices with antagonist muscle prefatigue, which may be related to the central modulation
so as to compensate for the antagonist muscle prefatigue-induced joint instability.

1. Introduction

Exercise-induced muscle fatigue is defined as a reversible
reduction in the neuromuscular system’s capacity to generate
force or power [1]. It represents a complex phenomenon and
encompasses a number of changes occurring at both the
central and peripheral levels [2, 3]. Studies have revealed
that during muscle fatigue, the activities of agonistic and
antagonistic muscles are interrelated and can change in
parallel with one another. Particularly, it has been interest-
ingly found that the prefatigue of antagonist muscle may
have significant influence on muscle activities, joint mechan-
ical performance, and central voluntary activation [4, 5].
As previous researches have demonstrated the importance
of the role of central mechanisms for the regulation of
antagonistic muscle coactivation activities, the influence
of antagonist muscle prefatigue may be closely related to
the modulation of supraspinal mechanisms. However, the
underlying neuromuscular control mechanism has rarely
been concerned and still remains unclear.

The synchronization of neural activity across different
frequencies may play an important role in the formation of
neural representations [6]. Previous researchers have found
the significant role of synchronization in the organization
of distributed cortical activities, and the cortical control of
movements involves complex facilitatory and inhibitory
cortical interactions [7]. Phase synchronization analysis
has been demonstrated to be a useful method to infer
functional connectivity with multichannel neural signals,
for example, electroencephalography (EEG) [8]. Particularly,
based on EEG-EEG phase synchronization analysis method,
a fatigue-induced increase in intracortical communication
during cycling exercise has been found [9]. However, there
is relatively little evidence that cortico-cortical coupling
changes as antagonist muscle fatigued. Such evidence would
provide further support for a role of synchronization across
cortical regions in the organization of movement related to
antagonist muscle prefatigue.

To this end, the present study aimed to examine changes
of EEG-EEG phase synchronization index induced by
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antagonistic muscle prefatigue and thus to explore the effects
of antagonist fatigue on cortico-cortical coupling and central
modulation. EEG signals were recorded, and the effect of
antagonist prefatigue on functional cortico-cortical coupling
was determined by comparing EEG-EEG phase synchroniza-
tion index during isometric elbow flexion contraction before
and immediately after antagonist muscle fatigue.

2. Materials and Methods

2.1. Participants. Twelve right-handed young male volun-
teers (age 23.75± 2.49 years, height 173.08± 5.37 cm, and
weight 64.79± 7.53 kg) participated in this study, which was
approved by the Ethics Committee of Shanghai University
of Sport. The subjects were all healthy, with no known neuro-
muscular disorders or musculoskeletal injuries of the neuro-
muscular system.

2.2. Experimental Protocol. The maximal elbow flexion and
voluntary extension contraction torques were determined
for each subject using maximum voluntary isometric elbow
flexion and extension contraction (MVC) tests. Then, each
subject was instructed to perform a 30-second-long, nonfati-
guing isometric elbow extension contraction with the target
force level at 20% MVC (prefatigue elbow extension contrac-
tion). After a sufficient rest period of 2minutes, the subjects
performed a sustained elbow-flexion-fatiguing contraction
at 20% MVC until task failure (fatiguing elbow flexion con-
traction). As soon as the fatiguing elbow flexion contraction
task was complete, the subjects were instructed to perform
another 30-second-long, nonfatiguing isometric elbow
extension with the target force level at 20%MVC (postfatigue
elbow extension contraction).

In the experiment, the subjects sat with the upper arm
vertically placed and the elbow angle kept at 90°. The right
forearm was positioned parallel to the ground and supinated.
When performing isometric elbow extension contraction
task, the subjects were told to maintain the above posture
while lifting a suitable weight from the distal part of the right
forearm by means of a rope and pulley to produce a target
force of 20% maximal elbow extension force. During the iso-
metric elbow-flexion-fatiguing contraction task, a weight was
suspended from the distal part of the right forearm to pro-
duce a target force of 20% maximal elbow flexion force, and
the participants were told to maintain the posture by flexing
the elbow with the elbow joint maintained at 90° until they
felt exhausted and were no longer able to continue the con-
traction. The arm position was monitored by visual inspec-
tion, and feedback was given to the subjects by the same
investigators for all experiments. The failure criteria for the
position task were either an inability to maintain the elbow
angle within 12° of the target for 5 s or displacement of the
forearm from the neutral position for 5 s without correction
[10]. The participants were verbally strongly encouraged to
continue the sustained contraction for as long as possible.
In the experiment, a self-made apparatus was used that could
convert quickly between the elbow flexion and extension
contraction tasks.

During the experiment, EEG signals were recorded. To
reduce EEG artefacts, the experiment was conducted in a
quiet, electrically shielded, dimly lit laboratory with a con-
stant indoor temperature of approximately 24°C. The sub-
jects were told to relax before the experiment and to gaze
at a target point approximately 3metres in front of them
during the experiment session.

2.3. EEG Data Acquisition and Preprocessing.Using the inter-
national 10–20 electrode placement system, EEG recorded
from both right and left motor cortex areas (C3, FC3, C4,
and FC4) from the scalp using a 64-channel NeuroSoft
SYNAMPS system (NeuroScan Labs, El Paso, TX). The scalp
was cleaned with 70% ethanol before the electrode gaps were
filled with conducting gel to connect the recording surface
of each electrode with the scalp. The EEG data recording
did not begin until the impedance for all electrodes settled
below 5000Ω. All channels of the EEG signals were amplified
(×75,000, NeuroScan SynAmps RT amplifier), band-pass
filtered (0.01~100Hz), digitized (2000 samples/s), and
acquired using the NeuroScan system (NeuroScan Labs, El
Paso, TX). The subjects were required to concentrate on the
task performance and minimize distractions as much as pos-
sible. They were asked to maintain a stable body position and
avoid eye blinks, teeth biting, and head movements during
the pre- and postfatigue 30-second isometric elbow extension
contraction. Possible sources of distraction or noise, such as
sound or light, were minimized. During offline preprocess-
ing, EEG signals were re-referenced to the average value of
the bilateral mastoids (M1 and M2), ocular artefacts were
reduced, band pass filtering at 3~60Hz was performed using
an FIR zero-phase-shift filter, artefacts were rejected (based
on the criteria of signals exceeding ±100μV at any time
point), and the results were visually inspected. Using the
above procedure, data with apparent signal artefacts were
excluded. Based on the above procedure, artefact-free
24.576-second length signals recorded during both pre- and
postfatigue elbow extension contractions were acquired for
each subject for later analysis.

2.4. EEG Power Spectrum Analysis and Nonlinear Analysis.
EEG power was computed and averaged across the appropri-
ate frequencies to obtain the power values for alpha (8–12Hz)
and beta (15–35Hz). All power estimates were subjected to a
log transformation prior to analysis, to achieve the assump-
tion of normality [11]. Nonlinear indices including fractal
dimension and sample entropy of EEG were calculated.
Fractal dimension was calculated with the box-counting
method as previously reported [12] while sample entropy
was calculated as reported by Richman and Moorman
[13]. Besides, in order to observe and confirm that the
antagonist muscle do fatigue, RMS and MF of BB and
TB muscles were also calculated during fatiguing elbow flex-
ion contraction (antagonist prefatigue-induced process).

2.5. Phase Synchronization Analysis. EEG signals recorded
during pre- and postfatigue elbow extension contractions
were filtered for the frequency ranges 8–12Hz (alpha band)
and 15–35Hz (beta band) using a 4th-order zero-phase-
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shift Butterworth filter. Phase synchronization analysis was
then conducted, and the phase synchronization index of
FC3-C3, FC4-C4, C3-C4, and FC3-FC4 during pre- and
postfatigue elbow extension contractions were calculated
as [14]

Phase synchronization index

= cos θHxy t
2

t
+ sin θHxy t

2

t
,

1

where t means the average of all the values, and

θHxy t = nθHx t −mθHy t , 2

in which θHx t is the phase angle calculated based on the
Hilbert transformation of the EMG signals and θHy t is cal-
culated based on the EEG signals. In all cases, m and n were
assigned a value of 1 according to relevant studies [14, 15].

Data processing was performed using MATLAB R2009a
software (The MathWorks Inc., Natick, MA, USA).

2.6. Statistical Analysis. The statistical analysis was
performed using SPSS 13.0 forWindows (SPSS, Inc., Chicago,
IL, USA). Normality was tested using the Kolmogorov-
Smirnov test. Phase synchronization index in the alpha
(8~12Hz) and beta (15~35Hz) frequency bands, as well
as power, fractal dimension, and sample entropy during
pre- and postfatigue contractions were tested using paired
sample t-tests. All significance thresholds were fixed at
α = 0 05.

3. Results

The fatiguing elbow flexion contractions lasted for an average
of 400.2± 79.9 s (ranging 319~561 s). Examples of the raw
EEG signals and power spectral density functions (PSDs)
for the EEG are shown in Figure 1. It can be observed from
the figure that during the antagonistic muscle postfatigue
elbow extension contraction, EEG amplitude and power
spectra of both C3 and C4 increased in 0–60Hz compared
with those during the prefatigue contraction.

Figure 2 shows the average EEG power in alpha and beta
bands during pre- and postfatigue elbow extension contrac-
tions. The EEG power at C3 in the alpha band and FC3,
C3, FC4, and C4 in the beta band was significantly increased
during postfatigue contraction compared with that during
prefatigue contraction (alpha band: C3: P = 0 009; beta
bands: FC3: P = 0 045; C3: P = 0 013; FC4: P = 0 013; and
C4: P = 0 013).

Figure 3 showed sample entropy and fractal dimension of
EEG in pre- and postfatigue elbow extension contractions.
Paired sample t-test results have revealed that sample
entropy and fractal dimension of the EEG at FC3, C3, FC4,
and C4 were all significantly increased during postfatigue
contraction compared with those during prefatigue contrac-
tion (sample entropy: C3: P = 0 017, FC3: P = 0 040, C4:
P = 0 037, and C4: P = 0 013; Fractal dimensions: C3:
P = 0 014, FC3: P = 0 032, C4: P = 0 011, and C4: P = 0 006).

Figure 4 represents the EEG-EEG phase synchronization
index during pre- and postfatigue elbow extension contrac-
tions. A paired sample t-test showed that the phase synchro-
nization index in the beta frequency band between EEG of
FC3-C3 electrodes was significantly increased during postfa-
tigue elbow extension contraction compared with that during
prefatigue contraction (P = 0 015).

4. Discussion

The main finding of this study is that EEG-EEG phase
synchronization index in beta frequency band between
contralateral primary motor cortex increased when the
antagonistic muscle was prefatigued during isometric
elbow extension contraction. To our knowledge, this is
the first report to examine the effect of antagonistic muscle
prefatigue on cortico-cortical coupling and the neural con-
trol mechanism.

It may be argued that the increase of phase synchroni-
zation index in this study may be related to the increase of
EEG power in the relevant frequency band. However, no
significant correlation between EEG-EEG phase synchroni-
zation index and EEG power has been discovered in previ-
ous researches [9, 16]. Besides, EEG power at FC3, C3,
FC4, and C4 increased in the beta frequency band in this
study while only phase synchronization index of EEG-EEG
at C3 and FC3 has been found increased in the beta fre-
quency band. All these results demonstrated that the increase
of phase synchronization index cannot be explained by
the enhancement of power in the corresponding fre-
quency band.

In this study, EEG power in the beta frequency band as
well as EEG sample entropy and fractal dimension of both
left and right motor cortices shows a significant increase in
postfatigue contraction than in prefatigue contraction. As
movements of the right side of the body are mainly con-
trolled by the left motor cortex of the brain and bilateral con-
nection of upper limb movement [17, 18], the increase of
EEG power, sample entropy, and fractal dimension in both
left and right motor cortices can be easily expected. However,
significant phase synchronization index changes were only
found between C3 and FC3, indicating that elbow flexion
muscle fatigue may only have significant influences on the
functional connectivity of the contralateral motor cortex dur-
ing elbow extension contraction.

EEG oscillation activity in beta rhythm is associated with
motor cortical function [17, 19, 20], and a significant increase
of EEG-EMG and EMG-EMG coupling in the beta frequency
band induced by muscle fatigue has been revealed in many
studies [15, 21, 22]. In this study, a significant increase of
the phase synchronization index was found in the beta fre-
quency band between contralateral primary motor cortices,
which suggested a significant role for synchronization in
the organization and regulation of elbow extension move-
ment within the contralateral primary motor cortex when
the antagonist muscle prefatigued.

It has been suggested that the central nervous systemmay
control muscles around a joint acting synergistically as a
functional unit [23]. Particularly, agonist and antagonist
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Figure 2: Average EEG power during pre- and postfatigue elbow extension contractions. The EEG power at C3 in the alpha band and FC3,
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Figure 1: Typical examples of raw EEG signals and power spectral density function (PSD) for the EEG during pre- and postfatigue elbow
extension contractions.
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muscles seem to cooperate with each other as a task group in
which the main task of the agonist muscle is to produce force
or power while the antagonist muscle is to maintain joint sta-
bility [15]. As a result of elbow flexor prefatigue, a series of
changes in peripheral and central sites related to elbow flexor
and extensor muscles happens, which may influence the joint
stability of motor task during the later elbow extension
contraction [24]. Therefore, the increase of the phase syn-
chronization index between contralateral motor cortices
may be related to the modulation of the central nervous
system so as to compensate for the antagonistic muscle
prefatigue-induced joint instability, although the extent to

which the intracortical physiological relationship between
the researched motor areas during elbow extension task is
still not fully understood.

In conclusion, phase synchronization indices in the beta
frequency band were found significantly increased between
contralateral motor cortices. The increased EEG-EEG phase
synchronization index may reflect an enhanced intracorti-
cal communication or integration of the signals between
contralateral motor cortices with antagonist muscle prefati-
gue, which may be related to the central modulation so as to
compensate for the antagonistic muscle prefatigue-induced
joint instability.
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Figure 4: Comparisons of the phase synchronization index between EEG-EEG signals during pre- and postfatigue elbow extension
contractions. The phase synchronization index in the beta frequency band between EEG of FC3-C3 electrodes was significantly increased
during postfatigue elbow extension contraction compared with that during prefatigue contraction. Data are mean± SE. Significant
differences are indicated by asterisks (P < 0 05).
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Figure 3: Sample entropy and fractal dimension of EEG in pre- and postfatigue elbow extension contractions. Sample entropy and fractal
dimension of EEG at FC3, C3, FC4, and C4 were all found significantly increased in postfatigue contraction than in prefatigue
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The aim of this study was to investigate the morphological and microstructural alterations of the articular cartilage and bones
during treadmill exercises with different exercise intensities. Sixty 5-week-old female rats were randomly divided into 10 groups:
five additional weight-bearing groups (WBx) and five additional weight-bearing with treadmill exercise groups (EBx), which
were subjected to additional weight bearing of x% (x= 0, 5, 12, 19, and 26) of the corresponding body weight of each rat for
15min/day. After 8 weeks of experiment, the rats were humanely sacrificed and their bilateral intact knee joints were harvested.
Morphological analysis of the cartilages and microcomputed tomography evaluation of bones were subsequently performed.
Results showed that increased additional weight bearing may lead to cartilage damage. No significant difference was observed
among the subchondral cortical thicknesses of the groups. The microstructure of subchondral trabecular bone of 12% and 19%
additional weight-bearing groups was significantly improved; however, the WB26 and EB26 groups showed low bone mineral
density and bone volume fraction as well as high structure model index. In conclusion, effects of treadmill exercise on joints
may be associated with different additional weight-bearing levels, and exercise intensities during joint growth and maturation
should be selected reasonably.

1. Introduction

Osteoporosis and its consequential fragility fractures are
among the leading causes of morbidity, thereby causing con-
siderable and growing social and economic burden [1–3].
Bone mass is considered to be a key determinant of fracture
risk [1], and peak bone mass is suggested to be the most
important factor in the development of osteoporosis [1].
Maximizing bone mass during childhood and adolescence
may contribute to the reduction of fracture risk in the elderly
[1]. In addition, physical activities may be an important
contributor to the increase in bone mass [4–10]. A study on
4-week-old female Sprague-Dawley rats showed that 8 and
12 weeks of exercise (treadmill running at 24m/min, 1 hr
per day, 5 days a week) substantially increased the mineral
apposition and bone formation rates in the proximal and
distal tibial metaphyses and increased the cancellous bone

volume in the proximal tibialmetaphyses [4]. In another study
that subjected 4-week-old male Wistar rats to treadmill run-
ning exercises (30m/min, 1 hr per day, 5 days a week for 10
weeks), the increase in bone strength induced by exercise was
mediated by the changes in the trabecular bonemicroarchitec-
ture, as well as in the density and cortical geometry [10].

Moreover, increasing evidence showed that the effects of
physical activities on the bones of growing rats persisted
after exercise cessation [8, 9, 11, 12]. For example, 4-
week-old male Wistar rats that underwent treadmill train-
ing for 10 weeks (35m/min, +5-degree inclination, 1 hr
per day, 5 days a week) had greater bone mineral content
and longer bones than the rats in the control group, and
the increased bone mass due to training was retained after
the cessation of training [11]. Furthermore, the forearm
axial compression loading for 3 days a week for 7 weeks
on 5-week-old Sprague-Dawley rats significantly improved
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bone mineral content, areal density, and strength. These
improvements remained until the rats were two years of
age [12]. These findings suggest that exercise at a young
age provides lifelong benefits to bone structure and
strength. These benefits are expected to increase the peak
bone mass and reduce the risk of fracture due to aging in
the later years; in addition, the prepubertal period is also
suggested to be the most effective stage for physical activity
interventions [8, 13].

In prepubertal rats, although weight-bearing physical
activities play an important role in the accrual of bone mass
and maintenance of bone quality, the effects of exercise on
other tissues, such as articular cartilage and subchondral
bone, should not be disregarded, especially when the bones
and cartilages are growing at a fast rate. The biomechanical
environment can initiate degenerative changes on immature
articular cartilage during joint growth and maturation [14].
Excessive running exercises (15 km within 3 weeks or
30 km within 6 weeks) in 13- to 14-week-old male Wistar
rats induced knee osteoarthritis [15]. Furthermore, 16- to
18-week-old Wistar rats forced to run 30 km on a tread-
mill platform for 6 weeks also suffered from osteoarthritis
[16]. In another study, an in vivo tibial loading model was
used to assess the influence of mechanical load on articu-
lar cartilage and bone; the results showed that in vivo
cyclic compression of 4.5 and 9.0N peak loads via the
knee joint (1200 cycles, 4Hz, 5 days a week) caused cartilage
degeneration and subchondral bone changes in 10- and 26-
week-old mice [17].

Overall, these studies verified the following assumptions:
(1) physical activities can improve bone quality and prevent
osteoporosis due to aging, (2) physical activities at a young
age may enhance bone quality and the prolong exercise-
induced benefits until old age, and (3) improper (e.g., exces-
sive) physical activities may increase the risk of osteoarthritis
to the joints.

Most studies on physical activities at a young age focused
on bone tissues and paid little attention to the joints. There-
fore, in this study, we focused on the influence of physical
activities on the articular cartilages and bones (including sub-
chondral bone and proximal tibial trabecular bone) of grow-
ing rats. In the present study, growing rats were subjected to
continuous treadmill running. A morphological analysis of
the cartilages and microcomputed tomography (micro-CT)
evaluation of the bones were then performed. The peak strain
during exercise can be increased by adding weights [18], and
thus, exercise intensity was regulated by adjusting the addi-
tion of weights during exercise in this study.

2. Materials and Methods

2.1. Animals. All the experimental procedures were approved
by the Ethics Committee of The First Hospital of Jilin
University (number 2013-145).

A week before the experiment, 85 female Wistar rats,
aged 4 weeks, were purchased and brought to the laboratory
so that they can acclimate to the new environment. All the
rats were housed in cages (6 rats in each cage) under local
vivarium conditions (temperature 24± 2°C and 12hr on/off
light cycle). Free cage movement was allowed. The rats were
provided with standard pelleted chow diet and water in
the entire experimental period, and no dietary adjustments
were made.

2.2. Experimental Design. According to previous studies,
12m/min was considered to be a “gentle” running (walking)
speed on account of the onset of blood lactate accumulation
[19], which was confirmed in the present study. On the last
day of acclimation, 25 rats were selected and randomly
divided into either the sedentary group (n = 5) or the exercise
group (n = 20). The rats in the exercise group were subjected
to treadmill exercise at speeds of 8, 10, 12, and 14m/min
(n = 5 for each speed) for 15min; they were then sacrificed
immediately after exercise. Blood samples from the rats were
collected via the abdominal aorta before death and then cen-
trifuged at 3000 rpm for 15min. The serums were separated,
and the blood lactate concentrations were determined.

No significant blood lactate accumulation was observed
until the running speed increased to 14m/min (the median
value of the blood lactate concentration was 4.5mmol/L).
Therefore, 12m/min (the median value of the blood lactate
concentration was 2.5mmol/L, which was significantly lower
than that at 14m/min, P < 0 05) showed only a slight blood
lactate accumulation and thus can be regarded as the highest
threshold level of gentle running. As such, 12m/min was
selected in the present study.

Subsequently, the other 60 rats were randomized into 10
groups with 6 rats each (Table 1). Additional weight bearing
was carried out by allowing the rats to carry a backpack filled
with leaden strips [18]. All the rats in the exercise groups
were subjected to running exercise on a rodent treadmill plat-
form. The speed of the treadmill and the weight-bearing of
each rat were gradually increased during the first 14 days.
That is, the running speed was increased from 8m/min, with
3% increment, to 12m/min. The weight of the backpack was
increased from 0% of the individual weight until the targeted
additional weight in increments of 7% of the experimental

Table 1: Groups’ information and experimental design.

Groups Number Experimental design

WBx (x= 0, 5, 12, 19, 26) 6× 5 groups
Additional weight-bearing groups with additional weight bearing at x% of the
individual body weight, backpack for 15min/day with no weight bearing or

treadmill exercise at other times.

EBx (x= 0, 5, 12, 19, 26) 6× 5 groups
Exercise groups combined with additional weight bearing at x% of the individual
body weight, treadmill exercise with backpack for 15min/day with no weight

bearing or treadmill exercise at other times.
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requisite weight. All the experimental groups were main-
tained for an additional 8 weeks (7 days per week) as an
experimental period. The additional loads in the backpack
were adjusted in accordance with the change in the body
weights of the rats per week. After the experiment, the rats
were humanely killed under general anesthesia using sodium
pentobarbital. Bilateral intact knee joints were harvested and
fixed in 10% formalin for 24hr. Morphological analysis of the
articular cartilage and micro-CT evaluation of the bones were
then performed (Figure 1).

2.3. Morphological Analysis on the Articular Cartilage. After
tissue fixation, the right knee joints were decalcified in ethyl-
enediaminetetraacetic acid for 2 weeks, and then dehydrated
in a series of alcohol baths, and finally embedded in paraffin.
Serial sagittal sections (6μm thick) were obtained using a
rotary microtome. Safranin O/fast green staining was per-
formed to assess the articular cartilage morphology. Articular
cartilage degeneration was assessed in tibial plateau using the
OARSI osteoarthritis cartilage histopathology assessment
system [20].

2.4. Microstructural Analysis on Bones. After the tissues
were fixed, the left knee joints were scanned by a high-
resolution micro-CT scanner (Skyscan 1076, Skyscan,
Belgium) set at 18μm resolution, 70 kV, 142μA, and an
Al 1.0mm filter. Quantitative microstructural analysis of
bones was then performed.

Subchondral bone includes subchondral cortical bone
and subchondral trabecular bone. Thus, the subchondral
cortical thickness and microstructural parameters of the
subchondral trabecular bone, including bone mineral den-
sity (BMDS), bone volume fraction (BV/TVS), structure
model index (SMIS), trabecular thickness (Tb.ThS), trabec-
ular number (Tb.NS), and trabecular separation (Tb.SpS),
were calculated. In addition, microstructural parameters
of the proximal tibial trabecular bone under growth plate
(BMDt, BV/TVt, SMIt, Tb.Tht, Tb.Nt, and Tb.Spt) were
also quantified to compare with those of the subchondral
trabecular bone.

2.5. Statistical Analysis. Given that the data were nonnor-
mally distributed, nonparametric tests of significance were
performed. Two independent variables (exercise and addi-
tional weight bearing) with different levels (exercise or not;
additional weight bearing of 0%, 5%, 12%, 19%, and 26%)
were analyzed using the nonparametric two-way analysis
of variance (Scheirer-Ray-Hare test). The Mann–Whitney
U test was then used to compare the morphological and
microstructural parameters between every two groups. A
P value < 0.05 was considered statistically significant [21, 22].

3. Results

3.1. Evaluation of Articular Cartilage Degeneration in the
Tibial Plateau. The results of the OARSI assessment are
shown in Table 2. No change in the cartilages of WB0, EB0,

Knee
joint

Articular cartilage

Bones

Safranin O/fast green staining

OARSI assessment system

Subchondral
cortical thickness

Subchondral cortical bone

Subchondral trabecular bone

Proximal tibial trabecular bone

Micro-CT scanning

BMDs
BV/TVs
SMIs
Tb.�s
Tb.Ns
Tb.Sps

BMDt

BV/TVt

SMIt

Tb.�t

Tb.Nt

Tb.Spt

1_rec0624.bmp 1_rec0625.bmp 1_rec0626.bmp 1_rec0627.bmp 1_rec0628.bmp

1_rec0629.bmp 1_rec0630.bmp 1_rec0631.bmp 1_rec0632.bmp 1_rec0633.bmp

1_rec0634.bmp 1_rec0635.bmp 1_rec0636.bmp 1_rec0637.bmp 1_rec0638.bmp

Figure 1: Assessment of morphological and microstructural alterations of the articular cartilage and bones.
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WB5, and EB5 were observed. WB12 and EB12 showed min-
imal surface discontinuities (Figure 2(a)). WB19, EB19, and
WB26 had same sample distribution in terms of their OARSI

grades (Figures 2(b) and 2(c)). However, EB26 showed obvi-
ous cartilage damage. In this group, only 3 of 6 samples were
in grade 0, and 1 of 6 samples was in grades 1, 2, and 3.

Table 2: OARSI grades of cartilage (the numbers of cartilages in each grade).

Grade WB0 EB0 WB5 EB5 WB12 EB12 WB19 EB19 WB26 EB26

Grade 0 6 6 6 6 5 4 4 4 4 3

Grade 1 0 0 0 0 1 2 1 1 1 1

Grade 2 0 0 0 0 0 0 1 1 1 1

Grade 3 0 0 0 0 0 0 0 0 0 1

100 �휇m

100 �휇m

Grade 0

(a)

100 �휇m

100 �휇m

Grade 1

(b)

100 �휇m
100 �휇m

Grade 2

(c)

100 �휇m

100 �휇m

Grade 3

(d)

Figure 2: OARSI assessment of articular cartilage ((a) grade 0: cartilage surface is smooth; (b) grade 1: surface intact with uneven articular
surface is observed; (c) grade 2: discontinuity of surface is destroyed; and (d) grade 3: cartilage degeneration is observed with obvious
cracks extension).
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Visualized Safranin O staining loss and cartilage thinning
were observed in EB26 (Figure 2(d)).

3.2. Microstructural Evaluation of Subchondral Bone. The
microstructural parameters of the subchondral bone were
analyzed, and the results are shown in Table 3.

No significant difference in subchondral cortical thick-
ness was observed among groups.

Statistical analysis results show that exercise or the inter-
action between exercise and weight-bearing level had no
significant effect on any parameter of the subchondral trabec-
ular bone (Scheirer-Ray-Hare test: exercise or not, P > 0 05;
interaction between exercise and weight-bearing level,
P > 0 05). Subchondral trabecular bone changes in the
BMDS, BV/TVS, SMIS, Tb.ThS, and Tb.SpS were mainly
dependent on the weight-bearing level (Scheirer-Ray-Hare
test: weight-bearing level, P < 0 05). High BMDS was
observed in the 12% additional weight-bearing groups
(WB12 and EB12), which had significantly higher BMDS
than EB0. For BV/TVS, both 12% and 19% additional
weight-bearing groups and EB5 showed higher values than
WB0 (P < 0 05). EB12 had the highest BV/TVS (higher than
WB0 and EB0, P < 0 05). Although the 12% and 19% addi-
tional weight-bearing groups showed low SMIS, a significant

difference was only observed from EB12 andWB0 (P < 0 05).
No difference among the groups was observed with respect to
Tb.NS. The 12% and 19% additional weight-bearing groups
showed higher Tb.ThS than EB0 (P < 0 05). EB5, WB12,
EB12, and EB19 showed significantly lower values than EB0
in terms of Tb.SpS. Among the groups, EB12 had the lowest
Tb.SpS (significantly different from WB0 and EB0, P < 0 05).

3.3. Microstructural Evaluation of Proximal Tibial Trabecular
Bone. The microstructural parameters of the proximal tibial
trabecular bone are shown in Table 4.

Results of proximal tibial trabecular bone show the
similar trend with the subchondral trabecular bone. That is,
exercise or the interaction between exercise and weight-
bearing level had no significant effect on any parameter of
the proximal tibial trabecular bone (Scheirer-Ray-Hare test:
exercise or not, P > 0 05; interaction between exercise and
weight-bearing level, P > 0 05). Microstructural parameters
(BMDt, BV/TVt, SMIt, Tb.Tht, and Tb.Spt) were mainly
dependent on the weight-bearing level (Scheirer-Ray-Hare
test: weight-bearing level, P < 0 05). The 0% additional
weight-bearing groups (WB0 and EB0) showed lower BMDt
than other groups, with the highest value observed in EB12.
For other microstructural parameters, EB12 showed the

Table 3: Microstructural parameters of subchondral bone.

Groups Subchondral cortical thickness (mm)
Subchondral trabecular bone

BMDS (g/cm
3) BV/TVS (%) SMIS Tb.NS (1/mm) Tb.ThS (mm) Tb.SpS (mm)

WB0 0.1840 0.6145 36.6019 1.1143 2.6330 0.1365 0.2727

EB0 0.1849 0.6106 35.9493 1.1867 2.6300 0.1378 0.2844

WB5 0.2017 0.6147 41.1165 1.0059 2.7910 0.1395 0.2841

EB5 0.1978 0.6131 43.2750∗ 1.0251 2.9930 0.1427 0.2662#

WB12 0.1840 0.6231# 41.4677∗ 0.9902 2.7920 0.1457# 0.2611#

EB12 0.1893 0.6260# 44.0822∗ ,# 0.9188∗ 2.8620 0.1534# 0.2452∗ ,#

WB19 0.2045 0.6190 41.4688∗ 0.9976 2.9990 0.1488# 0.2585

EB19 0.1860 0.6185 41.6078∗ 1.0281 2.8290 0.1506# 0.2588#

WB26 0.1952 0.6065 39.3952 1.2407 2.8670 0.1367 0.2764

EB26 0.1971 0.5997 39.8096 1.3481 2.6430 0.1346 0.2895
∗Significantly different from the WB0 group; P < 0 05. #Significantly different from the EB0 group; P < 0 05.

Table 4: Microstructural parameters of the proximal tibial trabecular bone.

Groups BMDt (g/cm
3) BV/TVt (%) SMIt Tb.Nt (1/mm) Tb.Tht (mm) Tb.Spt (mm)

WB0 0.5583 25.3438 1.8431 2.2250 116.9828 242.2194

EB0 0.5528 23.6330 1.7450 2.0890 111.1648 264.1477

WB5 0.5767# 30.1409 1.6501 2.2050 130.5708 265.4428

EB5 0.5713# 29.1304 1.7560 2.1260 127.7959 233.0518

WB12 0.5747∗ ,# 30.9775 1.8210 1.8530 131.9947 262.4064

EB12 0.5950∗ ,# 44.9278∗ ,# 0.9834# 2.4910 163.0242# 228.0384

WB19 0.5688# 32.2411 1.6022 2.0080 128.8975 212.6581

EB19 0.5740∗ ,# 38.3036 1.1095 2.0800 143.4085 225.0497

WB26 0.5645 21.2810 1.9553 1.8500 119.9064 287.3870

EB26 0.5603 21.7358 2.1625 1.8030 122.8960 272.5016
∗Significantly different from the WB0 group; P < 0 05. #Significantly different from the EB0 group; P < 0 05.
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highest BV/TVt (significantly higher than WB0 and EB0,
P < 0 05), Tb.Nt, and Tb.Tht (significantly higher than EB0,
P < 0 05) and the lowest SMIt and Tb.Spt (significantly lower
than EB0, P < 0 05).

4. Discussion

The influence of different exercise intensities on the articular
cartilage and bones of growing rats was investigated in this
study. The rats were subjected to continuous treadmill run-
ning with different additional weight bearings. The cartilages
and bones were then subjected to morphological analysis and
micro-CT evaluation, respectively.

With regard to the running speed, 12m/min corre-
sponded to a moderate level by evaluating blood lactate accu-
mulation in the present study. Apparent blood lactate
concentration was observed when the running speed
increased to 14m/min, which means the intensity of the
exercise has exceeded our expectations. Besides, lower speeds
(such as 8m/min or 10m/min) were still rejected to avoid
confusion with voluntary exercise. Accordingly, the speed
of 12m/min was selected in the current study.

Although treadmill running could enhance bone quality
[4, 10, 11], the influence of running on cartilage should not
be ignored. Moderate mechanical loading could maintain
the integrity of the cartilage and prevent the progression of
cartilage-subchondral bone lesions [23, 24]. However, over-
use of joints may result in cartilage degradation [15, 16, 25].
In this study, articular cartilage degeneration was clearly
observed in the 26% additional weight-bearing groups
(WB26 and EB26). The 12% and 19% additional weight-
bearing groups showed different grades of cartilage changes.
The results of the assessment of cartilage in the tibial plateau
indicated that the increase in additional weight bearing
exacerbated cartilage damage. This effect may be related to
the immature cartilage in growing rats and thus imply the
importance of selecting beneficial exercise intensity during
the growing period of cartilage and bones.

Subchondral bone, which plays an important role in load
distribution and support in joints, is closely associated with
osteoarthritis and thus is a tissue of great interest [26–34].
Whether the onset of osteoarthritis occurs in the bone or
articular cartilage remains controversial. Several studies sug-
gested that changes in the subchondral bone occur following
the degeneration of the cartilage [26, 27]. However, many
researchers speculated that changes in the bone occur simul-
taneously with cartilage degradation or even before cartilage
degradation [28, 29]. Mechanical factors play a significant
role in the physiologic imbalance of osteoarthritis. The health
and integrity of the overlying articular cartilage depend on
the mechanical properties of its bony bed [30]. The mechan-
ical effects of loading not only influence the bone mass but
also alter the subchondral bone [34]. Although no significant
change in the subchondral cortical bone was observed in the
current study, the subchondral trabecular bone exhibited
substantial changes. The results of this study showed that
the 12% and 19% additional weight-bearing groups consid-
erably improved the microstructure of the subchondral
trabecular bone, but the positive results were not observed

in the 26% additional weight-bearing groups. In addition,
although no significant difference was found between
WB26 and EB26, they showed low BMDS and BV/TVS, as
well as high SMIS, thus indicating that the 26% additional
weight bearing failed to improve bone quality. Therefore,
increased exercise intensity cannot improve further exercise-
induced positive effects, especially in growing joints, which
may be associated with the ability of bone adaption especially
that of growing bones. Though this study provided a proper
additional weight-bearing level (19% additional weight
bearing) for the growing bones and joints, a further study
is still needed to explore the reasonable exercise intensities
more precisely.

Microstructural parameters of the proximal tibial trabec-
ular bone under the growth plate showed similar changes
with the subchondral trabecular bone. However, the changes
of BMDt seemed more sensitive; that is, not only 12% and
19% additional weight-bearing groups but also 5% addi-
tional weight-bearing groups showed significant higher
values than 0% additional weight-bearing groups. Though
those results may not be helpful to understand the load
transduction with regard to bones and joints under treadmill
exercises with different additional weight-bearings levels in
growing individuals, they still suggested that the proper
exercise intensities could improve bone quality for the
growing individuals.

The current results should be considered in light of several
limitations. First, no additional weight bearing heavier than
26% of the individual body weight was used in this study
because the adaptability of the rats was considered. Thus, the
effects of additional weight bearing heavier than 26% on artic-
ular cartilage and subchondral bonewere not discussed. How-
ever, articular cartilage degeneration was clearly observed in
the 26% additional weight-bearing groups, which means it is
unnecessary to enlarge the range of an additional weight-
bearing value. Second, the models used in this study lacked
exact evaluation of the strains produced by different exercise
intensities in the joints. The relationship between mechanical
stimulation (strain) and changes in the joint (articular carti-
lage and subchondral bone) was not discussed, which should
be improved in the future studies to conduct a quantitative
and comprehensive research. Third, the results obtained in
the paper were based on female rats, which means that the
conclusionmight not be applicable to themale rats. The differ-
ences between genders should be investigated deeply in the
future to extend the conclusion of this study. Although
restrictedby these limitations, the influenceofphysical activity
(treadmill running) on articular cartilage and subchondral
bone were investigated, and the results may provide insights
into the means of enhancing bone quality.

In conclusion, different exercise intensities did not
considerably affect the subchondral cortical thickness but
influenced the articular cartilage structure, as well as the
microstructural parameters of subchondral trabecular bone
and proximal tibial trabecular bone. The results of this
study suggested that the exercise intensities during joint
growth and maturation should be selected reasonably to
improve bone quality and avoid the risk of osteoarthritis
due to aging.
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Introduction. Osseointegration is required for prosthetic implant, but the various bone-implant interfaces of orthodontic
miniscrews would be a great interest for the orthodontist. There is no clear consensus regarding the minimum amount of bone-
implant osseointegration required for a stable miniscrew. The objective of this study was to investigate the influence of different
bone-implant interfaces on the miniscrew and its surrounding tissue. Methods. Using finite element analysis, an advanced
approach representing the bone-implant interface is adopted herein, and different degrees of bone-implant osseointegration
were implemented in the FE models. A total of 26 different FE analyses were performed. The stress/strain patterns were
calculated and compared, and the displacement of miniscrews was also evaluated. Results. The stress/strain distributions are
changing with the various bone-implant interfaces. In the scenario of 0% osseointegration, a rather homogeneous distribution
was predicted. After 15% osseointegration, the stress/strains were gradually concentrated on the cortical bone region. The
miniscrew experienced the largest displacement under the no osseointegra condition. The maximum displacement decreases
sharply from 0% to 3% and tends to become stable. Conclusion. From a biomechanical perspective, it can be suggested that
orthodontic loading could be applied on miniscrews after about 15% osseointegration without any loss of stability.

1. Introduction

Miniscrew has been extensively applied in orthodontic treat-
ment as a temporary anchorage device because of its ease of
placement, low cost, minimal anatomic limitations, and
enhanced patient comfort. The existing evidence suggests a
success rate of more than 80% for miniscrews [1]. Likewise,
Albogha and Takahashi have stated a success rate ranging
from 77.7% to 93.43% in their study [2]. However, the failure
of miniscrew may have dramatic consequences and remain
difficult to be anticipated by orthodontists [3]. Since the
failure of miniscrew necessitates additional surgical inter-
ventions and prolonged treatment time, investigating the
mechanical stability of miniscrew becomes imperative.

The biomechanical properties of bone to implant inter-
face are the key determinants for miniscrew stability. Ini-
tially, when the miniscrew is placed into bone, the retention

of the implant is provided by mechanical locking. Later, with
the progression of bone formation around the implant,
bioactive retention can be achieved via physicochemical
bonding. It is clinically evident that full osseointegration is
a prerequisite for successful prosthetic (or dental) implants
[4, 5]. Nevertheless, some fibrous tissue formation at the
bone-implant interface would be acceptable because ortho-
dontic loading has to be applied as early as possible and also
the miniscrew at the end of treatment must be easily remov-
able [3]. That is to say, partial bone-implant osseointegration
of the miniscrew might be permitted for orthodontic treat-
ment. Therefore, the effect of the different degrees of bone-
implant osseointegration on the stability will be of great
interest from the orthodontist’s point of view.

The objective of this study was to investigate the influ-
ence of the different implant-bone interface conditions on
the biomechanics of an orthodontic miniscrew and its
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surrounding tissue with the use of finite element analysis
(FEA). FEA is particularly suitable for a biological structure
analysis as it allows great flexibility in dealing with geometric
complex domains composed of multiple materials [2, 6–8].
In the present study, an advanced approach representing
the bone implant interfaces was adopted wherein [9] differ-
ent percentages of bone-implant osseointegration were
implemented in the FEmodels and the biomechanical behav-
ior of miniscrew and the supporting tissue with the various
bone-implant interfaces was predicted and compared.

2. Materials and Methods

The geometry of the partial maxilla, including both premolar
and molar, was obtained from the dental hospital, and com-
puted tomography images captured at 0.5 mm intervals were
disposed with Mimics software (Materialise NV, Leuven,
Belgium) and Geomagic Studio software (Geomagic Com-
pany, NC, USA). Maxillary trabecular bone was modeled
as a solid structure in the cortical bone with an average
thickness of 2mm based on the CT images. Likewise, the
periodontal ligament (PDL) was modeled based on the exter-
nal geometry of teeth roots with a thickness of 0.20mm. The
implant was structured as a threaded endosseous miniscrew
(8mm length, 1.3mm diameter, 0.1mm thread ridge, 60
degrees screw top angle, and 0.5mm thread pitch) by using
a commercial CAD software SolidWorks (SolidWorks Corp.,
Dassault Systemes, Concord, MA, USA). The miniscrew was
inserted into maxillary bone between the premolar and
molar at a distance of 3mm from the alveolar crest, as
shown in Figure 1.

The entiremodel was imported to the finite element pack-
age ANSYS Workbench (Swanson Analysis System Co.,
Houston, TX, USA). The finite element model was meshed
using 10-node solid tetrahedral elements (Figure 2(a)). Fol-
lowing a convergence test [7], 0.5mm was determined to be
the appropriate element mesh size for bone and tooth, and
even a miniature size (0.2mm) was selected to accommodate
the small feature in the model (e.g., PDL andminiscrew). The
detailed element assignment is listed in Table 1. The contacts
among the tooth, the related bones, tissue, and ligaments are
defined in Table 2.

For the realistic presentation, different amounts of bone-
implant osseointegration were implemented, ranging from
0% to 100% (Figure 3). In the existing studies, it was found
that there should be a small gap between the implant and
peri-implant bone [9, 10]. To evaluate the effect of different
bone implant interfaces, a simulation method has already
been developed by Lian et al. [9], which was used in the
present study. Hence, based on the histological image
(Figure 2(c)) [11], it can be suggested that 0.1mm (100μm)
thick mixed tissue exists around the miniscrew, constituting
a blend of bony tissue and soft tissue to simulate varying
bone-implant contact (Figure 2(b)). An ad hoc APDL
(ANSYS Parametric Design Language) routine was devel-
oped to set the different bone-implant osseointegration. As
shown in Figure 3, a certain percentage of mixed tissue ele-
ments were selected randomly and assigned the properties
of bony tissue. The remaining elements within the mixed

tissue were designated as soft tissue. In this study, a total of
13 different percentages of bone-implant osseointegration
were considered (0%, 1%, 2%, 3%, 4%, 5%, 10%, 15%, 20%,
25%, 50%, 75%, and 100%).

Mesial and superior maxillary bone surfaces were fixed in
all directions as the boundary conditions (Figure 1(b)). To
consider the loading effect of different clinical applications
[9, 12], two different kinds of orthodontic load (traction force
and revolving torque) were applied at the head of the screw
(Figures 1(c) and 1(d)). The direction of the traction force
applied was 30 degrees declination to the occlusal plane
(Figure 1(c)), and the revolving torque was applied in the
clockwise direction (Figure 1(d)).

Fully anisotropic elastic components were used for both
cortical and trabecular bones [13, 14], as listed in Table 3. A
nonlinear elastic stress-strain behavior of PDL was employed
and inputted into FE models, following the approach pro-
posed by Toms et al. [14]. Miniscrew and dentin were consid-
ered homogeneous, isotropic, and linearly elastic (Table 4).

3. Results

In the present study, a total of 26 analyses were performed,
including the 13 different degrees (from 0% to 100%) of
bone-implant osseointegration models with two different
kinds of orthodontic load applications (traction force and
revolving torque).

The FE simulated results for the force and torque load in
the peri-implant tissue (mixed tissue region) are shown in
Figures 4 and 5, respectively. For the ease of observation,
equivalent stresses/strains in the cross section of the FE
models are displayed. As shown in the figures, the stress
and strain distributions in the mixed tissue are changing with
the various bone-implant interfaces. Initially, in the scenario
of 0% osseointegration, a rather homogeneous equivalent
stress/strain distribution was predicted. And then, remark-
able stress/strain concentrations could be seen in the peri-
implant tissue with the 1% osseointegration interface. After
the 15% osseointegration, the stress and strains were gradu-
ally concentrated on the cortical bone region rather than in
the trabecular bone region. It is worth noting that, whatever
kind of the orthodontic loads are subjected, there is a signif-
icant change in the first 7 degrees (0%~10%), but the varia-
tion range reduced obviously after the 15% osseointegration.

Figures 6 and 7 show the equivalent stress and strain on
the surrounding bone under the application of traction force
and revolving torque, respectively. As evident from Figure 6,
under the application of traction force, the stress induced in
the cortical bone was much higher as compared to that in
the trabecular bone. With the change in bone-implant
interfaces, the stress distribution gradually concentrated
on the bone around the neck of miniscrew. The strain dis-
tribution also showed a trend similar to the stress. However,
in the initial phase (0%~15%), the maximum strain was
located in the trabecular bone rather than the cortical bone.
Furthermore, the equivalent stress and strain distributions
with revolving torque application are shown in Figure 7.
The changing trend of equivalent stress and strain is much
similar to that of traction force application. At the beginning
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(0% osseointegration), the stress was longitudinally distrib-
uted along the whole miniscrew. With the integration of the
bone and implant, the stress was highly concentrated in the
neck of the miniscrew. Similarly, the strain distribution was
concentrated on the trabecular bone initially, which later on
shifted towards the neck of the miniscrew with the change
in bone-implant osseointegration percentages.

Figure 8 illustrates quantitatively the relationship
between the degree of bone-implant osseointegration and
biomechanical characteristics of bone-implant complex.
Figures 8(a) and 8(b) represent the change in average equiv-
alent stress and strain in the mixed (peri-implant) tissue,
respectively. It is evident from Figure 8(a) that the stress
increases progressively before the 10% osseointegration,
followed by a slight decrease, and then increases again. As
shown in Figure 8(b), the strain decreases significantly at
the beginning, and then tends towards stability until the
100% osseointegration is achieved. From Figures 8(c)and
8(d) , it can be seen that the equivalent stress changes with
the increase in the osseointegration degrees in the cortical
bone and trabecular bone region, respectively. Besides, ini-
tially the stress increases sharply, and then drops down
followed by a gradual increase again after the 15% osseointe-
gration. As shown in Figure 8(d), it can be seen that the graph
exhibits similar patterns to those presented in Figure 8(c),
but a turning point is not observed at the 15% osseointe-
gration in the trabecular bone. Relative to the displace-
ment (Figure 8(e)), the miniscrew experienced the largest
displacement under the condition of no osseointegration
(0%). The maximum displacement decreases sharply from

0% to 3% and tends to become stable after completion of
approximately 3~4% osseointegration.

4. Discussion

In this study, finite element models were generated to
investigate the effect of different implant-bone interface
conditions on the mechanical stability of miniscrew. From
0% to 100%, 13 different degrees of bone-implant inter-
faces were simulated. The stress/strain patterns generated
by the miniscrews at the surrounding tissue were calcu-
lated and compared, and the displacement of miniscrew
was also evaluated.

In dental biomechanics, almost all the FE models gener-
ated currently simulated different bone to implant interfaces
by employing frictional contact analysis [2]. In a typical FE
model built by Yang and Xiang [15], three different contact
types were used to represent the integration quality at the
implant-bone interface. The “bonded” type simulates a full
osseointegration; the “no separation” type indicates an
imperfect osseointegration, and the “frictionless” contact
implies no osseointegration. As a progressive technology of
simulating partial contact, a random algorithm was devel-
oped by Gracco et al. to set a part of the nodes localized at
the bone/implant interface as the tie constraint, and the
remaining part of the interface was set as frictional contact
[16]. However, although contact analyses with different fric-
tional coefficients can be used to assess the biomechanical
effects of many different implant-bone complex, the specific
frictional coefficients is still difficult to determine by an
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Figure 1: (a) Microimplant. (b) Geometry models with fixed boundary conditions (buccal side). (c) The traction force and (d) revolving
torque employed during orthodontic loading.
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existing biomechanical testing [17]. In order to overcome the
limitations of the existing methodologies, an alternative
method was proposed by Lian et al. [9]. In this method, an
assumption was made that a small part of tissue surrounding
the implant was constituted as a mix of hard and soft tissue.
According to the observation of previous histological studies
[18, 19], this assumption has been proved to be reasonable.
Therefore, considering the progressive change of the

surrounding tissue around the miniscrew, this alternative
method was advanced from a 2D simulation to 3D, to repro-
duce the different bone-implant interfaces in our FE models.

Till date, the minimum level of bone-implant osseoin-
tegration for clinical success in orthodontics has not been
clearly described. From the biomechanical viewpoint, the
minimumamount of bone-implant osseointegration required
can be inferred from our analytical results. For the equivalent
stress and strain (Figures 4–7), the implant-bone interface
conditions significantly affected the stress/strain distributions

Molar premolar

Periodontal ligament
(PDL)

Trabecular bone

Cortical bone

(a)

0.1 mm

Mixed tissue

(b)

Implant

Bone

100 �휇m

(c)

Figure 2: (a) Finite element models of cortical bone, trabecular bone, periodontal ligament (PDL), and premolar and molar (palatal side). (b)
The 0.1mm (100 μm) thick mixed tissue around microimplant. (c) The histological image showing the bone-implant interface (courtesy of
Professor Shicheng Wei).

Table 1: The number of nodes and elements of FE model.

Nodes Elements

Cortical bone 150,450 94,395

Trabecular bone 161,301 107,895

Microimplant 7563 4000

PDL 28,913 14,332

Teeth 16,793 9384

Mixed tissue 56,068 29,579

Total 421,088 259,585

Table 2: Contact types set in the FE models.

Contact bodies Contact type

Tooth Tooth Frictionless

Tooth PDL Bonded

PDL Bone Bonded

Microimplant Mixed tissue Bonded

Mixed issue Bone Bonded

4 Journal of Healthcare Engineering



on the surrounding tissue when the osseointegration was less
than 15%. Further analysis (15%~100%) reveals that, even
though the stress/strain concentration appears around the
implant neck region, the overall changes in the stress/strain
distributions from 15% to 100% osseointegration can be
neglected.Besides, according to theprogressivebiomechanical
characteristics of bone-implant complex (Figure 8), the mini-
mum amount of bone-implant osseointegration may vary
between 2% and 10%. Some of the previous findings are also
in support of our results. Deguchi et al. implied that implants
with as little as 5% bone osseointegration at the bone-
implant interface can successfullywithstandorthodontic force
[20], and also the study by Woods suggested that 2.2 percent
BIC may be sufficient for light force [21]. However, during
the low degrees of bone-implant osseointegration (0~15%),
our results show that the presence of connective tissue
(soft tissue) at the implant-bone interface might result in
an increase of stress/strain magnitudes in the trabecular
bone as compared with full osseointegration conditions.

Because of the occurrence of fibrous tissue, miniscrew can-
not be tightly held by alveolar bone, leading to miniscrew
instability. The surrounding trabecular bone might be dam-
aged due to the changing mechanical environment induced
by the miniscrew, and excessive implant displacement may
cause loosening, dislocation, or even loss of the implant.
Therefore, it can be inferred that orthodontic loading can
be applied over the miniscrew after completion of 15%
osseointegration without a compromise of stability. That is
to say, less than 15% osseointegration might be a risk factor
in terms of implant stability, and hence should be avoided.

Now, a critical question arises, that is, what should be the
latency period to achieve the minimum percentage of bone-
implant osseointegration during an orthodontic treatment?
In reference to previous animal/ histological studies, several
investigations have been done on the healing time of ortho-
donticminiscrew.However, no studyhas been conducted spe-
cifically to solve this problem. Even more, the existing results
are inconclusive about the proper timing of orthodontic
force application. A histological study done byRamazanzadeh
et al. concluded that healing time has no significant effect
on miniscrew stability, but only a comparison of bone-
implant contact between 4 weeks and 8 weeks was made
in his study [22]. In an another study by Oltramari-
Navarro et al., similar histomorphometric results were
observed for the immediate and the delayed orthodontic
loads groups, but it is important to note that the immediate
group presented higher failure rate (50%) than the delayed
group [18]. Likewise, the results of an animal study by
Zhao et al. indicated that early loading may decrease the
osseointegration of miniscrews, and the same investigators

Table 3: Anisotropy elastic coefficients for cortical and trabecular bonea.

E1 E2 E3 G12 G13 G23 ν12 ν13 ν23

Cortical boneb 12.5 17.9 26.6 4.5 5.3 7.1 0.18 0.31 0.28

Trabecular bonec 0.21 1.148 1.148 0.068 0.068 0.434 0.055 0.055 0.322
abcEi represents Young’s modulus (GPa); Gij represents shear modulus (GPa); νij represents Poisson’s ratio; the 1-direction is radial, the 2-direction is tangential
(circumferential), and the 3-direction is axial (longitudinal); the 1-direction is inferosuperior (the axis of transverse isotropy symmetry with the smallest of
Young’s modulus value), the 2-direction is mediolateral, and the 3-direction is anteroposterior.

0% 1% 2% 3% 4% 5%

So� tissue
Bony tissue

10% 15% 20% 25% 50% 75% 100%

Figure 3: Different degrees of the bone-implant osseointegration interfaces implemented in the FE models, varying from 0% to 100%.

Table 4: Material elastic modulus parameter employed in the FE
models.

Elastic modulus
(GPa)

Poisson’s
ratio

References

Tooth 22.0 0.31 Holberg et al., 2013

Microimplant 113.4 0.342 Alrbata et al., 2014

Bony tissue 2.4 0.3 Lian et al., 2010

Soft tissue 0.07 0.3 Lian et al., 2010

5Journal of Healthcare Engineering



Equivalent stress

(MPa)

2.2 700 275 209 136.94 145 60 25 32 40 34
23
17
11
7.7
3.9
2.4
0.96
0.45
2.8e‒7

27
20
14
9.1
4.6
2.9
1.1
0.57
6.3e‒7

22
16
11
7.3
3.7
2.3
0.97
0.40
1.5e‒6

24
18
12
0.1
4.1
2.5
1
0.51
4.9e-6

30
49

25
16
11
5.5
3.4
1.4
0.65
9.3e‒6

40
30
20
13
6.6
4.2
1.7
0.83
1.4e‒5

97.1
73.3
49.6
32.9
16.2
10.1
4.05
2.03
4.67e‒5

92.430
69.49
46.542
34.101
15.659
9.7871
8.975
1.9676
0.000e

140
105
70.2
45.9
45.9
14.9
6.24
3.12
0.00

182
137
92.9
62.1
31.3
23.2
15.2
7.6
0.00

468
352
238
155
77.1
48.2
39.3
9.64
0.00

508
750

379
251
166
79.8
49.9
20
0.95
0.00

1.9
1.7
1.5
1.2
0.98
0.74
0.49
0.25
0.0083

(a)

Equivalent strain

4.4 5 3.3 1.9 1.2 0.90 0.3 0.11 0.00 0.066 0.057 0.016 0.0085
0.0057
0.0043
0.0039
0.002
0.0009
0.0006
0.0002
0.0001
5.7e‒7

0.011
0.0081
0.0055
0.0038
0.0018
0.0011
0.0004
0.0002
7.7e‒7

0.051
0.0064
0.0056
0.0036
0.0019
0.0012
0.0004
0.0002
1.9e‒6

0.044
0.033
0.022
0.015
0.0073
0.0045
0.0015
0.0003
0.9e‒6

0.054
0.04
0.027
0.013
0.0091
0.0057
0.0023
0.0011
1.5e‒5

0.017
0.050
0.009
0.026
0.013
0.0083
0.0033
0.0017
2.3e‒5

0.2
0.15
0.1
0.067
0.034
0.021
0.0085
0.0045
7.8e‒5

0.65
0.49
0.33
0.22
0.11
0.07
0.025
0.014
0.000

0.77
0.58
0.39
0.25
0.13
0.00
0.032
0.016
0.000

1.3
0.95
0.54
0.43
0.21
0.13
0.054
0.027
0.000

2.2
1.7
1.1
0.74
0.37
0.23
0.093
0.047
0.001

3.4
2.6
1.7
1.2
0.59
0.46
0.3
0.15
0.00

3.9
3.4
3
2.5
2
1.5
1
0.51
0.025

(mm/mm)

0% 1% 2% 3% 4% 5% 10% 15% 20% 25% 50% 75% 100%

(b)

Figure 5: Progressive alteration of (a) equivalent stress and (b) strain distributions in peri-implant tissue under the application of
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suggested that a 4-week healing time is recommended
before orthodontic loading [23]. Deguchi et al. also con-
cluded that a minimal healing period of 3 weeks is required
for orthodontic loading [20]. Above all, the existing animal

experiments presented some useful conclusion; however,
their results remain limited when it comes to understand-
ing the various conditions of bone-implant interfaces play-
ing a role in miniscrew stability.
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Figure 6: Progressive alteration of (a) equivalent stress and (b) strain distributions in the surrounding bone under the application of
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The research limitations and suggestions for future
research should be pointed out. Firstly, additional animal
research is required to answer the above-mentioned ques-
tion. If the exact time for achieving 15% osseointegration of

miniscrew could be confirmed, the appropriate time of min-
iscrew loading can be effectively ensured for orthodontists.
Secondly, the bone remodeling process was not considered
in the simulation. In fact, the bone remodeling occurs around
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Figure 7: Progressive alteration of (a) equivalent stress and (b) strain distributions in the surrounding bone under the application of
revolving torque.

8 Journal of Healthcare Engineering



the implant during the healing period. So the progressive
process of bone remodeling should be included in further
simulation to investigate mechanical stability of orthodontic
miniscrew. Finally, the material nonlinear properties of the
mixed tissue (hard and soft tissue) should be considered in
the FE analysis. Because large deformation can be observed
during this simulation, the incorporation of nonlinear prop-
erties can provide more accurate and reliable results.

5. Conclusions

Within the limitation of this study, it can be suggested that
the orthodontic force can be applied at the miniscrew after
completion of approximately 15% osseointegration which is
the more beneficial for the mechanical stability of the minis-
crew. Under this condition, the miniscrew can be tightly held
in place by the surrounding tissue and employed as
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orthodontic anchorage without compromising implant sta-
bility. For clinical application of the results simulated in our
study, a specifically designed study is required to confirm
the appropriate time of orthodontic loading in the future.
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Numerous robots have been widely used to deliver rehabilitative training for hemiplegic patients to improve their functional ability.
Because of the complexity and diversity of upper limb motion, customization of training patterns is one key factor during upper
limb rehabilitation training. Most of the current rehabilitation robots cannot intelligently provide adaptive training parameters,
and they have not been widely used in clinical rehabilitation. This article proposes a new end-effector upper limb rehabilitation
robot, which is a two-link robotic arm with two active degrees of freedom. This work investigated the kinematics and dynamics
of the robot system, the control system, and the realization of different rehabilitation therapies. We also explored the influence
of constraint in rehabilitation therapies on interaction force and muscle activation. The deviation of the trajectory of the end
effector and the required trajectory was less than 1mm during the tasks, which demonstrated the movement accuracy of the
robot. Besides, results also demonstrated the constraint exerted by the robot provided benefits for hemiplegic patients by
changing muscle activation in the way similar to the movement pattern of the healthy subjects, which indicated that the robot
can improve the patient’s functional ability by training the normal movement pattern.

1. Introduction

Stroke is a leading cause of physical impairments, with
symptoms of spasticity, weakness, and hemiplegia [1, 2].
Functional disability of upper limb is a common impair-
ment among hemiplegic patients, which causes difficulties
and inconvenience in activities of daily life [3, 4]. It has
been reported that the repetitive interventions, such as
constraint-induced movement therapy and variable task-
oriented repetitive therapy, can improve movement coor-
dination in patients with hemiplegic disabilities [5, 6].
Robots with its good repeatability and movement accuracy
have been widely used in hemiplegic patients’ physical
therapy researches [6–9].

Although many robot rehabilitation therapies have been
designed, such as the passive-guided mode, the active as
needed, and the resistant mode [10–14], the clinical experi-
ment with rehabilitation robots has not demonstrated
expected effects, which may be caused by the patients’ indi-
vidual difference [15]. Researchers are paying more and more
attention to improve the adaptation of rehabilitation robots
to individual difference. Many researches have reported that
researchers determine the equivalent impedance parameters
of human upper limb online and offline by intelligent control
algorithm to increase the adaptation of the robot system and
improve the participants’ experience [16–19]. Demir et al.
[19] analyzed the patients’ mechanical impedance parame-
ters by neural network algorithm while training with their
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therapist and then used the parameters to activate the robot
to imitate the interaction. Song et al. [20] developed an adap-
tive motion control for a 4-DOF end-effector upper limb
robot based on impedance identification and confirmed that
the control strategy can realize the adaption of the system
among five healthy subjects’ experiment. The intelligent con-
trol strategies have been considered as an effective method to
improve the adaption of rehabilitation robot system during
clinical experiment.

The parameters of movement therapy in most reha-
bilitation robots cannot be intelligently changed to indi-
vidual difference. Because of the complex and diversity
of upper limbmovement during daily life, the clinical therapy
for upper limb rehabilitation training should be customized.
The rehabilitation robots based on neural networks have
been widely discussed to change therapy parameters
according to patients’ conditions. Owing to the difficulty
of intelligent control training and lack of sufficient training
set [16, 20, 21], rehabilitation robots based on intelligent
control strategies have been still not widely used in clinical
rehabilitation.

The objective of this article is to develop a new rehabilita-
tion robot based on interaction force and displacement of
end-effector to help patients to train in point-to-point line
and circle tracking tasks. Besides, this article provides some
experiments to verify the effectiveness of the robot.

2. Materials and Methods

2.1. Description of the EEULRebot System. Upper extremity
compound movement robot rehabilitation platform
(UECM) was an end-effector rehabilitation robot provid-
ing trainings in a fixed plane [22, 23], which can only
deliver passive-guided therapy for the patients with line
and circle tracking tasks in clinical rehabilitation. End-
effector upper limb rehabilitation robot (EEULRebot), the
improved version of (UECM), is developed with multiple

training modes for shoulder and elbow coordination for
hemiplegic patients following a stroke. This new robot
can train patients in multiple planes in order to imitate
the activities of daily life, which is the improvement from
UECM. When the deviation between actual movement
and designed trajectory is larger than the threshold, or
when the movement velocity is smaller than the threshold
velocity which reflected patients’ functional ability [24],
training modes should be adjusted. The details of the
adjustment are illustrated in the following section of con-
trol strategies, which will widen the robot application in
clinical research.

Mechanical system of the EEULRebot is designed to
mimic the human body structure, with two links similar
to human upper arm and forearm. Besides, a handle
and elbow support is implemented in the system, which
is used to help patients hold their arms in normal
posture.

EEULRebot is equipped with an adjustable height and
inclination angle supporter actuated by a lift (LP2, LINAK,
Denmark) as well as a height adjustable chair imple-
mented by another lift (LB1, LINAK, Denmark). Accord-
ing to the patients’ needs, the height of the supporter
platform is in range of 700~1200mm with the height of
the designed chair in range of 350~750mm. Besides, the
planar inclination angle of the supporter platform is in
range of −30°~60° for different planar training. Two
Maxon RE40 DC motors are used to drive the upper limb
and forearm, respectively, to realize the planar movement
of end-effector. Two planetary gear reducer with a ratio
of 53 : 1 (Maxon GP42) are used in order to increase the
output torque of motors as well as decrease the output
rotation speed. During one training, the end-effector is
moved on one plane, and the planar force, which is a
two-dimensional force, is needed to calculate the torque
of each motor. So the robot is also equipped with a two-
dimensional force sensor (BaiSen Instrument, China) that

Upper arm

Handle and elbow base

Adjustable supporter

Adjustable chair

Visual feedback displayer

Forearm

Figure 1: The Solidworks model of EEULRebot system.
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measures the interaction force between the human and the
robot. The isometric view of the EEULRebot system is
shown in Figure 1.

Besides the adjustable supporter system and the driv-
ing system, the EEULRebot system also includes a visual
feedback displayer as a biofeedback system. This displayer
will show the designed trajectory and the actual movement
of the end-effector in different colors to highlight the dif-
ference, which will remind patients to adjust their move-
ment to decrease the deviation.

2.2. Kinematic Model. The EEULRebot system has two serial
links similar to human upper arm and forearm, which will
have two different postures for a certain end-effector posi-
tion. But, while we apply some anatomical features in human
upper limb, we will get a determined solution for the two
serial links inverse kinematics. Our actual forearm consisting
of ulna and radius is connected with our upper arm humerus,
forming the elbow joint [25]. The olecranon fossa at humerus
and the olecranon process at ulna are connected with each
other as shown in Figure 2. This connection will limit the
range of elbow extension and make the forearm usually in
anterior of upper arm. Accordingly, it is reasonable to sup-
pose that the forearm of EEULRebot should also be in one
side of its upper arm during all the tasks. Then, we can get
the determined inverse kinematic solution calculated as
following process.

The kinematicmodel of EEULRebot, as shown in Figure 3.
According to the previously mentioned characteristics that

the forearm is always in anterior of the upper arm during
upper limb movements, we get the solution constraints in
inverse kinematics:−π/2 ≤ θ1 ≤ π/2, 0 ≤ θ2 − θ1 ≤ π.

α = θ2 − θ1 = cos−1
xp

2 + yp
2 − L1

2 − L2
2

2 × L1 × L2
,

β = cos−1
L1cosα + L2

xp2 + yp
2
,

γ = α− β,

θ1 = cos−1
xp

xp2 + yp
2
− γ,

θ2 = θ1 + α

1

Then, the program is implemented in C++ software
(Microsoft Visual C++ 6.0) and converse θ1 and θ2 to the
steps of each motor for rotation function.

2.3. Dynamic Model. Since trainings in one training session
are always on the supporting surface, which is a fixed plane
during the training, the effect of gravitational potential
energy can be ignored.

As shown in Figure 4, θ1, θ2, L1, and L2 represent the
same variables as they do in Figure 3. Fx and Fy are the
external forces at the end-effector of EEULRebot. τ1 and
τ2 represent the torque of each motor and mu, mf , and
ms, respectively, mean the mass of upper arm, forearm
of EEULRebot, and the force sensor (since ms is in the
same magnitude with mu and mf , we must consider ms
during dynamic modeling). τ1 and τ2 are calculated
according to Lagrange’s formulation.

Lateral
epicodyle

Olecranon
process

Radius
Ulna

Medial
epicondyle

Olecranon
fossa

Humerus

Figure 2: Posterior view of human upper limb. The humerus and
ulna as well as radius form the elbow joint with their characteristic
shape features: medial epicondyle, lateral epicondyle, olecranon
fossa, and olecranon process.

o

L1

L2

𝜃2

𝜃1
𝛾

𝛽

𝛼
(xp, yp)

y

x

Figure 3: The kinematic model of EEULRebot. θ1 and θ2 refer to
each motor rotation angle relative to the settled zero reference
position (θ1 = θ2 = 0 while the two links are parallel to the x-axis).
L1 and L2 mean the length of the EEULRebot upper arm and
forearm. The end point position is (xp, yp). α, β, and γ represent
the angles between the segments and the reference lines.
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Kinetic energy of upper limb is calculated as follows:

Ek =
1
6
mu +

1
2
mf +

1
2
ms L1

2θ1
2

+
1
6
mf +

1
2
ms L2

2θ2
2

+
1
2
mf +ms L1L2θ1θ2cos θ1 − θ2

2

We select the training plane as the potential energy zero,
Ep = 0.

The Lagrange function is shown as follows:

L = Ek − Ep =
1
6
mu +

1
2
mf +

1
2
ms L1

2θ1
2

+
1
6
mf +

1
2
ms L2

2θ2
2

+
1
2
mf +ms L1L2θ1θ2cos θ1 − θ2

3

By Lagrange’s formulation, the equivalent joint torques
can be calculated as follows:

τ1e =
d
dt

∂L
∂θ1

−
∂L
∂θ1

,

τ2e =
d
dt

∂L
∂θ2

−
∂L
∂θ2

4

Since the movement of each motor is with small velocity,
then, the equivalent joint torque caused by the Coriolis force
and centrifugal force can be ignored and the calculation can
be simplified as follows:

τ1e =
1
3
mu +mf +ms L1

2θ1 +
1
2
mf +ms L1L2cos θ1 − θ2 θ2,

τ2e =
1
3
mf +ms L2

2θ2 +
1
2
mf +ms L1L2cos θ1 − θ2 θ1

5

The velocity Jacobian of the EEULRebot system can be
described following

J =
−L1sinθ1 −L2sinθ2
L1cosθ1 L2cosθ2

6

Equivalent torque of external forces is calculated
following

τe = JT
Fx

Fy

7

Then, the motor torques can be calculated as follows:

τ1

τ2
=

τ1e

τ2e
− JT

Fx

Fy

8

The physical significance of all symbols in the equations
is explained in Table 1.

2.4. Control Strategy. Hemiplegic patients need different
training modes in different conditions [26, 27]. The
passive-guided mode is needed while patients are lacking of
voluntary movement in early stage after a stroke. When the
movement ability is improved, the system can assist the
patients to perform training tasks. When patients’ abilities
are recovered more, the patients will need some challenge
in the training tasks [28]. All of these training modes should
be included in the control system. Three training modes were
implemented in EEULRebot control system: passive-guided

y

x

o

L1

L2

mu

mf

ms

Fx

Fy

𝜃1, 𝜏1

𝜃2, 𝜏2

Figure 4: The dynamic model of EEULRebot.

Table 1: The physical significance of all symbols in equations.

Symbols Physical significance

θ1 The motor angle of EEULRebot upper arm

θ2 The motor angle of EEULRebot forearm

L1 The length of EEULRebot upper arm

L2 The length of EEULRebot forearm

mu The mass of EEULRebot upper arm

mf The mass of EEULRebot forearm

ms
The mass of force senor at the end-effector of

EEULRebot

Ek Kinetic energy

Ep Potential energy

L Mechanical energy

τ1e
Resultant external torque of motor of

EEULRebot upper arm

τ2e
Resultant external torque of motor of

EEULRebot forearm

J The Jacobian matrix of the EEULRebot system

τe Equivalent torque of external forces

Fx The external force in x-axis

Fy The external forces in y-axis

τ1 Motor torque of EEULRebot upper arm

τ2 Motor torque of EEULRebot forearm
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mode, active-constrained mode, and active assistant or resis-
tant mode.

Reaching from one point to another point is a basic
movement in upper limb movement [29] and tracking a
circle is known as the basic movement involving shoulder
and elbow joint coordination [30]. Therefore, EEULRebot
chooses a point-to-point line tracking and a circle tracking
as the training tasks. In order to maximize the range of
motion but do not cause discomfort, the two endpoint should
be selected by the patients’ therapist according to patients’
shoulder and elbow passive maximum degrees of freedom.

2.5. Passive-Guided Mode. During the passive-guided mode,
it was the most important thing to move patients’ hand in
an accurate trajectory to inhibit patients’ abnormal move-
ment patterns during the tasks. In this mode, we designed a
position loop control with a settled velocity to provide pulses
to motor control units (MCUs) based on the inverse kine-
matic calculation from the current position to the next time
position (Δt was set as 50ms for the calculation of motor
angles and for movement control information transformed
from personal computer to MCUs). The control loop system
was shown in Figure 5(a).

2.6. Active-Constrained Mode. Active-constrained mode
meant a training mode that restricted patients’motion range
at the end-effector. Firstly, we designed a motion range along
the desired trajectory, called fault tolerance zone (FTZ). In

order to make the width of FTZ suitable for the specific
patient, the patient should first perform the desired trajectory
actively with no constraint. The default width of FTZ was set
as 50mm, and this width value would be updated according
to the patient’s performance. Once the maximum deviation
from the active-with-no-constraint performance to the
desired trajectory was smaller than 50mm, the width should
be decreased until it was smaller than the maximum
deviation.

The active-constrained mode was designed based on
a regional position and velocity loop as shown in
Figure 5(b). Once the end-effector was outside of the
trajectory and its FTZ, the EEULRebot would provide a help-
ful motion to move the end-effector back to the region. The
helpful motion was designed as a straight line motion from
the current point to the point on the desired trajectory, which
point made the minimum distance from current point to the
designed trajectory.

2.7. Active Assistant or Resistant Mode. Active assistant or
resistant mode was provided for patients who had some vol-
untary movement ability less than or more than the tracking
tasks required. Patients’ voluntary movement ability was
evaluated by their movement velocity. If the movement
velocity was bigger than 50mm/s, it meant the patient had
more voluntary ability than the task required, vice versa
[24]. It was also of great importance in this mode to detect
the interaction force between EEULRebot and the patient to
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Figure 5: Three control modes of EEULRebot.
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calculate the assistance or resistance. We designed this mode
based on a regional position, velocity, and force loop control
shown in Figure 5(c). The desired position and velocity were
calculated by inverse kinematic analysis, and the desired
force was calculated based on inverse dynamic analysis as
well as the impedance-based control theory. Impedance con-
trol, proposed by Hogan in 1985, was designed to make the
interaction environment between patients and the robot
more harmonious [31]. The interaction environment was
equivalent as a virtual mass-spring-damp system. The
impedance control strategy can be illustrated in Figure 6.

The active assistant or resistantmodewas developed based
on the active-constrainedmode, whichwasmore complicated
when the point was within the region of FTZ. If the current
point was outside of the FTZ, EEULRebot should rotate the
robot upper limb and forearm to provide a radial helpful force
Fr to pull the end-effector back into the region of FTZ with
Ft = 0. Besides, while the current point was within the region
of FTZ, the active assistant or resistant mode should also pro-
vide an external force Ft in movement direction according to
the movement velocity with Fr = 0. The movement velocity
could be calculated based on the angular velocity of each
motor and the theorem of composition of velocities. If
the movement velocity was smaller than the velocity set-
tled by the therapist, EEULRebot should provide a positive
Ft as assistance to help the participant complete the task.
The default velocity was set as 10mm/s which was consid-
ered as a velocity that could produce a normal movement.
While the movement velocity was bigger than the settled

velocity, EEULRebot should provide a negative Ft as resis-
tance to increase the task difficulty for the participant.

The values of Fr and Ft can be calculated based on the
impedance control strategy shown in (9)-(10). va meant the
actual movement velocity, and vs meant the settled velocity
in the movement task.

Fr =
B va − vs + KΔX while points out of FTZ region
0 while points in region of FTZ ,

9

Ft =
0 while points out of FTZ region
B va − vs while points in region of FTZ

10

It can be found from Figure 7 that overdamping system
was better than underdamping and critical damping systems
with a stable response to the same step signal. Then, we chose
B = 2 5Ns/m and K = 1N/m as a simple overdamping sys-
tem to make the interaction environment a stable system.

3. Experiments and Results

3.1. Subjects. In order to demonstrate the usability of EEUL-
Rebot, we designed two experiments to test the system move-
ment accuracy and the influence of different movement
modes on subjects in passive-guided and active-constrained
mode. Eleven healthy subjects (ages: 26.45 ±9.37, BMI:
22.61 ±2.97) took part in both the experiments, and three
patients (males, ages: 46± 16.52, BMI: 25.34 ±1.36) partici-
pated in the passive-guided mode experiment. But only one
hemiplegic patient (65 years old, BMI=23.78) participated
in active-constrained mode experiment because other two
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Figure 6: The illustration of impedance control strategy. The bold
black curve was the defined trajectory (S and E, resp., represented
the start and end point in the designed trajectory); X (xp, yp)
was the coordinate of the real position; Xd (xd , yd) was the
point on the designed trajectory determined by the position
which produced the minimum distance from the real position
X (xp, yp). V represented the movement direction at the designed
point Xd (xd , yd) in the defined trajectory; θm represented the
angle between v and the x-axis; Ft and Fr were, respectively, the
required force. Ft was parallel to the direction of v, and Fr was
perpendicular to Ft . Ft was the designed assistant or resistant
force calculated based on the actual moment velocity, and Fr was
the designed assisted resilience based on the absolute value of
distance between X and Xd ; Fix and Fiy were the interaction forces
detected by the two-dimensional force sensor.
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patients had no voluntary movement ability at the elbow
extension. All the participants were provided with the
informed consent form before the experiments; the experi-
ments were approved by the Medical Ethics Committee
of the Affiliated Hospital of National Research Center for
Rehabilitation Technical Aids.

3.2. Experiment Process. Each subject was asked to sit in a
chair with his/her trunk strapped to restrain his/her trunk
moment. The experiment process included two experiments
(shown in Table 2): passive-guided mode experiment (PGE)
and active-constrained mode experiment (ACE). Partici-
pants should perform a line or a circle tracking task with
EEULRebot at passive-guided mode during PGE, which
asked patients to make no effort to move the end-effector.
While during ACE, participants should perform the same
task by themselves with constraint. In order to test whether
the constraint worked well on the subjects, each participant
was asked to perform the same task actively with no con-
straint at first during ACE. Each subject was asked to perform
five trials in each task during both PGE and ACE to reduce
the random error.

During PGE, the movement information was collected by
the robot encoders. The movement information of robot
end-effector was used to describe the accuracy of robot sys-
tem. During ACE, participants’ surface electromyographic
signals (EMG) and the interaction force between the robot
and participants were recorded. EMG signals of trapezius
(TR), pectoralis major (PM), anterior, median and posterior
deltoid (AD, MD, and PD), biceps brachii (BB), triceps
brachii (TB), and brachioradialis (BR) were recorded by
8-channel Telemyo DTS (Noraxon, USA) with cutoff fre-
quency of 1500Hz and sample frequency of 1500Hz. The
interaction force was recorded by the two-dimensional force
sensor with sample frequency of 5Hz. The EMG analysis sys-
tem and the force-recorded system were synchronized by a
high level trigger signal with frequency of 100Hz. EMG
signals and the interaction force were used to explore the
influence of the constraint on the participants.

3.3. Data Processing

3.3.1. Analysis of Movement Accuracy of Robot System. Dur-
ing PGE, the average distance between the actual point and
the designed trajectory was calculated according to (11),

which was used to describe the movement accuracy during
passive-guided mode.

DISPaver =
〠N

i=1DISPi

N
11

In (11), DISPi meant the distance from actual point i to
the designed trajectory. Nmeant the number of actual points
during the task.

3.3.2. Analysis of Influence of the Different Movement Modes
on Healthy Subjects and Patients. The EMG and interaction
force were used to explore the influence of the different con-
trol modes on the subjects. The raw EMG signals were recti-
fied and reduced the electrocardiogram (ECG) in the
commercial software (MR-XP 1.07 Master Edition). Then,
the signals were filtered by a bidirectional Butterworth
band-pass filter with cutoff values of 10Hz and 500Hz in
the same software [32–34]. After filtering, the signals were
smoothed by calculating the average with a window of
50ms. The mean EMG (MEMG) in the task duration among
3 trials were averaged to describe each muscle energy in the
task. MEMG were normalized by (12), thus making the
MEMG comparable between different subjects and different
movement modes (with constraint and with no constraint).

MEMGnormalized =
MEMGi

〠n

i=1MEMGi

× 100% 12

MEMGi meant the mean EMG of i muscle, i = 1, 2, 3,…, 8.
The interaction force and distance from the actual point

to the designed trajectory among the task were smoothed
and linear interpolation to 100 points and then averaged
among 3 trials in the task for one subject performance.
The changes among interaction force and distance were

Table 2: Participants in the experiment groups and actions.

Experiments Actions Healthy subjects Hemiplegic patients

Passive-guided
mode experiment (PGE)

Line tracking and circle tracking task
with robot at passive-guided mode

11 3

Active-constrained
mode experiment (ACE)

Line tracking and circle tracking tasks
actively without constraint

(ALNC and ACNC)
11 1

Line tracking and circle tracking tasks
actively with constraint

(AL and AC)
11 1

Table 3: The deviation of actual trajectory and designed trajectory
during passive-guided mode movement.

Action
DISPaver/mm (mean± SD)

Healthy subjects
(10 men)

Hemiplegic patients
(3 men)

Passive-guided
line tracking

0.51± 0.13 0.39± 0.01

Passive-guided
circle tracking

0.53± 0.32 0.69± 0.52
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compared between different movement modes to describe
the influence.

4. Results and Discussion

4.1. Movement Accuracy of Robot System. The movement
accuracy was calculated as the average distance from the
actual point to the designed trajectory. The deviation of the
passive-guided movement along a designed trajectory was
less than 1mm illustrated in Table 3. Besides, the deviation
in patients was not significantly different with that in healthy
subjects. The small deviation and difference among different
subjects demonstrated the good movement accuracy of the
robot system.

4.2. The Influence of Control Mode on Interaction Force and
Movement Accuracy. The forces and displacement were the
primary two external factors in humanmovement. The active
movement with no constraint during the ACE was imple-
mented as a comparison test with the active movement with
constraint. A circle tracking task or a line tracking forward
and backward was normalized by time to be a task with 100
points in the length of total time. The interaction force and
distance among different control modes were, respectively,
compared with each other (Figure 8).

It can be found that the active-constrained mode
movement can bring in a large interaction force with the
largest force twice of that in the no-constraint mode
movement, especially in the latter part of the task for

healthy subjects and in the former part for the patient.
Besides, a more accurate movement was achieved by the
constrained mode, which can be demonstrated by the
smaller distance in Figure 8.

The movement in ACE with constraint was more accu-
rate, because once the end-effector was out of the fault toler-
ance zone (FTZ) the robot would rotate its arms to bring the
end-effector back to the zone. And the movement of robot
upper limb and forearm would also increase the interaction
force between human and robot. Therefore, the bigger inter-
action force and the more accurate movement were consis-
tent with each other in the ACE with constraint.

The visual biofeedback may be the factor that caused the
big interaction force and the distance of end-effector in the
latter part of tasks (the tracking from the farthest point to
the nearest point) for healthy subjects. The sight of partici-
pants may be blocked by their body and the end-effector han-
dle during the latter part, which revealed the importance of
biofeedback in robot therapy and the necessity of the adjust-
able part in the robot structure. As for the hemiplegic patient,
the biggest interaction force and distance were observed in
the former part (the tracking from the nearest point to the
farthest point). It can be explained by the stereotypic move-
ment pattern between shoulder and elbow joints: shoulder
abduction accompanied by elbow flexion [35, 36]. During
the former part of tasks, patients should perform shoulder
abduction and elbow extension, while the accompanied
elbow flexion movement in patients increased the interaction
force and the distance.
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Figure 8: The interaction force and end-effector distance during ACE. (a) The average interaction force and end-effector distance of healthy
subjects and (b) that of the hemiplegic patient. F: the interaction force; D: the distance; AC: active circle tracking task with constraint;
AL: active line tracking task with constraint; ACNC: active circle tracking task with no constraint; ALNC: active line tracking task with
no constraint.
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4.3. The Influence of Control Mode on Muscle Activation
Distribution. The interaction force was the external factor
between human and the robot, and the muscle strength
and activation would be the internal factor. Therefore,
the EMG of the eight muscles was recorded, which were
involved in shoulder external rotation, flexion, and abduc-
tion as well as elbow flexion. The normalized mean
EMG (MEMGnormalized) calculated according to (12) was used
to describe each muscle effort to complete the task. Besides,
several independent t-tests were used to analyze the differ-
ence of each muscle effort during tasks in healthy subjects.
Statistical significance was set at p < 0 05.

The normalized MEMG of healthy subjects while com-
pleting the four tasks (active circle or line tracking with no
constraint and with constraint (ACNC, AC, ALNR, and
AL)) were shown in Figure 9(a). The effort of each muscle

contributing to complete a task was modified by the con-
straint. The normalized MEMG of TR and PD were signif-
icantly larger in tasks with constraint than that in tasks
with no constraint both in circle tracking and in line
tracking, while the normalized MEMG of PM, AD, BB,
and BR were smaller.

The changes of muscle activation distribution in the
hemiplegic patient were not the same with that in the healthy
subject (founded in Figure 9). The changes of the normalized
MEMG of most muscles except BB and TB in circle tracking
tasks were the same with that in healthy subjects. However,
the change trends of most muscles except MD during line
tracking task in the hemiplegic patient were different with
that in healthy subjects. The constraint mode had more acti-
vation of BB and less TB activation during circle tracking and
had more BB and TB activation during line tracking, which
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Figure 9: The normalized MEMG of the eight muscles among four actions during ACE. (a) Each muscle effort of healthy subjects during
different tasks and (b) that of the only hemiplegic patient. ∗0.01< p < 0 05; ∗∗p < 0 01. The abbreviations (AC, ACNC, AL, and ALNC)
were in the same representation with that in Figure 8.
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was the opposite change trends of the same muscles in
healthy subjects. The different changes at elbow flexion and
extension muscle group suggest hemiplegic subjects may
have much lesion in elbow flexion and extension control
ability [37].

Comparing the changes of muscle activation distribu-
tion between healthy subjects and patients, it indicated
that the active-constrained mode movement can adjust
the muscle activation distribution of hemiplegic patients
similar to healthy subjects during circle tracking tasks,
which suggested that hemiplegic patients innervated muscles
in a similar way to healthy subjects. Besides, circle tracking
was more variable than the line tracking in the changes
of distance of end-effector (shown in Figure 8(b)), which
suggested circle tracking had more variability than line
tracking. More variability was beneficial for cerebellum
development [38]. Moreover, the circle tracking would
require more joint movements than line tracking [30, 38],
which can contribute to the coordination of shoulder and
elbow joints. All above, the circle tracking task in robot
active-constrained mode should be a basic training to pro-
mote patients’ recovery.

5. Conclusions

In this article, the new EEULRebot system was developed.
The movement accuracy of the system at passive-guided
proved the usability of the robot in participants’ training.
Besides, the influence of active-constrained mode on the
participants’ interaction force and their internal muscle
activation distribution was explored, in which we designed
the constraint correlated with the deviation of the actual
point to designed trajectory. This study confirmed the
constraint at end-effector modified the muscle activation
distribution in the same trend in hemiplegic patients and
healthy subjects in circle tracking, which suggested that
the circle tracking may be a representative motion in reha-
bilitation training to improve the muscle activation pattern
the same with healthy subjects.

The study has demonstrated the usability of passive-
guided and active-constraint mode in the experiment. How-
ever, the number of the patients is too small. Therefore, we
will enroll more hemiplegic patients to complete the experi-
ment in the future. Besides, we will also do experiment on
the active assistant or resistant mode to demonstrate its
usability on patients.
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Flat foot is one of the common deformities in the youth population, seriously affecting the weight supporting and daily exercising.
However, there is lacking of quantitative data relative to material selection and shape design of the personalized orthopedic insole.
This study was to evaluate the biomechanical effects of material hardness and support height of personalized orthopedic insole on
foot tissues, by in vivo experiment and finite element modeling. The correction of arch height increased with material hardness and
support height. The peak plantar pressure increased with the material hardness, and these values by wearing insoles of 40° were
apparently higher than the bare feet condition. Harder insole material results in higher stress in the joint and ligament stress
than softer material. In the calcaneocuboid joint, the stress increased with the arch height of insoles. The material hardness did
not apparently affect the stress in the ankle joints, but the support heights of insole did. In general, insole material and support
design are positively affecting the correction of orthopedic insole, but negatively resulting in unreasonable stress on the stress in
the joint and ligaments. There should be an integration of improving correction and reducing stress in foot tissues.

1. Introduction

The foot and ankle is a complex structure with stability and
elasticity, consisting of 28 bones, more than 30 joints, and
many intertwined ligaments and tendons [1]. It plays an
important role in supporting the body weight. Foot defor-
mity is a very common disease, not only causing pain but also
seriously affecting people’s health and daily activities [2].
Flatfoot is one of the common deformities, which has a high
incidence rate in the Chinese youth population. During the
growth period, the mild and moderate flattened feet will be
corrected with the growth of soft tissue and bones. Severe
flatfoot may result in ligament relaxation, muscle weakness,
joint distortion, limb pain, ankle injury, ulcer, and other
clinical symptoms, which need for conservative correction
or surgical intervention [3, 4].

Clinically, correction of orthopedic insoles combined
with manual reposition is one of the primary conservation
therapies for flexible flatfoot of young patient [3, 4]. Orthope-
dic insoles have been revealed to be an effective treatment for
flatfoot by elevating the arch height and recovering the body
weight supporting and force transmission [5]. Due to the
difference between individuals (soft tissue material proper-
ties, flatness, etc.), customized orthopedic insole needs to be
produced. In the customization process, the insole shape
design and material selection of the insole seriously
depended on the experience of pedorthist, lack of quantita-
tive theoretical support. Previous study showed that the
custom-molded insole could reduce stress compared with
the flat insole. The thickness, heel’s height, and materials of
proper insole could minimize the peak plantar stress and
achieve uniform stress distribution [6]. The material and
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arch height of insole in the sport shoes have a significant
effect on biomechanical characteristics of the foot [7, 8].
Therefore, it is necessary to research the biomechanical effect
of the design parameters of orthopedic insole, including the
material and shape of support and the correction effect of
foot arch height, and explore the influence on the foot tissues.
Quantified assessment of the design parameters is a benefit to
the future design of orthopedic insole to improve treatment
effect and to reduce the adverse effects on the patient’s foot
tissues [9–12].

This study was to evaluate the effects of design parame-
ters including material hardness and support arch height of
personalized orthopedic insole on the correction of foot arch
and plantar pressure distribution by in vivo experiments and
to evaluate the biomechanical effects on the foot tissues,
including stress distribution on joint cartilage and ligaments
using finite element modeling.

2. Material and Methods

Based on a specific patient with flatfoot, this study was to
evaluate the effect of design parameters including material
hardness (Shore A, 30°, 35°, and 40°) and support arch height
(27mm, 30mm, and 33mm) of orthopedic insole on the
correction effect of foot arch and plantar pressure distribu-
tion by in vivo experiment. In the second step, finite element
modeling was adopted to evaluate the biomechanical effects
on the foot tissues, including stress distribution on joint
cartilage and ligaments.

2.1. Subject and Data Processing. A young subject (12 years
old, 160 cm height, and 55 kg weight) with severe flatfoot
participated this study. The participant was explained on
the research purpose and signed the consent form. At first,
a series of customized insole of the subject were achieved
for the in vivo experiment. CT images including the whole
foot and portion crus of the subject were obtained at 0.5
mm interval and 0.6 mm resolution using a CT scanner
(Brilliance iCT, Philips, Netherlands) under a quasi-weight-
bearing condition with bare feet, used in the geometrical
modeling. The quasi-weight-bearing status (275N per foot)
was produced by a customized equipment that consisted of
an adjustable frame and a plane pressure measuring sys-
tem (Pedar, Novel, Germany). The images were also
checked to ensure that the flatfoot does not exhibit any
radiographic evidence of tissue deformity symptoms. The
study plan was approved by the Ethical Committee of the
corresponding institute.

2.2. Customized Insole of the Subject. The foot profile of
the subject under weight-bearing and non-weight-bearing
conditions was obtained as point contours using a 3D foot
scanner (Infoot, I-Ware Laboratory Co. Ltd. JPN). An insole
design software (GeBioM, Go_Tec Inc. GER) was used to
develop the 3D geometrical model of customize insoles
according to the participant’s foot contours. The general
thickness of the insole was designed as 7mm. In clinical prac-
tice, the orthopedic insole is produced basing on non-weight-
bearing condition, in which the arch shape was close to the

normal configuration. Since the arch height of the subject
is about 23mm in the non-weight-bearing condition, the
initial total arch height was setting at 30mm and ±3mm
that were chosen for this parametric study and that were
27mm (type I), 30mm (type II), and 33mm (type III) in
sequence, as shown in Figure 1. All these settings were
guided by a pedorthist and a therapist. Three kinds of
materials, with different hardness (Shores A, 30°, 35°, and
40°), were chosen for its high popularity and sustainability
for orthopedic insoles.

2.3. In Vivo Measurement. Wireless in-foot pressure mea-
surement system (F-Scan, Novel Inc., US), which consists
of 100 capacitive sensors, was used to test the plantar
pressure by wearing the nine different orthopedic insoles
(3 arch heights, 3 materials), as shown in Figure 1(a). In the
meanwhile, the distance between the mark point on the
navicular bone and ground was measured to evaluate the cor-
rection effect of different insoles, as shown in Figure 1(b), and
to be used in the next FE modeling as the boundary loading
conditions to explore the effect on the foot tissues.

2.4. Finite Element Modeling of Flatfoot. Medical image
processing software (Mimics 10.1, Materialise Inc., Belgium)
was used to segment the CT images to acquire the boundaries
of each foot bone and skin surface to reconstruct the geome-
try models. Then, the geometries were imported into a
reverse engineering software (Rapidform XOR3, INS Techol-
ogy Inc., US) to edit the geometry with operations, such as
smoothing and partition, and reconstruct the geometry as
nurbs format. In total, the model included 28 bony struc-
tures, including tibia, fibia, talus, and calcaneus, as shown
in Figure 2. The joint regions on the bone were extracted sep-
arately and rebuilt into solid blocks by thickening operation
with a depth of 0.4mm to reconstruct joint cartilages.
Seventy-two major ligaments, deep fascia, superficial fascia,
and nine major extrinsic muscle groups controlling foot
movement were included and defined by connecting the cor-
responding anatomical attachment sites on the bones.

The FE package, ABAQUS 6.13 (Simulia Inc., US), was
used for assembling the foot components, creating of the
FE mesh, and implicit solver was employed for the subse-
quent analysis. The insertion points of the ligaments, the
interface of skin, and the interfaces of the joint cartilage were
fixed onto the corresponding regions on the bony structure
by tie constraint formulation to assemble the foot compo-
nents. The interaction among interfaces of joint cartilage
was assigned with frictionless sliding contact formulation.

The material properties of each component of the foot
tissues and insoles were selected from the literature and listed
in Table 1 [13–18]. The element type of the foot tissues and
insoles obtained by multimeshing techniques is listed in
Table 1, together with the material properties. The element
sizes for bone and skin were 2.5 and 1.5mm, respectively,
that resulted in a total of 94,522 nodes and 306,289 elements.
Convergence within 3% in joint cartilage stress was achieved
in bare feet weight-bearing condition, to ensure that the
results were irrelevant to the mesh density [19, 20].
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Prior to applying the correct loading on the navicular
bone condition, the superior cross section surface of the tibia,
fibula, and skin was fixed at the six degrees of freedom, and
the initial tendon force of 375N was properly adjusted until
the foot was properly aligned relative to the insole [15–17].
In the second step, the displacement of the navicular bone
achieved in the previously described in vivo experiment was
applied on the reference point of the navicular bone in verti-
cal direction by keeping the freedom in other direction to

(a) (b)

Shore A, 30° Shore A, 42°Shore A, 35°

Type III, 33 mm
Type II, 30 mm
Type I, 27 mm

(c)

Figure 1: Illustration of in vivo measurement, (a) plantar pressure measurement, (b) displacement measurement of the navicular bone, and
(c) insole material hardness and design sketch.

Tendon force

Displacement of navicular bone

Figure 2: Finite element model of flatfoot and its components.
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allow coupling motion and to simulate the correcting effect of
different orthopedic insoles.

2.5. Finite Element Model Validation. Validation is one of the
important stages in finite element modeling. This flatfoot
model was validated by comparing the plantar pressure in
FE model and in vivo measurement, under weight-bearing
with bare foot on a flat plane.

3. Results

Nine customize insoles (3 arch heights, 3 hardness materials)
were manufactured. The height between the navicular bone
and the ground and the plantar pressure by wearing the
different customize insoles were achieved in the in vivo
experiment. By the finite element modeling, the stress in
the joint cartilage and ligaments was extracted.

3.1. Validation of Flatfoot Model. As shown in Figure 3, the
plantar pressure distribution in FE model was similar with
F-Scan data and the peak plantar pressure was 140.0KPa

and 142KPa in FE model and F-Scan measurement, respec-
tively. It meant that the FE flatfoot could provide reasonable
results in the present research purpose.

3.2. Correction in Foot Arch Height. In bare foot and weight-
bearing condition, the distance between the navicular bone
and the foot bottom (arch height) was about 16.6mm. The
displacement of the navicular bone in the vertical direction
by wearing orthopedic insoles is shown in Figure 4. The foot
arch height increased with the material hardness and arch
shape of the insole. By wearing insoles made up by material
with hardness of 30°, the arch height increased by 43%,
66%, and 83% with insoles of types I, II, and III, respectively.
By wearing the insoles with material hardness of 35°, the arch
height increased by 65%, 90%, and 103% with insoles of types
I, II, and III, respectively. By wearing insoles with material
hardness of 40°, the arch height increased by 80%, 97%, and
110% with insole of types I, II, and III, respectively.

3.3. Plantar Pressure Distribution. Plantar pressure is one of
the most important parameters reflecting the interaction

Table 1: Material mechanical properties and element types of the FE model.

Component Element type Young’s modulus E (MPa) Poisson’s ratio Cross-sectional area (mm2)

Bony structures 3D tetrahedra 7300 0.3 —

Soft tissue 3D tetrahedra 1.19 0.48 —

Plantar fascia 3D tetrahedra 350 0.35 290.7

Cartilage 3D tetrahedra 10 0.4 —

Ligaments Tension-only truss 0~700 0.34 18.4~260
Skin 3D tetrahedra 1 0.4 —

Plantar support 3D hexahedron 21,0000 0.3 —

Cpress, MPa
+1.500e‒01
+1.275e‒01
+1.250e‒01
+1.125e‒01
+1.000e‒01
+8.750e‒02
+7.500e‒02
+6.250e‒02
+5.000e‒02
+3.750e‒02
+2.500e‒02
+1.250e‒02
+0.000e+00

0.140 MPa

Peak

0.142 MPa
Peak

(a) (b)

Figure 3: Plantar pressure distribution in (a) FE model and (b) F-Scan measurement.
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between the foot and insole. The peak plantar pressure and its
distribution in the in vivo experiment are shown inFigure 5. In
bare feet condition, the maximal plantar pressure was about
142KPa. Regardless the insole shape, the peak plantar pres-
sure increased with the material hardness. Regardless the
material hardness, the maximal plantar pressure was not
apparently increased by wearing types I and II insoles. How-
ever, the pressure was apparently increased by wearing type
III insoles. By wearing insoles made up by the material
hardness of 40°, regardless the shapes (types I, II, and III),
the plantar pressure was higher than the bare feet condition.

3.4. Stress in the Primary Foot Joints. The maximal stress in
the cartilage of the primary foot joints (talonavicular, calca-
neocuboid, tibiotalar, and talofibular joints) is shown in
Figure 6. In the joint of the middle foot (talonavicular joint
and calcaneocuboid joint), the maximal stress increased with
the material hardness. In the calcaneocuboid joint, the stress
increased with the arch height of insoles. However, in the
talonavicular joint, type II insole results in the greatest carti-
lage stress. The stress in the middle joint was relatively much
lower than the ankle joints (tibiotalar joint and talofibular
joint). The material hardness did not apparently affect the
stress in the ankle joints, but the arch height of orthopedic
insoles did.

3.5. Stress in the Primary Foot Ligaments. The maximal stress
in the primary foot ligaments is shown in Figure 7. Unlike in
the joint cartilage, the maximal stress in almost all the
primary foot ligaments increased with the material hardness
and arch height of the orthopedic insoles.

4. Discussion

Correction and protection of orthopedic insole is a widely
used physical therapy for the treatment of adolescent flat feet
[16, 21, 22]. However, the corrective effectivity is significantly
related with the insole shapes and material hardness. An
optimal design of personalized orthopedic insole could
greatly improve the foot supporting function and prevent
the occurrence of symptomatic complications. Previous

study showed that the custom-molded insole reduced maxi-
mum stress 40% more than the flat surface insole. In the
increase of insole thickness, stress distribution becomes more
uniform and maximum stress value decreases up to 10% [6].

It was reported that orthopedic insole could improve the
patient’s foot arch, hereby relieving foot pain, preventing
inflammation of soft tissue and tendon sheath and other
pathological features [7]. However, there is little knowledge
about the changes in the internal skeleton and of medial
longitudinal arch by wearing orthopedic insole. In this study,
the influence of design parameters, including material hard-
ness and support arch height of personalized orthopedic
insole on the correction of foot arch and plantar pressure
distribution, and the biomechanical effects on the foot
tissues, including stress distribution on joint cartilage and
ligaments, were quantitatively analyzed by in vivo experi-
ment and finite element modeling. The results showed that
the foot arch height increased with the material hardness
and arch shape of the insole. The insole with harder mate-
rial and higher scaffold of the medial longitudinal arch
elevate higher foot arch [23–25]. By wearing the insole
made up with the material of 40° and type III shape, the
arch height was elevated up to twice of the initial bare foot
weight-bearing condition.

Plantar pressure is one of the most important parame-
ters reflecting the interaction between the foot and insole
[5, 25, 26]. It was found that the hardness of the insole
material will affect the plantar pressure distribution and
the peak value, and affect the trajectory of plantar pressure
center, and hereby affect trajectory of upper body gravity
center [22]. Regardless the insole shape (types I, II, and III),
the peak plantar pressure increased with the material hard-
ness that means harder material results in higher plantar
pressure. The peak plantar pressure was not apparently
increased by wearing types I and II insoles, but apparently
increased by wearing type III insoles. By wearing insoles
made up by material with hardness of 40°, regardless the
shapes (types I, II, and III), the plantar pressure was higher
than the bare feet condition in which it was about 142KPa.

Cartilage injury and joint dislocation are the primary rea-
sons for foot pain in many patients [25]. Orthopedic insole is
used to correct the foot arch height and relieve the pain. The
purpose of correcting foot arch height is to redistribute the
force transfer pattern in the joints to avoid further damaging
of foot tissues. However, in the clinical practice, wearing
orthopedic insoles is more painful than nonwearing condi-
tion in short-term follow-ups. It means that there is an effect
on the foot tissues like the ligament and joints by wearing
orthopedic insole, at last in short-term follow-ups. In the pri-
mary middle joints (talonavicular joint and calcaneocuboid
joint), the maximal stress increased with the material hard-
ness. In the calcaneocuboid joint, the stress increased with
the arch height of insoles, meaning higher insole arch height
results in greater joint stress. However, in the talonavicular
joint, type II insole results in the greatest cartilage stress.
Despite that, the stress in themiddle joint was relatively much
lower than that in the ankle joints (tibiotalar joint and talofib-
ular joint), which are the primary structure transferring body
weight to the foot. The material hardness did not apparently
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affect the stress in the ankle joints, but the arch height of
orthopedic insoles did. However, the maximal stress in
almost all the primary foot ligaments increased with the
material hardness and arch height of the orthopedic insoles.

In a previous study, the authors found that by changing
the material of the insole, the value of maximum stress
remains nearly constant [6]. In this study, material hardness
of 30°, 35°, and 40° and arch height of 27mm, 30mm, and
33mm were chosen for analysis. The biomechanical effects
on the flatfoot of the arch height (increase with 3mm inter-
val) were more sensitive than the material hardness (increase

with 5 intervals). For example, the average plantar pressure
with type I, type II, and type III insoles was 10.4, 14.0,
and 16.4MPa (standard deviation: SD=3.0MPa), respec-
tively, while the average plantar pressure with material
hardness of 30°, 35°, and 40° was 10.6, 14.3, and 15.8MPa
(SD=2.7MPa). The average stress in dorsal cuneonavicular
ligament was 0.17MPa, 0.32MPa, and 0.52MPa (SD=
0.17MPa) for insole shape, but 0.32MPa, 0.35MPa, and
0.35MPa (SD=0.018MPa) for material hardness.

Several limitations of this study should be noted for the
interpretations and applications of the predicted results.
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Figure 7: The maximal stress in the foot ligaments in the finite element model.
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The correction stage of flatfoot might influence the biome-
chanical evaluation eventually. However, the biomechanics
was just evaluated for the first stage of orthopedic insole
treatment. Evaluation of long-term effect should be done in
the future. Since there were differences between individuals
(degree of flatness, flexible of foot arch, material property,
etc.), it is limited to apply the findings obtained from
only one subject to all flatfoot. Fortunately, it was a self-
comparison and parametric study, especially the FE foot
model could represent patients with similar tissue geometry
and arch height. Muscle forces play important role by keep-
ing foot stability and providing stiffness. However, only
tendon force was considered in the present study. The dis-
placement of navicular bone based on the in vivo experiment
was used as a displacement loading to simulate to corrective
function of orthopedic insole, which might not reflect the
interaction of insole and skin. In addition, the material prop-
erty of the foot tissues which was simplified as linear formu-
lation and achieved for the literature weakens the individual
characters. However, as a parameterized study of material
hardness and shape of insole, this simplification should
induce a universal support of orthopedic insole design.

5. Conclusion

In general, insole material and support design are positively
affecting the correction of orthopedic insole, but negatively
resulting in unreasonable stress on the stress in the joint
and ligaments. There should be an integration of improving
correction and reducing stress in foot tissues.
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Objectives. To investigate the mechanical responses of microdefect articular cartilage under rolling load and find out the failure
rule. Methods. Rolling load was applied to the porcine articular cartilage samples with rectangular notches of different depths.
The displacement and strain near the notches were obtained by the noncontact digital image correlation technique. Results.
The strain value and peak frequency around the notch increased; the maximum equivalent strain value could be observed
at both bottom corners of the notch; the equivalent strain value first increased and then decreased at the points in the
superficial and middle layers with the increase of rolling velocity; the points in the deep layer were less affected by rolling
velocity; the equivalent strain value of the points in the superficial layer declined after rising with the increase of defect
depth, while a decreased trend could be found for the points in the middle and deep layers. Conclusions. The shear strain,
which rose with the increase in defect depth, was the main factor in cartilage destruction. The cartilage tended to be
destructed firstly at the bottom corner of the defect. Rolling velocity showed significant effects on superficial and middle
layers. Cartilage had the ability to resist destruction.

1. Introduction

The articular cartilage is an important part of the human
bone joints, which plays critical roles in reducing vibration
and bone protection in daily activities of the human body.
Studies suggested that the articular cartilage has a quite com-
plex composition and specific material properties like non-
linearity and viscoelasty [1]. The articular cartilage may be
damaged to varying degrees due to excessive exercise or other
sudden causes [2–4]. However, lots of patients present no
symptom in the early stage of cartilage damage, and if let to
accumulate, it could evolve into osteoarthritis which will then
affect daily life [5, 6].

The articular cartilage can rarely be repaired if damaged;
due to the absence of blood vessel, this usually results in oste-
oarthritis. Therefore, the study on mechanical properties of
cartilage with the defect has started drawing attention in
the scientific literature. Repeated load deformation can cause

fatigue wear, which alters the mechanical properties of the
cartilage. Generally, the greater the surface roughness, the
faster the wear is. Delamination damage is the major form
of damage for a cartilage under a friction load [7]. Damage
will change the mechanical properties of the cartilage [8],
causing reduced rigidity [9, 10] or increased permeability
[11] for instances. Cyclic loading experiment of cartilage
showed that cyclic loading at 7–17MPa could lead to carti-
lage cell death but not to damage on the surface structure
[12]. By using α-chymotrypsin to label collagenous fibers,
the cartilage was found to be deeply stained and marked
fibrosis could be observe under acyclic load of 5MPa for 20
minutes [13]. Gratz et al. [14] have explored changes in a
notch angle in full-thickness-defected cartilage under a com-
pressive load. It was found that the closed injury was more
likely to slip than the open one. The experimental results of
Stok and Oloyede [15, 16] showed that the crack propagation
mechanism of the cartilage crack was quite different from the
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open mode of traditional fracture mechanics. Dabiri and Li
[17] analyzed data from a knee joint model and found a grad-
ually decreased osmotic pressure but an increased shear
strain with the increase in cartilage degradation. Based on a
3-D ankle model, Hua et al. [18] observed that the peak stress
values increased significantly as the articular cartilage defect
area increased; joint functions will be remarkably affected
when defect diameter exceeded 11mm in the distal tibial
articular cartilage. Hosseini et al. [19] showed the interac-
tions between softening of bone matrix and damage of fibers.
Numerical model also proved that the damage grew prefer-
entially along the tangent direction of the fibers. Fibers
played an important role in cartilage construct [20].

The distribution mode of collagen fibers in the cartilage
plays a key role in the mechanical properties of cartilage.
Based on the distribution and arrangement mode of the col-
lagen fibers, the articular cartilage can be roughly divided
into three layers [21]: superficial (tangential layer), middle
(transitional layer), and deep layers (radiation). It was
reported that changes in the displacement derived from dif-
ferent compressive levels; the loading velocity and the load-
ing times gradually decreased from the surface to the deep
layer [22]; and the superficial layer has a vital role in main-
taining the biomechanical properties of the cartilage.

Previous studies have focused on the analysis of the
mechanical properties of intact cartilage; however, various
degrees of articular cartilage damages can be observed even
in the early stage of osteoarthritis [23]. It often takes more
than ten years or even decades from the initial damage to
the loss of active ability. Therefore, it appears especially
important to conduct researches on the mechanical proper-
ties of injured cartilage. According to the analysis of bone
and joint mechanics, a rolling load is the major force among
cartilage pressures [1]. In the present study, the noncontact
digital image correlation (DIC) technique [24, 25] was used
to study changes in the mechanical properties of the articular
cartilage related with defect depth under rolling load, in order
to summarize the mechanical properties of the injured carti-
lage. This study may provide a reliable reference for the pre-
vention and the treatment of bone-joint diseases.

2. Materials and Methods

2.1. Sample Preparation. Fresh knee joint cartilage of the
distal femoral end was obtained from a 6-month-old pig.
Cartilage slices (length= 8mm; height = 18mm; thick-
ness = 3mm) were cut along the normal direction of the
cartilage surface. The defect of cartilage was made of
machine tools. The thickness of the circle blade was
0.5mm, and the circle blade rotated with the main axis.
The sample of the cartilage was fixed on the knife rest.
The depth of notch was controlled by the feed of knife rest,
and the feed precision is 0.1mm. Notches with a width of
0.5mm and a varying depth were prepared (Figure 1).
Three different notch depths were obtained as follows:
0.2± 0.02mm, 0.5± 0.02mm, and 0.7± 0.02mm which were
reached into superficial layer, middle layer, and deep layer,
respectively. For each notch depth, 6 samples were prepared
and iron oxide nanoparticles, which were treated as pixels,
were embedded on the side surface of the slices.

2.2. Experimental Device. Figure 2(a) shows the experimental
apparatus which were composed of the mechanical loading
system, the image acquisition system, the computer control
system, and the image processing software.

Figure 2(b) shows the mechanical loading system includ-
ing the rolling control device and the compression quantity
adjusting device. The rolling control device was driven by a
stepping motor, that is, the rotary motion was converted into
a linear motion through the screw, then through the con-
necting rod to drive the cylindrical roller, to thus perform
constant reciprocating rolling. The compression quantity
adjusting device was regulated by the screw on both sides
of the fixture portal frame. This system had a maximum
rolling distance of 30mm and a maximum rolling velocity
of 10mm/s. The diameter of the indenter was 40mm, and
the surface roughness was 0.05. A temperature-controlled
liquid tank was implemented on this equipment to simu-
late in vivo environment.

The image acquisition system mainly consisted of a
charge-coupled device (CCD) camera, which helped us

(a)

Blade

Cartilage

(b)

Figure 1: (a) A tested cartilage sample; (b) the picture of making defects.
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obtain images with a 1376× 1035 resolution. Images were
then analyzed and postprocessed by an image processing
software, producing data about the displacement and strain
of the mark points of cartilage samples.

2.3. Experimental Methods. The cartilage samples were fixed
on the fixture clamp of the portal frame and then placed in
a saline tank. After that, saline was heated to 37°C so as to
reduce the experimental errors. The indenter rolled onto
the surface of the cartilage sample 50 times back and forth,
with a compression quantity of 0.1mm and a rolling velocity
set as 1mm/s, 2mm/s, 4mm/s, and 6mm/s, respectively.
Images were acquired continuously by the CCD camera with
2 frames/s frequency (Figure 3). Then, the displacement and
strain fields were obtained after image processing.

3. Results

In order to facilitate the analysis of stress and strains near
the notch, regions near the notch were divided by uni-
formed grid partition. The interval between two longitudi-
nal lines was set at 0.125mm. The selected horizontal lines
were located 5%, 25%, 45%, 65%, and 85% away from the
cartilage surface (Figure 4).

3.1. Effect of Defects on the Mechanical Properties of Cartilage.
The iron oxide nanoparticles as mark points and pixels were
embedded on the side surface of the sample before the exper-
iments. The speckle image of the sample including mark
points in its load-free state was first acquired and used as
the reference image. The continuous and instantaneous
speckle images including the mark points were also obtained
at the different stages of loading. The images in random half
cycle that the roller rolled above the sample from the left to
the right were selected from all the acquired images. Using
the computer to identify the mark points and pixels, the dis-
placements ofmark points and pixels were calculated by com-
paring the coordinates of current pixel images with reference
image. And then, the strain values were obtained according to
the relationship between the displacement and strain.

Figure 5 shows the comparison between intact and
injured (notch depth of 0.5mm) cartilages under a compres-
sion quantity of 0.1mm and a rolling velocity of 4mm/s. The
equivalent strain significantly decreased with the increase of
the cartilage notch depth when the roller went through the
surface of the cartilage from the left to the right. The cartilage
strain values could be changed by defects. Injured cartilage
had a larger strain value as well as a higher frequency of strain
peak value than the intact cartilage. At the A3 point, which

Mechanical loading section Image acquisition section

CCD camera system

Co
m

pu
te

r

Cartilage specimenClampContainer
Heater

Liquid level

Indenter

(a)

Indenter

Roller
Connecting rod

Screw

Stepper motor

CCD

(b)

Figure 2: (a) Schematic diagram of the experimental apparatus; (b) the practicality of the experimental apparatus.
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Figure 3: Images acquired by the CDD camera. From (a) to (d) represented image acquisition sequence.
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was in the superficial cartilage, the difference of the strain
peak value accounted for 6% of the total strain value, while
this represented 20% for the D3 point in the deep layer of
the cartilage. Results showed that the defect had obvious
effects on the mechanical properties of the cartilage.

3.2. Effect of Defect Depth on the Mechanical Properties of
Cartilage. In this part, strain values were measured at each
observation point around the notch with different depths
under a compression quantity of 0.1mm and a rolling veloc-
ity of 4mm/s (Figure 6). The cartilage received a periodic
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Figure 4: The position of the grid and the grid partition of the different notch depths. (a) Notch depth was 0.2mm; (b) notch depth was
0.5mm; and (c) notch depth was 0.7mm.

Indenter displacement (mm)

Intact cartilage
0.5 mm defect

0
0.00

0.05

0.10

0.15

0.20

0.25

0.30

0.35

2 4 6 8 10

Eq
ui

va
le

nt
 st

ra
in

 [‒
]

(a)

0
0.00

0.02

0.04

0.06

0.08

0.10

2 4 6 8 10

Eq
ui

va
le

nt
 st

ra
in

 [‒
]

Indenter displacement (mm)

Intact cartilage
0.5 mm defect

(b)

Figure 5: Comparison of the strain curves between intact and defective cartilages. (a) The strain curves at the A3 point; (b) the strain curves at
the D3 point.
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load force when the reciprocating roller rolled over the sur-
face of the cartilage, and we selected the maximum strains
of the selected points in half cycle for further analysis. It
was showed that a shearing strain played a dominant role
in the strain value changes. For the cartilage with a notch
depth of 0.2mm (Figure 6(a)), the strain values of the defect’s
bottom points (B3–B7) gradually increased from the left to
the right. Point B7, at the right bottom corner, had the max-
imum strain value of 0.27, which was 3 times that of the left
bottom corner at point B3. For the cartilage with a notch
depth of 0.5mm (Figure 6(b)), the strain values of the bot-
tom points (D3–D7) showed a fall-rise trend from the left
to the right. The equivalent strain of the two bottom cor-
ners was twice that of the middle region points. For points
C7, D7, and C3, the εy strain replaced the shearing strain as
the dominate role, and the shearing strain direction chan-
ged at points B3 and B7. The strain values at the bottom
of the notch (E3–E7) first decreased and then increased
from the left to the right when the notch depth was
0.7mm (Figure 7(c)). For the points at both sides of the
notch (B3, C3, D3, A7, B7, and C7), their shearing strain
directions changed, and the values gradually decreased with
increase of the defect depth.

Figure 7 shows changes in the equivalent strain across the
varying defect depth at points A3, C3, and D3 under a com-
pression quantity of 0.1mm and a rolling velocity of 4mm/s.
For each point, changes in the strain followed a periodic
pattern; for the points in the middle and deep layers, the
equivalent strain value significantly decreased with the

increase in the defect depth; at which the points were
located near the superficial layer, the equivalent strain value
was very small when damage was relatively small, and the
maximum equivalent strain values could be observed with
a notch depth of 0.5mm.

3.3. Effect of Rolling Velocity on the Mechanical Properties of
Defect Cartilage. Figure 8 illustrates the fluctuation curves
of the equivalent strain at A3, C3, and D3 across different
rolling velocities, with a notch depth of 0.5mm and when
the roller moved from the left to the right. For point A3,
the minimum peak value was achieved at a rolling velocity
of 2mm/s. At 6mm/s, the peak value became larger and
a maximum of 0.30 was observed at 4mm/s, which repre-
sented 1.5 times of the value measured at the rolling
velocity of 2mm/s.

For point C3, a single distinct peak could be found for the
equivalent strain. Peak values presented an increasing trend
and then a reduction with the increase in the rolling
velocity. A maximum value of 0.16 was observed at a roll-
ing velocity of 4mm/s, which was 1.5 times of the value
recorded at 2mm/s.

In contrast, the case was rather complicated for point D3.
There were two peaks with in half rolling period, and the
peak frequency appeared enlarged with the increase in the
rolling velocity. The first peak was located in the same posi-
tion across the different rolling velocities, that is, when the
indenter was right above the D3 point, while the second peak
was located differently and decreased at velocities of 2mm/s
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Figure 6: The strain values measured at the observation points around the notches. (a) Notch depth was 0.2mm; (b) notch depth was 0.5mm;
and (c) notch depth was 0.7mm.
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and 4mm/s. When rolling at a velocity of 6mm/s, the second
peak increased to 0.12.

4. Discussion

In this paper, we used the noncontact digital image correla-
tion (DIC) technique to focus on the mechanical responses
of cartilage with different defect depths under rolling load.
As the distribution and content of the major components
varied with defect depth, fibers inside the cartilage can be
divided into three parts: superficial, middle, and deep layers
(accounts for 5%, 45%, and 50% of the cartilage thickness,
resp.). Collagen fibers in the superficial layer distribute
densely and parallel with the articular surface, which has
maximum moisture content and for which deformation can
easily occur under normal stress. Collagen fibers in the mid-
dle layer are irregularly arranged with large interspaces and
crisscross at a certain angle with joint surface, which has less
moisture content and deforms slowly under normal stress.
The deep layer fibers are nearly perpendicular to the articular
surface and have the lowest water content and the smallest
deformation under normal stress [26]. The method used
in our study has the advantages of noncontact, low require-
ment for the experiment environment and light source, as
well as high measurement accuracy, and allows full-field

measurement. It has thus been widely used in biomechani-
cal studies [24, 25]. Due to high toughness and different
distributions of fibers inside the cartilage, it was very diffi-
cult to obtain a smooth border when creating the defect,
leading to certain errors in the measurement. In this paper,
the left side, which was relatively smooth, was chosen for
further analysis in order to reduce errors.

As can be seen from Figure 5, the peak values of the
equivalent strain decreased gradually with the increase of
the notch depth, which was consistent with the strain law
obtained in intact cartilage experiments [22, 27]. When the
indenter moved on a cartilage surface from the left to the
right, each point was subjected to cyclic loading, leading to
cartilage fatigue failure. When a defect existed, the cycle
frequency enlarged and the strain value of each point
increased around the defect. These results are consistent
with those reported by Gratz et al. [14] and are likely due
to the stress concentrations produced by the notch. Timely
repairing of damaged cartilage can reduce strain value
around the notch [28].

When notch is shallow, the maximum equivalent strain
appeared at the bottom corner of the notch; with the increase
of notch depth, the strain value rose quickly because the sup-
porting structure became loose. Figure 6 showed that the
shear strain increased significantly when the notch reached
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Figure 7: The strain curves measured at different points across the different notch depths. (a) Equivalent strain measured at point A3; (b)
equivalent strain measured at point C3; and (c) equivalent strain measured at point D3.
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the deep layer, which is in agreement with the results of
Dabiri and Li [17] obtained by using a knee joint model. This
means that the shear strain of the cartilage increased gradu-
ally with cartilage degradation. It can be inferred that the
shear strain is the key factor in cartilage destruction, and this
destruction began from the bottom corner of the defect.

The positive and negative strain variations at points C3
and D3 existed in our study. These points were located in
the vicinity of 50% of the cartilage height, which may be the
interface between the middle and the deep layers. The distri-
bution of cartilage fibers may vary in this position, resulting
in different strain change rules compared with other points.
This result indicated that fiber distribution has an important
influence on the mechanical properties of cartilage [29, 30].
The interface between the middle and the deep layers will
be easily destroyed when the notch will deepen.

Compared with the other points of the location, the
points near the superficial layer showed different responses
to the defect depth (Figure 7). Indeed, points located in the
superficial layer had greater responses to the defect with a
moderate depth, while deep points were sensitive to a small
defect. This is considered to be determined by the fiber struc-
ture and the viscoelastic properties of the cartilage. Besides,

superficial layer has a higher water content, low modulus of
elasticity as well as greater deformability. Accardi et al. [31]
also confirmed that the fiber orientation of cartilage can resist
the shear failure, which indicated that cartilage has a self-
protective function against certain damage. This way, the
destruction process can be significantly delayed.

The rolling velocity has a certain impact on the cartilage
strain. It was reported that the friction coefficient increased
first then became lower with the increase in the rolling veloc-
ity [32–34], leading to a rising and falling cartilage strain.
This may be due to the cartilage viscoelasticity, which ensures
that water can be continuously extruded under loading, caus-
ing changes in the friction coefficient and the strain values.

The main problem is that the experimental model of
defect cartilage was a plane model using digital correlation
technology to investigate mechanical properties of defect car-
tilage. The difference between experimental model and the
cartilage model in vivo is that the confining pressure condi-
tions could not be considered. However, the authors think
that it is possible to obtain the confining pressure condition
of the experimental model by using the method both numer-
ical simulation and experiment. The displacement field and
stress strain field of the model of integral cartilage and femur
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Figure 8: Variation trend curves of strain measured for dangerous points at different rolling velocities. (a) Equivalent strain measured at point
A3; (b) equivalent strain measured at point C3; and (c) equivalent strain measured at point D3.
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could be obtained by using the numerical simulation method,
then the plane model of the experiment was taken into
account from the integral numerical model, and the bound-
ary condition was applied to the cutting surface of the plane
model base on the results of the integral cartilage and femur.
Modified boundary conditions decreased the error between
the strains of the experiment and strains of the numerical
simulation. The confining pressure conditions could be
obtained by the numerical simulation. The confining pres-
sure conditions could be used to conduct the experimental
defect cartilage model.

In addition, the analyzed images were from the random
half cycle in this paper. Due to the viscoelastic properties of
the cartilage, its strain is correlative with rolling number,
which could result in experimental errors. As a result of the
limitation of cartilage samples taken from the position, the
experimental samples from different pig femoral cartilages
could also cause error. The physical load of the knee joint
involves rolling, sliding, and a combination of rolling and
sliding. This paper focused on the defect cartilage subjected
to single load such as rolling, and the research work will be
carried out in the future to understand the mechanical prop-
erties of the defect cartilage under other loads.

5. Conclusion

In this paper, we used a noncontact DIC technique to mea-
sure the displacement and the strain fields near the notch of
a defected cartilage under rolling load. Based on our study,
we can conclude that the cartilage damage may increase the
strain values and strain peak frequency around the defect.
The shear strain, which serves as the main factor causing car-
tilage destruction, increased with the increase in the defect
depth. The cartilage would be destructed firstly at the bottom
corner of the defect, and when the defect reached the certain
depth, it might be destroyed along the interface between the
middle and deep layers. The rolling velocity showed a sig-
nificant effect on the superficial and middle layers. The
equivalent strain increased first and then decreased with
the increase in the rolling velocity. Changes were not obvious
in the deep layer except for the rising strain peak frequency.
The special structure of the cartilage exhibited a self-
protective function against destruction, which may slow
down this destruction process. Our results can provide a
basis for the clinical treatment of osteoarthritis and cartilage
repair. It is also of great significance for the mechanical anal-
ysis of artificial cartilage.
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Disability can be a great impediment to daily living in later life and is often the result of illness or trauma. Modern thoughts on
treatment are orientated towards the use of robotics; however, these are often designed without consultation with the user. This
paper used a 5-point questionnaire to ask former therapy patients what they felt needed further improvements from potential
robotics and what features of such a system were the most important. Significant emphasis was placed on helping them to grasp
(M= 4.63) as well as having a functional use. They also desired a system with clearly distinguished (M= 4.22) and easy to
operate controls (M= 4.44) whilst allowing them some freedom to move around independently (M= 4.44). This provided the
rationale for a prototype dual-layered vacuum glove that was sampled by healthcare staff to provide feedback that forms the
basis for future improvements.

1. Introduction

Improvements in technology have had a positive impact in
many countries by increasing life expectancy. The downside
of this is that it increases their chances of exposure to degen-
erative conditions; when this is coupled with poor lifestyle
choices, it increases the possibility of impairment to their
standard of living through disability [1, 2]. Increases in
patient numbers means that health services must evaluate
how best to adapt as the availability of staff to provide this
therapy is reduced in both numbers and time [3, 4]. To
bridge this gap, robotic systems can be utilized to enable ther-
apy workers to attend to the needs of a greater number of
patients. There are also potential benefits if the patient could
use it in their own home to maximise exposure and the asso-
ciated increase in exercise compliance [5, 6].

The first step in this process is to develop systems that
work in conjunction with the therapists to help the patients
to increase their recovery. The issue is that traditionally these
devices will be developed to solve a problem that has been
highlighted by the researcher, such as assisting mobility in

structurally complicated joints like the shoulder [7] or the
integration of design features for user feedback and control
[8, 9], rather than a system that is developed in consultation
with the patients. Whilst the designs perform their intended
purpose, they can be large, bulky units that are not practical
for a patient to take home, such as Dampace [10], while
EMG controlled systems may also be challenging to set up
and operate at home on their own due to a large number of
electrodes requiring positioning to function [11]. Whilst a
larger mechanism may be required for the shoulder due to
its complexity, for hand-centric therapy, mechanical designs
must accommodate the varied sizes of the fingers and be
adaptable to this range and the changes in mechanical perfor-
mance that result; an example of this is the adjustable iHan-
dRehab system [12] that offers both active and passive
control of the index finger and thumb. The design had a worn
hand component that the user would interact with, along
with a larger controller and actuator unit that is not worn;
assessing the mobility of this device showed it to be achieving
at least 86% of the maximal rotation in each joint of the
thumb and 71.5% for the index finger. Smaller glove designs
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that are completely wearable have also begun to be developed,
with examples such as the J-Glove and X-Glove [13, 14].
They are cable-driven designs that are portable and can be
completely worn by the patient, although the results have
not produced a significant improvement in patient outcomes,
along with the design exposing the mechanism that enables
its operation which may compromise the motion of the hand.

As a developing field, it is important to quantify the needs
of the end user to ensure that the devices are used by patients.
The best way to identify which areas patients are most in
need of further support in their treatment is through discus-
sion, although this lacks the formal structure to score the
findings and assess trends. Pairing this with a questionnaire
allowed for the formation of results in the assessment method
Quality Function Deployment (QFD). This model originates
in Japan and provides a reasoned process for how decisions
can be reached by placing the needs of the user at the centre.
The process begins with the product planning stage that
highlights the design requirements and progresses to the
characteristics of the parts to be used before outlining the
planning and production phases for mass development. As
a prototype is being developed in this study, only the initial
phases are required. QFD has a pedigree of use in healthcare,
such as diagnostic devices [15], cochlear implants [16], and
power wheelchairs [17]. The purpose of this research was to
consult with patients and use QFD to shape the design of a
low-cost device that patients could use at home as both an
assistive tool and as a therapy aid and to review it with ther-
apy workers.

2. Method

The study consulted with former patients in central Scotland
who were only eligible if their upper limb had been previ-
ously impaired and they had completed their prescribed ther-
apy. The study discussed their experiences with this therapy
to find out what they felt was and was not successful in their
recovery. This was done through the combined use of a ques-
tionnaire and a follow-up interview to gather a mixture of
qualitative and quantitative data to give the design features
a weighted relevance to each other.

The questionnaire asked about five separate categories
that had been highlighted to feature in the design (joint
motion, function, control, wearability, and a combination
of remaining aesthetic and practical features). These five cat-
egories had five criteria each of their own; the participants
were asked to rank these criteria by importance in their opin-
ion (five was to be considered the most important and one

the least). To clarify this data, they were also asked to rank
the whole categories to differentiate between criteria given
the same rank across categories. Whilst the intention is to
integrate as many of the 25 criteria into the design as possi-
ble, when these features clashed, the emphasis was placed
towards the highest ranking criteria.

The initial data collection from the questionnaire was
distributed to interested parties via physical activity groups,
with participants being provided a copy of the studies paper-
work and a stamped addressed envelope to return the ques-
tionnaire as well as the opt-in form for the interview. The
interview was framed around their questionnaire responses,
asking why the highest ranked features were the most impor-
tant and why the lesser ones were not, using these points as a
springboard for discussion over the merits of the features in
the categories. Discussion of connections between the criteria
that are in differing categories was encouraged to form a dia-
logue over the integration of functional needs in the overall
design and allow the relationships to be quantified in the
QFD design matrix.

The information gathered in the matrix was used to cre-
ate a design that developed into a prototype that was tested to
get an indication of its performance in relation to its objec-
tives. This prototype used a double-layered glove design that
would grip tightly to the wearer by creating a vacuum within
it, with suction cups being distributed on the inner layer. This
resulted in the creation of fixed points within the glove that a
cable could be threaded through to drive motion of the fin-
gers (Figure 1); using these fixed points also results in the
outer layer being used as a cover for the cables that prevents
them from being impeded or damaged when items are
grasped. The initially developed prototype was designed to
assist with grasping, as this was highlighted as the main need
of the former patients, but the principle could be reapplied to
control finger extension, and the addition of a spring compo-
nent would allow for both to be possible.

The use of the vacuum enables the skeleton of the wearer
to be used as the frame for motion instead of an exoskeletal
body, making it lighter than a metal frame and allows the
device to be able to fit multiple wearers without needing com-
ponents that are adjustable to fit each wearer due to varia-
tions in the length and width of their fingers. To further
reduce the weight applied to the hand, the actuation system
was placed on a separate unit on the forearm which would
house the motors’ mechanism and provide a set base for
operation by attaching to the cables in the glove. The vacu-
um’s outer layer also provides an additional protection to
the cables from impact that is not provided to the exposed

Figure 1: Illustration of process of finger rotation for glove design.
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cables in previous designs [13, 14]. Whilst the creation of a
vacuum can be loud and distracting, the aesthetic factors
appearance and noise were amongst the lowest scoring cri-
teria in the total study (1.78 and 1.56/5, resp.); consequently,
they could be considered tolerable for the initial design.

Applying the design matrix in conjunction with the
design principles discussed resulted in the production of a
functional prototype for user testing (Figure 2). The proto-
type replicated a pinch grasp with the cable-driven system
and was a low-cost model using parts that were predomi-
nantly sourced locally. The layers were two brands of rubber
gloves, with a braided fishing line used for the inner cable.
Suction cups made from elastosil were threaded through
the inner layer and were used as fixed points to connect the
cable from the fingers to the motor. Activating the motors
would shorten the length of the cable, creating rotation at
the finger joints that would allow for replication of the
motion of finger flexion. These motors were secured to a
sports shin guard that provided a secure base on the forearm
to distribute the weight and make the device easier to don
and doff.

To control the device, a balance needed to be found
between the number of commands that could be controlled
and the ease with which those commands can be made;
from the discussion, the prominent response was that it
would be preferable to give the device fewer control options
to lessen the effort required by the patient. Consequently,
the motors that drive finger motion were controlled by a
switch; this would be useable with orthopaedic injury pop-
ulation but would need to be revised in the future to make
a device that was compatible with neurological conditions.
The prototype structure has been trialled for its perfor-
mance previously [18].

Feedback was gathered from rehabilitation workers at the
National Research Center for Rehabilitation Technical Aids
in Beijing to get feedback from those who would be prescrib-
ing future devices to patients. They were asked to use their
experience to provide feedback on how practical the device
would be to use in treatment with their current patients
and to provide input for future improvements to the design.
15 staff members (five rehabilitation doctors, four physical
therapists, one occupational therapist, one orthopaedic sur-
geon, three orthotists, and one prosthetist) with an average
experience of 6.4 years (SD=5.25) in their role volunteered
to sample the device and provide feedback on its function.
They were given an opportunity to put on and try out the
prototype to grasp and release large and small everyday items
available in the department before discussing what they felt

were the positives and negatives of the prototype; these
included a pen, a telephone handset, a bottle of water, a watch,
and a plastic tube. It was rated on the same five-point scale as
was used with the unimpaired volunteers, and the average
scores can be viewed in Figure 3. Each component of the
study was approved by the local ethics committee and com-
plied with the Declaration of Helsinki, with informed consent
being received from the participants.

3. Results

37 former patients were approached at local physical activity
groups to participate in the study, of which 13 responded to
the questionnaire (response rate of 35.14%) with nine of
those providing sufficient detail to be included in the study
and eight of them agreeing to participate in the interview.
The findings of the experimental process are shown in the
matrix Table 1, where the results are firstly separated by their
category and then further divided into their respective cri-
teria. The results of the questionnaire are visible in the
importance column and the relationship between the needs
of the user and the critical functions having been made from
the content of the interview discussions. The strength of the
relationship is measured as a scale of 1, 3, and 9 where 1 indi-
cates a weak relationship whilst 9 indicates a strong one. The
rating of this relationship was judged based on the interview
discussions conducted after the questionnaire, resulting from
direct questioning, for example, how they felt that the dis-
cussed factors would impact on the level of control avail-
able to them, with the likelihood influencing the score
assigned between the factors. An example of this is the
wearability factors of comfort, weight, and stability all hav-
ing a strong association with the idea of being easy to fit;
therefore, to achieve this design requirement, all of the
factors should be considered.

As illustrated in Table 2, a two tailed t-test was con-
ducted to ascertain which criteria were significantly more
important to the participants; however, the sample size
means that the results may require scepticism. The t-test
was used as the traditional means of assessing small data
samples; Spearman’s rho and Pearson’s correlation require
the data being assessed to be independent variables, where
the ranking data gathered in this study is not. The t-test
can still illustrate differences in the data however tends
to produce more pronounced results; for example, hand
grasping was thought to be most in need of further assistance
post therapy in comparison to lifting (r = 035), rotation of
the forearm (r = 00039), or reaching (r = 000015), whilst
there was no significant difference to releasing (r = 1211).
Additionally, in giving the user a sense of control over any
possible system, it is important to ensure that the actions
can be easily differentiated from one another (M=4.22,
SD= .667) as well as requiring as not requiring too much
effort to operate (M=4.44, SD= .726) to minimise fatigue.
These results were utilised to design a wearable device that
could be used for hand grasping by those with impaired
mobility of their hand. A first-generation prototype was
developed as can be seen in Figure 2 and was used for the
sample testing.

Figure 2: Photograph of developed prototype glove.
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Feedback on the prototype was provided by the rehabili-
tation workers, and the average score from their feedback can
be viewed in Figure 3. They were asked to use their experi-
ence to consider how the device would perform with their
patients. The workers believed that the prototype offered suf-
ficient grip strength to be used as an assistive tool by patients
(M=4.33, SD= .617), although they had concerns about the
comfort of the design and the level of control offered by the
prototype (M=3.07, SD= .799 andM=2.87, SD= .64, resp.),
the feedback from which will be used to improve the design
in the future.

4. Discussion

The questionnaire showed that the most prevalent, but not
significant, area of dissatisfaction with therapy was in the
level of recovery achieved by the fingers (M=3.78,
SD=1.481), in particular the act of grasping (M=4.63,
SD= .744), which aside from its related action of releasing
was considered to be significantly more difficult than the
arm-orientated actions of tilting and reaching (r = 0004
and .00001, resp.) with a difference to lifting being noticeable
at the 95% confidence interval (r = 0355); therefore, it was
best to focus the design on helping this action. Discussion
with the former patients also made it clear that they were
primarily hoping for a device that was able to assist them
in the performance of tasks at home, although this per-
spective may come from the volunteers being at an
advanced stage of their therapy. Consequently, ensuring
that the designed prototype could perform this action
was the key outcome of the design stage.

Having defined the central activity of the device, consid-
eration must be given to the method of control. In the opin-
ion of these former patients, the most important factors to
giving them control over the device would be to minimise
the effort required to make commands as well as how easily
they can differentiate between them (M=4.44, SD= .726
and M=4.22, SD= .667, resp.). To accommodate these cri-
teria, the options for control would need to be minimised
as increased movement options will cause a conflation of
the commands and reduce the control offered to the user.

Therefore, to best meet the dominant functional and control
criteria, the motion of the fingers should be limited to flexion
and extension axis for control of grasping, as this motion can
be controlled by a linear system such as a switch.

When designing a device that can be used at home by
patients, how comfortable the device is to wear is a core con-
sideration that should be considered alongside its function
and control. The system’s weight was deemed an important
factor in how wearable any device is (M=4, SD= .866) and
has an association with its lifespan and ease of fitting; these
factors are also important for giving the wearer freedom to
move around as well as the setup time. Minimising the
weight can also help meet the patients’ needs in other factors,
and it is also important to consider how comfortable any
design is (M=3.67, SD=1.581); both of these factors scored
higher in their category than the other features, but not sig-
nificantly, but the ideas have been successfully applied in
the past with the lower limb soft exosuit [19]. Less emphasis
was placed on the stability of the components, although this
may result in inconsistency in the device’s performance.
With upper limb disability of patients, particularly if their
injury also weakens their shoulder, it becomes increasingly
important to make the device as lightweight as possible to
enable them to utilise it as they are moving.

Beyond these factors, the most prominent design consid-
erations were that the participants hoped to retain the free-
dom of movement whilst using the device as well as it
ensuring their safety (M=4.44, SD= .527 and M=4.33,
SD= .707, resp., with significant differences between these 2
factors and those remaining in the category at a 95% confi-
dence interval). Some previous designs of therapeutic devices
require to be fixed in position to operate [20, 21], which
whilst beneficial to recovery do not allow for use in an assis-
tive capacity. The main anomaly from this result is that the
respondents placed the importance of functionality over their
own safety which may be due to a combination of factors:
firstly, the volunteers for this study were at an advanced stage
of recovery than patients who would be using the device are
and this may distort their expectations for what can be
achieved; additionally, it is possible that the participants were
unaware of the risks that may occur in terms of further
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damage if the device is not properly designed, which is
partly supported by over half of the volunteers considering
the mobility allowed to be more important than the pro-
tections it provides them, but due to the importance of
protecting the patient in therapy, this factor should remain
a key consideration.

This provided the basis for the design that was outlined pre-
viously to develop a prototype that could be used for prelimi-
nary sampling to improve further. When sampling the device,
the rehabilitation workers were able to securely grasp the
objects and were then able to use them, as intended, such as
the telephone and the pen for writing. The only exception to
this was grasping a bottle of water, where the material

compresses under the pressure exerted by the device, making
the grasp unstable. The rehabilitative workers scored the
strength of the device atM=4.33, SD=0.617; the scoring of this
factor would suggest that the principle of design is viable for use
with a patient population as an assistive tool for daily living, but
will require further refinement in other areas of design.

The comfort of the device was considered to be another
area that required improvement in the opinion of the rehabil-
itation professionals (M=3.067, SD= .799). These areas were
firstly that there is a temperature buildup that occurs over
prolonged wearing, and this resulted in sweating that made
removing the rubber gloves more challenging. Secondly, the
size and weight of the forearm unit was considered to be

Table 2: Two tailed t-test of questionnaire scores.

Importance Joint motion Function Interaction Wearability Other

Joint motion 4 N/A .06528478 .02850921 .00058196∗ .00001529∗

Function 4.78 .06528478 N/A .00032041∗ .00006532∗ .00000005∗

Interaction 2.67 .02850921 .00032041∗ N/A .44681333 .01142455

Wearability 2.22 .00058196∗ .00006532∗ .44681333 N/A .05160895

Other 1.33 .00001529∗ .00000005∗ .01142455 .05160895 N/A

Joint motion Shoulder Elbow Wrist Fingers Thumb

Shoulder 2.56 N/A .63053608 .89606922 .23611504 .50770165

Elbow 2.89 .63053608 N/A .75992297 .29290489 .75314164

Wrist 2.67 .89606922 .75992297 N/A .14911670 .57763523

Fingers 3.78 .23611504 .29290489 .14911670 N/A .28153692

Opposable thumb 3.11 .50770165 .75314164 .57763523 .28153692 N/A

Function Grasping Lifting Releasing Tilting/rotation Reaching

Grasping 4.625 N/A .03542516 .12112229 .00039143∗ .00001463∗

Lifting 3 .03542516 N/A .40509395 .22160142 .02628739

Releasing 3.625 .12112229 .40509395 N/A .05434357 .00612321∗

Tilting/rotation 2.25 .00039143∗ .22160142 .05434357 N/A .19702207

Reaching 1.5 .00001463∗ .02628739 .00612321∗ .19702207 N/A

Interaction EoS Start Stop Effort Feedback

Ease of selection 4.22 N/A .00352202∗ .00002641∗ .59426402∗ .00454422∗

Starting motion 2.56 .00352202∗ N/A .04035065 .00066491∗ .71883630

Stopping motion 1.44 .00002641∗ .04035065 N/A .00000636∗ .15355473

Effort 4.44 .59426402 .00066491∗ .00000636∗ N/A .00707767∗

Feedback 2.33 .00454422∗ .71883630 .15355473 .00707767∗ N/A

Wearability Comfort Weight Stability Fit 1 Fit 2

Comfort 3.67 N/A .56319426 .14111328 .10378649 .30520137

Weight 4 .56319426 N/A .02416573 .00539088∗ .09607159

Stability 2.33 .14111328 .02416573 N/A 1.00000000 .61954375

Fit 1—joints 2.33 .10378649 .00539088∗ 1.00000000 N/A .63053608

Fit 2—muscles 2.67 .30520137 .09607159 .61954375 .63053608 N/A

Other Setup App Noise Freedom Safety

Setup 2.89 N/A .06188556 .02220390 .00542273∗ .02602469

Appearance 1.78 .06188556 N/A .59426402 .00004367∗ .00000049∗

Noise 1.56 .02220390 .59426402 N/A .00000391∗ .00012037∗

Freedom 4.44 .00542273∗ .00004367∗ .00000391∗ N/A .75992297

User safety 4.33 .02602469 .00000049∗ .00012037∗ .75992297 N/A

The table shows the value of a 2-tailed t-test comparing the factors of the questionnaire within their category. A significant relationship (p ≤ 01) is denoted
with ∗. EoS is ease of selection.
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too large, although this issue was reported by the smallest
volunteers, suggesting that the size issue may be remedied
by appropriately scaling the component to the wearer,
although reductions must be made to the total weight of
525 grams before it could be considered suitable for patient
use. This is 125 grams heavier than the similarly sized Saebo-
Flex. Reductions in the weight of these components are pos-
sible in future iterations of the design to make it more
comfortable to wear, and this can be achieved by optimising
the components distributed on the forearm.

The ease of control that the prototype offers to the
patients was also considered to require improvements by
the rehabilitation workers (M=2.867, SD= .64). This was
due to their expressed concern that patient’s may overfocus
on managing the cable mechanism rather than observing
the motion of their fingers; this may result in the fingers
being overstrained and risks harming them, a flaw that could
be amended with the addition of an automatic brake. There
were also concerns raised about the 3 control switches used
to operate the fingers, firstly that the number of switches
may be confusing for a patient who has also experienced a
mental injury and secondly that they may be too stiff for a
weakened patient to operate. The switches could be replaced
in future designs with alternatives that enable a singular con-
trol for activity, or allow the patient to operate it with a
mechanism that supports neurorehabilitative recovery. The
variety of control mechanisms used with the J-Glove [13]
shows the possibilities for control that can be achieved with-
out burdening the patient.

5. Conclusion

This study has developed a low-cost robotic prototype
intended for disability patients that can be used for rehabili-
tation as well as being used as an assistive tool at home. It was
designed in accordance with the stated requirements of for-
mer therapy patients from a combined questionnaire and
interview that was then integrated into a matrix and used to
build a working prototype. This prototype was sampled with
a group of medical workers to gather their feedback on what
the strengths and weaknesses of the design were and to dis-
cuss further refinements that could be made to the prototype
to improve it in the future.
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Quantitative computed tomography-based finite element analysis (QCT/FEA) has been developed to predict vertebral
strength. However, QCT/FEA models may be different with scan resolutions and element sizes. The aim of this study was
to explore the effects of scan resolutions and element sizes on QCT/FEA outcomes. Nine bovine vertebral bodies were
scanned using the clinical CT scanner and reconstructed from datasets with the two-slice thickness, that is, 0.6mm (PA
resolution) and 1mm (PB resolution). There were significantly linear correlations between the predicted and measured
principal strains (R2 > 0 7, P < 0 0001), and the predicted vertebral strength and stiffness were modestly correlated with the
experimental values (R2 > 0 6, P < 0 05). Two different resolutions and six different element sizes were combined in pairs,
and finite element (FE) models of bovine vertebral cancellous bones in the 12 cases were obtained. It showed that the
mechanical parameters of FE models with the PB resolution were similar to those with the PA resolution. The
computational accuracy of FE models with the element sizes of 0.41 × 0.41 × 0.6mm3 and 0.41 × 0.41 × 1mm3 was higher by
comparing the apparent elastic modulus and yield strength. Therefore, scan resolution and element size should be chosen
optimally to improve the accuracy of QCT/FEA.

1. Introduction

Osteoporosis (OP) is a common disease in aging population
characterized by reduced bone mass and compromised bone
strength. It is well known that the elderly have been seriously
affected by bone-related diseases resulting from OP, which
even endanger their health [1]. The lumbar spine has the
highest risk of developing disease among all joints, and
vertebral body compressive fracture is one of the major
complications of OP, which tends to occur in minor injury
[2, 3]. Dual-energy radiograph absorptiometry (DXA) is
widely used to measure bone mineral density (BMD) in
clinics, which represents bone strength to assess the risk of
OP and fracture. However, it was shown that DXA-
measured BMD accounts for only 50%–70% of the variation

in lumbar vertebral body strength [4, 5]. Nowadays, with the
development of computer technology and biomechanics,
quantitative computed tomography-based finite element
analysis (QCT/FEA) is a promising tool for assessing
strength and stiffness because it can take into account accu-
rate vertebral geometry, architecture, and the heterogeneous
distribution of bone material properties according to grey-
scale values in images [6, 7]. For lumbar vertebral body,
QCT/FEA is more accurate than quantitative computed
tomography- (QCT-) measured BMD for strength assess-
ment in clinics [7].

Recent study showed that strength evaluated from
general finite element (FE) models was not significantly
correlated with experimental strength (R2 = 0 01, P = 0 71)
[8], because significant difference in macro morphology and
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microstructure of vertebral body does exist between patients.
Subject-specific QCT-based nonlinear FE modeling is a
valuable tool, in which subtle geometric and densitometric
differences among patients are considered, and it can also
reflect the real mechanical behavior of specimens under
different boundary and loading conditions. Consequently,
human vertebral strength and stiffness predicted from
QCT/FEA models according to relevant data were much
better than BMD measurement [7, 9–12]. Previously,
QCT/FEA subject-specific femur models were constructed
to predict principal strains at multiple locations, and the
modulus-density relationship, which was obtained from
the femur specimens, was used. The result indicted a
strong correlation between the predicted strains and the
experimental data [13]. Specimen-specific nonlinear FE
models of lumbar vertebral bodies after vertebroplasty
were constructed to predict vertebral fracture load and
stiffness, and it was shown that QCT/FEA could predict
the strength of vertebral body effectively [14]. It was dem-
onstrated that subject-specific FE models based on low-
dose imaging are able to predict the strength of vertebral
body, and failure loads evaluated from these models were
significantly correlated with experimental data [8]. QCT/
FEA techniques not only can be used to reflect the real
mechanical properties of single vertebral body but also
can predict the mechanical properties of whole lumbar
spine by constructing the specimen-specific lumbar spine
model [15].

QCT scan is the basis of specimen-specific finite ele-
ment analysis (FEA), and the scan resolution is extremely
important. Too low-resolution setting will induce the
image distortion and erroneous analysis results; and too
high-resolution setting will increase the absorbed dose of
the patients and the time of computation [16]. Different
QCT scan protocols will change the scan resolution and
voxel size, which consequently will influence the FE
modeling and FEA outcomes [17–19]. The most important
QCT scanning parameters affecting image quality are cur-
rent time [mAs], voltage [kVp], scan resolution, recon-
struction algorithms, scanner type, and table height [20].
A previous study demonstrated that the most relevant
parameters for strength prediction of vertebral body were
scan current and reconstruction kernel by changing differ-
ent scanning and postprocessing settings, which have great
influence on the strength prediction of vertebral bodies.
The stronger scan current and the sharper reconstruction
kernel mean the higher scan resolution, resulting in higher
volumetric BMD estimation with the same CT values (in
Hounsfield unit) [20]. The strength and stiffness of normal
and osteoporotic femurs predicted from high- (experimen-
tal setting) and low- (clinical setting) resolution scans were
significantly different [21]. The apparent BMD, the elastic
modulus, and the yield strength of human vertebral can-
cellous bone showed significant differences between the
standard scan protocol and the low-dose protocol; besides,
those from the two protocol groups were highly linearly
correlated [22].

Clinical QCT scan resolution is controlled by two
independent settings, that is, in-plane resolution and slice

thickness [23]. In-plane resolution, slice thickness, and
the scan status of specimen (in situ/in vitro) influence
image voxel size, which will affect subsequent prediction
[24, 25]. Although a large number of studies have shown
that QCT images with different quality will affect the
results of FEA, but the relationship between scan resolu-
tion and element size needs further investigation. Little is
known about the differences predicted from the models
with different element sizes reconstructed by using high-
and low-resolution scans. Therefore, the aims of this study
were as follows:

(1) To construct the subject-specific bovine vertebral
body models by using QCT/FEA method and verify
them by compressive mechanical tests.

(2) To investigate the influences of two different QCT
scan resolutions (0.6mm slice thickness and 1mm
slice thickness) on the QCT/FEA outcomes of bovine
vertebral body.

(3) To explore the influences of two different QCT scan
resolutions and six different element sizes on the
QCT/FEA outcomes of bovine vertebral cancellous
bone.

2. Materials and Methods

2.1. Specimen Preparation and QCT Scanning. Nine lum-
bar vertebrae were disarticulated from two bovine fresh
cadavers without any pre-existing fractures or pathologies
that are known to affect bone quality. Then, the sur-
rounding soft tissues and intervertebral disc materials of
both vertebral endplates were removed by using scalpels.
The posterior elements of each vertebra were transected at
the pedicles using the low-speed diamond saw (SYJ-150,
Shenyang Kejing Machinery Manufactory Ltd., Shenyang,
China). After these procedures, nine bovine vertebral
body specimens were obtained. To ensure that the uniax-
ial compressive mechanical test is performed under a sta-
ble loading condition, the upper and lower surfaces of
vertebral body should keep plano-parallel and perpendic-
ular to the axis of the mechanical testing machine. The
upper and lower surfaces of specimens were trimmed in
parallel surfaces by using the polishing machine (PG-1A,
Shanghai Metallurgical Machinery Manufactory Ltd.,
Shanghai, China).

After the preparation of the specimens, they were
wrapped in saline-soaked gauze and stored at −20°C
before compressive mechanical test [10, 11, 18]. The
specimens were thawed to the room temperature only
before compressive mechanical test to minimize the effect
on the mechanical properties of the bone, and both QCT
scanning and mechanical testing were conducted within
8 h with no refreezing [11]. The vertebral bodies were
scanned on the clinical CT scanner (Somatom Sensation
64, Siemens, Munich, Germany: 120 kV, 260mAs,
0.41 × 0.41mm/pixel resolution, 1.5mm slice thickness),
and the scanning range should cover the entire
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specimens. The datasets from the standard protocol were
reconstructed with voxel size of 0.41 ×0.41× 1mm3, and
those from the high resolution protocol were recon-
structed with voxel size of 0.41× 0.41×0.6mm3. After
these procedures, FE models were constructed from the
two resolutions: 0.6mm slice thickness (PA resolution)
and 1mm slice thickness (PB resolution).

2.2. Mechanical Testing. Each specimen was kept in
saline-soaked gauze for at least 1 h before testing to make
sure specimens maintain the normal physiological state
[10]. Rosette strain gauges were located at the anterior,
left, right, and posterior surfaces of the vertebral body.
The area for strain measurement was prepared using a
validated procedure [26]: careful cleaning and degreasing
with ethanol and acetone, then bonding the four rectan-
gular rosette strain gauges (ZF120-05CA (13)-01Q30-
P1K, AVIC Limited by Share Ltd., Shanxi, China) with
502 glue. And then the wires of strain gauges were con-
nected to the strain indicator (DH5922 dynamic signal
test and analysis system, Donghua Testing Technology
Ltd., Jiangsu, China) in a quarter bridge arrangement.
Strains were recorded at a sampling rate of 2 kHz during
the whole loading time and stored by the strain indicator,
and then the maximum principal strains and minimum
principal strains were collected from the four rosette
strain gauges. Each specimen was carefully positioned in
the working table, and then the uniaxial compressive
mechanical test was performed at the room temperature
by using the electronic universal testing machine (CSS-
44100, Changchun Testing Machine Research Institute,
Changchun, China). Unloading-reloading cycles were
repeated five times before the test recording under a com-
pressive preload of 2000N to reduce the viscoelastic effect
[27, 28]. After preconditioning, specimens were destructively
tested in displacement-control at 1mm/min on the upper
surface until the ultimate force was achieved [29, 30]. Load
and displacement data were digitally recorded at a sampling
rate of 50Hz.

2.3. QCT/FEA Modeling

2.3.1. Establishment of Bovine Vertebral Body QCT/FEA
Models. The QCT consecutive images with DICOM format
were imported and reconstructed to three-dimensional
(3D) model of bovine vertebral body in Mimics 17.0 soft-
ware (Materialise, Leuven, Belgium), and then each QCT
voxel was converted directly into an 8-node linear brick
element (C3D8). After these procedures, vertebral body
QCT/FEA models from the two protocol groups (PA and
PB resolutions) were constructed. Then, 150 kinds of
material properties were assigned according to the rela-
tionship between image greyscale value and density. The
mechanical properties of bovine vertebral materials in the
QCT/FEA models were set to be transversely anisotropic.
The proposed empirical relationships between elastic mod-
ulus (E), Poisson’s ratio (v), shear modulus (G), yield
stress (σ), and the QCT-derived BMD for trabecular bone
were as follows [31]:

Ez MPa = −34 7 + 3230 × BMDQCT g/cm3

BMDQCT ≥ 0 0527,

Ez MPa = 2980 × BMDQCT
1 05 g/cm3

BMDQCT < 0 0527,

Ex = Ey = 0 333Ez ,

Gxy = 0 121Ez ,

Gxz =Gyz = 0 157Ez ,

vxy = 0 381,

vxz = vyz = 0 104,

σys MPa = −0 75 + 24 9 × BMDQCT g/cm3

BMDQCT ≥ 0 06,

σys MPa = 37 4 × BMDQCT
1 39 g/cm3

BMDQCT < 0 06

1

The ultimate stress of each vertebral material in QCT/
FEA models was considered 1.2 times of its yield stress
[17, 32], and the ultimate strain of all vertebral materials
was set as 0.0145 [33, 34].

After assignment of material properties, QCT/FEA
models were imported into ABAQUS 6.14 software (Simulia,
Providence, RI) to conducted standard/static analysis. The
boundary conditions for the QCT/FEA models were pre-
scribed to match constrains from experimental testing. In
order to ensure that compressive load with uniform distribu-
tion was applied on the upper surface of vertebral body, all
the nodes on the lower surface of the QCT/FEA model were
completely restrained, and a 1.5% compressive strain along
the vertebral upper-lower direction was uniformly applied
on the nodes of upper surface of the QCT/FEA model. The
QCT/FEA process of bovine vertebral bodies was shown in
Figure 1. The image registration method was used to identify
the four gauge attachment sites on each vertebral body QCT/
FEA model [9], and the maximum principal strains and the
minimum principal strains evaluated fromQCT/FEAmodels
were obtained. The predicted principal strains were com-
pared with the experimental principal strains to validate the
QCT/FEAmodels. Vertebral strength was defined as the ulti-
mate load in the whole bone force-displacement curve, and
stiffness was measured as the slope of the linear portion of
the force-displacement curve [11].

2.3.2. Establishment of Bovine Vertebral Cancellous FE
Models. The QCT datasets from the two resolutions (PA
and PB resolutions) were imported into Mimics software,
where cuboid volume of interest (VOI) with the size of
14× 13× 25mm3 were cropped from the center of the verte-
bral bodies by using the crop mask function in Mimics. The
VOI size was chosen to cover the largest possible trabecular
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region within a vertebral body. The FE models were con-
structed with hexagonal structural mesh by using Hyper-
Mesh 13.0 software (Altair Engineering Inc., Tory, MI), and
C3D8 elements were used. The FE models were shown in
Figure 2. These FE models were meshed with six kinds of
element sizes: 0.41 × 0.41× 0.41mm3 (m1), 0.41 × 0.41×
0.6mm3 (m2), 0.41 × 0.41× 1mm3 (m3), 1 × 1×1mm3 (m4),
2 × 2×2mm3 (m5), and 3×3× 3mm3 (m6), and the material
properties were assigned in Mimics, then they were imported
into ABAQUS to conducted standard/static analysis. The
lower surface of each FE model was completely restrained,

and 5000N loading was applied on the upper surface. Two
different resolutions and six different element sizes were
combined in pairs and then 12 cases were obtained: PA/PB-
m1 (case 1/case 2), PA/PB-m2 (case 3/case 4), PA/PB-m3
(case 5/case 6), PA/PB-m4 (case 7/case 8), PA/PB-m5
(case 9/case 10), and PA/PB-m6 (case 11/case 12). The
bovine vertebral cancellous FE models in different cases
(i.e., case 1 to case 12) were shown in Figure 2. The stress-
strain curve was obtained from the axial compressive simula-
tion. The apparent elastic modulus was calculated from the
linear portion of the stress-strain curve, and the apparent

Cuboid VOI

0.41 × 0.41 × 0.41 mm3

(case 1/case 2)
0.41 × 0.41 × 0.6 mm3

(case 3/case 4)
0.41 × 0.41 × 1 mm3

(case 5/case 6)

1 × 1 × 1 mm3

(case 7/case 8)
2 × 2 × 2 mm3

(case 9/case 10)
3 × 3 × 3 mm3

(case 11/case 12)

PA resolution

PB resolution

QCT dataset

Figure 2: Generation of bovine vertebral cancellous FE model from QCT dataset and illustration of the FE models in the 12 cases.

Specimen
preparation QCT scan 3D reconstruction Voxel meshing

Material property
assignment

FEA resultsFE boundary
conditions

S, Mises
(Avg: 75%)

+1.021e+02
+9.358e+01
+8.507e+01
+7.657e+01
+6.806e+01
+5.955e+01
+5.104e+01
+4.254e+01
+3.403e+01
+2.552e+01
+1.701e+01
+8.507e+00
+0.000e+00

Figure 1: The QCT/FEA process of bovine vertebral bodies.
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yield strength was defined at the apparent 0.2% offset yield
point in the stress-strain curve [35].

2.4. Statistical Analysis. Linear regression models of nine
bovine vertebral bodies were developed, in which principal
strains estimated from the two resolution models were used
as predictors for experimentally measured principal strains;
regression equations were fitted for vertebral strength and
stiffness estimated fromQCT/FEAmodel with the PB resolu-
tion as predictors of those estimated from QCT/FEA model
with the PA resolution; regression equations were also fitted
for vertebral strength and stiffness estimated from the two
resolution models as predictors of those obtained from com-
pressive mechanical test. Then the Bland-Altman plots for
strength and stiffness were used to evaluate significance of
mean differences between the two resolution settings by
using Prism software (GraphPad Software, San Diego,
California, USA). Paired t-test was performed to compare
the differences between principal strains predicted from
the two resolution models and those measured in the
compressive mechanical testing by using SPSS 19.0 software
(BM Inc., Chicago, USA).

3. Results

3.1. Comparison of the Mechanical Parameters of Each Bovine
Vertebral Body between QCT/FEA Models and Compressive
Mechanical Tests

3.1.1. Validation of QCT/FEA Models. The results of two
bovine vertebral bodies (model 1 and model 4) were selected
as examples, and the linear regression models were developed
to assess the correlations between principal strains predicted
from the two resolution models and experimental principal
strains (Figure 3). The results of the other models were

similar. The linear regression equations and the correlation
coefficients of nine bovine vertebral bodies were summarized
in Table 1, in which εPA με represents the principal strains
predicted from QCT/FEA models with the PA resolution,
εPB με represents the principal strains predicted from
QCT/FEA models with the PB resolution, and εE με rep-
resents the principal strains measured in compressive
mechanical testing. All correlations were statistically signifi-
cant (P < 0 0001).

There were modestly positive correlations between the
predicted principal strains and the experimental principal
strains with R2 > 0 7. The linear regression equations of
two resolution models for each vertebral body were simi-
lar, and the slope and intercept of equation for the PA res-
olution were not significantly different from those for the
PB resolution.

Paired t-test showed that there were significant linear
correlations between the predicted principal strains and
the experimental principal strains (P < 0 05). The paired
sample correlations of the nine vertebral bodies were sum-
marized in Table 2, in which CPA E represents the paired
sample correlations between principal strains predicted
from QCT/FEA models with the PA resolution and exper-
imental principal strains, and CPB E represents the paired
sample correlations between principal strains predicted
from QCT/FEA models with the PB resolution and exper-
imental principal strains. The average CPA E of the nine
vertebral bodies was 0.893, and the average CPB E of the
nine vertebral bodies was 0.889. The experimental princi-
pal strains showed stronger linear correlation to the prin-
cipal strains predicted from QCT/FEA models with the PA
resolution than to those predicted from QCT/FEA models
with the PB resolution. However, the differences between
CPA E and CPB E of nine vertebral bodies were less than
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Figure 3: The linear regressions of two bovine vertebral bodies (model 1 and model 4) for principal strains estimated from the two resolution
models as predictors of experimental principal strains.
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0.026, and it showed that the computational cost of QCT/
FEA model with the PB resolution was less than that with
the PA resolution given that the computational accuracy
was met.

3.1.2. Correlation Analysis of the Mechanical Parameters
Derived from the Two Resolution Models. The results of two
bovine vertebral body QCT/FEAmodels (model 2 and model
5) were selected as examples, and the force-displacement
curves and the von Mises stress distributions of the two res-
olution models were shown in Figure 4. The results of the
other models were similar. Figure 4 showed that the von
Mises stress distributions predicted from the two resolution
models were similar, and the force-displacement curves
obtained from the two resolution models were also similar.
Combining these results with the results of principal strains
showed above, it showed that the mechanical parameters of
bovine vertebral body QCT/FEA models reconstructed from
the two resolution scans were almost the same.

The strength and stiffness of nine vertebral body QCT/
FEA models were predicted from the load-displacement
curves of the two resolution models, and the linear regression
models were developed. All correlations were statistically sig-
nificant (P < 0 0001). For strength, the regression equation
using the values estimated from QCT/FEA models with the
PB resolution (SPB, [N]) as predictors for those estimated

from QCT/FEA models with the PA resolution (SPA, [N])
was as follows:

SPA = 1 018SPB − 1081 531 2

A correlation coefficient of R2 = 0 992 was obtained
(Figure 5(a)).

Similarly, for stiffness, the linear regression equation
using the values estimated from QCT/FEA models with
the PB resolution (KPB, [N/mm]) as predictors for those
estimated from QCT/FEA models with the PA resolution
(KPA, [N/mm]) was as follows:

KPA = 0 976KPB + 1890 301 3

A correlation coefficient of R2 = 0 962 was obtained
(Figure 5(b)).

The Bland-Altman plots for strength showed that there
was a consistent bias of around 201.100N between the
strength predicted from the two resolution models of
nine vertebral bodies (Figure 5(c)). Only one specimen was
outside 95% confidence limits for the difference, and the
other specimens were centrally distributed around the mean
difference of 201.100N and x-axis. The Bland-Altman plots
for stiffness showed there was a consistent bias of around
886.900N/mm between the stiffness predicted from the
two resolution models of nine vertebral bodies (Figure 5(d)).
All specimens were inside 95% confidence limits for
the difference.

3.1.3. Correlation Analysis of Mechanical Parameters
Derived from QCT/FEA Models and Compressive
Mechanical Tests. The strength and stiffness of the nine
bovine vertebral bodies were estimated from the load-
displacement curves from the compressive mechanical
tests, and then the linear regression models were devel-
oped to assess the correlations between the mechanical
parameters predicted from the two resolution models and
those obtained from the compressive mechanical tests.
For strength, the values predicted from the two resolution
models were correlated to the experimental strength (SE,
[N]) through linear regression equations as follows:

SE = 0 980SPA − 22224,
SE = 0 970SPB − 21842 4

Table 1: Linear regression equations of nine bovine vertebral bodies for principal strains estimated from the two resolution models as
predictors of experimental principal strains and the correlation coefficients.

Model number PA resolution Correlation coefficient (R2) PB resolution Correlation coefficient (R2)

Model 1 εE = 0 486εPA + 85 076 0.895 εE = 0 478εPB + 47 339 0.881

Model 2 εE = 0 506εPA + 125 856 0.750 εE = 0 501εPB + 98 883 0.740

Model 3 εE = 0 310εPA + 262 288 0.746 εE = 0 300εPB + 252 966 0.708

Model 4 εE = 0 364εPA − 42 087 0.821 εE = 0 395εPB − 22 607 0.868

Model 5 εE = 0 531εPA − 164 905 0.935 εE = 0 504εPB − 103 602 0.915

Model 6 εE = 0 577εPA + 31 739 0.804 εE = 0 521εPB + 37 728 0.804

Model 7 εE = 0 961εPA + 356 185 0.961 εE = 0 828εPB + 345 191 0.853

Model 8 εE = 0 276εPA + 118 171 0.766 εE = 0 275εPB + 117 932 0.766

Model 9 εE = 0 252εPA + 138 514 0.702 εE = 0 262εPB + 150 531 0.701

Table 2: Paired sample correlations between predicted (PA and PB
resolutions) and measured principal strains of nine bovine vertebral
bodies.

Model number CPA E CPB E

Model 1 0.881 0.895

Model 2 0.866 0.860

Model 3 0.864 0.842

Model 4 0.906 0.932

Model 5 0.967 0.957

Model 6 0.897 0.883

Model 7 0.940 0.924

Model 8 0.875 0.875

Model 9 0.838 0.832
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The correlation coefficients of R2 = 0 680 and R2 = 0 635
were obtained (Figure 6(a)).

For stiffness, the values predicted from the two resolution
models were correlated to the experimental stiffness (KE, [N/
mm]) through linear regression equations as follows:

KE = 0 156KPA − 4032 400,
KE = 0 157KPB − 4326 200 5

The correlation coefficients of R2 = 0 766 and R2 = 0 787
were obtained (Figure 6(b)).

3.2. Comparison of the Mechanical Parameters of Bovine
Vertebral Cancellous Bone from FE Models

3.2.1. von Mises Stress Distribution. One bovine vertebral
cancellous FE model (model 3) was selected as an exam-
ple, and the von Mises stress distributions of the 12 cases
were shown in Figure 7. The results of the other models
were similar. As shown in Figure 7, (1) the variation
trends of von Mises stresses of each vertebral cancellous
FE model in the 12 cases were similar; besides, as the
enlargement of element size, the stress ranges predicted
from FE models were decreased gradually, and the conti-
nuity of stress distributions became poor. (2) The stress

ranges predicted from case 3/case4 to case 5/case 6 were
similar. There were very little differences in the maximum
stresses predicted from these four cases and those predicted
from the other FE models, but there were marked differences
in the minimum stresses predicted from these four cases and
those predicted from the other FE models. (3) The von Mises
stress distributions predicted from the two resolution models
with the same element size were similar, and it showed that
the mechanical parameters of bovine vertebral cancellous
FE models with the same element size reconstructed from
the two resolution scans were almost the same.

3.2.2. Stress-Strain Curve. The results of two bovine vertebral
cancellous FE models (model 1 and model 3) were selected as
examples, and the stress-strain curves of these models in the
12 cases were shown in Figure 8. The results of the other
models were similar.

The stress-strain curves of vertebral cancellous FE
models showed the following:

(1) There were differences within the stress-strain curves
predicted from the FE models with different element
sizes reconstructed by using the same resolution scan,
which showed that element size may affect the
mechanical parameters of FE models. The slopes of
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Figure 4: The results of two bovine vertebral body QCT/FEA models (model 2 and model 5): load-displacement curves from the two
resolution models (left column), von Mises stress distributions from QCT/FEA models with the PA resolution (middle column), and von
Mises stress distributions from QCT/FEA models with the PB resolution (right column).
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linear portion of stress-strain curves predicted from
FE models with the element sizes of 0.41× 0.41×
0.41mm3, 0.41× 0.41× 0.6mm3, and 0.41× 0.41×
1mm3 (case 1/case 2, case 3/case 4, and case 5/case 6)
were almost the same.However, there were significant
differenceswithin the ultimate stresses predicted from
these FEmodels. The ultimate stresses of case 1/case 2
were the lowest, and those of case 5/case 6 were the
highest. The slopes of linear portion of stress-
strain curves predicted from FE models with the
element sizes of 1× 1× 1mm3, 2× 2× 2mm3, and
3× 3× 3mm3 (case 7/case 8, case 9/case 10, and
case 11/case 12) were much less than those pre-
dicted from the first six cases (case 1/case 2, case
3/case 4, and case 5/case 6). The larger was the ele-
ment size, the less was the slope of linear portion of
the stress-strain curve. The variation trend of the ulti-
mate stresses predicted from these FE models was
similar to those predicted from the first six cases.
The smaller was the element size, the less was the

ultimate stress in the stress-strain curve. For all 12
cases, the ultimate stresses predicted from the FE
models with element size of 0.41× 0.41× 1mm3 (case
5/case 6) were the highest.

(2) The stress-strain curves predicted from the two reso-
lution models with the same element size were simi-
lar, and the stress-strain curves of FE models with
the PA resolution were almost coincided with those
with the PB resolution. It demonstrated that the
mechanical parameters predicted from the two reso-
lution models with same element size were almost the
same. The simulation results of vertebral cancellous
FE models were similar, as long as the two resolution
models were meshed with the same element size, no
matter whether the element size was larger than the
image voxel size, or less than the image voxel size.

3.2.3. Apparent Elastic Modulus and Yield Strength. The
results of two bovine vertebral cancellous FE models
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Figure 5: Correlation and consistent analysis between the two resolution models of nine bovine vertebral bodies for strength and
stiffness. (a) Linear regression using the estimated strength of QCT/FEA models with the PB resolution as predictors for those with the
PA resolution. (b) Linear regression using the estimated stiffness of QCT/FEA models with the PB resolution as predictors for those with
the PA resolution. (c) Bland-Altman plot for strength. (d) Bland-Altman plot for stiffness.
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Figure 6: Linear regressions of nine bovine vertebral bodies for strength and stiffness estimated from the two resolution models as predictors
of experimentally measured values. (a) Strength. (b) Stiffness.

Model 3 case 1 Model 3 case 2 Model 3 case 3 Model 3 case 4

Model 3 case 5 Model 3 case 6 Model 3 case 7 Model 3 case 8

Model 3 case 9 Model 3 case 10 Model 3 case 11 Model 3 case 12

S, Mises
(Avg: 75%)

+6.000e+01
+5.516e+01
+5.032e+01
+4.548e+01
+4.063e+01
+3.579e+01
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+1.158e+01
+6.742e+00
+1.900e+00

Figure 7: The von Mises stress distributions of the bovine vertebral cancellous FE model (model 3) in the 12 cases.
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(model 1 and model 3) were selected as examples, and the
apparent elastic modulus and yield strength of these
models in the 12 cases were obtained from the stress-
strain curves (Table 3). The results of the other models
were similar.

The apparent elastic modulus of vertebral cancellous FE
models showed the following:

(1) The apparent elastic moduli predicted from the FE
models reconstructed from the same resolution scan
with the element sizes of 0.41 × 0.41×0.41mm3,
0.41 ×0.41× 0.6mm3, and 0.41×0.41×1mm3 (case
1/case 2, case 3/case 4, and case 5/case 6) were almost

the same. For case 1/case 2, the apparent elastic mod-
uli were the lowest, and for case 5/case 6, the apparent
elastic moduli were the highest. The apparent elastic
moduli of the last six cases (case 7/case 8, case 9/case
10, and case 11/case 12) were less than those of the
first six cases, and they were different from each
other. It showed that the sizes of cross section and
longitudinal thickness of each element (in correspon-
dence with in-plane resolution and slice thickness of
QCT scan resolution setting) can affect the apparent
elastic moduli predicted from FE models. For all
apparent elastic moduli of the last six cases, the values
of case 7/case 8 were the highest, and those of case 11/
case 12 were the lowest.
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Figure 8: The stress-strain curves of two bovine vertebral cancellous FE models (model 1 and model 3) in the 12 cases.

Table 3: The apparent elastic modulus and yield strength of two bovine vertebral cancellous FEmodels (model 1 and model 3) in the 12 cases.

Model 1
Apparent elastic modulus

(MPa)
Apparent yield strength

(MPa)
Model 3

Apparent elastic modulus
(MPa)

Apparent yield strength
(MPa)

Case 1 3941.227 16.042 Case 1 3805.429 14.777

Case 2 3940.671 15.937 Case 2 3805.430 14.757

Case 3 4001.609 18.245 Case 3 3880.540 17.130

Case 4 4000.812 18.336 Case 4 3878.778 17.038

Case 5 4043.559 20.168 Case 5 3956.389 22.138

Case 6 4051.587 19.810 Case 6 3955.478 22.085

Case 7 3376.930 15.687 Case 7 3311.664 14.633

Case 8 3374.061 15.683 Case 8 3310.961 14.659

Case 9 2924.677 16.428 Case 9 2898.350 16.494

Case 10 2923.354 16.436 Case 10 2898.350 16.492

Case 11 2769.774 17.990 Case 11 2762.848 18.248

Case 12 2769.711 18.011 Case 12 2762.162 18.242

10 Journal of Healthcare Engineering



(2) The apparent elastic moduli predicted from the two
resolution models with the same element size were
almost the same. According to the apparent elastic
moduli in the 12 cases of each vertebral cancellous
FE model, the maximum difference within the appar-
ent elastic moduli predicted from the two resolution
models was 17.312MPa (case 11 versus case 12 for
model 5), the minimum difference was 0MPa (case
9 versus case 10 for model 3; case 5 versus case 6
for model 5), and the other differences were less than
11.400MPa.

The apparent yield strength of vertebral cancellous FE
models showed the following:

(1) The apparent yield strengths of case 5/case 6
were the highest, and those of case 7/case 8 were
the lowest.

(2) The apparent yield strengths of the first and last
six cases reconstructed from the same resolution
scan were increased with the enlargement of element
size, but the increase of apparent yield strengths for
the first and last six cases were discontinuous. It
showed that the sizes of cross section and longitudi-
nal thickness of each element (in correspondence
with in-plane resolution and slice thickness of QCT
scan resolution setting) can affect the apparent yield
strengths predicted from FE models.

(3) The apparent yield strengths predicted from the two
resolution models with the same element size were
similar. According to the apparent yield strengths in
the 12 cases of each vertebral cancellous FE model,
the maximum difference within the apparent yield
strengths predicted from the two resolution models
was 1.437MPa (case 7 versus case 8 for model 2),
and the other differences were less than 0.100MPa.

In conclusion, the computational accuracy of bovine
vertebral cancellous FE models with the element sizes of
0.41× 0.41× 0.6mm3 (case 3/case 4) and 0.41× 0.41×
1mm3 (case 5/case 6) were higher than those of the other
FE models.

4. Discussion

In this study, subject-specific QCT/FEA models of nine
bovine vertebral bodies were constructed. There were
modestly significant positive correlations between the pre-
dicted principal strains and the experimentally measured
principal strains. The model validation illustrated that
our QCT/FEA models were well validated and can be used
to explore the effects of scan resolutions and element sizes
on mechanical parameters of QCT/FEA models. The cor-
relations between predicted (PA and PB resolutions) and
experimentally measured results were investigated in our
study by developing the linear regression models, in which
vertebral strength and stiffness estimated from the two res-
olution models were used as predictors of values obtained

from the compressive mechanical tests. The errors of the
exterior material property distributions of QCT/FEA
models reconstructed from in vitro datasets are larger than
those reconstructed from in situ datasets, which would
consequently influence the apparent elastic modulus and
yield strength predicted from FE models [24, 25]. In order
to minimize this limitation and for the convenience to
explore the effects of scan resolutions and element sizes
on the QCT/FEA outcomes, FE model with cuboid VOI
from the vertebral body center was used instead of a
whole vertebral body model. Two different scan resolu-
tions and six different element sizes were combined in
pairs to compare the mechanical parameters derived from
FE models in the 12 cases.

Subject-specific nonlinear QCT/FEA modeling of
lumbar vertebral bodies has recently gained increasing
interest in assessing the risks of OP and vertebral frac-
ture. It was shown that this technique could reflect the
real mechanical behavior of vertebral bodies and may
be able to provide better predictions of strength levels
and failure patterns than BMD measurement for the
human lumbar spine [6, 17, 36]. The previous study
showed that there was a significant linear correlation between
the predicted minimum principal strains and the measured
values (R2 = 0 838, P < 0 0001) [9], which were consistent
with our results (Table 1). It illustrated that our QCT/FEA
models were well validated. Vertebral strength and stiffness
predicted from the QCT/FEA models have generally
shown modestly linear correlations (R2 ≥ 0 685) with the
in vitro measurements of strength and stiffness [17, 18].
As shown in Figure 6, vertebral strength and stiffness esti-
mated from the two resolution models were modestly cor-
related with those obtained from the compressive
mechanical tests (R2 ≥ 0 635), which were similar to the
previous results.

The standard slice thickness used in clinics is 1mm,
and it was proven that the QCT/FEA model with this res-
olution could provide a high-quality estimation of verte-
bral strength [30, 37]. From the von Mises stress
distribution, strength and stiffness derived from FE models
with the same element size of the vertebral bodies and the
vertebral cancellous bones (Figures 4, 5, 7, and 8), it was
shown that the mechanical parameters of FE models
reconstructed from QCT datasets with 1mm slice thick-
ness were close to those reconstructed from QCT datasets
with 0.6mm slice thickness. These results suggested that
the computational accuracy of the FE models recon-
structed from QCT datasets with 1mm slice thickness
was satisfactory, and the computational cost of these FE
models was relatively lower. However, the smaller QCT
voxels require the higher scan resolution and allow for a
more detailed representation of the geometry and material
properties of FE models [16]. In terms of the paired sam-
ple correlations between principal strains predicted from
the two resolution models and experimental principal
strains, we found that the average CPA E of the nine ver-
tebral bodies was higher than the average CPB E, but the
differences between CPA E and CPB E of each specimen
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were little (Table 2). These results demonstrated that the
QCT/FEA models reconstructed from the datasets with
1mm slice thickness may be accurate enough to reflect
the real mechanical properties of vertebral bodies. There-
fore, the scan resolution of 1mm slice thickness is recom-
mended by comprehensively considering radiation doses
and computational costs of FE models.

Element size is a crucial factor that can significantly affect
the numerical convergence characteristics and computa-
tional accuracy of FE models [23, 38, 39]. The mechanical
parameters of FE models reconstructed from the higher
resolution scans with smaller element sizes are similar;
however, when the element sizes are much larger than
the image voxel sizes, it will not only lead to coarser
models and surface serration but also change the material
distributions of FE models, which will finally affect the
predicted results. The FE models with element sizes of
0.25 ×0.25× 1mm3,0.5 × 0.5 × 1mm3,and1×1×1mm3were
constructed based on QCT datasets with 0 25 × 0 25mm/
pixel resolution and 1mm slice thickness, and the load-
displacement curves obtained from these three FE models
were almost coincided with each other [11]. The voxel
models created from the QCT datasets with slice thickness
greater than 1.25mm will result in a loss of fidelity of the
representative anatomical characteristics of bone structures
[40]. It was demonstrated that voxel size has a significant
effect on the simulated biomechanical behavior, that is,
larger voxel size results in greatly reduced maximum prin-
cipal strains [41]. In this study, the apparent elasticmoduli
predicted from the FE models reconstructed from the same
resolution scan with the element sizes of 0.41 ×0.41×
0.41mm3, 0.41 ×0.41× 0.6mm3, and 0.41×0.41×1mm3

were almost the same; but the apparent elastic moduli were
significant decreased when element sizes were larger than
1×1×1mm3; the computational errors will rise to more than
60% when element sizes were larger than 2× 2×2mm3

(Table 3). It is recommended that the element sizes should
be less than 2× 2×2mm3 in order to improve the computa-
tional accuracy of FE models. The apparent elastic moduli
and yield strengths of FE models with element size of
0.41 ×0.41× 0.6mm3 reconstructed from the low-resolution
scans (1mm slice thickness) were similar with those recon-
structed from the high-resolution scans (0.6mm slice thick-
ness). It was suggested that the smaller element sizes can
make up for the “defect” of low resolutions when controlling
the scan resolutions within a certain range.

The sensitivities of the FEA results to QCT scan resolu-
tions (i.e., in-plane resolution and slice thickness) were dif-
ferent, and it means that the sizes of cross section and
longitudinal thickness of each element have different effect
on the mechanical parameters of FE models [23]. Four differ-
ent in-plane resolutions (1mm, 2mm, 3mm, and 4mm) and
two different slice thicknesses (1.5mm and 3mm) were
combined in pairs, and it was shown that in-plane resolution
and slice thickness had significant effects on stiffness of FE

models. Analysis of covariance indicated that the predicted
stiffness was highly correlated with in-plane resolution
(P < 0 0001) and moderate correlated with slice thickness
(P = 0 0036) [23]. The linear regression equations of ver-
tebral cancellous FE models in the specific cases (case 1/
case 2, case 5/case 6, and case 7/case 8) were developed
for in-plane resolution and slice thickness as predictors
of apparent elastic modulus, and the correlation analysis
indicated that apparent elastic modulus was highly corre-
lated with in-plane resolution (R2 = 0 880, P < 0 0001)
and weakly correlated with slice thickness (R2 = 0 106,
P = 0 1618). It was demonstrated that in-plane resolution
has more significant effects on mechanical parameters of
FE models than slice thickness. In conclusion, the opti-
mal selection of in-plane resolution may be more impor-
tant than slice thickness for increasing the computational
accuracy of the FE model.

A few limitations in the study were summarized as
follows:

(1) The material properties have great influence on the
computational accuracy of subject-specific FEmodels
for human bones, and different density-elasticity
relationship will consequently change the mechanical
parameters of FE models [34, 42]. A specific density-
elasticity relationship, which was obtained from the
human vertebral body samples, was used [31]. The
material properties are different as the bovine verte-
bral bodies in this study, which may cause differences
between FE-derived and experimentally measured
results. Although all correlations of linear regression
equations for the principal strain, strength and stiff-
ness predicted from the QCT/FEA models as predic-
tors of those obtained from the compressive
mechanical tests were significant, and the slopes
and intercepts of these linear regression equations
were markedly different from those of the diagonal
line of y = x.

(2) The ranges of QCT scan resolutions used (0.6mm
slice thickness and 1mm slice thickness) were
limited, and there were no significant differences
in the mechanical parameters derived from the
two resolution models of bovine vertebral bodies
and vertebral cancellous bones. However, recent
studies showed that the scan resolution is the
key parameter in determining the geometries and
mechanical properties of FE models [41, 43].
Taken together, it suggested that the range of scan
resolutions in this study was too small, and this
limitation could be solved by choosing a wider
range of scan resolutions.

In summary, this study showed that QCT/FEA models
created from the two resolution scans with six different ele-
ment sizes would give various predicted results, and it
revealed that QCT scan resolutions and element sizes had
different influences on FEA outcomes. This study provides
theoretical basis for selection of clinical scan resolutions

12 Journal of Healthcare Engineering



and element sizes. The optimal selection of the scan resolu-
tions and element sizes could improve the accuracy of predic-
tions for vertebral strength and lay a good foundation for
assessing the risk of OP and clinical fracture.

5. Conclusions

The mechanical parameters of FE models with the same ele-
ment size reconstructed from the QCT datasets with 0.6mm
slice thickness and those reconstructed from the QCT data-
sets with 1mm slice thickness were almost the same. The
computational accuracy of the FEmodels reconstructed from
QCT datasets with 1mm slice thickness was satisfactory, and
the computational cost of these FE models was relatively
lower. The apparent elastic modulus and yield strength of
the FE models reconstructed from the same resolution scan
with the element sizes larger than 0.41× 0.41× 1mm3 were
significant different from those of the FE models with the ele-
ment sizes less than 0.41× 0.41× 1mm3. In conclusion, it is
recommended that FE models with the element size of
0.41× 0.41× 1mm3 reconstructed from the QCT datasets
with 1mm slice thickness could be utilized to predict the
mechanical parameters of vertebral bodies; meanwhile, FE
models with the element size of 0.41× 0.41× 0.6mm3 are rec-
ommended for increasing the computational accuracy.
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The differences of temporomandibular joint (TMJ) morphologic parameters by using two-dimensional (2D) and three-
dimensional (3D) measuring methods were compared. Ten asymptomatic subjects (26.75± 4.89 years) were randomly recruited.
The 3D models of the maxilla, mandible, and teeth were reconstructed according to cone-beam computed tomography (CBCT)
image data. The morphologic parameters of TMJs were measured by the 2D CBCT measuring method (group A) and the 3D
reconstruction model measuring method (group B), respectively. The morphologic parameters in each group were assessed by
paired samples t-test, and the statistical significance was achieved when p < 0 05. The horizontal condylar angle (HCA), sagittal
ramus angle (SRA), medial joint space (MJS), lateral joint space (LJS), superior joint space (SJS), and anterior joint space (AJS)
in group A were significantly smaller than those in group B (p < 0 05). The HCA on the left side was significantly smaller than
that on the right side in group A (p < 0 05). However, all the morphologic parameters in group B were not significantly different
between left and right sides. In conclusion, there were significant differences for the morphologic parameters of TMJ measured
on 2D CBCT and 3D models. 3D measuring method should be used for the detection of TMJ morphology in clinical practice.

1. Introduction

Temporomandibular joints (TMJs) are a pair of complex and
highly mobile joints. TMJs are the most active joints in the
human body with more than 2000 movements each day dur-
ing chewing, biting, swallowing, talking, and snoring [1].
Dupuy-Bonafe et al. indicated that the morphologic exami-
nation of the TMJ has important applications in the domain
of TMJ pathology [2]. Therefore, the reasonable measure-
ment of TMJ morphologic parameters will help us to better
understand the structure and function of TMJ.

Due to the complexity of the skull base and TMJ
components, many studies have investigated the TMJ mor-
phologic parameters using different types of imaging tech-
niques. Conventional X-rays were first used to assess the
morphology of mandibular condyle and articular eminence
[3]. Subsequently, the lateral cephalogram was used to deter-
mine the selection criteria for ordering a corrected lateral

tomogram of the TMJ [4], to investigate the possible associa-
tion between the joint structure and condylar position and
craniofacial morphology [5], and to measure the TMJ posi-
tions of Malays and Chinese with facial asymmetry for asses-
sing its impact on the temporomandibular disorders [6].
After that, computed tomography (CT) images were widely
used for the morphologic detection of TMJ [2, 7, 8]. In recent
years, the micro-CT, panoramic radiography (PR), cone-
beam computed tomography (CBCT), and magnetic reso-
nance imaging (MRI) were used for research of TMJ mor-
phology [9–14]. In Zhao et al.’s study, micro-CT images
were used to observe morphologic changes of the TMJ con-
dyle under mandibular deviation continuously in an animal
model [9]. PR images were used to diagnose the condylar
bone defects in 5 dried human skulls [10]. CBCT images were
used to analyze the facial morphologic characteristics of
female patients with skeletal class II deformity [11] and to
examine the relationship between the thickness of the glenoid
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fossa roof and condyle morphology [12]. MRI images were
used to evaluate the change of morphologic symmetry of
TMJ during natural course of teen-age unilateral anterior disc
displacement [13]. Meanwhile, the three-dimensional (3D)
models were also used to investigate the condylar morphol-
ogy and TMJ osteoarthritis [15–17].

Most of the related studies have been limited to two-
dimensional (2D) measuring method to assess the TMJ mor-
phologic parameters. However, these results measured by 2D
method do not show the spatial position of the structures in
TMJ. The 3D measuring method was used to assess the mor-
phology of condyle, but other TMJ structures, such as glenoid
fossa and articular eminence, were not included in the previ-
ous studies. Furthermore, the comparisons between the TMJ
morphologic parameters measured by 2D and 3D methods
have not been studied. The aim of this study was to compare
the differences of TMJ morphologic parameters using 2D
CBCT and 3D model measuring methods. This work has
been presented as a poster at the ORS 2017 Annual Meeting,
and it was considered as a valuable research by the experts.

2. Materials and Methods

2.1. Subjects and Data Acquisition. This study consisted of 10
asymptomatic subjects (4 females and 6 males, 26.75± 4.89
years old). The subjects were randomly identified and
recruited by adentist in theAffiliatedHospital of Stomatology,
Chongqing Medical University from January 2015 to January
2016. This study was approved by the Affiliated Hospital of
Stomatology of Chongqing Medical University Institutional
Review Board, and all participants signed an informed con-
sent agreement. The inclusion criteria of asymptomatic sub-
jects were as follows: healthy physical condition, no TMJ
disorder symptoms, no degenerative joint disease, and facial
symmetry with no prior TMJ-related procedures.

CBCT data for all subjects were collected at the Affiliated
Hospital of Stomatology, Chongqing Medical University.
The maxilla and mandible were scanned using a CBCT
machine (KaVo 3D eXam, Germany) with a complete head

view. All images were taken following a standardized proto-
col for patient positioning and exposure parameter setting
(120 kVp, 3–8mA, 20 sec, and 0.4mm voxel resolution).
The resolution of cross-sectional images was 400 pixels× 400
pixels, and the pixel size was 0.4mm. The CBCT scans con-
sisted of a total amount of 290 to 330 images with the slice
thicknesses of 0.4mm. The CBCT images were reformatted
into Digital Imaging and Communications in Medicine
(DICOM) format.

2.2. 3D Modeling. According to the Hounsfield units (HU),
the cortical bone, cancellous bone, and teeth were separated
in MIMICS (Materialise, Leuven, Belgium), respectively.
The boundaries of the regions of the maxilla, mandible, and
teeth were accurately distinguished on each slice of CBCT
images. Subsequently, the 3D models of the maxilla, mandi-
ble, and teeth were reconstructed in MIMICS for the 10
asymptomatic subjects (Figure 1).

2.3. TMJ Morphologic Analysis. Based on previous research
[18, 19], the horizontal condylar angle (HCA), coronal con-
dylar angle (CCA), sagittal ramus angle (SRA), coronal con-
dylar width (CCW), medial joint space (MJS), lateral joint
space (LJS), superior joint space (SJS), anterior joint space
(AJS), and posterior joint space (PJS) were selected to inves-
tigate the morphology of TMJ. The above nine morphologic
parameters were measured in the 2D CBCT images and 3D
models of all the subjects, respectively.

The HCA was measured in the horizontal view (parallel-
ing to the Frankfurt horizontal (FH) plane):

(1) HCA: the angle between the condylar long axis (the
line between the most medial and lateral points) and
the RL line (the line between the most anterior points
of the bilateral auricles) [19], as shown in Figure 2

The CCA, CCW, MJS, SJS, and LJS were measured in the
coronal view (Figure 3).

(a) (b)

Figure 1: The 3D model of an asymptomatic subject: (a) front view and (b) lateral view.
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Figure 2: Measurements of the HCA in the horizontal view: (a) on the CBCT images and (b) in the 3D models. HCA: horizontal condylar
angle.
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Figure 3: Measurements of the MJS, SJS, LJS, CCA, and CCW in the coronal view: (a and b) on the CBCT images and (c, d, e, and f) in the 3D
models. The point O is the midpoint of CCW in part (a). CCA: coronal condylar angle; CCW: coronal condylar width; MJS: medial joint
space; LJS: lateral joint space; SJS: superior joint space.
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(2) CCA: the angle between the FH plane and the condy-
lar long axis

(3) CCW: the length of a line segment paralleled to the
FH plane and passed through the most lateral point
of the condyle

(4) MJS: the distance between the most medial point of
the condyle and the articular fossa

(5) SJS: the distance between the most superior point of
the condyle and the articular fossa

(6) LJS: the distance between the most lateral point of the
condyle and the articular fossa

The SRA, PJS, and AJS were measured in the sagittal
view (Figure 4).

(7) SRA: the angle between the FH plane and the tangen-
tial line to the posterior outline of mandibular ramus

(8) PJS: the distance paralleled to the FH plane between
the posterior points of the condyle and the articular
eminence outline

(9) AJS: the distance paralleled to the FH plane between
the anterior points of the condyle and the articular
fossa outline.

In this study, the nine morphologic parameters for each
model were re-evaluated thrice within a one-week interval

by three authors of this study using 2D and 3D measuring
methods, respectively. The correlation coefficients of the
results in each measurement were greater than 0.95. There-
fore, the repeatability of the measurements was acceptable
in this study.

2.4. Statistical Analysis. The morphologic differences of TMJ
between 2D and 3D measuring methods were analyzed using
paired samples t-test. In addition, the comparisons were per-
formed in the following: (1) between the 2D measuring
results (group A) and 3D measuring results (group B) of
the nine morphologic parameters and (2) between the left
TMJ and right TMJ in groups A and B, respectively. SPSS
20.0 (SPSS Inc., Chicago, IL) was used for the analysis. The
statistical significance was achieved when p < 0 05.

3. Results

The angles (HCA and SRA) and the joint spaces (MJS, LJS,
SJS, and AJS) were found to be statistically significant
between the groups A and B (Table 1). The HCA in group
B was significantly larger than that in group A (p < 0 05).
However, there was no significant difference for CCA
between groups A and B (p > 0 05). The SRA in group B
was significantly higher than that in group A (p < 0 05).
Meanwhile, the MJS, LJS, and SJS in group B were highly sig-
nificantly greater than those in group A (p < 0 01). The AJS
in group B was also significantly greater than that in group
A (p < 0 05). Although there were no significant differences

PJS AJS

SRA

SRA

(a) (b)

PJS AJS

(c)

Figure 4: Measurements of the SRA, PJS, and AJS in the sagittal view: (a) on the CBCT images and (b and c) in the 3D models. SRA: sagittal
ramus angle; AJS: anterior joint space; PJS: posterior joint space.
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for CCW and PJS between the groups A and B, the mean
values of CCW and PJS in group B were still larger than those
in group A (Table 1).

The morphologic differences of TMJ between the left and
right sides were compared in group A and group B, respec-
tively. The results showed that the HCA on the left side was
significantly smaller than that on the right side in group
A (p < 0 05). There was no significant difference for other
morphologic parameters between the left TMJ and right
TMJ in group A (p > 0 05). However, there was no signif-
icant difference for all the nine morphologic parameters
between the left and right sides in group B (Table 2).

4. Discussion

The morphologic parameters of TMJ obtained from the med-
ical images were the projection of the actual morphology of
TMJ in a certain plane, such as horizontal plane, coronal
plane, and sagittal plane. Therefore, these morphologic
parameters measured by the medical images (2D method)
did not show the spatial position relation of the structures
in the TMJs. At present, a few stomatology hospitals are try-
ing to establish the 3D measurement standard of the mor-
phologic parameters of TMJ. However, the differences of
the morphologic parameters of TMJ between the 2D and
3D measuring methods are still unclear. In this study, the
TMJ morphology was evaluated by 2D and 3D measuring
methods in asymptomatic subjects. The results indicated that
there were significant differences between the two methods.

The joint space (MJS, LJS, SJS, AJS, and PJS) of TMJ
would determine the disc position in the TMJ [20]. The
condylar angle (HCA and CCA) could be an aetiological
factor for disc displacement and degenerative joint disease
[19–21]. The ramus angle (SRA) would determine the
symmetry of mandible [19, 20]. Meanwhile, the AJS, PJS,

MJS, LJS, SJS, and CCW were the frequently used param-
eters in clinics to examine the morphology of TMJ. There-
fore, the above nine morphologic parameters were used to
investigate the TMJ morphology in this study. The 2D
CBCT measuring method has been validated in the related
studies [18, 19, 22–24]. The 3D measuring method also has
been used to evaluate the condylar morphology [15, 17, 25].
The mean values of CCA were 11.9° and 12.7° on the left
and right sides measured in 2D CBCT fromUeki et al.’s study
[19]. In this study, the mean angles of CCAwere 12.48± 0.55°
and 12.73± 0.51° on the left and right sides, respectively. The
mean distances of SJS and PJS were 1.8mm and 2.5mm
measured in 2D CBCT, respectively, from Ueki et al. [19].
In this study, the mean distances of SJS and PJS were 2.05
± 0.12mm and 2.53± 0.47mm, respectively. The mean value
of CCW was 18.21± 2.23mm measured in 2D CBCT in this
study, close to Al-koshab et al.’s results of 17.80mm [26]. In
Martins et al.’s study [27], the mean values of MJS and SJS for
asymptomatic subjects were 2.94mm and 2.55mmmeasured
in 3D models, respectively. In this study, the mean values
of MJS and SJS were 2.81± 0.35mm and 2.27± 0.18mm
measured in 3D models, respectively. Other morphologic
parameters of TMJ measured in this study were also similar
to previous studies [18, 28–30]. Therefore, the results were
accurate in this study.

The transverse dimension of condyloid process was
19.5± 2.4mm measured in the Chinese skull specimens
[31]. In this study, the CCW was 18.54± 2.12mm and
the CCA was 12.93± 0.59° in 3D models, so the transverse
dimension of condyloid process was 19.11mm in 3Dmodels,
and it was 98.00% of the actual value. However, the CCWwas
18.21± 2.23mm and the CCA was 12.61± 0.39° in 2D CBCT,
so the transverse dimension of condyloid process was
18.58mm in 2D CBCT, and it was 95.28% of the actual value.
Meanwhile, the angle of the long axis of bilateral condyle was
145°~160°measured in the Chinese skull specimens [32], that
is to say, the average HCA was 13.75°. In this study, the HCA
was 12.72± 0.23° in 3D models, and it was 92.51% of the
actual value. However, the HCA was 12.19± 0.57° in 2D
CBCT, and it was 88.65% of the actual value. Therefore, the
morphologic parameters of TMJ in 3D models were more
accurate than those in the 2D CBCT, and then the morpho-
logic parameters of TMJ measured in 3Dmodels could repre-
sent the actual morphology of TMJ to some extent.

The results in Table 1 showed that the nine morphologic
parameters of TMJ in group A were smaller than those in
group B. The results suggested that the angles and distances
measured by 2D method were smaller than those measured
by 3D method. This finding also indicated that the 2D
method may underestimate the size of TMJ morphologic
parameters. These smaller results measured by 2D method
may be caused by the projective values that were less than
the actual values. The degree of motion of the cervical spine
during CT imaging could also affect the projection of the
TMJ morphologic parameters in the 2D image. In addition,
CBCT images can only show the morphology and position
of TMJ in horizontal, coronal, and sagittal planes. Clinicians
need to combine the 2D images and their clinic experience to
diagnose the TMJs. However, 3D reconstructed models can

Table 1: Mean and standard deviation of the morphologic
parameters for the ten asymptomatic subjects measured in 2D
CBCT (group A) and 3D model (group B).

Morphologic parameters
Group A
(n = 10)

Group B
(n = 10) p value

HCA (°) 12.19± 0.57 12.72± 0.23 0.034∗

CCA (°) 12.61± 0.39 12.93± 0.59 0.123

SRA (°) 76.68± 3.54 80.37± 1.23 0.012∗

CCW (mm) 18.21± 2.23 18.54± 2.12 0.607

MJS (mm) 2.30± 0.20 2.81± 0.35 0.002∗∗

LJS (mm) 2.57± 0.19 3.03± 0.53 0.007∗∗

SJS (mm) 2.05± 0.12 2.27± 0.18 0.001∗∗

AJS (mm) 2.47± 0.24 2.77± 0.43 0.039∗

PJS (mm) 2.53± 0.47 2.62± 0.66 0.601

Note: p > 0 05, not significant. ∗Statistically significant difference between
group A and group B by paired samples t-test (p < 0 05). ∗∗Highly
statistically significant difference between group A and group B by paired
samples t-test (p < 0 01). HCA: horizontal condylar angle; CCA: coronal
condylar angle; SRA: sagittal ramus angle; CCW: coronal condylar width;
MJS: medial joint space; LJS: lateral joint space; SJS: superior joint space;
AJS: anterior joint space; PJS: posterior joint space; 2D: two-dimensional;
3D: three-dimensional.
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accurately provide the stereoscopic structure and spatial ana-
tomical location of TMJ, which can better help clinicians to
diagnose the morphology of TMJs along with the symptom
and sign. The HCA, SRA, MJS, LJS, SJS, and AJS in group
A were significantly smaller than those in group B, consistent
with Zhang et al.’s study [18]. In particular, the values of MJS,
LJS, and SJS measured in 2D CBCT were 81.85%, 84.82%,
and 90.31% of those measured in 3D models, respectively.
The significant difference in 2D image measurement could
lead to the misdiagnosis of TMJ. The CCA, CCW, and PJS
measured by 2D method were also a little smaller than those
measured by 3D method. Due to the small projective angles,
the projective values of CCA, CCW, and PJS were close to
their actual values. In summary, there were significant differ-
ences in the results of the morphologic parameters of TMJ
between 2D and 3D measurements. In addition, 3D recon-
structed model can show the stereoscopic structure and spa-
tial position of TMJ and would better help clinicians to
accurately diagnose the morphology of TMJ, in accordance
with Cevidanes and Al-Saleh et al.’s studies [15–17].

There was significant difference for HCA between the left
and right sides in group A. However, all the subjects in this
study were asymptomatic and symmetric, in accordance with
the 3D measured results in this study. This finding suggested
that the HCA measured in 2D CBCT was not consistent with
the actual situation. The asymmetric parameter of TMJ mea-
sured in 2D image may be caused by the subjects’ deflected
scanning body position. The 3D reconstructed models of
TMJ are not affected by the subjects’ scanning body position.
Therefore, some parameters of TMJ morphology measured
by 2D measuring method were inaccurate to some extent.
Moreover, the biased results measured in 2D image may lead
to the misdiagnosis of TMJ morphology for clinicians. There
were no significant differences for all the nine morphologic
parameters of TMJ between the left and right sides in group
B. The results were consistent with the fact of the ten asymp-
tomatic subjects recruited in this study. Generally, we believe
that the morphologic parameters measured in the 3D recon-
structed models can represent the actual morphology of TMJ.
Therefore, the values of TMJ morphology measured by 3D
measuring method were more accurate than those measured

by 2D method. 3D measuring method should be used for the
detection of TMJ morphology in clinical practice.

One major limitation of the current study is that the sam-
ple size is a little small. Certainly, a multicentric study with a
larger sample should be necessary to confirm our findings.

5. Conclusions

There were significant differences for the morphologic
parameters of TMJ measured in 2D CBCT images and 3D
reconstructed models. In addition, the 3D reconstructed
model could show the actual stereoscopic structure and spa-
tial position of TMJ, so the 3D measuring method is more
accurate for clinicians to investigate the morphology of TMJ.
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