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Musculoskeletal problems, such as traumatic injury, osteopo-
rosis, and osteoarthritis, are one of the leading causes of
disability worldwide and are therefore a crucial branch of
public health. Biomechanics has been proven to play a critical
role in musculoskeletal pathology, treatment, and rehabilita-
tion. Biomechanical factors could influence cell’s metabolic
activity, bone remodeling, and sequelae development.
Advancement in biomechanical theory, methodology, and
technique could also promote the improvement on the
design of protective, surgical, and rehabilitation equipment.
Advancement in computational technique even promoted
the development of computational biomechanics.

The 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. This special issue can serve as a platform
for biomechanical researchers, rehabilitation therapists, pro-
tective device designers, and orthopedic surgeons.

Finite element (FE) analysis is a powerful tool for bio-
mechanical investigations, especially in orthopedic surgery.
Two independent research groups from the School of
Medicine, Tongji University, respectively, constructed two
separate three-dimensional FE models of lumbar spine
(L3-L5). Z. Zeng et al. studied the biomechanical effect of
different grades of facetectomy, while M. Yang et al. evaluated
the stability of extraforaminal lumbar interbody fusion and

traditional transforaminal lumbar interbody fusion under
various internal fixations.

Researchers from Tianjin University of Technology also
conducted a study in FE modeling. They developed and
validated a refined FE model of middle femoral comminuted
fracture to compare the biomechanical stability after two
kinds of plate fixations. H.-Y. Liu et al. established a solid-
liquid coupling biphasic model of articular cartilage and a
microscopic model of chondrocytes to analyze the biome-
chanical response under cyclic compressive loading. Addi-
tionally, they performed a comprehensive analysis about the
impact of pectus excavatum on scoliosis and elaborated its
biomechanical mechanism in pectus excavatum patients with
scoliosis. Y. He et al. studied the biomechanical performance
of the laparoscopic-assisted plate.

Mechanism and protection of sports injury are another
focus of this special issue. A researcher from Shanghai
University of Sports contributed two articles. R. Xia et al.
determined the effects of fatigue on the impact forces
and sagittal plane kinematics of the lower extremities of
recreational athletes in a drop-landing task. They also
studied joint torque and mechanical power of lower extrem-
ities and its relevance to hamstring strain during sprint
running. A group of researchers from Shenyang Sport
University determined the contact force loading associ-
ated with different walking speeds.

Hindawi
Journal of Healthcare Engineering
Volume 2017, Article ID 8916431, 2 pages
https://doi.org/10.1155/2017/8916431

https://doi.org/10.1155/2017/8916431


Biomechanics is also very popular in rehabilitation in
recent years. X. Wu et al. studied early spatiotemporal
patterns and knee kinematics during level walking in indi-
viduals following total knee arthroplasty (TKA). An article
contributed by authors from Taiyuan University of Technol-
ogy, University of Sussex, and University of Southampton
studied the effects of overweight and obesity on TKA.
Y.-P. Huang et al. investigated the effect of arch support
insoles on uphill and downhill walking of persons with
flatfoot. S. Kuai et al. examined the compensatory response
of the muscle activities of seventeen major muscle groups in
the spinal region, intradiscal forces of the five lumbar motion
segment units.

This special issue also included cell biomechanics and
other topics. To achieve the accurate strain control of the
membrane during stretching, a strain feedback compensation
method based on the digital image correlation is proposed by
authors form Sichuan University. Y. Chen et al. investigated
the effect of endogenous n-3 PUFAs on fracture healing by
measuring femur fracture repair in both fat-1 transgenic
mice and WT mice. Y.-X. Zhang et al. investigated the
effects of different extracts of propolis and component of
flavonoids on platelet aggregation.

Overall, this special issue covers a wide range of biome-
chanics in musculoskeletal health. More research is needed
to investigate further in computational modeling in bones,
sport injury prevention, rehabilitation, and cellular level to
advance the field of biomechanics.

Wenxin Niu
Ming Zhang

Jie Yao
Liping Wang
Ka-Chun Siu
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Platelet hyperactivity plays an important role in arterial thrombosis and atherosclerosis. The present study was aimed to investigate
the effects of different extracts of propolis and components of flavonoids on platelet aggregation. Platelet-rich plasma was prepared
and incubated in vitro with different concentrations of the tested extracts and components of flavonoids. Platelets aggregation was
induced by different agonists including adenosine diphosphate (ADP, 10 μM), thrombin receptor activator peptide (TRAP, 50μM),
and collagen (5 μg/mL). At 25mg/L to 300mg/mL, the water extract propolis (WEP) inhibited three agonists-induced platelet
aggregations in a dose-dependent manner. The flavonoids isolated from the propolis also showed markedly inhibited platelet
aggregation induced by collagen, ADP, and TRAP, respectively. The components including caffeic acid phenethyl ester (CAPE),
galangin, apigenin, quercetin, kaempferol, ferulic acid, rutin, chrysin, pinostrobin, and pinocembrin and their abilities of
inhibiting platelet aggregation were studied. It was concluded that propolis had an antiplatelet action in which flavonoids were
mainly implicated.

1. Introduction

Nowadays, cardiovascular diseases (CVD) are the leading
cause of morbidity and mortality worldwide [1–3] and
bring a huge burden to the world economic development
and people’s living standard. It has been widely known
that platelets play important roles in both hemostasis
and pathogenesis of CVD such as acute coronary syndrome
[4]. Platelet inhibition has shown improved short- and
long-term clinical outcomes for CVD patients. However,
increased bleeding risk and the high rates of recurrent
ischemic events could not be ignored [5]. Furthermore, the
activation of platelets was also related to circulation and
vascular damage in patients with hypertension and diabetes
[6]. Antiplatelet drugs used clinically to treat and prevent
coronary syndromes and stroke are accompanied by a variety
of side effects such as thrombocytopenia, hemorrhage, gastric

ulcers, and therapeutic resistance [7, 8]. More safe and
effective antiplatelet drugs would be urgently needed based
on the current situation.

In recent, natural products and alternative medicine
are now getting significant attention. Propolis, a complex
mixture containing various compounds, such as flavonoids,
terpenes, β-steroids, aromatic aldehydes, and alcohols, is a
plant-derived substance collected from plant materials by
honeybees [9, 10]. Propolis is extensively used in food and
beverages to improve health because of its unique phar-
macological activities including antimicrobial, antioxidant,
immunomodulatory, hepatoprotective, antitumor, and car-
dioprotective effects [11–21]. Recently, Liu and his colleagues
put forward that chrysin in propolis performs antiplatelet
activity via inhibiting platelet alphaIIbbeta3-mediated signal-
ing pathway [22]. In addition, evidence data showed that
propolis coated Co-Cr could significantly reduce adhesion
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of platelets [23]. Many studies demonstrated that the
propolis components were varied in different geographic
and climatic zones [24]. Thus, the aim of the present study
was to examine the effects of propolis extracts on human
platelet aggregation in vitro and to identify the nature of
the compounds responsible for the antiplatelet activity.

2. Materials and Methods

2.1. Materials. Propolis sample was obtained from Taishan
fir in the autumn. Adenosine diphosphate (ADP) was
purchased from Arkray (Aggrepack, Japan). Collagen
was purchased from NYCOMED (Kollagenreagens Horm,
Austria). Thrombin receptor activator peptide (TRAP) was
purchased from Bachem (Germany). Caffeic acid phenethyl
ester (CAPE), galangin, acacetin, and pinostrobin were
purchased from Sigma Chemical Co. (USA).

2.2. Preparation of Water Extract of Propolis (WEP) and
Flavonoid. According to previous research [25], a certain
amount of dried propolis sample frozen at −20°C was
dissolved in 30mL of distilled water at 60°C for 7 h. The
crude extract was filtered, then centrifuged at 28000 rpm for
30min, and the supernatants were concentrated under
reduced pressure to produce the WEP. Flavonoid was
obtained from another 10.0 g dried propolis dissolved in
300mL 70% ethanol 7 h at room temperature using the same
method [26].

2.3. Component Analysis of WEP and Flavonoid. For the
components of WEP and flavonoid, a ZQ-4000 HPLC
apparatus (Waters, USA) was used. The chromatographic
separation was achieved using a Waters Symmetry C18
column (4.6mm I.D.× 150mm, 3.5μm), with the column
oven temperature maintained at 25°C. The mobile phase
consisted of acetonitrile and 2% acetic acid. The mobile phase
flow rate was 0.2mL/min, and UV absorbance was moni-
tored at 280nm. Diluted standard solutions of galangin,
CAPE, apigenin, quercetin, kaempferol, ferulic acid, rutin,
chrysin, pinostrobin, and pinocembrin were analyzed in the
same HPLC conditions, and furthermore, the calibration of
the detector response was done. Quantification of the main
bioactive compounds from WEP and flavonoid was based
on the calibration curves. The results were confirmed
by the Department of Agriculture Bee Products Quality
Supervision and Inspection Center (Beijing).

2.4. The Platelet Aggregation Tests. Human platelet suspen-
sions were prepared as previously described [27]. In this
study, human volunteers had been given informed consent.
In brief, blood was collected from healthy human volunteers
who had taken no medicine during the preceding 2 weeks
and was mixed with 3.4%Na-citrate (9 : 1, vol/vol). The blood
was centrifugated at 1100 rpm for 15min at 20°C. Then,
platelet-rich plasma (PRP) was collected with pipette and
stored at room temperature. The tubes containing PRP
were centrifuged at 3000 rpm for 10min at 20°C to obtain
the platelet-pool plasma (PPP). After a platelet count
(Sysmex SE-9000, Kobe, Japan), a standard concentration
of 200× 109/L was obtained by diluting PRP with PPP.

The turbidimetric method was applied to measure platelet
aggregation stimulated by the various kinds of agonists using
an aggregometer [28]. Previous study mentioned different
flavonoid components present in propolis (CAPE, galangin,
acacetin, and pinostrobin) were able to inhibit platelet aggre-
gation, so CAPE, galangin, acacetin, and pinostrobin were
tested in our study [29]. All aggregation tests were performed
within 2 h after isolation and carried out in triplicate. Each
person had his/her own 0% PRP and 100% PPP aggregation
calibration. Before aggregation was started, standard platelet
concentration was incubated in solutions of different concen-
trations, including WEP (300mg/L, 100mg/L, 25mg/L),
flavonoids (400mg/L, 100mg/L, 25mg/L), CAPE (352μM,
88μM, 6μM), galangin (370μM, 185μM, 46μM), acacetin
(352μM, 176μM, 44μM), and pinostrobin (370μM, 92μM,
23μM) for 30min at the room temperature, then prewarmed
at 37°C for two minutes. The aggregation was induced by
ADP, collagen, or TRAP, respectively. The extent of aggrega-
tion was expressed in light transmission units.

2.5. Statistical Analysis. The results were shown as mean±
standard deviations, and each experiment was performed in
triplicate. Statistical analysis was carried out using SPSS19.0,
and differences were considered to be significant at a level
of P < 0 05.

3. Results and Discussion

3.1. Chemical Components of Propolis. Flavonoids are the
major constituents of propolis and contribute greatly to the
pharmacological activities of propolis. Usually, the quality
of propolis was based on flavonoids quality [30]. The con-
tents of flavonoids depend on the harvest region because
the characteristics of propolis are influenced by the local
plant varieties and weather [31]. Report of component
analysis of WEP and flavonoids was shown in Table 1.
The contents of CAPE were the highest in the WEP,
followed by galangin, ferulic acid, quercetin, kaempferol,
and apigenin. Pinostrobin was the most abundant chemi-
cal compound in flavonoids, followed by galangin, chrysin,
CAPE, rutin, kaempferol, pinocembrin, apigenin, quercetin,
and ferulic acid.

Table 1: The components of WEP and flavonoids.

Compounds of propolis
Concentration in
WEP (mg/L)

Concentration in
flavonoids (mg/g)

Galangin 4477.09 37.24

CAPE 6329.74 5.55

Apigenin 305.76 0.34

Quercetin 2681.01 0.17

Kaempferol 897.80 1.79

Ferulic acid 3593.05 0.06

Rutin — 3.56

Chrysin — 13.94

Pinostrobin — 95.52

Pinocembrin — 0.84
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3.2. The Inhibition Effect of Different Components on Platelet
Aggregation Induced by Different Agonists. Results of the
platelet aggregation tests were shown in Figures 1 and 2.
The results showed that the crude WEP inhibited platelet
aggregation in a dose-dependent manner, which might
be stimulated with different agonists including ADP, col-
lagen, and TRAP. For instance, 300mg/L WEP significantly
decreased platelet aggregation induced by ADP, collagen,
and TRAP to 35.00± 5.34%, 35.00± 6.61%, and 42.33±
13.24% (n = 3; P < 0 01), respectively, indicating that propo-
lis contains compounds having antiplatelet aggregation

activity. This effect might be attributed to polar compounds
such as flavonoids and polyphenols.

Flavonoids inhibited the three agonist-induced platelet
aggregations in a dose-dependent manner, and the percent
of inhibition were 53.11± 1.90%, 51.12± 9.30%, and 51.98±
22.20% at concentrations of 400mg/L, respectively. This
finding was consistent with previous studies showing the
antiplatelet aggregation activity of flavonoids in vitro [32]
and in vivo [33]. We also test four purified components,
including CAPE, galangin, acacetin, and pinocembrin. All
test dose CAPE added to the PRP platelet aggregation
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Figure 1: Original tracings showing the dose-dependent inhibitory effect of different extracts including WEP (a) and flavonoids (b) and pure
components including CAPE (c), galangin (d), acacetin (e), and pinostrobin (f) on collagen-induced platelet aggregations in vitro.
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induced by collagen and TRAP significantly decreased
(P < 0 05), and the most antiplatelet aggregation effect
occurred in the collagen-included platelet aggregation test
group with an inhibition of 58.82± 4.51% at 176μM. Signif-
icant inhibition was not detected in the ADP-included
platelet aggregation test group when adding 6μM CAPE.

When 46μM or more galangin was added to PRP, significant
inhibition was detected in the collagen-included platelet
aggregation test group in a dose-dependent manner.
Galangin was not able to inhibit ADP-induced platelet aggre-
gation until 370μM galangin had been added. Acacetin
could significantly inhibit platelet aggregation induced by
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Figure 2: Inhibitory effect of different extracts including WEP (a) and flavonoids (b) and pure components including CAPE (c), galangin (d),
acacetin (e), and pinostrobin (f) on platelet aggregation induced by different agonists including ADP, collagen, and TRAP, respectively.
∗Compared with the control (P < 0 05) was observed. ∗∗Compared with the control (P < 0 01) was observed. Data are represented as the
mean± SD (n = 3).
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ADP, collagen, and TRAP at concentrations of 44, 176, and
352μM in the concentration-dependent manner (P < 0 05).
The antiplatelet aggregation activity of pinostrobin isolated
from propolis (23μM, 92μM, and 370μM) was evaluated
upon ADP-, collagen-, and TRAP-induced aggregation. As
shown in Figures 1(f) and 2(f), the platelet aggregation
could be suppressed by pinostrobin at concentrations of
23–370μM (P < 0 005). CAPE appeared to be more effective
inhibitors than galangin and acacetin. This difference in
potency could be explained by their chemical structures [34].

The isolated flavonoids markedly inhibited platelet
aggregation induced by ADP, TRAP, and collagen. The
inhibition might be introduced by holding back fibrinogen
binding to its platelet membrane receptor (glycoprotein
(GP) IIb-IIIa), which is a final and common pathway of
platelet aggregation. It was reported that the flavonoid
phloretin diminished ADP and TRAP-stimulated expression
of the activated form of the GPIIb/IIIa complex and reduced
platelet aggregation stimulated by ADP [30]. Several other
studies had shown that flavonoids inhibited platelet function
through a multitude of mechanisms including decreasing
phospholipase C activity [31], scavenging of reactive oxygen
species such as superoxide anion, and inhibiting cyclic nucle-
otide phosphodiesterase and thromboxane A2 synthesis [32].

4. Conclusion

The main components of propolis were galangin, CAPE,
apigenin, quercetin, kaempferol, ferulic acid, rutin, chrysin,
pinostrobin, and pinocembrin. The WEP and flavonoids
extracted from propolis exhibited dose-dependent inhibitory
effects on platelet aggregation induced by different agonists
including ADP, collagen, and TRAP, respectively. CAPE,
galangin, and pinostrobin might be mainly implicated.
Further studies are necessary to clarify the mechanism of
platelet inhibition.
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Objective. Finite-element method was used to evaluate biomechanics stability of extraforaminal lumbar interbody fusion (ELIF)
under different internal fixation. Methods. The L3–L5 level finite-element model was established to simulate decompression and
internal fixation at L4-L5 segment. The intact finite model was treated in accordance with the different internal fixation. The
treatment groups were exerted 400N load and 6N·m additional force from motion to calculate the angular displacement of
L4-L5. Results. The ROMs were smaller in all internal fixation groups than those in the intact model. Furthermore, the
ROMs were smaller in ELIF +UPS group than in TLIF +UPS group under all operating conditions, especially left lateral
flexion and right rotation. The ROMs were higher in ELIF +UPS group than in TLIF +BPS group. The ROMs of ELIF
+UPS+TLFS group were much smaller than those in ELIF +UPS group, and as compared with TLIF +BPS group, there was
no significant difference in the range of experimental loading. Discussion. The biomechanical stability of ELIF with unilateral
pedicle screw fixation is superior to that of TLIF with unilateral pedicle screw fixation but lower than that of TLIF with
bilateral pedicle screws fixation. The stability of ELIF with unilateral fixation can be further improved by supplementing a
translaminar facet screw.

1. Introduction

Lumbar degenerative disease has been the main cause of
lower back pain and leg pain in adults [1–3]. There are a large
number of treatment options available including both con-
servative and operative approaches. A systematic review by
Phillips et al. [4] indicates that lumbar spinal fusion can be
an effective treatment strategy for patients who are refractory
to conservative treatment. The clinical consensus of lumbar
interbody fusion is that as far as possible, the posterior tensile
structures should be retained and unnecessary trauma should
be reduced to ensure postoperative short-term stability and
long-term fusion rate [5, 6]. Therefore, transforaminal lum-
bar interbody fusion (TLIF) with bilateral pedicle screw
(BPS) fixation has been considered as the classical surgical
approach in the recent years. However, TLIF still needs to

resect the inferior facet joint firstly to provide access for the
resection of the superior facet joint to decompress the nerve
root. We wonder if it is feasible to release the compressed
nerve root by the direct resection of the superior facet joint
with retaining the inferior facet joint. Hence, we deeply study
the anatomical structure of the intervertebral foramen. Inter-
vertebral foramen is a circular area formed by the semicircu-
lar notches between the two pedicles of vertically adjacent
vertebral bodies. The anterior wall of the foramen is the inter-
vertebral disc, the superior and inferior walls are the superior
and inferior pedicle notches, respectively, and the posterior
wall is the facet joint and joint capsule formed by the superior
and inferior facet joints of adjacent vertebral bodies. The
upper edge and ventral side of the superior facet joint are in
close contact with the nerve root, which is an important ana-
tomic factor leading to nerve root compression. Additionally,
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this superior facet joint also participates in the construction
of the lateral spinal canal, and thus it is also the main reason
for lateral spinal stenosis [7, 8]. In the clinic, it has also been
suggested that the lateral spinal stenosis and nerve root com-
pression was rarely caused by the osteophytes of the inferior
facet joint. Therefore, the inferior facet joint is not regarded
as the decompression target and gains a great possibility to
release the compressed nerve root without the resection of
inferior facet joints. Our preliminary paper has proved the
feasibility of that surgery and developed a new lumbar fusion
technique called ELIF [9–11].

In the extraforaminal lumbar interbody fusion (ELIF)
technique, only the superior facet joint is resected and the
inferior facet joint and soft tissues attached behind it are
retained. Compared with conventional transforaminal lum-
bar interbody fusion (TLIF), ELIF technique retains the pos-
terior structures more completely and could potentially
improve the immediate stability. Therefore, we analyzed the
lumbar biomechanical stability of ELIF surgery by using 12
cadaveric spine specimens [12]. To make this analysis of
the biomechanical stability more accurate, the 3D finite-
element method was employed. In this study, L3–L5 ELIF
and TLIF 3D finite-element models with different internal
fixation and fusion methods were established. The model sta-
bility and stress of the pedicle screws, connecting rods and
interbody fusion cages were tested under different operating
conditions, namely, anterior flexion, posterior extension, left
and right lateral flexion, and left and right rotation.

2. Data and Methods

2.1. Ethics Statement. This study has been reviewed and
approved by the ethics committee of Shanghai East Hospital,
Tongji University School of Medicine.

2.2. Establishment of 3D Finite-Element Model. In September
15, 2015, a 26-year-old man (height, 172 cm; weight, 67 kg;
body mass index, 22.6 kg/m2) diagnosed with L4-L5 lumbar
disc herniation was recruited for a preoperative lumbar com-
puted tomography scan from T12 level to pelvic inlet using a
dual source scanner (SOMATOM Definition Flash; Siemens
Medical Solutions Inc., Forchheim, Germany). This partic-
ipant provided the written informed consent to participate
in this study. The scanning parameters were as follows:
tube current = 250mA, tube voltage = 120 kV, scanning
slice thickness = 1.0mm, and reconstruction slice thick-
ness = 1.0mm. The data in the commonly used DICOM 3.0
format were read using the medical finite-element modeling
software Simpleware 2.0 (Simpleware Ltd., Exeter, UK), and
an L3–L5 3D geometric model was established. We utilized
the finite-element preprocessing software HyperMesh (Altair
Engineering, Troy, USA) and select the appropriate element
types and materials for mesh generation. The mesh model
includes 124,528 elements and the mesh size is 2mm. The
materials for the various parts of the input model and their
characteristics including elastic modulus and Poisson ratio
are listed in Table 1 [13–17]. An intact L3–L5 segment
finite-element model was shown in Figure 1.

2.3. Establishment of Models with Different Fusion and
Internal Fixation Methods. Images of the pedicle screw sys-
tem and intervertebral fusion cage (DePuy Spine, Johnson
& Johnson, New Jersey, USA) in the IGES format were
imported into HyperMesh, and the finite-element model
was constructed for ELIF and TLIF based on the require-
ments listed below. The elastic modulus for screws in ELIF
and TLIF groups was 110,000MPa and the Poisson ratio
was 0.3. The intervertebral fusion cage was a bullet-type cage
with dimensions of 9mm× 11mm× 27mm, and the elastic
modulus and Poisson ratio were 3700MPa and 0.25, respec-
tively. The screw diameter was 6.0mm, and length was
45mm. The implanting angle of fusion cage was 80° at the
spine sagittal plane in the ELIF group and 45° in the TLIF
group. In both groups, the fusion cage was placed into the
intervertebral space obliquely from the right side. The exper-
imental groups were divided into as follows: ELIF with uni-
lateral pedicle screw (ELIF+UPS), TLIF with unilateral
pedicle screw (TLIF+UPS), TLIF with bilateral pedicle
screws (TLIF+BPS), and ELIF with unilateral pedicle
screw+ translaminar facet screw (ELIF+UPS+TLFS). The
designs of the experimental models were exactly based on
the clinical surgical approaches. In the ELIF +UPS group,
the superior facet joint of the L5 vertebra was removed along
with the entire nucleus pulposus in the L4-L5 disc and the
right posterior two-thirds of the fibrous ring. The posterior
supraspinous ligament, interspinous ligament, spinous pro-
cess, and the left side structures were retained. The pedicle
screws were placed in the L4 and L5 pedicles on the right side
(the entry point of each screw was the transition point of the
superior facet joint and transverse process, and the screw was
inserted at a 45° angle with the sagittal plane; Figure 2). In the
TLIF+UPS group, the inferior facet joint of the L4 vertebra
and the superior facet joint of the L5 vertebra were removed.

Table 1: Material property of spinal components and implants.

Component
Young’s
modulus
(MPa)

Poisson’s
ratio

Cross
section
(mm2)

Cortical bone 12000.0 0.30

Endplate 1200.0 0.29

Cancellous bone 100.0 0.30

Annulus ground substance 4.2 0.45

Nucleus pulposus 1.0 0.49

Annulus fiber 450.0 0.45

Anterior longitudinal
ligaments

20.0 0.30 63.7

Posterior longitudinal
ligaments

20.0 0.30 20.0

Intertransverse ligament 58.7 0.30 3.6

Ligamentum flavum 19.5 0.30 40.0

Interspinous ligament 11.6 0.30 40.0

Supraspinous ligament 15.0 0.30 30.0

Capsular ligament 32.9 0.30 60.0

Pedicle screws and rod 110000.0 0.28 20.0

PEEK cage 3600.0 0.25
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The entire nucleus pulposus in the L4-L5 disc and the right
posterior two-thirds of the fibrous ring were resected. The
posterior supraspinous ligament, interspinous ligament, spi-
nous process, and left structures were retained. The pedicle
screws were placed in the right pedicles of the L4 and L5
vertebrae (the entry point of each screw was the traditional
entry point, and the screws were inserted at a 15° angle with
the sagittal plane; Figure 2). In the TLIF+BPS group, the

decompression range was the same as that in the TLIF+
UPS group. The pedicle screws need to be further implanted
at the left slide pedicles compared to the TLIF+UPS group.
The decompression range in the ELIF+UPS+TLFS group
was the same as that in the ELIF+UPS group. Once pedicle
screws were placed in the right L4 and L5 pedicles, a screw
was implanted in the contralateral facet joint through the
lamina (Figure 2).

(a) (b) (c)

Figure 1: The intact model. (a) Posterior view. (b) Lateral view. (c) Anterior view.

(a) (b)

(c) (d)

Figure 2: Finite-element model of ELIF and TLIF under different internal fixation modes. (a) ELIF +UPS. (b) TLIF +UPS. (c) ELIF +UPS +
TLFS. (d) TLIF + BPS. ELIF: extraforaminal lumbar interbody fusion; TLIF: transforaminal lumbar interbody fusion; UPS: unilateral pedicle
screw fixation; BPS: bilateral pedicle screw fixation; TLFS: translaminar facet screw.
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2.4. Loading and Recording Methods. The inferior surface of
the L5 vertebral body was totally fixed. Surface loading was
applied on the superior surface of the L3 vertebral body, ver-
tically in the downward direction and with uniform distribu-
tion on the entire superior endplate of the L3 vertebral body.
The load applied on the model was 400N and the additional
force from motion was 6N·m [18]. The data were input in
Abaqus 6.10 (Dassault Systemes Simulia Corp., Providence,
RI, USA), and calculations were performed under six operat-
ing conditions: lumbar spine anterior flexion, posterior
extension, left and right lateral flexion, and left and right
rotation. The main parameters observed were as follows: (1)
L4-L5 range of motion (ROM), represented by the segmental
angular displacement. The spatial coordinates of 4 points
(the most forward point, most backward point, most leftward
point, and most rightward point) on the superior surfaces of
the L4 and L5 vertebrae were measured and connected with
lines. The angles between the lines represented the angles
between the superior surfaces of two neighboring vertebral
bodies. The absolute value of the difference in these angles
before and after loading was the angular displacement of
the L4-L5 segments. (2) Stress diagrams were used to repre-
sent the stress on the pedicle screws, connecting rods and
intervertebral fusion cages, under six operating conditions.

2.5. Validation Process of Finite-Element Model. This
intact L3-L5 finite-element model was validated by com-
paring the intact finite-element model reported by the
literature [17–19].

3. Results

3.1. Verification of the Effectiveness of the Models. The whole
L3–L5 3D nonlinear finite-element model consists of the cor-
tical bone shell, endplate, cancellous bone core, intervertebral
disc (ground substance, collagen fibers, and nucleus pulpo-
sus), and 7 types of ligaments, yielding a total of 13 types of
materials (Table 1). The model contained 124,528 units and
49,235 nodes. After defining the constraints and loading
conditions for this model, the angular displacements of
the L4-L5 segments in intact model were calculated under
six operating conditions (lumbar spine anterior flexion, pos-
terior extension, left and right lateral flexion, and left and
right rotation). The results were basically consistent with
those of the finite-element study by Chen et al. (Figure 3).
Thus, we concluded that this 3D finite model was effective
under certain conditions and could be applied for clinical
and experimental studies [17–19].

3.2. L4-L5 ROM. The ROMs were smaller in all internal
fixation groups than those in the intact group (Table 2,
Figure 4). Furthermore, the ROMs were smaller in the
ELIF+UPS group than those in the TLIF+UPS group under
all operating conditions, especially left lateral flexion and
right rotation. During left lateral flexion and right rotation,
the ROMs of ELIF+UPS were reduced by 56.32% and
53.33%, respectively. The ROMs were smaller in the TLIF+
BPS group than those in the ELIF+UPS group, and the
percentages of decrease were as follows: anterior flexion

11.27%, posterior extension 80.49%, left lateral flexion
42.11%, right lateral flexion 45.45%, left rotation 61.54%,
and right rotation 50.00% (Table 2 and Figure 4). Similarly,
in the ELIF+UPS+TLFS group, the ROMs were much
smaller than those in the ELIF+UPS group. The percentages
of decrease were as follows: anterior flexion 9.86%, posterior
extension 75.61%, left lateral flexion 36.84%, right lateral
flexion 9.09%, left rotation 34.62%, and right rotation
42.86% (Table 2, Figure 4). When compared to those in the
TLIF+BPS group, the ROMs in the ELIF+UPS+TLFS
group show no significant difference in the range of
experimental loading.

3.3. Stress Analysis of the Pedicles, Connecting Rods, and
Intervertebral Fusion Cages in the ELIF and TLIF Finite-
Element Models. The maximum stress concentration point
on the connecting rod was the junction between the screw
and its head in the ELIF and TLIF models. The stress on
the proximal end was greater than that on the distal end.
The stresses on the connecting rod under all operating condi-
tions were greater in the case of unilateral pedicle screw fixa-
tion than those in the case of bilateral pedicle screw
fixation. Furthermore, the stresses on the connecting rods
were smaller in the ELIF+UPS group than those in the
TLIF+UPS group, especially under right lateral flexion
(Figure 5). With additional contralateral translaminar facet
screw fixation, the stresses on the connecting rods were
decreased as compared to only unilateral pedicle screw

Present
Vadapalli et al.
Chen et al.

4.00
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Figure 3: Comparison between the current intact model and
previous studies for the validation. Comparison with Vadapalli
et al. and Chen et al. AF: anterior flexion; PE: posterior extension;
LF: lateral flexion; RF: right flexion; LR: left rotation; RR: right
rotation.
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Table 2: The L4-L5 range of motion (ROM) in different groups under six operating conditions.

ROM (n = 12) AF (°) PE (°) LF (°) RF (°) LR (°) RR (°)

Control 2.16 1.70 1.40 1.84 0.90 0.96

ELIF +UPS 0.71 0.41 0.38 0.11 0.26 0.28

TLIF +UPS 0.88 0.48 0.87 0.12 0.28 0.60

TLIF +BPS 0.63 0.08 0.22 0.06 0.10 0.14

ELIF +UPS +TLFS 0.64 0.10 0.24 0.10 0.17 0.16

Percentage decrease from control to ELIF +UPS 67.13% 75.88% 72.86% 94.02% 68.89% 70.83%

Percentage decrease from control to TLIF +UPS 59.26% 71.76% 37.86% 93.48% 52.45% 37.50%

Percentage decrease from TLIF +UPS to ELIF +UPS 19.32% 14.58% 56.32% 8.33% 7.14% 53.33%

Percentage decrease from ELIF +UPS to TLIF +BPS 11.27% 80.49% 42.11% 45.45% 61.54% 50.00%

Percentage decrease from ELIF +UPS to ELIF +UPS +TLFS 9.86% 75.61% 36.84% 9.09% 34.62% 42.86%

Percentage decrease from ELIF +UPS +TLFS to TLIF + BPS 1.56% 20.00% 8.33% 40.00% 41.18% 12.50%

ELIF: extraforaminal lumbar interbody fusion; UPS: unilateral pedicle screw; TLIF: transforaminal lumbar interbody fusion; BPS: bilateral pedicle screw; TLFS:
translaminar facet screw; AF: anterior flexion; PE: posterior extension; LF: lateral flexion; RF: right flexion; LR: left rotation; RR: right rotation.
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Figure 4: Range of motion at L4-L5 in intact and fixation models under six operation conditions. The ROMwas smaller in all internal fixation
groups than in the intact group. Furthermore, the ROM was smaller in the ELIF +UPS group than in the TLIF +UPS group, under all
operating conditions, especially left lateral flexion and right rotation. The ROM was smaller in the TLIF + BPS group than in the ELIF +
UPS group. Similarly, in the ELIF +UPS+TLFS group, the ROMs were much smaller than those in the ELIF +UPS group. When
compared with the TLIF +BPS group, the ROM in the ELIF +UPS +TLFS group shows no obvious difference in the range of experimental
loading. AF: anterior flexion; PE: posterior extension; LF: left lateral flexion; RF: right lateral flexion; LR: left rotation; RR: right rotation.
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fixation. The stresses on the fusion cages did not significantly
differ between the ELIF and TLIF groups under six operating
conditions (Figure 5).

4. Discussion

TLIF has gained increasing popularity in the treatment of
degenerative lumbar disease due to its advantages includ-
ing direct decompression on the nerve root and less risk
of complications and good fusion result [20–22]. However,
TLIF as the classical posterior lumbar interbody fusion tech-
nique can also lead to lumbar muscle injury and reduce the
postoperation lumbar spine stability [23, 24]. To improve
the postoperation lumbar spine stability, a large number of
new fusion techniques such as ALIF, DLIF, and OLIF have
been designed and applied [25–28]. Although the stability
has been enhanced with these techniques, the outcome of
decompression on nerve root cannot be ensured because
direct decompression on nerve root cannot be accessed

through these surgical approaches. Therefore, we designed
and tested the biomechanical stability of the new fusion tech-
nique (ELIF) based on the direct decompression and less
trauma principles. In this study, the finite-element analysis
of this fusion technique under different internal fixation con-
ditions was performed to further evaluate the lumbar spine
stability of this fusion surgery.

Finite-element models are widely applied in understand-
ing of biomechanical function of the spine due to the effective
stimulation, high repeatability, and less cost [29]. Before a
new surgery technique is used in the clinic, the correspond-
ing 3D model can be designed to test the reliability and safety
of this new technique. The analyses indicated that lumbar
stability was better in the case of ELIF with unilateral pedicle
screw fixation than in the case of TLIF with unilateral pedicle
screw fixation, under six operating conditions, especially, left
lateral flexion and right rotation. The reason for the above
finding is that ELIF with unilateral pedicle screw fixation
can retain part of the superior facet joint to associate with
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Figure 5: Stress analysis of the connecting rods in the ELIF and TLIF finite-element models under right lateral flexion. (a) ELIF +UPS.
(b) TLIF +UPS. (c) ELIF +UPS +TLFS. (d) TLIF +BPS. The maximum stress concentration point on the connecting rod was the junction
between the screw and its head in the ELIF and TLIF models. The stress on the proximal end was greater than that on the distal end. The
stresses on the connecting rod under all operating conditions were greater in the case of unilateral pedicle screw fixation than in the case
of bilateral pedicle screw fixation. Furthermore, the stress on the connecting rod was smaller in the ELIF +UPS group than in the TLIF +
UPS group, especially under right lateral flexion. With additional contralateral translaminar facet screw fixation, the stress on the
connecting rod was decreased as compared with simple unilateral pedicle screw fixation.
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the inferior facet joint to limit left lateral flexion and right
rotation of the lumbar spine. Additionally, the retention of
posterior capsular ligaments in this joint can also be the ben-
eficial factor to restrict lumbar movement. Last but not least,
pedicle screws in ELIF with unilateral fixation group had
greater extraversion, which was also beneficial to improve
stability. Therefore, ELIF with unilateral fixation gained a
better lumbar stability. However, the stability of the above
ELIF was significantly weaker than that of TLIF with bilateral
pedicle screw fixation. It means that although ELIF with uni-
lateral pedicle screw fixation improved stability compared by
TLIF with unilateral pedicle screw fixation, it still could not
reach the stability achieved by TLIF with bilateral pedicle
screw fixation. Moreover, the stability of ELIF with unilateral
pedicle screw fixation could be improved by additional
contralateral translaminar facet screw fixation. Thus, ELIF
with unilateral pedicle screw fixation supplemented with
translaminar facet screw fixation could meet the stability
requirements for lumbar fusion surgeries [30, 31]. Stress
analysis of the pedicle screws, connecting rods, and inter-
vertebral fusion cages have also been compared between
the ELIF and TLIF finite-element models. The stress on
the connecting rod was smaller in the ELIF +UPS group
than that in the TLIF+UPS group. It is because that part
of L5 superior facet joint in the ELIF +UPS group was
retained so that it can be associated with L4 inferior facet
joint. Further, this joint can partly share the stress on the
connecting rod. Additionally, the retention of posterior
capsular ligaments in this joint can also provide the bene-
ficial factor to share the stress on the connecting rod.
Therefore, the possibility of rod breakage would theoreti-
cally be lower in the ELIF+UPS group than in TLIF+UPS
group. As the stress on fusion cages is concerned, there was
no significant difference between ELIF groups and TLIF
groups. It is because the function of fusion cage was to sup-
port the anterior pillar, and thus the retention of the posterior
pillar structures had little impact on the stress exerted on the
fusion cage. Additionally, ELIF can achieve the direct decom-
pression on nerve root and decrease internal fixation cost
which consists of the majority of the whole cost in china.
Therefore, this new ELIF surgery can potentially be a stable
fusion technique which use a more invasive and economic
internal fixation than classical TLIF with bilateral pedicle
screw fixation.

Although this study has achieved primary success, more
work needs to be done. Firstly, material properties in these
3D models were simplified and idealized. Although these
simplifications were reasonable, it influenced the exact
ROM value. Thus, the results obtained in these analyses
reflect the difference of ROMs among groups instead of the
exact ROM value. Secondly, the soft tissue environment
was different between these models and human lumbar
spines because the whole spinal model including lumbar
spine muscle failed to be established.
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Purpose. With the aim of investigating the spatiotemporal features of early gait pattern and knee kinematics after total knee
arthroplasty and analyzing the association between outcomes of gait analyses and knee kinematic parameters, the
relationship between walking and dynamic knee deformity at the early period after total knee arthroplasty was assessed
in this study. Methods. Eighteen patients including 14 women and 4 men who underwent total knee arthroplasty were
analyzed using three-dimensional gait analysis system to observe gait parameters and values of maximum knee flexion
angle (MKFA) during swing phase and knee flexion angle (KFA) and knee valgus angle (KVA) at midstance phase.
Results. 3D gait analysis showed that operated side exhibited significantly less total support time and single support time
as well as significantly longer swing phase compared with the other side. During walking, the operated side had
significantly smaller MKFA and greater KFA and KVA than the nonoperated side. There was moderate to significant
correlation between gait pattern and the dynamic knee kinematics. Conclusion. The gait abnormality of patients after
TKA was associated with inadequate flexion of knees at swing phase and insufficient extension at stance phase as well
as increased range of valgus.

1. Introduction

Total knee arthroplasty (TKA) is performed to restore knee
functions and relieve pain in some patients with severe oste-
oarthritis (OA). With the development of prosthesis design
and surgical techniques, TKA has become a well-established
treatment for managing end-stage symptomatic knee OA.
However, not all patients following the operation obtain sat-
isfactory outcomes. Studies indicated that only 70–89% of
patients were satisfied with the surgery [1–3], while some
patients suffered from pain, functional limitation, and even
revision and indolent infection [4].

The satisfaction of patients is closely related to knee func-
tion after surgery and affected by a variety of postoperative
complications. The way of improving the gait pattern and
efficacy of patients after surgery is an important issue that

challenges clinical professionals. More and more studies rec-
ommended early follow-up and monitoring of functional
recovery [4, 5]. The way of identifying early specific indica-
tors of some disorders in the future still remains as a problem
for surgeons and other healthcare givers.

Kinematic alignment in TKA pursues better anatomical
alignment of knee prosthesis with the aim of promoting more
physiological motion and concerns with implant survivor-
ship and patellofemoral tracking [6, 7]. However, a recent
study showed that small deviations from the static mechani-
cal axis alignment in TKA did not appear to impact overall
survivorship or complication rates at short-term follow-up
[8]. Moreover, some studies demonstrated that knee kine-
matics during gait in TKA group still differed from those of
healthy control group despite of improved clinical outcomes
and spatiotemporal parameters [9, 10].
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This study used three-dimensional (3D) gait analysis
technology to investigate the kinematic features of knee
undergoing operation and explore the association between
parameters of knee kinematics and spatiotemporal patterns
during walking in the early recovery period after TKA and
search for typical indicators specific to walking function,
hence providing theoretical basis for early knee rehabilitation
intervention after TKA surgery.

2. Materials and Methods

2.1. Subjects. The detailed data of eighteen patients with
TKA, including 14 women and 4 men is provided in
Table 1. There were 10 cases with left affected knee and 8
cases with right affected knee. All 18 patients were confirmed
with primary osteoarthritis according to the diagnostic stan-
dard of osteoarthritis defined by the American College of
Rheumatology. Additional exclusion criteria for patients
were previous surgery or pain in the back or lower extremity,
neurologic diseases, rheumatism, leg length discrepan-
cy> 1 cm, a body mass index above 33 kg/m2, a history of
major trauma or injury to the knee, and/or knee surgery
within 6 months.

The patients were subjected to continuous epidural
anesthesia. The median incision was made on the anterior
area of knee with the selection of medial approach beside
patella. All patients received surface replacement with
prosthesis (Depuy PFC Sigma) fixed by bone cement. None
of the patients received surface replacement of patella. After
surgery, patients were given antibiotics to prevent infection.
Meanwhile, low molecular heparin was subcutaneously
injected into abdominal wall to prevent deep venous
thrombosis in lower limbs.

All patients had their surgeries in the same surgery
department of a hospital, showed good outcome scores, and
were satisfied with the procedure. The patients with passive
knee flexion in the operated knee of ≥90° and a HSS (the
Hospital for Special Surgery, USA) score> 40 were included.

2.2. Gait Analysis. Gait analysis was conducted for each
patient on the 14th day after surgery. The subjects walked
on flat ground at self-selected comfortable pace. As shown
in Figure 1, the motions were captured using Motion Analy-
sis System (Motion Analysis, USA), which had 12 infrared
lenses at high speed including 9 Eagle-4 lenses and 3
Raptor-4 lenses. The ground reaction force of feet was tested
by force platform (model OR6-7, AMTI, USA). The Cortex
and OrthoTrack software (Motion Analysis, USA) were used
for data analysis.

To get familiar with the environment, the patients
entered the laboratory room of gait analysis 20 minutes prior
to test. They were asked to wear swimwear or waistcoat and
shorts to fully expose the locations of markers which were
placed in accordance with the Helen Hayes gait model.

Before testing, the patients could practice a while to
adapt to the environment and know the testing procedures.
They were advised to walk back and forth at the most com-
fortable pace for one-way distance of about 5 meters
between two walkers.

2.3. Data Extraction. The kinematic parameters of knee joint
at sagittal plane and coronary plane were observed using 3D
gait analysis technology. For the sagittal plane, the maximum
knee flexion angle (MKFA) during swing phase and the knee
flexion angle (KFA) at midstance phase were observed.
For the coronary plane, the knee valgus angle (KVA) at
midstance phase was observed.

A typical gait cycle was selected in this study. The MKFA
was selected when the operated lower limb was at swing
phase. As regards the stance phase of the operated lower
limb, the angles of knee flexion and extension, valgus, and
varus were recorded during the midstance phase which was
associated with the period of single support.

2.4. Statistical Analysis. The statistical analysis was per-
formed using SPSS 22.0 statistical software. The mea-
surement data was expressed as mean± standard deviation
(x± s). The analysis of normal distribution was conducted
using K-S test. The analysis of corresponding parameters
between two lower limbs during a typical gait cycle was
conducted using paired t-test. The relationship between
different parameters and gaits was analyzed using the
Pearson correlation analysis. The test level was set at α = 0 05.

3. Results

3.1. Spatiotemporal Parameters. Three-dimensional gait
analysis showed that operated side had significantly less total
support time (P = 0 017) and longer swing phase (P = 0 017)
as well as lower single support time (P = 0 017) compared
with the other side. These results are provided in Table 2.

Table 1: General information of the patients.

Minimum Maximum Mean Standard deviation

Age (years) 48 79 64.50 9.45

Weight (kg) 46 89 68.22 11.13

Height (cm) 150 174 161.61 7.38

BMI (kg/m2) 18.66 29.76 25.99 2.85

HSS 42 77 64.06 8.93

Figure 1: 3D gait analysis technology.
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3.2. Measurements of Knee Kinematic Parameters. During
walking, the operated side had significantly smaller MKFA
yet greater KFA and KVA at midstance phase than the
nonoperated side. These results are provided in Table 3
and Figure 2.

3.3. Correlation between Kinematic Parameters of Knee and
Parameters of Gait Analysis. MKFA of the operated knee
during swing phase was positively correlated with ipsilateral
average cadence (r = 0 636, P = 0 021). KFA of the operated
knee at midstance phase was associated with the single
support time of the same lower limb (r = −0 671, P = 0 038)
negatively and the total support time of the other lower limb
(r = 0 671, P = 0 038) positively. KVA of the operated knee at
midstance phase was negatively associated with step frequen-
cies of the other lower limb (r = −0 486, P = 0 041) and the
painful lower limb (r = −0 597, P = 0 036). The results are
shown in Table 4.

4. Discussion

The gait analysis was conducted in 18 patients on the 14th
day after TKA. The results indicated that when patients
walked at a comfortable speed, the operated lower limb
exhibited significantly less single support time and total sup-
port time than nonoperated side. In addition to gait analysis
parameters, this study also observed the kinematic parame-
ters of the knee during walking, including MKFA at swing
phase and KFA and KVA at midstance phase.

Although TKA surgery improved the static force lines of
knee joint, only 20% of patients after a TKA exhibited a nor-
mal biphasic flexion-extension moment of the knee during
level walking [3]. The limitation of knee flexion and exten-
sion after surgery is an important factor that impacts gait.
Our study observed that inadequate extension of operated
knee at midstance phase was about 14°, which caused shorter

stance phase of operated limb than nonoperated limb
(Table 2) and inadequate forward propulsion of body weight
and further resulted in lower walking efficiency. Recent
studies demonstrated that flexion of operated knee at stance
phase was a core indicator that impacted the quality of gait
[1, 11, 12], and knee flexion range in stance was the most
important variable in discriminating between patients with
TKA and controls [11].The study of Li et al. [13] noted that
this was mostly due to inadequate muscle strength of quadri-
ceps femoris and motor control disorder as well as lower
moment of force during knee extension.

Table 4 shows that inadequate extension of operated
lower limb at midstance phase led to prolonged stance phase
of double support, featured by shorter single support time of
the affected lower limb (r = −0 671) and longer total support
time of the other lower limb (r = 0 671). The shorter stance
phase of single support also caused shorter swing phase of
the other side. Subsequently, inadequate swing phase caused
reduced step length of the other side [14].

In addition to inadequate knee extension, increased val-
gus degree of operated knee at midstance phase was also
observed in the study. There were significant statistical differ-
ences between the valgus of knees at stance phase of both legs
(P < 0 01). The higher knee valgus of the operated knee dur-
ing level walking was probably a compensatory mechanism,
to avoid pain and provide energy for forward propulsion,
and it might be associated with muscle control [15]. Some
researchers noted that it might be associated with the type
of implants. Renaud et al. compared both TKA designs and
showed that Nexgen(TM) implant had significantly more
flexion at the end of swing phase than Triathlon(TM)
implant while at the midstance phase, Nexgen(TM) TKA
exerted significantly more adduction [16]. Some authors
actually found increased knee adduction moment during
stance phase in TKA patients which stand in contrast to the
present study [16, 17].

Table 2: Comparisons of 3D gait parameters between two sides (n = 18).

Operated side Nonoperated side Difference 95% CI P

Step length avg (cm) 41.19± 12.42 39.67± 13.97 −1.570~4.834 0.297

Stride length avg (cm) 81.27± 25.20 81.00± 25.95 −0.726~1.710 0.406

Forward velocity avg (cm/s) 63.55± 25.21 63.62± 25.91 −0.847~1.127 0.768

Cadence avg (steps/min) 90.96± 16.27 91.31± 15.98 −0.951~0.580 0.616

Total support time (%)∗ 65.07± 4.05 69.16± 8.48 −7.694~−0.874 0.017

Swing phase (%)∗ 34.93± 4.05 30.84± 8.478 0.874~7.693 0.017

Initial double support time (%) 16.83± 6.25 17.74± 7.11 −4.882~2.481 0.501

Single support time (%)∗ 30.84± 8.48 34.93± 4.05 −7.694~−0.874 0.017
∗Significant difference between two sides, P < 0 05.

Table 3: Knee kinematic parameters (degree) (n = 18).

Operated side Nonoperated side Difference 95% CI P

MKFA 39.43± 12.11 52.94± 11.05 −20.06~−6.97 0.000

Midstance KFA 14.71± 4.12 5.71± 5.51 5.62~12.37 0.000

Midstance KVA 5.55± 3.84 0.08± 3.58 3.26~7.68 0.000

MKFA: maximum knee flexion angle; midstance KFA: knee flexion angle at midstance; midstance KVA: knee valgus angle at midstance.
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At the stance phase of the operated leg, there was an
extension lag associated with the valgus of the knee, which
caused changes in mechanical relationships between implant
and polyethylene. The abnormal distribution of stress within
implants was directly associated with wear of polyethylene
pad, which might result in abnormal alignment of joint,
implant loosening, pain in soft tissue surrounding the joint,
and even shortening of implant survivorship.

The limitations of the study lay in the fact that during
postoperative 2 weeks, the pain and swelling that affected
the walking of the patients could be eased. Walking involved
flexibility of joint and surrounding soft tissues, as well as
accurate neuromuscular control and precise feedback by
central nervous system [15, 18, 19]. For early patients with
TKA, factors such as swelling of joint, pain, and lack of pro-
prioception could impact the motion control on the knee
joint, which influenced the motor performance of affected
extremities [20–22].

5. Conclusion

There are significant abnormalities in early gait of patients
after TKA. The gait abnormality is associated with inade-
quate flexion of knee at swing phase and insufficient

extension at stance phase as well as increased range of
valgus. However, TKA with early dynamic deviations in
alignment interfered with gait poorly. Further prospective
studies with longer term are needed to determine the pre-
cise indicators and mechanism of these kinematic parame-
ters resulting in polyethylene wear, aseptic loosening, pain,
and other complications.
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The aim of this study was to quantify the contributions of lower extremity joint torques and the mechanical power of lower
extremity muscle groups to further elucidate the loadings on hamstring and the mechanics of its injury. Eight national-level
male sprinters performed maximum-velocity sprint running on a synthetic track. The 3D kinematic data and ground reaction
force (GRF) were collected synchronously. Intersegmental dynamics approach was used to analyze the lower extremity joint
torques and power changes in the lower extremity joint muscle groups. During sprinting, the GRF during the stance phase and
the motion-dependent torques (MDT) during the swing phase had a major effect on the lower extremity movements and muscle
groups. Specifically, during the stance phase, torque produced and work performed by the hip and knee muscles were generally
used to counteract the GRF. During the swing phase, the role of the muscle torque changed to mainly counteract the effect of
MDT to control the movement direction of the lower extremity. Meanwhile, during the initial stance and late swing phases, the
passive torques, namely, the ground reaction torques and MDT produced by the GRF and the inertial movement of the
segments of the lower extremity, applied greater stress to the hamstring muscles.

1. Introduction

Sprint running is a cyclical movement of alternate support
and flight motions and combination of foot-strike and
swing. The human body gains forward momentum by
the strong push-off of the lower extremity during the
stance phase [1, 2]. In terms of motion of each body seg-
ment, lower extremity motion is the key part of the entire
sprint technique. The ability of the lower extremity muscle
groups to perform specific work directly affects running
speed and in turn interacts with the loading conditions
of the muscle itself. This process may lead to muscle
overload (e.g., hamstrings strain) [3, 4].

Several studies have used the inverse dynamics approach
to quantify lower extremity joint torques during sprinting
[5–8]. These findings are beneficial in examining the function
of the lower extremity muscle groups during maximum-

velocity sprint running and further determining muscle load-
ing conditions. Specifically, during the stance phase, the large
ground reaction force (GRF) generates contact torques
simultaneously on lower extremity joints. Meanwhile, greater
motion-dependent torques (MDT; e.g., inertia, Coriolis, and
centrifugal forces) will be generated and acted upon each
segment when lower extremity joints rapidly alternate
between flexion and extension during the swing phase
[9]. Torques generated by these external forces play a vital
role in affecting the function of the lower extremity muscle
groups during sprinting.

Currently, most studies on the different phases in sprint-
ing and different levels of sprinters have focused on the GRF
and lower extremity dynamics [10–14]. Analysis of the
changes in joint muscle torques (MUS) covers several phases,
including the stance phase of the second step after push-
off [15], acceleration phase [6, 16], maximum-velocity
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phase [1, 8], and swing phase of the maximum-velocity [3].
The sprint technique varies greatly in the different phases
and levels of sprinter subjects, resulting in much discrepancy
on the characteristics of lower extremity joint MUS in these
findings. Additionally, muscle power is an important biome-
chanical parameter in human gait analysis [17–19]. This anal-
ysis explains the formation of and control over human body
segmental movements from energy and work generation per-
spectives. The results canbeused to indirectly confirm the type
ofmotion (concentric contraction or eccentric contraction) of
the muscle groups (extensors or flexors) around joints. How-
ever, among these studies, only a few examined the muscle
power of lower limbs [5, 16, 19], and the lower extremity joint
torques and muscle power of a gait during maximum-
velocity sprint running have not been analyzed yet.

On the other hand, hamstring strain injury is one of the
most common injuries during sprinting [20, 21]. However,
the underlying mechanisms of these injuries are still ambigu-
ous, because most studies are based on the clinical muscle
strain assumption [22]. Limited attempts have been made
to measure ground reactions during overground sprinting,
and few studies have used such data to estimate hamstring
kinetics during stance and swing phases [23]. Therefore,
understanding the coordination of muscular torque and the
loading conditions of the hamstring during sprinting is ben-
eficial to further quantify the torque component one by one
during probing joint torques [24]. These parameters could
be determined through an advanced inverse dynamics
perspective, and the hamstring strain risk can be explored
based on the insight mechanical mechanism. In this study,
we adopted the intersegmental dynamics approach to
break down the net joint torque (NET) of a gait during
maximum-velocity sprint running into the MUS, MDT
generated by movement, contact torques (EXF) generated
by ground reaction force (GRF), and gravitational torques
(GRA) [7, 25, 26].

Based on the above consideration, the purpose of this
study was to quantify the contributions of lower extremity
joint torques and the mechanical power of lower extremity
muscle groups to further elucidate the loadings on hamstring
and the mechanics of its injury. We hypothesized that the
EXF and MDT could play an important role in the contribu-
tions of lower extremity joint torques during stance and
swing phases, respectively. The effects of active and passive
joint torque components on the risk of hamstring injury were
also determined.

2. Methods

2.1. Subjects. Eight male national level sprinters (age: 21.1
± 1.9 years, mass: 74.7± 4.1 kg, height: 181.5± 3.9 cm) were
recruited to participate in this study. The best personal per-
formance of the sprinters for 100m ranged from 10.27 s to
10.80 s. These participants had no history of lower extrem-
ity injuries in the six months prior to the study. The study
was approved by the local ethical committee. Each subject
signed informed consent forms after all questions were
answered satisfactorily.

2.2. Data Collection. The athletes performed maximal-effort
sprints on a synthetic track, and three-dimensional (3D)
kinematics data were obtained at a sampling rate of
300Hz from eight Vicon high-resolution cameras (Vicon
Motion Capture, Vicon, England). A total of 57 retrore-
flective markers (14.0mm diameter) comprising the plug-
in gait marker set used in our previous study [27] were
attached to the lower limb to define hip, knee, and ankle
joints. The calibration volume for the kinematics data
collection was 10.0× 2.5× 2.0m3 and centered 40m from
the sprint start line. A recessed Kistler force plate
(60× 90 cm2) (Kistler 9287B, Kistler Corporation, Switzer-
land) located at 40m from the sprint start line was used
to measure the GRF. The force signals were amplified
and recorded in the Vicon system at a sampling rate of
1200Hz. After a 5–10min warm-up, each sprinter wearing
track spikes performed three valid trials with sufficient rest
intervals. The trial in which no markers dropped and
either foot of the subject successfully hit the force plate
was analyzed.

2.3. Data Analysis. Visual 3D (Version 3.390.23, C-Motion
Corporation, USA) was used to calculate the kinematics
and dynamics data. The tracks of the markers were filtered
by Butterworth low-pass digital filter at a cutoff frequency
of 17Hz [28]. The GRF data were low-pass filtered with a
cutoff frequency of 55Hz.

The joint angles and angular velocity of lower extremity
were also computed based on the visual 3D requirement
for a skeletal framework. Meanwhile, the intersegmental
dynamics model was used, in which the algorithm applied
in our previous studies and other former studies was mod-
ified [23, 27]. Briefly, the analysis was conducted by a cus-
tomized program based on intersegmental dynamics model
and by inputting limb kinematics, anthropometric data, and
GRF [27]. The lower extremity, that is, hip, knee, and ankle,
was considered as a generalized linked-segment model. Based
on free body diagrams of the segments, the dynamic formula
of motion was derived by using the Newton-Euler equations
applied to each segment. Torques at each joint can be sepa-
rated into five categories, namely, NET, GRA, MDT, EXF
(termed as ground reaction torques in this study), and
MUS, with the first category being the sum of the rest:

NET =MUS + GRA + EXF +MDT 1

NET is the sum of all the torque components acting at
a joint. MUS is mainly generated by muscle contractions.
GRA results from gravitational forces acting at the center
of mass of each segment. EXF is generated at joints by
the GRF acting on the foot. MDT arises from the mechan-
ical interactions occurring between limb segments and is
the sum of all interaction torques produced by segment
movements, such as angular velocity and angular accelera-
tion of segments.

The muscle power of the lower extremity joint (Pj) was
calculated as follows [16]:

Pj =Mj × ωj, 2
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where Mj is the MUS generated by agonist muscles and
antagonist muscles during joint movement and ωj is the
angular velocity of the joint.

If the values of a joint torque and angular velocity were
positive, the function of such torque was classified as exten-
sion joints (plantar flexion for ankle). By contrast, the func-
tion of torque was categorized as flexion joints (dorsiflexion
for ankle). Positive muscle power indicated that the muscle
torque and joint angular velocity were moving toward the
same direction, and the muscle was doing concentric con-
traction. By contrast, negative muscle power indicated eccen-
tric contraction of the muscle.

2.4. Statistics. Data were expressed as mean± SD. One-way
ANOVA and paired t-tests were used to determine the
differences between joints and extensors/flexors in all joint
kinematics and kinetic variables, respectively (10.0, SPSS
Inc., Chicago, IL, USA). The significance level for all statisti-
cal tests was set at α = 0 05.

3. Results

The mean sprinting speed during data collection for the eight
subjects was 9.7± 0.3m/s. A stride cycle in this study com-
prised two phases, namely, stance and swing phases. The
stance phase was defined as the phase in which the left foot
of an athlete was in contact with the ground (the critical point
was standardized instant of 17.7%± 1.2%) (Figure 1). The
following swing motion of the left leg was defined as the
swing phase. This phase was divided into two periods,
namely, initial and late swing phases, based on the different
timing. The demarcation timing was when the thigh reached
an upright posture on the vertical line of the center of mass
(standardized instant of 55.1%± 2.3%).

Figure 1 and Table 1 show that the peak extension-flexion
angular velocity in the ankle joint was significantly greater
than that in the hip and knee joints. During the stance phase,
the order of occurrence time of the peak values of joint exten-
sion was hip, knee, and ankle joints.

Figure 2 illustrates the torque components acting on
the subjects’ lower extremity segments. In terms of the
intersegmental torque curves of hip, knee, and ankle
joints during the maximum-velocity sprint running, dur-
ing stance phase, the torques affecting the three lower
extremity joints were mainly MUS and EXF (Figure 2,
MUS, EXF, 0%–17%), while in the swing phase, the tor-
ques were primarily MUS and MDT (Figure 2, MUS,
MDT, 17%–100%).

Figure 3 demonstrates that the GRF passed through the
front of three joints which generated the hip flexor, knee
extensor, and dorsiflexion torques.

Figure 4 illustrates that, in a gait of sprinting, the hip,
knee, and ankle joint muscles all performed negative work
with different extents. When these force-generated muscles
performed negative work, the contraction type was eccentric
and showed passive contraction. During the stance phase, the
positive power of the ankle showed greater value compared
with the power of the knee and hip joints.

Table 2 shows that the peak powers of the hip extensors,
knee flexors, and ankle plantarflexors were all significantly
greater than those of the hip flexors, knee extensors, and
ankle dorsiflexors. Moreover, the peak power of the hip
extensors was significantly greater during their performance
of positive work than negative work. By contrast, the peak
powers of the ankle plantarflexors and knee flexors were
significantly greater during their performance of negative
work than positive work.

4. Discussion

4.1. Stance Phase. Analysis of all lower extremity joint tor-
ques during the stance phase showed that the EXF, which
was the ground reaction torque, acting on the hip joint was
primarily manifested as hip flexor torque. The hip joint
muscle torque was mainly manifested as hip extensor tor-
que. Similarly, the torque generated by the EXF acting on
the knee and ankle joints was the knee extensor and dor-
siflexion torques. The MUS were mainly manifested as the
knee flexor and plantar flexion torques. Thus, the ham-
string muscles were under considerable demand, because
they served both for knee flexors and hip extensors.
Apparently, these muscles were vulnerable to strain during
the stance phase of sprinting.

The hip joint continued to perform extension during the
entire stance phase (Figure 1, hip). The GRF passed through
in the front of the hip joint (Figure 3) during the initial
ground contact and generated the EXF that caused the hip
flexion (Figure 2, hip, EXF). Meanwhile, the hip extensors
performed positive work and generated hip extensor torque
(Figure 2, hip, MUS) with peak power as high as 1106
± 231W (Figure 4, hip). During this earlier stage, the peak
hamstring force across the hip joint can be reasonably esti-
mated based on the MUS values at the hip. Additionally,
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Figure 1: Changes in the lower extremity joint angles and angular
velocity (rad/s) in a gait cycle. Values on the x-axis represent
percentages of total gait time.
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the hip extensor torque was more than the torque generated
by the hip extensor group during the late swing and initial
stance phases, but was also a torque buffering the EXF to
make the hip joint continue to extend while preventing it
from hyperflexion.

Along with the GRF passing through the back of hip
joint, the hip extensor torque was produced when the
hip flexors performed negative work and a peak muscle
power appeared briefly. From this instant until the mid-
stance phase, the hip extensors performed positive work,
and muscle power was maintained at a greater level with
peak power as high as 2658± 937W during the mid-
stance phase. The knee extensor torque performed positive
work (Figure 4, knee) during the mid- and late stance
phases (Figure 2, knee, MUS) to resist the knee flexor tor-
que generated by the GRF to rapidly extend the knee joint
with peak power of 981± 172W.

A complex phenomenon occurred during the knee flex-
ion period during the initial stance phase when the knee
extensor twice reached its peak values that would have been
observed while negative work was performed. This phenom-
enon would induce great loads to act on the hamstrings along
with the loads generated by hip extensors as mentioned
above. Meanwhile, the hamstrings also encountered the knee
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Figure 2: Torques of hip and knee joints in a gait cycle. Values on
the x-axis represent percentages of total gait time. NET: NET joint
torque; MUS: muscle torque; GRA: gravitational torque; EXF:
contact torque; MDT: motion-dependent torque.

Table 1: Comparison of peak joint extension-flexion angular velocity (vPA) between three joints during a gait circle.

Hip joint Knee joint Ankle joint
Extension Flexion Extension Flexion Plantarflexion Dorsiflexion

vPA (rad/s) 9.32± 1.15∗ 9.95± 1.02† 11.64± 1.11∗ 9.57± 0.95† 16.20± 1.97 11.51± 0.96
∗ ,†Significantly different from ankle plantarflexion and dorsiflexion, respectively.
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Figure 3: Force diagram of human body’s initial contact with the
ground during maximum-velocity sprint running. Texf: the torque
generated at joints by the GRF acting on the foot; Tmus: the torque
generated by muscle contractions.
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Figure 4: Muscle powers of the hip, knee, and ankle joints in a
gait cycle.
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extensors to generate a large flexor torque (Figure 2, hip and
knee, MUS), which further indicates a high strain injury risk
exists with loadings induced by both active hip extension and
knee flexion during the initial stance phase (Figure 3).

During the push-off, the MUS (knee extensor torque)
and power values decreased rapidly and were maintained at
low level (Figure 2, knee, MUS). The muscle power of the
knee joint was also lower than that of the other joints,
because of its lower angular velocity during the stance phase.
The angular velocity of the knee joint was lower than that of
the other joints as shown by the curves of joint angular
velocity and muscle power during the entire stance phase.
Therefore, the power value of knee joint muscle groups
was lower during the entire stance phase and considerably
lower than that of the hip and ankle joint muscle groups.
This result coincides with the findings of Bezodis et al.
[5]. We believed that the major function of knee joint was
to maintain the height of the human body’s center of mass
and to deliver energy from the hip joint to the ankle joint.
Although Johnson also drew a similar conclusion [16], the
findings were relatively different. Johnson showed that the
muscle power of the knee joint was quite low during the
initial stance phase and reached greater power in the mid-
stance phase with a peak of 1544± 512W. However, muscle
power continued to decline until the foot was off the
ground. The discrepancies in the findings might be due to
the distinct focus and the acceleration phase of the sprint
in Johnson’s study.

For the ankle joint torque, the major torque acting on
ankle joint was the EXF and MUS, which existed primarily
during the stance phase (Figure 2, ankle). As the GRF passed
in front of the ankle joint throughout, the contact torque was
dorsiflexion torque all along (Figure 2, ankle, EXF). More-
over, the ankle joint muscle group appeared merely as plantar
flexion torque during the stance phase to resist the contact
torque that made the ankle dorsiflexion. During the initial
stance phase, the plantar flexors performed negative work
to absorb the GRF and generated the energy for the plan-
tar flexion of ankle with peak power of 4930± 933W.
When entering the mid-stance phase, the plantar flexors
were transformed from eccentric contraction (doing nega-
tive work) into concentric contraction (doing positive
work) and pushed the body into the swing phase. During
this process, the ankle plantar flexors were experiencing
the stretch-shortening cycle and stored great amount of
elastic energy prior to shortening, which was advantageous
in the driving force supply and power output during the
strike-stretch phase [29].

During the stance phase, the major torques acting on
lower extremity joint torques were the MUS and EXF. The
function of the lower extremity muscle groups was mainly

to resist the contact torques generated by the GRF around
the joints and to output positive work for power supply to
maintain the velocity during the maximum-velocity phase
[29]. However, the loads on the hamstring muscles were con-
siderable, because they served both roles of the knee flexors
and the hip extensors to counteract this effect of GRF. Fur-
thermore, the anatomical structure of skeletal muscle linking
the single joint to double-jointed joints of the lower limbs
was advantageous in transmitting muscle power from the
big joints to small joints (from proximal ends to distal ends).
When viewing the peak angular velocity and peak muscle
power of each joint during the stance phase sprinting, the
peak angular velocity and peak extensor positive power
appeared in turn from the proximal to distal joints. Mean-
while, during the stance phase, the peak angular velocity
and peak muscle power of the ankle were significantly greater
than those of the other joints. This result demonstrates that
the elite athletes well delivered the hip joint muscle energy
to the ankle joint to increase the capability of the ankle joint
acting to the ground and better maintain velocity.

4.2. Swing Phase. During the swing phase, the primary hip
joint MUS were in sequence as the hip flexor and hip exten-
sor torques, while the dominant knee joint MUS manifested
in sequence as the knee extensor and flexor torques. In terms
of the sprint swing skills with the hip joint center served as an
axis, the key of the swing velocity was the rapid flexion of
the knee after toe-off as well as the COM acceleration and
angular acceleration of the swing leg. Previous studies
demonstrated that the muscle groups affecting the folding
angle of the thigh and shank (the knee flexion) were the
joint muscles, such as the biceps femoris long head, semi-
tendinosus muscle, and semimembranosus, which were
responsible for the dual duties of hip extension and knee
flexion. When folding started in the initial swing phase,
the hip joint was still at an extended status such that these
joint muscles were kept at a greater level of activation,
resulting in an active insufficiency of knee flexion [1].
Through quantifying the MUS and MDT, the knee flexor
torque (Figure 2, knee, MDT) was found to be the major
MDT acting on the knee joint during the initial swing
phase. The MDTs, not the knee flexors (hamstrings),
mainly contributed energy to make the shank fold. The
primary MUS was the muscle extensor torque that per-
formed negative work (Figure 4, knee) to control the
movements and decelerate the knee flexion motion.

The MUS was manifested as the hip extensor torque
which tensed the hamstring almost throughout the entire
late swing phase to resist the MDT of the hip flexion
(Figure 2, Hip, MDT), decelerate the hip joint flexion, and
enter the next step of rapid pressing (hip extension) of the

Table 2: Comparison of peak muscle power in the lower extremity muscle groups during a gait circle.

Hip joint muscle Knee joint muscle Ankle joint muscle
Extensors Flexors Extensors Flexors Plantarflexors Dorsiflexors

Peak positive power (W) 3996± 1120∗† 1735± 339 627± 113∗ 1010± 208† 3954± 673∗† 135± 49
Peak negative power (W) −1606± 781∗ −630± 108 −655± 126∗ −1402± 372 −4930± 933∗ −96± 25
∗Significantly different from the flexors of identical joint; †significantly different from the peak negative power of identical joint muscle (the absolute value).
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swing leg (Figure 2, hip, MUS). The hip extensors are shown
in Figure 4 (hip) as a sequence of the antagonist (eccentric
contraction) and agonist (concentric contraction) that per-
formed negative and positive works, respectively, for the
hip movements. The hip extensors, mainly for hamstring
muscles, during the late swing phase showed peak positive
and negative powers at 3996± 1120 and −1606± 781W,
respectively. Meanwhile, the knee flexors, including ham-
string muscles, mainly manifested as muscle flexor tor-
ques in resisting the MDT by knee extension, and these
muscles were performing negative work at this moment
to decelerate the knee extension movement and transit
to the stance phase. At this point, the knee joint muscle
groups reached their peak power at −2104± 572W.
Therefore, the late swing phase of a sprint gait appeared
to be the risk period when a hamstring strain would eas-
ily occur. These findings were in accordance with the
previous studies of Thelen et al. [25], Chumanov et al.
[30], and Yu et al. [31].

The major joint torques acting on the lower extremity
joints during the swing phase were mainly the MUS and
MDT. The inertial torque was the key factor in affecting
the MUS, which was a major driving force for the move-
ments of the thigh and shank. Under many circum-
stances, the MUS performed negative work to control
movements. The effects of the ankle joint torques and
muscle power on the lower extremity movements are
quite limited because they are remarkably low during
the swing phase.

5. Conclusion

The external and motion-dependent forces (e.g., inertial
forces, Coriolis force, and concentric force) that acted on
each segment of the human body had vital effects on the
function of joint muscle groups during sprinting. During
the stance phase, torque produced and work performed by
the hip and knee muscles were generally used to counteract
GRF. During the swing phase, the role of MUS changed to
mainly counteract the effect of MDT to control the move-
ment direction of the lower extremity. Meanwhile, during
the initial stance and late swing phases, the passive torques,
that is, EXF and MDT produced by GRF and the inertial
movement of the segments of the lower extremity, applied
greater stress to the hamstring muscles, which put these mus-
cles at a higher risk of strains.
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The purpose of the study was to determine the effects of fatigue on the impact forces and sagittal plane kinematics of the lower
extremities in a drop landing task. 15 male collegiate athletes were recruited. Five successful trials of a drop landing task were
obtained during prefatigue and postfatigue in two fatigue protocols (constant speed running fatigue protocol [R-FP] and shuttle
running + vertical jumping fatigue protocol [SV-FP]). Duration time, maximal heart rate, and RPE of each protocol were
measured separately. Kinematic measures of the hip, knee, and ankle joints at different times coupled with peak impact force
and loading rate were acquired. Our results showed a more flexed landing posture due to an increase in hip and knee flexion
angles in the postfatigue condition. However, no differences in peak impact force and loading rate were found between pre- and
postfatigue conditions. The changes were similar between protocols, but the SV-FP showed a significantly shorter exercise
duration time than the R-FP. Fatigued athletes in this study demonstrated altered motor control strategies during a drop
landing task, which may be an intentional or unintentional protective strategy for preventing themselves from potential ACL injury.

1. Introduction

Exercise is vital for maintaining health and wellness [1–3].
Nevertheless, physical activity may also cause sport-related
injuries, which may be responsible for reduced athletic per-
formance and even lead to sport cessation for long periods
[4]. About 200 thousands of anterior cruciate ligament
(ACL) injuries occur in the US every year [5]. Meanwhile,
the lower extremities pose greater potential risk than the
upper extremities [4].

Landing is a common maneuver in sports activities, espe-
cially for sport events based on running and jumping, which
can reflect the control ability of the neuromuscular system
[6]. The human body needs to reduce the possible adverse
effects of impact during landing, which can reach up to 10
times the body weight, by adjusting landing posture [7].
One can adjust his/her landing posture to reduce the impact
force upon ground contact [8]. An average of 5.2°, 5.8°, and
3.3° greater joint flexion has been found in the hip, knee,

and ankle, respectively, at the touchdown phase of drop land-
ing (DL) [9]. However, with prolonged exercise, the human
body will produce a temporary reduction in the ability of
exercise called sport fatigue, which is an extrinsic factor
affecting the neuromusculoskeletal system [10]. These
changes are believed to increase the incidence of sport inju-
ries represented by ACL injury [11].

Previous studies have suggested that the excitability of
the central nervous system gradually decreases with the
development of fatigue, resulting in loss of proprioception
[12], delay of the musculoskeletal response [11], change in
biomechanical characteristics, and negative effects on motor
control [13]. Borowski et al. and Podraza and White found
that landing in a fatigued condition results in high impact
forces (stiff landing), as well as force transmission, which
are the main causes of sports injuries [14, 15]. However, pre-
vious studies on the effects of fatigue during landing activities
have demonstrated different responses in ground reaction
force (GRF) characteristics [16–19]. Smith et al. and Kellis
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and Kouveliod found a decrease in peak GRF under fatigued
conditions during DL [16, 17], but no differences were
observed in peak GRF between nonfatigued and fatigued
conditions during the same landing task [18, 19]. The causes
of these different responses are multifactorial. One explana-
tion is the difference in fatigue protocols applied in the stud-
ies. Current research has mainly focused on either short- or
long-term fatigue protocols [20]. The former includes con-
tinuous vertical jumps and/or followed by short-distance
sprints [10], ~50% 1 RM pedal exercise of the lower limbs
[21], and single-leg squats [22], whereas the latter mainly
induces fatigue through long-term treadmill running or
cycling [20, 22]. Although former studies have shown that
the fatigue-induced protocol can affect the landing strategy
of the lower extremities, a unified conclusion on the biome-
chanical alterations caused by the inconsistency of fatigue
protocols is rare [20–22].

Collectively, the abovementioned studies investigated the
effects of fatigue on the landing strategy of the lower extrem-
ity, including kinematics, GRFs, and other biomechanical
variables. However, a large inconsistency in the results of
kinematics and impact characteristics under a fatigued con-
dition makes it difficult to extract how fatigue contributes
to these biomechanical characteristics. Therefore, more stud-
ies should be implemented to further explore the biomechan-
ical differences between different fatigue protocols and seek a
better fatigue protocol for specific use.

Based on the above consideration, the purpose of this
paper is to determine the effects of fatigue on the impact
forces and sagittal plane kinematics of the lower extremities
of recreational athletes in a DL task. In addition, the biome-
chanical differences between two fatigue protocols (constant
speed running fatigue protocol [R-FP] and shuttle running +
vertical jumping fatigue protocol [SV-FP]) were determined
by measuring various kinematic and GRF variables to further
provide a preliminary reference for the selection of fatigue
protocols in laboratory tests. We hypothesized that fatigue
would negatively affect the landing biomechanics of the
lower extremities. Specifically, participants would have
smaller joint flexion angles and range of motion (RoM) in
the hip, knee, and ankle joints and a greater peak impact
force/loading rate (LR) under a nonfatigued condition com-
pared with a fatigued condition during landing. Furthermore,
the abovementioned changes would differ between the two
fatigue protocols.

2. Methods

2.1. Participants. Fifteen trained male volunteers with an
average of 4.2 years of experience in jumping events (age:
20.9± 0.8 years; height: 175.5± 4.2 cm; mass: 68.9± 5.5 kg)
were recruited in this study. All participants had no known
musculoskeletal injuries of the lower extremities in the previ-
ous 6 months and did not engage in strenuous exercises
within 24 h prior to the study. The sample size of 15 was
determined through a G-power statistical calculation with a
power level of 80% and an α level of 0.05 [20]. All partici-
pants signed an informed consent form, and the study
followed the guidelines of the Declaration of Helsinki and

was approved by the Institutional Review Board of Shanghai
University of Sport.

2.2. Experiment Procedure. Participants wore a spandex outfit
and traditional shoes without a cushioning insole (WD-2A,
Warrior, Shanghai, China). For warm-up, 5min of jogging
on the treadmill at 2.5m/s followed by 3min of static stretch-
ing exercise was required for each participant. After the
bipedal DL task was demonstrated and explained, the partic-
ipants were given practice time to become familiar with the
DL task before the formal experiment. During each trial,
the participants were asked to perform a bilateral DL from
a 60 cm platform [23, 24] as naturally as possible with a
toe-heel touchdown and then recover to an upright position
(Figure 1). A successful trial was recognized when the partic-
ipants’ landing was completely on both force plates with each
foot separately without losing their balance. A 1min resting
interval was allowed between trials to minimize fatigue dur-
ing prefatigue assessment. After completing five successful
DL trials, the participants were required to conduct either
of the two fatigue protocols. The order of the protocols was
randomized using a random number allocation table. Two
fatigue protocols were counterbalanced with a 1-week break,
which was applied to ensure that fatigue was eliminated and
each protocol’s effect would not affect each other.

2.3. Fatigue Protocol

2.3.1. Constant Speed Running Fatigue Protocol (R-FP). The
participants were required to run on the treadmill at 4m/s
until they reached a state of volitional fatigue and could not
continue running [20, 25]. The treadmill was then slowed
down to walking speed for 1min before the postfatigue DL
task was implemented. The participants were considered to
have reached a fatigued state [20] and the intervention was
terminated when the following two criteria were met: (1)
the heart rate (HR) of the participant reached 90% of his
age-calculated maximum at least and (2) the participant
could not continue running.

2.3.2. Shuttle Running + Vertical Jumping Fatigue Protocol
(SV-FP). The maximal vertical jump height of each partici-
pant was measured before conducting the SV-FP. The SV-
FP involved combinations of five consecutive vertical jumps
within a height above 70% of their maximal vertical jump
height followed by a set of shuttle sprints (6× 10m) with
their maximal effort [26]. The participants were required to
repeat the above procedure until the maximal height within
five consecutive vertical jumps was below 70% of their max-
imal vertical jump height.

2.4. Data Collection. Sagittal kinematic data of the dominant
leg (defined as preferred kicking leg) [27] were collected at a
sampling rate of 240Hz using a 16-camera infrared three-
dimensional (3D) motion capture system (Vicon T40,
Oxford Metrics, UK). A total of 36 retroreflective markers
(14.0mm diameter) comprising the plug-in gait marker set
were attached to the lower limb to define the hip, knee, and
ankle joints (Figure 1). GRF data were captured at a sampling
rate of 1200Hz using two 90× 60 cm force plates (9287B,
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Kistler Corporation, Switzerland) flushed with the surround-
ing floor. The force and 3D kinematic data were collected and
synchronized using the Vicon system. The maximum vertical
jump height of each participant was acquired via the Quattro
Jump force plate (9290BD, Kistler Corporation, Switzerland).
It was also employed to monitor the vertical jump height
when the SV-FP was implemented. HR was monitored by a
HR transmitter belt monitor (SS020674000, Suunto Oy, Fin-
land) attached to the participants’ chest during the entire
procedure of inducing fatigue, and the maximal HR was
recorded. The Borg 15-category rating of perceived exertion
(RPE) scale, which served as an auxiliary indicator, was used
to evaluate the exertion degree immediately after each fatigue
protocol was completed.

2.5. Data Reduction

2.5.1. Impact Forces. A representative vertical GRF
(vGRF)—time curve during the landing phase of DL from a
60 cm height—is presented in Figure 2. The impact phase
in this study was defined as the time interval from initial
foot contact to the maximum of the vGRF. The main var-
iables of interest during the impact phase included (1) the
peak vGRF normalized to body mass (FZmax), (2) the time
from contact to FZmax (tF), (3) the peak LR normalized to
body mass (GZmax; determined by the maximum slope of
adjacent points of vGRF, which was calculated using the
following equation: G = lim

Δt→0
ΔF/Δt), and (4) the time

from contact to GZmax (tG).

2.5.2. Sagittal Plane Kinematics. The 3D coordinates of the
reflective markers of the dominant leg were filtered through
a Butterworth fourth-order, zero-lag, low-pass filter at a
cut-off frequency of 7Hz via Visual 3D software (4.00.20,

C-Motion Inc., USA) [28]. The dominant leg was defined
as the preferred leg when kicking a soccer ball [20]. The land-
ing phase in this study was defined as the time interval from
initial foot contact to maximum knee flexion. The main sag-
ittal kinematic variables of the hip, knee, and ankle joints
during the landing phase included (1) the initial contact
angle (θ0), (2) the minimal joint angle (θmin) and the occur-
rence time of θmin (tθmin), (3) the maximal joint angular
velocity (ωmax), and (4) joint RoM. The definition of the sag-
ittal plane angle of the hip (θh), knee (θk), and ankle (θa)
joints is presented in Figure 3. The RoM of the hip (Δθh),
knee (Δθk), and ankle joints (Δθa) were determined by calcu-
lating the difference between the maximum and minimum
angles of these three joints separately during the landing
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Figure 1: Set of reflective markers used in the study (a) and the experimental setup: a landing from a 60 cm platform (b).
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Figure 2: Schematic diagram of peak vGRF normalized to body
mass (FZmax) and peak loading rate normalized to body mass
(Gmax) during landing.

3Journal of Healthcare Engineering



phase. The data of 5 successful trials were averaged to
minimize errors.

2.6. Statistics. A 2× 2 (fatigue × protocol) repeated measures
ANOVA was performed to examine the effect of fatigue and
fatigue-induced protocols on impact forces and sagittal plane
kinematics. Tukey post hoc tests were performed when a
significant interaction effect was observed. Paired t-tests were
used to compare paired changes in the intervention time,
maximal HR, and RPE of using two different fatigue proto-
cols (21.0, SPSS Inc., Chicago, IL, USA). The significance
level was set at α = 0 05.

3. Results

3.1. Fatigue-Induced Intervention Effects. For the intervention
effects, no significant differences were observed in maximal
HR and RPE between R-FP and SV-FP conditions. However,
the SV-FP showed a significantly shorter exercise duration
time than the R-FP (Table 1).

3.2. Impact Forces. No significant interaction was observed
for both FZmax and tF and GZmax and tG between fatigue con-
ditions and fatigue protocols. The ANOVA results showed
no main effects of a fatigue condition or fatigue protocols
for all impact variables during the landing phase (Table 2).

3.3. Sagittal Plane Kinematics. No significant interaction was
found in sagittal plane kinematics except the RoM of the knee
joint (p = 0 048). However, a significant effect was associated

with fatigue for the hip and knee joints in both R-FP and SV-
FP. Specifically, for the joint angle, the θmin values for both
the hip (p = 0 001) and knee joints (p = 0 001) generally
decreased, whereas tθmin of these two joints (p = 0 003 for
hip and p = 0 002 for knee, resp.) increased under a fatigued
condition for both R-FP and SV-FP during the landing phase
(Table 3 and Figure 4).

In addition, the RoM of the hip (p < 0 001) and knee
(p < 0 001) joints within a fatigued condition increased
compared with that in a nonfatigued condition for both
fatigue protocols. For the joint angular velocity, ωmax for
the hip joint within a fatigued condition for the two fatigue
protocols showed a significant increase (p = 0 010, Figure 5).
Besides, no significant differences in ankle joint kinematics
were found for both the fatigue conditions and protocols.

4. Discussion

We evaluated the effects of fatigue on lower extremity biome-
chanics during a DL task in male recreational athletes. We
hypothesized that fatigue would negatively affect the landing
biomechanics of the lower extremities (e.g., alterations in the
hip, knee, and ankle sagittal kinematics) and induce a greater
impact force and LR. One of the main results showed a
decrease in θmin of the hip and knee joints with an increase
in the RoM of these joints under a fatigue condition induced
by the two protocols. In other words, hip and knee flexion
increased under a fatigue condition. Meanwhile, the occur-
rence time of θmin of both the hip and knee joints also signif-
icantly increased. However, no significant differences were
found in impact forces (i.e., peak vertical GRF and peak
LR) during landings between nonfatigued and fatigued con-
ditions, which did not support our hypothesis. Furthermore,
we evaluated the effects of two fatigue protocols (R-FP and
SV-FP) on the biomechanics of the lower extremities. We
hypothesized that the aforementioned changes between the
two fatigue protocols under a fatigued condition would differ.
Although no differences were found between the R-FP and
SV-FP for the effect of fatigue on these biomechanical char-
acteristics during landing, we found that the time duration
of the SV-FP was significantly less than that of the R-FP,
and the maximal HR/min and RPE for these two protocols
were similar. Collectively, the participants showed a more
flexed landing posture but not GRF after fatigue, and no
differences were presented between the protocols other than
time duration of the intervention.

The GRF and LR are commonly used parameters of the
external load applied to the musculoskeletal system in bio-
mechanical studies [29]. The LR, acting as a derivative of
GRF, can evaluate how fast the GRF rises to its impact peak
[30]. From a biomechanical perspective, prolonged exercise
can lead to muscle fatigue, which will reduce the ability of
posture control to affect collisions at the touchdown phase
with the ground [11]. ACL injury during the landing process
is usually caused by the lack of proper management of a col-
lision because of neuromuscular fatigue [8]. However, our
results showed no significant differences in both the peak
GRF and peak LR between the pre- and postfatigue condi-
tions during DL. These results support the findings of James

𝜃h

𝜃k

𝜃a

Figure 3: Schematic for the definition of hip, knee, and ankle joint
angles in the sagittal plane during landing of the subject.

Table 1: Comparison of intervention effects for constant speed
running fatigue protocol (R-FP) and shuttle running + vertical
jumping fatigue protocol (SV-FP).

Variables R-FP SV-FP

Duration time/s 1126.5± 344.6 257.8± 59.3∗
Maximal HR/min 189.4± 6.9 184.7± 6.3
RPE 16.3± 1.3 16.7± 1.4
∗Significantly different from R-FP with p < 0 05.
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et al. who reported no significant changes in the peak vertical
GRF and average LR to the peak force after fatigue during a
step-off landing task using an isometric squatting fatigue
protocol with maximal effort; thus, no significant changes
were observed in the GRF variables with fatigue [19]. One
of the plausible explanations from the above study is the
body’s changing ability in managing the collision with
ground with the development of muscle fatigue but not in
an exhausted condition. To be consistent with the landing
mode under a prefatigue condition, appropriate control of
the landing posture is required as a protective behavior in
terms of maintaining the impact force and LR [30]. However,
James et al. also found a greater peak GRF/LR during a DL
task using the fatigue protocol of stretch shortening cycle
exercise [18]. Therefore, whether the characteristics of the
GRF/LR would change with the development of fatigue still
needs further investigation.

The characteristics of the GRF/LR may be related to
variations between the fatigue protocols. In Kellis and
Kouveliod’s study, the changes in the peak impact force were
different between the two fatigue protocols under a postfati-
gue condition, suggesting that landing performance is related
to fatigue from a specific muscle group (agonist versus antag-
onist) [17]. However, in other studies [19, 31], no differences

were found in a peak LR between the two protocols under a
postfatigue condition during the DL task, and this observa-
tion was similar to the results of the current study. In general,
for an anticipated movement, such as DL, a predesigned neu-
romuscular regulation strategy may be provided with the
central nervous system of the body to cope with the landing
shock by adjusting muscle activities. To what extent the ver-
tical GRF/LR changes are influenced by the applied fatigue
protocols remains unclear.

Fatigue has been shown to alter hip and knee kinematics
of the sagittal plane [9, 10, 32, 33]. However, there is no con-
sensus on the flexion angle of the knee joint after fatigue. Spe-
cifically, Chappell et al. found both male and female subjects
significantly decreased knee flexion angles during landings
when fatigued [10]. Conversely, an increase in the knee flex-
ion angle was found by Kernozek et al. [32] and Coventry [9]
in the same landing task. In Coventry et al.’s study, hip and
knee flexion increased at touchdown under a postfatigue
condition. This change was thought to be a compensatory
response that might better suit to absorb the mechanical
energy of the impact and thus play a positive role in reducing
ACL injury to a certain extent [9]. Kernozek et al. also found
that male subjects effectively reduced the magnitude of the
anterior knee shear force by the means of a greater peak knee

Table 2: Comparison of the peak vGRF (FZmax), the peak loading rate (Gmax), and the occurrence times of FZmax and Gmax during landings
between pre- and postfatigue test within different fatigue-induced protocols (R-FP and SV-FP).

Variables
R-FP SV-FP

Prefatigue Postfatigue Prefatigue Postfatigue

FZmax/BW 5.8± 0.9 5.8± 1.0 6.0± 0.8 5.9± 0.9
tF/ms 29.0± 9.4 26.3± 11.0 24.4± 11.5 25.5± 10.2
Gmax/(BW/s) 1037.6± 225.7 1053.7± 209.0 1086.4± 253.4 1076.7± 200.1
tG/ms 25.8± 9.6 23.2± 11.0 21.4± 11.7 22.6± 10.4

Table 3: Comparison of the joint angle and angular velocity of lower extremities in the sagittal plane during landings between pre- and
postfatigue conditions within different fatigue-induced protocols (R-FP and SV-FP; ∗p < 0 05).

Joints Variables
R-FP SV-FP

Prefatigue Postfatigue Prefatigue Postfatigue

Hip

θmin/(
°) 93.9± 26.0 85.0± 28.0∗ 87.8± 20.5 80.4± 21.5∗

tθmin/ms 221.1± 75.2 246.0± 73.4∗ 228.1± 57.6 251.3± 58.6∗
θ0/(

°) 142.4± 10.2 138.7± 11.9 139.2± 10.7 139.0± 10.0
Δθ/(°) 48.5± 17.9 53.7± 17.5∗ 50.4± 14.2 58.6± 15.8∗

ωmax/(
°/s) 449.2± 95.1 469.6± 74.1∗ 468.7± 79.4 490.0± 77.1∗

Knee

θmin/(
°) 85.6± 19.8 80.4± 22.0∗ 83.3± 16.9 75.5± 17.6∗

tθmin/ms 226.4± 74.0 253.9± 67.7∗ 231.6± 60.6 253.8± 58.4∗
θ0/(

°) 159.4± 7.7 158.1± 8.0 156.8± 6.6 159.2± 6.8
Δθ/(°) 73.8± 14.9 78.9± 15.9∗ 73.6± 13.4 83.7± 13.5∗

ωmax/(
°/s) 769.4± 72.6 750.2± 75.1 767.1± 63.7 809.1± 56.5

Ankle

θmin/(
°) 79.1± 4.4 80.6± 4.5 82.1± 4.6 81.1± 5.5

tθmin/ms 212.8± 72.1 242.2± 62.0 218.9± 51.1 226.9± 52.5
θ0/(

°) 123.3± 10.2 120.8± 10.2 119.9± 10.8 121.5± 9.6
Δθ/(°) 44.2± 9.0 40.2± 9.5 37.9± 9.8 40.4± 9.6

ωmax/(
°/s) 596.9± 165.7 515.8± 197.0 503.9± 205.8 530.1± 181.1
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flexion angles postfatigue during a DL task, which partially
supports our findings [32]. Apart from the above two results,
the participants had approximately the same hip and knee
flexion angle at initial contact during a single-leg DL task
following a hip abductor fatigue protocol in Patrek et al.’s
study [33], which indicated that the role of hip abductor
activation in protecting the knee during landing needed to be
further justified. In addition, fatigue level was divided into five
grades, namely, prefatigue, 25% fatigue, 50% fatigue, 75%
fatigue, and 100% fatigue, in Mclean and Samorezov’s
study [22]. Although they found a decrease in the knee
flexion angle at the initial contact phase as fatigue levels
progressed from prefatigue to 100% fatigue in a single-
leg landing task, no significant differences were observed
among 50%, 75%, and 100% fatigue levels [22]. The above
results indicated that participants may use a protective
strategy under a fatigued condition by adjusting kinematic
characteristics in a favorable pattern, which can better
absorb the impact force during DL.

Our results suggested that changes in the sagittal plane
kinematics of the lower extremities between prefatigue and
postfatigue during the DL task were observed regardless of
the fatigue protocol used. One possible reason for the similar-
ities between the R-FP and SV-FP may relate to a partici-
pant’s athletic ability and conditioning level [20]. The
participants in our study were trained recreational athletes
who were accustomed to various conditioning trainings,
including short-term multidirectional movements and
long-duration single-directional movements such as running
or cycling. Moreover, maximal HR and RPE were used as
indicators of reflecting exercise intensity in R-FP and SV-
FP during the entire experimental procedure. Notably, the
differences between the two protocols were only found in
the time duration but not in the intensity of both interven-
tions, indicating that fatigue-related kinematic modifications
may occur in a few minutes.

Previous studies suggested that ACL loading decreased
when knee flexion angles increased [34, 35]. In the current
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study, an increased hip/knee flexion angle in the postfati-
gue condition was found, which obviously opposed to
the stiff landing (a small knee flexion angle) with poten-
tially induced ACL injury [36]. This partially suggested
that human beings may use a protective motor control
strategy of the lower extremities when performing the
DL task under a fatigued condition. We thus assumed that
these neuromuscular changes dominated by the central/
peripheral nervous system may be helpful in decreasing
the risk for ACL injuries through altering kinematics con-
sciously or even unconsciously. However, more evidence is
needed to confirm this.

5. Conclusion

Fatigue induced an increase in hip and knee flexion, resulting
in a more flexed landing posture during a drop landing task
using two different fatigue protocols. However, no differ-
ences in peak impact force and loading rate were found
between pre- and postfatigue conditions. Although the inter-
vention effect on these two fatigue protocols was similar in
DL performance, the SV-FP presented a shorter intervention
time than the R-FP. Nevertheless, either of the two fatigue
protocols can be used as a reference for the selection of
fatigue protocols in laboratory tests. Furthermore, landing
in a more extended position was thought to increase ACL
injury risk. To a certain extent, the altered biomechanical
characteristics or landing strategies of the lower extremities
may prevent detrimental effects under a fatigued condition.
However, whether it is an intentional or unintentional means
of protection from potential ACL injury still needs further
consideration. Further studies are necessary to establish the
relationship between motor control strategies of the lower
extremities and the risk for ACL injuries.
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COMSOL finite element software was used to establish a solid-liquid coupling biphasic model of articular cartilage and a
microscopic model of chondrocytes, using modeling to take into account the shape and number of chondrocytes in cartilage
lacuna in each layer. The effects of cyclic loading at different frequencies on the micromechanical environment of chondrocytes
in different regions of the cartilage were studied. The results showed that low frequency loading can cause stress concentration
of superficial chondrocytes. Moreover, along with increased frequency, the maximum value of stress response curve of
chondrocytes decreased, while the minimum value increased. When the frequency was greater than 0.2Hz, the extreme value
stress of response curve tended to be constant. Cyclic loading had a large influence on the distribution of liquid pressure in
chondrocytes in the middle and deep layers. The concentration of fluid pressure changed alternately from intracellular to
peripheral in the middle layer. Both the range of liquid pressure in the upper chondrocytes and the maximum value of liquid
pressure in the lower chondrocytes in the same lacunae varied greatly in the deep layer. At the same loading frequency, the
elastic modulus of artificial cartilage had little effect on the mechanical environment of chondrocytes.

1. Introduction

Articular cartilage is a layer of load-bearing hydrated soft
tissue with low friction, covering the joint surfaces of both
ends of long bones. Its mechanical properties and mor-
phology are maintained by the metabolism of chondrocytes
[1, 2]. Normal articular cartilage can bear many millions
of cycles of high force loading [3], but with exercise of
increasing energy and force, the problem of aging becomes
increasingly serious. Approximately 65% of the total popula-
tion had suffered injury to their articular cartilage [4].
Because of the lack of blood vessels, nerves, and lymphatic
tissue, cartilage cannot easily repair itself after injury. In
recent years, tissue engineering techniques to repair articular
cartilage defects have attracted much attention [4, 5]. This
technology is expected to be the most effective method to

cure the cartilage defect. Until now, using tissue engineering
techniques for repairing cartilage defects result in a clinical
therapeutic success rate of approximately 50%, having a good
short-term effect but uncertain long-term results due to the
occurrence of the graft degeneration, degenerescence, joint
cracking, hardening, or even the induction of the degenera-
tion of the host cartilage [2, 6, 7]. The main reason is that
the mechanical properties of tissue-engineered cartilage are
not comparable to those of natural cartilage, and implants
will alter the mechanical environment of the solid matrix
and chondrocytes within the zone of the repair. Chondro-
cytes respond to stress stimuli by changing shape. Deviations
from physiological load affect the gene expression, metabo-
lism, and also the possible induction of apoptosis of chondro-
cytes [2, 8]. Experimental results of single chondrocytes
in vitro indicate that cyclic loading affects chondrocyte
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biosynthesis more significantly than that of static loading [9].
Studies have shown that the specific frequency of cyclic
loading can increase the aggrecan synthesis in cartilage
explants [10]. Thus, following clinical tissue-engineered
cartilage repair, patients are advised to gradually exercise
during hospitalization and after discharge [2]. Appropriate
rehabilitation exercises may alleviate pain and improve the
metabolism of articular chondrocytes.

At present, the principal method used to study the
mechanical properties of chondrocytes is to perform
in vitro experiments or finite element numerical simulation
[11–14] and to directly measure parameters such as cell
deformation, elastic modulus, or surface potential. However,
the results do not really reflect the micromechanical environ-
ment of chondrocytes in vivo. Until now, it has been difficult
to monitor the cell volume, stress, and strain or changes in
the pressure of intracellular fluid in chondrocytes during
cyclic loading [15]. A multiscale study of the biomechanical
environment of chondrocytes by finite element analysis
could satisfy the requirements for evaluating these measure-
ments. Zhou et al. used multiscale methods to study the
distribution of stress and the flow field of fluid in cartilage
under static loading and the role of pericellular matrix
(PCM) in protecting chondrocytes from high stress damage
[16]. Tauska et al. also used multiscale methods to study
the mechanical behavior of articular chondrocytes during
normal and medial meniscectomy [17]. Guilak and Haider
established a multiscale linear biphasic cell-matrix interac-
tion model of articular cartilage, with which the complex cor-
relation between the dynamic environment of chondrocytes
and their macroscopic load characteristics under confined
compression cyclic load was studied [8]. Erdemir et al. used
multiscale methods to establish a high-throughput model of
joints, with information transfer being established between
different scales generating a simulation study of changes
in the mechanical environment in cell scale under macro
loading [18].

The mechanical response of chondrocytes to cyclic
compression depends on the amplitude and frequency of
the load [8, 15, 19]. In this paper, COMSOL finite ele-
ment software was used to establish an unconfined model
of articular cartilage with full-thickness defects and a
transscale chondrocyte model. The influence of frequency
in cyclic compressive loading and the elastic modulus of
artificial cartilage on the micromechanical environment
of the chondrocytes in a repaired defect was studied by
numerical simulation.

2. Materials and Methods

COMSOL Multiphysics (3.5a; Royal Institute of Technology,
Stockholm, Sweden), a finite element software, was selected
to simulate the mechanical environment of chondrocytes in
three steps. The first step established the finite element
model of cartilage and chondrocytes. The second step
calculated the displacement and stress fields of articular
cartilage, so as to provide accurate boundary conditions
for the chondrocyte model. The third step mapped the results
of the corresponding region of the cartilage model onto the

chondrocyte model using consistent boundary conditions,
to accomplish data conversion.

2.1. Articular Cartilage Model. In the 1980s, Mow et al.
established a solid-liquid coupling biphasic porous medium
cartilage model [20]. The model accurately reflects the
macroscopic mechanical properties of cartilage because the
characteristics of fiber reinforced were considered.

2.1.1. Material Parameters. The material parameters of
cartilage anisotropy, Poisson’s ratio ν and the elastic
modulus E, are related in a depth-dependent manner as
follows [21–23]:

ν = 0 08 + 0 1 h− y
h

, 1

E y = 3 66
46 2e−6 53y + 2 84 , 2

where h and y are thickness and depth of cartilage,
respectively.

Cartilage permeability k is a nonlinear function related to
depth and deformation [23, 24]:

k = k0ψ y, h exp Mεv , 3

where k0 = 2 × 10−15m4/ N·S is the initial permeability,
M = 23 is an arbitrary material parameter, εv is volumetric
strain, and ψ y, h is a function dependent on depth.

ψ y, h = 1 + 4 3 y
h

− 7 8 y
h

2
+ 3 1 y

h

3
4

2.1.2. Boundary Condition of Articular Cartilage Model. The
contact face between the distal end of the femur and the
proximal tibia is curved, so contact stress was calculated using
Hertz contact theory [25]. Applying hertz pressure to simu-
late physiological load results in the following expression:

F x = 2W
πb

1− x2

b2
−b < x < b , 5

where b = 8FR/ πE is half of the contact width, R = 0 1m
is the equivalent femoral condylar radius, F is cyclic loading,
and E = 10MPa is equivalent to the elastic modulus. Sub-
chondral bone permeability is very small and approximates
to 0, setting the displacement boundary condition:

u = v = 0, ∂p
∂y

= 0 6

The left and right boundaries are symmetrical, the
displacement is unconstrained, the pressure is 0, and liquid
can flow freely:

p = 0 7
A symmetrical geometric model of cartilage with a length

of 2 cm and thickness of 2mm was established, with the
middle area being a defect repair area with a width of 2mm
(Figure 1). The lower boundary was fixed, and the bilateral
boundary and the upper surface were allowed to flow freely.
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A downward cyclic loading was exerted on the upper surface;
W = F0sinωt, where ω = 2πf is the angular frequency, f is
frequency, and F0 is the load amplitude. Fibers were hor-
izontal in the superficial layer, transverse and vertical
fibers crossing oblique fibers in the middle layer, and with
deep layer fibers perpendicular to the cartilage surface.

2.2. Finite Element Model of Chondrocytes. The mechanical
environment of chondrocytes depends on the macroscopic
deformation of cartilage and the location of chondrocytes
in cartilage. The chondrocyte model was established accord-
ing to the cell morphology observed in the staining experi-
ments. The chondrocytes in the superficial and middle

layers were oblate and round, with three chondrocytes in a
cartilage lacuna forming a cluster (Figure 2). A 100μm2

region around each chondrocyte was defined as a coherence
buffer area. The marginal region was extracellular matrix
(ECM); the inward transition region was pericellular matrix
(PCM) with the chondrocytes in the central area.

2.2.1. Chondrocytes Structural Parameters. The material
parameters of the chondrocyte model were taken from the
literature [26, 27]: vECM,1,2,3 = vPCM,1,2,3 = 0.2, vCELL = 0.4.
The remaining parameters are shown in Table 1. In mesh-
ing process, the dense of the chondrocyte meshes and the
sparse peripheral region of the chondrocyte meshes, the
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Figure 1: Cartilage defect model and boundary load distribution.
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Figure 2: Schematic diagram of chondrocytes in each layer.

Table 1: Mechanical parameters of chondrocytes.

Position EECM (MPa) EPCM (KPa) ECELL (KPa) kCEM/10
14 (Ns·m−4) KPEM/10

15 (Ns·m−4) KCELL/10
15 (Ns·m−4)

Superficial layer 0.4 40 4 2 1 2

Middle layer 0.3 30 3 2 1 2

Deep layer 0.2 20 2 2 1 2
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method improves the efficiency of calculation, while ensuring
its accuracy.

2.2.2. Validation of Chondrocyte Model. Previous results of
the strain analysis of chondrocytes [18] were compared with
the simulation results in this paper (Figures 3(a) and 3(b)). It
can be seen that strain gradually increased from the ECM
to PCM and into the chondrocytes interior, with PCM
having the function of strain conduction amplification.
The maximum effective strain was 0.4 (Figure 3(a)), strain
extremum 0.41 (Figure 3(b)), and the variance ratio of the
two values being 2.5%. The strain nephograms were also sim-
ilar, demonstrating the accuracy of the chondrocyte model.

3. Results

3.1. Study of the Mechanical Environment of Chondrocytes in
the Superficial Layer. In this paper, the artificial cartilage with
elastic modulus of 0.1MPa was used to repair the cartilage
defect. Cyclic compressive loading at different frequencies
was used to simulate physiological loads, to study the
mechanical environment of the chondrocytes, and to explore
the mechanical properties of chondrocytes for the repair of
cartilage defects.

3.1.1. Variation of Stress-Time Curve at Different Points in the
Intracellular Center and PCM. A uniform stimulation of
aggrecan synthesis was observed at frequency of 0.01Hz,
while, at a higher frequency of 0.1Hz, stimulation was only
seen at peripheral radial positions of cylindrical explants
[10]. So, this study selected the center of a chondrocyte,
labelled position 1, and the PCM directly above position 1,
labelled position 2, that were subjected to loading frequen-
cies of 0.01Hz, 0.02Hz, 0.05Hz, and 0.1Hz. Variations in
the stress-time curves at positions 1 (a heavy line) and 2
(a fine line) were obtained within the superficial layer
(Figure 4). Maximum stress was observed to be
approximately 500 Pa~680Pa at point 1 and a value 5~6
times greater at position 2 (2800 Pa~3600Pa) at different
frequencies, decreasing gradually over time, indicating that
PCM plays a protective and transitional role [16]. At a
compressive load frequency of 0.1Hz, the stress at point 2
was reduced by nearly 1000Pa compared to the stress at
0.01Hz. At a low frequency, the response to load at

positions 1 and 2 was almost synchronous, but when the
frequency was increased to 0.05Hz, the minimum stress
values at positions 1 and 2 were clearly separated. The
difference of minimum stress at 0.05Hz was about 400 Pa
and approximately 600Pa at 0.1Hz.

The maximum stress decreased at both position 1 and
position 2 with increasing frequency, the stress reducing
by nearly 170Pa and 930Pa at 0.1Hz compared to that
at 0.01Hz, respectively. However, the minimum stress
increased at position 1 and position 2 with increasing fre-
quency, the stress increasing by nearly 160 Pa and 700Pa at
0.1Hz compared to that at 0.01Hz, respectively. At low fre-
quency, positions 1 and 2 respond almost simultaneously to
loading. At a frequency of 0.05Hz, the lowest stress values
were separated between positions 1 and 2. The results above
indicate that the PCM is sensitive to changes in frequency.

The normal walking gait frequency of human is about
0.5–0.7Hz. Through the analysis of the maximum and
minimum values of the stress response curves at position 1
and position 2, which is higher than the frequency of
0.1Hz, the variation curves of the extreme value stress at
different frequencies were obtained (Figure 5). It can be seen
that, with the increase of the load frequency, the minimum
value of stress at positions 1 and 2 increased, while the
maximum value of stress decreased. When the cyclic loading
frequency is higher than 0.2Hz, the extreme value of stress
basically keep constant.

3.1.2. The Contours of Stress Distribution of Chondrocytes
and PCM. Following loading for 100 s, the contours of
stress distribution in chondrocytes and PCM under cyclic
loading were measured at different frequencies (Figure 6).
The numerical simulation shows that the stress of cells
with different elastic moduli is not obviously different
under the same frequency load. Only when the loading
frequency is 0.05Hz, at greater elastic moduli, the stress
on chondrocytes is reduced. When artificial cartilage with
an elastic modulus of 0.9MPa was used to repair the carti-
lage, the maximum stress value in chondrocytes and PCM
was approximately 75% than that of the low modulus
(0.1MPa) repair. When applying low frequency (0.01Hz)
loads, the cumulative effect of the load can be fully reflected
due to the viscoelastic properties of cartilage. The maximum
value of intracellular stress at low frequency loads (0.01Hz)

Effective strain
0 0.4

(a)

0 0.1 0.2 0.3 0.4

Cell strain

(b)

Figure 3: Comparison of simulation results of finite element model of chondrocytes with the literature [18]: (a) results from the literature
[18]; (b) results from this paper.
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was higher than that of the high frequency loading (0.05Hz),
the former being 2.53 times the latter. The cumulative effect
caused chondrocytes stress to increase with time, but it did
not increase indefinitely, and so was beneficial for the pro-
tection of chondrocytes from high stress damage and
changes in gene expression. Under low frequency loads,
using artificial cartilage with larger elastic moduli (0.6 or
0.9MPa), the stress decreased gradually with increasing
load cycle.

3.1.3. Change in Fluid Velocity in Chondrocytes. Variation in
intracellular liquid velocity was most significant in the
superficial layer when the loading frequency was 0.1Hz, as
indicated by the distribution maps of intracellular fluid
velocity at different loading times (4 s, 9 s, 14 s, and 19 s)
(Figure 7). The results show that there were significant
differences in the distribution of liquid velocity. In general,
the flow velocity in the peripheral area of the chondrocyte
was significantly greater than that in the core region. In
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Figure 5: The variation curves of minimum value (a heavy line) and maximum value (a fine line) of stress at different cyclic loading
frequencies: (a) position 1; (b) position 2.

0 100 200 300 400 500

1000

2000

3000

4000

vo
n 

M
ise

s s
tr

es
s (

Pa
)

0

t (s)

(a)

vo
n 

M
ise

s s
tr

es
s (

Pa
)

0 100 200 300 400 500
0

1000

2000

3000

4000

t (s)

(b)

vo
n 

M
ise

s s
tr

es
s (

Pa
)

1000

2000

3000

4000

0
0 100 200 300 400

t (s)

(c)

vo
n 

M
ise

s s
tre

ss
 (P

a)

t (s)

1000

0

2000

3000

4000

0 30015050 100 200 250

(d)

Figure 4: Stress curves at position 1 (a heavy line) and position 2 (a fine line) under cyclic loading at different frequencies: (a) 0.01Hz;
(b) 0.02Hz; (c) 0.05Hz; (d) 0.1Hz.

5Journal of Healthcare Engineering



addition, the simulation also showed that when the cyclic
load frequency was lower than 0.05Hz, the distribution of
fluid pressure and velocity in the chondrocytes remained
the same but the marginal area was large and the central area
was small.

3.2. Intracellular Fluid Pressure Distribution at Each Layer.
The distribution of fluid pressure in the superficial,
middle, and deep layers under cyclic compression loads
at a frequency of 0.02Hz is shown in Figures 8, 9, and
10, respectively.
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Figure 6: Change in stress in chondrocytes and PCM at different loading frequencies (a)–(d) elastic modulus of artificial cartilage repair:
0.1MPa, 0.3MPa, 0.6MPa, and 0.9MPa, respectively, at a 0.01Hz loading frequency; (e)–(h) elastic modulus of artificial cartilage repair:
0.1MPa, 0.3MPa, 0.6MPa, and 0.9MPa, respectively, at a 0.05Hz loading frequency.
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Intracellular liquid pressure distribution polarization in
the superficial layer resulted in smaller values within the
top half and gradually increased in the lower part of the

chondrocyte, although the change was not clear (Figure 8).
Comparatively speaking, pressure distribution variations
were very large in the middle layer. During the process of
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Figure 7: Change in flow velocity at different times under cyclic loading (a) at 4 s, (b) at 9 s, (c) at 14 s, and (d) at 19 s.
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Figure 8: Intracellular fluid pressure distribution at different times in the superficial layer (a) at 15 s, (b) at 16 s, and (c) at 17 s.
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stress loading over a period of 15–17 s, the compressive
stress was concentrated in the periphery of the cell at
15 s, stress concentration transitioning to the cell interior
at 17 s with a transition period of liquid pressure distri-
bution at 16 s (Figure 9). The abnormal distribution of

cellular fluid pressure may result in gene expression and
metabolic abnormalities.

In the deep layer, the pressure within the chondrocytes
within the same cartilage lacuna was different (Figure 10).
Generally speaking, the largest pressure change was observed
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Figure 9: Intracellular fluid pressure distribution at different times in the middle layer (a) at 15 s, (b) at 16 s, and (c) at 17 s.
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in the uppermost chondrocytes and greatest absolute pres-
sure in the lowermost chondrocytes. In the initial stage of
loading, intracellular pressure was smaller than the periph-
eral pressure, but that pressure increased as loading time
increased, meanwhile peripheral pressure decreased gradu-
ally. The pressure of the liquid changed periodically with
loading time, being subject to a certain degree of hysteresis.
Conversely, the distribution of pressure varied from internal
to the periphery in the lowermost chondrocytes, basically
corresponding to the load frequency. Therefore, chondro-
cytes at different positions within the same cartilage lacuna
exhibited different responses to loading.

4. Discussion

As it is not possible to receive the results of clinical use of the
experimental technology of cartilage repair over a short time,
it is very important to ascertain the mechanical environment
of chondrocytes and their surroundings in vivo using multi-
scale finite element numerical simulation analysis [16]. In
this paper, the micromechanical environment of the chon-
drocytes in a defect repair zone under cyclic compressive
loading was studied for the first time. The simulation results
can help explore the causes of tissue-engineered cartilage
failure and guide clinical rehabilitation.

Using a multiscale method, the biomechanical properties
of chondrocytes in intact articular cartilage and tissue
from medial meniscectomy were studied under joint load
[16–18]. The focus of study in this paper was on the response
of chondrocytes to compressive loading (static or cyclic). In
addition, the difference in shape and distribution of chondro-
cytes in cartilage lacunae in different layers was considered
using modeling. According to our simulation, the mechanical
environment of chondrocytes is depth-dependent under
cyclic loading and the properties of the defect repair signifi-
cantly alter the mechanical environment of the repair zone,
factors not previously considered in former studies.

The mechanical response of chondrocytes depends on
the applied load characteristics. According to our findings,
the effect of cyclic loading on the micromechanical environ-
ment of chondrocytes was different in the different layers in
the defect repair zone. The current simulations may be used
as a guideline to predict the effect of cyclic variation on the
micromechanical environment of chondrocytes as a function
of position.

The results of studies of the biomechanical environment
of chondrocytes have not been reported during previous
repairs of defects using tissue engineering. Thus, the contours
of strain distribution were compared with those obtained
from high-throughput multiscale 3D models of chondro-
cytes, with at most differences of 2.5% [18], to ensure validity
of the results of subsequent analysis.

In this paper, there are still some deficiencies, ignoring
the fine structure of the cell and regarding chondrocytes as
a continuum. In fact, the cell structure can be regarded as a
type of tension integration model comprising an inner liquid
core and organelles [14]. The liquid phase accounts for 95%
of the cell, the solid phase 5%. A chondrocyte stent is
composed of a fibrous structure of protein filaments and

microtubules, similar to an umbrella frame supporting the
umbrella surface. Our assumption was that the artificial
cartilage was fully bonded with the host cartilage, whereas
cracking and incomplete adhesion may characterize the
actual situation. The selected load frequency range is smaller
than that experienced in vivo. Subsequent studies need also
to consider the effects of different shapes and depth of repair
on the biomechanical environment of chondrocytes.

5. Conclusions

In this paper, the changes in stress and fluid pressure in
chondrocytes within different regions of a repaired area of
cartilage were analyzed. The mechanical environment of
each layer of chondrocytes in the host cartilage was inevitably
affected. The two-phase solid and liquid structure of articular
cartilage provides it with viscoelastic properties. Due to the
cumulative effect of the cartilage structure, the lowest fre-
quency (0.01Hz) of the cyclic load caused increased notable
stress concentration in chondrocytes in the superficial layer,
while the amplitude of cyclic stress response curve of chon-
drocytes reduced with increasing frequency. There was no
significant effect of cyclic loading on the distribution of
intracellular fluid pressure in the superficial layer, but the
influence of cyclic loading on the distribution of liquid
pressure in the middle and deep layers was significant.
However, the change in the mechanical environment of
chondrocytes in each layer is likely to result in damage to
the chondrocytes or to result in abnormal gene expression.

In general, the elastic modulus of artificial cartilage had
little effect on the mechanical environment under the same
cyclic loading frequency. Clinically, following the repair
using tissue-engineered cartilage, the appropriate loading
frequency can be used to produce a reasonable mechanical
environment for the chondrocytes, which can help patients
to take appropriate exercise for rehabilitation.
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While walking with fast speed aims to promote health and fitness of individuals, the potential risk on lower limb joint loading across
walking speed is still unknown. In order to determine the joint contact force loading associated with different walking speeds,
fifteen young male and fifteen female participants performed barefoot walking across different speeds (regular = 1.1m/s,
medium= 1.4m/s, and fast = 1.7m/s). The synchronized motion and ground reaction force (GRF) data were captured by
Codamotion capture system and AMTI force platform. All kinematics and GRF information were input to the AnyBody
musculoskeletal model to determine 3-dimensional knee contact forces. The results showed that increased walking speed was
associated with a greater proximal-distal and anterior-posterior GRF during early impact phase, implying that the joint stability
is more demanding at higher walking speed conditions (P < 0 05). In addition, higher proximal-distal and anterior-posterior
knee contact forces were found when participants were walking at higher speeds (P < 0 05). Therefore, the risk of knee cartilage
and ligament damage associated with the increased knee contact forces should require further attention.

1. Introduction

Power walking or speed walking, which is defined as the
walking with an individual’s fastest speed, is a popular fitness
exercises among cities in China. The aim of speed walking is
to promote heart rate fitness and endurance of participants.
However, most participants only concern about the walking
speed, but pay little attention on the impact load on lower
limbs, which may result in higher injury risks especially in
the ankle or knee joint [1–3]. Landing movements during
walking [4], running [5], gymnastics [6], volleyball [7], soccer
[8], and Australian football [9] have been studied using with
kinetic, kinematic, and electromyography parameters for the
evaluation of injury risk or performance. In these studies,
ground reaction forces (GRF) and the ankle and knee joint
forces provide key and fundamental information to under-
stand loading [10, 11]. Furthermore, these force parameters
are often compared among different subject groups to
identify biomechanical differences [12–14].

Regarding the research on walking biomechanics, the
researchers [15, 16] have found that when walking at higher
gait speeds, the walking kinematics and kinetics would be
changed. Higher gait speeds were associated with larger step
length, knee flexion angle, and peak plantar pressure, but
with smaller ankle range of motion and shorter total contact
times. In addition, other kinetic studies have shown that
increased gait speed is related to greater peak plantar pres-
sure and GRF [17–19]. Particularly, Sneyers et al. [20] found
that the walking speed had significant impact on the foot
pressure at the forefoot and rearfoot regions. Bertseh et al.
[21] pointed out that distributing foot plantar pressure
evenly can effectively reduce foot injuries. In the similar vein,
too soft or hard, the interface material used may cause dam-
age on the foot and affect performance.

In order to determine how GRF influences the risk of
injury during landing or performance during push off in dif-
ferent movements, various methods have been used to show
high correlations among GRF, lower limb kinematics, and
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related muscle activities, suggesting that the GRF has to be
overcome or absorbed by musculature supporting of the
ankle, knee, and hip joints [22, 23]. However, all of these
kinetic and kinematic parameters should be integrated to
evaluate the risk of injury and performance in a certain
movement task. In addition, the GRF and knee contact
forces are the common indicators for interpreting and
explaining by the athletic trainers, scientists, and physi-
cians. Furthermore, Haight et al. [15] compared peak
tibiofemoral joint contact force (TF) when obese and non-
obese participants walking at different speeds and on dif-
ferent slopes. Their results showed that at fast gait
speeds, participants would effectively reduce the maximum
TF at uphill walking compared with that at level walking.
The TF was reduced by 23% (from 2352N to 1811N) and
35% (from 1994N to 1303N) for obese and nonobese par-
ticipants, respectively. Nevertheless, TF is the resultant
knee force (KF) exerted on the knee, and it is believed that
3D KF information can provide additional information for
better estimation of knee joint loadings during walking at
different speeds. Hence, the purpose of this study was to
investigate joint kinematics, GRF, and KF in each of prox-
imal-distal, anterior-posterior, and medial-lateral compo-
nents when participants are walking at regular, medium,
and fast paces.

2. Experimental Work

Fifteen young healthy male participants and fifteen female
participants were recruited to perform five successful barefoot
walking trials at different speeds (regular 1.1m/s, medium
1.4m/s, and fast 1.7m/s) [4, 16]. The information of partici-
pants is listed in Table 1.

GRF were recorded at 1000Hz using force plate (AMTI,
Watertown, MA, USA) and synchronized motion data were
captured at 250Hz using Codamotion infrared capturing
system. In order to minimize the body mass effect, all kine-
matics data were normalized with body mass. All the GRF
and lower limb kinematics information were input to deter-
mine 3D knee joint forces using the AnyBody musculoskele-
tal model (AnyBody Modeling System v.6.0.3, Anybody
Technology A/S, Aalborg, Denmark) in all walking speed
conditions. The model consisted of the pelvis, legs, and feet
and 35 leg muscles was built according to the previous studies
[11–14]. All statistical analyses were performed with SPSS
19.0 (SPSS, Chicago, IL, USA). 2 (gender) × 3 (speed) mixed
ANOVA were performed on gait parameters to determine if
there was any interaction, gender, and speed effects. All data

were presented as mean± standard deviation. Significant
level was set at P = 0 05. Since no gender effect was evi-
dent for force parameters, we pooled all subject data and
performed one-way repeated measures ANOVA to assess
the speed effect on each of the KF components.

3. Results

3.1. Kinematics Data. In Table 2, longer step length, faster
stride frequency, and shorter stance time were observed at a
faster walking speed, compared with those at regular and
medium speed conditions (P < 0 05). Shorter stance, heel
contact, forefoot, and toe-off times were found at fast speed
compared with those at regular speed condition (P < 0 05).
Regarding gender effect, male participants had longer step
length (P < 0 01) and higher stride frequency compared with
female participants (P < 0 01).

In Table 3, as walking speeds increased, larger dorsi-
flexion and smaller knee flexion were found at all contact
phases (P < 0 05). At forefoot contact, knee flexion was
decreased by 10° in fast speed compared with that in the
other two speed conditions (P < 0 05). At toe-off, larger
ankle and knee joint angles are at fast speed compared
with those at regular speed (P < 0 01).

3.2. GRF Data. Since no gender effect was evident for each
GRF variable, we pooled all participant data to further assess
the GRF components associated with walking speeds [7, 8].
In general, there are two peak curves shown for vertical
GRF. Figure 1 shows that first peak occurred at heel contact
which was about 23 to 26% of stance. The second peak
occurred at forefoot contact which was about 73 to 77% of
the stance or maximum knee extension during take-off.

In Table 4, a greater first peak of vertical GRF was
observed in fast speed condition compared with that in
regular speed condition (P < 0 05), but no significant speed
difference was found for the second peak of vertical GRF.
In addition, higher walking speed resulted in higher
anterior-posterior and medial-lateral GRF (P < 0 01).

3.3. 3D Knee Joint Contact Forces. Table 5 shows that partic-
ipants walking at fast speed experienced higher both
proximal-distal and anterior-posterior KFs during heel con-
tact phase compared to those at regular and medium speed
conditions (P < 0 01). However, medial-lateral KF was not
different among speed conditions (P > 0 05). The proximal-
distal KF was increased by 20.75% and 64.62% when
compared to that of medium and fast speeds, respectively.
However, there was no main effect of speed in 3D KF at
toe-off phase (P > 0 05). Regarding the proximal-distal KF,
we further calculated the proximal-distal KF the relationship
between proximal-distal KF and walking speed using polyno-
mial fitting (R2 = 0 89). The regression model (Figure 2)
shows that when walking speed was below 1.2m/s, only
gentle change of the KF would be observed; when the speed
exceeded 1.4m/s, the KF would increase rapidly.

Y = 1983 3X2 − 4228 3X + 3480 3 1

Table 1: Participant information.

Male (n = 15) Female (n = 15)
Age (years) 24.6± 1.19 24.8± 1.13
Height (m) 1.76± 0.02 1.64± 0.02
Weight (kg) 68.3± 1.72 54.0± 1.92
BMI (kg/m2) 21.8± 0.34 20.0± 0.41
Shoe size (UK) 42.0± 0.00 37.0± 0.00
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4. Discussion

This study investigated kinematics, GRF, and KF when par-
ticipants were walking at regular, medium, and fast paces.
Our results showed that increasing of speed was associated
with higher strike frequency, shorter stance time, and
increased the vertical and anterior-posterior GRF during

impacts. To attenuate the impact forces, one body would
elicit larger knee and ankle joint flexion at high walking speed
condition compared with those at regular speed condition. In
addition, increased knee extension angle during toe-off was
found in high speed compared with that in regular speed
condition. The extended knee angle and short stance time
are thought to be beneficial to generate more muscle power
to push body forward in a fast walking pace. Previous studies
[19, 27] compared the EMG activation pattern (onset time
and magnitude) of hamstring and semimembranosus during
different walking conditions. They suggested that at early
stance, the greater semimembranosus EMG was found in
uphill walking compared with that in level walking and
that the estimated muscle forces were increased across
the walking speeds.

Regarding GRF in walking, the current results indicated
that the vertical GRF was greater than anterior-posterior or
medial-lateral GRF, which is in line with most research on
walking. Typically, there are two peaks in vertical GRF curve
[1]. The first peak force (F1) is produced by the impact of the
heel and is always of lower magnitude than that of the second
peak force (F3), which occurs at forefoot contact phase [3].

Table 2: Temporal-distance parameters change of stride across different speed conditions.

Gender Regular (1.1m/s) Medium (1.4m/s) Fast (1.7m/s)

Step length (m)
Male 1.20± 0.09 1.30± 0.13△ 1.50± 0.11∗∗
Female 1.14± 0.10 1.21± 0.14 1.30± 0.17^

Stride frequency
Male 98.21± 9.37 114.45± 8.21△△ 131.12± 10.22∗∗^^
Female 104.12± 10.48 125.42± 14.26△△^ 141.14± 9.12∗∗^^

Stance time (%)
Male 59.86± 3.13 57.31± 4.75△ 54.34± 4.06∗∗
Female 60.21± 2.99 56.82± 2.79△ 54.99± 3.53∗∗

Heel contact time (%)
Male 15.49± 5.31 17.56± 5.13 19.32± 5.76∗
Female 15.29± 6.22 18.90± 3.53 20.13± 4.21∗

Forefoot contact time (%)
Male 17.29± 4.99 15.30± 4.72 14.86± 4.32
Female 18.22± 3.15 16.14± 4.68 15.86± 4.15

Toe-off time (%)
Male 33.32± 4.21 35.74± 4.32 37.35± 6.76∗
Female 31.68± 7.88 34.15± 6.07 35.99± 4.13∗

∗ means the significant difference between regular and fast speeds.△means the significant difference between medium and fast speeds. ^ means the significant
difference between genders. ∗∗ means the significant difference between regular and fast speeds and p < 0 01. △△ means the significant difference between
medium and fast speeds and p < 0 01. ^^ means the significant difference between genders and p < 0 01.

Table 3: Ankle and knee joint angle positions at different contact phases across different speed conditions.

Gender
Regular (1.1m/s) Medium (1.4m/s) Fast (1.7m/s)

Ankle Knee Ankle Knee Ankle Knee

At heel contact
Male 104.01± 6.21 171.36± 7.23 102.31± 6.23 169.49± 7.43 99.68± 5.57∗ 168.80± 7.28
Female 103.45± 7.31 172.64± 8.23 100.35± 5.14 168.15± 4.77 98.18± 8.65∗ 168.24± 70.42

At forefoot contact
Male 99.50± 5.23 164.98± 6.74 99.52± 6.21 160.56± 5.45△ 97.66± 4.32 155.70± 6.12∗∗
Female 98.12± 6.22 163.67± 3.11 97.32± 2.71 158.45± 6.89△ 96.33± 3.19 156.33± 4.12∗∗

At heel off
Male 93.67± 4.25 171.55± 6.54 94.32± 3.25 170.37± 6.47 97.05± 5.12∗ 169.72± 6.54
Female 91.22± 5.12 172.01± 4.62 92.22± 4.12 169.99± 4.89 95.48± 5.14∗ 169.34± 5.31

At toe-off
Male 108.60± 8.21 153.78± 6.54 111.65± 7.23 155.36± 7.56△ 116.58± 9.12∗ 159.43± 6.32∗∗
Female 107.2± 7.35 154.43± 7.45 109.31± 4.77 156.33± 8.45△ 115.22± 7.23∗ 160.47± 6.77∗∗

∗ means the significant difference between regular and fast speeds. △ means the significant difference between medium and fast speeds. ∗∗ means the
significant difference between regular and fast speeds and p < 0 01.
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However it remains debating how GRF peaks would influ-
ence the risk of impact injury on lower limbs. It is likely that
increased first impact GRF peak is related to plantar load on
the heel. For regular walking speed, about 3.3 kg/cm2 of the
plantar load can be absorbed by heel pad [28]. Plantar loads
increase with walking speed. When one person walks with a
long period of time, fat at heel pad is gradually shrinking
and the heel and foot may be susceptible to damage. During
the toe-off phase, knee and ankle extension have to be
increased for better transfer of muscular power [29]. The cur-
rent results indicated that increased walking speed has little

influence on vertical GRF (F3), but has impact anterior-
posterior GRF that facilitate faster forward movement.

In addition, the present findings showed the maximum
knee contact force had two obvious peaks, which supported
the findings measured using embedded sensors [24, 25]. In
the present study, at fast walking speed, the proximal-distal
and anterior-posterior KF were above three and one times
body weight, respectively. These results are in line with a pre-
vious study [3, 25], which had obese and nonobese partici-
pants walking at fast speed (1.75m/s) and at slow speed
uphill (0.75m/s, 6° inclined surface) and showed the peak
TF was about 3.12 BW. In addition, the maximum knee con-
tact force (2645N or 3.0 BW) was occurred in 40% of the
contact phase [30, 31]. Furthermore, KF become larger across
walking speeds regardless of the obese or nonobese partici-
pants [15]. Considering the skeletal muscle system may not
be fast enough to react and attenuate impact forces effec-
tively, the participants may be exposed to higher risk of knee
joint injury.

When interpreting our results, it is important to consider
several limitations in our study. First, only young partici-
pants were recruited and hence our kinematics findings
may not be applicable to the older adults. Second, the surface
EMG data were not matched with actual activation of specific
lower extremity muscles. A needle EMG or other techniques
should be used to explain the change of activity of the leg
muscles in different walking speed conditions. Future study
should generalize the relationship among 3D knee contact
forces, muscle cocontraction, and joint kinematics during
walking in different age populations.

Table 5: Peak knee contact forces (KF) across different walking speeds.

Regular (1.1m/s) Medium (1.4m/s) Fast (1.7m/s)

Heel contact

Proximal-distal KF (BW) 2.12± 0.51 2.56± 0.48△△ 3.49± 0.53∗∗
Anterior-posterior KF (BW) 0.70± 0.15 0.81± 0.17△△ 1.23± 0.26∗∗
Medial-lateral KF (BW) 0.43± 0.09 0.45± 0.12 0.45± 0.10

Toe-off

Proximal-distal KF (BW) 3.39± 0.57 3.39± 0.49 3.41± 0.54
Anterior-posterior KF (BW) 1.06± 0.13 1.08± 0.17 1.11± 0.26
Medial-lateral KF (BW) 0.72± 0.13 0.73± 0.12 0.75± 0.16

∗∗ means the significant difference between regular and fast speeds and p < 0 01.△△means the significant difference betweenmedium and fast speeds and p < 0 01.
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Figure 2: Relationship between proximal-distal KF across walking
speed.

Table 4: Vertical GRF across different walking speeds.

Regular (1.1m/s) Medium (1.4m/s) Fast (1.7m/s)

Vertical GRF (BW)

First peak (F1) 1.17± 0.44# 1.37± 0.42 1.52± 0.53∗
Minimum (F2) 0.86± 0.22 0.76± 0.23 0.62± 0.26∗
Second peak (F3) 1.10± 0.23 1.08± 0.18 1.09± 0.16

Anterior-posterior GRF (BW)

First minimum (F4) −0.08± 0.03 −0.10± 0.06△ −0.13± 0.05∗∗
Peak (F5) 0.17± 0.04 0.19± 0.05△ 0.22± 0.05∗∗

Second minimum (F6) −0.23± 0.06 −0.25± 0.05 −0.27± 0.07∗

Medial-lateral GRF (BW)
First peak (F7) 0.06± 0.03 0.06± 0.04△ 0.08± 0.03∗

Second peak (F8) 0.04± 0.03 0.05± 0.03△ 0.07± 0.04∗∗
∗ means the significant difference between regular and fast speeds. △ means the significant difference between medium and fast speeds. ∗∗ refers to the
significant difference between regular and fast speeds and p < 0 01. # refers to the significant difference between regular and medium speeds and p < 0 05.
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5. Conclusions

Fast walking is characterized as longer step length, faster step
frequency, and shorter stance time. Participants walking
at higher speed exhibited greater vertical and anterior-
posterior GRF during stance phase, which may challenge
walking stability and therefore elicited higher knee joint con-
tact forces. Although fast walking is encouraged to build up
fitness, the potential risk of knee cartilage and ligament inju-
ries associated with increased knee contact forces should
need further attention.
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Background. There is high risk in the correction surgery of pectus excavatum with scoliosis because of the lack of the correction
mechanism of pectus excavatum with scoliosis. This study performed a comprehensive analysis about the impact that pectus
excavatum had on scoliosis and elaborated its biomechanical mechanism in pectus excavatum patients with scoliosis. Methods.
37 pectus excavatum patients were selected. According to age, Haller index of pectus excavatum, offset coefficient, vertical
position, sternal torsion angle, and asymmetric index, 37 patients were, respectively, divided into 2 compared groups. The result
was statistically calculated. Results. The scoliosis incidence and severity did not correlate with Haller index, offset coefficient,
vertical position, sternal torsion angle, and asymmetric index of pectus excavatum, and there was no statistical significance
between the two compared groups. Conclusions. The incidence and severity of scoliosis in PE patients with scoliosis have
nothing to do with the geometric parameters of pectus excavatum but correlate with age. The scoliosis will aggravate with the
increase of age. The heart may provide an asymmetric horizontal force to push the spines to the right. The mechanism of how
the biomechanical factors exert influences on spines needs to be further investigated to keep the spine stable.

1. Background

Pectus excavatum (PE) is the most frequently observed con-
genital deformity of the chest which is characterized, in most
cases, by a deep depression of the sternum in the anterior
thoracic wall. There is a high percentage of scoliosis associ-
ated with PE [1, 2]. William Rainey Johnson reported that
about more than 20% of PE patients had scoliosis [3]. In
addition, surgical correction for PE has become more preva-
lent with the development of the minimally invasive Nuss
procedure [4]. Due to the integrality of the anterior and pos-
terior thorax, the Nuss procedure not only corrects concavity
of the anterior region of the thorax through the placement of
bars but also has dynamic effects on the spine in asymmetric

PE [5], which means PE correction may be accompanied by
the risk of scoliosis generation or aggravation. We need to
investigate the relationship between PE and scoliosis and to
find how PE affects the spine in PE patients, especially in
PE patients with scoliosis.

Up to now, no comprehensive analysis about the impact
that PE has on scoliosis has been performed, although pre-
cious research has involved correlation among scoliosis,
age, and severity of PE [6]. Being the accompanying symp-
tom or the postoperative complications, the effecting factors
of PE on scoliosis and the relationship between scoliosis
and age and so on have not been studied in the past. This
study aims to analyze the influences that all the geometric
parameters of the congenital PE have on scoliosis and to
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propose rational suggestions for studying out operation plans
so as to offer essential help for surgeons to perform specific
surgical procedures and it also tries to elaborate the biome-
chanical mechanisms of pectus excavatum.

2. Methods

2.1. Patients. The selection of patients was performed by
referring to radiographic or computed tomographic images
collected preoperatively. From patients of PE who underwent
the Nuss procedure at the Military General Hospital of
Beijing PLA from February 2009 to March 2014, a total of
37 patients (22 males and 15 females) with an asymmetry
of the thorax and a mild to moderate deformity of the spine
(with a Cobb angle ≤30°) were selected, and we excluded
patients having platy thorax and barrel chest. The patients
were between the age of 4 and 44 in this study.

2.2. Measurement. In this study, spiral computerized
tomography scan was employed and preoperative CT
scans of 37 patients were collected and saved in Digital
Imagine and Communication in Medicine (DICOM) format.
Then, the preoperative CT images were inputted into the
medical image 3D reconstruction software Mimics10.01
(Materialise, Belgium), in which all radiological measure-
ments were conducted.

Cobb angle was defined as a coronal plane deformity on
anteroposterior plain radiographs to describe scoliosis. As a
general rule, a Cobb angle of 10° is the minimum angulation
for scoliosis.

Haller index (HI) was created in 1987 by Drs. Haller,
Kramer, and Lietman [6]. The index is the ratio of the trans-
verse diameter and the anteroposterior diameter is

Haller index =
T
A

× 100, 1

where T is the transverse diameter of the inside ribcage andA
is the distance between the sternum and vertebrae (Figure 1).
A normal Haller index is about 2.5. If the Haller index is
greater than 3.25, the surgery is warranted [7]. The mean
Haller index reported by Kelly et al. was 5.15± 2.32 [8].

For the analysis and investigation of the degree and dif-
ferent types of asymmetric deformity of the chest, symmetry
index (SI) and sternal rotation angle have been widely used
[9, 10]. Symmetric index is defined as the following ratio:

Symmetric index =
R
L
× 100 2

The sternal torsion angle (STA) against the horizontal
line was measured. The right-side depression of the chest
wall, which indicates the counter clockwise twist of the ster-
num, is expressed as positive (Figure 1). Either the right- or
left-side depression of PE, the sternal rotation angle that is
less than 5°, greater than 5° but less than 15°, greater than
15° but less than 25°, and over 25° is regarded as symmetrical,
mild, moderate and severe torsion, respectively [10].

In addition, to investigate the degree of asymmetric
deformity of PE in the horizontal direction, offset coefficient
(OC) was defined to describe the excursion degree of the

center of PE apex (Figure 2). The offset coefficient is a hun-
dred times the ratio of the distance A and distance B; its
mathematical relationship is shown as follows:

Offset coefficient =
A
B
× 100, 3

where A is the distance between the left chest wall and the
apex and B is the distance between the apex and the right
chest wall. A normal offset coefficient is 1. If it is not equal
to 1, meaning that PE is asymmetric and its apex offsets to
the left or the right side. If it is more than 1, the PE apex is
on the left chest; if less than 1, the PE apex is on the right
chest. The greater the absolute value of the offset coefficient
away from 1 is, the more severe the excursion of PE apex is.

2.3. Groups. 37 patients were divided into two age groups
preoperatively—the child group (n = 15) and the adult group
(n = 22). The ages were no more than 18 years old in the child
group and older than 18 years old in the adult group.

According to the severity of PE, 37 patients were divided
into two Haller index groups preoperatively—the mild group
(n = 5) and the severe group (n = 32). The Haller indexes in
the mild group were greater than 3.25 and less than 3.5, while
the Haller indexes in the severe group were greater than or
equal to 3.5.

37 patients were divided into 2 offset coefficient groups:
the mild group (n = 7), in which offset coefficient was less
than or equal to 10; the sever group (n = 30), in which offset
coefficient was more than 10.

37 patients were divided into 2 sternal torsion angle
groups: the mild group (n = 17), in which the sternal torsion
angle was less than 25°; the sever group (n = 20), in which the
sternal torsion angle was equal to or more than 25°.

2.4. Statistical Methods. For statistical calculations, SPSS
Version 20.0 for Windows (SPSS Inc., IBM Company,
Chicago, IL) was used.

Figure 1: Demonstration of measurements made using Mimics on
computer. The Haller index is calculated by T/A and asymmetry
index by R/L × 100. The sternal torsion angle is marked and
represents moderate degree of torsion (+24.9°). All measurements
were measured at maximum distances except for A, which was
measured as the minimum distance between the anterior surface
of the vertebral column and the deepest portion of the sternum.
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2.5. Ethical Committee. This study has obtained approval by
the school of mechanical engineering, Tianjin University of
Technology and Military General Hospital of Beijing PLA.
There is no conflict of interest to be declared.

3. Results and Discussion

3.1. Scoliosis and Age. The results of the scoliosis incidence in
the age groups were shown in Table 1. 28 (75.68%) of the 37
patients had scoliosis with a Cobb angle greater than 10°.We
found that 20 (71.42%) out of the 28 patients with a Cobb
angle greater than 10° were from adults. The cases of scoliosis
distributed in the adult group were with a percentage of
90.91%, and the incidence of scoliosis was 53.33% in children
less than 18 years. The computed result (p < 0 05) shows
that there is a statistically significant difference between
the two age groups, suggesting that age is correlated with
scoliosis incidence.

Further statistics (p = 0 044) indicated that there was also
a statistically significant difference between the two age
groups in the severity of scoliosis. The Cobb angles in the
adult group were obviously higher than those in the child
group (Figure 3).

In this study, the incidence of scoliosis in the adult group
was 90.91% (Table 1), which is much higher than that in the
child group (53.33%); the severity of scoliosis correlated with
age. It is well known that the deformity of PE, including the
depth and area of depression and degree of sternal twist caus-
ing asymmetry of the chest, progresses as the patients grow
[10]. According to the biomechanical principle that defor-
mity results from internal force, generation and change of
horizontal internal force will result in the occurrence and
change (including improvement or aggravation) of scoliosis.
We speculate that the scoliosis deformity caused by internal
force which the PE exerted on the thoracic cage progresses
with age. The reason may be that as the patients grow older,
their bones become more calcified, their costal cartilages
become more brittle and more ossified, the internal horizon-
tal force generated by PE pushes the heart more greatly, and
the counterforce generated by the heart pushes the spine [6];
hence, the scoliosis becomes more severe.

3.2. Scoliosis and Haller Index. With regard to the
severity of the PE, 25 (89.29%) of the 28 scoliosis patients
(Cobb angle > 10°) were from the severe HI group (HI > 3.5),
in which the incidence of scoliosis was 78.13%, while 3 scoli-
osis cases were from the mild HI group (3.25 < HI≤ 3.5), in
which the incidence of scoliosis was 60.00%. The computed
result (p = 0 105) shows that there is no statistic significant
difference between the mild HI group and the severe HI
group (Table 2).

Further statistics (p = 0 117) indicated that there was also
no statistically significant difference between the two Haller
index groups in the severity of scoliosis.

In this study, the incidence and the severity of scoliosis
have nothing to do with the Haller index of PE. In the
view of mechanics principle, the severity of PE described
in the form of Haller index has no impact on the internal
force exerted on the thoracic cage, except on the depth of
the concavity. It cannot break the balance between PE and
the spine. So, it cannot change the incidence and the
severity of scoliosis.

3.3. Scoliosis and Offset Coefficient. The results of the scoliosis
incidence in offset coefficient groups were shown in Table 3.
23 (82.14%) of the 28 scoliosis cases were from the severe OC
group (OC > 10), in which the incidence of scoliosis was
76.67%, while 5 scoliosis cases were from the mild OC group
(OC≤ 10), in which the incidence of scoliosis was 66.67%.
There is no statistic significant difference between the mild
OC group and the severe OC group (p > 0 05, Table 3).

Further statistics (p = 0 813) indicated that there was also
no statistically significant difference between the two offset
coefficient groups in the severity of scoliosis.

Table 1: Age distribution of patients with a Cobb angle greater
than 10°.

Child group
≤18 Y
(n = 15)

Adult group
≥18Y
(n = 22)

p

Scoliosis case (100%) 8 (53.33%) 20 (90.91%) 0.017 < 0.05
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Figure 3: Cobb angles of the two age groups. Significant difference
was found between the child and adult groups (p < 0 05).

Figure 2: Demonstration of measurements using Mimics on
computer. Offset coefficient calculated by A/B × 100 is shown in
the figure. This CT of a 12-year-old patient exhibited 57 of the
offset coefficient; PE apex is on the right chest.
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Offset coefficient describes the excursion degree of PE
apex in the horizontal direction, which represents the hori-
zontal parameter of the PE position. Different offset coeffi-
cients contribute nothing to the generation and change of
the horizontal internal force which is exerted to the spine.
So, it can not have any effect on the incidence and severity
of scoliosis.

3.4. Scoliosis and Vertical Position of PE. The cases of ver-
tical position distribution of PE in the high group (n = 19)
and the low group (n = 18) were close to equal (Table 4),
and the scoliosis incidence in every group was 88.89%
and 63.16%, respectively. The computed result indicated
that the incidence and severity of scoliosis did not corre-
late with the vertical position of PE (p > 0 05), and there
was no statistical significance between the high group
and the low group in the incidence and severity of scolio-
sis (p > 0 05).

The results of the scoliosis direction in different vertical
position of PE group were shown in Table 5. In 20
(54.05%) of 37 patients of PE, their scoliosis bent to the right,
8 (21.62%) patients bent to the left, and 9 (24.32%) patients
had no scoliosis or their Cobb angles were no more
than 10°. The computed result indicated that the direc-
tion of scoliosis correlated with the vertical position of
PE (p = 0 024), and there was a statistical significance
in the direction of scoliosis between the high and low
groups (p < 0 05).

Vertical position distribution describes the parameter in
the vertical direction of PE, and it does not change the hori-
zontal internal force which can make the thoracic vertebra
stable in the horizontal direction. So, it has nothing to do

with the incidence and the severity of scoliosis. But different
vertical positions can affect the direction of scoliosis. We
noticed that scoliosis is almost located at the same horizontal
level with PE (Figures 4 and 5). Scoliosis in 37 patients
mainly distributed from the 3rd to 11th thoracic vertebrae.
20 (71.43%) of the 28 PE with scoliosis patients bent to the
right, and their PE position is mainly located in the scope
of the 4th to 10th thoracic vertebrae where the heart was
located. PE pushes the heart to the left, with the transforma-
tion of the ribs and costa cartilages; the internal counter force
generated by the heart will push the thoracic vertebrae to the
right, which means the heart may provide an asymmetric
horizontal force to push the spines to the right in pectus
excavatum patients with scoliosis. Thus, most of the scoli-
osis patients bent to the right, which verified that the heart

Table 3: Offset coefficient distribution of patients with a Cobb angle
greater than 10°.

Mild OC group
OC≤ 10
(n = 7)

Severe OC group
OC> 10
(n = 30)

p

Scoliosis
case (100%)

5 (66.67%) 23 (76.67%) 1.000 > 0.05

Table 4: Vertical position distribution of pectus excavatum of
patients with a Cobb angle greater than 10°.

High group
1–6 (n = 18)

Low group
7–12 (n = 19) p

Scoliosis case (100%) 16 (88.89%) 12 (63.16%) 1.000 > 0.05

Table 2: Haller index distribution of patients with a Cobb angle
greater than 10°.

Mild group
3.2<HI< 3.5

(n = 5)

Severe group
HI≥ 3.5
(n = 32)

p

Scoliosis case
(100%)

3 (60%) 25 (78.13%) 0.105 > 0.05

Table 5: Vertical position distribution of patients with different
scoliosis directions.

High group
1–6 (n = 18)

Low group
7–12 (n = 19) p

Scoliosis bent to
the right (100%)

13 (72.22%) 7 (36.84%)

0.027 < 0.05Scoliosis bent
to the left (100%)

3 (16.67%) 5 (26.32%)

No scoliosis 2 (11.11%) 7 (36.84%)
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Figure 4: Distribution of the scoliosis vertical position in 37
patients in the form of thoracic vertebra number.

0

10

20

30

40

1 2 3 4 5 6 7 8 9 10 11 12

D
ist

rib
ut

in
g 

fre
qu

en
cy

 o
f P

E

Number of vertebrae

Figure 5: Distribution of the PE vertical position in 37 patients in
the form of thoracic vertebra number.
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contributes to the internal force causing the spine bent to
the right [6].

3.5. Scoliosis and Sternal Torsion Angle and Symmetric Index.
The results of the scoliosis incidence in two sternal torsion
angle groups were shown in Table 6. We found that 20
(54.05%) of the 37 scoliosis cases were from the severe
STA group (STA ≥ 25°), in which the incidence of scoliosis
was 85.00%, while 17 (45.94%) scoliosis cases were from
the mild STA group (STA < 25°), in which the incidence
of scoliosis was 64.71%. There is no statistically significant
difference between the mild STA group and the severe
STA group (p > 0 05, Table 6).

Further statistics (p > 0 05) indicated that there was also
no statistically significant difference between the two STA
groups in the severity of scoliosis.

The results of the scoliosis incidence in the two symmet-
ric index groups were shown in Table 7. Only 9 (32.14%) of
the 28 scoliosis cases were in the severe SI group (SI ≥ 1 05
or SI ≤ 0 95), in which the incidence of scoliosis was
60.00%, while 19 (67.86%) of the scoliosis cases were from
the mild SI group (STA < 25°), in which the incidence of
scoliosis was 686.36%. There is no statistically significant
difference between the SI mild group and the SI severe group
(p > 0 05, Table 7).

Further statistics (p > 0 05) indicated that there was also
no statistically significant difference between the two sym-
metric index groups in the severity of scoliosis.

Sternal torsion angle and symmetric index describe the
asymmetric degree of the chest, and they do not correlate
with the incidence and severity of scoliosis because they can-
not break the balance of the horizontal internal force between
PE and scoliosis. Hence, they devote nothing to the genera-
tion and change of the horizontal internal force and have
no effect on the incidence and severity of scoliosis.

4. Conclusions

The incidence and severity of scoliosis in PE patients with sco-
liosis correlate with age. The scoliosis will aggravate with the

increase of age, which suggests that once the scoliosis is diag-
nosed, treatment should be conducted as soon as possible.

The incidence and severity of scoliosis do not correlate
with the Haller index, offset coefficient, vertical position of
pectus excavatum, asymmetric index, and sternal torsion
angle, which means that the severity of pectus excavatum
and the horizontal and vertical positions of pectus excavatum
have nothing to do with the geometric parameters of PE and
do not have any effects on the incidence and severity of sco-
liosis. Namely, three-dimensional positional parameters and
the symmetry of pectus excavatum in the human chest have
no impact on scoliosis.

The heart may provide an asymmetric horizontal force to
push the spines to the right, which means the mechanical fac-
tor may be the pathogenesis in pectus excavatum patients
with scoliosis.
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Cell tensile technique is an important and widely used tool in cell mechanical research. However, the strain control condition in
traditional tensile experiments is not satisfied and would result in big errors. These strain errors will seriously impact the
experimental accuracy and decrease the reliability and comparability of experimental results. In order to achieve the accurate
strain control of the membrane during stretching, a strain feedback compensation method based on the digital image
correlation is proposed in this paper. To evaluate the effect of the proposed compensation method, a series of stretching
experiments in different strains ranging from 5% to 20% were performed. The results showed that our proposed method
significantly decreased the errors of strain control. These results indicate that the strain feedback compensation method is very
effective in controlling strain and can greatly improve the experimental accuracy.

1. Introduction

Biomechanical stimuli have been utilized to enhance the
growth, strength, and functionality of engineered tissues
[1, 2]. At the cellular level, mechanical stretching could
vitally control over cell morphology, proliferation, lineage
commitment, and differentiation [3, 4]. Cell tensile tech-
nique is a fundamental method to exert tension on cells.
The cells adhered to the membrane would follow its defor-
mation and thereby experience tensile strain. Obviously,
the strain control of the membrane is of great importance.
In traditional tensile experiments, operators calculate the
moving distance of the clamps according to the initial
clamping length of the membrane and the desired strain
and then use it to control the motors. However, the actual
strain condition of this method is not satisfied. Zhang
et al. [5] proposed that the clamp-to-clamp strain was
greater than the actual measured strain because the indi-
cated displacement included the sliding of the specimen
within clamps. Colombo et al. [6] analyzed the strain field
of Flexcell system for different waveforms and frequencies
and demonstrated that the measured strains of membranes
showed notable differences between both the inputs and

the outputs of the Flexcell software. Riehl et al. [7] sum-
marized many types of cell tensile devices and concluded
that the strain conducted to the membrane is affected by
numerous factors, including membrane properties, clamp-
ing method, and mode of loading. However, most of these
devices, not only commercial devices but also lab-special
devices tailored to experimental need, are short of direct
strain monitor or feedback. Inaccurate strain control
would decrease the repeatability and comparability of
experimental results. To address this gap, a strain feedback
compensation method is proposed in this paper for accurate
strain control.

The strain feedback compensation method needs an
accurate measurement to monitor strain. The commonly
used strain measuring methods about membranes involve
the marker tracking measurement, the resistance strain gauge
measurement, and the finite element analysis. In the marker
tracking measurement [6], several predefined markers on the
specimen are used to track the position change and thereby
compute the strain. The accuracy of this method completely
depends on the distribution of markers. Therefore, it is often
regarded as a rough measuring technique. The resistance
strain gauge measurement [8] is a basic strain measurement,
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but it is not suitable for the cell tensile experiments. On
the one hand, the membrane is a kind of soft material
so that the use of any contact-type sensor would affect
its movement. On the other hand, this method is not able
tomeasure the full-field strain distribution. The finite element
analysis is commonly used in biomechanical researches.Many
researchers [9–11] have used this method to compute the
strainfieldofmembranes.However, thefinite element analysis
is a theoretical calculation based on the models under ideal
assumptions. It cannot be used tomonitor actual strain during
tensile experiments. Therefore, we need a highly accurate and
contactless full-field strain measuring technique.

The digital image correlation (DIC) method is a widely
used optical measuring technique [12]. Since it was first
proposed [13, 14] in the 1980s, DIC has been extensively
used in many fields [15–18]. Comparing to other strain
measuring techniques, DIC has several advantages, such as
fewer requirements in experimental environment, the absence
of contact with specimen, and its high accuracy. In recent
studies,many researchers focusedonapplyingDIC tomonitor
the strain of biological tissues [19–24] and made great
progress. Therefore, DIC is very suitable for monitoring the
strain during the tensile experiments.

Thus, we proposed a strain feedback compensation
method based on DIC to accurately control the strain of
membranes during the tensile experiments. Five silicon rub-
ber membranes with artificial speckle pattern were used as
stretching specimens. Different strains ranging from 5% to
20% were conducted to the membranes. DIC was used for
strain measurement during the whole process of strain feed-
back compensation at each strain level. The strain measured
by DIC was then used as the parameter to compute the
necessary compensation distance. Finally, we compared the
strains measured before and after compensation with the
target strains to evaluate the effect of our method.

2. Materials and Methods

2.1. Experimental Set-Up. The material of our membrane
specimens is silica gel plate (DONGGUANSHI ZHISHENG
RUBBER PRODUCTS Co. LTD), which is colorless and
transparent. Therefore, the first step is to create the speckle
pattern artificially. Lionello et al. [25] summarized several
methods for creating speckle pattern on biological soft tissue.
In this paper, the speckle pattern was made by spraying black

and white quick-drying paints from an aerosol can. The
white paint was first sprayed on the specimen to obtain a
white background. Then, the black paint was sprayed on
the specimen to obtain random black spots with a high con-
trast. In order to generate a fine mist of paints to ensure a
uniform and random distribution of small paint dots, the dis-
tance between the nozzle and the specimen was maintained
at more than 0.5m [5]. Through these steps, the high-
contrast speckle pattern suitable for DIC analysis was made.
The size of the membrane specimens was 25mm× 160mm
(thickness of 0.4mm).

As depicted in Figure 1, the membrane was placed
between two stainless steel clamps. During the experiments,
an industrial camera (JHSM1400f, Shenzhen Jinghang Tech-
nology Co. Ltd.) was used for image capture. The images
were recorded at the selected resolution of 2048×1536 pixels.
Two stepper motors fixed on an optical platformwere used to
perform uniaxial stretching. A self-designed multichannel
motor control module was used to control these stepper
motors. A computer equipped with a 4-port RS-232 USB-
to-serial converter (UPort 1450, MOXA) was programmed
to provide the accurate synchrony of stepper motors via
RS-232 serial ports and the image capture via USB. The
acquired images were then processed with the DIC algorithm
to calculate the strain field of the membrane.

2.2. Digital Image Correlation. DIC is an optical-numerical
full-field measuring technique with subpixel accuracy. The
method measures the displacement and strain field by track-
ing the same points (or pixels) between the two images
recorded before and after deformation [12]. The image cap-
tured before and after stretching is called the reference image
and deformed image, respectively. In general, the process of
DIC involves three main steps. First, a region of interest
(ROI) should be defined, which is further divided into evenly
spaced virtual grids. As shown in Figure 2, the red rectangle
shows the ROI and virtual grids. The intersection points of

Camera

Multichannel
motor control module

MembraneStepper motor

Figure 1: Experimental set-up.

10 mm

Figure 2: Selected region of interest (red rectangle).
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the virtual grids are selected as the center point of each sub-
set. The subset is the matching unit in the DIC algorithm.
Next, the reference image and deformed image should be
reconstructed by a certain kind of subpixel registration algo-
rithm to further improve the accuracy of DIC. In this paper,
the fourth-order keys interpolant (Keys 4) algorithm [26] is
used as the subpixel registration algorithm because it has
small bias error and negligible rotation error. Finally, a corre-
lation criterion should be defined to evaluate the degree of
similarity between the reference and deformed subsets. Pan
[27] provided an overview of various correlation criteria used
in DIC. In this paper, the zero-normalized sum of squared
differences (ZNSSD) was used as the correlation criterion
because of its insensitivity to offset and linear scale in illumi-
nation lighting. Through the matching process based on
ZNSSD, every reference subset would find its target subset
in the deformed image, and the displacement and strain field
could be obtained.

2.3. Strain Feedback Compensation Method. In order to cal-
culate the compensation distance during tensile experiments,
the compensation equations of uniaxial tensile stretching are
proposed in this paper:

Dt

St
= D
Sa

, 1

Dt =D +Dc, 2

Dc =
D
Sa

St −D, 3

where Dt is the necessary moving distance of the clamps to
achieve the desired strain, D is the existing distance of the
clamps, Sa is the actual strain measured by DIC, St is the
desired target strain, and Dc is the necessary compensation
distance. Equation (1) is based on the assumption that the
stretching of the membrane remains in its mechanical linear
region. Under the assumption, there is a linear relationship
between the clamps’ moving distance and the membrane’s
actual strain. Therefore, the ratio of Dt to St is equal to the
ratio of D to Sa. Because the sliding between membrane and
the clamps exists, Dt is not equal to D. As shown in (2), Dt
is comprised of D and Dc. Substituting (2) into (1), the
compensation equation (3) can be obtained, with which,
the compensation distance Dc can be calculated.

The detailed process of the strain feedback compensation
is shown in Figure 3. First, the image of membrane before
stretching should be captured as the reference image.
According to St and the initial clamping length of the mem-
brane, D can be calculated and then used to control the step-
per motors. This step is routine in traditional tensile
experiments. After stretching, the image of stretched mem-
brane should be captured as the deformed image. By input-
ting reference image and deformed image into the DIC
program, Sa of the membrane can be calculated. Next, Sa
should be compared with St to determine whether to perform
the strain compensation. The judgment criterion is denoted
by δ, and the threshold is denoted by δth. In practice, δ can
be set as an absolute error or relative error according to the

experimental requirements. In this paper, δ represents the
relative error between the actual strains and the target strains
and δth is set to be 0.5%. If δ is greater than δth, which means
that the strain control does not satisfy the accuracy require-
ment, it is necessary to perform the strain compensation.
According to (3), the compensation distance Dc can be
calculated and then used to control the motors to complete
compensation. Through the strain feedback compensation
method, the strain can be accurately controlled.

3. Results and Discussion

In order to evaluate the effect of our proposed strain feedback
compensation method, a series of tensile experiments were
performed on five specimens at a large strain range from
5% to 20% in increments of 2.5%. The actual strains of all
specimens at each strain level were measured by DIC. The
strains measured before and after compensation were called
the “before compensation” group and the “after compensa-
tion” group, respectively. The statistical analysis was per-
formed using t-test (P < 0 01) at each strain level. The
results of all specimens are shown in Figures 4–6.

Figure 4 shows the strain filed of 5# specimen calculated
by DIC before and after compensation at the target strain of
10%. As shown in Figure 4, the strain distribution of both is
generally uniform, indicating that the membrane is homoge-
neous. In addition, most strain values before compensation
(see Figure 4(a)) concentrate on 9%, while those after
compensation (see Figure 4(b)) concentrate on 10%, demon-
strating that the strain compensation method affects the
entire stretching region and makes the whole strain field
closer to the target value.

All strain results measured before and after compensa-
tion are shown in Figure 5. The horizontal axis represents
the target strains, and the vertical axis represents the actual
strains measured by DIC. Different colors represent different
specimens. The solid lines represent the “before compensa-
tion” group, and the dashed lines represent the “after
compensation” group. In Figure 5, the actual strains of the
“before compensation” group show a strong correlation

Start

Capture reference image

Calculate D

Control motor running

Capture deformed image

Calculate Sa by DIC

Calculate Dc

End
Y

N
𝛿 < 𝛿th

Figure 3: Flowchart of the strain feedback compensation process.

3Journal of Healthcare Engineering



(r = 0 999) with the target strains. This result demonstrates
that all specimens remained in their mechanical linear region
during the tensile experiments, satisfying the assumption of
our strain feedback compensation method. The blue solid
line is the reference line (y = x), which represents an ideal sit-
uation of strain control that the actual strains equals to the
target strains. As shown in Figure 5, the solid lines always
stay below the reference line and all specimens show the same
trend, which means that the errors before compensation
mainly result from the systemic errors. Moreover, the dashed
lines almost coincide with the reference line, which means
that our strain compensation method is very effective.

The relative error comparisons at each strain level are
shown in Figure 6. All the relative errors of the “after com-
pensation” group are significantly lower than those of the
“before compensation” group, showing statistically signifi-
cant difference (P < 0 01). The relative error of the “before
compensation” group increases with the increment of target
strains. It is also notable that no matter what the target strain
is, the relative error after compensation is always below 0.5%,
which demonstrates that the effect of our strain feedback
compensation method is very significant.

As mentioned above, the errors before compensation
mainly result from systemic errors. Before compensation,
the actual strains all stay below the reference line in
Figure 5. Yet, the moving distance of the clamps is accurately
controlled. That is to say, the clamp-to-clamp strains are
always greater than the actual measured strains, indicating
that the sliding of clamps is a nonnegligible error source. In
this study, the clamped regions of the specimens were
marked before clamping and stretching, and the sliding phe-
nomenon was observed. It is known that the sliding is
strongly related to the friction force between objects in con-
tact. To moderate the sliding effect and thus reduce the error,
the friction force between the clamps and specimen should be
increased. In tensile experiments, the friction force between
the clamps and specimen is determined by the clamping
force and the friction coefficient of the contact surface. In this
study, the slops of the five solid lines in Figure 5 are different,
indicating that their sliding effects are different. However, the
membrane properties and the clamps are the same among
five experiments. The only differences among them are their
clamping forces, operated manually, which cannot ensure the
same. These results also demonstrate that the clamping force
would affect the sliding effect. The clamping force cannot be
too small or too large. Too small clamping force cannot
ensure reliable clamping while too large force would damage
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Figure 4: Strain filed of 5# specimen calculated by DIC before (a) and after (b) compensation at the target strain of 10%.
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the membrane, a kind of soft material, leading to unexpected
change of mechanical properties of the membrane. However,
to the best of our knowledge, there are few studies on how to
choose the clamping force in tensile experiments. Besides
choosing an appropriate clamping force, increasing the fric-
tion coefficient is also a good way to increase the friction
force. In previous studies, some approaches were used to
strengthen the fixation between specimens and clamps.
Gao and Desai [20] utilized the cyanoacrylate, a kind of
super glue, to fix the specimen. To minimize the sliding
effect of the specimen, Karimi et al. [22] used a pair of
coarse sandpaper glued to the lower and upper grippers.
King et al. [28] fabricated specific serrated friction grips
for tensile tests. Although these methods reduce the sliding
effect to some extent, the additional modification of clamps
restricts their application.

The proposed method in this paper is independent of the
clamps and mechanical stretching instruments. The actual
measured strain during stretching is used as feedback to
compensate the strain error resulting from sliding. The
results in our experiments demonstrate that our method is
able to realize accurate strain control using existing stretch-
ing instruments without additional modification of clamps.
Although the clamping forces for the five specimens cannot
stay the same in this study, with our compensation method,
the actual strain of the specimens all reach to the expected
accuracy at every strain level. In the future, more work can
be done in analyzing the fixation and clamping force in cell
tensile experiments. However, before the sliding problem is
totally solved, the strain monitor and feedback is suggested
in tensile experiments in order to ensure the reliability and
repeatability of the experiments.

4. Conclusions

In order to achieve accurate strain control, a strain feedback
compensation method based on DIC is proposed in this
paper. This method is independent of mechanical stretching
instruments and can provide accurate strain feedback to help
users monitor the strain condition. The compensation dis-
tance can be calculated by the proposed compensation equa-
tions. To evaluate the effect of our proposed method, a series
of stretching experiments in different strains ranging from
5% to 20% were performed. The results showed that the pro-
posed method can significantly decrease the strain errors and
improve the experimental accuracy. Accurate strain control
will allow researchers to design more complex and precise
experiments and enhance the reliability and comparability
of the test results.
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In this study, we developed and validated a refined three-dimensional finite element model of middle femoral comminuted fracture
to compare the biomechanical stability after two kinds of plate fixation: a newly designed assembly locking compression plate
(NALCP) and a locking compression plate (LCP). CT data of a male volunteer was converted to middle femoral comminuted
fracture finite element analysis model. The fracture was fixated by NALCP and LCP. Stress distributions were observed. Under
slow walking load and torsion load, the stress distribution tendency of the two plates was roughly uniform. The anterolateral
femur was the tension stress area, and the bone block shifted toward the anterolateral femur. Maximum stress was found on the
lateral border of the number 5 countersink of the plate. Under a slow walking load, the NALCP maximum stress was 2.160e
+03MPa and the LCP was 8.561e+02MPa. Under torsion load, the NALCP maximum stress was 2.260e+03MPa and the LCP
was 6.813e+02MPa. Based on those results of finite element analysis, the NALCP can provide adequate mechanical stability for
comminuted fractures, which would help fixate the bone block and promote bone healing.

1. Introduction

Less invasive stabilization systems and locking compression
plates (LCP) have been widely used in clinical practice
[1–3] and provide new options and challenges for modern
fracture surgery. However, the plates and screws cannot
completely solve all of the problems encountered. Fracture
healing requires a relatively stable environment, accurate
anatomical reduction, and reliable internal fixation—each
of which can shorten the healing time [4]. A long dis-
tance between fracture fragments and the trunk indicates
the probability of poor healing [5]. For severe commi-
nuted fracture of the long bone shaft, conventional fixa-
tion methods using tensile screws or wires would result
in poor stability and could destroy the periosteal blood
supply. Park et al. [6] and Yang et al. [7] found that there
was a higher failure rate in the treatment of nonisthmal
femoral shaft nonunions with intramedullary nails. They

considered that the main reason of the failure was
mechanical instability.

Our research group has developed a new design assembly
locking compression plate (NALCP) under Chinese patent
(Patent number ZL201220339335.2). This plate is made of
Ti-6Al-4V and it has the same materials as the LCP. The
main locking compression plate is equipped with runner
plates on both sides that can move with the bone blocks
and fix bone blocks using universal locking screws. A runner
plate is placed on the main locking compression plate, thus
making bone blocks integrate with the bone shaft and achiev-
ing better stability based on the screw-bone plate angular sta-
bility and plate-plate integrity. The aim of this study is to
compare and analyze the mechanical properties of NALCP
and LCP in the treatment of femoral shaft wedge commi-
nuted fractures (AO classification type 32-C2.1) in the condi-
tion of slow walking loading. To accomplish it, the finite
element analysis was used.
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2. Materials and Methods

2.1. Design of Runner Plate. To achieve stability between the
main plate and the runner plate, we connected the two plates
using locking femoral screws. We also inserted universal
locking screws through the runner plate to fix the bone block
in a “crossover”manner (Figure 1). The inner medial surface
of the runner plate was close to the lateral surface of the main
plate, forming a minimum-arc plane. It can be disassembled
from the main plate during surgery regardless of its shape
(Figure 2).

2.2. Establishment of a Finite Element Model for Femoral
Fixation

2.2.1. Normal Femoral Geometrical Model. A normal healthy
volunteer (age 30 years, height 170 cm, weight 70 kg) under-
went computed tomography (CT) scanning of the right lower
extremity at a slice thickness of 0.625mm. The scanned
images were imported into medical image processing
software Mimics 10.0 (Materialise Technologies, Leuven,
Belgium) to segment the skeletal information of femur and
then construct the geometry model of femoral in a reverse
engineering software (Geomagic 9.0, Geomagic Inc. Morris-
ville, USA). Finally, the model of femur was converted into
nonuniform rational B-spline (NURBS) surface as format
of iges.

2.2.2. Femoral Fixation Geometrical Model. The geometrical
model of wedge-fractured femoral was established in the
finite element preprocessing software HyperMesh 11.0
(Altair Engineering Corp., Michigan, USA) and then was
meshed on the same software platform. The bone fracture
gap was set as 0.1mm. The screw-plate fixation systemmodel
was developed by using SolidWorks CAD software (Dassault
System SolidWorks Corp., Waltham, USA) (Figure 3). The
NALCP main plate and runner plate were then assembled
to match the bone shape, and bone blocks were fixed to the
runner plate with two screws. For the LCP, bone blocks were
fixed with an upwardly inclined screw on the main plate. The
two fixation systems were introduced into HyperMesh soft-
ware to simulate the assembly of fixation systems and femo-
ral fracture models.

2.2.3. Finite Element Model of Femoral Fixation. The fixed
femoral geometric entity models were meshed into finite ele-
ment model in HyperMesh. The screwmodel was made up of
hexahedrons, and the remaining models were formed as

tetrahedrons. The overall size of the element was 3mm [8,
9]. The greatest curvature in the model was treated with
Variable Grid Density Biased Sampling technology, and the
grid density within the model was coarsened [10, 11]. Some
important locations, such as contacts and constraints, were
artificially divided to improve calculation accuracy. Finally,
two femoral fixation models were established. Their types
and quantity of units are shown in Table 1.

2.3. Finite Element Analysis

2.3.1. Material Allocation. All models were simulated using
homogeneous isotropic linear material. The elastic modulus
of the plate was defined as 1.10e+05MPa. The properties of
the models’ materials after meshing are shown in Table 1.

2.3.2. Model Validation. To confirm the reliability of the
results of finite element analysis, we selected complete skel-
eton model before plate fixation. The load was given in
accordance with Wang et al.’s study [12]. Strain of the node
at the corresponding position was measured with eight
strain gauges.

2.3.3. Definitions of Contact, Constraint, Load, and Boundary
Conditions. For simulation of a slow walking load, the fric-
tional contact is defined as contact between the main plate
and the runner plate on the fracture surface. The fracture sur-
face friction coefficient is 0.45, and the friction coefficient
between the plates is 0.2. The femoral load in single legs
during walking was simulated, and the load was given on
the surface of the femoral head and the greater trochanter
in a point-coupling manner to simulate the acetabular con-
tact force and muscle abduction force. Six random degrees
on the distal femur were constrained. The loading direction

Main plate

Minimum-arc plane

Runner plate
Locking cap

Figure 1: Runner plate integrates with the main plate through the locking female screws. Newly designed assembly locking compression plate
(NALCP) fixated in long-bone comminuted fractures. Minimum-arc plane between the inner medial surface of the runner plate and the
lateral surface of the main plate.

Figure 2: Runner plate can be disassembled from the main plate
regardless of its shape: red ellipse circle.
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and size are shown in Figure 3 [13]. A static analysis step
was defined in the HyperMesh software with the interface
of a finite element solver (Abaqus6.11, Simula Corporation
Pennsylvania, USA), and the interaction set, load, and bound-
ary conditions were also added.

238% BW
Contact force

104% BW
Abductor force

y

Pinned constraintx

Figure 3: NALCP fixation, LCP fixation, and load imposed on the femur to simulate the slow walking state.

Table 1: Properties of the models’ materials and the number of elements.

Model Elastic modulus (MPa) Poisson’s ratio Number of elements Number of nodes

Cortical bone 1.3e+ 04 0.3 85 583 19 682

Cancellous bone 2.06e+ 02 0.3 13 426 58 381

NALCP 1.10e+ 05 0.3 101 993 35 946

LCP 1.10e+ 05 0.3 84 600 30 377

1
0

200

‒200

‒400

‒600

‒800

‒1000

‒1200
Strain gauge position

Experimental results of Wang et
al.’s study [8]
Results of Wang et al.’s finite
element analysis [8]
Results of finite element analysis
in this study

St
ra

in

400

600

2 3 4 5 6 7 8

×106

Figure 4: Experimental verification of complete skeleton finite element model. Results of our finite element analysis were consistent with
Wang et al.’s results.

Table 2: Maximum stress of two fixed plate systems.

Fixation system
Main plate
(MPa)

Runner plate
(MPa)

NALCP 1.557e+03 2.160e+03

LCP 8.561e+02 —
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2.3.4. Finite ElementMethod.Two fracturemodels with preset
conditions were saved in .inp format and input into Abaqus
for direct discrimination. The discriminating process takes 2
minutes, followed by postprocessing in Abaqus software.

2.3.5. Outcome Measures. The stress distributions of the
plates and bone blocks were identified. The bone blocks were
detected at the anterior, posterior, lateral, and medial borders
of the contact plane at the distal and proximal fracture lines.
The values were then averaged.

3. Results

3.1. Results of Model Validation. Results of finite element
model validation of this study was consistent with mechani-
cal test and finite element model results of Wang et al.’s study
[12] (Figure 4). We concluded that the establishment of finite
element model is credible.

The stress distribution tendencies of the two plates
(NALCP and LCP) under two loading conditions were
roughly uniform. No concentrated area of stress was found.
The anterolateral femur was the area of greatest tension
stress, and the bone block shifted toward the same area.

3.2. Simulation of Slow Walking Load. With the NALCP,
maximum stress was situated at the lateral border of the
number 5 countersink of the plate (between the runner plate
and the main plate locking screw). Maximum stress on the
runner plate was located between the locking screws and the
runner plate contact area (Table 2, Figure 5). In the skeletal
model, maximum stress was distributed at the countersink
of the runner plate (Table 3, Figure 6). Under the condition
of the slow walking load, the axial maximum stress was

1.834e+00MPa and tensional shear stress was 3.488e
+00MPa at the fracture plane.

The LCP maximum stress was also located in the lateral
border of the number 5 countersink of the proximal plate
(Table 2, Figure 7) and showed stress distribution similar to
that with the NALCP. Maximum stress in the skeletal model
was found in the bone block countersink (Table 3, Figure 8).
Under the condition of the slow walking load, the axial max-
imum stress was 5.858e+01MPa and tensional shear stress
was 4.058e+00MPa at the fracture plane.

3.3. Torsional Load. NALCP maximum stress was situated in
the lateral border of the number 5 countersink of the proxi-
mal plate (between the runner plate and the main plate lock-
ing screw). Maximum stress on the runner plate was located
between the area of contact of the locking screws and runner
plate (Table 4, Figure 9). Maximum stress in the skeletal
model was distributed at the countersink of the runner plate
(Table 5, Figure 10). Under torsional loads, the axial maxi-
mum stress was 1.923e+00MPa and tensional shear stress
was 3.604e+00MPa at the fracture plane.

The LCP maximum stress was also located in the lateral
border of the number 5 countersink of the proximal plate
(Table 4, Figure 11) and showed stress distribution similar
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Figure 5: NALCP stress nephogram of the slow walking load.

Table 3: Stress distribution of the skeletal model.

Fixation
system

Maximum
stress

Axial maximum
stress
(MPa)

Tensional shear
maximum stress

(MPa)

NALCP 3.696e+02 1.834e+00 3.488e+00

LCP 2.962e+02 5.858e+01 4.058e+00
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to that seen with NALCP. Maximum stress on the skeletal
model was found in the number 1 countersink of the proxi-
mal model (Table 5, Figure 12). Under torsional load, the
axial maximum stress was 6.660e+01MPa and tensional
shear stress was 3.376e+01MPa at the fracture plane.

4. Discussion

Modern high-energy trauma often leads to severely commi-
nuted limb fractures. According to the AO classification, type
B and C fractures are common. The currently used fixation
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Figure 6: NALCP stress nephogram and bone block axial stress nephogram of the slow walking load.
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Figure 7: LCP stress nephogram of the slow walking load.
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methods include plate-screw fixation and intramedullary nail
fixation. LCP fixation requires at least four holes to reduce
stress concentration and avoid plate breakage [14]. Although
interlocking intramedullary nails in the treatment of commi-
nuted fractures provide central fixation, high strength, good
stability, and small stress concentration as detected by finite
element analysis [15], they often induce bone nonunion and
intramedullary nail rupture, especially during early weight-
bearing activities [4]. With these two fixation methods,
bone blocks are often fixed with a single tensile screw or a
wire ring. However, fixation is poor and frequently leads
to bone displacement.

Previous animal experiments [5] showed that the distance
from free bone reflects the apparent impact on fracture heal-
ing. Under physiological conditions, when stress is greater
than optimal, bone formation dominates in bonemetabolism.
In contrast, when stress is less than optimal, bone resorption
dominates [16]. As for comminuted fractures, especially in
weight-bearing bone, axial stress easily leads to a transversal
shift of bone blocks [17]. Some authors [18] found that intra-
operative unstable rotation and poor contact between bone
blocks during treatment of femoral nonunion using intrame-
dullary nails was alleviated after bone grafting and insertion
of a steel plate to increase local stability.

Therefore, we designed an arc-shaped surface of the main
plate and the runner plate. This innovation is conducive to
convenient assembly and disassembly of the runner plate
and does not affect the structure of the steel plate. This
“micro-arc” design allows arbitrary use of a steel plate during
surgery according to the bone blocks. It also increases the
flexibility of its use. To enhance fixation, we adopted the
use of the locking female screw to lock the runner plate and
the main plate. Universal locking screws on both sides of
the runner plate can achieve “crossover” triangular fixation
of bone blocks. Hence, bone blocks were integrated with
the fracture shaft through the runner plate and main plate,
achieving strong fixation depending on the screw-plate angu-
lar stability.

Finite element analysis has been applied extensively in
orthopedic biomechanical analyses and for testing new mate-
rials [19–22]. Previous studies focused only on stress distri-
bution of the steel plate and skeleton, leaving stress
distribution on the contact surface of the fracture unclear
[23, 24]. Also, if only stable fixation was performed after frac-
ture surgery without axial stress, bone callus would grow
slowly. Sufficient axial pressure and tension force stimulation
and may accelerate the formation of callus at the fracture area
[24, 25]. Therefore, under a slow walking load, axial stress of
the bone block’s contact surface in the finite element analysis
can directly reflect postoperative stress stimulation in bone
blocks. It is also an indicator of stability of the bone fracture
stump after new internal fixation.

A normal healthy volunteer underwent computed
tomography (CT) scanning, and the scanned images were
imported into several medical image processing software to
establish a finite element model. By experimental verifica-
tion, the results of our finite element analysis were consistent
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Figure 8: LCP stress nephogram and bone block axial stress nephogram of the slow walking load.

Table 4: Maximum stress of two fixation system plates.

Fixation system
Main plate
(MPa)

Runner plate
(MPa)

NALCP 1.565e+03 2.260e+03

LCP 6.813e+02 —
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with Wang et al.’s results [12]. Finite element analysis of
stress distribution nephogram showed that the stress distri-
bution for the NALCP and LCP systems were similar under
slow walking loads. Also, the distance from the bone fracture
line to the main plate screws was the high-stress area with
both systems, showing uniform stress distribution. Both
NALCP and LCP maximum stress was located at the lateral
edge of the number 5 countersink of the proximal plate.
The maximum stress of the LCP-combined screw fixation
was significantly lower than that of the NALCP. The LCP
maximum stress was about 54.98% that of NALCP maxi-
mum stress. LCP axial stress was 31.94 times that of NALCP
axial stress, and the tension shear stress was 1.16 times that of
NALCP shear stress. Under torsional loads, NALCP and LCP
showed similar stress distributions, and the maximum stress
was concentrated at the lateral edge of the number 5 counter-
sink of the proximal plate. The LCP plate maximum stress
was 43.53% that of the NALCP plate, the axial stress was
34.63 times that of NALCP axial stress, and the tension shear
stress was 9.37 times that of NALCP shear stress. In sum-
mary, the axial stress and tension shear stress in the NALCP
skeletal model were significantly lower than those in the LCP

model. Thus, NALCP enhances the stability of bone blocks
under stimulation of a slow walking load and a torsional load
[17], improving the fixation effect, preventing lateral dis-
placement of the bone block, and promoting bone healing.

Stoffel et al. [3] investigated the distance of the screw to
the fracture site in finite element analysis using the LCP.
Their results demonstrated that the maximum stress of the
plate occurred at the innermost screw hole. When bone
fracture gap was 1mm during simulating simple fracture,
with increasing the distance of the screw to the fracture site,
equivalent stress of the plate and the innermost screw was
reduced. However, when the bone fracture gap was 6mm
during simulating comminuted fracture, the result was the
opposite. Dong et al. [26] also found that for simple femoral
shaft fracture, maximum stress on the locking plate and
screw gradually decreased with outward movement of the
innermost screw. For comminuted fracture, the fracture site
could not produce effective contact for stress transfer, so the
further deformation of the locking plate could not be pre-
vented. Thus, maximum stress on the locking plate and
screw increased. Lee et al. [24] confirmed that for commi-
nuted fracture, locking screws as close as practicable to the
fracture site resulted in a high stability of the fixation, and
stress concentration did not obviously increase. In our
result, the maximum stress of NALCP and LCP are all near
the fracture site and are consistent with Lee et al.’s [27] and
Xiong et al.’s [28] results. When NALCP obtained an effec-
tive stability, the stress on the main plate was less compared
with the LCP.

In this study, longitudinal force loaded on the femoral
head reached 238% of body weight [12], simulating slow
walking, which is much higher than the load value used
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Figure 9: NALCP stress nephogram of the torsional load.

Table 5: Stress distribution of the skeletal model.

Fixation
system

Maximum
stress
(MPa)

Axial
maximum stress

(MPa)

Tensional shear
maximum stress

(MPa)

NALCP 4.393e+02 1.923e+00 3.604e+00

LCP 3.387e+02 6.660e+01 3.376e+01
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previously [14, 23, 29]. The results showed that the stress of
the NALCP and LCP plates exceeded 600MPa, the yield
strength of titanium alloy. Therefore, the patients could not
engage in early full weight-bearing walk. The contact area
between the locking screw and the runner plate was the

high-stress area. Maximum stress under each of the two loads
was higher than maximum stress of the main plate, which is
the stress concentration point throughout the fixation
system. The potential focus of future studies will be how to
reduce stress concentration on the runner plate.
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Figure 10: NALCP stress and axial stress nephograms of the torsional load.
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Figure 11: LCP stress nephogram of the torsional load.
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5. Conclusion

Based on results of finite element analysis, NALCP can
provide a strong mechanical stability for comminuted frac-
tures. NALCP is more convenient to fix bone fragments
and to promote bone healing comparedwith the conventional
LCP. Nevertheless, because of the lack of biomechanical
experiment of solid specimens, our results deserve further
investigations.
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Bone fracture is a global healthcare issue for high rates of delayed healing and nonunions. Although n-3 polyunsaturated fatty acid
(PUFA) is considered as a beneficial factor for bone metabolism, only few studies till date focused on the effects of n-3 PUFAs on
fracture healing. In this study, we investigated the effect of endogenous n-3 PUFAs on fracture healing by measuring femur fracture
repair in both fat-1 transgenic mice and WT mice. Proximal femoral fracture model was established in fat-1 transgenic mice and
WT mice, respectively, and then the fracture was analyzed by using X-ray, micro-computed tomography (micro-CT), and
histological assessment at 7, 14, 21, 28, and 35 days after fixation. The results showed that compared with WT mice, fat-1 mice
exhibited acceleration in fracture healing through radiographic and histological analysis (18–21 days versus 21–28 days
postfracture). Meanwhile, X-ray and micro-CT analysis that showed better remodeling callus formation were in the fat-1 group
compared to WT group. Furthermore, histological analysis revealed that endogenous n-3 PUFAs promoted local endochondral
ossification and accelerated the remodeling of calcified calluses after fracture. In conclusion, the present study indicated that
endogenously produced n-3 PUFAs promote fracture healing process and accelerate bone remodeling in mice, and
supplementation of n-3 PUFAs was positively associated with fracture healing.

1. Introduction

Fracture is delineated as a major healthcare problem world-
wide within the rapid aging population. The rate of fracture
union was about 20%, which still remains as a severe clinical
issue even with the improvements of internal fixations in
orthopedic management over the past decades [1]. Several
researchers have concentrated on diet management for
fracture healing, which includes intake of vitamin D and
calcium for their modulatory roles in skeletal metabolism
[2]. Although vitamin D and calcium deficiency results in
high risk of fractures and delay in skeletal development,
intake of either vitamin D or calcium accelerates fracture
healing due to limited absorption into the digestive tract
and in turn balancing the whole body metabolism. Recently,
the modulation of fatty acids (FAs) in bone-remodeling

process has been reported [3]. For instance, arachidonic
acid (AA), a polyunsaturated omega-6 fatty acid, acts as
a precursor for the synthesis of lipid signaling molecules
such as prostaglandins (PGs) and leukotrienes (LTs). This
plays a negative role in fracture healing and AA inhibition,
which resulted in the enhancement of fracture healing [4, 5].
According to a clinical study, total fat and animal fat rich in
saturated fatty acids might increase the risk of hip fractures
in elders [6]. Nevertheless, other FAs like eicosapentaenoic
acid (EPA) (20:5; n-3) and docosahexaenoic acid (DHA)
(22:6; n-3) were reported to reduce the risk of fractures [7].

Recently, remarkable benefits of n-3 PUFAs on bone
metabolism have been reported widely. Bonnet and Ferrari
have demonstrated that long-term supplementation of n-3
PUFAs promoted the strength of diaphyseal bone in mice
[8]. Consistent with the past investigation [3], our recent
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study also showed that endogenously produced n-3 PUFAs
attenuated the bone loss of ovariectomized mice through
bone marrow adipogenesis inhibition [9]. In addition, serum
levels of n-3 PUFAs were positively correlated with the bone
mineralization in both mice and human, and the fracture risk
was increased by intake of saturated FAs while reduced by
intake of n-3 PUFAs [3, 6, 10–12].

Although potential benefits of n-3 PUFAs on bone
metabolism are promising, no study has yet evaluated the
role of n-3 PUFAs on fracture healing or management of diet
postfracture. Moreover, fat-1 transgenic mice can convert
n-6 to n-3 PUFAs endogenously; this transgenic mice pro-
vide an opportunity to distinguish the regulatory role of n-3
PUFAs [13]. Therefore, the purpose of this present study is
to investigate the efficacy of endogenously produced n-3
PUFAs on fracture healing in mice femoral fracture model.

2. Materials and Methods

2.1. Animals and Diet. All animal experiments were carried
out with the approval of Southern Medical University
Animal Care and Use Committee in accordance with the
ethical treatment of animal guidelines. All surgeries were per-
formed under chloral hydrate and xylazine anesthesia, and all
efforts were made to minimize animal suffering. Briefly, fat-1
transgenic mice were mated with C57BL/6 wild-type mice to
obtain fat-1 positive C57BL/6 mice (fat-1) and fat-1 negative
C57BL/6 mice (WT). The genotypes of mice were identified
by the presence of fat-1 gene. Mice were housed under
specific pathogen-free (SPF) conditions with day and night
cycles of 12 h each. The temperature and humidity was
maintained at 25± 3°C and 65± 5%, respectively, and fed
diets containing 10% corn oil. After 12 weeks postnatal, sixty
mice were selected and were randomly divided into the
following two groups: WT (n = 30) and fat-1 (n = 30), 6 mice
were randomly selected and harvested at each time point.

2.2. Surgical Procedure.Mice were anesthetized by intraper-
itoneal injection of xylazine (25mg/kg body weight) and
ketamine (75mg/kg body weight); then a 4mm medial
incision was performed on the right knee, and the patella
was dislocated under sterile condition. After a hole (0.45mm
in diameter) was drilled into the intracondylar notch by
using a 26-gauge needle, a guide wire (0.2mm in diameter)
was inserted into the femoral intramedullary canal through
the needle. The needle was removed, and the guide wire
was retained to stabilize the impending fracture. Then, a
standardized proximal fracture was manifested on right
femur by using a 3-point bending devices. Subsequently, for
establishing a simulation model of internal fixation in clinic,
a nail (0.45mm in diameter) was implanted through the
guide wire. Finally, the patella was repositioned, and the
incision was closed in the 2 layers; the guide wire was
removed and extended beyond the needle cut.

2.3. Sample Harvest. Mice were anesthetized via intraperi-
toneal injection with pentobarbital sodium phosphate-
buffered saline (PBS) solution of 30mg/kg body weight and
were sacrificed for harvesting right femur samples at weeks

1, 2, 3, 4, and 5 after fracture establishment. The right femurs
were then stored at 4°C for further analysis.

2.4. X-Ray Radiography. Radiographs were measured by
digital radiographic system (Kodak, DirectView DR 3500,
Rochester, NY). The right femurs of each group were ana-
lyzed at weeks 1, 2, 3, 4, and 5 postfracture, respectively.
Fracture healing was evaluated with callus maturity by using
Goldberg classification (stage 1: nonunion, stage 2: possible
union, and stage 3: complete union) [14]. Mean radiological
score of 5 weeks was calculated for both groups.

2.5. Micro-Computed Tomography (Micro-CT). Micro-CT
scan was used for measuring with ZKKS-MCT-III micro-
CT system (Guangzhou Zhongke Kaisheng Medical Tech-
nology Company Ltd., Guangzhou, China). Each sample
was placed and then secured with foam board to avoid
shifting during scan.

2.6. Histological Analysis. At 1, 2, 3, 4, and 5 weeks postfrac-
ture, right femurs were collected and were decalcified by 19%
EDTA solution for about 2–4 weeks and then were dehy-
drated through successive grades of ethanol, rinsed with
xylene, and embedded in paraffin. Sections of 4μm were
prepared sagittally at the fracture site. The sections were
stained by Safranin O/Fast Green staining (SO/FG) and were
observed under a light microscope (Olympus BX51, Japan).

2.7. Statistical Analysis. Data were expressed as mean±SD,
and Student’s t-test was performed to analyze statistical
significance. Representative experiments were presented in
the Results section and figures of this study. Statistical
significance was achieved when p < 0 05.

3. Results

3.1. X-Ray Analysis. The results revealed that in the same diet
conditions, no significant difference was presented in the
body weight of mice in the two groups (p > 0 05, data not
shown). The fracture healing of each group was assessed by
X-ray analysis at 1, 2, 3, 4, and 5 weeks postsurgery
(Figure 1). X-ray radiographs (Figure 1) demonstrated that
the fracture line was observed in the WT group at 4 weeks
postfracture, but was barely detectable in fat-1 group at the
same time. In addition, results showed that callus formation
in fat-1 group reached peak at 2 weeks postfracture, which
was earlier than that in WT group (3 weeks postfracture).
Calcified calluses and bone unions were observed in WT
mice at 3 and 4 weeks postfracture, respectively, but was
accelerated in fat-1 mice (2 and 3 weeks postfracture).
Moreover, remodeling of calcified callus was initiated at
3 weeks postfracture in fat-1 group when compared to
WT group (5 weeks postfracture).

Simultaneously, for a better measurement of fracture
healing, Goldberg classification was used to reveal the callus
maturity in the two groups at 5 weeks postfracture [14].
Results showed that the score of fat-1 group (n = 6 for each
time point) was significantly higher than that of WT group
(Figure 2). Taken together, these data suggested remarkable
acceleration of fracture healing in fat-1 mice and the
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endogenously produced n-3 PUFAs promoted the fracture
healing process of mice.

3.2. Micro-CT Measurement. To measure the mineralization
of fracture 3D reconstruction of the fractured femur was
performed at 5 weeks postfracture, respectively. Though all
the fracture healing process has been completed at this time
point, the cortical remodeling and cortical bone mass in the
fracture area of fat-1 group presented a significant enhance-
ment compared to those of WT group (Figure 3). These
results suggested that in addition to the acceleration of

bony regeneration, the endogenously produced n-3 PUFAs
enhanced the strength of new bone as well.

3.3. Histological Analysis. To evaluate the formal healing
process postfracture of each group, SO/FG stain of each
group was performed at 1, 2, 3, 4, and 5 weeks after fracture
(Figure 4). The fracture healing process of mice undergoing
callus formation, endochondral ossification, and remodeling
was described previously [15]. In our observations, mature
woven bone and continuous callus formation were presented
in the fracture area of fat-1 group at about 3 weeks postfrac-
ture, but early formation of these in WT mice (5 weeks) sug-
gested a promotion of endochondral ossification during the
fracture healing process of fat-1 mice. In addition, clear
remodeling was observed in fracture area of fat-1 mice at
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Figure 2: TheGoldberg scores of two groups at 5weeks postfracture.
∗ p < 0 05.

5 wWT fat-1

Figure 3: Bone remodeling of WT and fat-1 mice at 5 weeks
postfracture.
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Figure 4: Histological measurement of WT and fat-1 mice at 1, 2,
3, 4, and 5 weeks postfracture.
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Figure 1: X-ray images of WT and fat-1 mice at 1, 2, 3, 4, and
5 weeks postfracture.
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3 weeks postfracture, while remodeling was initiated in WT
mice at 4 weeks postfracture. Therefore, our results showed
that fat-1 mice exhibited acceleration in callus formation,
endochondral ossification, and remodeling process com-
pared to WT group.

4. Discussion

Recently, the positive roles of n-3 PUFAs in bone remodeling
and antiosteoporosis have been demonstrated [3, 16]. Simul-
taneously, the reduction of n-6/n-3 PUFA ratio in the serum
level was positively correlated with mammalian bone min-
eral density (BMD) and mechanical loading as well [17].
Although former studies have already provided new insights
into the effects of n-3 PUFAs on bone metabolism, only few
studies focused on the effects of n-3 PUFAs on fracture
repair. Therefore, in this present study, we utilized the
transgenic fat-1 mice to determine if the endogenously
produced n-3 PUFAs could accelerate fracture healing.
To our knowledge, this study is the first study to reveal
the effect of endogenous n-3 PUFAs on fracture healing
by establishing a transgenic animal model.

Omega-3 polyunsaturated fatty acids are a group of
essential fatty acids which cannot be synthesized in sufficient
amounts in the body, therefore, they can be supplemented
through human diet [18]. The potential health benefits of
these have been demonstrated in the past decades, which
reduced the risk of coronary heart disease and fracture, and
other potential benefits in the prevention and treatment of
autoinflammatory disorders, and insulin resistance [19].
The fat-1 mice are accomplished by transgenic technique
and can endogenously converse n-6 PUFAs to n-3 PUFAs,
thus were compared to WT mice. The serum ratio of n-6/
n-3 PUFAs was significantly lower in fat-1 transgenic mice
compared with control that had sufficient n-6 PUFA intake
[13]. In the present study, to eliminate the potential interfer-
ence factors from diets, fat-1mice were chosen to investigate
the efficacy of n-3 PUFAs on fracture repair.

Similarly, our results showed a remarkable acceleration
of healing time in fat-1 mice compared to WT mice both
radiologically as well as histologically [8]. Meanwhile, the
terminal BMD and remodeling in the facture area of fat-1
mice enhancement suggested that endogenous n-3 PUFAs
can promote fracture healing and optimized the final miner-
alization of fracture in mice.

Although the present study provided advanced evidence
to indicate the positive role of n-3 PUFAs in fracture repair
and bone metabolism, the clear mechanism of n-3 PUFAs
in modulating the bone repair was absent in our results;
this point was the major limitation of our investigation.
Therefore, in our future works, the potential signaling that
is correlated with skeletal and FA metabolism should be
clearly distinguished.

Some studies suggested that AA, a classic n-6 PUFA, has
been reported to inhibit endochondral ossification and bone
mineralization through activating inflammatory factors like
PGE-2 and LTs [20, 21]. In addition, diet supplementation
of AA promoted bone formation and reduced the postmeno-
pausal bone loss [22]. Moreover, serum phospholipid levels

of n-3 PUFAs were positively associated with BMD in
healthy populations and high serum levels of n-3 PUFAs
reduced the risk of osteoporosis in postmenopausal women
[23, 24]. Bone-remodeling process was considered to be the
vital factor in the maintenance of adult bone mass [25, 26],
and consistent with these investigations, our study results
demonstrated acceleration of bone remodeling and callus
calcification in fat-1 mice postfracture.

Nevertheless, numerous evidences have proved the vital
role of inflammation in fracture healing, and the knockdown
of inflammatory factors in mice resulted in the delay of
bone repair [27]. Moreover, the local stromal cell recruit-
ment and angiogenesis in the fracture area suppressed the
inflammation and then reduced osteogenesis, which lead
to the retardation of fracture healing [28]. Therefore, the
positive role of n-3 PUFAs in skeletal metabolism is a com-
plex issue and need to be studied deeply. However, most of
the investigators believed in the hypothesis that n-6 PUFAs
convert to n-3 PUFAs endogenously or intake of n-3
PUFAs may promote bone repair by inhibiting inflamma-
tion. Although the mechanism still needed further research,
n-3 PUFAs has been shown to reduce the formation of
PGE-2 and promotes bone formation through enhancing
the expression of insulin-like growth factors, which are
powerful growth stimulators for bone remodeling [29, 30].
Meanwhile, muscle-derived n-3 PUFAs have also been shown
to increase the digestive calcium absorption and decrease the
release of inflammatory cytokines of osteoclasts [29].

In the present study, endogenous conversion of n-6 to
n-3 PUFAs promotes terminal differentiation of endochon-
dral ossification and accelerates remodeling of calcified callus
in fracture healing of fat-1 mice. With multiple beneficial
effects of n-3 PUFAs in cardio-protection and insulin resis-
tance reduction [16], intake of these has potential application
in fracture healing. Our study provides compelling evidence
to support the dietary supplementation of n-3 PUFAs in
fractures. Meanwhile, a lower n-6/n-3 PUFA ratio should
be considered as an impact factor in the diet management
of patient with bone fracture.

5. Conclusion

We investigated the effect of endogenous n-3 PUFAs on
fracture healing by measuring femur fracture repair in both
fat-1 transgenic mice and WT mice in this study. Our results
showed that compared with WT mice, fat-1 mice exhibited
accelerations in healing the fracture. Meanwhile, better endo-
chondral ossification and remodeling callus were presented
in fat-1 mice postfracture. In conclusion, the present study
indicated that endogenously produced n-3 PUFAs promoted
fracture healing process and accelerated bone remodeling,
which suggested that supplementation of n-3 PUFAs may
play a positive role in fracture healing.
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The main purpose of this study was to investigate the compensatory response of the muscle activities of seventeen major
muscle groups in the spinal region, intradiscal forces of the five lumbar motion segment units (MSUs), and facet forces
acting on the ten lumbar facet joints in patients with lumbar disc herniation (LDH). Twenty-six healthy adults and
seven LDH patients performed trunk flexion, ipsilateral picking up, and contralateral picking up in sequence. Eight
optical markers were placed on the landmarks of the pelvis and spinal process. The coordinates of these markers were
captured to drive a musculoskeletal model to calculate the muscle activities, intradiscal forces, and facet forces. The
muscle activities of the majority of the seventeen major muscle groups were found increases in LDH patients. In
addition, the LDH patients displayed larger compressive forces and anteroposterior forces on all the five lumbar MSUs
and more lumbar facet inventions on most facet joints. These findings suggest that the LDH patients demonstrate
compensatory increases in the most trunk muscle activities and all spinal loads. These negative compensatory responses
increase the risk of the aggravation of disc herniation. Therefore, treatment should intervene as earlier as possible for
the severe LDH patients.

1. Introduction

Low back pain (LBP) is a major health problem that has an
enormous effect on many people especially on those who
are sitting for prolonged periods. The patients with LBP usu-
ally alter their motion patterns to compensate for limited
functional motion through different strategies [1]. This alter-
nation may cause local or global musculoskeletal overload
which is believed to play a causative role in exacerbating
the back disorders or pain [2, 3].

Trunk flexion is a major component of many activities of
daily living (ADLs) and is also a routine examination pro-
gram in the clinical evaluation of LBP [4]. Picking up an

object from the floor is also common, but harder, functional
activity and may reveal more compensatory strategies in LBP
patients. Studies about the two activities have mainly focused
on the kinematic analysis including the ranges of motion
(ROM) in the lumbar, pelvis, and hip [1, 5–7] and the
rhythm between lumbar and hip [8, 9] or between lumbar
and pelvis [10–12].

Relevant kinetic studies during the trunk flexion and
picking up activities have been limited to the people with-
out back pain [13–15]. Two studies [16, 17] on healthy
people have found that the spinal loads and muscle activ-
ities would be altered when they were required to change
their lumbar rhythm subjectively. Patients with LBP

Hindawi
Journal of Healthcare Engineering
Volume 2017, Article ID 6294503, 10 pages
https://doi.org/10.1155/2017/6294503

https://doi.org/10.1155/2017/6294503


usually adjust their lumbar rhythm due to pain, which
may increase the spinal loads and muscle forces and there-
fore place their trunk system in higher risks of back disor-
ders, tissue injuries, and fatigue.

However, most LBP patients’ kinetic studies related to
the loads acting on the lumbar region have mainly
focused on the different kinds of lifting [18–21] and sit-
to-stand [22, 23]. It has been found that LBP patients
demonstrate greater compressive forces and shear forces
acting on the lumbar region during lifting. Nonetheless,
to the authors’ knowledge, none of previous reports from
the literature have explored the effect of LBP on compres-
sive force and shear force of every lumbar motion seg-
ment unit (MSU) during ADLs such as trunk flexion
and picking up.

Apart from the intradiscal forces, the muscle forces
and activities are also affected by LBP in previous stud-
ies. Yahia et al. [24] have found that LBP patients dis-
play the deficit of trunk muscles, especially in the
extensors when carrying out the isokinetic evaluation.
Dubois et al. [25–27] have also reported that LBP would
induce increases in lumbar erector spinae (ES) activities
during functional tasks.

Facet joint (FJ) is a part of the three-column structure
of the vertebrae and plays an important role in load trans-
mission and maintenance of the stability of the spinal
motion. In previous kinetic studies during ADLs, the FJ
was usually not taken into consideration. However, the facet
orientation in the lumbar region has been found irregular
alteration in lumbar disc herniation patients [28]. Also,
the facet forces have been found amplification under
excessive physiological loads that could be induced by
LBP [29].

LBP includes a variety of subtypes. The kinematic differ-
ence has been found among different subgroups of LBP
patients during different ADLs [12, 30, 31]. Likewise, the
muscle activation patterns have also been found to be hetero-
geneity among LBP individuals [32].

Thus, the purpose of this study was to investigate the
impact of LBP caused by lumbar disc herniation (LDH)
on intradiscal forces and facet forces at five lumbar MSUs
and the activities of the eight back main muscle groups
and nine front main muscle groups in the spinal region
during trunk flexion, ipsilateral picking up, and contralat-
eral picking up. We explored three hypotheses: (1) there
were more back muscle activities and less front muscle
activities in LDH patients; (2) in the lumbar pathological
region, the compressive forces decreased while the antero-
posterior shear forces increased in patients with LDH; and
(3) there were more interventions of facet joint in the
LDH group.

2. Method

2.1. Subject. Twenty-six healthy adults (mean age 23.6± 1.92
years, mean height 169.9± 5.9 cm, mean weight 63.5± 8.4 kg)
and seven LDH patients (mean age 28.7± 4.5 years, mean
height 170.1± 3.4 cm, mean weight 67.4± 5.3 kg) participated
in this study. The inclusive criteria of the healthy group were

(a) no visible motor dysfunction, (b) no any kinds of surgery
within recent one year, (c) no any back pain, and (d) no
intense exercise 24 hours before trial. The enroll criteria of
LDH patients were that (a) the patients were diagnosed with
lumbar disc herniation in the course of discopathy in lumbar
spine. The diagnosis was made by at least two specialist
orthopedic surgeons and confirmed by X-ray imaging and
MRI. (b) The disc herniation was diagnosed to occur at the
lower lumbar level by MRI. (c) The patients had the ability
to conduct level walking and stair climbing. In the examina-
tion, the patients were required to attempt to walk and climb
stairs. They were deemed to maintain the movement ability if
they could perform at least 20 gait cycles. In this study, the
disc herniation was found to happen at L4L5 level in three-
seventh cases, at L5S1 level in another three-seventh cases,
and at both L4L5 and L5S1 levels in one-seventh cases. This
study was approved by the Department of Orthopedics of
Shenzhen Second People’s Hospital in China. All the partic-
ipants were given informed consent before trial.

2.2. Protocol. The subjects lay in the prone position on a
bed, and one surgeon helped to locate the landmarks of
the spinous processes of the third and seventh thoracic
vertebra (T3, T7), of the first, third, and fifth lumbar ver-
tebra (L1, L3, L5), left and right posterior superior iliac
spine (LPSIS, RPSIS), and the iliac crest (IC). Then eight
3D active optical markers were placed on these landmarks
(Figure 1(a)). The Optotrak Certus motion analysis system
(Northern Digital Inc., Ontario, Canada) was applied to
capture the motion of these optical markers at the sample
rate of 100Hz.

Before trials, one surgeon demonstrated the activities of
trunk flexion, ipsilateral picking up, and contralateral picking
up (Figure 1(b)) and then guided them to practice the three
activities several times until they felt they could perform
every activity naturally. Every trial was repeated three times
for data collection.

2.3. Testing Procedure. Before the trial, the participants
maintained a neutral upright standing position for at least
five seconds to collect the data of baseline. Then, they flexed
forward to their maximum voluntary rotation and subse-
quently returned to their initial position. During the process,
the subjects were asked to keep their knee extended. After
finishing the task of trunk flexion, the subjects were allowed
to take a no more than ten-minute rest. Next, the subjects
picked up a small adhesive tape two hundred millimeters
in front of their right foot using their right hand. During this
ipsilateral picking up activity and subsequent contralateral
picking up activity, the subjects were encouraged to give pri-
ority to flex their trunk. Likewise, the subjects would have a
rest. Afterward, they picked up the object in front of their
left foot using their right hand. During the two types of pick-
ing up, the subjects were not encouraged to flex their knees
except that some subjects could not finish the task without
knee flexion.

2.4. Musculoskeletal Model and Simulation. A generic
FacetJointModel model in the Anybody managed model
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repository (AMMR, version 1.6) of Anybody modeling
system (Anybody modeling system version 6.0.6, Aalborg,
Denmark) was applied to calculate the muscle activities,
intradiscal forces, and facet forces. This inverse dynamic
analysis software and the model were selected since it
could quickly predict the forces in a redundant system.
In addition, this model has been validated in terms of
the minimum-maximum optimization algorithm [33]
which was used to solve the recruitment problem. A
detailed description of the model has been previously
reported and developed by de Zee et al. [33, 34]. In brief,
the spinal region consisted of the cervical, thoracic, and

lumbar spines. The cervical and thoracic segments were
modeled as a single lumped segment. The lumbar spine
included five rigid bodies. These segments were connected
with an intervertebral joint which was modeled as a spher-
ical joint. The location of each joint was based on the
work by Pearcy and Bogduk [35].

The muscles in the model were divided into several func-
tional fascicles. The following muscle fascicles were involved
in this spine model: 5 transversus, 3 spinalis, 1 rectus abdo-
minis (RA), 58 erector spinae (ES), 38 lumbar multifidus,
24 thoracic multifidus, 12 oblique externus, 12 oblique inter-
nus, 22 psoas major, 10 quadratus lumborum, and 18

T3

T7

L1

L3

L5

LPSIS

RPSIS

IC

(a)

Trunk flexion

Ipsilateral pickup

Contralateral pickup

(b)

Figure 1: (a) Schematic of the marker placement. (b) Schematic of the test procedure.
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semispinalis. All the muscles fascicles were solved as force
component in the redundant model system and could only
exert tensile force [33, 36, 37].

The model also included ten facet joints in the lumbar
region. The location of each facet joint was modeled as a node
in the center of the facet contact side on each vertebra, and
the orientation of each facet joint was based on the work by
Masharawi et al. [38]. The facet force was determined by
the distance between the superior and inferior articular facet
points of the adjacent vertebra. The contact force solved by
this model has been validated based on previous studies [39].

In the Anybody system, the model was driven by the
default coefficient of spinerhythm. To investigate the
abnormal kinetic characteristics in LDH patients, the
model was developed and driven by the captured markers
placed on the landmarks of the selected segments. In this
study, the motions of L2, L3, and L4 were determined
by attributing different weights to the captured markers
(Table 1). The other two lumbar segments (L1, L5) were
driven using the default ratio of coefficient of spinethythm
between L1L2Jnt and L2L3Jnt and between L4L5Jnt and
L5S1Jnt, respectively. The pelvic segment was driven by
the three markers on the landmarks of the pelvis, and
the motion of thoracic segment was determined by the
two markers on the thoracic landmarks.

2.5. Data Analysis. The excursion angle of the thoracic seg-
ment with respect to the baseline was recorded. The analyzed
period defined the onset as the moment when the excursion
firstly reached the three degrees and the termination as the
moment when the excursion firstly raised at the ninety
degrees or maximum excursion angle in the condition that
the subjects could not flex their trunk over ninety degrees.
The maximum muscle activities of the seventeen main
muscle groups and the intradiscal forces were analyzed with
respect to every excursion angle and normalized to 0–90
degrees with ninety-one points. In addition, the intradiscal
forces were also normalized to the weight of every subject.

In the model, the facet force was zero when there was
no contact between the superior and inferior articular facet
points of the adjacent vertebra. In this study, less than
10N force was regarded as no contact and more than
50N force was considered as a strong contact. The facet
force between the two threshold values was deemed to
be weak contact. Thus, in the present study, the facet
intervention includes two levels, namely, the small level
that expresses the weak contact and the large level that
expresses the strong contact. The durations of small level
and large level in the whole period were counted, respec-
tively. Independent group t-tests were applied to analyze
the difference between healthy subjects and LDH patients
on the durations of facet contact in two levels. Data
analysis were performed using a custom-made program
implemented in MATLAB (The MathWorks, Inc.).

3. Results

3.1. The Activities of the Main Front and Back Muscle Groups
in the Spinal Region. During the trunk flexion movement,

there was a slight tendency towards larger maximum muscle
activities of the four back muscle groups (Figure 2) and IO,
EO, PM, and QL (Figure 3) in the end range of flexion. More-
over, the RA was consistently in a larger muscle activity com-
paring with that in the controls. During the ipsilateral
picking up movement, the patients demonstrated more
muscle activities of the four back muscle groups (Figure 2)
and PM, QL, right EO, and left IO of the front muscle groups
(Figure 3) with the increasing flexion angle. Similar to that of
trunk flexion, patients demonstrated higher muscle activity
of RA in the middle and end ranges of ipsilateral picking
up movement. During the contralateral picking up move-
ment, the maximummuscle activities of the four back muscle
groups in LDH patients were found larger than those in the
controls in the middle and end ranges of this movement.

3.2. The Intradiscal Forces in the Spinal Region. The com-
pressive forces and shear forces of all the five lumbar
MSUs are shown in Figures 4 and 5, respectively. During
the trunk flexion movement, LDH patients demonstrated
larger compressive forces on all the five lumbar interverte-
bral discs (LIDs) with the increase in the flexion angle.
During both ipsilateral picking up and contralateral pick-
ing up movements, there were significant increases in all
the five LIDs in the middle range of the picking up move-
ment in LDH patients. As the flexion angle increasing, the
LDH patients demonstrated larger shear forces on all the
five LIDs during all the three movements.

3.3. The Interventions of Facet Joints in the Spinal Region.
Figure 6 presents the durations of facet intervention on both
sides of the fiveMSUs during the analyzed period. During the
trunk flexion movement, LDH patients displayed signifi-
cantly longer durations of facet intervention on the left facet
of L2L3 at a small level, and on the left facets of L4L5 and
L5S1 at a large level. During the ipsilateral picking up move-
ment, there were significant increases in the durations of
facet intervention on the right facet of L2L3 at a small level
and left facets of L2L3, L5S1, the right facet of L5S1 at a large
level in LDH patients. In addition, the left facets of L1L2,
L2L3, L4L5, and L5S1 and the right facets of L2L3 and
L4L5 were found to prolong the durations of facet interven-
tion at a large level significantly during contralateral picking
up movement in LDH patients.

Table 1: The weight of markers in trunk section for lumbar
vertebrae and thoracic segment.

Marker T3 Marker T7 Marker L1 Marker L3 Marker L5

Thx 1/2 1/2 0 0 0

L2 0 0 1/2 1/2 0

L3 0 0 1/6 2/3 1/6

L4 0 0 0 1/2 1/2

Thx: the lumped thoracic segment; L1: the first lumbar vertebra; L2: the
second lumbar vertebra; L3: the third lumbar vertebra; L4: the fourth
lumbar vertebra; L5: the fifth lumbar vertebra; T3: the third thoracic
vertebra; T7: the seventh thoracic vertebra.
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4. Discussion

This study aims to explore how LDH affect themaximummus-
cle activities of the seventeen main muscle groups in the spinal

region and structural loads acting on every lumbar MSU
during trunk flexion and two types of picking up activities.

The maximummuscle activities of all the eight back main
muscle groups manifested an increasing tendency at the
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middle and end ranges of two picking up activities in patients
with LDH, supporting the first half of the first hypothesis.
However, the maximummuscle activities of all the nine front
main muscle groups were not found a reduction in LDH
patients which was not consistent with the last part of the
first hypothesis. The patients displayed greater compressive
forces and anteroposterior shear forces during the three
ADLs, which supported the first half of the second hypothesis
and disapproved the last half part of the second hypothesis.
The more facet inventions were found in patients with
LDH during the three ADLs, approving the third hypothesis.

In this study, the muscle activation patterns in LDH
patients were not all in consistent with the expectations. In
agreement with the previous literature [25–27], LDH patients
increased the muscle activities of the back main muscle
groups, which may be ascribable to muscle spasm [40] or
an attempt to improve spinal stability and protect damaged
passive tissue or structure [41–43]. However, the increased
muscle activities in the back region did not relieve the muscle
activities in the front region in the present study, which was
probably because the only increased back muscle activities
were not sufficient to compensate for the reduced passive
spine stability. Unfortunately, both the increase in the back

muscle activities and front muscle activities would lead to a
negative consequence because the causative and adaptive
relationship between the abnormal muscle activities and
lumbar disc herniation development may actually be circular:
a higher level of muscle activities predisposes to pain devel-
opment, following which the muscle activities further
increase to alleviate the pain, and the cycle perpetuates.

Compressive forces and shear forces are the two most
direct factors that affect the disc herniation [44]. In the third
hypothesis, LDH patients should decrease compressive force
to reduce the risk of aggravating the disc herniation and
increase shear forces as compensation. However, the hypoth-
esis was not validated in this study. The finding showed that
both compressive forces and shear forces were greater in
LDH patients than in healthy subjects, which was in accor-
dance with prior reports [18, 21, 32]. The larger compressive
forces and shear forces were related to excessive muscle coac-
tivity [45], and the increased muscle activities were also
found in this study. Moreover, the increase in the intradiscal
forces would impose damage to the annulus fibrosus and fur-
ther induce disc herniation [46].

The facet joint (FJ) is an important structure in lumbar
spine and plays a significant role in providing stability to
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Figure 6: The durations and levels of the facet intervention during the analyzed period. Large represents the sum of duration when the facet
forces are more than 50N; small represents the sum of the duration when the facet forces are between 10N and 50N. ∗ indicates the
significant difference between controls and patients.
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the spinal system. During trunk flexion, small intervention
played a predominant role in providing spinal loads. More-
over, five of the ten facet joints were found longer durations
of small intervention while only one found shorter duration
of small intervention in LDH patients. During ipsilateral
picking up and contralateral picking up, the ten FJs mainly
demonstrated intervention at a large level. In LDH patients,
the durations of large intervention were found significant
increases (P < 0 05) in three of the ten FJs during ipsilateral
picking up and six of the ten FJs during contralateral picking
up. Noteworthy was that none of the ten FJs was found a
reduction in durations of large intervention. These findings
might be due to the restriction in the direction of extension
and rotation by FJ [47] and the increased rotation move-
ment from trunk flexion to contralateral picking up activ-
ity. The increased FJ intervention in LDH patients might
also be a compensatory manifestation of the deficit of soft
tissue’ stability.

To sum up, it has been suggested that LDH patients
displayed more muscle activities, larger intradiscal forces,
and more facet interventions during trunk flexion and
two types of picking up. These changes might be a com-
pensatory response to relieve pain and improve spinal
stability. However, these responses further burdened the
trunk musculature, passive soft tissue, and spinal structure
during functional tasks. These findings revealed the com-
pensatory mechanism in LDH patients and the necessity
of receiving treatments for these patients in terms of spi-
nal loading system.

Some limitations of this study should be noted. First, the
sample of patients was relatively small, which might limit the
statistical power of the result. Second, only L1, L3, and L5
were placed on optical markers so L1 and L5 could not be
driven by captured markers directly. The intersegmental
motion difference between L1 and L2 and between L4 and
L5 was omitted, which might reduce the difference between
two groups in muscle force. Third, the definition of no con-
tact and strong contact of the facet joint was a little arbitrary.

5. Conclusions

The present study has shown that LDH patients displayed
more muscle activities in the majority of the seventeen
main muscle groups in the spinal region, greater compres-
sive forces and anteroposterior shear forces acting on the
five lumbar motion segment units, and more facet inter-
ventions in the majority of the ten lumbar facet joints.
The compensatory response of kinetics in LDH patients
played a rather negative role in maintaining the spinal
stability and further led to the development of disc herni-
ation. Therefore, patients with severe lumbar disc hernia-
tion should receive treatment intervention as early as
possible in terms of the compensatory response of muscle
activity and spinal load. Moreover, the method in the
study will be useful for clinician to assess the biomechan-
ical improvement after different treatments and may also
be used towards the development of more effective person-
alized rehabilitation strategies.
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Overweight and obesity increase risks of knee osteoarthritis, which is a major cause of disability. Severe knee osteoarthritis can be
treated by knee arthroplasty. Total knee arthroplasty has been used in overweight and obese patients; however, clinical reports
showed that the outcome of this group of patients was not good as normal-weight patients. Two computer models were created
in this paper to simulate the effect of excess loads on the distal femoral bone and contact pressures in total knee arthroplasty
during a gait cycle. The numerical results showed increased stress in periprosthetic distal femoral bones and higher contact
pressure on tibial polyethylene insert during the stance phase. Based on the computer simulation results and published research
work, cementless total knee arthroplasty with thicker tibial polyethylene insert may be a better option for overweight patients.

1. Introduction

Obesity has reached epidemic proportions globally, with
more than 1.9 billion adults were overweight in 2014 accord-
ing to World Health Organization and at least 600 million of
them are clinically obese. Overweight is a body mass index
(BMI) greater than or equal to 25 kg/m2, obesity is a BMI
greater than or equal to 30 kg/m2, and morbid obesity is a
BMI greater than or equal to 40 kg/m2. Obesity significantly
increases the risk of developing numerous medical condi-
tions including osteoarthritis, which is the commonest cause
of severe disability among older people in the UK and North
America [1]. Longitudinal data have shown that obesity is a
powerful risk factor for the development of knee osteoar-
thritis; for every 5 kg increase in weight, the risk increases
by 30% [2]. Leung et al. [3] studied the association between
body mass index and risk of total knee replacement; they
concluded that BMI is one of the most important predic-
tors of risk of knee osteoarthritis and the risk of total
knee replacement.

Osteoarthritis of the knee can be treated either conserva-
tively or surgically. Currently, the main surgical intervention
is knee replacement, and whilst highly effective for most
patients, all joint replacements will fail in time requiring revi-
sion [1]. Studies to date report conflicting results related to
the impact of obesity on total knee arthroplasty (TKA) out-
comes. A number of studies reported that obesity negatively
impacts on outcomes following TKA, specifically signifi-
cantly increasing the need for revision surgery [4], increasing
cost of rehabilitation [5], and reducing the survivorship of
the prosthesis [6] and focal osteolysis [7]. Conversely, other
studies reported that outcomes between obese and nonobese
patients following TKA are comparable, specifically in terms
of rate of complications and knee function [8] and general
and disease-specific measures of health and function [9].
Foran et al. [10] reported that the change of Knee Society
Score (KSS) which assesses knee pain and function in obese
patients after total knee replacement is about 20% less than
that of nonobese patients. Deakin et al. [11] in 2017 reported
that when compared to obese and nonobese patients,
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morbidly obese patients undergoing TKA had a four points
lower Oxford knee score.

A common public misconception is that osteoarthritis
leads to obesity and that the surgical treatment (joint
replacement) of this disabling joint disease leads to patient
weight loss. Booth [12] reported that only 18% of obese
patients lose weight after joint replacement. Recent study
by Schwartsmann et al. [13] from postoperative analysis
showed that patients undergoing TKA only reduce the
BMI slightly, 0.08 kg/m2. Therefore, it is important to study
the effect of excess weight on the total knee replacement
after the operation.

Gait analysis on obese individuals has identified kine-
matic adaptations including slower velocity, shorter step
length, increased double support time, decreased knee range
of motion, and larger ground reaction forces in the obese
compared to lean individuals [14]. Spyropoulos et al. [15]
compared the movement of the hip, knee, and ankle in obese
and normal-weight men while the subjects walked over level
ground at their preferred speed. Obese adults were found to
adopt a slower walking velocity than nonobese subjects dur-
ing testing. DeVita and Hortobagyi [16] tested the effects of
obesity on lower extremity joint kinetics and energetics dur-
ing walking by analysing the motion of obese healthy adults
and lean adults. They found obese participants used altered
gait biomechanics and had less knee torque and power at
their self-selected walking speed and equal knee torque and
power while walking at the same speed as lean individuals.

Physiological loads giving rise to implant-bone relative
micromovements of the order of 100 or 200μm may inhibit
bone in-growth, resulting in the formation of a fibrous tissue
layer around the prosthesis and eventually promoting loos-
ening of the implant [17]. Taylor and Tanner [18] proposed
that migration of implant is due to the progressive failure
of the supporting cancellous bone. The degree of implant
migration is dependent on the initial mechanical environ-
ment and can be determined using patient-specific finite
element analysis [19].

Au et al. [20] developed a three-dimensional finite
element model to study bone and interface stresses for four
different tibial prosthesis designs. All implant models dem-
onstrated a reduction of cancellous bone stress plus high
compression beneath the central fixation posts. Shi et al.
[21] developed a finite element model and studied the con-
tact pressure on two types of total knee replacement; they
identified the effects of malalignment and different loadings
on the outcome of total knee replacement.

Walker et al. [22] measured the quantitative changes in
bone mineral density (BMD) in the distal femur after cemen-
ted total knee arthroplasty in osteoarthritis knee joints. An
average decrease in bone density of 17.1% was measured
adjacent to the prosthesis at the 12-month follow-up exami-
nation. Bone loss was most rapid during the first 3 months
after TKA. Spittlehouse et al. [23] reported the greatest
BMD decrease of 16% in the distal anterior femur over the
first 6-month postoperative period in 16 patients with unce-
mented knee prostheses.

The exercise rehabilitation regimen adopted immediately
after a TKA is a very important factor because of the known

relationship between osseointegration and implant micro-
motion. Booth [12] suggested that modified postoperative
regimens were needed for obese patients, but there was a lack
of research indicating the modification required in the exer-
cise regimen. Bizzini et al. [24] reported, using a random
sample, that supplementing an exercise rehabilitation regi-
men with an adapted agility and perturbation training pro-
gramme can allow patients to regain better functions in the
activities of daily living within the first 3 postoperative
months. However, there is still a scarcity of research relating
to obese and morbidly obese patients.

The most common reasons for TKR revisions are poly-
ethylene wear and aseptic loosening. The generation of poly-
ethylene wear particles and the resulting osteolysis is a cause
of long-term loosening of TKR joint. Because of the change of
stress status postoperatively, bone remodelling after TKA is
also an important factor causing malalignment and loosen-
ing. Therefore, the effect of overweight and obesity on the
TKA needs to be studied; in the paper, TKA components
were modelled within a lower limb during a gait cycle, and
the effect of excess weight on the stresses in the distal femoral
periprosthetic bone were investigated. The changes of con-
tact pressures on tibial polyethylene insert due to excess
weight were also simulated.

2. Methods

2.1. Computer Models. Two computer dynamic models were
created using MSC/ADAMS and used to study the effect of
overweight on the distal femur and implants. Computer
model one (CM1) shown in Figure 1 was used to investigate
the influence of body weight on stress distribution in the dis-
tal femoral bone during a gait cycle. The geometrical models
of the lower limb in this computer simulation model were
obtained from the University of Brussels website [25]. The
TKR implant used in the simulation is based on PFC Sigma
system implant. The lower limb bone models in STL format
were imported into MSC/ADAMS. The CM1 consists of ana-
tomically correct bone models of the femur, tibia, fibula, and
patella. The ligaments were added in anatomically correct
location, and the knee prosthesis were inserted to ensure sat-
isfactory alignment. Zero degree posterior slope of tibial tray
was created to assemble the implant. The computer model
two (CM2) shown in Figure 2 was used to study implant con-
tact pressures related to wear testing and investigate the
influence of overweight on the contact pressure in the tibial
bearing component. The CM2 has six degrees of freedom,
three translations, and three rotations of the knee joint. The
femoral component was allowed to move vertically in the
inferior-superior direction to rotate about a frontal axis to
simulate valgus and varus rotation and to rotate about a
transverse axis to simulate flexion and extension. The tibial
components were allowed to translate in the anterior-
posterior (AP) and medial-lateral (ML) directions and rotate
about a fixed vertical axis located in the middle of the tibial
condyles to simulate internal-external (IE) rotation. In
CM2, the total AP translation restraint spring stiffness is
30N/mm. The coefficient of friction between the femoral
component and tibial bearing component is 0.04.
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2.2. Loadings and Material Properties. The first loading case
is shown in Figure 3 and referred as normal weight loading;
hip vertical and quadriceps load during a gait cycle were
applied on CM1. The load data was adopted from published
work [26–28]. A quadriceps force balances the vertical load
through the patella ligament. The loading cases of 1.5 and 2
times normal weight were simulated by applying 1.5 and 2
times vertical load and quadriceps load, respectively. Stress
distributions in the distal femur under different body weights
can be obtained and compared. Boundary conditions on

CM1 were applied to reproduce the Purdue knee simulator
environments [27]. The Purdue simulator applies a vertical
load and a flexion angle at a simulated hip and controls the
horizontal AP and ML ankle translation. Rotation of the
ankle in all directions is allowed in the computer model.
The inputs to this computer model include vertical axial load
on hip, quadriceps force, tibio-femoral AP translation, and
AP and ML ankle translation. Loads and material properties
used in this computer model are the same as those used in the
published paper [21].

Femur

Distal femur
�exible part

Patella

Tibia

Fibula

PCL

MCLLCL

Patella tendon

Back view

Front view

Lateral view

Figure 1: Finite element model of a total knee arthroplasty in a lower limb.

(a) (b)

Figure 2: Finite element models of total knee arthroplasty components: (a) TKA computer model and (b) finite element mesh of the model.
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With CM2, a gait cycle was simulated; the time histories
for the axial force, internal and external torque, AP force,
and flexion and extension angles are adopted from ISO
14243-1 [29]. The ISO is about test loading and displacement
parameters for wear-testing machines for wear of total knee-
joint prostheses. The IE rotation restraint was 0.6Nm per
degree according to ISO 14243-1. A 1.5 times vertical load
was applied on the CM2 to simulate overweight.

The nonlinear material property of polyethylene is used
as the same as in the paper of Taylor and Barrett [30]. As
reported in the papers [31, 32], that polyethylene insert thick-
ness is a very important factor in the design of total knee
replacement, the thickness affects the wear of polyethylene;
therefore, three thickness of tibial polyethylene insert
6.8mm, 9.6mm, and 12.3mm were also compared for nor-
mal and overweight gait loads in this paper. The material
properties in the two models are listed in Table 1.

3. Results and Discussion

Compared with Halloran’s research work [27], the maximum
posterior translation of tibial components obtained in this
paper was 5.89mm that is higher than the 5mm in Halloran’s
research. The maximum internal rotation of the tibial tray
obtained in this paper was 3.9° that is lower than the 4.6°

in Halloran’s research. The difference may be due to differ-
ent implant geometries that were used; however, the results
are comparable.

3.1. Influence of Body Weight on Stress Distribution in Distal
Femur. Using the computer model CM1 shown in Figure 1,
which simulated the hip and quadriceps forces, the stress
distributions in the distal femoral bone were simulated for
normal weight and 1.5 and 2 times normal weight, respec-
tively. To show the effect of overweight clearly on the stresses
in the distal femur during a gait cycle, stresses in different
zones were compared; these zones are labelled and shown
in Figure 4.

The von Mises stress at different zones for normal weight
and 1.5 and 2 times the normal weight is plotted and shown
in Figure 5. The increase of stress levels in all zones in

conditions of overweight can be seen in Figure 5. Stresses at
15% and 50% of the gait cycle increased approximately in
proportion to weight because the vertical force was the major
force component during the stance phase period. However,
the increase of stresses in the bone at 70% of the gait cycle
was not proportional to the body weight. It can therefore be
concluded that the increase of stress for overweight patients
is directly related to the vertical load on the knee joint during
walking. It was noticed that the stress values in zone 1 is
much higher than other zones in Figure 5; this is because
the zone 1 is cortical bone and other zones are cancellous
bone. The increase rate of stresses in zone 1 at 15% of gait
cycle is higher than the increase rate of load. In this computer
simulation of TKA during a walking gait cycle, the increase of
stress in conditions of overweight may result in the failure of
bone-implant interface.

The increased weight leads to higher forces at the inter-
face between bone and TKA components, which increases
the chance of component aseptic loosening. Bagsby et al.
[33] studied TKA in morbidly obese patients; after compar-
ing the outcomes of cemented and cementless TKA, they
concluded that cementless TKA may be a good option for
morbidly obese patients, because a long-term biologic inter-
face may better tolerate the excess loads generated at the
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Figure 3: Hip axial (vertical) and quadriceps load during a gait
cycle.

Table 1: Material properties.

Material
Elastic modulus

(MPa)
Poisson’s
ratio

Cortical bone 17,962 0.3

Metaphyseal cortical
bone

7500 0.3

Cancellous bone 1 1091 0.3

Cancellous bone 2 400 0.3

Cancellous bone 3 100 0.3

Bone cement (PMMA) 2100 0.4

Cobalt-chrome alloy 193,000 0.29

Titanium alloy 110,000 0.33
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Figure 4: Distal femoral zones defined adjacent to the prosthesis.
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bone-metal interface. The analysis in this paper did show the
increased stress values in bones next to the TKA components
and agrees with the findings by Bagsby et al. [33].

3.2. Effect of Body Weight on Tibio-Femoral Contact Pressure
and Tibial Polyethylene Thickness in Mitigating the Effect.
The second computer model CM2 shown in Figure 3
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Figure 5: Comparison of stress distribution in distal femur after TKR with different body weight at (a) 15% of gait cycle, (b) 50% of gait cycle,
and (c) 70% of gait cycle (L is for lateral condyle and M for medial condyle).
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simulates the TKR wear test environments as specified in the
ISO standard. Therefore, this model is used to show the effect
of overweight on the contact pressures in TKR. To investigate
the influence of body weight on contact pressure in knee
components, normal weight and overweight were simulated
with the FE model CM2. An increased vertical load of 1.5
times the normal load was applied to simulate overweight.
Taylor and Barrett [30] found that the thickness of tibial
polyethylene insert affects the contact pressure on the poly-
ethylene; the contact pressure decreased when the thickness
of polyethylene increased. Therefore, three thickness of
polyethylene were modelled to show how the thickness
of the tibial insert could mitigate the effect of overweight.
Figure 6 shows the maximum contact pressure in the TKR
with different thickness of polyethylene inserts under normal
weight and overweight loads; contact pressure is shown as the
function of a gait cycle. On the tibial polyethylene inserts,

contact pressures in the 9.6 and 12.3mm thickness design
were lower than the 6.8mm design under the normal weight
and overweight loads. It can be seen that the maximum
contact pressures are 25MPa and 20.7MPa on the 6.8mm-
thick tibial polyethylene insert, and these values were
decreased to 20MPa and 17MPa on the 9.6mm-thickness
under 1.5 times and normal weight load, respectively.
Therefore, the increased tibial polyethylene thickness could
mitigate the adverse effect of increased weight in obese
patients. The maximum contact pressure on the 12.3mm
thickness tibial polyethylene insert is nearly the same as
in the 9.6mm thickness; this means that an optimal thick-
ness of tibial polyethylene insert could be determined for
obese patients.

Liza et al. [34] studied the wear of a retrieval of a 10-year
tibial polyethylene insert. As they mentioned, there were
several damage modes to the polyethylene. Delamination
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Figure 6: Comparison of maximum contact pressures on tibial polyethylene inserts under the load of (a) normal weight and (b) 1.5 times the
normal weight.
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and pitting which are related to fatigue wear were the most
common feature of damage on tibial polyethylene inserts;
the increased contact pressure will cause more wear. From
the simulated results in this paper, it can be seen that contact
pressures on the polyethylene insert were increased due to
excess weight; however, the increased thickness of polyethyl-
ene decreased the contact pressure. When a thicker tibial
polyethylene insert is designed in TKR, thinner tibial metal
tray could be used to minimise bone cutting in the tibia.
Recent research work on the effect of tibial metal tray
thickness on tibial bone remodelling by Martin et al. [35]
showed that there was a significant increase in the medial
tibial bone loss in the metal tibial tray of 4mm-thick than
in the 2.7mm-thick tibial tray. Therefore, thick tibial poly-
ethylene inserts and thin metal tibial tray could be used in
TKR for overweight and obese patients. Gait analysis [14]
on obese individuals showed that they have shorter step
length and larger ground reaction forces compared to lean
individuals. The shorter step length requires more steps
for obese patients to cover the same travel distance than
normal people. The increased number of cycles and higher
contact pressure are not good for the wear of polyethylene;
therefore, more research on the TKR for obese patients
should be carried out. Although this research were able to
show the effect of overweight on TKR, it has limitations
because the gait cycle of obese individuals was assumed to
be similar to the normal people but with increased hip
and quadriceps forces. To improve the finite element
modelling of obese patients with TKR, gait measurement
of this group should be conducted and patient-specific
model should be created in future analyses.

The rehabilitation exercise after TKR is important in
patient recovery and gain knee function. The computer
models created in this research can be used to facilitate the
simulation of the impact of obesity during postoperative
exercise rehabilitation regimens following TKA, specifically
it will identify if any particular exercise exacerbates stress/
loading around the TKA components.

4. Conclusion

From the analysis of the total knee arthroplasty using the
computer models, the stresses in the distal femoral bone
were found to increase with body weight. Stresses at 15%
and 50% of the gait cycle increased approximately in pro-
portion to weight. The maximum stress in femoral bone
was increased from 7.8 to 16MPa when the body weight
was doubled at 50% of the gait cycle. The higher stress
indicates that the risk of femoral component migration
will increase with the excess body weight. From the simu-
lation of total knee components with increased load, the
maximum contact pressures on the tibial polyethylene
inserts were increased; this can lead to more wear in the
tibial polyethylene inserts. Based on the simulation results
in this paper and other researchers’ findings, cementless
total knee arthroplasty with thick tibial polyethylene insert
and thin metal tibial tray may be a better option for over-
weight patients.
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Because of the minimal soft tissue injury, the laparoscopic-assisted internal fixation is a promising technique in
fixing the pelvic anterior ring fracture. The aim of this study was to investigate the biomechanical performance
of the laparoscopic-assisted plate by the finite element method. Four kinds of implants were investigated, that is,
the laparoscopic-assisted plate (LAP), the percutaneous anterior pelvic bridge (PAPB), the transramus intraosseous
screw (TIS), and the open reduction (OR). The stability of the implants was investigated under three loading
cases, showing that when the LAP was used, the stress at the fracture site was smaller than that at other parts,
while for other implants, the high stress was always around the fracture site. In conclusion, the LAP demonstrated
a good biomechanical performance in fixing the pelvic anterior ring fracture and is a promising technique in
clinical applications.

1. Introduction

The pelvis is a bony structure complex, consisting of several
segments that form a solid ring, which protects the organs
(vascular structures, genital, urinary, and gastrointestinal)
that it contains [1, 2]. The disruption of the pelvic ring often
resulted from high-energy traumas, accounting for 3%-4% of
all fractures, and has a high mortality of 19% [1, 2]. Pelvic
anterior ring fixation methods, such as the formal open plat-
ing, external fixation, and transramus intraosseous screw
fixation, are currently widely used in clinics [2]. Recently, a
laparoscopic-assisted minimally invasive technique was
developed for fixing pelvic ring fractures [3, 4]. This tech-
nique has many advantages, such as minimal soft tissue dis-
section, diminished blood loss, and reduced postoperative

pain. Clinically, the authors’ group has successfully com-
pleted one case using the laparoscopic-assisted plate (LAP)
in treating a 35-year-old patient who had anterior pelvic ring
fractures on both sides. The X-ray image after the operation
is shown in Figure 1.

When the pelvic ring was fixed, a stable effect was
expected by the surgeons. Therefore, the biomechanical sta-
bility is a key parameter for evaluating the performance of
the implant. Generally, experimental testing and finite ele-
ment analysis (FEA) are two widely used approaches to
investigate the stability of the implants, but there are very
limited investigations on the implants used in fixing pelvic
anterior ring fractures. On the experimental side, Acklin
et al.’s study is the only work which performed a mechanical
testing on the plates and screws used in anterior pelvic ring
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fractures, and it was found that the plates were superior to the
screws [5]. On the FE side, although FEA is proved to be an
effective tool for choosing the best surgical method [6, 7],
there is no previous numerical work on the investigation of
the biomechanical stability of the implants used in fixing
the pelvic anterior ring factures.

Giving the fact that the laparoscopic-assisted plate (LAP)
is a new technique in fixing the pelvic anterior ring fracture
and there is no investigation on the stability of the LAP, the
aim of this study was to evaluate the biomechanical stability
of the LAP and compare its stability with three other implant
fixations, that is, the laparoscopic-assisted plate open reduc-
tion, percutaneous anterior pelvic bridge, and transramus
intraosseous screw.

2. Material and Method

2.1. Clinical CT Scan. The CT scan of a 25-year-old healthy
male was performed with a 64-Slice LightSpeed1 CT Scan-
ner (Phillips, Netherlands). The CT data was obtained with
an image interval of 1.0mm and an image resolution of
0.69× 0.69mm2.

2.2. Finite Element Model of the Pelvis. The CT images were
segmented through a semiautomatic process based on the
pixel density using the image processing software Mimics
(version 16, Software and Services for Biomedical Engineer-
ing, Materialise HQ, Belgium). The 3D geometry model
was created and smoothed using the reverse engineering soft-
ware Geomagic Studio (version 12, Raindrop Geomagic, NC,
USA), and a bone fracture at the anterior ring of the pelvis
was generated (Figure 2). The FE mesh was generated in
the FE preprocessing software Hypermesh (version 13.0,
Altair Engineering, Troy, MI, USA), and the FE mesh was
imported to the FE analysis software Abaqus v.6.12
(version 6.12, Dassault Systemes Simulia Corp., Providence,
RI, USA) for the calculations. The cortical bone of the
pelvis was assumed to have a homogeneous thickness of

1.6mm [8]. The FE model of the pelvis contains 349164
linear triangle elements (Type S3 in Abaqus). The ligaments
in the pelvis were built by using spring elements in Abaqus
(Figure 2). The connections between the synchondrosis pubis
and bilateral pubis, as well as the sacrum-iliac (SI) joint facet,
were fully constrained for simplification.

2.3. Finite Element Models of the Implants

2.3.1. Laparoscopic-Assisted Plate (LAP). As shown in
Figure 2(a), a plate was fixed clinging to the medial ilium
plate from iliac fossa to symphysis. Totally, five screws were
fixed: two were placed at the locations with a distance of
10mm to the fracture end, two were placed at the iliac
crest with the distances of 25mm and 15mm to the frac-
ture end, respectively, and the last screw was fixed at the
pubic tubercle. The length, width, and height of the LAP
were 167mm× 10mm× 3mm, respectively.

2.3.2. Percutaneous Anterior Pelvic Bridge (PAPB). Four
screws were used to fix the percutaneous steel plate between
the anterior superior iliac spine and the pubic tubercle as
shown in Figure 2(b). The length, width, and height of PAPB
are 160mm× 10mm× 3mm, respectively.

2.3.3. Transramus Intraosseous Screw (TIS). A transramus
intraosseous screw was inserted into the pubic branch as
shown in Figure 3. The length and diameter of the screw were
64mm and 6.5mm, respectively, and the diameter of the
screw cap was 8mm.

2.3.4. Open Reduction (OR). The fixation method was the
same with the case for the laparoscopic-assisted minimally
invasive plate as shown in Figure 2(a), but the inguinal
ligament was cut off.

In building the finite element model for all the implants
in this paper, quadratic tetrahedral elements are used with
the element type C3D10 in Abaqus.

2.4. Boundary Conditions. In the generated FE models, the
acetabulums were fully fixed and three loading cases were
considered as described below (Figure 4):

(1) Vertical force (VF): A vertical force of 500N was
applied on the surface of the sacrum (Figure 4) [8].

(2) Open book-like force (OBLF): Two outward horizon-
tal forces of 250N were applied at both ends of the
anterior superior iliac spine (Figure 4).

(3) Close book-like force (CBLF): Two inward horizontal
forces of 250N were applied at both ends of the
anterior superior iliac spine (Figure 4).

Because the interest of this study was on the deformation
occurred at the fracture site, the values of displacements at
the fracture site are calculated to characterize the stability
of the pelvis with different implants. Eight points at the
fracture end were selected, and the average resultant dis-
placement of these points was calculated (Figure 5). First,

Figure 1: The X-ray image of the pelvis with the laparoscopic-
assisted plate.
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the resultant displacement at each point was using the
following formula:

uT = u2x + u2y + u2z , 1

where ux, uy , and uz are the displacements along the x‐, y‐,
and z‐axes, respectively.

Then, the average resultant displacement was calculated
as the average of the eight resultant displacements.

2.5. Material Parameters. Young’s modulus and Poission’s
ratio of the cortical bones were set as Ec = 43530MPa and
νc = 0 2 [8]. The stiffness of the inguinal ligament was
kl = 250N/mm [9]. Young’s modulus and Poission’s ratio of

all implants are titanium alloy with EI = 118 6GPa and
νc = 0 33 [10].

3. Results

3.1. The Average Displacement at the Fracture Site. Under
the three loading cases, the average displacement at the
fracture site is the smallest when the LAP was implanted
followed by the TIS and PAPB. Under the vertical force,
the average displacements at the fracture site are shown
in Table 1. The average displacements of the LAP, PAPB,
TIS, and OR are 0.0089mm, 0.023mm, 0.019mm, and
0.0094mm, respectively. Under the open book-like force
load, the average displacements with fixation methods of

Fracture sites

Figure 3: An FE model of the pelvis with a transramus intraosseous screw.

500 N

(a) (b) (c)

250 N 250 N 250 N

Fully constrained

Figure 4: Boundary conditions applied on the pelvis, vertical force loading (a), open book-like force loading (b), and close book-like force
loading (c).

Fracture sites

(a) (b)

Figure 2: The finite element pelvic model with an anterior ring fracture fixed by a laparoscopic-assisted plate (LAP) (a) and a percutaneous
anterior pelvic bridge (PAPB) (b).
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the LAP, PAPB, TIS, and OR are 0.030mm, 0.25mm,
0.048mm, and 0.029mm, respectively (Table 1). Under
the close book-like force loading, the average displace-
ments are the same as the results with loading OBLF.
The reason is that symmetric loading is applied, and only
the scalar quantity of displacements is calculated without
considering its direction.

3.2. The Distribution of von Mises Stresses at the Fracture
Sites. In this part, only the LAP and the TIS are selected for
comparing the stress distribution, as the PAPB produces
worse stability as shown in the comparison of displacements
at the fracture site, and the results of the displacement of the
OR are similar with those of the LAP. The maximum stresses
produced on the LAP are not always lower than those pro-
duced on the TIS. Under the vertical force, the maximum
von Mises stresses are 34.885MPa and 41.298MPa for the
LAP and TIS, respectively (Figure 6). Under the open book-
like force load, the maximum von Mises stresses are

156.699MPa and 98.834MPa for the LAP and TIS, respec-
tively (Figure 6). Under the close book-like force loading,
the vonMises stresses in the implants are the same as the case
with loading OBLF.

The LAP improved the stress distribution. At the fracture
site, the stress produced on the LAP is much lower than that
produced on the TIS. On the other hand, for the LAP, the
high stress occurred in the center location of the plate and
not at the fracture site, while for the TIS, the high stress
always occurred at the fracture site. Therefore, the LAP is
superior to the TIS for fixing the pelvic anterior ring fracture.

4. Discussion

The pelvic anterior ring fracture is a serious public problem
that is always involving pubic symphysis, usually causing
the failure of the pelvis and the fracture at the pelvic posterior
ring. Surgical treatment with internal fixations is widely used
in the treatment of the pelvic anterior ring fracture. The

Figure 5: The points selected for investigation at the facture surface.

Table 1: Node resultant displacements and the average value (mm) at the fracture site under different loading cases.

N 1 N 2 N 3 N 4 N 5 N 6 N 7 N 8 Average

Under the loading of vertical force

LAP 0.01 0.011 0.0092 0.0072 0.0086 0.007 0.0064 0.012 0.0089

PAPB 0.027 0.022 0.019 0.02 0.027 0.025 0.023 0.026 0.0230

TIS 0.025 0.0099 0.023 0.012 0.017 0.026 0.016 0.027 0.019

OR 0.011 0.012 0.0095 0.0074 0.009 0.0072 0.0066 0.013 0.0094

Under the loading of open book-like force

LAP 0.031 0.036 0.033 0.029 0.026 0.025 0.026 0.036 0.030

PAPB 0.23 0.25 0.22 0.22 0.24 0.27 0.27 0.26 0.250

TIS 0.059 0.028 0.052 0.033 0.041 0.062 0.042 0.065 0.048

OR 0.031 0.037 0.033 0.027 0.024 0.023 0.023 0.037 0.029

Under the loading of close book-like force

LAP 0.031 0.036 0.033 0.029 0.026 0.025 0.026 0.036 0.030

PAPB 0.23 0.25 0.22 0.22 0.24 0.27 0.27 0.26 0.250

TIS 0.058 0.028 0.052 0.033 0.041 0.062 0.042 0.065 0.048

OR 0.029 0.037 0.032 0.026 0.022 0.021 0.022 0.0365 0.028
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traditional open reduction method usually uses ilioinguinal
operative approach, which can sufficiently expose surgical
field including the quadrilateral surface of the upper and
lower surface of the pubic branch. Because the anatomic rela-
tionship is complicated in this region, the intraoperative
injury involving important vessels and nerves could occur,
including iliac external vascular injury, iliac external vascular
thrombosis, femoral nerve injury, femoral lateral skin nerve
injury, inguinal hernia, lymph leakage, and infection [11].

Hirvensalo et al. firstly introduced the “Stoppa” approach
for complex hernia repair in the treatment of a pelvic fracture
in 1993 [12]. By cutting rectus abdominis muscle at the ver-
tical center of the inferior belly, the pelvic structure was suf-
ficiently exposed so that the operative field was much clearer
[13, 14]. Although the “Stoppa” approach is superior to the
ilioinguinal approach, some complications could still hap-
pen, including peritoneal perforation, vascular nerve injury,
deep vein thrombosis, pulmonary embolism, inguinal hernia,
incision infection, and traumatic arthritis [15]. Hence, the
application of this approach is very limited because of possi-
ble trauma and complications.

Cole et al. used the percutaneous anterior pelvic bridge
to deal with the fracture of the pelvic anterior ring in 2012
[15, 16]. The operation made incision over the iliac crest
and the pubic bone, inserting a plate from a subcutaneous
channel upon the inguinal ligament, and then screws were
fixed on the iliac crest and the tuberculum pubicum. The

characteristics of this technique were that the plate was
located upon the subcutaneous inguinal ligament like a
“bridge” over the anatomical structures including lateral
femoral cutaneous nerve, ilioinguinal nerve, iliohypogastric
nerve, and femoral artery, femoral vein, and femoral nerve.
In this method, the fracture reduction was not necessary,
so only a simple operation with a short time was required,
and bleeding was less [16]. From the biomechanical stabil-
ity point of view, the FEA results presented in this paper
showed that this operation method performed worse than
the implants with the TIS and LAP under the three kinds
of external loadings. In addition, there are inevitable com-
plications because of the involvement of skin impact, pain,
and subcutaneous placement.

With the development of imaging technology, some
minimally invasive internal fixation techniques have been
proposed. Among these methods, the transramus intraoss-
eous screw method has advantages of small surgical
trauma, less bleeding, and good posture adaptability [11].
The results of FE analysis show that there is relatively sig-
nificant stress concentration under vertical stress and open
book stress, which could increase the risk of breaking the
screw. Hence, this technique may be clinically suitable
for the close book anterior ring pelvic fracture, while not
suitable for pubic branch stenosis or deformity cases. Fur-
thermore, this method is demanding for navigation system,
and there are still some other risks including a screw into

Region in contact with the pelvic fracture Region in contact with the pelvic fracture

(a) Under the loading of vertical force

Region in contact with the pelvic fracture Region in contact with the pelvic fracture

(b) Under the loading of open book-like force

Region in contact with the pelvic fracture Region in contact with the pelvic fracture

(c) Under the loading of close book-like force

Figure 6: The distributions of von Mises stresses on the laparoscopic-assisted plate (left) and transramus intraosseous screw (right) under
different loadings
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the hip joint, screw deformation and breakage, nerve and
blood vessel injury.

Zobrist et al. firstly reported two laparoscopic-assisted
plate (LAP) cases in fixing the anterior pelvic ring fracture
in 2002 [3]. Compared with other internal fixation methods,
the LAP method has many advantages in fixing the pelvic
anterior ring fracture. First, it builds pneumoperitoneum in
the peritoneal clearance instead of cutting off the rectus
abdominis, and thus the entire superior ramus of the pubis,
pubic symphysis, and external iliac vessels can be clearly
exposed. Second, under the view of endoscopy, part of the
iliopectineal fascia is cut off to connect the iliac wing plate
and the inner pelvic clearance, and a plate is inserted clinging
to the surface of the bone, avoiding cutting off the rectus
abdominis. Therefore, the LAP method can effectively pre-
vent the cutaneous nerve injury and incisional hernia. The
fracture reduction and internal fixation can be completed
under a direct vision.

The FE results in this paper showed that the LAP has
superior stability compared to the PAPB and TIS methods.
Therefore, the LAP method is very promising in the treat-
ment of the pelvic anterior ring fracture. However, it should
be noted that the clinical experience of laparoscopic learning
curve is long, and a good anatomical basis and open surgery
experience are needed; the operation time in the initial stage
is also long. Compared with the open reduction, the compli-
cations of the minimally invasive plate are significantly less,
and the stability of the fixation is similar.

Due to the complexity of the human pelvis, some simpli-
fications were made in the FE models and thus some limita-
tions should be noted in this study. First, the cortical
thickness was assumed to be constant with a value of
1.6mm in the FE models. Considering that the aim of this
study was to compare the biomechanical stability of different
implants in the same pelvis, the implication made in the FE
model was reasonable. Second, bilateral inguinal ligaments
were simulated according to the simplification in this paper,
and the connections between the synchondrosis pubis and
bilateral pubis, as well as the sacrum-iliac (SI) joint facet
were fully constrained in Abaqus. Considering that the
forces were mainly transferred through the cortex and
implant and the deformation was small (in linear elastic
region), the simplification on the ligament modeling is rea-
sonable. Last but not least, the positions of the fixed screws
on the LAP or PAPB plate could make some influences on
the results. The influence of screw positions will be investi-
gated in the further work.

5. Conclusion

The biomechanical stabilities of four kinds of internal fix-
ation methods for the anterior pelvic ring fracture were
numerically investigated by the finite element method.
The results showed that the laparoscopic-assisted plate
(LAP) performed the best in the treatment of the pelvic
anterior ring fracture, followed by the transramus intraoss-
eous screw (TIS), while the percutaneous anterior pelvic
bridge (PAPB) was the worst. Obviously, considering the
good performance of the LAP method in biomechanical

stability and other advantages of this method in clinical
operations, it can be expected that the LAP method will
have a good application prospect for treating the pelvic
anterior ring fracture.
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The main purpose of this study was to investigate the effect of arch support insoles on uphill and downhill walking of persons with
flatfoot. Sixteen healthy college students with flatfoot were recruited in this study. Their heart rate, peak oxygen uptake (VO2), and
median frequency (MDF) of surface electromyogram were recorded and analyzed. Nonparametric Wilcoxon signed-rank test was
used for statistical analysis. The main results were as follows: (a) peak VO2 significantly decreased with arch support insoles
compared with flat insoles during uphill and downhill walking (arch support insole versus flat insole: uphill walking, 20.7± 3.6
versus 31.6± 5.5; downhill walking, 10.9± 2.3 versus 16.9± 4.2); (b) arch support insoles could reduce the fatigue of the rectus
femoris muscle during downhill walking (MDF slope of arch support insole: 0.03± 1.17, flat insole: −6.56± 23.07); (c) insole
hardness would increase not only the physical sensory input but also the fatigue of lower-limb muscles particularly for the
rectus femoris muscle (MDF slope of arch support insole: −1.90± 1.60, flat insole: −0.83± 1.10) in persons with flatfoot during
uphill walking. The research results show that arch support insoles could effectively be applied to persons with flatfoot to aid
them during uphill and downhill walking.

1. Introduction

Uphill and downhill walking exercise is considered a healthy
recreational activity. Walking exercise is a popular activity
worldwide. “Walking for Health” is the largest organization
in England advocating for healthy walking. It consists of
70,000 walkers and encourages more than 63,000 people to
engage in regular walking activity. This institution offers
more than 3000 short-distance walks per week and provides
a solution to the problem of sedentary behavior [1]. Hanson
and Jones [2] showed that the benefits of walking exercise
include reduction in systolic blood pressure, body mass
index, and total cholesterol, among others. Previous stud-
ies have proved that walking exercise is beneficial for
reducing blood pressure, reducing fasting glucose levels,
and increasing VO2max [3]. Moreover, Werner et al. [4]
indicated that uphill walking with an inclination of 2%

to 8% (equal to 1.2°–4.6°) and constant velocity of each gait
on an inclined treadmill can improve the symmetry of the
human body. Nowadays, to relieve pressure at the workplace
among urban workers, more and more people engage in
walking exercise; however, persons with foot issues such as
flatfoot are limited in their enjoyment of walking.

Persons with flatfoot have a foot arch support disability
in which the midfoot collapses in the medial longitudinal side
[5]. The midfoot functions as a shock absorber in the plantar
portion, while it allows the foot arch to maintain appropriate
elasticity in order to reduce the impact of the ground reaction
force (GRF). Constant impact on the plantar aspect by the
GRF increases the occurrence of injuries such as heel pain,
pelvic malalignment, and plantar fasciitis [6]. Previous stud-
ies have identified that functional disorders in the foot could
cause lower back, hip, knee, and ankle joint injuries [7, 8].
Persons with flat feet might develop hallux valgus, plantar
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fasciitis, metatarsal pain, knee and back pain, and other prob-
lems without proper treatment [9]. Therefore, persons with
flatfoot may not be able to sustain their body weight during
prolonged uphill and downhill walking.

In prolonged walking, the arch support is important for
mitigating plantar pressure and maintaining dynamic stabil-
ity [10–13]. Previous studies reported that elderly persons
with foot pain or leg symptoms who wore arch support
insoles at a minimum duration of 4 h/day for 8 weeks showed
improvement in standing balance and prevention of falls
[10]. Saadah et al. [13] reported the effect of medial arch
support in 16 hospital security guards during standing and
walking before and after work and suggested that use of
insole support to reduce the foot pressure and muscle work
can strengthen the medial arch. Jafarnezhadgero et al. [14]
indicated that walking with arch support insoles could reduce
the impact of the vertical GRF by 6.9% while increasing the
propulsion force by 7% and that the reduction in load rate
through the arch support insoles could reduce the risk of
lower-extremity injuries and damage caused by the GRF
during walking.

Providing a solution, such as the use of arch support
insoles, to facilitate participation in prolonged walking exer-
cises and prevent lower-limb injuries is important in persons
with flatfoot. Specifically, wearing arch support insoles might
return flat feet to the condition of a normal arch. In order to
examine the fatigue for people with flatfoot, the current study
referred to previous researches which considered the heart
rate [15], oxygen consumption [15, 16], and electromyogra-
phy (EMG) [15, 16] as physical working capacity (PWC) of
the fatigue thresholds. The purpose of this study was to inves-
tigate the effect of arch support insoles on the heart rate
(HR), peak oxygen uptake (VO2), and median frequency
(MDF) of lower-limb muscles during uphill and downhill
walking in persons with flatfoot. We hypothesized that the
use of arch support insoles would lower the HR, peak VO2,
and MDF of lower-limb muscles.

2. Materials and Methods

2.1. Participants. The participants were 16 healthy college
students (age: 18.3± 0.7 years, height: 167.5± 6.4 cm, weight:
65.1± 14.4 kg, body mass index: 23.2± 4.7, widest foot width:
8.5± 0.7 cm, and narrowest foot width: 6.1± 1.1 cm) with
flatfoot (defined as an arch index (AI) of 72%± 10%) [17, 18].
All participants provided written informed consent. This
study was approved by the Institutional Review Board
of Antai Medical Care Corporation, Antai Tian-Sheng
Memorial Hospital (TSMH, approval number 16-107-B1).
The inclusion criteria required the absence of lower-limb
injuries and of previous surgery in the lower limbs within
the span of a year.

2.2. Experimental Protocol. Each participant’s footprint was
recorded with a footprint device (Footdisc Inc., Taipei,
Taiwan) during 1 day of the experiment. Then, AI was calcu-
lated by using the narrowest foot width divided by the widest
foot width from the footprint [17].

Another day was scheduled for the performance of the
formal experiment. The participants were instructed to per-
form 15min uphill and 15min downhill walking randomly
in standardized footwear (Maximizer16; Mizuno Taiwan
Corporation, Taipei, Taiwan) with either a pair of arch
support foot insoles (Footdisc) or a pair of flat insoles
(Maximizer16, Mizuno Taiwan Corporation). The uphill
and downhill walking was a simulated walking on a ±9°
[19, 20] inclined treadmill (XG-1812X; New Noble Sport
Equipment Co. Ltd., Ningbo, China) with a speed of
0.75m/s (2.7 km/h) [19, 20]. The hardness of the forefoot,
midfoot, and heel of the insoles was measured with a
hardness tester (Teclock GS-709N Type A; Teclock Co.,
Tokyo, Japan).

An HR monitor (H7; Polar Electro Inc., Kempele,
Finland) was used to record the HR, and a portable spir-
oergometer (Metamax 3B; Cortex, Leipzig, Germany) was
used to measure the peak VO2. Electromyogram (EMG) data
were collected by using a Delsys system (Trigno wireless;
Delsys Inc., Boston, MA, USA) with a 1000Hz sampling rate.

The surface EMG (sEMG) sensors were adhered in paral-
lel to the muscle belly of the subject’s leg following the direc-
tion of muscle fibers. Before adhering the sensors on the
muscles, the subjects stood tiptoe to mark the position of
the gastrocnemius (GAS), did dorsiflexion to mark the posi-
tion of the tibialis anterior (TA), did knee flexion to mark the
position of the biceps femoris (BF), and did knee extension to
mark the position of the rectus femoris (RF) with a black pen
[21]. Then, the researchers shaved the participants’ skin,
removed hair impurities utilizing sandpaper, and cleaned
with alcohol cotton sheet in order to gain better EMG sig-
nal. Additionally, we fixed the sensors on the leg using
breathable tape to ensure the best conductivity and reduce
the noise interference.

2.3. Data Processing. For dynamic contractions, MDF has
been confirmed as a reliable indicator of muscle fatigue
[22–24]. EMG spectrum will show lower signal expansion
after muscle fatigue [23], and MDF will shift to the left of
EMG spectral, that is, the MDF will decrease, which indicates
the phenomenon of muscle fatigue [25, 26].

The raw data of EMG signals were converted into an
MDF-time graph by using EMGWorks Analysis software
(Delsys Inc., Boston, MA, USA) with a 0.125 s window length
and 0.0124 s overlap. Then, the MDF-time graph was
processed by using curve fit calculation (Figure 1). The
slope of the curve was calculated to present the decrease/
increase of MDF during uphill and downhill walking.
The formula of the MDF slope was Y2 − Y1 / X2 − X1
(where Y1 = first MDF value of the curve, Y2 = smallest
or last MDF value of the curve, X1 = time of Y1, and
X2 = time of Y2).

2.4. Statistics. SPSS 18.0 (SPSS Science Inc., Chicago, IL,
USA) for Windows was used for statistical calculations.
Nonparametric Wilcoxon signed-rank test was used to
compare the differences between arch support insole and
flat insole in terms of HR, peak VO2, and slope of MDF
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during uphill and downhill walking. The level of signifi-
cance was set at p < 0 05.

3. Results

3.1. Hardness of Insoles. The hardness of the forefoot,
midsole, and heel areas was measured by using Teclock
GS-709N Type A (Teclock Co.) for the two experimental
conditions. The flat insole showed 35, 20, and 35 pointers,
whereas the arch support insole showed 20, 60, and 20
pointers, respectively (Figure 2) (Table 1). In other words,
the material of the arch support insole was harder than that
of the flat insole in the midfoot region.

3.2. Peak Oxygen Uptake. Table 2 shows the outcomes of
parameters during uphill and downhill walking. The peak
VO2 showed significant differences between arch support
insole and flat insole during both uphill and downhill walk-
ing (both p < 0 001). The peak VO2 with arch support insole
during both uphill and downhill walking was significantly
smaller than that with flat insole based on positive ranks.

3.3. Median Frequency. The MDF slope of RF showed sig-
nificant differences between arch support insole and flat

insole during uphill and downhill walking. During uphill
walking, the MDF slope of RF with arch support insole
(−1.90± 1.60Hz/min) was significantly smaller than that
with flat insole (−0.83± 1.10Hz/min) (Table 2) based on
positive ranks (p = 0 036). During downhill walking, the
MDF slope of RF with flat insole (−6.56± 23.07Hz/min)
was significantly smaller than that with arch support insole
(0.03± 1.17Hz/min) based on negative ranks (p = 0 023).
No difference was found in the HR and MDF slope of TA,
BF, and GAS.

4. Discussion

The primary findings of the present study indicated that the
peak VO2 significantly decreased during both uphill and

50 100 150 200 250 300 350 400 450 500 550 600 650 700 750
(s)

Rectus femoris (1): EMG 5→MDF→CUR

(H
z)

37
38
39
40
41
42
43
44
45
46
47
48
49
50
51

X1
X2

Y2

Y1

Figure 1: Graph after curve fitting.
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Figure 2: Flat insoles (a) and arch support insoles (b).

Table 1: Hardness of insoles.

Areas Arch support insole (pointer) Flat insole (pointer)

Forefoot 20 35

Midfoot 60 20

Heel 20 35
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downhill walking and that the decrease of theMDF of RF was
significantly small only during downhill walking with arch
support insole.

Wearing arch support insole could be beneficial for per-
sons with flatfoot because their peak VO2, which represents
the highest value of oxygen uptake in the span of 15min
uphill and 15min downhill walking, decreased. Hreljac [27]
indicated that an increase in exercise intensity, such as from
walking to running, would lead to energy expenditure by
the plantarflexor and dorsiflexor muscles. Haykowsky et al.
[28] indicated that a high intensity of exercise would result
in a significant increase of peak VO2 compared with
moderate-intensity exercise. In other words, peak VO2 could
be considered the intensity index of body loading. In the
aspect of physiology, arch support insoles could reduce the
loading of the human body. Therefore, persons with flatfoot
who wear arch support insoles may be able to easily engage
in the recreational exercise of uphill and downhill walking.
We suggest that the arch support insole might effectively
reduce the exercise loading due to the impact of uphill and
downhill walking.

During downhill walking, RF showed more fatigue with
flat insole than that with arch support insole. In previous
researches, an effective EMG characteristic analysis for
detection of muscle fatigue was based on the MDF, which
would be smaller as the muscle fatigue increases [29, 30].
The MDF shift resulted from the change of the conduction
velocity [31] and the change in intramuscular pH [32]. In
the current study, when participants wore the arch support
insole, a significantly lower decrease of MDF was observed
only in RF muscle during downhill walking. However, a con-
trary outcome was found during uphill walking. It could be
conjectured to be because of the different contraction types
of RF during uphill and downhill walking. The contraction
of the RF in uphill walking was considered to be concentric,
whereas that in downhill walking was considered eccentric.
In general, eccentric contraction was induced by a higher
ground impact force compared with that in concentric con-
traction. Previous researchers indicated that activation of
fast-twitch muscle fibers may be associated with a higher risk
of injuries in eccentric contraction [33]. The arch support
insole for persons with flatfoot could reduce RF fatigue,
especially during downhill walking.

During uphill walking, RF showed more fatigue with arch
support insole than that with flat insole. This outcome was in
contrast to our hypothesis that the arch support insole should
cause less muscle fatigue compared with the flat insole during
uphill walking because the center of pressure is evenly redis-
tributed on both feet owing to the arch support. Iglesias et al.
[34] stated that increasing the insole hardness would increase
the physical sensory input. Perry et al. [35] measured differ-
ent midsole hardness conditions during walking along an
8m walkway. They found that the range of the center of mass
of the whole body increased (soft: 0.14m, hard: 0.16m) when
the midsole hardness increased. A harder material of insole
provides more strength for supporting the leg, which leads
to more GRF and increases the range of the center of mass
during walking. Yick et al. [36] also indicated that harder
insoles would increase muscle activities. In other words,
wearing arch support insoles not only could increase the leg
support against GRF but also would cause more fatigue of
the extremity muscles during uphill walking.

There are two limitations of this study. First, the 15min
uphill and downhill walking exercises were finished within
1 day. Gollhofer et al. [37] indicated that the movement in
the conversion between concentric and eccentric contrac-
tions during exercise could reduce muscle fatigue; however,
the conversion could cause damage to the muscles. The issue
may happen to decrease the muscle fatigue during the
slope walking in the current study. Second, a flexible flat-
foot has an arch support on nonweight bearing but lost
the arch support on weight bearing. A rigid flatfoot has
loss of the longitudinal arch height [38]. The semirigid
flatfoot means not much arch with and without pressure.
They all have a common phenomenon which is no arch sup-
port on weight bearing. Therefore, in the current study, we
recorded the footprint when participants were standing
(weight bearing). Uphill and downhill walking are associated
with the weight bearing (body weight). Therefore, we did not
focus on those impacts of differences in the flexible flatfoot,
rigid flatfoot, and semirigid flatfoot.

5. Conclusion

Wearing arch support insoles can be beneficial for uphill and
downhill walking exercises in persons with flatfoot because

Table 2: Parameter outcomes during uphill and downhill walking.

Uphill walking Downhill walking
Arch support insole Flat insole Arch support insole Flat insole

Heart rate (bpm) 141.4± 16.0 140.9± 14.4 103.6± 11.9 105.1± 12.6
Peak VO2

∗ (mLmin−1 kg−1) 20.7± 3.6a∗ 31.6± 5.5a∗ 10.9± 2.3a∗ 16.9± 4.2a∗
MDF slope of muscles

Rectus femoris∗ (Hz/min) −1.90± 1.60a∗ −0.83± 1.10a∗ 0.03± 1.17b∗ −6.56± 23.07b∗
Tibialis anterior (Hz/min) −1.12± 1.67 −1.12± 1.03 −1.43± 1.84 −1.79± 2.08
Biceps femoris (Hz/min) −1.23± 1.73 −1.21± 0.99 −0.79± 1.57 −1.54± 0.93
Gastrocnemius (Hz/min) −1.38± 1.63 −1.03± 1.25 −1.34± 2.25 −2.01± 1.72

∗Significant difference was found between arch support insole and flat insole, p < 0 05. aBased on positive ranks. bBased on negative ranks. Note. A negative
value of the MDF slope means a decrease of MDF.
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the results of this study showed that oxygen uptake was effec-
tively decreased during uphill and downhill walking, and
there was less RF muscle fatigue during downhill walking.
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Facetectomy is an important intervention for spinal stenosis but may lead to spinal instability. Biomechanical knowledge for
facetectomy can be beneficial when deciding whether fusion is necessary. Therefore, the aim of this study was to investigate the
biomechanical effect of different grades of facetectomy. A three-dimensional nonlinear finite element model of L3–L5 was
constructed. The mobility of the model and the intradiscal pressure (IDP) of L4-L5 for standing were inside the data from the
literature. The effect of graded facetectomy on intervertebral rotation, IDP, facet joint forces, and maximum von Mises
equivalent stresses in the annuli was analyzed under flexion, extension, left/right lateral bending, and left/right axial rotation.
Compared with the intact model, under extension, unilateral facetectomy increased the range of intervertebral rotation (IVR) by
11.7% and IDP by 10.7%, while the bilateral facetectomy increased IVR by 40.7% and IDP by 23.6%. Under axial rotation, the
unilateral facetectomy and the bilateral facetectomy increased the IVR by 101.3% and 354.3%, respectively, when turned to the
right and by 1.1% and 265.3%, respectively, when turned to the left. The results conclude that, after unilateral and bilateral
facetectomy, care must be taken when placing the spine into extension and axial rotation posture from the biomechanical point
of view.

1. Introduction

Lumbar stenosis is one of the leading sources of lower back
pain worldwide. It is defined as a narrowing of the lumbar
spinal canal [1] due to degeneration of the spinal canal and
neural foramen. An estimated 73 million people will be over
the age of 65 of which 30% are projected to have symptom-
atic lumbar spinal stenosis in the US by the year 2030 [1].
Surgery is typically required for patients with lumbar stenosis
over the age of 65 years [2]. Although nonoperative treat-
ments with accompanying lifestyle modifications and disc
microsurgery are becoming more and more popular, the gold
standard treatment for lumbar stenosis is still open surgery
[2]. The most common surgery for decompression is face-
tectomy and laminectomy, with the choice of unilateral or
bilateral intervention depending on the degree of stenosis.
An unfortunate but unavoidable downside to removing ana-
tomical structures of the spine is an altered load-bearing and

motion environment. Greater spinal instability and larger
deformation may occur. Knowing the level of instability
under physiological loading can help the surgeon to decide
whether additional spinal fusion is necessary.

Several groups have reported on the biomechanical behav-
ior of the spine after resecting dorsal lumbar regions using
in vitro experimental studies. In 1990, Abumi et al. [3] showed
that removing supraspinous/interspinous ligaments did not
affect the range of motion but that total facetectomy made
the spine unstable. Okawa et al. [4] applied cyclic compressive
and bending loads to a cadaveric spinal unit simulating partial
facetectomy with intact spinous processes and ligaments. The
results showed that facetectomy did not have a significant
effect on flexion, but there was a significant effect on com-
pression and extension. Similarly, Zhou et al. [5] performed
in vitro unilateral graded facetectomy on 5 cadavers and
failed to find any significant negative effects to the range of
flexion and extension. However, if the range of graded
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facetectomy exceeded 50%, spinal stability under lateral
bending and axial rotation was greatly impacted. Saying that,
the use of cadaveric experiments presents several limitations.
The number of the cadaveric specimens is limited and
the individual differences in anatomy are not reproducible
across multiple experiments. Also, most specimens are from
elderly individuals with variations in bone quality [6].

Finite element (FE) analysis is an important method for
biomechanical investigations. Material properties can be
varied and geometries can be generated and manipulated
as desired according to different aims of studies. A number
of FE studies around facetectomy have been reported in
the literature. In 2003, Zander et al. [7] used a validated FE
model to study both facetectomy and laminectomy, record-
ing parameters such as motion, intradiscal pressures (IDP),
stress, and facet joint forces. However, only standing and
forward bending were investigated. Lee and Teo [8]
investigated different spinal motions after laminectomy
using a L2-L3 lumbar FE model. The results showed that
total laminectomy increased motion and annulus stress,
except when under lateral bending. Chen et al. [9] found that
posterolateral fusion with hemilaminectomy may relax the
stress concentrations on the intervertebral disc above the
fusion mass when placed in flexion. Kiapour et al. [10] eval-
uated the biomechanical mechanism of Dynesys dynamic
stabilization which was a semirigid pedicle screw fixation
system for graded facetectomy. More recently, Erbulut [11]
created an asymmetric FE model of the lumbar spine and
subjected it to graded facet injuries in order to study the
effect on the range of motion. Total left unilateral medial
facetectomy, total bilateral facetectomy, 50% unilateral
medial facetectomy, and 75% unilateral medial facetectomy
were modeled. However, only the medial section of the seg-
ment was involved and only motion parameters were calcu-
lated. Involving more parameters, such as pressure and
stress, under a range of spinal postures would help to create
a more comprehensive biomechanical understanding of the
environment in the spine after graded facetectomy.

Therefore, the aim of this study is to construct an FE
model of a spinal segment and investigate the biomechanical
effect of graded facetectomy on intervertebral rotation (IVR),
intradiscal pressure, facet joint forces, and maximum von
Mises equivalent stresses for flexion, extension, left/right
lateral bending, and left/right axial rotation.

2. Materials and Methods

2.1. Finite Element Model of L3–L5. A nonlinear finite ele-
ment model of L3–L5 was constructed from CT image data
obtained from a 25-year-old Chinese male without any his-
tory of spinal disease. The CT images saved as Digital
Imaging and Communications in Medicine format were
imported into Simpleware Software (Simpleware Ltd.). After
segmentation, feature extraction, smoothing, and mesh pro-
cesses, the elements and nodes were imported to an FE soft-
ware for remesh. The vertebrae were meshed using
tetrahedral elements, and the intervertebral discs were
meshed using hexahedral elements in the ABAQUS soft-
ware. The FE model consisted of 32,850 nodes and 96,970

elements. Each vertebra consisted of a cortical shell, a can-
cellous core, and a posterior bony structure. The 0.5mm
thick cortical shell [12] and the posterior bony structure
were modeled as isotropic elastic materials, while the
cancellous core was modeled as transverse isotropic. The
cartilaginous endplates were 0.8mm thick [13]. Each inter-
vertebral disc was composed of an incompressible nucleus
pulposus and surrounding annulus fibrosus. Rebar elements
of two times seven layers were used to represent the fiber
and the fiber stiffness decreased from the outside towards
the centre [14]. The vertebrae and intervertebral discs
were tied together. There was a gap of 0.5mm [15]
between the curved facet joints, and a thin cartilaginous
layer of 0.25mm was created for each facet articular
surface. All seven ligaments of the lumbar spine were
integrated according to their anatomical positions and
were represented by tension-only spring elements with
nonlinear material properties [16]. The FE model of L3–
L5 is shown in Figure 1, and the material properties are
shown in Table 1.

2.2. Validation. To validate the model, a moment of 7.5Nm
was applied to the top surface of L3 in the direction of flexion,
extension, right lateral bending, and right axial rotation. The
inferior endplate of L5 was rigidly fixed. The IVR of L4-L5,
the region of concern in this study, was calculated and com-
pared with in vitro data [17]. In addition, the IVR of L3–L5
was compared with in vitro data from whole lumbar speci-
mens [18]. As a whole lumbar spine has five vertebrae and
four spinal motion units, a direct comparison is unsuitable.
Therefore, a ratio for IVR between L3–L5 and L1–L5 was
adopted according to data from Pearcy et al. [19, 20]. This
ratio was calculated for flexion-extension, lateral bending,
and axial rotation, and the IVR of L3–L5 was justified accord-
ing to this ratio. A subsequent 500N axial compressive
follower load was also applied and the IDP was estimated
and compared with in vivo data [28].

Figure 1: Finite element model of L3–L5.
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2.3. Graded Facetectomy Model. Starting from the intact
model, different graded facetectomies were simulated by
modifying the facet joint of L4-L5 with the facet capsular
ligament: 50% unilateral facetectomy, total left unilateral
facetectomy, and total bilateral facetectomy. Regarding
50% unilateral facetectomy, different portions could be
removed, depending on the surgical approaches. There-
fore, to study sensitivity, four different 50% unilateral
facetectomies were simulated by removing the upper,
lower, outer, and medial portions of the left facet joint
of L4-L5, respectively.

2.4. Boundary and Loading Conditions. The inferior endplate
of L5 was rigidly fixed as a boundary condition. Flexion,
extension, right lateral bending, left lateral bending, right
axial rotation, and left axial rotation of the upper body were
investigated. All loads (Table 2) were chosen according to
Rohlmann et al. [23, 24] and Dreischarf et al. [25, 26]. The

finite element program ABAQUS, version 6.13 (Dassault
Systèmes, Versailles, France) was used for the simulations.

3. Results

3.1. Validation. The calculated IVR of the L4-L5 motion seg-
ment was within the range of in vitro experimental data [17]
(Figure 2). Regarding the overall rotation, the estimated IVR
was compared with in vitro data (Figure 3). The mobility of
the model in flexion-extension and lateral bending was inside
the range measured for seven lumbar specimens [18]. The
mobility of the model in axial rotation was slightly outside,
but the mobility for a single motion segment was still within
the range of other published data [27]. Regarding the axial
compressive load, the estimated IDP of L4-L5 in a standing
position was 0.44MPa. This is comparable to in vivo

Table 1: Material properties used for the different tissues in the finite element model.

Component Elastic modulus (MPa) Poisson ratio References

Cortical bone 10,000 0.30 [16]

Cancellous bone (transverse isotropic) 200/140 (axial/radial) 0.45/0.315 [21]

Posterior bony structures 3,500 0.25 [14]

Ligaments Nonlinear [16]

Cartilage of endplate Hyperelastic, neo-Hookean, C10 = 0.3448, D1 = 0.3

Nucleus pulposus Incompressible [16]

Ground substance of annulus fibrosis Hyperelastic, neo-Hookean, C10 = 0.3448, D1 = 0.3 [22]

Fibers of annulus fibrosis Stiffness decreased from the outer to the centre [14]

Facet joint Soft contact [15]
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Figure 2: Comparison of the calculated intervertebral rotations of
L4-L5 in the finite element (FE) model against experimental data
[17] under a moment of 7.5Nm for different loading cases.
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Figure 3: Comparison of the rotations in the finite element (FE)
model and measured (Rohlmann et al. [18]) rotations in the
lumbar spine under a moment of 7.5Nm for different loading cases.

Table 2: Loads used to simulate flexion, extension, lateral bending, and axial rotation.

Flexion Extension Lateral bending Axial rotation

Rohlmann et al. [23, 24] 1175N+ 7.5Nm 500N+ 7.5Nm — —

Dreischarf et al. [25, 26] — — 700N+ 7.8Nm 720N+ 5.5Nm
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measurements by Wilke et al. [28], who recorded 0.50MPa
for spinal loading.

3.2. Intervertebral Rotation. The rotation angles in each
motion plane for the intact model and graded facetectomy
models are summarized in Figure 4. The values presented
for the 50% unilateral facetectomy were the mean values cal-
culated for the four different 50% unilateral facetectomies
simulated. In flexion, graded facetectomy had only a minor
effect. In extension, unilateral facetectomy increased IVR by
11.7% and bilateral facetectomy increased IVR by 40.7%.
For right lateral bending, unilateral facetectomy and bilateral
facetectomy increased the IVR by 0.3% and 11.9%, respec-
tively, while for left lateral bending, this was 7.7% and 9.0%,
respectively. In general, facetectomy had a large effect on
the axial rotation. The 50% unilateral facetectomy, unilateral
facetectomy, and the bilateral facetectomy increased the right
axial rotation of the L4-L5 motion segment by 7.2%, 101.3%,
and 354.3%, respectively, and by 0.6%, 1.1%, and 265.3%,
respectively, for left axial rotation. For all loading types, the
50% facetectomy only increased the IVR by a maximum of
7.2%, which occurred under right axial rotation.

In most times, different types of partial resection resulted
in similar IVR with a difference of less than 2%. Only for
right axial rotation, removing the lower and outer portion
of the left L4-5 facet joint increased the IVR by 6.4% (0.12°)
and 19.2% (0.35°), respectively.

3.3. Intradiscal Pressure and Facet Joint Force. In most cases,
facetectomy had only a minor influence on the IDP. In
extension, the unilateral facetectomy and the bilateral face-
tectomy increased the IDP by 10.7% and 23.6%, respec-
tively, and for left axial rotation, the bilateral facetectomy
increased the IDP by 9.6%. The extension movement also
produced the greatest facet joint force on the contralateral
facet joint. For this loading case, the 50% unilateral face-
tectomy increased the contralateral facet joint force by

25% on average and the total unilateral facetectomy
increased the force by 108.1%.

3.4. Maximum von Mises Equivalent Stresses in the Annuli.
The four 50% unilateral facetectomy procedures only resulted
in slightly different results for maximum von Mises stress in
the annuli in comparison to the intact model. Unilateral
facetectomy increased the maximum von Mises stress in
the annuli by 13.1% in extension and 23.5% in right axial
rotation. Bilateral facetectomy increased the maximum von
Mises stress in the annuli by 32.3% in extension and 59.3%
in axial rotation.

4. Discussion

An FE model of L3–L5 was constructed in this study, and
the mobility of the model and the IDP were calculated for
validation study. The effect of graded facetectomy on inter-
vertebral rotations, intradiscal pressure, facet joint forces,
and maximum von Mises equivalent stresses in the annuli
was analyzed for all six loading conditions.

Regarding validation for the overall rotation, the calcu-
lated overall IVR of L3–L5 was justified. For example, the
calculated axial rotation of L3–L5 was 6.54° in our FE model
under a 7.5Nmmoment. According to Pearcy et al., the ratio
between the rotation of L3–L5 and L1–L5 is 60% [19, 20].
The estimated axial rotation of L1–L5 in our model was
10.9° (6.54°/60%). Figure 3 showed the comparison between
the justified IVR of L1–L5 and in vitro data [18]. All calcu-
lated data for the IDP, the IVR of L4-L5, and the overall
IVR were inside the range of in vivo/in vitro data, respec-
tively. Therefore, the load and mobility of the FE model were
in the physiological range.

For the four 50% unilateral facetectomies simulated,
there were no significant differences in results after resecting
different portions of the vertebra compared with the intact
model. Fusion or dynamic stabilization may not be necessary.
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Figure 4: The values of rotation angles in each motion plane for the intact model and graded facetectomy models.
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Similarly, Zhou et al. [5] also concluded that lumbar stability
was not significantly affected if graded facetectomy was per-
formed to remove less than 50% of bone, which is the same
as our finding. In right axial rotation, removing the lower
and outer portions of the left L4-5 facet joint increased the
IVR by 6.4% and 19.2%, respectively. Although the absolute
values were only 0.12° and 0.35°, retaining these portions of
the bone may be beneficial. Choi et al. [29] also suggested
that the resection should not involve the articular surface as
preserving a larger articular surface is important for main-
taining spinal stability.

This study demonstrated that total unilateral and bilat-
eral facetectomy had little impact on the IVR in flexion and
lateral bending, which is similar to in vitro results reported
by Quint et al. [30]. These two facetectomy procedures also
had a minor influence on the IDP and facet joint forces in
flexion and lateral bending. For extension, total unilateral
and bilateral facetectomy increased the IVR by 11.7% and
40.7%. After total unilateral facetectomy, the contralateral
facet joint force increased by 108.1% in extension. This was
the largest increase in contralateral facet joint force among
all loading cases. At the same time, the increased IDP and
the maximum von Mises stresses in the annuli in this model
indicated a greater load through the intervertebral disc of
L4-L5. This would inevitably lead to a greater risk of inter-
vertebral disc degeneration and arthritis of the facet joints.
Therefore, extension postures need to be achieved with care
after total unilateral/bilateral facetectomy.

The facetectomy had a significant effect on IVR in axial
rotation. Notably, after bilateral facetectomy, the IVR for right
and left axial rotation increased by 354.3% and 265.3%. This is
comparable to results from the literature [11]. Besides spinal
instability, greater IDP of L4-L5 intervertebral disc and stress
in the annuli will result in rupture of the annulus fibrosus.
These remind us that axial rotation is another position needed
to be treated carefully from the biomechanical point of
view. Meanwhile, due to the change of stability, fusion or
dynamic stabilization would be needed to reconstruct the
lumbar stability from the biomechanical results. In this
study, only the biomechanical aspects were regarded, but
clinical experiences are inevitable as well; a cooperation
of surgeons and bioengineers could induce the individual
optimum for specific patients.

The majority of previous publications on spinal biome-
chanics constructed models based on the anatomy of
European or American subjects [7, 10, 11]. However, dif-
ferences in anatomy have been demonstrated between
European or American people and Asian people, especially
for the orientation of the facet joint. Grogan et al. [31]
reported a mean facet joint angle of the lumbar spine from
American subjects to be 37°. Yang and Wang reported
this to be 47° for the lumbar spine of Chinese [32], while
the value for Thais measured by Pichaisak et al. was 46°
[33]. Given the vast and ever-growing Asian population,
a concise FE analysis of graded facetectomy may be of
great benefit across an array of disciplines and professions
for Asians.

Some limitations of this study should be noted. In the
case of spine, only a few parameters such as intervertebral

rotation and intradiscal pressure were measurable and thus
suitable for validation. Therefore, facet joint forces and the
maximum von Mises equivalent stresses in the annuli were
presented only by relative ratios. The model used for simula-
tion was from an asymptomatic volunteer. The effects of
different pathological factors on the stability of spine after
graded facetectomy need to be investigated in further study.
In addition, the effects of muscle forces and bone mineral
density on facetectomy need further study as well. Although
several simplifications were made, the reported results
are reliable because the same parameters were chosen for all
loadingcases.The results in thepresent study shouldbeviewed
as a comparative analysis between graded facetectomymodels
and an intact model for all six spinal loading conditions.

5. Conclusions

The results conclude that, after unilateral and bilateral face-
tectomy, care must be taken when placing the spine into
extension and axial rotation posture from the biomechanical
point of view.
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