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Injury and injury prevention of the drivers, passengers, and
vulnerable road users are one of the most important issues
in vehicle accidents and cannot be overlooked. The chal-
lenges of this issue focus on the following aspects: (a) the
accident conditions causing injuries and mechanisms of
these injuries; (b) the effect of characteristics of an injured
person, e.g., age, gender, and types of vulnerable road users,
and the development of computational models for the
injured-included accidents; and (c) the methods and designs
for injury prevention. In this special issue on injury analysis
and prevention in vehicle safety, we have invited a few papers
that address such issues.

The first paper (S. Guan et al.) develops experiments to
study the thoracoabdominal injuries suffered from caudoce-
phalad impacts using pigs. 21 adult minipigs divided into
three groups are tested in different impact velocities, and
the mechanical responses are then analyzed. The second
paper (Y. Yan et al.) investigates the effect of neck muscle
active force on whiplash injury of the cervical spine to indi-
cate that the neck active force influenced the head-neck
dynamic response and whiplash injury during a collision,
especially in a low-speed collision. The third paper (F. Li
et al.) studies the effect of the neck muscle activation on head
and neck injuries to find out that the activation of neck mus-
cles can lower not only the head horizontal acceleration
under different impact intensities but also the head angular
acceleration in medium- and high-speed impacts. The forth
paper (J. Zheng et al.) uses a numerical method to study the
risk factors affecting lumbar spine injuries. The effects of

coefficient of friction, impact velocity, cushion thickness
and stiffness, and cushion angle on the risk of lumbar spine
injuries are analyzed.

The fifth paper (Y. Peng et al.) investigates the
dynamic response and head injuries of standing subway
passengers during collisions based on the MADYMO
models to provide guidance for the safety design of the
subway and some advices for standing subway passengers.
The sixth paper (T. Zou et al.) analyzes the injury of the
riders upon car-electric bicycle accident. After accident
reconstruction, data acquisition, data verification, and
screening of 57 car-electric bicycle accidents wherein riders
are hit to the engine hood and thrown to the air, the data
obtained from the remaining 53 cases were analyzed. The
seventh paper (S. Shang et al.) focuses on the head and brain
injuries of one new vulnerable road user which is a rider
using electric self-balancing scooters. The eighth paper (J.
Huang et al.) develops the age-specific lower extremity
finite element model for simulating pedestrian accidents.
The development of the age-specific lower extremity
models will lead to an improved understanding of the
pedestrian lower extremity injury mechanisms and injury
risk prediction for the whole population in vehicle-
pedestrian collision accidents.

The ninth paper (H. Li et al.) analyzes the effects of
curtain airbag (CAB) on occupant kinematics and injury
indexes in a rollover crash. The simulation results indicated
that the occupant kinematics and most injury indexes were
improved with the help of CAB in such rollover scenario.
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The tenth paper (G. Zhang et al.) investigates the relation-
ships between the front-end styling features of SUVs and
head injuries at the styling design stage for pedestrian
protection performance improvement and product devel-
opment efficiency. The eleventh paper (F. Mo et al.) designs
a conceptual bumper energy absorber coupling pedestrian
safety and low-speed impact requirements. The new X-
shape energy absorber can meet both pedestrian safety
and low-speed impact requirements well by altering the
main deformation modes according to different impact
energy levels.
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With the development of the subway and the pressing demand of environmentally friendly transportation, more and more people
travel by subway. In recent decades, the issues about passenger passive safety on the train have received extensive attention. In this
research, the head injury of a standing passenger in the subway is investigated. Three MADYMO models of the different standing
passenger postures, defined as baseline scenarios, are numerically set up. HIC15 values of passengers with different postures are
gained by systematic parametric studies. The injury numerical simulation results of various scenarios with different friction
coefficients, collision acceleration, standing angle, horizontal handrail height, and ring handrail height are analyzed. Results
show that the horizontal handrail provides better protection in the three different standing passenger postures. Different friction
coefficients and the standing angle have great impact on the head injuries of passengers in three different scenarios. The
handrail height also has some effects on head injury of passengers with different standing postures, so it is necessary to be
considered when designing the interior layout of the subway. This study may provide guidance for the safety design of the
subway and some advices for standing subway passengers.

1. Introduction

The subway has become one of the most important travel
modes for urban residents, owing to its convenience. Due
to the characteristics of high speed, high quality, and high
passenger density, subway vehicles will cause unbearable
casualties in the subway collision accident. In 2009, the
collision accidents of subway occurred in Washington,
USA, causing nearly one hundred casualties [1]. In 2011, a
subway collided with a truck, causing many casualties in
Los Angeles, USA [2].

In general, many countries have focused on the crash-
worthiness of rail vehicle in the 80s of last century. In the
United Kingdom, Railway Safety and Standards Committee
(RSSC) revised the GM/RT 2100Iss4. It contained detailed

requirements of the interior of the train, such as interior trim
and seat spacing. Subsequently, the UK put forward the
crashworthiness standards AV/ST 9001 and started to
research how to reduce the occupant secondary collision
injury by changing the interior design.

In the United States, there have been multiple studies
addressing rail crashworthiness and occupant safety [3–7].
The Federal Railroad Administration (FRA) sponsored stud-
ies on the vehicle collision response and crashworthiness
performance of vehicles by computer analysis and experi-
ments [4–6]. The US Volpe National Transportation Systems
Center carried out a series of real-vehicle crash tests and
occupant secondary collision tests [4]. They made some mea-
sures to reduce occupant secondary collision injury [5].
Simons and Kirkpatrick used the vehicle crash response to
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calculate the acceleration environment of the car interior in
mathematical simulation. Separately, they applied this accel-
eration environment to simulate the response and injury of
passengers in seated configurations [6]. On bus collisions,
vehicle compatibility issues were proposed during typical
mass transit bus collisions with sedans, light trucks, and
heavy trucks through the use of numerical finite element
simulations [7].

In Japan, as early as 1997, the casualties of passengers in
train collisions were brought into sharp focus [8, 9]. In 2002,
the spontaneous self-protection posture was proposed in the
research of passenger injury [10]. Subsequently, in 2008, the
passengers’ behavior on benches in train collisions was stud-
ied [11]. In 2012, several researches studied the behavior of
commuter trains in the crossing accidents. The authors
found that armrests or baffles could reduce the possibility
of passenger damage [12].

In the European Union, SAFETRAIN, SAFETRAM,
TRAINSAFE, SAFE INTERIORS, and other projects carried
out related research on the crashworthiness and occupant
safety of urban rail vehicles. These included studies of sitting
posture, occupant injury in the interior environment, and the
crash energy management (CEM) requirements of different
vehicles. These efforts supported the development of the
European railway crashworthiness standardEN15227 in2007.

In China, there were some crashworthiness researches in
universities. A model of a console-seat-dummy which opti-
mizes thedriver’sworkspacewasproposed [13]. Subsequently,
the main influencing factors of the passenger injury [14] and
the energy absorption requirements of the crash vehicle [15]
were considered.The requirementswere a great help to vehicle
structure design. Later, the dynamic response of occupant
secondary collision [16] aimed to forecast impact injuries.

Current study focuses on related issues of train collision
safety. The research found that majority of the injuries to
occupants are a result of secondary collisions between occu-
pants and other objects [17–19]. The occupant secondary
collision means that the injury is caused by the contact with
the interior of the vehicle [20–22]. The head injury is the
most investigated traffic injury, and the head injury criterion
(HIC) is the most commonly used injury index to passengers
[20–25]. However, the safety issues of subway passengers are
ignored, due to the characteristics of subway vehicles,
including the high speed, high quality, and high passenger
density. To bridge the gap, the objective of our study is to
assess head injury risks of standing subway passengers
and therefore to give some advices on preventing serious
injuries of these passengers. In Section 2, accident scenar-
ios, including human and vehicle models and finite element
(FE) head-ground impact model, are established. In Section
3, the injury results are analyzed under three baseline sce-
narios. In Section 4, comprehensive parametric discussions
are presented to indicate the mechanism of head injuries of
standing subway passengers.

2. Methods

To assess the head injuries of standing passengers during a
crash, three different standing passenger postures, that is,

horizontal handrail passenger, ring handrail passenger, and
vertical handrail passenger, are considered. Almost all stand-
ing subway passenger scenes are covered. Numerical simula-
tion scenes are set up based on MADYMO (MADYMO 7.5,
Netherlands Organisation for Applied Science Research,
Delft, Netherlands) [26] platform. The MADYMO platform
is used to study the vehicle crash safety [27].

In the analyses, the impact condition specified in
EN15227 standard is applied (shown in Figure 1) [28]. The
wet weather conditions in this area and subway model
referred are taken into consideration. Therefore, the baseline
scenario of three different standing passenger postures is set
with lower limit acceleration in 5.67 g (shown in Figure 1),
the static coefficient friction between shoes and floor with
0.49 [29], and standing angle with 0°, and the heights of the
horizontal handrail and the ring handrail are 1850mm and
2000mm, respectively.

To further quantify the collision scenarios, numerical
simulations are conducted at various collision acceleration,
coefficient friction (between foot and floor), standing angle,
and handrail height (from handrail to floor) with a total of
270 numerical simulations (shown in Table 1). Numerical
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Figure 1: Collision acceleration curve as defined in AV/ST 9001
vehicle interior crashworthiness.

Table 1: Different parameter ranges in 270 numerical simulations.

Parameter Range

Coefficient friction
0.49, 0.55, 0.60, 0.65, 0.70,

0.75, 0.80, 0.85

Collision acceleration (g)
2, 2.5, 3.0, 3.5, 4.0, 4.5, 5.0,
5.5, 6.0, 6.5, 7.0, 7.5, 8.0, 8.5,

9.0, 9.5, 10.0

Standing angle (rad)
0, π/4, π/2, 3π/4, π, 5π/4,

3π/2, 7π/4

Heights of the horizontal
handrail (mm)

1830, 1840, 1850, 1860, 1870,
1880, 1890, 1900, 1910, 1920,

1930, 1940, 1950

Heights of the ring
handrail (mm)

1950, 1960, 1970, 1980, 1990,
2000, 2010, 2020, 2030,

2040, 2050
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collision conditions are simulated with the collision accelera-
tion changed every 0.5 g range from 2g to 10 g. The different
gradients of the coefficient friction are set from 0.49 (baseline
scenarios) to 0.85 with the interval of 0.05. The standing
angle is set as dominant variables, that is, 0, π/4, π/2, 3π/4,
π, 5π/4, 3π/2, and 7π/4 (shown in Figure 2). The heights of
the horizontal handrail and the ring handrail are set from
1830mm to 1950mm and 1950mm to 2050mm with the
interval of 10mm, respectively.

In consideration of the head injury importance, we take
finite element head models to analysis by simulating bound-
ary conditions in the baseline scenario, individually. The
results of MADYMO simulations for the baseline scenario
with three different standing passenger postures are used as
the boundary conditions for finite element simulations later.
The head impact boundary conditions include linear veloc-
ity, angular velocity, the head position, and head linear
acceleration [30].

2.1. Accident Scenarios. Three standing models in the base-
line scenario are shown in Figure 3. The relevant design
parameters of the subway handrails correspond to actual
designs in service in China.

2.2. Human Model. The 50th percentile male pedestrian
model (1.74m, 75.7 kg) incorporated within MADYMO
[31] is chosen to represent the standing subway passenger.
This model is widely accepted for accident analysis and
reconstruction studies to assess human body kinematics
and injury potential [32, 33]. The pedestrian model consists
of 52 rigid bodies, with an outer surface described by 69 ellip-
soids, and there are 52 joints within the human model.

2.3. Hand Model. Between the hand model and the handrail,
we define a contact with failure to simulate the hand grip
force [29]. The average grip strength for males aged 20–59
is 450N in China [34]. When the hand grip force reaches
450N, the contact between the hand model and the handrail
becomes invalid.

2.4. Injury Evaluation Index. HIC is widely accepted for
assessing the severity of head injuries [9, 10, 23, 30, 35, 36].
HIC15 is well correlated with averaged angular acceleration
[9] and can avoid some of the potential errors [10]. Conse-
quently, HIC15 is chosen during the secondary impact.

2.5. Finite Element (FE) Head-Ground Impact Model. The
HBM-head model is adopted to build the FE head-ground
model [36, 37]. The HBM-head model has been validated
and widely used in the field of skull and brain injury research
[38–42]. The subway aluminum honeycomb ground FE
model is constructed [43]. Figure 4 shows the FE head-
ground impact model. The head-ground impact process is

3𝜋 2

5𝜋 4 7𝜋 4

𝜋 4

𝜋 2

3𝜋 4

𝜋 0 0 0
Subway moving direction

Figure 2: Description of different standing angles.

0°

2000 m
m

Subway moving direction

0°

1776 m
m

2000 m
m

0°

1450 m
m

Figure 3: The standing models and standing angle to describe horizontal handrail, ring handrail, and vertical handrail.

Figure 4: The FE head-ground impact model.
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reconstructed by using three coordinate points to get the rel-
ative position of the HBM-head with ground. The linear
velocities, angular velocities, and linear acceleration are used
as the boundary condition. This method has been adopted to
study the influence of head mass on temporoparietal skull
impact [44].

3. Results

From the dynamic point of view, the standing subway pas-
senger accident could be divided into three phases, that is,
hand-handrail contact phase (I), hand-handrail separation
phase (II), and head-floor contact phase (III), indicated in
Figure 5. In phase I, three kinds of standing subway passen-
gers hold the handrail in three different ways. In phase II,
the hand grip force of the passenger reaches 450N. The con-
tact between the hand model and the handrail becomes inva-
lid. In phase III, the standing subway passenger falls down
and the head and floor make contact. The kinematic mecha-
nisms of the standing subway passenger in three postures are
demonstrated by MADYMO.

3.1. The Resultant Hand Grip Force. The hand grip force
reflects directly the time when the hand and the handrail
separate. As shown in Figure 6, the hand grip force of the
horizontal handrail passenger, the ring handrail passenger,
and the vertical handrail passenger reaches 450N in
142ms, 94ms, and 78ms, respectively. The horizontal hand-
rail has the greatest effect on the overall passenger response
(integrating the force-time history), and the ring handrail
has the least effect. It can be observed in the behaviors
(Figure 7). For the horizontal handrail, the hand postures

of a standing passenger change from 0ms to 142ms, while
it keeps the same from 0ms to 94ms for the ring handrail.
There are some fluctuations in the horizontal handrail curve
and the vertical handrail curve before reaching the peak. It
can be explained that the hand does not touch the ring hand-
rail in the beginning.

3.2. The Resultant Head Acceleration. For the same impact
scenarios selected in the previous section, three baseline

0 ms 142 ms 673 ms

0 ms 94 ms 656 ms

0 ms 78 ms 630 ms
Phase I Phase II Phase III

Figure 5: Dynamic responses of three passengers with different standing postures in the baseline scenario.
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Figure 6: Resultant head-handrail forces of three different standing
passenger postures in the baseline scenario.
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scenarios in three postures present the representative sim-
ulation results. As shown in Figure 8, for the horizontal
handrail and the ring handrail during the head-floor con-
tact, there are several small peaks in head acceleration
curve, while a peak in the vertical handrail. The reason
is that the arm plays a buffer role when the standing sub-
way passenger in the vertical handrail falls down. The head
acceleration reaches the peak when the head and floor make
contact for the first time. The peak in the horizontal handrail
and ring handrail arrives late, compared with that in the
vertical handrail. The peak value maximum in the vertical
handrail is the smallest in three standing postures, that is,
HIC15 = 2604 6. It can be explained that the arm-floor
contact mitigates a part of impact energy. For the standing
subway passenger in the ring handrail, the time for head-
floor contact is longer than the time in the horizontal
handrail. This leads to the greater value of HIC15, that is
HIC15 = 4996 9 and HIC15 = 2604 6, respectively.

Horizontal handrail

Ring handrail

Vertical handrail

0 ms 78 ms 94 ms 142 ms 673 ms

Figure 7: The dynamic behaviors to the hand grip force.
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3.3. The Head Center of Gravity (CG) Displacement. The dis-
placement of the head center of gravity (CG) reflects directly
the kinematic movement of the standing subway passenger
in three standing postures. The head displacement is the hor-
izontal displacement along the collision direction of the car
body from falling over. The displacement is relative to a ref-
erence frame defined by a fixed position on the floor on the
car body. The head displacement increases almost linearly
at first. This indicates that the head velocity keeps constant.
An abrupt gradient change can be observed in the
displacement-time history curve in the three standing pos-
tures (Figure 9). The constraint of head movement is the
head-floor contact. The gradient happens at about 620ms,
and the three postures of the standing subway passenger head
contact the floor, that is, 634.6ms, 621.5ms, and 618.6ms,
respectively.

3.4. The Head Center of Gravity (CG) Speed. The speed-time
history curves of the standing subway passenger head center
of gravity in three standing postures are indicated in
Figure 10. The general trends of the curves are ascending

HIC15 = 4690.5

HIC15 = 6706.2

Friction 0.49
Coefficient 0.85

200 400 600 10000 800
Time, t (ms)

0

1000

2000

3000

4000

5000

6000
H

ea
d 

ac
ce

le
ra

tio
n,

 a
 (m

/s
2 )

(a) The horizontal handrail

HIC15 = 3978.3

HIC15 = 4996.9

Friction 0.49
Coefficient 0.85

600400 8000 1000200
Time, t (ms)

0

1000

2000

3000

4000

5000

6000

H
ea

d 
ac

ce
le

ra
tio

n,
 a

 (m
/s

2 )

(b) The ring handrail

HIC15 = 4695.5

HIC15 = 2604.6

Friction 0.49
Coefficient 0.85

200 400 600 8000 1000
Time, t (ms)

0

1000

2000

3000

4000

H
ea

d 
ac

ce
le

ra
tio

n,
 a

 (m
/s

2 )

(c) The vertical handrail

Figure 13: Head acceleration-time history of three passengers with different standing postures in the lower limit acceleration (5.67 g).
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with some little fluctuations before the peak appears, due
to the hand force of the standing subway passenger. The
speed of head CG reaches the peak when the abdomen-
vehicle contact happens, caused by a sudden drop. Later,
there is a wave of the speed after the head-vehicle contact
appears. Subsequently, the head center of gravity speed tends
to be relatively steady.

3.5. The Head Injury Analysis in FE Model. Three baseline
scenarios are selected in three different standing passenger
postures to assess the head injury by FE head-ground impact
model. Head injury with coup pressure and skull von Mises
stress is analyzed and the result is showed in Figure 11. The
maximum coup pressure (362.8 kPa) and the minimum coup
pressure (−246.3 kPa) happen in the ring handrail scenario.
And the maximum skull von Mises stress (31.36MPa) hap-
pens in the vertical handrail scenarios. All the coup pressures

are graded distribution. The maximum skull von Mises stress
concentrates on the zygoma.

4. Discussion

4.1. Parametric Study for Various Coefficient Friction. The
coefficient friction between the passenger and the ground
has a significant effect during collisions [28]. In Figure 12,
the relation between the head injury HIC15 value and the
coefficient friction is illustrated. Different impact acceleration
conditions are considered: the lower limit acceleration
(5.67 g), the middle acceleration (6.85 g), and the upper limit
acceleration (8.0 g) in Figures 12(a)–12(c), respectively. The
other parameters are kept the same as those in the baseline
case. The results show that HIC15 of the standing subway
passenger in the horizontal handrail and the vertical handrail
increases with the increasing of friction coefficient, while
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Figure 15: Head acceleration-time history of three passengers with different standing postures.
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HIC15 of the ring handrail decreases with the increasing of
friction coefficient. This indicates the friction coefficient has
a huge effect in different standing postures.

The maximum and minimum of HIC15 (in Figure 12(a),
a baseline scenario) in three postures are employed to inves-
tigate how the friction coefficient influences the impact
mechanism. As shown in Figures 13(a)–13(c), the time of
head-floor contact in three postures is varied. The head-
floor contact comes first when the friction coefficient is
0.85, compared with 0.49 in three postures. It can be
explained that the time of hand-handrail detachment is
different and the greater of the friction coefficient makes
people fall down faster during the collisions. These find-
ings can be used by vehicle manufacturers to reduce
head injury.

4.2. Parametric Study for Various Collision Acceleration. It is
obvious that the collision condition is a dominant factor. It is
necessary to quantify the influence on the head injuries
brought by the collision condition. As shown in Figure 14,
obviously, the overall curves rise with the increasing of the
collision acceleration. The curve changes are not normal
when the collision acceleration is less than 3 g. It can be
explained that there is no consideration to self-balancing
mechanism of the standing subway passenger model.

Compared with HIC15 of the three postures, respectively,
there is a point of mutation around 5.5 g. HIC15 scores are
quite big when the collision acceleration is 5.5 g in the hori-
zontal handrail and 5.0 g in the ring handrail. The maximum
HIC15 of three postures appears in 9.0 g. It can be observed in
Figures 15(a)–15(c). Surprisingly, the point of mutation

5000

4000

3000

2000

1000

H
IC

15

0 𝜋/4 𝜋/4 3𝜋/4 𝜋 5𝜋/4 3𝜋/2 7𝜋/4

Standing angle, 𝜃 (rad)

Horizontal handrail
Ring handrails
Vertical handrail

(a) The lower limit acceleration condition (5.67 g)

5000

6000

4000

3000

2000

1000

H
IC

15

0 𝜋/4 𝜋/4 3𝜋/4 𝜋 5𝜋/4 3𝜋/2 7𝜋/4

Standing angle, 𝜃 (rad)

Horizontal handrail
Ring handrails
Vertical handrail

(b) The middle acceleration condition (6.85 g)

5000

6000

7000

8000

4000

3000

H
IC

15

0 𝜋/4 𝜋/4 3𝜋/4 𝜋 5𝜋/4 3𝜋/2 7𝜋/4

Standing angle, 𝜃 (rad)

Horizontal handrail
Ring handrails
Vertical handrail

(c) The upper limit acceleration condition (8.0 g)

Figure 16: The relation of the standing angle and HIC15 values of three passengers with different standing postures in three collision
acceleration conditions.
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around 5.5 g is close to the lower limit acceleration in AV/ST
9001. These findings have a certain reference for the estab-
lishment of collision standards.

4.3. Parametric Study for Various Standing Angles. The stand-
ing angle is considered as a variable [9]. Figures 16(a)–16(c)
show the three postures of the standing subway passenger
with different standing angles under the lower limit accel-
eration (5.67 g), the middle acceleration (6.85 g), and the
upper limit acceleration (8.0 g), respectively.

The varying trends of HIC15 at various standing angles
are somewhat irregular. As shown in Figure 16, for the hori-
zontal handrail of the standing subway passenger, the HIC15
is smaller when the standing angle is π/4. The HIC15 is quite
bigger, when the standing angles are 0 and 7π/4. For the ring
handrail of the standing subway passenger, the HIC15 reaches

the biggest, when the standing angle is 0. The smallest HIC15
happens in the 3π/4 or π/4. As for the vertical handrail of
the standing subway passenger, the standing angle of π/4
causes the smallest HIC15, while the biggest HIC15 happens
in 0 and 3π/2. In general, the maximum HIC15 appears at
both ends of the curve. It can be explained by the head-
floor contact directly.

To figure out detail contact behaviors in the collision, the
head acceleration curves are extracted along with three pos-
tures in Figures 17(a)–17(c). It can be observed that the
HIC15 is higher when the time of head contact becomes ear-
lier. The reason is that the hand plays a protective role, which
means hand-floor contact comes first compared with head-
floor contact and the HIC15 is smaller at the same time. This
finding provides some guidance for the standing direction to
subway passengers.
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Figure 17: Head acceleration-time history of three passengers with different standing postures in the lower limit acceleration (5.67 g).
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4.4. Parametric Study for Various Heights. Previous research
and design indicated that the height of the handrail might
bring different consequences to the injuries of the subway
passenger during the collisions [10]. It is also interesting to
discuss the influence caused by various heights of the hand-
rail in the standing subway passenger head injuries. The stan-
dard heights of the horizontal handrail and the ring handrail
are 1850mm and 2000mm, respectively. Figures 18(a) and
18(b) show the relationship between the HIC15 values and

heights of the horizontal handrail and the ring handrail in
three collision conditions. From the curves, the 6.85 g and
8.00 g scenarios in the ring handrail at 2000mm height have
high injury values but they are much lower at both the
1990mm and 2010mm heights. For the horizontal handrail,
the standard height 1850mm is on the middle level. The
HIC15 values are sensitive to the height of the handrail. This
finding is helpful to the handrail design, besides thinking
about ergonomics.
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5. Conclusion

In this paper, numerical collision condition was set up to
investigate the head injuries of standing passengers during
a crash with three standing postures, that is, the horizontal
handrail, the ring handrail, and the vertical handrail. Three
baseline scenarios were set with three different standing sub-
way passenger postures. The head finite element model was
studied to emphasize the head injury importance in the three
baseline scenarios. Then, parametric studies were carried out
in the baseline scenarios, such as coefficient friction, collision
acceleration, standing angle, and handrail heights.

Based on the analysis, the following changes or sugges-
tions were proposed for the subway and the standing subway
passenger. A lower stiffness of the rubber used for the floor
and the appropriate handrail height should be considered.
Results showed that the bigger acceleration was likely to
result in more serious head injuries in the standing subway
passenger. Therefore, driver training should be included to
brake faster when the collision occurs. The standing subway
passenger should be discouraged from standing in a certain
angle toward the subway moving direction. According to
195 numerical simulations of this paper (besides 75 numeri-
cal simulations in the study for various heights), the number
of cases that the horizontal handrail obtains the lowest HIC15
values accounts for 61.5% (40 out of 65) of all simulations.
The horizontal handrail is safer, compared with the ring
handrail and the vertical handrail.

It should be noted that before drawing the final conclu-
sion about the head injuries of standing passengers during a
crash, more researches need to be extended in the future,
due to the limitations in this paper. Firstly, balance of human
body requires closed loop control to generate a complex sway
movement using neural signals to activate muscles. We do
not take balance loss into consideration. It is inaccurate under
the emergency braking conditions. Secondly, head injury is
just one of the factors which may result in the standing sub-
way passenger injury. Other lethal injuries are not considered
in this paper, such as abdominal injury and serious thoracic
trauma. Thirdly, only the standing subway passenger was
considered, while the sitting subway passenger was unin-
formed. Finally, the FE impact simulations with only the FE
head model (non-FE human body model) may have some
limitations, so a pedestrian FE model (e.g., GHBMC model
or THIMS model) will be considered in the future.
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To know the caudocephalad impact- (CCI-) induced injuries more clearly, 21 adult minipigs, randomly divided into three groups:
control group (n = 3), group I (n = 9), and group II (n = 9), were used to perform the CCI experiments on a modified deceleration
sled. Configured impact velocity was 0m/s in the control group, 8m/s in group I, and 11m/s in group II. The kinematics and
mechanical responses of the subjects were recorded and investigated. The functional change examination and the autopsies were
carried out, with which the injuries were evaluated from the Abbreviated Injury Scale (AIS) and the Injury Severity Score (ISS).
The subjects in group I and group II experienced the caudocephalad loading at the peak pelvic accelerations of 108.92± 58.87 g
and 139.13 g± 78.54 g, with the peak abdomen pressures, 41.24± 16.89 kPa and 63.61± 65.83 kPa, respectively. The injuries of
the spleen, lung, heart, and spine were detected frequently among the tested subjects. The maximal AIS (MAIS) of chest injuries
was 4 in group I and 5 in group II, while both the MAIS of abdomen injuries in group I and group II were 5. The ISS in group
II was 52.71± 6.13, significantly higher than in group I, 26.67± 5.02 (p < 0 05). The thoracoabdomen CCI injuries and the
mechanical response addressed presently may be useful to conduct both the prevention studies against military or civilian injuries.

1. Introduction

The injuries induced by caudocephalad impacts (CCI) fre-
quently occurred in military vehicles, for example, underbelly
blasts (UBB), which have led to large numbers of injuries and
deaths [1–3]. Some civilian accidents, such as helicopter
crashes and falls [4–11], resulted in also so many casualties
owing to the CCI. For example, helicopters are being widely
used worldwide nowadays due to their excellent motoriza-
tion, with an estimated incidence of 2.5 helicopter crashes
per 100,000 flying hours [9], and the mortality rate of the
injuries involved in helicopter crashes was up to 59% [5].
Falls contributed to approximately 35 million disabilities or
adjusted life years annually, showing an increase trend [11].

Thoracoabdomen is vulnerable to the CCI, and the CCI-
induced thoracoabdominal injuries were reported frequently,

with potential disaster outcomes [12–16]. As compared to
the thoracoabdomen injuries induced by the horizontal
impacts, such as anterior-posterior or lateral, remarkable dis-
crepancies existed in injury mechanism, injury characteris-
tics, and injury tolerance from the injuries by the CCI. In
the past decades, the reported researches with regard to
CCI-related injuries were done by retrospectively analyzing
the injuries or deaths involved in the military or civilian sce-
narios [12–16] or performing the impact experiments with a
dummy or cadaver [17–22]. The results have played key roles
in understanding the injury mechanisms and evaluating the
injury response for the CCI injuries, that is, fractures for
the spine. However, the studies using postmortem human
surrogates (PMHS) or finite element analysis (FEA) hardly
produced successfully the injuries by thoracoabdominal
organs frequently reported in military or civilian scenarios,
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particularly hemorrhage, and as a result, the injuries led by
the CCI remained unclear. Furthermore, there still has been
a paucity of experimental data concerning the thoracoab-
dominal CCI injuries until now, especially with animals.

In order to more clearly address the thoracoabdomen
CCI-induced injuries, adult minipigs, whose anatomical
structures of thoracoabdominal organs and physiological
changes of the impact injury are similar to human body to
some extent [23], were employed as a surrogate model of
human body in the present study.

2. Material and Methods

This study was carried out strictly following the recommen-
dations in the Guide for the Care and Use of Laboratory Ani-
mals of the National Institutes of Health. The protocol was
approved by the Animal Ethics Committee of the Third Mil-
itary Medical University (Permit number: 20150402), and
great efforts were made to minimize suffering of the experi-
mental animals and cut down the animal number.

2.1. Experimental Setup. A modified deceleration sled was
used to mimic the CCI to the animals. Figure 1 illustrates
the schematic diagram and photo of the experimental instru-
ments. The setup consists of a horizontally orientated seat
assembly, fixed on a carriage designed to slide with respect
to the sled. When beginning the test, the sled and carriage
were accelerated simultaneously to the configured velocity,
and then the sled was stopped by the thin steel pipes as
energy absorbers, fitted in front of the sled (with a thickness
of 1.5mm and a section of 80mm× 80mm). The carriage
continued to move towards the rigid wall along the two rails
of “C” shape and stopped by contacting with the rigid wall
(Figure 1). A piece of hard rubber, mounted in the frontal
of the wall, may avoid the destruction due to a high acceler-
ation that resulted from the impact between the carriage
and the rigid wall.

2.2. Animal Preparation. A total of 21 healthy Guizhou
Congjiang adult minipigs, weighing 25–30 kg, either male or
female, were obtained from the Experimental Animal Center
of Daping Hospital, Third Military Medical University,

Chongqing, China. The animals were housed in ventilated
rooms and allowed to acclimatize to their surroundings for
over 4 days before the test, and good physical conditions were
kept for all the animals. All animals were fastened but free of
water for 8 h prior to the tests. The animals were divided into
randomly 3 groups: control group (n = 3), group I (n = 9),
and group II (n = 9).

After premedication with an intramuscular injection of
ketamine (30mg/kg) and atropine (0.1mg/kg), anesthesia
was induced by xylazine hydrochloride (2mg/kg, intramus-
cular injection) and maintained by pentobarbital (10mg/
kg/h, injecting through ear vein). The animals were tracheo-
tomised with a tracheotomy cannula where respiratory rate
was adjusted to obtain arterial PCO2 between 35 and
45mmHg. Body temperature was maintained between 37°C
and 39°C with a blanket. Cardiocirculatory and respiratory
parameters were monitored continuously. Before the impact,
all animals received an intravenous injection of 2mg/kg car-
profen to prevent pain. After stable anesthesia, artificial ven-
tilation was shopped for the whole process.

Two sensors were used to record in vivo the mechanical
response during the test. One was an acceleration sensor
(7287-1-300, Endevco, USA; acceleration range: 0–2000 g),
and the other was a pressure sensor (CYG41000, Dechen,
China; pressure range 0–500 kpa). A metal block was
mounted on the pelvis with several screws, and the accelera-
tion sensor was glued to the block to measure the acceleration
along the caudocephalad direction. The pressure sensor was
inserted into a balloon filled with the liquid and placed under
the liver to measure the abdomen pressure. The installation
of the sensors is shown in Figure 2.

2.3. The Experimental Procedure. The anesthetized pig was
fastened to seat with a 4-point hardness to avoid the throw-
ing during experiencing the impact, in which the buttock of
the subject contacted the rigid seat prior to the test, and the
limbs were loosely fixed in the frame, mimicking a “sitting”
posture (Figure 1), so that the loading may be acted on the
buttock of the subject along the caudocephalad direction.
Impact velocity of the sled was configured as 8m/s in group
I and 11m/s in group II, respectively. The animals in the con-
trol group experienced the same test procedure in which the

(a) (b)

Figure 1: The schematic diagram and photograph of the installation. (a) Schematic diagram. The setup comprises a sled with three thin steel
pipes, a horizontal seat assembly fixed on the carriage, rail, rigid wall, and traction control system. When the thin steel pipes collide with the
rigid wall, the sled stops and the carriage continues to move forward and impact with the rigid wall, and finally the buttock of the pig
experienced a high caudocephalad acceleration loaded from the seat. (b) The setup photograph. The pig lays in a supine position on the
carriage, and the setup was ready for the CCI.
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impact speed was defined as 0m/s. When the experiment was
initiated, the sled was accelerated from the starting position,
running along the rail with a length of about 80.0m, and
stopped by the contact between the thin-wall pipes and rigid
wall. The impact velocity of the sled was determined with a
customer speed dosimeter. The whole course of the CCI
was recorded by a high-speed video camera (Phantom
V4.3, Vision Research), at 1000 frames per second.

2.4. Injury General Examination. Heart rate (HR), respira-
tory rate (RR), blood pressure (BP), and arterial blood gas
analyses (ABGA, portable blood gas analyzer: i-STAT, Prin-
ceton NJ, USA) of all the subjects were recorded within 6 h
postinjury at an interval of 1 h, in which the phase of 0 h
referred to the immediate record after the test.

2.5. Injury Pathological Examination. Full-body CT scans
were performed randomly for two pigs in group I and group
II pre- and postinjury, to detect injury to the skeleton. The
animals were sacrificed 6h postinjury, and then considerable
autopsies were carried out. The tissue at the injured location
was obtained and prepared for microscopic observation,
and the histopathological alternations were recorded. The
autopsies were done immediately once the animals died.
The injuries of the subjects were evaluated according to the
Abbreviated Injury Scale 2005 (AIS-2005) [24], and the
maximal AIS (MAIS) of each anatomical region was used
to calculate the Injury Severity Score (ISS).

2.6. Statistical Analysis. ABGA and ISS were presented as
mean± SD and were analyzed using SPSS® 19.0 software.

The differences of the acquired histopathological alternations
in tested animals were tested using one-way analysis of vari-
ance (ANOVA). Comparison of AIS in groups I and II was
conducted using chi-square test, and the ISS comparison
between groups I and II was done using t-test. A value of
p < 0 05 was considered statistically significant.

3. Results

The determined impact speeds of groups I and II were
8.21± 0.13m/s and 10.69± 0.41m/s. The peak accelerations
of the sled were 21.27± 1.70 g in group I and 34.07± 13.56 g
in group II. Figure 3 shows the kinematics of the subjects
during crashing from a series of images derived from the
high-speed camera, in which the maximal height (MH)
was used to estimate the bending of the thoracolumbar
spine, as shown in Figure 3(c). The MH in group II was
significantly higher than that in group I (15.01± 0.98 cm
versus 11.27± 1.67 cm, p < 0 05).

The peak acceleration recorded on the subject pelvis
in group II was 139.13± 78.54 g, significantly higher than
that in group I, 108.92± 58.87 g (p < 0 01), while the peak
pressure of the abdomen in group II, 63.61± 65.83 kPa,
was significantly higher than that in group I, 41.24±
16.89 kPa (p < 0 05). Figure 4 shows the corridor curves
of the caudocephalad accelerations and the abdomen
internal pressure.

All the animals in group I survived, while in group II, 5
died of the mass bleeding within 2 h posttest, and 1 died
immediately after the impact. Among all the subjects, HR
and RR speeded up immediately after the impact and lasted

(a)

(b)

(c)

Pressure sensor

Acceleration sensor

(d)

Figure 2: The installation of the sensors. (a) The operation photograph of the acceleration sensor installation. The sensor was glued to a metal
block that was mounted on the pelvis via screws. (b) The operation photograph of the pressure sensor installation. The laparotomy was done,
and the sensor was placed under the liver. (c) The photograph of the pressure sensor. The sensor was inserted into a balloon filled with liquid.
(d) The X-ray photograph, in which the sensors were indicated with arrows.
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for a few minutes. Subsequently, HR and RR in group I
recovered to normal level, as compared to those in the con-
trol group, while HR and RR in group II kept at higher levels.
BP in group I decreased rapidly after the impact and then

remained stable at 40% of normal levels, in which BP in
group II dropped to 10–20% of normal levels. Oxygenation
parameters did not shift in the control group. The PCO2,
PO2, pH, and HCO3− in group I indicated a decreasing trend,

(a) (b)

(c) (d)

Figure 3: The kinematics of the pig during the CCI. (a) T0: the sled is hitting against the wall but the pig was motionless to the carriage. (b) T1:
the pig showed maximal deformation of the abdomen due to severe compression of the torso along the caudocephalad direction. (c) T2: peak
point of the spine bending. The maximal height (MH) indicated with the arrows refers to the distance between the peak point of the spine
bending and the deck of carriage. (d) T3: the spine returned to normal form.
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Figure 4: The corridor curves of the acceleration and pressure. The corridor of the acceleration (a) and the pressure (b) was showed, in which
the acceleration and the pressure were indicated with different colors, with black referring to the data in group I and red in group II.
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as compared to those in the control group. In group II, the
value of ABGA showed a deterioration at 1 h, as compared
to that in the control group, but did not reach the criteria
of respiratory failure (Figure 5).

The common thoracoabdomen injuries from the autop-
sies included fractures, contusion, laceration, bleeding, and
hemorrhage. The injured thoracoabdominal organs, that is,
the spleen, lung, heart, and kidney, were observed com-
monly; however, the rate of subendocardial hemorrhage
(SEH) in group I (4/9) was higher, as compared to that in
group II (1/9). Furthermore, rib fractures and liver injuries
have never been detected from the tested pigs. Figure 6 shows
the typical injuries to the thoracoabdomen organs, Figure 7
exhibits the fractures in the thoracolumbar spine and pelvis,
and Figure 8 illustrates the heart injuries in gross and micro-
scopic observation.

The MAIS of chest injuries was 4 in group I and 5 in
group II, while 8 in group I and 9 in group II experienced
the MAIS 5 abdomen injuries. There was a significant distri-
bution discrepancy in MAIS between both groups (p < 0 05),
as shown in Table 1. The ISS of group II, 52.71± 6.13,
was significantly higher than that of group I, 26.67± 5.02
(p < 0 05).

4. Discussion

For the CCI-induced thoracoabdomen injuries, especially at
a high loading rate, which frequently occurred in the military
or civilian scenarios, the authors presumed that there may be
two ways to transmit the vertical loading: one is the bone, and
the other is the soft tissues, that is, thoracoabdomen muscles
and organs, and the energy transmission may result in the
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Figure 5: Arterial blood gas analysis. (a) PO2, (b) PCO2, (c) pH, and (d) HCO3 are detected in all three groups. ※Deterioration of ABGA
(PCO2, PO2, pH, and HCO3−) at 1 h compared with baseline and control group, p < 0 05.
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injuries to the torso. Among the previously reported litera-
ture, most studies were done by carrying out experiments
with a dummy or cadaver [16, 17, 20–22], in which the spine

fractures have been validated from the published studies,
while the response of the transmission along the soft tissue
seldom was reported. In the present study, the CCI

(a) (b)

(c) (d)

Figure 6: Typical injuries of the thoracoabdominal organs of the pigs that sustained CCI. (a) Ruptures of the spleen in group I, with 2-3 small
wounds in the spleen indicated; (b) multiple wounds of the spleen in group II in which the wounds were more wider and deeper than those of
group I; (c) there was no obvious damage to the lung of the pigs in group I after the impact; (d) diffuse hemorrhage of the lung of the pig in
group II, in which the lamellar hemorrhage was observed.

Figure 7: 3D CT reconstruction of the spine and pelvic fractures.
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experiments were performed using adult minipigs at the dif-
ferent impact speeds, through which the thoracoabdomen
injuries caused by the CCI and the response were studied.

The spine plays a key role in supporting the torso and
transporting the loading along the vertical direction. The
thoracolumbar spinal curvature changes from kyphotic to
lordotic [25], while the thoracolumbar junction is particu-
larly susceptible to fracture as it is under significant biome-
chanical stress due to the articulation of the relatively rigid
thoracic segment, through its connections to the ribcage
and sternum, with the more mobile lumbar region [26]. For
example, it was reported that in aviation accidents, very few
fractures occurred at the cranial and caudal levels, for exam-
ple, 2% of fractures in the cervical spine, 78% of fractures in
the thoracic spine, and 19% of fractures in the lumbosacral
spine [27]. In the experiment, all subjects sustained the thor-
acolumbar fractures, and with an increase of the impact
speed, the spine fractures became worse, affecting the stabil-
ity of the spine. It can be concluded that the CCI-induced
spine injuries (Figure 7) were associated with not only the
compression but also the bending (Figure 3).

The review of Bailey et al. [28] suggested that among the
experiments in studying pelvis and lower-extremity injuries
using intact cadavers, the speed of a seat plate of a military
vehicle subjected to the UBB may be up to about 12m/s,
while for the regulation of fall tests of a helicopter, the test
speed was configured at 8m/s and 12m/s. In this study, we
found the thoracoabdomen organs sustained severe injuries

due to the vertical load transmission, while the severe and
critical injuries could be reproduced by the CCI at the impact
speed of 8m/s and 11m/s. Among the injuries, some remark-
able characteristics in injury distribution and pattern for the
injured thoracoabdomen organs were represented. In the
experiment, the injuries of the thoracoabdomen organs, that
is, the spleen, lung, heart, and kidney, were detected, and the
injury patterns included contusion, laceration, and bleeding.
The injuries observed in the study were coincident with those
reported upon the autopsies for the victims involved in
some accidents [29, 30]. However, some thoracoabdomen
injuries, that is, rib fractures, aortic tears, cardiac rupture,
and liver contusion, reported in the aviation accidents and
falls [29, 30], were not reproduced in the current experiment.
The authors suggest that among the autopsies for the victims,
the injuries resulted from not only vertical but also horizon-
tal. To the authors’ viewpoint, therefore, the founding was
valuable for the forensic worker to delineate the injury cause
and distinguish the injuries induced by vertical, frontal, or
lateral impact.

According to the study, it was concluded that for the inju-
ries induced by the vertical loading on the buttock, the abdo-
men injuries were more severe as compared with the chest
injuries. Our study showed that the mass bleeding due to
the spleen laceration attributed to the death soon without
any timely treatment, which means for the CCI injuries, the
injury management for the control of bleeding is necessary
to reduce the deaths. Kwon et al. [31] suggested that trau-
matic pelvic fracture patient prognosis needs to be improved
through early diagnosis and prompt delivery of aggressive
treatments based on rapid identification of abdominal solid
organ injuries. However, previous pelvis trauma studies
about bleeding control mostly focused on the injuries to the
liver rather than the spleen, whereby numerous animal
models were developed using pigs [32–39].

Among the abdomen injuries from horizontal impacts,
liver injuries were detected frequently. Lau and Viano [40]
considered that there were two regions of biomechanical
response to blunt hepatic injury at the impact speeds of
>12m/s or ≤12m/s. Some studies considered that the

(a) (b)

Figure 8: Subendocardial hemorrhage in gross and microscopic observation. (a) Subendocardial hemorrhage in gross observation in group I.
(b) Subendocardial hemorrhage under microscopic observation in group I (HE ×100).

Table 1: The AIS distribution of the injuries of the animals.

Position
Group I AIS Group II AIS

0 1~ 2 3~ 4 5~ 6 0 1~ 2 3~ 4 5~ 6
Head — — 0 0 — — 0 0

Neck 9 0 0 0 9 0 0 0

Chest 7 1 1 0 1 0 8 0

Abdomen 0 0 8 1 0 0 0 9

Spine 0 9 0 0 0 0 3 6

Pelvis 0 0 9 0 0 0 0 9
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abdomen pressure may be an ideal predictor of liver injuries
from horizontal loading [41–44]. From the current experi-
ment, at the impact speed of 10.69± 0.41m/s, the abdomen
internal pressure was up to 63.61± 65.83 kPa, while the sub-
jects in group I and group II did not experience liver injury.
It may be concluded from the current study that the spleen
is more vulnerable as compared to the liver for the CCI,
and as a consequence, the prevention against spleen injuries
also be paid a great attention to the CCI.

The lung injuries caused in road traffic accidents were
considered traditionally to be associated with the impact
speed and chest compression deflection, while in the present
study, without any direct impact to the chest, lung injuries
occurred frequently, so the authors presumed that the decel-
eration [45] and pressure changes on the chest [46] induced
by the rapid diaphragmatic movement during high vertical
loading may contribute to diffused lung injury (Figure 6).
Our results showed the lung injuries may rapidly cause the
deterioration of respiratory function in the critical injuries.

The CCI could result in heart injuries, that is, SEH, while
a high rate of the SEH was found in group I (4/9, 44%), rather
than in group II (1/9, 11%). The results suggest that the CCI
contributed not only to primary SEH but the CCI-induced
injuries may also lead to secondary SEH. Some previous stud-
ies concluded that the SEH may be related not only to the
exposure to high acceleration [47] but also to brain trauma
[48] and hemorrhagic shock [49]. Charaschaisri et al. [50]
considered that even minor SEH might have an influence
on cardiac function and might be involved in the mechanism
of death. Therefore, besides injury prevention against heart
injuries, for the injuries sustaining the CCI, the cardiac func-
tion should be also in monitor in injury management.

4.1. Limitations. Although the characteristics of the thora-
coabdomen injuries induced by the CCI were addressed in
the current study, some limitations still exist. Firstly, the
CCI mimicking vertical impacts in the present study may
ignore the influence of gravity. Secondly, the anatomical
structure of pigs in the thoracoabdomen differs from human
to some extent, especially for curvature of the spine. Thirdly,
the pathological changes of minipigs were observed in the
acute stage, while some researchers may concern the second-
ary injuries such as thermal injuries. Therefore, more detailed
study regarding the vertical impact should be conducted.

5. Conclusion

Although the caudocephalad impacts (CCI) resulted in large
numbers of injuries and deaths, little was known for the CCI-
induced thoracoabdomen injuries. A total of 21 adult mini-
pigs were used to carry out the CCI experiments to study
the thoracoabdomen injuries, with a modified deceleration
sled equipment at the configured speeds. In the present
study, the kinematics and mechanical response of the tested
animals were analyzed at the different impact speeds. The
vital signs and arterial blood gas analysis (ABGA) of the ani-
mals were examined. The thoracoabdominal organs, such as
the spleen, lung, heart, and spine, were injured frequently,
but no liver injury was detected, and the common injuries

included fractures, contusion, laceration, bleeding, and hem-
orrhage. The results presented here may be useful in forensic
science, emergency management, and injury prevention.
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The aim of the present paper was to study the influence of neck muscle activation on head and neck injuries of vehicle
occupants in frontal impacts. A mixed dummy-human finite element model was developed to simulate a frontal impact. The
head-neck part of a Hybrid III dummy model was replaced by a well-validated head-neck FE model with passive and active
muscle characteristics. The mixed dummy-human FE model was validated by 15G frontal volunteer tests conducted in the
Naval Biodynamics Laboratory. The effects of neck muscle activation on the head dynamic responses and neck injuries of
occupants in three frontal impact intensities, low speed (10 km/h), medium speed (30 km/h), and high speed (50 km/h), were
studied. The results showed that the mixed dummy-human FE model has good biofidelity. The activation of neck muscles can
not only lower the head resultant acceleration under different impact intensities and the head angular acceleration in medium-
and high-speed impacts, thereby reducing the risks of head injury, but also protect the neck from injury in low-speed impacts.

1. Introduction

Vehicle accidents kill approximately 1.25 million people each
year, and another 20 to 50 million people suffer nonfatal inju-
ries, with the costs accounting for 1–3% of the gross domestic
product of most countries [1]. Head and neck injuries are the
most severe injuries in vehicle accidents [2, 3]. The study by
NHTSA (National Highway Traffic Safety Administration)
[4] found that nearly 15,000 passenger vehicle occupant
deaths occur annually in the United States due to car
accidents involving frontal crashes.

With the development of passive safety techniques,
occupants are better protected during vehicle accidents.
To date, however, the muscle activation behavior of occu-
pants has not been considered in crash tests. Muscle acti-
vation plays an important role in human body function
and will generate forces that affect the occupants’ dynamic
response upon colliding with an airbag [5, 6] and their
biomechanical responses [7, 8], especially in a low-speed

impact, which will increase the cervical stretch tolerance
and vary the injury locations from the lower cervical spine
to near the head [9]. Additionally, the stress on the upper
cervical ligament in a frontal impact would be significantly
reduced by the force of muscle contraction [10]. However,
the injury mechanism influenced by the muscle contract-
ing force remains unclear, especially for the injury of soft
tissues in the neck. Recent studies on head and neck inju-
ries have mostly focused on a rear-end impact, which
would slow the progress of neck injury prevention.
Although the observed frequency of neck injuries in a
rear-end impact versus a frontal impact of comparable
severity was higher [11], the effect of the muscle activation
force should not be ignored for a low-speed frontal impact
[12]. In a severe frontal impact, the neck will acquire an S
shape, as observed in rear-end impacts, leading to unclear
injuries to neck tissues [13]. Thus, we need to study the
muscle activation in head and neck injuries of occupants
in frontal impacts.
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Previous methods for studying the influence of muscle
activation on neck injuries have many shortcomings: the
mechanical dummies have lower biofidelity; PHMS (post
mortem human subjects) tests cannot represent muscle acti-
vation behavior, even though they can be used to simulate a
high-speed impact; and volunteer tests can only be carried
out in a very low-speed impact for ethical reasons, although
muscle activation can still be observed. Consequently, FE
model simulation seems to be able to overcome the deficien-
cies of the former methods: it can easily obtain important
information, including dynamic parameters and even the
stress and strain at different magnitudes and impact speeds.

Over the past several decades, many neck FEmodels have
been developed. A human head-neck model was developed

with the bony vertebrae modeled by shell elements, and the
relevant muscles and ligaments were modeled by membranes
and spring-damper elements, respectively [14]. Since solid
muscles can affect the stabilization of the body due to com-
pression stiffness and inertial effects, which significantly
lessens the need for muscle activation in an impact, three-
dimensional solid muscle models with continuous material
properties in which the friction among muscles is precisely
realized have been adopted. Ejima et al. [5] simulated the
passive solid cervical muscle tissues without considering
anisotropy, that is, the nonviscoelastic properties of muscles.
Frechede et al. [6, 15] considered the characteristic anisotropy
of passive muscle tissues but defined the mechanical proper-
ties as linear elasticity. Hedenstierna [16], in Sweden, imple-
mented muscle activation realized by a Hill element into
passive solid neck muscles simulated by nonlinear elasticity
and viscoelastic properties. Famous full-scale human FE
models, such as the THUMS (total human model for safety)
[17, 18] and the GHBMC (Global Human Body Models
Consortium mid-sized male full-body model) [19, 20],
included both active and passive muscle properties. How-
ever, the FE models developed during the early stages were
not sufficiently accurate because of structural shortcomings
and a lack of muscle activation [5, 6, 14, 15]. A model
developed by Hedenstierna [16] included no other parts
of the human body, and the biofidelity of the transition
between C7 and the thorax was not good enough. The
THUMS and GHBMC models suffer from low computa-
tional efficiency and the geometric shortcomings of neck
muscles [17–20]. Thus, to study the influence of neck
muscle activation on neck injuries, a model overcoming
the mentioned disadvantages is desired.

The aim of the present paper was at studying the influ-
ence of neck muscle activation on head and neck injuries of
vehicle occupants in frontal impacts by using a mixed
dummy-human FE model. When developing the model,
the head-neck portion of the Hybrid III dummy model
was replaced by a well-validated head-neck FE model with
passive and active muscle characteristics. The mixed
dummy-human FE model was validated by the NBDL (Naval
Biodynamics Laboratory) in 15G frontal volunteer tests. The
mechanism by which neck muscle activation affects the head
and neck injuries of vehicle occupants in frontal impacts of
three major intensities, low speed (10 km/h), medium speed
(30 km/h), and high speed (50 km/h), was studied.

2. Methods and Materials

A mixed dummy-human FE model was developed by
replacing the head-neck portion of the Hybrid III model
with a well-validated head-neck human model that can
simulate the activation behavior of neck muscles. The
mixed dummy-human FE model was then validated via
frontal impact simulation in NBDL experiments [21, 22].
To study the mechanism by which muscle activation
affects head and neck injury, the mixed dummy model
was used to examine three major frontal impact intensities
(i.e., 10 km/h, 30 km/h, and 50 km/h).

C5
C6

C7

C1

C2

C3

C4

Figure 1: Basic head-neck human FE model.

Figure 2: Neck muscle model.
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2.1. Development of the Mixed Dummy-Human FE Model

2.1.1. Head-Neck Human FE model. The head-neck human
FE model represents a 50th percentile male, and it was

developed from the basic head-neck model (Figure 1) vali-
dated by Yang and Yao [23]. This basic model has a detailed
anatomical structure, including a skull, cervical vertebra
(C1–C7), intervertebral discs, facet joints, cervical ligaments,
and muscles that were modeled by 1D beam elements. The
skull and shoulder were defined to be rigid because this
model is mainly used for neck injury-related studies. The
detailed solid neck muscle model (Figure 2) was developed
based on neck MRI images of a 50th percentile adult male
[24] and integrated into the basic head-neck human FE
model using a kriging method by mapping the origins and
terminations as well as coordinate information of the neck
muscles of volunteers to the basic head-neck model (the
original model includes detailed thorax geometry) [25, 26].
Kriging is a type of optimal interpolation first proposed
by DG Krige, a geologist in South Africa. For detailed
information about the kriging method, please refer to the
literature [27].

A single-muscle FE model consisted of three parts:
the tendon modeled by a beam element, the passive
muscle belly modeled by a solid element, and the active
muscle modeled by a beam element (Figure 3). The
active part of the model was merged into the passive
part with shared nodes. The active part was modeled
by a Hill-type element defined as MAT_156 material in
the LS-DYNA software, and the passive part was defined
as a hyperelastic model in Ogden material (MAT 77 in
LS-DYNA). A detailed material definition can be found
in a study conducted by Li et al. [25]. Figure 4 shows
the head-neck human FE model developed from models
illustrated above.

2.1.2. Hybrid III Dummy FE Model. The Hybrid III
mechanical dummy was developed by General Motors in
1976 and was widely used by vehicle companies. The relative
FE model applied in the present study was a commercial
model developed using the LS-DYNA software. The model
includes a head, neck, chest, abdomen, pelvis, and limbs,
consisting of 7784 nodes and 4412 elements (Figure 5).

2.2. Mixed Dummy-Human FE Model. In terms of the com-
putational efficiency, a full-scale human FE model such as

Active part

Passive part

Tendon

Figure 3: A coupled single muscle.

Figure 4: Head-neck human FE model.
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GHBMC or THUMS, with detailed soft tissues, such as mus-
cles, brains, and the haslet, is time consuming. Although the
mechanical dummy FE model has good computational effi-
ciency, it has less biofidelity than does the full-scale human
FE model. In this study, we decided to combine the advan-
tages of both models by developing a mixed dummy-
human FE model, replacing the head-neck portions of
Hybrid III with the head-neck of a human FE model, as pre-
viously mentioned. This mixed model has good computa-
tional efficiency and good biofidelity for studying the effects
of muscle activation on head and neck injuries and other
related biomechanical studies. The kriging method was also
used to develop the complex model. The outlines and coordi-
nate information of the T1 of the head-neck human FE
model were mapped to the T1 of the dummy parts and con-
nected with anatomical joints [27, 28]. The rigid thorax and
T1 of the head-neck human FE model and the dummy FE
model were used to form a corresponding coordinate system
for adjusting the posture of the mixed FE model. The mixed

dummy-human model has a precrash sitting posture similar
to that of the Hybrid III FE dummy, as shown in Figure 6.

2.3. Validation of the Mixed Dummy-Human FE Model

2.3.1. NBDL Experiment. The mixed dummy-human FE
model was validated based on 15G NBDL frontal volunteer
tests. Volunteers (young, well-trained marines) were seated
in an upright position on a rigid seat mounted on a HYGE
accelerator and exposed to a short-duration acceleration that
simulated a frontal collision. Accelerometers and photo-
graphic targets were mounted on the subject and used to
monitor the resultant three-dimensional motions of the head
and T1. A detailed description of the instrumentation and the
test methods were provided by Ewing et al. [21, 22]. The peak
value of the sled acceleration (i.e., the mean value of the sled
acceleration-time history) was 15G, and the speed change
was greater than 17m/s (Figure 7). The dynamic responses
of the head and neck of the volunteers were recorded. The
experimental corridors used in the validation process,
obtained from the NBDL experiments [22], were expressed
as the average volunteer response plus or minus the standard
deviation [29].

2.3.2. Simulation Setting. Since the seating posture has a great
influence on the head injury of an occupant [30], to minimize
its impact, the mixed dummy-human FE model was set in a
normal automotive posture (Figure 8) in a gravity field, as in
the NBDL experiment. The dummy was seated on a rigid seat
that was connected to a rigid plate representing the vehicle.
The lower arm was placed on the thigh. The configuration
about the occupant restraint systemwasmainly adopted from
the commercial FE vehicle model [31] used in this study. The
seat belt included a retractor, slip rings, pretensioner, a ribbon
modeled by 1D beam elements and 2D shell elements, and
anchor nodes connected to rigid seats. The 1D beam elements
were able to simulate the sliding effect of the slip rings.
The force versus engineering strain curves for the seat belt
loading and unloading, the force versus time curve for the
retractor, and the preload curve for the pretensioner are
described in Figure 9.

Figure 5: Hybrid III dummy.

Figure 6: The mixed dummy-human FE model.
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Figure 7: Loading acceleration in NBDL tests.
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The active contracting forces that model muscle activa-
tion were activated by A t . However, the time history of
muscle activation was not immediately activated at the time
of the collision. Instead it was

tact = ttrigger + tref lex, 1

where ttrigger is defined as a certain sensory threshold time
and tref lex is a neural reflex time that describes the excitation
and activation dynamics, respectively. The two constants
throughout the study were set at 30ms and 40ms for ttrigger
and tref lex, respectively, by methods referring to a study con-
ducted by van der Horst [29].

The A t time history, including parameters such as the
maximum activation level (Actmax = 1), the time the first
maximum activation level is reached (tpeak = 95ms), and
the time the end of activation is reached (tend = 250ms), are
shown in Figure 10.

To make the dynamic responses of the head and
neck clearly understood, the methods used to set the
responses in the simulation are shown in Table 1.

The impact acceleration curve (Figure 7) generated from
the hydraulic impactor was used as the input for the simula-
tion, and the run time of the simulation was set to 200ms

because the dynamic indicators in the NBDL experiment
recovered to a low level in approximately 200ms. The time
histories of the head rotational angle, neck rotational angle,
head angular acceleration, and head resultant acceleration
were compared with the experimental curves and the simula-
tion results of head-neck model by Cao et al. [26].

(a) (b)

Figure 8: The mixed dummy-human FE model in an automotive posture.
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2.4. Influence of Neck Muscle Activation of Head and Neck
Injuries under Various Intensities. The influence of neck
muscle activation on head and neck injuries in a frontal crash
was considered for three impact intensities: 10 km/h, 30 km/
h, and 50 km/h, representing low-speed, medium-speed, and
high-speed impact velocities in a 100% full vehicle frontal
impact simulation, respectively. The effectiveness of the vehi-
cle (Figure 11) was successfully validated by comparing the
acceleration of the rear seat in a 100% full vehicle frontal
impact simulation at 50 km/h to that in the experiment
(Figure 12) [31]. The impact pulses of the B-pillar
(Figure 13), retrieved from the simulations of a 100% full
vehicle frontal impact at the three intensities mentioned
above, were used as the input for the simulations.

The muscle activation was the same as that utilized to val-
idate the mixed dummy human FE model, and the run time
for the simulations was set to 200ms.

3. Results

3.1. Model Validation. The overall dynamic responses of the
present model are shown in Figure 14. From 0ms to 50ms,
the model was in a static equilibrium state because the impact
pulse in this period was set to 0 for presimulation, with grav-
ity alone acting on the mixed model (Figure 14(a)). After this
period, as the impact pulse increased, the torso of the dummy
moved forward and separated from the seat back
(Figure 14(b)), while the head moved hysterically with a
slight neck extension because the neck muscles were not
ready to move. However, the muscle began to activate and
the head moved together with the thorax and neck. Begin-
ning at 105ms, according to the behavior of the restraint sys-
tem, the torso movement was limited while the head began to
wrap forward, with the neck flexion assuming an S shape
(Figure 14(c)). In this period, the neck muscles were fully
activated but still could not provide adequate torque to main-
tain the stability of the head. The head then reached an
extreme position at 165ms (C shape in Figure 14(d)) and
began to wrap backward as the neck extended. Between
181ms and 200ms, the head and neck gradually rebounded
due to muscle traction.

The dynamic responses of the head and neck were consis-
tent with the NBDL experimental curves. The time points
(approximately 98ms and 150ms) for the peak value of the
resultant acceleration of the head in the volunteer response
were accurate enough, but the acceleration value was only
slightly above the curve during the initial period due to the
precrash equilibrium (Figure 15(a)). The value of the first
peak fell exactly in the channel and the second exceeded it
by approximately 6%. Other outputs showed a similar ten-
dency. The head angular acceleration was in good agreement

Table 1: Response settings.

Response parameters With respect to

Head resultant accelerationa Global system

Head angular accelerationb System in T1

Head rotational anglec System in T1

Neck rotational angled System in T1
aResultant acceleration of the center of gravity of the head (CG). bAngular
acceleration along a straight line connecting the occipital condyles (OC) to
CG in the sagittal plane. cAngle of a straight line connecting OC to CG in
the sagittal plane. dAngle of a straight line connecting OC to T1 in the
sagittal plane.

N

Figure 11: The validated vehicle model.
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with the curves apart from a small amount of overload at the
end (Figure 15(b)). Compared to the output from the study
conducted by Cao et al. [26], the amount outside the curve
at the final stage was much smaller. From 50 to 100ms, the
head rotational angle (Figure 15(c)) was below the range of
the channel and the time that the maximum value was
reached was almost the same as that in the experimental
results, while the head rotational angle in the study of Cao
et al. fell exactly within the channel, and its peak value was
18.9% lower than that of the present study. The neck rota-
tional angle (Figure 15(d)) was outside the curve between
50ms and 100ms but fell within the channel before reaching
the peak value. Although the maximum value stayed almost
the same as for the volunteer response, the time the maxi-
mum was reached was 10ms early. In contrast to the neck
rotational angle in the study of Cao et al., the trend of the
neck rotational angle in the present study was more consis-
tent with that of the NBDL experimental curves.

3.2. Muscle Activation Behavior. A comparison of the head
dynamic responses with the muscles activated or not acti-
vated (denoted the active or passive model, resp.) is shown

in Figures 16–18. In a low-speed (10 km/h) frontal impact
simulation, two peak values of the resultant acceleration were
observed in both the active and passive models. The resultant
acceleration reached its first peak of 18.9G at 105ms in
the active model and at 24G at 97ms in the passive
model. The second peak time in the passive model was
6ms later than that in the active model, and the acceleration
value differed by 2.5G. The maximum angular acceleration
reached 1496 rad/s2 at 98ms in the active model, and it was
1478 rad/s2 at 103ms in the passive model.

For the medium-speed (30 km/h) frontal impact simula-
tion results, the peak head resultant accelerations in the
active and positive models occurred at 89ms and 97ms,
respectively; the first peak of the former was reduced by
approximately 18%, and the second peak value was reduced
by more than 27%. Meanwhile, the peak angular acceleration
in both models was observed at the same time. However, the
peak angular acceleration in the passive model was approxi-
mately 20.8% higher than that in the active model.

In a high-intensity impact (50 km/h), a dual peak was
also found between 90ms and 102ms in both models for
the outputs of head resultant accelerations, but the peak

(a) 50ms (b) 80ms

(c) 110ms (d) 140ms

(e) 170ms (f) 200ms

Figure 14: Dynamic responses in a frontal impact simulation.
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in the passive model was approximately 24% higher than
that in the active model. During the extension period,
the peak in the passive model was 97.8G, while it was
57G in the active model, which was much lower. The
peak angular acceleration in both models occurred at
approximately 92ms, while the peak in the passive model
was 15.3% higher than that in the active model.

The stresses on the intervertebral discs are shown in
Figures 19–21. Overall, as the impact intensity increased,
the stress on the intervertebral discs increased. The stress
in the active model was much lower compared to that in
the passive model especially for the C2-C3, C3-C4, and
C4-C5 discs in a low-speed impact intensity crash. For
the C2-C3 disc of the model in a low-speed impact, the
maximum pressure was 0.103GPa in the passive model,
more than 17 times the 0.005684GPa observed in the

active model. The maximum shear stress in the passive
model was 0.0252GPa, exceeding by 129% the 0.011GPa
in the active model. Additionally, the maximum von Mises
stress of the C4-C5 disc in the passive model was approx-
imately 1.58 times higher than that in the active model.
However, the maximum shear stress on the C2-C3 and
C4-C5 discs, the maximum pressure in the C2-C3 and
C5-C6 discs, and the maximum von Mises stress in the
C2-C3 and C3-C4 discs in high-speed impact showed the
opposite tendency. For the C2-C3 disc, the maximum
von Mises stress in the active model was approximately
33% higher than that in the passive model. The maximum
shear stress and the maximum pressure in the active
model in a medium-speed impact were lower than those
in the passive model, while the maximum von Mises stress
showed the opposite tendency.
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Figure 15: Dynamic response curves of the head and neck in a frontal impact simulation.
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4. Discussion

In the present paper, a mixed dummy-human FE model was
developed. This model was validated according to NBDL vol-
unteer frontal impact experiments. The influence of neck
muscle activation on head-neck injuries of occupants in fron-
tal impacts was analyzed using the mixed dummy-human FE
model in three impact intensities, that is, 10 km/h, 30 km/h,
and 50 km/h. The dynamic responses of head and biome-
chanical responses of cervical intervertebral discs, including
maximum vonMises stress, maximum shear stress, and max-
imum pressure, were compared in terms of whether the neck
muscle was activated.

The mixed dummy-human FE model turned out to have
good biofidelity for the simulation compared to the NBDL
experimental corridors. The mixed model showed good
computational efficiency for a 200ms frontal impact simula-
tion, requiring approximately 5 hours using a computer
CPU with a 40-core Intel(R) E5-2670 v2 at 2.50GHz proces-
sor. Because of the dummy torso behavior, the head-neck
dynamic responses were more reliable, as the previous
human head-neck single model could only be loaded on
C7 and the driving behavior between vertebras or between
torso and neck could thus not be simulated. In the study
conducted by Li et al. [26, 28, 32], using only the previous
human head-neck model, two peaks for the head resultant
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Figure 16: Dynamic response curves of the head and neck in a frontal impact simulation under 10 km/h.
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Figure 17: Dynamic response curves of the head and neck in a frontal impact simulation under 30 km/h.

9Applied Bionics and Biomechanics



acceleration were observed instead of one (as in the present
study), and this phenomenon was also seen in similar studies
[8] when the simulation used a head-neck model without
torso parts.

In terms of the head dynamic responses for the different
frontal impact intensities, including the linear acceleration

and angular acceleration that were greatly relevant to the
head HIC [33–35] and head AIS injury level [36], respec-
tively, activation of neck muscles during a frontal impact
seems to be an important factor in reducing the head injury
risk. The peak head resultant acceleration in the passive
model was 27% (low intensity) to 24% (high intensity)
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Figure 18: Dynamic response curves of the head and neck in a frontal impact simulation under 50 km/h.
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Figure 19: Maximum shear stress of intervertebral discs at various impact intensities.
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Figure 20: Maximum pressure of intervertebral discs at various impact intensities.
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Figure 21: Maximum von Mises stress of intervertebral discs at various impact intensities.
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greater than that in the active model, which suggested that
muscle activation plays a more important role in reducing
the HIC of the head in a low-intensity impact. According to
a study by Ommaya [36], the head angular acceleration has
a definite relationship with the AIS level, as illustrated in
Table 2. In our study, muscle activation seemed to be more
effective in reducing the head AIS level in medium- and
high-intensity impacts. Neck muscle activation reduced AIS
from level 3 in the passive model to level 2 in the active model
and from level 5 in the passive model to level 4 in the active
model in medium- and high-speed impacts, respectively.
However, in a low-speed impact, humans have a low risk of
head injury, and muscle activation has few effects. Conse-
quently, we could conclude that the activation of neck muscle
could reduce head HIC, especially in a low-intensity frontal
impact, but would have slightly less effect in medium- and
high-intensity impacts. The neck activation system may
reduce the head AIS level, especially in medium- and high-
intensity impacts. Considering the design of the restraint sys-
tem, although the explosion time of an airbag is designed
according to a test dummy without neck muscle activation,
it can still efficiently protect actual human occupants from
serious head injuries.

Studies have suggested that an injury of the interverte-
bral disc could occur due to local shear, compression, or
tension forces caused by movement of the vertebral bodies
[11, 37]. In the present study, neck muscle activation
showed an obvious effect in reducing intervertebral disc
shear stress at almost all impact intensities, and in reducing
the pressure stress at low and medium impact intensities.
To date, however, there are insufficient studies to illustrate
the relationship between the reduced stresses or pressures
and AIS level of head injuries. The main function of the
neck muscle system is to maintain the stability of the head
and prevent the neck from excessive shear and pressure
loads. In a low-speed impact, when a muscle activates, one
component of the force is able to resist the shear load,
and the other successfully reduces the axial pressure since
the extension and flexion of the neck is not severe. When
the impact intensity increases, the dynamic indicators
become larger and the muscles must provide more force
to maintain the stability of the head and prevent disc inju-
ries due to shear stress and axial pressure. However, as the
impact intensity increases, the pressure reduction due to
neck activation varies from 94.4% to 11.2%, and the maxi-
mum shear stress varies from 63.06% to 56%, which

suggests that neck activation has less protective effect.
Meanwhile, it is worth noting that muscle activation in a
high-intensity impact increases the stress on the upper
intervertebral disc between C2 and C3. The reasons may
be that the muscle activation would become larger because
the severe inflexion occurring in the neck will increase with
the impact intensity. Once the active force exceeds a certain
value and surpasses the loads from the vertebral bodies, the
intervertebral shear stress and pressure would increase con-
comitantly. This phenomenon obviously occurred in the
upper neck in a high-speed frontal impact. The additional
axial compression can reduce the shear stiffness of the cer-
vical disc and make it easier for the shear-type soft tissue
injuries to occur [29]. From the present study, we can con-
clude that the muscle activation behavior can prevent seri-
ous neck injuries in a low-speed frontal impact but that
the risk of injury in the upper neck may be increased in a
high-speed frontal impact. We are not sure whether the
muscle activation behavior can raise or reduce the lower
neck injuries in a high-speed frontal impact, considering
the uncertain trends of shear stress and pressure between
the active and passive models.

In this study, because T1 is defined as rigid according to
the Hybrid III dummy characteristics, the connection
between C1 and T1 seems to have less biofidelity in terms
of the force and torque transition between the rigid and flex-
ible parts. Another limitation of the present study is that the
high impact intensity was set to 50 km/h but a higher impact
speed was not studied. This is due to the poor computational
stability of the soft tissue in simulations at higher intensities.

5. Conclusion

The mixed dummy model has good computational efficiency
and biofidelity for studying the effects of muscle activation on
related head and neck injuries.

The activation of neck muscles can lower the head
resultant acceleration under different impact intensities and
the head angular acceleration in medium- and high-speed
impacts, thereby reducing the risks of head injury.

The activation of neck muscles can also protect the neck
from shear and compression injuries in a low-speed fontal
impact. As the impact intensity increases, the protective
effect of muscle activation on head and neck injuries is
decreased. Although neck muscle activation can prevent
shear stress and pressure in a medium-speed frontal impact,
it may fail to prevent other types of injuries. In a high-speed
frontal impact, neck muscle activation may even contribute
to the risk of shear and compression injury of the upper neck.
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Recent field data showed that lumbar spine fractures occurred more frequently in late model vehicles than early ones in frontal
crashes. However, the lumbar spine designs of the current crash test dummies are not accurate in human anatomy and have not
been validated against any human/cadaver impact responses. In addition, the lumbar spines of finite element (FE) human
models, including GHBMC and THUMS, have never been validated previously against cadaver tests. Therefore, this study
developed a detailed FE lumbar spine model and validated it against cadaveric tests. To investigate the mechanism of lumbar
spine injury in frontal crashes, effects of changing the coefficient of friction (COF), impact velocity, cushion thickness and
stiffness, and cushion angle on the risk of lumbar spine injuries were analyzed based on a Taguchi array of design of
experiments. The results showed that impact velocity is the most important factor in determining the risk of lumbar spine
fracture (P = 0 009). After controlling the impact velocity, increases in the cushion thickness can effectively reduce the risk of
lumbar spine fracture (P = 0 039).

1. Introduction

Safety designs in newer cars generally provided better protec-
tions to occupants than those in older cars. However, several
recent field data analyses have shown that lumbar spine frac-
tures occurred more frequently in late model vehicles than
the early ones in frontal crashes [1, 2].

This increasing trend of lumbar spine fractures in frontal
crashes is extremely concerning, because none of the current
crash test programs, including FMVSS 208, US-NCAP, and
IIHS, considered lumbar spine injury in their safety evalua-
tion process. This is partially due to the fact that none of
the current crash test dummies can accurately estimate lum-
bar spine fracture risks. Current crash test dummies were
designed to focus on estimating injury risks to the head, neck,
chest, and lower extremities, and their lumbar spine designs
were not based on real human anatomy and were not vali-
dated against any human/cadaver impact responses. As a
result, although lumbar spine loadings could be measured
in a crash test, they may not necessarily reflect the real injury
mechanism or injury risk in frontal crashes. In addition,

lumbar spines of the available FE human models, such as
GHBMC (Global Human Body Model Consortium) model
and THUMS (Total Human Model for Safety) model, have
never been validated previously against cadaver tests. More
recently, Arun et al. [3] applied the stiffness values obtained
from cadaver tests directly to the lumbar spine of the
GHBMC simplified model. However, it is a rigid body-
based lumbar spine model. It is lacking of detailed anatomi-
cal structures of the lumbar spine and cannot estimate strain
and stress in the vertebrae.

Factors affecting the lumbar spine fracture have been dis-
cussed extensively in the literature. Results indicated that
older occupants (65+ years) were five times more likely to
sustain spinal injury compared to younger occupants [4],
women had more lumbar spine fractures than men [5], and
lower bone quality is associated with an increased number
of lumbar spine fractures within the CIREN cases analyzed
[6]. Lumbar spine posture was also found to be an important
factor affecting lumbar spine injuries. It was reported that
slouched posture may cause an increase in stress on the lum-
bar vertebrae [7] and more reclined postures are associated
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with a higher lumbar vertebrae fracture risk by reconstruct-
ing real-world motor vehicle crashes [8]. Crash pulse magni-
tude and shape are also crucial for determining lumbar spine
injury risk. For example, cadaver tests under axial loading
showed that triangular pulses produced pelvic fractures with
no lumbar spine fractures, while a sigmoid-shaped pulse
produced no pelvic fractures but did produce an L1 burst
fracture [9]. In addition, more severe crash pulses may lead
to higher lumbar spine injury risks [10].

The objectives of the present study were to develop a
detailed FE lumbar spine model, validate it against cadaveric
tests, and use it to investigate the effects of changing the coef-
ficient of friction (COF), impact velocity, cushion thickness
and stiffness, and cushion angle on the risk of lumbar spine
injuries. This study could provide better understanding of
how to design countermeasures to reduce occupant lumbar
spine injuries in the new generation of vehicle models.

2. Lumbar Spine Model Development
and Validation

2.1. Model Development. In this study, the GHBMC model
was selected as the baseline model to be modified due to its
accurate geometrical representation. In the original GHBMC
lumbar spine model (Figure 1(a)), vertebrae (T12-L5) were
represented by a rigid material, intervertebral discs were
modeled by shell elements (Figure 2(a)), and no ligaments
were modeled. In the modified model (Figure 1(b)), the
intervertebral disc was separated into three parts including

nucleus, annulus, and collagenous fibers (Figure 2(b)). A
0.5mm layer of shell element was added to the outside of
the original vertebrae, representing the cortical bone.
Detailed ligaments modeled by beam elements were added
between the vertebrae. Nucleus, annulus, and cancellous
bones were modeled by solid elements. Collagenous fibers
and ligaments were modeled by beam elements. The facet
joint articulations were simulated as the tiebreak contact
between adjacent endplates. Note that muscles were ignored
in the current study.

The modified lumbar model (Figure 1(b)) was composed
of 64,338 elements and 12,295 nodes. The cancellous bones
and cortical bones were modeled by MAT_SIMPLIFIED_-
JOHNSON_COOK in LS_DYNA [11, 12] with 1.3% and
0.94% effective plastic failure strains, respectively. The end-
plates of the discs were modeled by an elastic material, and

Cortical bone

Cancellous bone

Intervertebral disc

(a) Original GHBMC model

PLL

SSL

ISL
ITL

CL

Nucleus
Cancellous bone 

Disc fiber

Annulus
Cortical bone

LF

ALL

ALL: anterior longitudinal ligament
PLL: posterior longitudinal ligament
LF: flavum ligament
CL: facet joint capsule ligament
ITL: interspinous ligament
SSL: supraspinous ligament
ISL: intertransverse ligament

(b) Modified model

Figure 1: Comparison between original and modified lumbar spine models.

Shell elements

(a) Disc in GHBMC (shell elements)

Annulus

Collagenous fibers

Nucleus

(b) Disc in current model (three parts)

Figure 2: Comparison of the discs between GHBMC and modified lumbar models.

Table 1: Stiffness of ligaments used in the current study (unit: N/
mm).

Ligaments T12-L1 L1-L2 L2-L3 L3-L4 L4-L5 L5-S1

ALL 32.9 32.4 20.8 39.5 40.5 32.9

PLL 10 17.1 36.6 10.6 25.8 10

LF 24.2 23 25.1 34.5 27.2 24.2

CL 31.7 42.5 33.9 32.3 30.6 31.7

ISL 12.1 10 9.6 18.1 8.7 12.1

SSL 15.1 23 24.8 34.8 18 15.1

ITL 15.1 23 24.8 34.8 18 15.1
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the endplates of vertebrae were modeled by MAT_SIMPLI-
FIED_JOHNSON_COOK. The nucleus and annulus were
modeled by MAT_MOONEY-RIVLIN_RUBBER [11, 12].
Accordingly, the shear modulus constant A of the nucleus
and annulus were 0.64MPa and 0.24MPa, and the constant
B of nucleus and annulus were −0.16MPa and −0.06MPa,
respectively [12]. A linear elastic material was used for liga-
ments. Selections of stiffness of ligaments (Table 1) were
based on a previous study [13]. The collagenous fibers were
represented by a nonlinear load-displacement curve obtained
from the literature [14]. Because external lamellae are stiffer
than internal lamellae, the fibers in different layers were
weighted according to a previous research [15]. To tune the
model responses, the material properties of the bones and lig-
aments were adjusted slightly to match the test results during
model validations. The material properties of all the parts in
the modified lumbar model are listed in Table 2.

2.2. Validation against Nonfailure Tests. Cadaveric tests from
Demetropoulos et al. [17] were used to validate the modified
lumbar model. It is important to adjust the initial posture of
the lumbar spine to be consistent with the experimental data

before validation [18]. Therefore, a presimulation was con-
ducted to adjust the spine curvature to match the specimen
pretest condition, as shown in Figure 3. Impact simulations
were performed at different loading modes corresponding
to the testing conditions. As a result, six simulations under
compression, anterior shear, posterior shear, lateral shear,
extension, and lateral bending were performed with the
modified lumbar spine model. Each simulation was run
at a displacement rate of 100mm/sec. The maximum dis-
placements were set to be the same as those in the tests.
During these simulations, T12 was fixed to the fixture on
the top, and L5 was attached to the fixture at the bottom.
In the compression and shear conditions, load was applied
from the lower fixture with the upper fixture rigidly con-
strained. In the bending condition, displacement was applied
from the lower fixture, and a bending moment was applied
to the superior end of the lumbar spine by a cable. Force,
moment, and angular displacement were measured at the
upper fixture.

Figure 4 shows load-displacement curves in each loading
condition for the modified lumbar spine model. In compres-
sion, posterior shear, lateral shear, extension and lateral
bending, simulation results shown in red line fell within test
corridors reasonably well.

2.3. Validation against Failure Tests. Cadaver tests with
tissue failure conducted by Duma et al. [19] were used
to validate the modified lumbar model. The validation simu-
lations were set up under the same configurations as those
in the dynamic compression tests (Figure 5). The first sim-
ulation used a lumbar spine motion segment (Figure 5(a)),
and the second simulation used the entire lumbar spine
(Figure 5(b)). During the simulations, the superior end of
the lumbar spine was attached to the upper plate, and the
inferior end was attached to the lower plate. A prescribed
motion was applied on the upper plate while the lower plate
was fixed. All the failure simulations were loaded at 1.0m/s.
Force and moment were calculated in these simulations
under different loadings.

As shown in Figure 6, the model-predicted force-
displacement curve for the motion segment configuration fell
within the experimental corridor. Good correlations between
the simulation and the test for the entire lumbar spine

Table 2: Material properties used in the current study.

Segments MAT R0 (t/mm3) E (MPa)/K (N/mm) Poisson ratio A∗ (MPa) B∗ (MPa) N C PSFAIL SIGMAX (MPa)

Cortical bone 98 1.83E − 09 11,740 0.3 106.7 100 0.1 1 9.40E − 03 150

Cancellous bone 98 1.80E − 10 259 0.25 1.71 20 1 1 1.30E − 02 1.985

Endplate vertebra 98 1.06E − 09 9450 0.3 5.67 100 1 3 1.89E − 02 7.1

Endplate disc 1 1.20E − 09 200 0.3

Disc annulus 27 1.20E − 09 0.49 0.24 −0.06
Disc nucleus 27 1.00E − 09 0.495 0.64 −0.16
Fiber 71 1.20E − 09 Curves

Ligaments 74 1.00E − 09
∗In LS_DYNA material keywords, the strain energy density of MAT_MOONEY-RIVLIN_RUBBER is defined as a function of constant A, constant B, and
Poisson ratio [16].

(a) Initial lumbar spine

posture in experiment

Upper fixture

Lower fixture

(b) Initial lumbar spine

posture in simulation

Figure 3: Initial posture of the lumbar spine of cadaver experiment
and simulation.
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compression were also achieved, as shown in Figure 7. In
addition, the locations of fractures in the simulation were
consistent with those in the test (underneath the T12 and
L3), as shown in Figures 7(c) and 7(d).

3. Design of Experiment Analysis

ADoE analysis based on Taguchi Array was used to study the
effects of multiple factors on the risk of lumbar spine injuries.
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Impact velocity

Seat cushion foam

Upper mass
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Upper fixture

Lower fixture

Lower platform
h

𝜃

Fixed plate

Impact cylinder

Figure 8: Setup used in Taguchi design of experiment analysis.

Table 3: Magnitude of different levels for the five factors selected for
DOE analysis.

Level
Velocity
(m/s)

Cushion
angle

(degrees)

Cushion
thickness
(mm)

Cushion
density
(kg/m3)

Coefficient
of friction

1 0.1 0 20 20 0

2 0.3 10 60 30 0.3

3 0.5 20 100 40 0.6

4 0.7 30 140 50 0.9
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In this study, 5 factors were investigated, including cushion
stiffness, cushion thickness, cushion angle, the coefficient of
friction, and impact velocity.

The setup of the simulations in the DoE analysis is shown
in Figure 8 [20]. The upper mass was attached to the upper
platform to simulate the mass of the torso, head-neck, and
upper extremities. The interaction between the upper platform
and the upper fixture was in a form of a laterally oriented
cylinder. The lumbar spine was fixed at cranial and caudal
ends to the upper fixture and lower fixture, respectively
[20]. A cushion foam, of which the thickness was defined as
h, was attached to the fixed plate as shown in Figure 8, and
its density was varied for the DoE analysis. The fixed plate
was constrained at a cushion angle of θ. The initial impact
velocity was applied to the upper mass, upper platform, and
impact cylinder, through the upper fixture, lumbar spine
specimen, and lower fixture, and finally reached the lower
platform, cushion foam, and the fixed plate (Figure 8).

The initial setup conditions of the impact velocity,
cushion angle, thickness, and density were 0.1m/s, 0
degree, 20mm, and 20 kg/m3, respectively. The coefficient
of friction (COF) between the lower platform and the seat
cushion was ranged from 0 to 0.9. Four different levels
were assigned for each factor (Table 3). Because most lum-
bar injuries were reported as vertebral fractures, the max-
imum principal strain in the bony structures was selected
to evaluate the risk of lumbar fracture [21]. These setups
resulted in a total of 16 simulations based on the Taguchi
Array, as shown in Table 4. One-way analysis of variance
(ANOVA) and analysis of covariance (ANCONA) were
performed using SPSS 20.0.

The average values of the maximum principal strains of
different factor categories are shown in Figure 9. Impact
velocity (P = 0 009) had the most significant influence on

the risk of lumbar injuries. With impact velocity varying
between 0.1 and 0.5m/s, the maximum principal strain
fluctuated between 0.0032 and 0.0038, but it increased
rapidly to 0.0053 when impact velocity rose to 0.7m/s.
Except the impact velocity, no other factor was statistically
significant (P > 0 05).

Because the impact velocity dominated the lumbar frac-
ture risk in the Taguchi array, a one-way ANOVA was then
conducted for the remaining 4 factors by controlling the
impact velocity as a constant. The average values of the max-
imum principal strains of different factor categories are
shown in Figure 10. The cushion thickness (P = 0 039)
became significant for the lumbar injuries. An increase in
the cushion thickness will lead to more energy absorption
and in turn lower lumbar spine fracture risk. Even though
other factors were not significant, some general trends have
also been noted. For example, with an increase in the COF,
the lumbar spine fracture risk generally increased. For the
cushion angle, the highest injury risk occurred when the lum-
bar spine orientation was perpendicular to the cushion.
These trends are widely consistent to the findings from other
studies on lumbar spine injuries [22] and cervical spine inju-
ries [23].

4. Conclusions

A detailed modified FE lumbar spine model based on the
GHBMC model was developed and validated against avail-
able cadaveric tests which appeared in the literature. Risk
factors affecting lumbar spine injuries were investigated
using the modified model. Results of the DoE analysis
demonstrated that the impact velocity is a significant fac-
tor influencing the lumbar injuries. After controlling the
impact velocity, cushion thickness is another significant

Table 4: Maximum principal strain of 16 simulations in DOE analysis.

Number
Velocity
(mm/ms)

Cushion
angle (°)

Coefficient
of friction

Cushion
thickness
(mm)

Cushion density
(kg/m3)

Maximum
principal

strain (E-3)

1 0.5 10 0.9 140 20 4.08

2 0.5 20 0.6 20 40 5.17

3 0.7 20 0.3 60 20 4.6

4 0.1 20 0.9 100 30 2.97

5 0.5 30 0 60 30 2.72

6 0.5 0 0.3 100 50 3.43

7 0.3 20 0 140 50 3.22

8 0.1 30 0.3 140 40 2.51

9 0.7 0 0.6 140 30 5.14

10 0.1 0 0 20 20 3.82

11 0.1 10 0.6 60 50 3.99

12 0.7 30 0.9 20 50 6.08

13 0.3 10 0.3 20 30 4.21

14 0.3 0 0.9 60 40 3.29

15 0.3 30 0.6 100 20 2.36

16 0.7 10 0 100 40 5.7
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factor influencing lumbar injuries. An increase of cushion
thickness or decrease of cushion stiffness will reduce the lum-
bar spine fracture risk. Additionally, minimizing the COF
between the padding and the lumbar spine can reduce the
lumbar spine injury risk.

One of the limitations of this study is that human factors
such as BMI (body mass index), sex, and age were not consid-
ered. Older occupants have higher risk of lumbar spine frac-
tures, and their lumbar spine curvatures may be different to
the younger adults [24]. In addition, muscles were not
included in the current lumbar model. Future studies may
investigate the effects of human factors and muscle activa-
tions on the lumbar spine injury risks using parametric
human models [25, 26].
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The knowledge about the injury source and correlation of riders in car-electric bicycle accident will be helpful in the cross validation
of traces and vehicle safety design. In order to know more information about such kind of knowledge, 57 true car-electric bicycle
accidents were reconstructed by PC-Crash and then data on injury information of riders were collected directly from the
reconstructed cases. These collected data were validated by some existing research results firstly, and then 4 abnormal cases were
deleted according to the statistical method. Finally, conclusions can be obtained according to the data obtained from the
remaining 53 cases. Direct injuries of the head and right leg are from the road pavement upon low speed; the source laws of
indirect head injuries are not obvious. Upon intermediate and high speed, the injuries of the above parts are from automobiles.
Injuries of the left leg, femur, and right knee are from automobiles; left knee injuries are from automobiles, the road pavement
and automobiles, respectively, upon low, intermediate, and high speed. The source laws of indirect torso injuries are not obvious
upon intermediate and low speed, which are from automobiles upon high speed, while direct torso injuries are from the road
pavement. And there is no high correlation between all parts of the injury of riders. The largest correlation coefficient was
the head-left femur and left femur-right femur, which was 0.647, followed by the head-right femur (0.638) and head-torso
which was 0.617.

1. Introduction

According to statistics, the total number of traffic acci-
dents in China is declining year by year, but the accidents
of car-electric bicycle rise [1]. The number of riders who
died in the accident also increased steadily, from 0% in
2000 to 11% [2] in 2014. This shows that it is very neces-
sary for us to study the traffic accidents of car-electric
bicycles. Accident reconstruction is an important way to
study traffic accidents. According to all kinds of traces that
can be obtained in the accident, we can deduce the whole
process of an accident, and we can get more data that can-
not be measured from the accident scene, such as vehicle
speed and human injury [3, 4]. These data are valuable
for vehicle safety design, road speed limit setting, and traf-
fic accident identification [5–7]. The basis of accident

reconstruction is all kinds of traces left on the scene of
the accident. In order to improve the reliability of the
reconstruction results, it is often necessary to conduct
cross verification [8] to ensure the reliability of the trace.
It is noted that there is a certain correspondence between
the deformation of the vehicle and the injury of the
human body [9, 10]. Therefore, these two kinds of traces
can be contrasted and verified. But there is a very impor-
tant question before the verification; that is, the rider’s
injury comes from the car or the road. If the problem is
unclear, the conclusions are not reliable if verified with
the pavement damages and vehicle deformation; at the
same time, to find out the source of injury to the rider
in the accident, it is also valuable to the safety design of
the body, especially the design of the shape of the vehicle
head. In addition, the study on the correlation between the
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Figure 1: The sketch of the accident scene.
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Figure 2: The simulation result.

Figure 3: Comparison of the relative position in simulation and the damage of the vehicle at 60ms.

Figure 4: Comparison of the relative position in simulation and the damage of the vehicle at 130ms.
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Table 2

Case no. Sp (m) Sc (m) Sm (m) V (km/h) HIC HIC-v HIC-g

1 13.9 10.7 22.6 48.0 5939.0 5939.0 0.4

2 8.4 8.4 8.7 40.8 375.1 375.1 31.1

3 10.8 6.0 13.2 36.0 75.6 75.6 18.2

4 18.6 25.4 39.5 58.0 596.1 596.1 21.1

5 10.9 13.3 4.6 25.0 27.8 24.8 27.4

6 16.6 12.3 19.9 38.0 326.6 304.3 326.6

7 13.0 9.9 20.8 35.0 389.5 389.5 5.5

8 23.6 18.7 37.7 67.0 1935.0 1935.0 40.4

9 2.2 2.8 1.9 18.0 745.2 745.2 11.6

10 4.6 2.0 4.3 20.0 142.3 142.3 17.8

11 9.6 5.9 5.1 33.0 3337.0 3337.0 14.6

12 6.9 3.9 3.1 27.0 68.2 68.2 29.1

13 32.3 20.6 23.1 51.0 443.9 443.9 73.6

14 5.8 11.8 18.4 49.0 201.7 201.7 165.8

15 8.9 7.0 6.2 30.0 116.0 116.0 56.1

16 4.9 3.6 4.9 26.0 39.1 39.1 37.5

17 6.8 5.9 7.6 36.0 408.5 408.5 9.4

18 19.8 10.3 26.1 45.0 234.8 234.8 28.0

19 8.0 9.6 8.4 31.0 68.6 68.6 30.0

20 4.4 1.8 3.8 20.0 97.0 97.0 41.2

21 4.3 3.3 6.3 25.0 363.1 363.1 32.7

22 3.2 1.9 5.4 15.0 59.3 3.2 59.3

23 1.5 3.0 1.2 15.0 24.0 24.0 17.5

24 17.4 21.6 20.9 38.0 338.6 338.6 10.0

25 11.4 8.3 12.8 24.5 98.1 98.1 5.3

26 1.0 12.6 1.0 40.0 106.9 12.1 106.9

27 12.9 18.2 9.7 29.0 110.4 11.8 110.4

28 4.0 2.8 8.3 24.5 58.9 4.6 58.9

29 3.3 17.7 3.2 30.0 166.0 166.0 164.5

30 3.5 1.3 1.4 14.0 33.7 18.9 33.7

31 3.5 5.9 2.8 28.0 12.9 12.9 9.0

32 1.0 0.5 0.4 10.0 54.5 54.5 0.7

33 5.9 1.3 4.9 14.0 34.8 11.4 34.8

34 18.6 20.0 24.7 64.0 808.6 808.6 270.2

35 5.6 2.5 4.8 15.0 48.8 17.2 48.8

36 6.9 4.5 6.0 32.0 395.2 395.2 13.9

37 4.3 1.1 3.9 15.0 471.7 3.3 471.7

38 3.5 0.6 2.3 10.0 183.2 0.7 183.2

39 21.6 29.2 28.1 67.0 1849.0 1849.0 183.0

40 23.2 60.2 20.1 64.0 997.6 997.6 28.3

41 4.0 3.8 6.8 30.0 115.4 115.4 26.3

42 2.1 11.9 4.1 31.0 87.7 29.7 87.7

43 9.9 11.9 8.0 35.0 214.8 209.1 214.8

44 2.1 1.2 1.0 7.0 43.7 43.7 15.9

45 6.8 5.4 5.2 25.0 176.2 58.4 176.2

46 10.6 2.0 7.9 20.0 115.2 0.2 115.2

47 2.0 31.2 11.2 38.0 212.2 18.8 212.2

48 11.3 8.4 12.4 46.0 246.2 246.2 129.1
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injuries of the riders can also provide support for the
mutual validation of injury traces. Therefore, the research
on the source of human injury has aroused the attention
of scholars both in China and abroad: Badea-Rmero and
Lenard [11] found that the head injury of a part of riders
is caused by the ground based on the accident statistics.
With the aid of deep accident investigation, it is found
that car collision is the main cause of pedestrian injury,
especially serious injury, but when the body is thrown
out, the impact with the ground cannot be ignored, and
in some cases it can also cause fatal injuries [12]. Cheng-
jian et al. [13] found that the source of injury to the head
of pedestrians is related to the speed of the car by way of
simulation. When the speed is lower than 30 km/h, the
injuries mainly come from the ground; when the speed
is larger than 40 km/h, the injuries mainly come from
the vehicle. Hua et al. [14] studied the source of head
injury in different types of vehicle collision accidents and
found that vehicle models have an effect on the source
of human injury with the simulation technology. A survey
of these studies shows that scholars in China and abroad
had studied the source of human injury in pedestrian acci-
dents, but there are few studies on the source of riders’
injuries in car-electric bicycle accidents.

In order to know more information about the injury
source and correlation of riders in electric bicycle accidents,
firstly, 57 car-electric bicycle accidents will be reconstructed
by PC-Crash, and then data will be collected and verified by
these existing research results; finally, the injury source and
correlation of the riders will be studied with the aid of the
trend line.

2. Source of the Data

57 car-electric bicycle accidents were selected from the
Accident Investigation database of Hunan University and
the data collected by the authors during the past ten years.
Firstly, each accident was reconstructed with PC-Crash; sec-
ondly, data on injuries, brake distance, and motion distance
of the rider will be collected; thirdly, the existing research
results were employed to verify the reliability of these

collected data. At the same time, some abnormal values
were eliminated with the statistical method, and data of 53
cases were finally obtained.

2.1. Accident Reconstruction. In order to obtain the injuries
and motion distance of the riders, 57 car-electric bicycle
accidents were all reconstructed with PC-Crash. In order to
make the reconstruction more reliable, all traces in the
accident should be reasonably explained in the process of
simulation. One case will be shown as follows to show the
process of reconstruction.

2.1.1. Case Introduction. One evening in a city in China, a
Chevrolet car ran from north to south and collided with a
car-electric bicycle which was running from west to east
at the traffic light intersection. According to the survey
of the police station, the accident happened on a flat
and dry bituminous pavement in good weather and visi-
bility. The vehicle is free of faults. The on-the-spot traces
are the rider’s blood stain and final stop position of the
electric bicycle and car. The braking traces are not discov-
ered. Figure 1 shows the sketch of the accident scene;
vehicle 02 is the Chevrolet car, while vehicle 01 is the
electric bicycle. There is no obvious scar on the head of
the rider. The rider is conscious but with open fractures
on the left leg, three fractures on the rib, and trauma
on the right leg.

2.1.2. Accident Reconstruction. According to the existing
research [3], a traffic accident can be reconstructed reliably
following these steps.

(1) Reconstruct the accident scene. As for this case, the
accident happened on a flat asphalt pavement, so
there was no need to establish a three-dimensional
road. It is only necessary to scale the sketch of the
accident scene according to Figure 1 and then place
it into PC-Crash.

(2) Reconstruct all accident participants. As for the
vehicle, directly recall the vehicle model near the
accident vehicle from the PC-Crash vehicle database

Table 2: Continued.

Case no. Sp (m) Sc (m) Sm (m) V (km/h) HIC HIC-v HIC-g

49 12.9 9.1 14.5 48.0 766.9 766.9 231.6

50 10.1 9.5 16.0 49.0 720.5 720.5 705.7

51 13.9 11.6 11.9 54.0 478.5 478.5 52.6

52 11.9 13.3 11.5 56.0 748.4 748.4 32.1

53 17.8 13.7 13.6 58.0 780.9 780.9 575.4

54 18.1 15.0 10.6 60.0 1306.0 1306.0 764.6

55 15.6 15.0 23.0 62.0 2300.0 2300.0 293.2

56 17.5 16.9 28.9 66.0 2833.0 2833.0 180.7

57 15.7 10.4 17.1 52.0 405.8 405.8 106.1

Sp: throw distance of the pedestrian; Sc: braking distance of the vehicle; Sm: throw distance of the motorcycle; V: velocity of the vehicle; HIC-v: HIC from the
vehicle; HIC-g: HIC from the ground.
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Table 3

Case no. Head 1 (N) Head 2 (N) 3ms 1 3ms 2 Torso 1 (N) Torso 2 (N) Femur left 1 (N)

1 2831.7 4648.0 7.2 6.3 2503.3 10502.6 1605.4

2 3927.8 2351.7 67.0 4.3 18312.0 2405.9 5727.9

3 1149.4 1581.4 2.4 1.7 1388.6 4627.2 9657.8

4 5914.5 2175.9 4.5 3.4 4178.7 3444.0 4717.8

5 1358.2 1734.9 0.6 0.3 3930.6 3285.4 1040.8

6 3761.2 6515.4 33.5 48.8 5898.5 11708.0 2268.9

7 3744.3 1197.0 13.5 0.8 3617.1 4180.9 8606.1

8 9049.5 1750.5 37.7 5.6 12957.0 2478.9 7591.1

9 6324.7 2079.9 14.4 0.5 4525.5 1463.2 20684.0

10 3109.0 1985.9 8.7 3.6 938.1 2916.4 31983.0

11 2899.0 2118.8 3.6 1.8 4082.6 4984.0 10640.0

12 2009.2 1632.3 2.6 5.3 2009.2 4059.8 7679.2

13 3743.8 2416.0 154.8 19.8 20363.0 12895.0 10944.0

14 4476.5 3515.5 7.8 267.0 3662.5 27000.0 5932.1

15 1935.6 2704.1 2.4 2.4 1736.1 4931.7 6140.1

16 1783.7 1916.6 4.7 5.6 7838.2 2654.6 7287.2

17 5128.0 1147.7 47.6 5.3 4593.3 4483.5 6296.2

18 3386.3 1185.3 2.2 22.4 2506.0 9605.6 6111.8

19 1394.8 1852.3 1.5 0.7 1609.4 2794.4 1625.4

20 2857.2 2165.8 3.8 18.2 4841.0 8313.8 1481.0

21 4615.9 2175.6 4.9 4.4 6064.6 6557.2 1659.6

22 420.1 1960.2 2.8 1.8 3741.1 3232.8 1473.7

23 1331.1 1579.2 2.0 3.2 4649.5 3522.0 3.7

24 4277.7 1332.5 5.1 3.6 2468.9 6429.2 2678.3

25 1834.5 1268.0 3.6 4.5 1483.6 4563.4 3403.4

26 2041.3 3865.8 0.6 2.2 2427.3 1889.4 1574.7

27 1147.4 2784.4 2.8 12.5 2303.8 5588.9 3083.2

28 734.4 2211.8 0.2 3.3 878.6 5140.3 1785.3

29 789.9 4425.2 5.7 1.4 9804.1 7521.2 4294.5

30 1421.3 1651.2 0.3 3.2 2437.3 5008.3 1558.2

31 1230.8 1003.0 2.2 19.6 3334.2 8565.9 2224.7

32 3305.3 1068.3 0.7 0.2 2606.6 3443.9 7133.2

33 1534.9 1611.7 0.9 7.6 4425.3 4115.2 2082.5

34 5788.4 5522.2 7.3 9.6 8908.9 9547.3 12278.2

35 1097.6 1437.4 0.8 3.2 1639.2 3715.4 2146.5

36 3861.6 1838.1 5.7 28.7 3349.4 12676.5 10194.5

37 0.0 3731.1 3.5 3.1 0.0 3768.0 6044.1

38 254.3 3209.1 0.1 5.7 828.5 3474.5 3485.2

39 5830.3 2599.7 15.4 55.3 2999.9 12353.4 16814.6

40 3297.0 2544.0 22.5 5.1 5816.4 4214.6 2303.7

41 2317.0 1339.4 2.5 11.1 4521.1 3911.8 4187.3

42 2093.9 2804.2 8.7 0.6 7174.3 3282.5 4513.3

43 1379.3 1855.5 122.8 56.4 17593.0 10208.0 2336.1

44 2098.2 1608.6 2.1 6.8 5099.1 5876.2 2190.5

45 1806.2 4558.7 80.5 2.4 20602.0 1758.2 4258.9

46 196.9 2943.5 0.3 9.4 0.0 11079.0 1737.6

47 805.2 3183.9 0.6 6.7 2779.1 6126.6 1930.0

48 2955.8 2476.1 22.8 35.7 3337.9 11835.0 11766.0
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and then modify the parameters with high influence
on the reconstruction according to the actual vehicle
parameters. After the modification, the car model is
characterized by mass 1270 kg, length 4598mm,
width 1797mm, and height 1470mm. As for the
electric bicycle, the multibody model Maxi-Driver
010910 in PC-Crash was selected and then the cor-
responding parameters were changed according to
the information on the electric bicycle and rider.
In the case, the height of the rider is 171 cm and
the weight is 70 kg, while for the electric bicycle,
the length is 1557mm, the height of the handle is
960mm, and the mass is 45 kg. All other parameters
are default values.

(3) Accident reconstruction. Through repeated simula-
tion, we discovered that it is consistent with the
actual condition when the car speed is 64 km/h and
the speed of the car-electric bicycle is 3 km/h. The
traces in simulation fit with the accident site when
the friction coefficient between the car and the pave-
ment is 0.6 and the friction coefficient between the
bicycle and the pavement is 0.7. The reconstruction
results are shown in Figure 2.

(4) Verify the reconstruction result. As shown in
Figure 2, traces in the accident scene can be rea-
sonably explained in the simulation. Figures 3
and 4 are the comparison of the relative position
in simulation and the damage of the vehicle at
the simulation time t = 60ms and t = 130ms. In
Figures 3 and 4, the left figure is the reconstruction
figure, while the right figure is the actual deforma-
tion of the car in the accident. At the reconstruc-
tion time t = 60ms, the bicycle contacts with the
right front of the car; when t = 130ms, the rider
scrubs with the right of the car. These contact
points are the causes for the vehicle’s deformations.
At the same time, Table 1 compares the conjec-
tured conclusions of injuries to the rider and the
information provided by the police. It shows that
the rider does not suffer serious injuries in

addition to the fractures of the left leg. The conclu-
sion is consistent with the information provided by
the police. It suggests that the body injuries can be
explained reasonably in the simulation also. Thus,
the reconstruction results are reliable and the data
on this basis are trustable.

2.2. Data Reading. All the 57 cases were reconstructed
according to the above method. And then the accelera-
tion of the rider’s head and chest and the contact force
of the head, the torso, the femur, the tibia, and the knee
were all derived directly from PC-Crash. And then the
time that the rider is high up absolutely in the air will
be found from the simulation as the time node. Accord-
ing to the time node, the injury values of different parts
of the rider were calculated according to these obtained
data. The value at the front of the node is considered
from the impact of the vehicle, while the value behind
the node is considered from the impact of the road.
Detailed information about these data can be found in
Tables 2–5.

3. Data Processing

3.1. Data Verification. Take the vehicle speed as the y-coordi-
nate and the body throw distance as the x-coordinate to
depict the data, and compare it with existing results. The ver-
ification results are shown in Figure 5. More information
about Zhang’s model [18], Nie and Yang’s model [19],
Braun’s model [20], and Lin et al.’s model [21] can be found
in the corresponding references. From Figure 5, we can find
that the collected data are evenly distributed around the
models proposed by 4 scholars, indicating that the data col-
lected here are reliable and can be further analyzed.

3.2. Abnormal Data Processing. In order to reduce the effect
of abnormal data on the analysis results, the outliers in these
collected data should be deleted before analyzing the data.
And the Pauta principle (3σ) in statistics was employed to
get rid of outliers in the paper.

Table 3: Continued.

Case no. Head 1 (N) Head 2 (N) 3ms 1 3ms 2 Torso 1 (N) Torso 2 (N) Femur left 1 (N)

49 4453.8 3331.8 41.7 36.2 1291.2 4551.3 7345.4

50 3590.0 3041.7 4.3 17.3 4006.0 6275.5 5345.9

51 3481.7 1824.6 19.1 38.8 21538.0 6761.1 11477.0

52 3679.8 1862.3 9.9 15.9 1865.6 5848.1 8981.5

53 3529.5 2431.6 9.1 5.5 4318.7 6507.2 3356.9

54 3480.0 2476.6 5.3 12.1 2635.1 7676.1 19813.0

55 4768.7 3690.7 43.3 104.7 3836.0 13124.0 12044.0

56 5101.8 2855.3 50.2 5.6 2661.8 7755.5 21346.0

57 3747.1 2397.7 15.9 19.3 1849.2 10479.0 6368.6

Head is the contact force of the head, 1 means from the vehicle, and 2means from the ground the same in the next. Data from cases 1, 11, 13, and 14 are removed
from the manuscript.
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Table 4

Case
no.

Femur left 2
(N)

Femur right 1
(N)

Femur right 2
(N)

Lower leg left 1
(N)

Lower leg left 2
(N)

Lower leg right 1
(N)

Lower leg right 2
(N)

1 1220.9 9741.8 1568.6 1390.3 1624.0 2832.6 2825.9

2 2557.6 2533.0 779.2 3999.0 1146.1 7209.5 1565.7

3 3530.0 7856.4 1581.2 4212.0 2559.8 3919.1 2559.8

4 3987.3 13794.0 2776.5 2702.7 3494.9 1475.0 2315.1

5 2546.3 1414.1 1231.5 1817.9 1688.4 2915.5 1200.6

6 8562.5 2010.2 8562.5 27.8 2612.2 1669.6 1150.3

7 906.2 9063.5 3799.4 4814.4 3668.0 10963.0 2236.1

8 1431.9 6576.9 1488.3 3392.5 2274.5 1876.7 3152.3

9 2473.7 4037.0 2132.1 3284.7 1417.4 1673.0 2356.0

10 2916.4 9890.7 2060.2 6366.2 2848.1 1733.4 2775.5

11 4237.3 8286.4 3730.5 4416.4 1939.4 6239.9 1952.7

12 2990.3 5701.7 2141.7 7788.1 1302.5 2571.9 2919.4

13 2424.4 2527.7 1820.8 4453.9 2527.2 4139.6 2367.7

14 8393.1 10732.0 8032.3 2674.4 1390.7 10245.0 2756.9

15 1315.6 1590.5 3434.7 5402.6 1469.9 1280.7 2902.9

16 2060.2 4010.1 2060.2 3667.2 1218.5 210.7 1027.8

17 1441.3 3487.8 4463.2 337.0 2119.7 2761.7 2221.1

18 3591.9 1619.8 3627.8 5326.0 1542.4 1822.0 2154.4

19 1533.3 5158.0 1565.2 1434.6 459.0 5922.1 3306.8

20 1579.5 2554.9 1586.1 8651.7 2413.6 2292.9 884.3

21 442.4 1884.5 2991.3 1140.6 1175.8 1646.9 909.1

22 3304.1 1606.6 2620.6 2059.7 668.6 979.5 174.6

23 1330.9 661.5 2377.0 8.6 796.3 586.1 356.4

24 1473.0 2621.9 707.8 2528.6 477.2 1556.6 0.0

25 4227.9 4764.7 1611.9 3897.4 1587.0 3904.6 1640.9

26 287.7 1430.1 796.0 563.1 998.3 297.1 781.1

27 583.1 4056.6 1815.6 3395.8 3088.5 2891.4 623.4

28 464.6 2825.5 451.9 2182.5 1605.5 2650.2 1420.5

29 1669.4 2039.5 499.6 0.0 4726.7 2140.6 3439.5

30 1926.0 1562.1 2269.0 4694.7 953.5 1850.3 539.3

31 1377.7 955.8 1190.3 241.0 2704.0 3174.5 838.9

32 1165.9 3071.0 3039.1 173.5 1743.1 4797.7 1530.4

33 1123.1 2324.7 2443.4 0.0 2387.2 1694.3 1359.1

34 6921.0 18252.0 8218.5 7891.1 7322.4 7654.4 8895.7

35 2.9 1785.2 1777.0 0.0 2419.7 1438.8 1136.2

36 1100.0 5625.4 3226.3 9248.2 1181.5 1918.3 2317.9

37 1766.0 5094.2 3546.8 4185.4 847.0 401.3 2034.2

38 2106.4 1581.2 876.3 2185.0 834.3 224.6 1522.6

39 1608.7 5124.5 3245.5 7265.5 4875.4 2952.4 2141.6

40 1300.1 6890.5 938.7 4097.2 4781.5 2363.2 1320.5

41 5772.0 3372.6 1054.8 975.2 2651.6 1994.6 4196.3

42 3795.5 9912.8 1535.0 3197.1 1564.7 6441.1 1588.0

43 2127.1 7675.6 619.3 2804.1 2873.9 8575.8 1890.0

44 1391.2 2756.5 2770.7 4894.1 1245.7 0.0 4463.1

45 4708.6 5001.0 3481.9 413.8 2918.2 0.0 4463.1

46 4867.1 5730.5 5650.4 0.0 1371.9 2060.7 1237.1

47 3086.7 1039.1 607.7 1452.1 1148.2 678.8 1413.6
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HIC15 was taken as an example here. Firstly, roughly
screen out the value that deviates from most of the values
in all cases with a boxplot module in the SPSS software;
the corresponding observed values are 5939, 1935, 3337,
1849, and 2300. And then the analyzed results are shown
in Table 6 according to the Pauta principle. From
Table 6, we can find that the observed value 5939 is the
outlier; in this case, it shall be removed. Respectively, dis-
tinguish injury data of each part according to the above
methods; 4 samples shall be removed, and then 53 samples
are reserved finally.

4. Data Analysis

4.1. Rider’s Injury Source Analysis of Each Part. Take the
vehicle speed as the x-coordinate and the rider’s injury
value of each part as the y-coordinate, respectively; draw
comparison diagrams concerning the rider’s injury source
of each part. In the diagram, the triangle and circular
scatter, respectively, indicate that the injury source is
from automobiles and the road pavement; the solid line
and dotted line indicate trend lines of the triangle and
circular scatter.

4.1.1. Head. The source comparison of the rider’s head
HIC15 and maximum head collision force is shown in
Figures 6 and 7. Upon low speed, in Figure 6, the solid line
is close to the dotted line, indicating that the difference of
the indirect injury value caused by automobiles and the road
pavement is not obvious; in Figure 7, the dotted line is
higher than the solid line, indicating that the direct injury
of the rider’s head is mainly from the road pavement. Upon
intermediate and high speed, in Figures 6 and 7, the solid
line is obviously higher than the dotted line, indicating that
both indirect and direct damages of the head are mainly
from automobiles. In order to make the discussion more
convenient and coherent, the specific interval of the velocity
will be replaced by the low speed, intermediate, and high
speed. Generally, low speed is about 0 to 30 km/h, interme-
diate speed is about 30 to 50 km/h, and high speed is about
60 to 80 km/h

4.1.2. Torso. The source comparison of the rider’s torso
3ms acceleration magnitude and maximum torso contact
force is shown in Figures 8 and 9. In Figure 8, we can
see that the contact ratio between the dotted line and
the real line is very high upon intermediate and low
speed, indicating that the main source of indirect injury
to the rider’s torso is not obvious at low and intermedi-
ate speed, and the main source is from automobiles at
high speed; in Figure 9, we can see that the dotted line
is obviously higher than the solid line, indicating that
the direct injury of the rider’s torso is mainly from the
road pavement.

4.1.3. Tibia. The source comparison of the rider’s max-
imum tibia contact force is shown in Figures 10 and
11. In Figure 10, we can see that the solid line is above
the dotted line, indicating that the injury of the rider’s
left leg is mainly from automobiles. In Figure 11, upon
low speed, the dotted line is above the solid line, indi-
cating that the injury of the rider’s right leg is mainly
from the road pavement; upon intermediate and high
speed, the solid line is generally located above the dot-
ted line, indicating that the injury of the right leg is
from automobiles.

4.1.4. Femur. The source comparison of rider’s maximum
femur contact force is shown in Figures 12 and 13. In
Figure 12, in addition to individual points, the solid line
is generally located above the dotted line, indicating that
the injury of the rider’s left femur is mainly from auto-
mobiles in most cases. In Figure 13, similar to the law
of the left femur, the right femur injury is from automo-
biles in most cases.

4.1.5. Knee. The source comparison of the rider’s maxi-
mum knee contact force is shown in Figures 14 and 15.
In Figure 14, we can see that 2 curves are in a staggered
upward trend. Upon low speed, the solid line is above
the dotted line, indicating that the injury to the left knee
of the rider is from automobiles. Upon intermediate
speed, the dotted line is obviously higher than the solid

Table 4: Continued.

Case
no.

Femur left 2
(N)

Femur right 1
(N)

Femur right 2
(N)

Lower leg left 1
(N)

Lower leg left 2
(N)

Lower leg right 1
(N)

Lower leg right 2
(N)

48 3574.3 5154.7 9210.5 11139.0 3951.5 3529.0 2730.9

49 1555.0 12361.0 4448.0 13036.0 1724.6 2987.1 3190.2

50 3048.9 10806.0 6196.1 13551.0 1163.2 3896.3 3356.6

51 2682.0 11466.0 4061.3 12388.0 1294.0 4274.7 3789.1

52 3767.5 12042.0 4053.8 5908.5 2483.1 3643.5 1478.9

53 5851.3 12212.0 2507.1 4278.8 2778.8 5573.9 1600.0

54 2058.6 5844.0 3152.0 3246.4 4161.4 10160.0 5774.4

55 3559.0 9369.2 1459.8 2102.7 2626.0 4523.7 2215.9

56 2290.0 9688.5 8280.3 3651.4 1758.8 5000.7 4129.1

57 3538.1 15991.0 5462.3 12058.0 3618.6 4441.9 1879.1
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Table 5

Case no. Left knee 1 (N) Left knee 2 (N) Right knee 1 (N) Right knee 2 (N)

1 1606.7 1869.2 0.0 1962.3

2 7374.7 740.7 11025.0 671.2

3 7666.5 4854.6 12795.0 1962.5

4 1475.0 1563.3 1338.7 8830.4

5 1377.4 4637.2 2020.1 7315.5

6 0.0 4336.5 0.0 2300.1

7 7245.8 2490.2 13794.0 3183.4

8 26777.0 9540.3 8786.3 8337.0

9 20951.0 0.0 3439.5 10377.0

10 6792.3 8386.2 753.7 1766.3

11 7531.9 2607.1 12386.0 811.6

12 3296.2 0.0 80.0 5203.5

13 9984.6 8516.6 16633.0 2759.5

14 1438.2 4575.7 5978.9 5834.5

15 3162.6 5714.4 3164.9 1206.2

16 35.0 5652.9 3945.4 3598.6

17 1614.3 5703.7 2.6 0.0

18 864.8 1993.2 1584.9 0.0

19 97.8 909.3 1300.3 7614.1

20 4118.9 9867.4 670.5 1865.2

21 2037.0 4625.1 19714.0 1380.3

22 1545.0 1291.7 2696.7 3478.5

23 71.2 3628.5 6547.5 0.0

24 1369.2 1646.6 10653.1 2200.4

25 10765.1 2485.8 7213.0 187.2

26 7468.9 11705.3 2485.8 3500.3

27 6872.4 6211.4 5376.7 4073.7

28 2611.3 4668.2 1639.0 3396.1

29 0.0 8197.7 29802.8 1690.0

30 1949.6 5706.6 2086.9 834.5

31 0.0 4941.4 4182.5 6251.6

32 0.0 868.8 7607.9 8875.6

33 56.1 296.1 13272.2 2353.4

34 8084.1 5363.0 18314.2 14898.4

35 0.0 1420.1 5269.2 548.1

36 19854.0 8649.4 1013.8 1284.1

37 6690.3 2743.8 0.0 0.0

38 5400.1 0.0 0.0 501.6

39 7265.5 4875.4 0.0 6620.2

40 2630.2 1964.3 5273.6 1876.3

41 276.6 3752.9 0.0 3904.1

42 1412.0 1644.1 24980.0 2721.8

43 1195.2 2708.7 18109.0 706.2

44 7856.1 1822.9 0.0 2984.7

45 0.0 0.0 3506.5 4043.4

46 0.0 4374.1 11108.0 4273.7

47 0.0 2283.7 510.2 6963.2

48 8892.9 1289.6 6671.6 2406.9
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line, indicating that the injury to the left knee of the rider
is from the road pavement; upon high speed, the solid line
is above the dotted line, indicating that the injury to the
left knee is from automobiles. In Figure 15, we can see
that two curves are in a wavelike upward trend and the
solid line is above the dotted line, indicating that the
injury of the rider’s right knee is mainly from automobiles.

4.2. Correlation Analysis of Injuries. The rider’s injury
correlation of each part was analyzed by the rank correlation
coefficient method in the SPSS, and analysis results are
shown in Table 7.

Table 7 shows stronger correlations among rider’s head
injury HIC15 and torso 3ms acceleration magnitude, maxi-
mum left femur contact force, and maximum right femur

Table 5: Continued.

Case no. Left knee 1 (N) Left knee 2 (N) Right knee 1 (N) Right knee 2 (N)

49 14330.0 1000.6 9657.4 2003.1

50 18309.0 10785.0 13144.0 7941.3

51 11409.0 3925.8 9551.4 7859.4

52 16743.0 6560.2 11568.0 6479.2

53 2538.0 5341.6 2607.0 8370.4

54 10384.0 6148.4 15817.0 15012.0

55 3006.6 4141.1 10774.0 4856.0

56 8751.6 5928.8 15181.0 3004.0

57 10483.0 7370.8 347.5 17737.0
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Figure 5: Data verification.

Table 6: The abnormal value of HIC15.

Observed
value

Expectation
Standard
deviation

Absolute
errors

3σ Results

5939

557 1001

5381

3003

Abnormal

1935 1377 Normal

3337 2779 Normal

1849 1291 Normal

2300 1742 Normal

2833 2275 Normal
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Figure 6: Source of head HIC15.
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Figure 7: Source of head maximal striking force.
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contact force. There is a certain correlation between
rider’s torso 3ms acceleration magnitude and maximum
left femur and right femur contact forces. It shows stron-
ger correlations between maximum collision force of the
rider’s left femur and maximum right femur contact
force, which has a certain correlation with maximum
contact force of the rider’s left leg and left knee. There
is a certain correlation between maximum collision force
of the rider’s right femur and maximum contact force of
the rider’s left leg and right leg. It has a certain correla-
tion between the maximum collision force of the rider’s
left leg and maximum collision force of the right leg

and left knee. The above has a significant statistical sig-
nificance; there is a medium correlation between maxi-
mum contact force of the rider’s right leg and right
knee; there is no obvious correlation between maximum
contact force of the rider’s left knee and right knee.

5. Conclusion

After accident reconstruction, data acquisition, data verifica-
tion, and screening of 57 car-electric bicycle accidents where
riders are hit against the engine hood and thrown to the air,
data obtained from the remaining 53 cases were analyzed
and the following conclusions were drawn:
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Figure 11: Source of injury of the lower right leg.

12 Applied Bionics and Biomechanics



(1) Through comparing the rider’s injuries of each
part in the collision process with automobiles and
ground, we found that direct injuries of the head
and right leg are from the road pavement upon
low speed. The source laws of indirect head inju-
ries are not obvious; upon intermediate and high
speed, the injuries of the above parts are from
automobiles. In most cases, injuries of the left leg,
femur, and right knee are from automobiles; left
knee injuries are from automobiles, the road pave-
ment, and automobiles, respectively, upon low,
intermediate, and high speed. The source laws of
indirect torso injuries are not obvious upon interme-
diate and low speed, which are from automobiles

upon high speed, while direct torso injuries are from
the road pavement.

(2) No high correlation was found between all parts of
the injury. The largest correlation coefficient was
the head-left femur and left femur-right femur,
which was 0.647, followed by the head-right femur
(0.638) and head-torso which was 0.617. It was
found that the correlation coefficient values of the
abovementioned items were very close, and it
needs to be further studied whether the approach
was related to the collision angle.

(3) Though some interesting results were obtained, the
reason why there are such phenomena was not
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Figure 12: Source of injury of the left femur.
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Figure 15: Source of injury of the right knee.
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discussed here, which deserves to be studied deeply in
the future.

Conflicts of Interest

The authors declare that there is no conflict of interest
regarding the publication of this paper.

Acknowledgments

This work was supported by the National Natural
Science Foundation of China (51775056), the Science and
Technology Planning Project of Guangzhou City, China
(no. 201704020142), and the Hunan Province Key Labora-
tory of Safety Design and Reliability Technology for
Engineering Vehicle (Changsha University of Science &
Technology) (KF1605).

References

[1] Ministry of Public Security Traffic Management Bureau,
People’s Republic of China Statistical Year Book of Road
Accidents 2010–2015.

[2] Y. Li, Y. Sun, and C. Xu, “Developing trends of automotive
safety technology: an analysis based on traffic accident data,”
Journal of Automotive Safety and Energy, vol. 7, no. 3,
pp. 241–253, 2016.

[3] T. Zou, Z. Yu, M. Cai, and J. Liu, “Car-pedestrian accident
reconstruction based on PC-Crash,” Journal of Vibration and
Shock, vol. 30, no. 3, pp. 215–219, 2011.

[4] T. Zou, Z. Yu, M. Cai, and J. Liu, “Analysis and application of
relationship between post-braking-distance and throw dis-
tance in vehicle–pedestrian accident reconstruction,” Forensic
Science International, vol. 207, no. 1, pp. 135–144, 2011.

[5] T. Zou, Y. Liu, P. Li, and R. Yin, “A method for evaluating
impact velocity and impact position in car-motorcycle
accidents,” China Safety Science Journal, vol. 25, no. 1,
pp. 105–110, 2015.

[6] J. Nie, J. Wu, L. Wu, L. Ren, and J. Yang, “Study on urban road
speed limit for pedestrian and bicyclist traffic safety,” China
Journal of Highway and Transport, vol. 27, no. 7, pp. 91–97,
2014.

[7] T. Zou, L. Zhao, Y. Zhang, and Y. Liu, “A model for impact
velocity estimation based on final distance between pedestrian

and vehicle,” Automotive Engineering, vol. 37, no. 7, pp. 772–
776, 2015.

[8] G. A. Davis, “A Bayesian approach to cross-validation in
pedestrian accident reconstruction,” SAE International
Journal of Passenger Cars-Mechanical Systems, vol. 4, no. 1,
pp. 293–303, 2011.

[9] Y. Peng, J. Yang, D. Caroline, and R.Willinger, “Finite element
modeling of crash test behavior for windshield laminated
glass,” International Journal of Impact Engineering, vol. 57,
pp. 27–35, 2013.

[10] J. Xu, Y. Li, G. Lu, and W. Zhou, “Reconstruction model of
vehicle impact speed in pedestrian–vehicle accident,” Interna-
tional Journal of Impact Engineering, vol. 36, no. 6, pp. 783–
788, 2009.

[11] A. Badea-Rmero and J. Lenard, “Source of head injury for
pedestrians and pedal cyclists: striking vehicle or road?,”
Accident Analysis & Prevention, vol. 50, pp. 1140–1150, 2013.

[12] J. Yang, “Overview of research on injury biomechanics in
car-pedestrian collisions,” Chinese Journal of Automotive
Engineering, vol. 1, no. 2, pp. 81–93, 2011.

[13] C. Feng, F. Wang, C. Xu, W. Fan, S. Liu, and Z. Yin, “Head
dynamic response based on reconstruction of vehicle-
pedestrian accidents with the video,” Journal of Medical Bio-
mechanics, vol. 28, no. 2, pp. 164–170, 2013.

[14] H. Li, Y. Li, J. Xiao, M. Cai, and T. Zou, “Study on source of
head injury in vehicle-pedestrian accident considering types
of vehicles,” China Safety Science Journal, vol. 26, no. 11,
pp. 81–86, 2016.

[15] Standardization Administration of the People's Republic of
China, “The protection of the occupants in the event of a fron-
tal collision for motor vehicle,” GB 11551-2014.

[16] L. Hong and R. Ge, “A research on the protection effects of
new front safety seat for rear-row occupant in car collision,”
Chinese Journal of Automotive Engineering, vol. 38, no. 10,
pp. 1206–1212, 2016.

[17] G. W. Nyquist, R. Cheng, E.-b. AAR, and A. I. King, “Tibia
bending: strength and response,” in 29th Stapp Car Crash
Conference, pp. 99–112, Warren Dale, PA. USA, 1985, SAE
paper No. 851728, P167.

[18] Z. Liang, Impact Process Analysis of Vehicle-Motorcycle Based
on Multi-Rigid-Body Dynamic, Harbin Institute of Technol-
ogy, Harbin, China, 2009.

[19] J. Nie and J. Yang, “A study of bicyclist kinematics and injuries
based on reconstruction of passenger car–bicycle accident in

Table 7: The rank correlation coefficient about different parts of the rider’s injury.

Head Torso Left femur Right femur Left leg Right leg Left knee Right knee

Head 1.000 0.617∗∗ 0.647∗∗ 0.638∗∗ 0.378∗∗ 0.322∗ 0.418∗∗ 0.291

Torso 0.617∗∗ 1.000 0.505∗∗ 0.432∗∗ 0.357∗∗ 0.352∗∗ 0.282∗ 0.188

Left femur 0.647∗∗ 0.505∗∗ 1.000 0.647∗∗ 0.524∗∗ 0.337∗ 0.493∗∗ 0.209

Right femur 0.638∗∗ 0.432∗∗ 0.647∗∗ 1.000 0.539∗∗ 0.533∗∗ 0.292∗ 0.395

Left leg 0.378∗∗ 0.357∗∗ 0.524∗∗ 0.539∗∗ 1.000 0.401∗∗ 0.563∗∗ 0.111

Right leg 0.322∗ 0.352∗∗ 0.337∗ 0.533∗∗ 0.401∗∗ 1.000 0.199 0.584

Left knee 0.418∗∗ 0.282∗ 0.493∗∗ 0.292∗ 0.563∗∗ 0.199 1.000 0.133

Right knee 0.291∗ 0.188 0.209 0.395∗∗ 0.111 0.584∗∗ 0.133 1.000

Superscript ∗∗ means significant statistical significance, superscript ∗ means general statistical significance, and no superscript means no statistical
significance.

14 Applied Bionics and Biomechanics



China,” Accident Analysis & Prevention, vol. 71, pp. 50–59,
2014.

[20] H. Braun, “Distances to which splinters of glass are thrown- an
experimental study,” Traffic Accident, vol. 18, no. 2, pp. 37–43,
1980.

[21] Q. Lin, H. Xu, and B. Cheng, “Throwmodel of pedestrian bicy-
clist and bicycle in traffic accident,” Journal of Transportation
Systems Engineering and Information Technology, vol. 06,
pp. 73–78, 2006.

15Applied Bionics and Biomechanics



Research Article
Investigation of the Effect of Neck Muscle Active Force on
Whiplash Injury of the Cervical Spine

Yu Yan,1 Jing Huang ,1 Fan Li,1 and Lin Hu2

1Research Centre of Vehicle and Traffic Safety, State Key Laboratory of Advanced Design and Manufacturing for Vehicle Body,
Hunan University, Changsha, China
2College of Automotive and Mechanical Engineering, Changsha University of Science & Technology, Changsha, China

Correspondence should be addressed to Jing Huang; huangjing926@hnu.edu.cn

Received 8 December 2017; Revised 11 February 2018; Accepted 13 March 2018; Published 4 April 2018

Academic Editor: Jun Xu

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

The objective of the present study is to investigate the influence of neck muscle activation on whiplash neck injury of the occupants
of a passenger vehicle under different severities of frontal and rear-end impact collisions. The finite element (FE) model has been
used as a versatile tool to simulate and understand the whiplash injury mechanism for occupant injury prevention. However,
whiplash injuries and injury mechanisms have rarely been investigated in connection with neck active muscle forces, which
restricts the complete reappearance and understanding of the injury mechanism. In this manuscript, a mixed FE human model
in a sitting posture with an active head-neck was developed. The response of the cervical spine under frontal and rear-end
collision conditions was then studied using the FE model with and without neck muscle activation. The effect of the neck
muscle activation on the whiplash injury was studied based on the results of the FE simulations. The results indicated that
the neck active force influenced the head-neck dynamic response and whiplash injury during a collision, especially in a
low-speed collision.

1. Introduction

Whiplash injuries occurring in car accidents are an increas-
ing problem all over the world [1]; approximately 28–53%
of traffic collision victims suffer this type of injury [2]. It con-
tinues to be a major health problem because of the long-term
consequences [3]. Vehicle collision may cause sprains or
strains to soft tissues in the neck and result in a variety of
clinical manifestations, including headaches, dizziness, for-
getfulness, and nerve root traits. These symptoms are collec-
tively referred to as whiplash-associated disorders (WAD)
[4]. However, the mechanism and location of whiplash
injuries are still under investigation.

In the past fewdecades,many researchers conducted stud-
ies to investigate the mechanism of whiplash injuries via
human volunteer tests [5, 6], mathematical models [7, 8],
crash dummies [9], whole cadavers [10], and hybrid cadaveric
models [11]. Luan [10] studied the kinematic responses and
loadpatterns of humannecks in a low-speed rear-end collision
using cadaver tests. Krakenes et al. [12] evaluated the

condition of the alar ligament in whiplash injuries usingmag-
netic resonance imaging (MRI), which indicated that the alar
ligament was vulnerable to whiplash injury and that MRI
was a useful tool to assess the severity of neck injury. Fice
and Cronin [2] investigated the occupant kinematic response
and possible whiplash injuries of the upper cervical spine dur-
ing a vehicle collision using a validated human head-neck
finite elementmodel. Based on Folksam’s traffic injury survey,
Jonsson et al. [13] studied the whiplash injury outcome of a
front-seat occupant during a rear-end collision using a double
paired comparison technique. Ivancic andXiao [11] evaluated
the biofidelity of a human FE model via comparisons with
in vivo data and investigated the neck load and motion
responses during simulated rear-end collisions, followed by
studies of the mechanisms of whiplash injury and prevention
methods. These studies revealed that the potential anatomical
injury sites of the neck, facet joints, spinal ligaments, interver-
tebral discs, dorsal root ganglia (DRG), neckmuscles, and ver-
tebral arteries were vulnerable spots [1]. Brault et al. [14]
studied the kinematic responses and injuries of neck muscles
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in a low-speed rear-end collision using volunteer experiments
and found that neck muscles contracted rapidly during the
collision and the prolonged muscle contraction would lead
topotentialmuscle injury.Kumar et al. [15] carried out volun-
teer experiments to study the response of neck muscles when
the head rotated during a side impact, indicating that the
muscle force and the risk of muscle injury were reduced
when the head was turned to the right or left in a side impact.
The active force caused by the neck muscle contraction in a
vehicle collision, especially in a low-speed collision, would
have an important effect on the dynamic response of the
human head and neck [16]. However, whiplash injuries as
well as its injury mechanisms are rarely investigated in con-
nection with neck restraint and active muscle forces, which
would restrict the complete reappearance and understanding
of the injury mechanism, There is still a need for better
understanding of the whiplash injury mechanism for occu-
pant injury prevention.

To better understand whiplash injury and its prevention
mechanisms, the present manuscript described a numerical
study with the objective of determining the effect of neck
muscle activation on the head-neck dynamic response and
whiplash injuries of the occupants in passenger vehicle front
and rear-end collisions.

2. Methods and Materials

An active human head-neck FEmodel was developed and the
mechanical property of the neck muscle was described via a
three-element Hill-type model with both passive and active
properties. The active head-neck model was then connected
to the torso of a Hybrid III dummy to establish a mixed
human model. The response of the cervical spine under fron-
tal (8 g, 15 g, and 22 g) and rear-end (4 g, 7 g, and 10 g) colli-
sion conditions was studied using FE models with and
without neck muscle activation. The effect of the neck muscle
activation on the whiplash injury was then investigated based
on the simulation results, the force-distraction response of
the upper cervical ligament, the peak angle of the head, and
the relative rotation angle of the cervical vertebrae, and
whiplash injury criteria NIC, Nkm, and Nij were used as
the analysis parameters.

2.1. Collision FE Model

2.1.1. Active Head-Neck FE Model. An active head-neck FE
model was developed as shown in Figure 1. The basic model

was developed at Hunan University based on the human
anatomy structure of a 50th percentile adult male, which
was validated against experiment data in frontal, rear-end,
and side impact conditions [17, 18], and the basic model
was subsequently improved and validated by Zhang and Yang
[19], Li et al. [20], and Huang et al. [21]. The updated active
head-neck FE model represented all essential anatomical fea-
tures of a 50th percentile male head and neck, including the
scalp, skull with outer table, diploe, inner table, dura mater,
falx cerebri, tentorium, falx cerebelli, pia, cerebral spinal fluid
(CSF), cerebrum, cerebellum, brain stem, ventricles, cervical
vertebrae, and three-dimensional neck muscles with passive
and active properties.

The whole model consists of 554,154 elements; 620,899
nodes; and 427 parts, including 442,094 solid elements;
107,620 shell elements; 59 spring elements; and 4381 beam
elements. The neck was modelled with 52 components,
including muscles, deformable vertebrae, cartilage, ligament,
and intervertebral discs. The attachments of the neck muscles
were distributed on the sternum, ribs, and thoracic vertebrae
according to the anatomic structures.

Themechanical property of theneckmusclewas described
via a three-element Hill-type model with both passive and
active properties, as shown in Figure 2.

The model comprises a contractile element (CE) and two
nonlinear spring elements: one in series (SE) and one in paral-
lel (PE). The PE element represents the stiffness of the passive
muscle tissue and is modelled using nonlinear characteristics.
The SE element represents the tendons by which themuscle is
connected to the skeletal structure. The CE element generates
the active force when the muscle is activated. The total force
generated by a muscle is the sum of the forces generated by
all components.

The solid elements were used to simulate the passive
response property of the neck muscles, and the material
property was described using the Ogden rubber model
(MAT_OGDEN_RUBBER) [22]. The active response prop-
erty was simulated by the beam elements, and the material

C7 

C1 

Figure 1: Active head-neck FE model.

CE

PE
SE

(tendon)

Figure 2: Schematics of the three-element Hill-type muscle model.
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property was defined with the material model in DYNA
(MAT_MUSCLE) [22]. Muscle activation was triggered by
the motion of the lower cervical spine, as suggested by Szabo
and Welcher [23], and the main extensor muscles would be
activated prior to the flexors; the activation levels were not
the same, and a higher activation level corresponded to the
larger force produced by the muscles. In this manuscript,
the trigger time and activation level of the extensor and flexor
were set as suggested by Kumar et al. [24], as shown in
Figure 3, and the passive properties of the musculature were
defined to be the same in two groups of simulations.

2.1.2. The Mixed Human FEModel in the Seated Posture. The
mixed human FE model was composed of the active head-
neck model mentioned above as well as the torso of Hybrid
III dummy model, and its biofidelity was validated with the
data from volunteer experiments [20, 25]. The head and neck
of the Hybrid III dummy were removed, the first thoracic
vertebra (T1) of the active head-neck model was overlapped
and placed on the T1 of the Hybrid III dummy model, and
the two T1 were rigidly connected by the keyword
CONSTRAINED_RIGID_BODIES.

2.1.3. The Collision FE Model. The collision FE model was
shown in Figure 4; it included the mixed human FE model in
a sitting posture, a simplified car aswell as its seat, and anoccu-
pant restraint system. The simplified car model was modelled
using two planar elements, which represent the car floor and
the foot pedal and were defined as rigid materials, with the
pedal 45° from the horizontal. According to the test configura-
tion of the human volunteer collision test carried out at the
Japan Automobile Research Institute (JARI) [26], the seat
cushion angle was 10° from the horizontal, and the seatback
angle was 20° from the vertical. The human model was con-
strained by an occupant restraint system, which was com-
posed of an anchor point, slip ring, retractor, and webbing

belt. The webbing belt was simulated by a combination of a
2D element and 1D element. The 2D element belt contacted
with the human body to present the contact and relative slide
between the seat belt and dummy. The 1D element belt was
defined with the keyword ELEMENT_SEATBELT, which
can simulate sliding along the slip ring and the characteristics
of the retractor. The biofidelity of the collision FE model was
validated against the volunteer experiments [25, 27].

2.2. Virtual Experimental Methodology. Although it has been
traditionally reported that rear impacts account for most
cases of whiplash injury [28, 29], a large epidemiologic study
has suggested that rear and frontal collisions account for
whiplash injury in roughly equal proportions [15]. Therefore,
frontal and rear-end collisions were both involved in the
present study, and according to a previous study [2], the
response of the cervical spine was investigated at increasing
impact severities in both frontal (8 g, 15 g, and 22 g) and rear
(4 g, 7 g, and 10 g) impact conditions using the FE model with
andwithout neckmuscle activation. Previous studies [2, 3, 30]

0.0

0.2

0.4

0.6

0.8

1.0

Ac
tiv

at
io

n 
le

ve
l

Time (ms)
0 50 100 150 200 250 300

Extensor
Flexor

Figure 3: The curves for setting the activation level and trigger time for the neck muscles.

Figure 4: Collision FE model.
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indicated that the kinematic response of the upper cervical
spine in vehicle collisions was related to possible whiplash
injury, and the acceleration of T1 in the anterior-posterior
direction obtained from the corresponding cadaver experi-
ments was used as the initial condition and input boundary
of the virtual experiments [2], as shown in Figure 5.

2.3. Data Analysis. The excessive loads, displacements, and
head-T1 relative acceleration and velocity would cause neck
injuries [31]. The neck injury criterion (NIC) is based upon
the head-T1 relative acceleration and velocity; the neck pro-
tection criterion (Nkm) and the normalized neck injury crite-
rion (Nij) are functions of the dynamic loads at the occipital
condyles [32], and they can be used as whiplash injury criteria
to predict neck injuries and to evaluate the effectiveness of
safety systems in reducing the risk of injury. Therefore, in the
present study, the neck injury indexes NIC, Nkm, and Nij, as
well as the force-distraction response of the upper cervical lig-
ament, the peak rotation angle of the head, and the relative
rotation angle of the cervical vertebrae under each collision
severity, were calculated and studied.

3. Results

The effect of neck muscle activation on neck whiplash injury
was investigated based on the results from the FE simulations
under different collision severities.

3.1. Ligament Distractions of the Upper Cervical Spine. In the
literature [2], the upper cervical spine ligaments, especially
the alar ligament, have been identified as a potential whiplash
injury location. Therefore, in the present study, the disrup-
tions of the transverse ligament (TL), the alar ligament (alar),
and the apical ligament (apical) of the upper cervical spine
under different collision severities were calculated, as shown
in Figure 6.

In the frontal and rear-end collisions under all collision
severities, the ligament disruptions of TL, alar, and apical in

the active model showed a larger value compared with those
in the passive model, and the disruption increased with
increasing collision severity. In frontal collisions, the alar lig-
ament suffered the largest disruption of 3.22mm when the
collision accelerationwas up to 22 g, and the largest disruption
of the apical ligament and transverse ligament was 3.18mm
and 0.32mm, respectively. In rear-end collisions, the apical
ligament suffered the largest disruption of 3.12mm when
the collision acceleration was up to 10 g, and the largest dis-
ruption of the alar ligament and transverse ligament was
2.42mm and 0.83mm, respectively.

3.2. Peak Head Rotation and Relative Vertebral Rotations.
The peak head rotations and relative vertebral rotations for
each collision severity are shown in Table 1.

The peak head rotation and the relative vertebral rota-
tions increased with increasing collision severity during the
frontal and rear-end collisions. The rotations of the active
model showed the same or a smaller value compared with
those of the passive model under the same collision severity,
except the C3-C4 angle of the frontal collision under the col-
lision acceleration of 22 g and the C1-C2 angle of the rear-
end collision under the collision acceleration of 10 g.

3.3. Whiplash Injury Criteria. The maximum values of NIC,
Nkm, and Nij of the active model and passive model under
different collision severities were compared in Table 2. All
the whiplash injury criteria increased with increasing colli-
sion acceleration in frontal and rear-end collisions, and the
active muscle force increased the NIC peaks and Nkm peaks
compared with the passive model. The changing law of Nij
was different from NIC and Nkm; the attendance of active
muscle force increased the Nij peaks in frontal collisions
but decreased the Nij peaks in rear-end collisions.

For the injury criteria, NIC, Nkm, and Nij are based upon
neck shear force (Fx), axial force (Fz), and moment (My), as
well as the relative horizontal acceleration and velocity
between the head and T1 CoMs; the time history curves of

0 50 100 150 200 250
−20

−10

0

10

20

30

40

50

60

T1
 ×

 ac
ce

le
ra

tio
n 

(g
)

Time (ms)
8 g
15 g
22 g

(a)

0 50 100 150 200 250 300

4 g
7 g
10 g

−15

−10

−5

0

5

T1
 ×

 ac
ce

le
ra

tio
n 

(g
)

Time (ms)

(b)

Figure 5: T1 acceleration in the anterior-posterior direction for (a) frontal impacts and (b) rear-end impacts.
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these parameters of the active model and passive model under
different collision severities were compared in Figures 7 and 8.

4. Discussion

The whiplash-related responses of the upper cervical spine
and injury criteria were computed and compared during sim-
ulated frontal and rear-end collisions with and without the
active muscle force. Although the mechanisms causing the
whiplash injuries are not fully known, it is possible to identify
parameters influencing the whiplash injury risk.

From the ligament distractions of the upper cervical
spine illustrated in Figure 1, we observed that the alar liga-
ment and apical ligament were more sensitive to the collision
severity, whose disruptions were much larger than those of
the transverse ligament under the same collision severity
both in frontal and rear-end conditions. For example, in a
15 g frontal collision, the disruption of the transverse liga-
ment of the active model was only 0.16mm, while that of
the alar ligament was 2.57mm, which is sixteen times as large
as the disruption of the transverse ligament. This finding sup-
ports the clinical MRI findings [33] and coincides with the
conclusion in the literature [2] that the alar ligament and

Table 1: Peak head rotations and relative vertebral rotations for each collision severity (flexion is positive rotation).

Rotations (deg.) 8 g 15 g 22 g

Frontal collision severity Passive Active Passive Active Passive Active

Head 53.06 52.58 73.68 72.53 114.32 111.61

C1-C2 2.98 2.92 3.85 3.48 6.86 6.73

C2-C3 6.71 6.53 9.25 9.04 14.61 14.55

C3-C4 5.73 5.42 7.24 7.19 10.36 10.40

C4-C5 6.88 6.35 9.45 9.40 13.58 13.57

C5-C6 8.65 8.62 11.07 11.04 13.80 13.71

C6-C7 9.92 9.83 13.16 13.02 18.24 18.14

Rear-end collision severity 4 g 7 g 10 g

Rotations (deg.) Passive Active Passive Active Passive Active

Head −46.76 −43.37 −62.27 −59.48 −97.00 −95.94
C1-C2 −7.63 −7.15 −13.69 −13.17 −15.47 −16.90
C2-C3 −5.12 −5.12 −7.94 −7.20 −11.69 −11.44
C3-C4 −4.88 −4.04 −6.13 −5.52 −9.64 −9.43
C4-C5 −3.63 −3.12 −3.78 −3.59 −4.98 −4.57
C5-C6 −4.65 −4.33 −4.04 −3.54 −7.26 −6.99
C6-C7 −4.98 −4.73 −5.92 −5.45 −8.87 −8.22
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Figure 6: Disruption of ligaments under different collision severities: (a) frontal impacts and (b) rear-end impacts.
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apical ligament have been identified as a potential location of
whiplash injury. On the another hand, the disruptions of all
the three ligaments in a 4 g rear-end collision (TL 0.58mm,
alar ligament 1.55mm, and apical ligament 1.43mm) were
larger than the disruptions in an 8 g frontal collision (TL
0.11mm, alar ligament 1.51mm, and apical ligament
1.27mm), which indicated that the incidence of whiplash
neck injury is highest in rear-end collisions compared to
other collision configurations. The neck active muscle force
increased the ligament disruptions under all collision sever-
ities both in frontal and rear-end collisions, especially the alar
ligament, which is in agreement with the MRI findings that
72% of whiplash patients in frontal collisions and 58% of
rear-end collisions exhibited potential alar damage [33].

The cervical spine (C1–C7) is the most manoeuvrable
region of the spine. Table 1 listed the peak head rotation
and relative vertebral rotations, and the head rotation and
relative intervertebral rotations were found to increase with
increasing collision severity for both frontal and rear-end
collisions. In most cases, the active muscle force reduced
the rotation angles of the head and angles between the
cervical vertebrae. There were two special cases; they were
the C3-C4 angle of frontal collision under the 22 g colli-
sion acceleration and the C1-C2 angle of rear-end collision
under the 10 g collision acceleration. It should be noted that
the influence of active muscle force on relative vertebral rota-
tions in frontal collisions decreased with the collision severity.
When the collision acceleration was up to 22 g, the difference
between the relative vertebral rotations of the active model
and the passive model was very small. It can be assumed that
in a high-severity collision, the influence of activemuscle force
on the relative vertebral rotations can be neglected, so the spe-
cial case is acceptable where C3-C4 angle of the active model
was 0.04° larger than that of the passive model. It is suggested
that when investigating the intervertebral neck injury, the
neck active muscle force must be involved. From Figure 1, it
can be observed that the attendance of active muscle force
made the distraction of the alar ligament increased 26% under
the 10 g rear-end collision, and according to the anatomical
structure, the alar ligament damage would affect the stability
of the atlantoaxial joint (C1-C2). This may explain the
reversed situation of C1-C2 angle of rear-end collision under
the 10 g collision acceleration.

The injury criteriaNIC,Nkm, andNij are based uponneck
loads and head-T1 relative acceleration and velocity; they are
used as the whiplash injury criteria to predict neck injuries
in the present study. Table 2 showed the whiplash injury cri-
teria for each collision severity; the results indicated that a
higher collision severity caused a higher risk of injury without
incident. The Nij of rear-end collisions under three collision
severities was very small (the order of magnitude is 10−2)
and showed small changes (the order of magnitude is 10−3)
with collision severity and attendance of active muscle force.
This finding supports the rule that the Nij is suited to predict
neck injuries in frontal collisions. On the other hand, the
NIC of frontal collisions under three collision severities was
very large, even under the 8 g collision acceleration, where
the Nkm and Nij were far lower than the tolerance threshold
of 1, the NIC already exceeded the tolerance threshold of
15m2/s2. In addition, the NIC was computed using the rel-
ative horizontal acceleration and velocity between the head
and T1 CoMs, whose time history curves were shown in
Figures 7(j)–7(o) and Figures 8(j)–8(o); we observed that
the attendance of active muscle force increased the relative
horizontal acceleration and velocity peaks in rear-end colli-
sions, especially in lower-severity rear-end collisions, while
nearly did not cause any change in frontal collisions. This
finding supports the rule that NIC is suited to predict the
neck injuries in a rear collision.

Figure 6 and Table 1 revealed that the active force gener-
ated by the neck muscles increased the ligament disruption
and decreased the relative vertebral rotations. Meanwhile,
active force applied an additional effect on the cervical spine
to affect the relative horizontal acceleration and velocity
between the head and T1 CoMs, shear force (Fx), axial force
(Fz), and moment (My), as shown in Figures 7 and 8. This
effect increased thewhiplash injury criteriaNkmpeaks in both
frontal and rear-end collisions, NIC peaks in rear-end colli-
sions, and Nij peaks in frontal collisions; the same tendency
can be observed in their calculating parameters, as shown in
Figures 7(a)–7(i) andFigures 8(d)–8(o). In rear-end collisions,
the neck injuries mainly follow the tension-extension mecha-
nism; due to the constraint of the headrest, the extension
movement of the upper cervical spine was held back, and the
force generated by the neckmuscles offset certain tension suf-
feredby the cervical spine,which thendecreased the axial force

Table 2: Whiplash injury criteria for each collision severity.

Frontal collision
8 g 15 g 22 g

Passive Active Passive Active Passive Active

NIC 26.58 27.18 44.39 46.72 53.31 54.72

Nkm 0.21 0.29 0.36 0.46 0.67 0.8

Nij 0.08 0.11 0.13 0.15 0.14 0.15

Rear-end collision
4 g 7 g 10 g

Passive Active Passive Active Passive Active

NIC 3.04 3.17 7.31 9.18 20.62 22.41

Nkm 0.32 0.39 0.43 0.58 0.78 0.8

Nij 0.023 0.018 0.022 0.019 0.024 0.023
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(Fz), as shown in Figures 8(a)–8(c), so that the active model
suffered a lower Nij compared to the passive model. Ivancic
and Sha [34] suggested neck injuries may occur at a peak

Nkm of 0.33 or Nij of 0.09, and whiplash injuries may occur
even if head-T1motions are small. It should be noted thatwith
this suggested whiplash injury threshold, the attendance of
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active force would change the whiplash injury prediction
results in some collisions. For example,with theNij of a frontal
8 g collision and theNkm of a rear-end 4 g collision, due to the

attendance of the neck activemuscle force, the risk ofwhiplash
injury changed fromno to yes.Of course, the limitations of our
study should be considered: the trigger time and activation
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level of the muscles are assumed to be the same, while they
are actually dependent on the collision severity and collision
type. Although the simulation results may not reveal the real
injury risk, the tendency is very clear that the force generated
by the neck muscles will influence the head-neck dynamic
response as well as the neck injury risk. Future studies that
concentrate on the actual trigger time and activation level
might indicate dimensions of fall protection that could fruit-
fully be developed by focused research on this mechanism of
injury and injury prevention.

5. Conclusions

A detailed and validated mixed FE model of a 50th percentile
male was used to investigate the effect of neck muscle active
force on whiplash injury of the cervical spine. The whiplash-
related response of the cervical spine and injury criteria were
computed and compared under frontal (8 g, 15 g, and 22 g)
and rear-end (4 g, 7 g, and 10 g) collisions. The different results
between the active model and passive model were observed,
and the active force generated by the neck muscles increased
the ligament disruption, decreased the relative vertebral rota-
tions, and increased the injury criteria peaks. This revealed
that the neck active force would influence the head-neck
dynamic response and whiplash injury risk during a collision.
Compared with that of a high-speed collision, the effect of
activemuscle force ismore significant in a low-speed collision.
This suggests that when investigating the intervertebral neck
injury and the neck injury risk in a low-speed collision, the
effect of neck active muscle force must be involved.
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To investigate head-brain injuries caused by windshield impact on riders using electric self-balancing scooters (ESS). Numerical
vehicle ESS crash scenarios are constructed by combining the finite element (FE) vehicle model and multibody scooter/rider
models. Impact kinematic postures of the head-windshield contact under various impact conditions are captured. Then, the
processes during head-windshield contact are reconstructed using validated FE head/laminated windshield models to assess the
severity of brain injury caused by the head-windshield contact. Governing factors, such as vehicle speed, ESS speed, and the
initial orientation of ESS rider, have nontrivial influences over the severity of a rider’s brain injuries. Results also show positive
correlations between vehicle speed and head-windshield impact speeds (linear and angular). Meanwhile, the time of
head-windshield contact happens earlier when the vehicle speed is faster. According to the intensive study, windshield-head
contact speed (linear and angular), impact location on the windshield, and head collision area are found to be direct factors
on ESS riders’ brain injuries during an impact. The von Mises stress and shear stress rise when relative contact speed of
head-windshield increases. Brain injury indices vary widely when the head impacting the windshield from center to the edge
or impacting with different areas.

1. Introduction

The electric self-balancing scooter (ESS) has been attracting
much attention because of its convenience and the increasing
demand for modern portable transportation tools. The safety
performance of ESS during traffic accidents has also been
investigated because ESS riders have been considered as one
group of vulnerable road users (VRUs). ESS riders may suffer
from severe injuries during vehicle ESS accidents [1].

Scientists and engineers have continuously paid much
attention to pedestrians/cyclists’ head-brain injuries to
investigate the impact mechanism and reduce casualties by
designing pedestrian-friendly automobiles [2–4]. However,

only a few studies on ESS safety have been conducted. Xu
et al. [5, 6] first analyzed the ESS riders’ head injuries caused
by vehicular or ground impact. Under the same impact
situation, the ESS rider’s head impacts the windshield
20~60ms later compared to the pedestrian.

The windshield contributes the highest frequency (32%)
of the head crash zone in vehicle-pedestrian accidents [7].
Previous studies intensively investigated the characteristics
of head-windshield contacts [8, 9], such as head form-
windshield impacts tests [10–12], responses of windshield
[3, 13, 14] (Alvarez and Kleiven [3] compared two kinds
of windshield modelling approaches to capture the head
form accelerations and windshield deformations from head
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impacts and found that simple plasticity models of the
windshield are not sufficient to predict that a nonlocal fail-
ure model [15] was needed), head-windshield contact
reconstructions, and head injury analysis using FE methods
[9, 16] (Mordaka et al. [17] analyzed three cases of pedes-
trian head-to-windshield impact accidents and performed
additional parametric studies using a detailed FE model of
the head). Results have confirmed that the severity of
pedestrians/cyclists’ head injuries is influenced by numerous
factors involving vehicle speed [2, 18] and vehicle type [19].
However, very few comparative studies about the ESS riders’
head injuries caused by vehicles could be found. A prelimi-
nary study has been conducted in which the head injury of
an ESS rider caused by windshield impact was examined
[6]. The aim of the study is to evaluate the safety of electric
self-balancing scooters (ESSs) through examining head-
brain injuries caused by vehicle contact and understanding
how the factors influence the effect on the severity of the
ESS rider’s brain injury.

2. Materials and Methods

2.1. Accident Scenario Setup. A two-phase simulation meth-
odology is adopted to evaluate the ESS riders’ brain injury
caused by vehicle impact.

First, vehicle ESS rider impacts accident scenes are first
numerically reconstructed are set up on MADYMO [20]
platform (version 7.5), which is most commonly used in
vehicle safety [9, 21, 22]. This multirigid body simulation
basically provides the kinematics of the ESS rider which
serves as the boundary conditions for the subsequent FE

simulation. The lateral impact is set as the baseline vehicle
ESS collision accident scenario, because this case accounts
for the largest portion of vehicle VRU crashes in real-world
accidents [9, 23]. The facing direction of the ESS rider
is angled at 90° to the direction of vehicle movement
(Figure 1(a)). A continuous brake with 0.8g deceleration,
which assumed good contact friction between the tire and
pavement [24], is adopted in all numerical models. The
head-brain injuries of riders are examined comprehensively
by varying the vehicle impact speed and ESS moving speed
to represent diverse impact conditions.

Then, the biomechanical responses of the brain caused by
head-windshield contact in vehicle ESS crash accident are
examined. The processes of head-windshield contact are
reconstructed and simulated using validated FE head [25]
and windshield models [26] using LS-DYNA (version 971
R6.1.0). Similar simulation strategy was adopted in previous
studies [9].

2.2. ESS Models. Two representative types of ESSs, namely,
solowheel and doublewheel scooters, are selected and
modeled as target scooters in the MADYMO platform. The
multibody solowheel ESS model has one rigid body with
three ellipsoids to depict its outer profile (Figure 1(b)), while
the doublewheel ESS model has six ellipsoids to represent its
profile (Figure 1(c)). A summary of the material stiffness
values of the doublewheel and solowheel ESSs is listed in
Tables 1 and 2, respectively. The friction coefficient between
the ESS model and the pedestrian model was set as 0.3. The
friction coefficient for the ESS wheels against the ground is
also set as 0.3. The models, along with the parameters, have
been applied in previous studies [5, 6].

(a) Description of the baseline vehicle

ESS accident scenario
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m
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(b) Solowheel ESS model
1250 m
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(e) Sectional view of the FE head model (f) A typical head-windshield impact scenario

Figure 1: Description of numerical models.
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2.3. Human Model. The 50th percentile male pedestrian
model of MADYMO human database [27] is chosen as the
ESS rider human model for the process of vehicle ESS con-
tact. The validated pedestrian model [28] is widely used in
vehicle VRU accident simulations and analysis [6, 22] to pre-
dict the injury and capture the kinematic response. Both
solowheel and doublewheel ESS riders were set as standing
posture, as shown in Figure 1(a). The human model manual
[27] may be used to obtain more detailed information on
anthropometry, configuration and contact, and so on.

2.4. Vehicle Model. One of the most popular vehicles, sedan,
is selected as the model car in the vehicle impact simulations.
The FE model of the sedan was developed by the National
Crash Analysis Center of George Washington University
under a contract with the FHWA and NHTSA of the US
DOT [29]. Only the outer surface of the vehicle front-end is
needed for vehicle ESS rider contact, and the weight of the
ESS with the human is trivial compared to that of the vehicle.
Thus, the FE vehicle model is simplified (Figure 1(d)) to
retain the outer profile to considerably save computation
time [6]. In the MADYMO platform, the outer surface was
employed as the rigid finite element and the original contact
stiffness was kept. The contact types between the vehicle, ESS,
and human are all set as a combined contact. Slave contact is
applied for the type of human-ground contact and vehicle
wheel-ground contact.

2.5. FE Head-Windshield Impact Model. The processes of
head-windshield contacts are reconstructed using validated

FE windshield and human head model to extensively evalu-
ate the head-brain injury of an ESS rider. This method
has been frequently used in vehicle-pedestrian crash acci-
dent reconstructions [9, 30]. The THUMS adult male
50th percentile pedestrian head is picked as the head
model. The THUMS pedestrian model version 4.0 (the
head model followed THUMS version 3.0 developed and
validated by Kimpara et al. [25]) is developed by the Toyota
Motor Corporation and Toyota Central R&D Labs [31]
based on real anthropometric parameters and cadaveric
tests which may well represent an actual pedestrian involved
in a traffic accident to investigate the safety problems. The
head model contains skull, skin, scalp, cerebrum, cerebellum,
mandible, teeth, meninges, and so on The cross-section of
the THUMS head model in the median sagittal plane is
shown in Figure 1(e).

The FE windshield model in this paper is adopted from
Xu et al. and Yu et al. [26, 32]. The model has three layers,
that is, the polyvinyl butyral (PVB) interlayer is sandwiched
between two glass sheet layers. The thicknesses of the three
layers from the outside to the inside faces of the windshield
are 2.55mm, 0.76mm, and 2.10mm, respectively. The glass
model is modeled as a shell element, whereas the PVB
interlayer is modeled as a solid element with a mesh size
of 5mm× 5mm. A strain failure is added to the laminated
windshield model (Table 3) to simulate a more realistic
evolution of a cracked windshield during impact which
may affect the head injury. The strain rate dependency of
the PVB interlayer material is also considered in this
model. Accordingly, MAT 123 “MAT_PIECEWISE_LINEAR_

Table 1: Simplified force-deflection data of a doublewheel ESS model.

Wheel Frame Handlebar
Deflection (m) Force (N) Deflection (m) Force (N) Deflection (m) Force (N)

0 0 0 0 0 0

0.0015 4000 0.0012 1500 0.04 5000

0.002 9000 0.0054 2000 0.07 10,000

0.0103 3000

0.0161 4000

0.0293 6500

0.0358 6750

0.055 6950

Table 2: Simplified force-deflection data of a solowheel ESS model.

Wheel Pedal Board
Deflection (m) Force (N) Deflection (m) Force (N) Deflection (m) Force (N)

0 0 0 0 0 0

0.0015 4000 0.0012 1500 0.04 5000

0.002 9000 0.0054 2000 0.07 10,000

0.0103 3000

0.0161 4000

0.0293 6500

0.0358 6750

0.055 6950
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PLASTICITY,” a linear elastic model of LS-DYNA material
database, is selected to characterize the material charac-
teristics of PVB and glass during dynamic impact simula-
tions. The parameter settings are summarized in Table 3.
During the head-to-windshield impact, the lower glass
bears the tensile stress and fails first, while the upper
glass bears the compression force and fails accordingly.
Thus, the mechanical properties of the upper and lower
glass are comprehensively determined by an extensive
numerical evaluation referring to all dynamic compres-
sion and tensile test curves at different strain rates [33].
The upper glass plastic failure strain (0.0004) and the
lower glass plastic failure strain (0.00024) are determined
by an extensive numerical assessment based on compres-
sive and tensile experimental data at different strain rates,
respectively. According to a previous windshield test and
a simulation study, the glass plastic failure strain ranges
from 0.0001 to 0.001 [33–37]. Thus, the difference of
properties between the upper glass layer and lower glass
layer in this study is reasonable. In addition, the bound-
ary condition of the windshield is fully constrained, and
the relative impact speed and position between the head
and the vehicle of MADYMO output are employed as
the input speed [17] (both linear and angular velocity
with different x, y, and z components) of the FE head model
in this paper. The contact type between the FE head and
windshield models is set as “CONTACT_AUTOMATIC_
SURFACE_TO_SURFACE” algorithm with a friction coef-
ficient of 0.1 [26]. Yu et al. [32] have validated that the FE
windshield models were devised to provide a highly realistic
cracking morphology with an enhanced impact response for
the laminated windshield compared to the experimental
tests. In addition, the windshield deflection and head form
impactor acceleration profiles are much more realistic than
those obtained in previous studies.

2.6. Injury Evaluation Index. Cerebral contusion and lacera-
tion of the brain, that is, coup and contrecoup contusions,
belonging to traumatic brain injury, can be the result of a
direct impact to the head [38, 39]. Important brain parame-
ters, such as coup pressure PC, contrecoup pressure PCC,
von Mises stress σVM, and maximum shear stress τ, obtained
from FE simulation have strong correlations with the risk of

AIS 3+ brain injuries [9]. The reference values of stresses or
pressures in the current study are derived from Yao et al.
[9], that is, PC, PCC, σVM, and τ are 256, −152, 14.8, and
7.9 kPa, respectively.

3. Results and Discussion

Take one numerical simulation for example. Figure 2 shows
the impact process of vehicle doublewheel ESS accident

Table 3: Parameter settings of polyvinyl butyral laminated glass mode.

Description Variable Outer glass Inner glass PVB

Mass density Rho (kg/m3) 2500 2500 200

Poisson’s ratio for glass PRG 0.23 0.23 —

Young’s modulus for glass Eg (GPa) 100 68 —

Yield stress for glass SYG (MPa) 110 16 —

Plastic hardening modulus for glass ETG (GPa) 50 60 —

Plastic strain at failure for glass EFG 0.0004 0.00024 —

Young’s modulus for polymer Ep (MPa) — — 280

Poisson’s ratio for polymer PRP — — 0.495

Load curve ID defining effective stress versus effective plastic strain LCSS — — 1360/s

0 ms

100 ms

200 ms

226 ms

Figure 2: Vehicle-ESS impact processes under vehicle impact speed
of 7m/s.
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Figure 3: Variations in the von Mises stress of the windshield under vehicle impact speed of 7m/s.
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under impact speed of VC= 7m/s. It can be observed that
the ESS rider fell onto the bonnet after being hit by the
vehicle, then, head-windshield contact occurred at 226ms.
The cerebrum of an ESS rider suffers sustained pressures
and stresses during head-windshield impact. Figure 3
shows the von Mises stress variations in the windshield.
Figures 4(a)–4(c) show the pressure and stress variations
in the doublewheel ESS rider’s cerebrum.

The pressure quickly appears and diffuses in the collision
half-side of the cerebrum when the initial head-windshield
contact occurs. The cerebrum presents an obvious large
deformation at 6ms, and the pressure has diffused to the
whole brain region. At the last stage demonstrated in
Figure 4, the cerebrum pressure increases continuously, and
the deformation of the cerebrum reaches an extremum. A
concentration of pressure can be observed on the collision
side of the cerebrum shortly after the stress wave transmitted
from the scalp to the skull and further through CSF to the
cerebrum. Then, the stress has diffused to almost half of the
cerebrum at 6ms. At the next stage, that is, at 10ms, the
equivalent effective stress has diffused to the other side and
reaches a maximum value (38.6 kPa). The variation in the

shear stress contour of the cerebrum is highly similar to the
von Mises stress field distribution profile.

Vehicle impact speed is widely accepted as the leading
factor [5, 40] for the severity of VRU head injuries during
vehicular accidents. Therefore, a study of vehicle speed
effect on brain injury was carried out. In the setting of
MADYMO simulations, baseline vehicle ESS accident sce-
nario (see Figure 1(a)) was employed. Six vehicle speeds
(VC= 5, 7, 9, 11, 13, and 15m/s) are considered to investigate
the speed effect on the severity of ESS riders’ head injuries
caused by windshield collision. The boundary conditions of
head-windshield impact were captured and accordingly
employed to FE models. The relationships between VC and
PC, PCC, σVM, and τ of ESS riders are illustrated in
Figures 5(a) and 5(b), respectively.

Changes in the ESS moving speed (VE) can lead to a
change in the ESS riders’ postimpact posture, thus affect-
ing the severity of head-brain injuries. Similarly, a relative
study was carried out to investigate ESS speed effect on
brain injury. Vehicle ESS accident scenario was set as
the baseline as shown in Figure 1(a). In addition, moving
speeds were added in ESS and human models. Four ESS
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Figure 4: Variations in the pressure and stress of the doublewheel ESS rider’s cerebrum under vehicle impact speed of 7m/s.
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moving speeds (VE=0, 1, 2, and 3m/s) are chosen as the
input parameters to investigate the effect of ESS moving
speed on brain injury at VC=10m/s during head-windshield
impact. The relationships between VE and PC, PCC, σVM,
and τ of doublewheel and solowheel ESS riders are pre-
sented in Figures 6(a) and 6(b), respectively.

3.1. Effect of Vehicle Speed on Brain Injury. Figure 5 shows
the relative speed between the head and the windshield,
that is, VH‐W increases with VC. In addition, PC, PCC,
σVM, and τ also generally have positive correlations with
VC. As shown in Figures 5(a) and 5(b), there is a sharp
increase of VH-W from VC=5m/s to 7m/s, which could
explain the high absolute value of contrecoup pressure as

well as other brain injury indices. In addition, as LS-
PrePost of FE simulations show, when the head impacts
the windshield, the centralized pressure on the cerebrum
moves relatively faster from the impact side to the offside
in the two cases, resulting in the high absolute values of
contrecoup pressure. By examining the MADYMO output
animations and the collision times (Table 4) of head-
windshield contacts, there is a big head-windshield impact
time difference (71ms) between solowheel cases with
VC= 5m/s and 7m/s, which makes a relatively large speed
gap between the two vehicle-windshield contacts. The head-
windshield contact points (as shown in Figure 7) may also
change with the impact speed. For instance, the impact
points are in the lower zone of the windshield when
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VC=5m/s moves to a much higher position atVC= 15m/s. It
indicates that VH-W and head contact location on windshield
influences the severity of brain injuries. Therefore, these two

parameters were discussed in detail in the following sections
of this study.

3.2. Effect of ESS Moving Speed on Brain Injury. As shown
in Figure 6, brain injury indices are relatively lower at
VE = 0m/s, and PC, PCC, σVM, and τ show no obvious cor-
relations with VE. However, VE and brain injury indices
are generally correlated in solowheel cases except the
suddenly increased coup pressure when VE = 1m/s. The
MADYMO output results show that locations of head and
windshield impact are also strongly influenced by ESS mov-
ing speed. By examining the FE head-windshield impact
simulation, when VE = 1m/s, the head has a lager deforma-
tion compared to the situation of ESS and the speed is zero,
which may take the responsibility to the high value of coup
pressure.Moreover, it can be speculated that with the increase
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Figure 6: Relation of ESS moving speeds and brain injury indices of ESS riders under the impact speed of 10m/s.

Table 4: Collision times of head-windshield contacts at different
vehicle impact speed conditions.

Impact
condition

Time of head-windshield
contact (doublewheel)

Time of head-windshield
contact (solowheel)

VC = 5m/s 295ms 376ms

VC = 7m/s 224ms 265ms

VC = 9m/s 182ms 210ms

VC = 11m/s 155ms 167ms

VC = 13m/s 136ms 139ms

VC = 15m/s 124ms 129ms
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of VE, VH-W changes not much (within a fluctuation range of
2m/s, as shown in Figure 6) while the impact locations on the
windshield can vary widely (see Figure 8). It strengthens
the importance to investigate the effect of the impact loca-
tion of the windshield on the ESS rider’s brain injury.

3.3. Effect of Vehicle ESS Impact Angle on Brain Injury. A
previous study showed that the relative angle (θ) between
the vehicle speed orientation and the ESS rider’s facing
direction has a major impact on the head contact regions
and HIC15 values, as demonstrated in a previous study [5].
A series of parametric studies are performed to evaluate the
influence of the impact angle θ when VC= 10m/s. The seven
impact angles (θ =0, π/6, π/3, π/2, 2π/3, 5π/6, and π) are
illustrated in Figure 9.

The relations of θ and PC, PCC, σVM, and τ are presented
in Figure 10. VH‐W does not remarkably vary in most double-
wheel cases, except at θ=5π/6 if the impact speed between
the ESS rider and vehicle is constant. The variation in
the brain injury indices is consistent with that of VH‐W.
However, in solowheel cases, VH‐W is more sensitive to
the changes in θ, and no obvious correlation between
VH‐W and brain injury indices is found. The MADYMO
output results show that the head contact location plays
an important role in brain injury.

3.4. Effect of Head Impact Speed (Linear Velocity) on Brain
Injury. Previous studies showed that head impact speed is
an important factor that influences VRU head-brain injuries
during impact [41]. VH‐W is highly dependent on the vehicle
impact speed VC. Consequently, higher VC produces more
serious brain injuries caused by windshield contact. VH‐W is
first parametrically analyzed in this section. A typical impact
scenario of an ESS rider’s head-windshield contact is
employed (shown in Figure 1(f)). VH‐W varies from 3m/s
to 9m/s with a vertical orientation. Figure 11 shows the
relationship between VH‐W and PC, PCC, σVM, and τ. The
brain injury indices are positively correlated with VH‐W,
indicating that the risk of suffering more serious brain inju-
ries increases with impact speed.

3.5. Effect of Head Impact Speed (Angular Velocity) on Brain
Injury. According to the MADYMO outputs, besides the

Doublewheel (VC = 5 m/s)
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(a)
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Figure 7: Head collision points on windshield under different
vehicle impact speeds.
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Figure 8: Head collision points on windshield under different ESS
moving speeds.
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linear velocity of the head, the angular velocity is also easy
to be affected. Therefore, the effect of head impact angular
velocity on brain injury is parametrically studied in this
section. The impact scenario of head-windshield contact
is in Figure 12(a) in which the angular velocity ωH varies

from 20 rad/s to 60 rad/s. The relationship between ωH and
brain injury indices is illustrated in Figure 13. It can be
observed that the values of PC, PCC, σVM, and τ are posi-
tively correlated ωH but the influence is less compared
with linear speed.

𝜃 = 0 𝜃 = 𝜋/6 𝜃 = 𝜋/3 𝜃 = 𝜋/2 𝜃 = 2𝜋/3 𝜃 = 5𝜋/6 𝜃 = 𝜋

Figure 9: Description of different vehicle ESS impact angles under the impact speed of 10m/s.
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3.6. Effect of the Impact Location on the Windshield on Brain
Injury. As mentioned in previous sections, further research
of the impact location of windshield’s effect on brain injury
is warranted. Fifteen collision points on the outer surface of
a windshield are evenly assigned (Figure 12(b)) to study the
influence of these points on brain injury. In this parametric
study, the orientation of VH‐W is set as perpendicularly
down with a speed of 10m/s. Meanwhile, the relative alti-
tude between the head and the windshield is illustrated in
Figure 12(c). Brain injury indices obtained in each impact
point case are listed in Table 5. The results show that PC,
PCC, σVM, and τ are relatively high when ESS riders’ head
impacts the areas of A1, B3, B5, and C5. The average values
of PC, PCC, σVM, and τ are 772.42± 93.4, −367± 232.54,
36.38± 1.27, and 19.82± 0.94 kPa, respectively. These values
indicate that the collision region of the windshield has a
great influence over PCC but slightly influences PC, σVM,
and τ. Note that the surface of the windshield is convex
rather than plane, changing the impact location on the
windshield will alter the contact surface of the head model
with the process of collision. In addition, boundary condi-
tions of the windshield may also influence the biomechan-
ical response of the brain.

3.7. Effect of Head Impact Region on Brain Injury.MADYMO
output animations of a previous study (Section 3.3), which
involves ESS rider’s initial orientation effect on brain injury,
showed the orientation of the head, that is, head impact
region, which remarkably varies when the contact with wind-
shield happened. In addition, the kinematic postures of ESS
riders vary greatly with large uncertainties under diverse
impact conditions [6]. Therefore, parametric studies are
conducted to investigate the effect of head impact region on
brain injury. The first case considered is when the ESS rider’s
head is facing toward the outer surface of the windshield, that

is, θH‐W = 0 (Figure 12(d)). Other head-windshield collision
postures (θH‐W = 0, π/6, π/3, π/2, 2π/3, 5π/6, and π) are
adopted by rotating the FE head model around the vertical
axis. A series of parametric studies are conducted based on
different head impact regions at the same vertical head-
windshield impact speed (VH‐W =10m/s). PC, PCC, σVM,
and τ produced under different θH‐W; cases are summarized
in Table 6. The head impact location remarkably influences
the brain injuries. The average values of PC, PCC, σVM, and
τ are 606.43± 100.24, −430.43± 50.20, 30.13± 3.88, and
16.93± 2.27 kPa, respectively.

Then, the FE head model is rotated around the coronal
axis to test another set of head-windshield collision angles,
the intersection angle between human coronal section, and
the tangent plane of the windshield as the impact posture
for parametric study. The collision angles are selected based
on the realistic situation (Figure 12(e)). Table 7 shows that
the brain injury indices vary greatly with the change in
head-windshield collision angles. For instance, PC, PCC,
σVM, and τ are relatively high at αH-W=60° and αH-W=100°

but with low values in the case of βH-W=60°. The aver-
age values of PC, PCC, σVM, and τ are 691.06± 311.39,
−596.28± 325.27, 31.32± 4.82, and 17.86± 2.89 kPa, respec-
tively. Note that the shape of the brain model is not
absolutely symmetrical in all directions. Different contact
surfaces of the head are bound to bring change in the values
of pressures and stresses.

4. Conclusion

In this paper, the multirigid body human and FE vehicle
models are coupled to simulate the potential crash accidents.
The initial factors on ESS riders’ brain injuries subjected to
the windshield contact are examined by varying the vehicle
impact speed and the ESS moving speed. The results show
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that the brain injury indices increase with head-windshield
impact speed. The ESS moving speed also has an influence
on the head-windshield contact. Injury indices are relatively
large under high vehicle speed (15m/s) and ESS moving
speed (3m/s) impact situations. However, no obvious corre-
lations can be found between ESS moving speed and brain
injury indices due to the joint action of relative head-
windshield impact speed, impact location on the windshield,
and head impact area. Series of designed parametric studies
proved that the values of brain injury indices have positive
correlations with both linear and angular velocities of the
head. The results may remove a critical barrier for forensic
analysis and accident reconstruction and may be used to
guide vehicle/ESS safety designs.

It should be noticed that there are also limitations with
this study. Firstly, we found there is no video resource of
real-world vehicle ESS impact accident for reconstruction
and comparison. Secondly, it saved us loads of hours by using
MB pedestrian model and head model instead of whole-body
model to analyze the head and brain injuries of ESS rides, but
in the meantime, it may result in a slight difference in
kinematics [42]. Thirdly, the reference values of stresses or
pressures of the FE head model used in this study are not
clear even though it does not affect the model and could
be used comparing the injuries at different impact condi-
tions. Fourthly, since there is a tiebreak contact interface
between the skull and brain of the FE head model which
may allow sliding with separation; then, the accuracy of
the results may be influenced by this unphysical behavior.
Last but not the least, we studied the vehicle speed, ESS
speed, head-windshield impact speed, impact location on
the windshield, and head impact region effect on brain
injuries. There are certainly other influence factors such
as vehicle front shape [43], which could be taken into con-
sideration in future studies.
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Background. Occupant injuries in rollover crashes are associated with vehicle structural performance, as well as the restraint system
design. For a better understanding of the occupant kinematics and injury index in certain rollover crash, it is essential to carry out
dynamic vehicle rollover simulation with dummy included. Objective. This study focused on effects of curtain airbag (CAB)
parameters on occupant kinematics and injury indexes in a rollover crash. Besides, optimized parameters of the CAB were
proposed for the purpose of decreasing the occupant injuries in such rollover scenario. Method and Material. The vehicle
motion from the physical test was introduced as the input for the numerical simulation, and the 50% Hybrid III dummy model
from the MADYMO database was imported into a simulation model. The restraint system, including a validated CAB module,
was introduced for occupant kinematics simulation and injury evaluation. TTF setting, maximum inflator pressure, and
protection area of the CAB were analysed. Results. After introducing the curtain airbag, the maximum head acceleration was
reduced from 91.60 g to 49.52 g, and the neck Mx and neck Fz were reduced significantly. Among these CAB parameters, the
TTF setting had the largest effect on the head acceleration which could reduce 8.6 g furthermore after optimization. The neck Fz
was decreased from 3766.48N to 2571.77N after optimization of CAB protection area. Conclusions. Avoiding hard contact is
critical for the occupant protection in the rollover crashes. The simulation results indicated that occupant kinematics and
certain injury indexes were improved with the help of CAB in such rollover scenario. Appropriate TTF setting and inflator
selection could benefit occupant kinematics and injury indexes. Besides, it was advised to optimize the curtain airbag thickness
around the head contact area to improve head and neck injury indexes.

1. Introduction

Among all types of vehicle accidents, rollover crashes are the
most complex and least understood [1]. Rollover crashes are
associated with approximately 20% of all fatal crashes in the
United States [2]. While in China, the rollover crashes consti-
tute about 2.7% of all crashes but account for approximately
5.6% of the fatal crashes [3]. In recent years, Chinese
automakers continue to gain share in the domestic market,
especially in the sport utility vehicle (SUV) segment. Accord-
ing to statistics, SUVs accounted for 36% in all sales of
Chinese passenger vehicle market in 2016 [4]. However,
SUVs are more likely to suffer the rollover crashes due to
their higher rollover stability factor, which is related to

the track width and the height of the centre of gravity.
Thus, it is important to understand certain SUV’s rollover
characteristics and the interaction between occupants and
vehicle compartment.

Although the rollover crash causes high fatalities relative
to its occurrence, there is no repeatable standardized
dynamic rollover test procedure due to the chaotic nature
of rollover crash [5]. Some previous physical tests and com-
puter simulation studies were carried out to understand the
mechanisms of such crash. In the research of Grzebieta
et al. [6], it was concluded that to date the current test
protocols were not capable of consistently replicating the
injuries identified in real-world rollover crashes. Heller
et al. [7] carried out two rollover tests utilizing instrumented
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test vehicles and instrumented ATDs to investigate occupant
kinematics and injury response throughout the entire
rollover sequences, in which the occupant’s upper neck com-
pressive loading was more than 4000N in the sedan due to
the head-to-vehicle and head-to-ground contact. Han and
Seo [8] developed a finite element-based numerical vehicle
simulation model consisting of a rigid lower body and a
deformable upper body and addressed essential factors to
improve the rollover performance. Jiang et al. [9]

demonstrated the applicability of occupant kinematics simu-
lation and head injury analysis with MADYMO simulation
for rollover cases, including two real-world rollover crashes,
together with an SAEJ2114 rollover test, which concluded
that more real-world rollover crashes need replicating and
simulating. Recent studies of restrained occupants involved
in single-vehicle pure rollover crashes that occurred in the
United States by Mattos et al. [10] and Bambach et al.
[11] indicated that serious injuries to the thorax, head,

Figure 1: Rollover test at the moment of vehicle to ground contact.

(a) Side view

(b) Top view

Figure 2: Rollover simulation model with Hybrid III dummy model.
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(a) 500ms

(b) 1000ms

Figure 3: Continued.
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and spine could still occur even when there is little or no
roof crash, highlighting the need to improve occupant
safety systems.

Improving the occupant safety in rollover is challenging
due to the different types of rollover crashes. The rollover
curtain airbag (CAB) was first introduced in the United
States automotive market in 2002 for the purpose of provid-
ing incremental benefit to belted occupants in rollover
crashes [12]. It is known from crash testing and data analysis
that the curtain airbags provide considerable benefit to
occupants in rollover crashes [12, 13].

For more detailed analysis, it is critical to perform com-
puter simulations to understand the interactions between
belted occupants and curtain airbags during a certain SUV
rollover crash scenario. In this paper, a multibody dynamic
rollover model was developed according to a rollover test.
After validation, the effects of certain curtain airbag param-
eters on occupant protection performance in such rollover
crash were evaluated.

2. Method

This study focused on the simulation of vehicle dynamic
rollover, as well as the assessment of curtain airbag param-
eters. A multibody rollover simulation model, including
rigid vehicle chassis and occupant compartment model,
was built and validated with a dynamic rollover test from
the University of Virginia. Based on the correlated vehicle

model, the 50% Hybrid III dummy model from the
MADYMO database [14] was imported for the occupant
kinematics simulation.

To evaluate the effects of CAB on both occupant kine-
matics and injury index, a validated CAB module from
side impact was included in the simulation model for fur-
ther injury evaluation. The effects of certain CAB parame-
ters, including TTF setting, inflator pressure, and CAB
protection area, upon occupant protection performance,
were evaluated.

2.1. Rollover Test and Modeling. So far, the dynamic rollover
test system in the University of Virginia [15] is one of the test
rigs that may be capable of repeatable rollover test. For the
following vehicle rollover simulation, a dynamic rollover test
carried out by the University of Virginia was introduced in
this study. In this rollover test, the vehicle rotational motion
and drop height were controlled. The scenario of the rollover
test is shown in Figure 1.

The original vehicle FE model used for modeling in
this paper was developed at the National Crash Analysis
Center (NCAC) [16], which was validated to several sub-
system tests and two FMVSS No. 216 quasistatic tests.
To reduce the computation time, a multibody rollover
simulation model, including rigid vehicle chassis and occu-
pant compartment, was built for the following analysis.
The major components of the vehicle model were posi-
tioned according to the vehicle FE model. A 50% Hybrid

(c) 1500ms

Figure 3: Vehicle rollover trajectory correlation.
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(a) 0 ms (b) 500ms

(c) 1000ms (d) 1500ms

Figure 4: Occupant kinematics in rollover simulation.

(a) Curtain airbag in test (b) Curtain airbag in simulation

Figure 5: Curtain airbag in the test and simulation.
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III dummy model from the MADYMO database was
imported for the occupant kinematics simulation and
injury evaluation. The occupant model was belted with
both shoulder belt and lap belt. The whole simulation
model is shown in Figure 2.

The initial settings of the physical rollover test were
introduced as the input and boundary conditions for the
numerical simulation. The vehicle motion in the simulation
was defined by prescribing the motion for a free joint at the
vehicle center of gravity (COG) with all degrees of freedom.
The restraints for the vehicle, as the main parameters affect-
ing the vehicle rollover simulation results, were set according
to the test information. The initial roll velocity was 190°/s,
and the test bed speed was 24 km/h.

2.2. Rollover Model Validation. The validation of rollover
simulation model was carried out by comparing the vehicle
trajectory from the simulation with that of the test. As shown
in Figure 3, the vehicle trajectory of simulation correlated
well with that of the rollover test. The simulation result
indicated that the vehicle roof made contact with the test
bed at similar angle with that of the test.

2.3. Occupant Kinematics Simulation. To simulate the
occupant kinematics in such rollover scenario, a 50%
Hybrid III dummy model from the MADYMO database
was placed at the driver position. The occupant compart-
ment was built according to the geometry of the vehicle,
which included instrument panel, seat, and FE seat belts.
The component contact stiffness was mainly from the
component test and MADYMO example case, as in the
research of [17].

The occupant kinematics of the simulation from 0ms to
1500ms was shown in Figure 4. It was found that the left
arm of the occupant was ejected around 300ms. Besides,
the occupant’s head made contact with the vehicle interior
around 1090ms. This was similar to the finding of Huelke
et al. [18], who indicated that 33% head injuries resulted from

contact to vehicle interior surfaces. Furthermore, the contact
between the head and vehicle resulted in the 5892.44N
neck Fz, which corresponded to the research result of
Heller et al. [7]. Heller et al. found that the occupant’s
upper neck compressive loading was more than 4000N
in the sedan due to the head-to-vehicle contact.

Thus, further attention was paid on how to reduce
such hard contact and improve the injury index in the
following study.

2.4. Curtain Airbag (CAB) Model. The curtain airbag was
firstly invented to protect the occupants during side impacts
and rollover crashes. In case of the rollover crashes, introduc-
ing the curtain airbag could help mitigate the occupant
ejection [19, 20].

The main objective of this study is to evaluate the effects
of curtain airbag on occupant kinematics and injury indexes.

(a) 500ms (b) 1000ms

Figure 6: Occupant kinematics with curtain airbag in rollover simulation.
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Figure 13: Contact between the head and curtain airbag at 225ms.
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Thus, a curtain airbag which was validated in certain side
impact simulation was imported for further analysis in this
study, as shown in Figure 5. The curtain airbag geometry
and inflator data were from the supplier.

To analyze the effects of curtain airbag on occupant kine-
matics and injury index, the CAB model above was imported
to the rollover simulation model and installed around the
roof rail area.

3. Simulation Results and Injury Analysis

3.1. Occupant Kinematics with CAB. After introducing the
curtain airbag, the occupant kinematics at 500ms and
1000ms was shown in Figure 6.

From Figure 6, it was found that introducing the curtain
airbag could help to keep the head of the occupant in the pas-
senger compartment during the whole rollover simulation,
and the contact force between the head and vehicle interior
was decreased. However, the left arm of the occupant was still
ejected around 300ms.

3.2. Occupant Injuries with CAB. Occupant injuries of both
With-CAB case and No-CAB case were shown in
Figures 7–12. The injury index curve of the No-CAB case is
the blue line, while the curve of the With-CAB case is the
red line.

As shown in Figures 7–9, both head resultant accelera-
tion and chest resultant acceleration were reduced when the
CAB was applied in vehicle during such rollover simulation,
while the pelvis resultant acceleration was almost the same. It
was obvious that the CAB mainly affected the head and chest
regions, and it had little influence on the pelvis. This finding
was similar to the real-world rollover crash studies [21]. The
upper neck injury indexes, including the neck Mx, neck Fy,
and neck Fz (Figures 10–12), were all improved. The maxi-
mum values of the neck Mx and neck Fz of the With-CAB
case were reduced significantly.

After introducing the curtain airbag, the head’s relative
displacement toward B-pillar was reduced and its hard con-
tact with B-pillar/roof rail could be avoided as well, as shown
in Figure 13. This could also explain the reduction of head
resultant acceleration for the With-CAB case around
225ms, as shown in Figure 8.

In addition, the simulation result showed that the head’s
position remained around the medium position relative to
the headrest with the support of CAB, and the distance
between the head to the vehicle interior was increased,
which was beneficial for the contact force reduction
between the head and the interior. This explained that the
head acceleration at 1090ms was decreased dramatically for
the With-CAB case.

3.3. The Influence of CAB Time to Fire (TTF) on Occupant
Injuries. According to the kinematics of occupant in the
No-CAB case, it was found that there was a contact between
the head and B-pillar/roof at 225ms. Usually, the CAB
inflation time was about 35ms. The ideal CAB TTF was
that the head made contact with the CAB after it was full
deployed. Thus, the CAB TTF was advised to set before

Table 1: Occupant injury indexes with different CAB TTFs.

Number CAB TTF (ms) Head acceleration (g) Chest acceleration (g) Neck Fy (N) Neck Fz (N) Neck Mx (Nm)

CASE1 120 40.91 25.39 −408.44 −3071.07 14.19

CASE2 150 49.52 30.51 −492.57 −3766.48 22.08

CASE3 180 52.34 31.69 −522.54 −4382.55 28.73
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Figure 14: Head accelerations of different TTFs.
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190ms. Considering the margin value, TTF earlier than
180ms was suggested.

After the TTF estimation above, three simulation cases
with different CAB TTF settings were designed to evaluate
such parameter’s effects upon occupant injuries. The simula-
tion results were listed in Table 1.

From Table 1, it was found that head acceleration and
chest acceleration were increased when CAB TTF was
increased from 120ms to 180ms. Besides, the neck injury
indexes were also increased. This was because the head dis-
placement toward the B-pillar was reduced due to earlier
CAB TTF. In the rollover, an earlier CAB TTF setting could
result in earlier contact between the head and CAB. Thus,
an earlier CAB TTF setting could make the head acceleration
of the first contact occur earlier, as shown in Figure 14.

Earlier contact between the head and CAB would affect
the neck injury indexes as well. Compared with that of
CASE2, the upper neck Fz of CASE1 was reduced by
659.41N, as shown in Figure 15.

3.4. The Influence of CAB Inflator Pressure on Occupant
Injuries. The maximum pressure of inflator is a key factor
for the CAB design. Three inflators with different maximum
pressure were introduced in the simulation model for the fol-
lowing analysis. The simulation results were listed in Table 2.

According to Table 2, head acceleration, chest accelera-
tion, and neck Fz were reduced when the maximum pressure
of CAB inflator was increased from 220 kPa to 260 kPa. By
contrast, neck Fy and neck Mx were increased when the
maximum pressure of CAB inflator was increased.

In general, the increase of CAB inflator pressure could
result in more support to the occupant and larger contact
force between the head and CAB. In this rollover case, the
neck Fy and neck Mx were increased when the 260 kPa infla-
tor was used. However, larger inflator made the head and
chest regions move away from the B-pillar. The accelerations
of the head and chest were reduced (see Figure 16), while the
neck Fz was also reduced when larger inflator was applied in
the simulation model (see Figure 17).

3.5. The Influence of CAB Protection Area on Occupant
Injuries. Three types of CAB design with different protection
areas were proposed to analyze the influence of the CAB
protection area on occupant injuries, as shown in Figure 18.

CASE1 was the original CAB design. CASE2 was modi-
fied from CASE1, in which the thickness of frontal areas
was reduced by the airbag suture. In CASE2, the position of
airbag suture was 150mm far from the head contact area.
While for CASE3, the position of airbag suture was in the
area of the head contact.

Three types of CAB were introduced to simulation
model, and the simulation results were shown in Table 3.

It was found that the head acceleration was improved
when the CASE3 CAB was used (see Figure 19). Neck injury
indexes for the CASE3 were reduced as well, especially for the
neck Fz, which was reduced by 1194.71N (see Figure 20).

From the above analysis, it could be seen that the CAB
design parameters, including the TTF setting, inflator data,

Table 2: Occupant injuries with different airbag inflators.

Number Maximum pressure (kPa) Head acceleration (g) Chest acceleration (g) Neck Fy (N) Neck Fz (N) Neck Mx (Nm)

CASE1 220 51.44 33.28 −472.71 −4006.11 18.82

CASE2 245 49.52 30.51 −492.57 −3766.48 22.08

CASE3 260 46.73 29.43 −541.78 −3467.94 26.13
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Figure 16: Head accelerations of different inflators.
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and protection area (or airbag thickness), are critical for the
improvement of occupant kinematics and injury indexes in
such rollover crash, which need detailed concern for certain
vehicle restraint system design.

4. Discussions

The effects of CAB on occupant injuries were mainly on the
occupant head region, as well as the neck and thorax regions.
After introducing a validated CAB module, the maximum
head resultant acceleration was reduced from 91.60 g to
49.52 g. This was not only because CAB served as an energy
absorbing object, but also it improved the occupant’s

upregion kinematics. As shown in Figure 13, the head’s rela-
tive displacement toward B-pillar was reduced and its hard
contact with B-pillar/roof rail was avoided as well in this case.
Avoiding hard contact is critical for the occupant protection
in the rollover crashes, which was pointed out in the research
of [11] as well. Introducing CAB can help reduce the head
acceleration and, therefore, decrease the head injury possibil-
ities as in the research of [22].

For the influence of CAB TTFs on occupant injuries, it
was found that the earlier TTF setting (between 120ms to
180ms) could reduce occupant injuries. However, TTF set-
ting has to cooperate with rollover sensor calibration as well
as the pressure holding capability of the CAB, since the CAB

(a) CASE1 (b) CASE2 (c) CASE3

Figure 18: Three types of CAB with different protection areas.

Table 3: Occupant injuries with three types of CAB.

Number Head acceleration (g) Chest acceleration (g) Neck Fy (N) Neck Fz (N) Neck Mx (Nm)

CASE1 49.52 30.51 −492.57 −3766.48 22.08

CASE2 47.29 29.46 −423.21 −3682.75 21.83

CASE3 42.67 25.28 −414.56 −2571.77 17.26
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Figure 19: Head accelerations of different designs.
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Figure 20: Upper neck Fz of different designs.
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pressure powered by a hybrid inflator usually reaches its peak
around 40ms and starts to decay afterwards [23].

In the actual design process, study on the inflator selec-
tion needs to be conducted for the balanced curtain airbag
design. The maximum pressure of the inflator and pressure
holding capability of the CAB need to be considered for both
system and the component requirements.

Except the CAB TTF setting, pressure of the inflator, and
protection area, there are still some other parameters that
need to be optimized in further study, such as the pressure
holding capability and CAB tether, as well as the friction
coefficients of airbag fabric [13]. All these parameters need
to be analyzed in the follow-up studies.

5. Conclusions

In this study, a multibody rollover simulation model of SUV
was developed according to the physical test. The vehicle
kinematics from the simulation correlated very well with that
of the rollover test. Based on the validated model, a validated
curtain airbag was imported and its main parameters’ effects
on occupant kinematics and injury indexes were evaluated.

Upon the above analysis, the following conclusions could
be drawn:

(i) In this rollover case study, the main injury source for
the case without curtain airbag was the contact with
the vehicle interior. Introducing the curtain airbag
could improve the occupant kinematics and upbody
injury indexes, although the left arm was ejected in
this case.

(ii) CAB design parameters, including the TTF setting,
inflator data, and protection area, could affect cer-
tain injury indexes significantly. Among which, the
TTF setting had the largest effect on the head accel-
eration. The maximum head acceleration was
reduced 8.6 g after changing the TTF from 180ms
to 120ms. The neck Fz could be decreased from
3766.48N to 2571.77N after the optimization of
CAB protection area.

(iii) For this rollover case study, it was advised to opti-
mize the curtain airbag thickness around the head
contact area, for the reduction of the head and neck
injury indexes.
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The objective of the present study is to develop an age-specific lower extremity finite element model for pedestrian accident
simulation. Finite element (FE) models have been used as a versatile tool to simulate and understand the pedestrian injury
mechanisms and assess injury risk during crashes. However, current computational models only represent certain ages in the
population, the age spectrum of the pedestrian victims is very large, and the geometry of anatomical structures and material
property of the lower extremities changes with age for adults, which could affect the injury tolerance, especially in at-risk
populations such as the elderly. The effects of age on the material mechanical property of bone and soft tissues of the lower
extremities as well as the geometry of the long bone were studied. Then an existing 50th percentile male pedestrian lower
extremity model was rebuilt to depict lower extremity morphology for 30- to 70-year-old (YO) individuals. A series of PMHS
tests were simulated to validate the biofidelity and stability of the created age-specific models and evaluate the lower
extremity response. The development of age-specific lower extremity models will lead to an improved understanding of the
pedestrian lower extremity injury mechanisms and injury risk prediction for the whole population in vehicle-pedestrian
collision accidents.

1. Introduction

Pedestrians are road users vulnerable to traffic accidents, who
suffer high injury rate and mortality rate. WHO reported that
more than one-fifth of the people killed on the world’s roads
each year are pedestrians [1]; the situation is worse in China,
as the road traffic situation in China is more complex than
that of developed countries in Europe and America. The
vehicle-pedestrian-mixed traffic in most urban and rural
roads presents hidden dangers, inhibiting pedestrian safety.
The lower extremities and head are the main injury body
regions for pedestrians in a vehicle-pedestrian collision acci-
dent, accounting for 31.2% and 32.4%, respectively [2]. Com-
pared with head injuries, lower extremity injuries rarely lead
directly to fatalities; however, they often cause long-term or
life-long disabilities.

Pedestrian injuries are preventable; however, success-
ful interventions to protect pedestrians and promote safe
traveling require a better understanding of the injury
mechanisms and risk factors for pedestrian crashes. Many
researchers established lower extremity models to study its
injury mechanisms in pedestrian collision accidents. Zhang
et al. [3, 4] improved and verified the material model of the
long bone and ligament of the lower extremity based on the
THUMS model. Untaroiu et al. [5], using a human body
extremity model, combined with an accident reconstruction
method, simulated pedestrian lower extremity fractures in
collision. Wang et al. [6] used the multibody system and
finite element model to study the long bone fracture of the
lower limb based on two cases of real pedestrian accidents.
Meng et al. [7] established a 6-YO child’s lower extremity
long bone model and validated this model with a dynamic
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load three-point bending test, then discussed the effect of
elastic modulus on the injury. Shen et al. [8] established a
10-YO child pelvis and lower extremity FE model with
growth plates for pedestrian protection. Kong [9] analyzed
the pedestrian-vehicle collision accidents in Changsha using
statistical methods. Her conclusions noted that children aged
0 to 10 years and middle-aged people over 46 years were
more likely than other age groups to suffer higher fatality
rates, with death rates increasing with age for people over
46 YO. In literature [10], the data in the American Pedestrian
Injury Causation Study (PCDS) database was analyzed statis-
tically; the results showed that the injury risk to the lower
extremities of the elderly was 2.44 times higher than that of
the young people, and the elderly would suffer more serious
injuries and require longer treatment cycles. Hu et al.
research results showed that age had an important effect on
the injury risk when pedestrians collided with different
front-shaped vehicles [11]. All of these research works indi-
cate that age is one of the most important factors affecting
the injury risk of pedestrian lower extremities; what is more,
the effect of age on injury is nonlinear [12–14].

On the other hand, with the continued rapid growth of
the elderly population of adults aged 60+ years, which has
increased to 210 million (15.5% of the total population by
the end of 2014 [15]), the proportion of the elderly in traf-
fic accidents increased gradually and was as high as 40%
[16], according to the statistics of the Ministry of Public
Security. Compared with that of young people, the geom-
etry of anatomical structures and material property of the
elderly are quite different [17]. With the further develop-
ment of pedestrian safety research, it is critical to understand
the biomechanics change of the human lower extremities
with age for pedestrian protection and the establishment
of especially vulnerable road user models (such as chil-
dren, the fifth percentile women, obese people, and the
elderly) [18].

The finite element model provides a useful tool to assess
injury risk and to study the injury biomechanics, while cur-
rent models are limited to certain ages in the population.
Therefore, it cannot reflect the difference of pedestrian injury
at different ages in the accident. The objective of the present
study is to investigate the geometric changes and material
property changes with aging for pedestrian lower extremities
and to develop and validate the age-specific FE models of
pedestrian lower extremities to accurately model lower
extremitymorphology andmaterial property for ages between
30 and 70 years.

2. Materials and Methods

2.1. Geometric Changes with Aging. In total, 320 femoral and
99 tibial midshafts derived from individuals aged 21–99 years
were examined and measured [19–21]; the aim was to deter-
mine the age-related changes in the structure of the human
long bone. The geometry of the long bone cross-section nat-
urally changed with aging, and the change is associated with
marrow cavity area changes.

Figure 1 shows the idealized long bone cross-section. The
total area (TA), medullary area (MA), and cortical area (CA)

are calculated in (1), (2), and (3), respectively, together with
external diameter (DP) and internal diameter (DM).

TA =
πD2

P
4

, 1

MA =
πD2

M
4

, 2

CA = TA −MA 3
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Figure 1: Idealized long bone section.
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Figure 2: Variation of geometric dimensions of long bone cross-
section (male).

Table 1: The scaling ratio of long bone cross-section for a 70-YO
adult.

Section position
Femur Tibia

DP (%) DM (%) DP (%) DM (%)

20% 1.3 4.3 5.0 12.9

35% 1.3 9.6 3.7 16.6

50% 1.8 15.2 3.3 15.7

65% 2.6 19.4 4.3 14.8

80% 4.9 19.2 5.3 11.1
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According to the values of TA, MA, and CA of different
ages obtained by Ruff et al. [21], the increase ratio per decade
for DP and DM of the adult male long bone at 5 cross-sections
can be calculated, as shown in Figure 2; then the DP and DM
of a certain age can be scaled from the basic model via the
corresponding scale ratio. As for the fibula, due to the

shortage of anthropometry data related with age, its geomet-
ric change with age is assumed to be the same with the tibia.

Taking a 70-YO adult male for example, the basic lower
extremity model used in this manuscript is derived from an
adult male aging 26 years, according to Figure 2; the scaling
ratios of the DP and DM of the femur and tibia are shown

3D domain Handle 

Hyper morph 

Handle 

Cortical 

Edge 

Figure 3: Changes of skeletal mesh with age in finite element model.

Femur 

Tibia 

v = 0.33 mm/s

Figure 4: Knee ligament simulation model.

Table 3: The ligament material properties.

Material
parameters

The young
(30 YO)

The elderly
(70 YO)

Knee ligament

Density (kg/m3) 1000 1000

Volume modulus
(GPa)

4.31 3.5

C1 34.29 22.13

C3 1.54 0.6

C4 152.85 147.8

C5 836.42 695.66

Failure strain 0.45 0.263

C1: first Mooney-Rivlin constant; C3: constant scaling of the collagen
exponential stresses; C4: constant controlling rate of the rise of collagen
exponential stresses; C5: modulus of straightened collagen fibers.

Table 2: The long bone material properties of lower extremity
model.

Material
parameters

The young
(30 YO)

The elderly
(70 YO)

Femoral cortical
bone

Density (kg/m3) 2000 2000

Elastic modulus
(MPa)

16.2 13.9

Poisson’s ratio 0.3 0.3

Yield stress 100.22 94.4

Limit strain 0.032 0.019

Tibial cortical
bone

Density (kg/m3) 2000 2000

Elastic modulus
(MPa)

18.3 15.7

Poisson’s ratio 0.3 0.3

Yield stress 120.3 113.28

Limit strain 0.034 0.020

Femur
cancellous bone

Density (kg/m3) 1000 1000

Elastic modulus
(MPa)

752 816.4

Poisson’s ratio 0.45 0.45

Yield stress 13.25 10.22

Limit strain 0.134 0.134

Tibial
cancellous bone

Density (kg/m3) 1000 1000

Elastic modulus
(MPa)

752 591.6

Poisson’s ratio 0.45 0.45

Yield stress 11.04 8.24

Limit strain 0.134 0.134
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in Table 1; then the DP and DM of the 70-YO adult can be
scaled from the basic model via the corresponding scale ratio
at five cross-sections.

Geometric changes of anatomical structures with aging
were implemented by changing the long bone cross-
section—model morphing can be used to generate models
of all ages accurately and efficiently [22]. The HyperMorph
module of HyperMesh software is used to rebuild an existing
50th percentile male adult FE model to obtain the lower
extremity models in the full spectrum of ages, as shown in
Figure 3. 3D adjust domain was established in 5 cross-
sections in long bone meshes firstly, and the control point
handle of the experimental point was setup in a correspond-
ing position based on previous geometric study results. Then
the location of the control point could be adjusted manually
to complete the update of lone bone meshes to get the age-
specific models.

2.2. Material Property Changes with Aging

2.2.1. Long Bone. The cancellous bone of the lower extremity
is a kind of porous structure composed of irregularly
arranged trabecular bones; its mechanical properties are sim-
ilar to foamed aluminum. When compressed, there is a sig-
nificant elastic phase and the stress is nearly unchanged
after the yield point; the limit stress is almost equal to
the yield stress. The material properties of the cancellous
bone showed obvious changes with aging because of the
loss of calcification and fibrosis. Its material properties
can be simulated by the material model of dynamic elasto-
plastic (∗ MAT_PLASTIC_KINEMATIC), and the ultimate
stress is set to 13.4% according to the research results of
literature [23].

The quasistatic compression test data of the cancellous
bone from the ages of 16 to 83 years [23] were subjected to
quadratic polynomial fitting. The results showed that the
mechanical properties of cancellous bone increased from 20
to 40 years, while there is a sudden drop after 40 years. The

correlation between age and elastic modulus and ultimate
stress is developed as

Elasticmodulus = 473 3 + 14 99 age − 0 19 age2,

Ultimate stress = 8 94 + 0 13 age − 0 002 age2
4

The material properties of the cortical bone are simulated
by the material model of isotropic elastoplastic (∗ MAT_PIE-
CEWISE_LINEAR_PLASTICITY); as the slope of its stress-
strain curve in the plastic stage remains unchanged [24], it
can be assumed that the tangent modulus in the plastic stage
will not change with aging. If the strain of meshes rose to the
failure strain, the fracture would occur and be simulated by
mesh deletion. The Cowper-Symonds method is used to sim-
ulate the effect of strain rate on the material properties, with
the yield stress scaling equation shown in

σ ε, ε = σ0 ε 1 +
ε

C

1/p
, 5

where σ0 ε is the initial yield stress, while ε is the strain rate.
C and P are the strain rate transformation parameters. In this
paper, C is 360.5 and P is 3.6.

The elastic modulus, ultimate stress, and failure strain of
the cortical bone of different age groups are obtained by
regression analysis of corresponding test data in literatures
[25, 26] and [27]. The correlation between age and elastic

Equivalent muscle

Tibia

Foot bone

Femur

Knee joint

Fibula

Patella

Tibia

Femur

LCL PCL
ACL

Fibula

Meniscus

MCL

Figure 5: Finite element model of human lower extremity with age characteristics.

Table 4: Biomechanical cadaver tests for lower extremities.

Item Cadaver test
Age of the
PMHS (YO)

Thigh and calf Kerrigan et al. [35] 58.5± 4.8/9.3
Ligaments Dommelen et al. [35, 36] 63± 3.3; 53.4± 9.9
Knee Bose et al. [37] 53.4± 9.9
The whole lower
extremities

Kajzer et al. [38] 51± 15
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modulus, ultimate stress, and failure strain is developed as
presented in (6), (7), and (8), respectively.

Elasticmodulus = 18 01 − 0 059 age, 6

Ultimate stress = 130 8 − 0 52 age, 7

Failure strain = 4 23 − 0 033 age 8

Based on the research results of the literature [28, 29],
the change of material property of the cancellous bone and
cortical bone is assumed to be the same for lower limb long

bones, as they undergo the same changes with age. The
material property parameters of the cortical bone and can-
cellous bone of the long bones for different ages can be
calculated according to the above fitting formulas and corre-
sponding scaling coefficients. Table 2 shows the lower
extremity long bone material properties of ages 30 years
and 70 years for example.

2.2.2. Ligaments. The ligaments in the knee are connected
to the bones, which stabilize and restrict the movement of
the knee, including the patellar ligament, meniscofemoral

(a) (b)

Figure 6: Thigh and calf three-point bending test model: (a) thigh and (b) calf.

Cylindrical bar 

Metal cylinder 

Knee joint 

Rotary bearing 

Fixed bearing Sliding bearing 

Figure 7: Four-point bending test device and finite element model.
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Figure 8: Lower extremity bending (a) and shear (b) simulation model.
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ligament, medial collateral ligament (MCL), lateral collat-
eral ligament (LCL), anterior cruciate ligament (ACL),
and posterior cruciate ligament (PCL). The diameter of
collagen fibers decreased, while the fiber content increased
with aging. For example, the maximum fiber diameter is
180nmwhen aman is 15–19 YO and reduced to 110nm after
60 YO [30, 31]. The change of collagen fibrils will affect the
mechanical properties of the ligament; the ultimate tension,
especially, will decline with aging [31].

In the present study, the ligaments are simulated by the
solid elements to accurately model the geometrical shape of
each ligament and their contact with the surrounding tissue.
The hyperelastic material constitutive model (∗ MAT_-
SOFT_TISSUE) is used to simulate its mechanical proper-
ties [32], and the failure of the first-order principal strain
is defined for the elements, with the laceration of ligament
simulated by element deletion.

The experiments of the knee joint ligament carried out by
Woo et al. [33] were simulated; the simulation model is
shown in Figure 4. The ligament properties for different ages
can be obtained by parameter computational inverse based
on the ligament tensile test curves.

Table 3 shows the knee joint ligament material properties
of individuals aging 30 to 70 years; for example, C1, C3, C4,
and C5 are the parameters of the material model.

2.3. Development of the Age-Specific Lower Extremity FE
Model. The baseline pedestrian lower extremity model is
derived from the Global Human Body Models Consortium
(GHBMC) average male occupant model. The GHBMC is
representative of a 50th percentile male adult and was based
on medical images of a 26 YO individual. The lower extrem-
ity model includes the long bone, muscle, ligament, skin, and
other tissues. The cortical bone and cancellous bone of the
long bone shaft are modeled using hexahedral elements.
The cortical bone covering the long bone ends is modeled

using quadrilateral shell elements. Muscle and skin are mod-
eled using the solid element and shell element, respectively.
Ligaments are modeled using the solid element and one-
dimensional beam element together. The baseline model is
adjusted according to the pedestrian’s standing posture.
Then the previous research results of the geometric changes
and material property changes with aging are applied to build
the age-specific lower extremity FE models—including the
adjustment of the material properties and the geometry
morphing of the femur, tibia, and fibula, as shown in
Figure 5. Then two FE models of the pedestrian lower
extremity of typical ages 30 and 70 years are established to
investigate the effect of age on injury risk. The selection of
30- and 70-YO models was based on a previous recommen-
dation that defined a young adult group between 16 and 35
YO and elderly group as 66 YO and older [34] .

2.4. Model Validation. A series of cadaver test data were used
to validate the biofidelity and stability of age-specific pedes-
trian lower extremity FE models, as shown in Table 4. These
validation tests were simulated in LS-DYNA software
according to the published test information.

2.4.1. Validation at the Component Level. In Kerrigan’s test
[35], the thigh and calf were extracted from PMHS. The
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Figure 9: Force displacement curves of the impactor in three-point bending simulation of the (a) thigh and (b) calf.

Fracture of femur

Figure 10: Femur fracture location in thigh three-point bending
simulation.
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muscle tissues of two ends were removed, and the distal and
proximal ends of the femur and tibia were potted in cups and
fixed with polyurethane. An impactor driven by a universe
machine loaded the thigh and calf at the middle-shaft loca-
tion at the speed of 1.5m/s to simulate the loading condition
of pedestrian lower extremities in a vehicle-pedestrian colli-
sion accident. Then two age-specific FE models of the pedes-
trian lower extremities of typical ages 30 and 70 YO were
used to simulate the same tests with the same experiment set-
tings and boundaries. The finite element models are shown in
Figure 6.

Ligament failure caused by lateral bending is a common
knee injury for pedestrian during vehicle-pedestrian collision
accident. Kerrigan et al. [35] and Bose et al. [37] designed a
dynamic four-point bending test to estimate knee tolerance.
Figure 7 illustrates the test principle: isolated knee parts
were potted in specific cups that rotated around support
joints during tests. While the distal support connected to
the tibia was fixed, the proximal support connected to the
femur was allowed to move horizontally. The angular speed
of the knee was about 1 deg/ms during tests to simulate the
knee-bending load when pedestrian crashed at a speed of 40
Km/h, and the bending moment was measured by a load cell
connected to the femur extension bar. Corresponding simu-
lation models were built to perform the same tests in ls-
dyna, and then the simulation results were compared with
the test data.

2.4.2. Validation at the Lower Extremity Level. To evaluate
the whole lower extremity response, 2 loading cases, bending
and shear, were simulated to assess the importance of geo-
metric and material property changes with aging.

According to the tests of Kajzer et al. [38], as shown in
Figure 8, the lower extremity was extracted from PMHS on
the hip joint and fixed flat on a board to maintain stability.
The proximal of the femur was fixed with screws, while the
distal of the femur was fixed with a fixed plate to limit its hor-
izontal movement. The force sensor would calculate the
bending moment of the knee joint. A force of 400N was
loaded at the hip to simulate the load received by the lower
extremities when standing. The bending and shear impact
loadwas conducted at 40 km/hwith a 6.25 kg I-shaped impac-
tor striking the ankle joint and the knee joint, respectively.
The impactor was wrapped with a foam of 100mm×
120mm× 50mm at the front.

3. Results and Discussion

The force displacement curves of the impactor in thigh and
calf three-point bending simulations are shown in Figure 9.
Both the simulation results of young (30 YO) and elderly (70
YO)are in the test corridor andconsistentwith the experimen-
tal results, though different from each other. This indicates
that the response of the young and the elderly is much differ-
ent. The impactor force rises slowly initially but is followed
by a sharp increase. This is because the impactor makes con-
tact with the skin, muscle, and other soft tissues first, and
when the femur begins to bend to deform, the force increases.

In thigh three-point bending simulation, the femoral
fracture occurred in both cases of the young (30 YO) and
the elderly (70 YO), as shown in Figure 10. For the elderly,
the femur fracture occurred when the displacement of the
impactor is 40mm with the impact force 3.2 kN, while the
corresponding data of the young is 50mm and 6.1 kN.

In calf bending simulation, both the tibia and fibula are
fractured, while the fracture locations are different, as shown
in Figure 11. The elderly’s fibula was fractured at both ends
and the middle shaft, but the young’s fibula was only frac-
tured in the middle. For the elderly, the fibula fracture

Fracture of the tibia and fibula 

(a)

Fracture of the tibia and fibula 

Fracture of the fibula at both ends 

(b)

Figure 11: Tibia and fibula fracture location in calf three-point bending simulation: (a) the young and (b) the elderly.
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Figure 12: Ligament ACL displacement force curve comparison
between experiment and simulation.
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occurred when the displacement of the impactor is 29mm,
while the young is 36mm, and the curve showed an obvious
decline when the fibula fractured. After the fibula fracture,
the impactor continued to load on the tibia, and both the
young and the elderly suffered tibia fracture subsequently
when the displacement was 50mm and 42mm, respectively.

The comparison among the ligament displacement force
is shown in Figure 12 in terms of results from the simulation
of the models and experimental data of Woo et al. [33] in
the tensile tests of the femur-ACL-tibia complex. Both the
simulation curves for the young and the elderly are well
aligned with the experimental results. It is believed that the
material property parameters of the ligaments for different
ages are reasonable and can reflect the ligament injury at
different ages.

Figure 13 shows the results of a knee joint four-point
bending simulation of the young. The medial collateral liga-
ment (MCL) is completely ruptured at 28ms near the tibia
junction, which coincides with the test results performed by
Kerrigan et al. [35] and Bose et al. [37].

The bending-angle-to-bending-moment curves of the
knee joint are shown in Figure 14.

The simulation results of the elderly are in the test corri-
dor, while the peak of the young is outside the corridor. This
may be due to the ages of the PMHS, as they are between 44
YO and 80 YO—therefore, it is reasonable that the peak of
the young (30 YO) is outside the corridor. The simulation
curves coincide with the test curves before MCL rupture,
which indicates that the material properties of the ligaments
are reasonable. At the beginning, the bending moment
increases with the bending angle and reaches the maximum
value when the MCL is about to rupture and then the bend-
ing moment decreases sharply. The maximum bending
moment of the elderly is about 110Nm with a bending angle
of 11°, while the maximum bending moment of the young is
about 270Nm with a bending angle of 18°, far greater than
the elderly.

The time history curves of impactor force, knee joint
bending angle, and knee joint shear displacement in lower
extremity bending simulation are shown in Figure 15. It indi-
cates that the simulation results of the young and the elderly
show a linear shape similar to that reported in tests and all are
in the test corridor.

For the impact force, there is not much difference
between the simulation results of the young and the elderly.
They both reach their maximum value of 4.5 kN at 4ms. This
may be due to the same kinetic energy of the impactor and
the quality of the lower extremity. While the bending angle

of the elderly is obviously bigger than the young beyond
10ms, and reached 5° at 20ms, the similar trend occurred
in knee joint shear displacement curves. This is because the
knee ligament strength of the elderly is much lower than
the young and their ligaments usually rupture earlier in the
same collision condition. For example, the MCL and PCL
ruptured at 11.5ms and 14.5m, respectively, in the simula-
tion. It was significantly ahead of the results of the young,
which is 18.5ms and 20ms, respectively, and then induced
larger knee bending angle and shear displacement. The
kinematics of lower extremity and ligament rupture in a
bending test simulation is shown in Figure 16 (take the
young for example).

The time history curve of the impact force and knee joint
shear displacement in the lower extremity shear simulation
are shown in Figure 17. It indicates that the simulation results
of the young and the elder show a similar linear shape as that
reported in tests and are mostly in the test corridor, except
for the impact force of the young.

The peak impact force of the elderly is 5.2 kN, lower than
6.0 kN of the young, and appeared earlier at about 8ms, while
the knee joint shear displacement of the elderly is obviously
larger than that of the young beyond 8ms. It is possibly
related to the elderly’s femur fracture occurring at around
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Figure 14: Curve of bending angle and bending moment of knees in
four-point bending simulation.
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Figure 13: Knee four-point bending simulation process.
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8ms, resulting in the increase of rotation and lateral move-
ment at the fracture point and the decrease of the impact
force. The detailed injuries of the elderly and the young are
compared in Figure 18. The young only suffered partial
femur fracture, while the elder suffered full femur fracture
and fibula fracture. These injuries were coordinated with that
of samples 4 and 17 in the PMHS test [38].

4. Conclusion

In the present study, the changes of geometric and mate-
rial properties of the lower extremity with aging were
studied and age-specific FE models of the lower extremity
for pedestrian-vehicle accident simulation were developed
for 30-YO and 70-YO male pedestrian using morphing

techniques. To evaluate the lower extremity response, a series
of PMHS tests were simulated to validate the confidence of the
models and to assess the importance of geometric and mate-
rial property changes with aging. The whole age-specific FE
models of pedestrian lower extremity showed numerical sta-
bility, and, in all validation simulations, the response of the
young model and the elderly is different from each other.
Development of age-specific FEmodels of the lower extremity
will provide valuable tools for understanding variations in
lower extremity injury patterns due to vehicle-pedestrian col-
lision accidents across populations and in the design of new
vehicles with devices for pedestrian protection.

Further study will involve the sex factor and the geometry
changes of the femoral head/neck and ankle with age. These
would be investigated to establish a pedestrian lower limb
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Figure 15: Lower extremity bending simulation results: (a) impact force, (b) knee joint bending angle, and (c) knee joint shear displacement.
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Figure 17: Lower extremity shear simulation results: (a) impact force and (b) knee joint shear displacement.
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Figure 18: Comparison of long bone injury: (a) the young and (b) the elderly.
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Figure 16: Dynamic simulation of the lower extremity simulation process.
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model with higher biofidelity. The more elaborate model
and the understanding of age- and sex-specific biomechan-
ics of the lower extremity will lead to the development of
improved pedestrian protection and advancement in vehi-
cle safety design.
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Background. The number of sport utility vehicles (SUVs) on China market is continuously increasing. It is necessary to investigate
the relationships between the front-end styling features of SUVs and head injuries at the styling design stage for improving the
pedestrian protection performance and product development efficiency. Methods. Styling feature parameters were extracted
from the SUV side contour line. And simplified finite element models were established based on the 78 SUV side contour lines.
Pedestrian headform impact simulations were performed and validated. The head injury criterion of 15ms (HIC15) at four
wrap-around distances was obtained. A multiple linear regression analysis method was employed to describe the relationships
between the styling feature parameters and the HIC15 at each impact point. Results. The relationship between the selected
styling features and the HIC15 showed reasonable correlations, and the regression models and the selected independent variables
showed statistical significance. Conclusions. The regression equations obtained by multiple linear regression can be used to
assess the performance of SUV styling in protecting pedestrians’ heads and provide styling designers with technical guidance
regarding their artistic creations.

1. Introduction

As vulnerable road users, pedestrians have a high risk of
severe injury or fatality in traffic accidents. According to sta-
tistical data from the World Health Organization [1], pedes-
trian fatalities accounted for 22% of the total fatalities caused
by road traffic accidents worldwide in 2013. Due to the rapid
increase in the number of motor vehicles and the mixed
pedestrian-vehicle road traffic environment, China faces an
even more severe pedestrian safety problem. In 2012, pedes-
trian fatalities accounted for approximately 25% of the total
fatalities caused by traffic accidents in China [2]. In a
vehicle-to-pedestrian crash, the head of the pedestrian is
the body part that is most susceptible to fatal injuries [3]. A
rapid increase in the market shares of sport utility vehicles
(SUVs) has occurred in recent years throughout the world
and in China [4, 5]. Compared with cars, SUVs may cause
a larger number of fatal injuries to pedestrians due to their
high front-end structures and relatively high collision energy
[6]. Therefore, the effect of SUVs on pedestrian head injuries

needs to be investigated to substantially improve the pedes-
trian collision safety performance of these vehicles.

To improve vehicle performance in protecting pedestrian
heads during crashes, numerous researchers have conducted
extensive studies of the structure design and styling of vehi-
cles. Some studies reported that pedestrian protection perfor-
mance can be improved by modifying the stiffness of the
hood inner plate or adding a collapsible hinge [7, 8]. Several
researchers also employed the design optimization approach
of hood panels to reduce pedestrian head injuries [9, 10].
However, these vehicle-body-structure-based improvement
measures can only be implemented after the styling design
stage. Some researchers believed that the headform test zones
should avoid certain danger points (e.g., the junctions of the
hood and the headlights, the junctions of the hood and the
fenders, the areas where the hood hinges and latches were
installed, the wiper shafts, and the ventilation cover) to
improve the headform impact test score during the initial
styling design stage, according to the requirements of the
division of headform test zones in pedestrian protection
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regulations [7, 11]. However, these improvement methods
were evasion strategies regarding the relevant regulations;
they did not analyze the relationship between the front-end
styling of vehicles and pedestrian injuries.

Several studies discovered that pedestrian kinematic
responses and injury risk were closely related to the front-
end geometry of vehicles via the postmortem human surro-
gate (PMHS) impact test and the total human model for
safety (THUMS) impact test, respectively [12, 13]. Yang
established vehicle-to-pedestrian impact simulations based
on accident reconstructions and concluded that the main
parameters of front shape that affected head impact condi-
tions included the bumper lead (BL), bumper center height
(BCH), hood leading edge height (HLEH), hood length
(HL), and hood angle (HA) [14]. Zhang et al. concretized
the parameters of the front-end structures of vehicles and
analyzed them based on the Pedestrian Crash Data Study
(PCDS); they noted that the wrap-around distance (WAD)
of the hood rear edge (WADHRE) had a significant impact
on the risk of head injury, with a score of 2+ on the Abbrevi-
ated Injury Scale (AIS2+) [15]. Liu et al. investigated the rela-
tionship between HA and HIC of headform via finite element
(FE) analysis [16]. By analyzing the specific vehicle front
structure parameters, the previously mentioned studies have
demonstrated that the vehicle front structure parameters
have a significant effect on pedestrian injuries. However,
few studies have investigated the relationships between the
front-end styling features of vehicles and pedestrian head
injuries at the styling design stage, which precedes the struc-
ture design stage.

Therefore, to consider the pedestrian safety performance
of SUVs during the initial styling design stage for reducing
pedestrian head injuries, this study characterized SUVs’ styl-
ing in terms of their styling feature lines, extracted the rele-
vant styling-feature-line-based styling feature parameters,
and established simplified FE models for the front-end styl-
ing of SUVs based on their styling feature lines. This study
also simulated collisions between headform impactors and
the front-end styling of SUVs according to the pedestrian
testing protocol of the European New Car Assessment Pro-
gramme (Euro NCAP) and investigated the relationships
between the styling feature parameters and pedestrian head
injuries using a multiple linear regression analysis method.

2. Methods

2.1. Sample Selection and Styling Feature Lines. According
to the sales ranking in the Chinese market, 78 SUVs with
Euro NCAP test results were selected for this study. These
SUVs were released from 2005 to 2016, and the release
time distribution was shown in Figure 1(a). The overall
length, overall width, and overall height of these SUVs were
4623± 212mm, 1865± 66mm, and 1706± 62mm, respec-
tively (Table 1).

The side contour line (main styling feature line) of a vehi-
cle, which can be extracted from a side-view drawing, is the
most important styling feature line of the vehicle. It deter-
mines the total feel and style of the vehicle and is the main
feature line determined during the styling design stage [17].

Therefore, this study primarily investigated the relationship
between the main styling feature line and pedestrian head
injuries. Because the front structures (bumper, grille, and
hood) of a vehicle compose the main parts that come in con-
tact with a pedestrian during a collision, only the front sec-
tion of the side contour line of each sampled SUV model
was investigated in this study. The side contour line of a
SUV was extracted from its side view and then was scaled
to its actual size based on overall length and height in Auto-
CAD software (AutoCAD 2010, Autodesk Inc., San Rafael,
CA). Seventy-eight side contour lines were illustrated in
Figure 1(b).

2.2. Extraction of Styling Feature Parameters. Nine styling
feature parameters were defined according to the Euro
NCAP’s pedestrian testing protocol (Figure 2(a)) [18]. Eight
real structure parameters were also defined based on the
actual structures of the vehicles (Figure 2(b)). Thus, a total
of 17 styling feature parameters were extracted (refer to
Table 2 for detailed descriptions). All styling feature param-
eters were measured with AutoCAD software.

2.3. Establishment and Verification of Simplified FE Models of
the Selected SUVs. According to actual vehicle structures,
components of the spoiler, bumper, grille, hood, windshield,
and ceiling for each extracted styling feature line were estab-
lished (Figure 3). To study the effect of the styling features on
pedestrian head injuries, the boundary conditions for all SUV
FE models were set to be the same, and the same components
of the models were assigned with the same material parame-
ters, element properties, and element thickness. Each FE
model also has the same number of nodes and elements
and mesh distribution. And the vehicle widths were uni-
formly set to 1790mm for the SUV models. The element size
of all model was about 30mm. To accurately reflect the kine-
matic responses of the legform impactor, nine spring ele-
ments (3× 3) were placed behind the impactor-bumper
collision area, where they were evenly distributed throughout
the middle section of the bumper to absorb energy. On the y-
axis, adjacent spring elements were spaced at a distance of
60mm. On the z-axis, the spring elements were evenly dis-
tributed across the width of the bumper. The spring stiffness
was determined based on a previous study [19], and the same
parameters were set for the spring elements in all FE models.

Suitable constraints were exerted on the left and right
edges of each simplified FE model to better simulate the col-
lision responses of all impactors. The constraints were
applied as follows. (1) To position and support each simpli-
fied FE model, full constraints were exerted on the corner
points and the rear-end points of the bumper spring elements
(Figure 3(c)). (2) To simulate the motion tendency of the
bumper, spoiler, and grille, as well as the front-end points
of the spring elements in the x direction during a collision
between the lower leg impactor and an SUV, with the excep-
tion of the translation in the x direction, all degrees of free-
dom of the boundary nodes of the bumper, spoiler, and
grille, as well as the front-end points of the spring elements,
were constrained (Figure 3(d)). (3) To simulate the motion
tendency of the hood in the z direction, only the z direction
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translation degree of freedom of the edge nodes of the hood
was allowed (Figure 3(e)). (4) To simulate the rigid bound-
aries and motion tendency of the windshield, the translation
and rotation degrees of freedom of the edge nodes of the
windshield in the z direction were constrained (Figure 3(f)).

In accordance with the Euro NCAP’s pedestrian testing
protocol and assessment protocol (version 5.3.1) [18], four
headform-to-vehicle collisions were simulated for each of
the SUV models. The points of WAD1125, WAD1375, and
WAD1650 were selected as the child headform impact points,
and the WAD2000 point was selected as the adult headform
impact point. If the WAD2000 point is located in one of the
dangerous areas for collision (e.g., the wipers and the lower
edge of the windshield), the HIC15 value at WAD2000 is con-
sidered to exceed the limit [18]. For the adult headform
impact test, therefore, only the SUV models where the
WAD2000 points were located on the hood were considered
in this study (48 SUV models satisfied this condition). An
Arup 3.5 kg child pedestrian headform model was employed
as the child headform impactor. An Arup 4.5 kg adult pedes-
trian headform model was employed as the adult headform
impactor. The pedestrian test results of 20 SUV models that
were published on the official website of the Euro NCAP were
used to verify the FE models. Because the extracted side con-
tour line of each SUV model was taken from the longitudinal
central axis of the vehicle, only the Euro NCAP’s test results
for the eight impact areas (four left impact areas and four
right impact areas) on the hood immediately adjacent to

the longitudinal central axis of the vehicle were used to
verify the simplified FE models. The explicit code from
the LS-DYNA software package (LSTC, Livermore, CA)
was employed as the FE solver in this study.

2.4. Statistical Method. With the styling feature parameters
treated as the independent variables (a total of 17 indepen-
dent variables) and the HIC15 values in the four impact
points obtained from the collision simulations treated as
the dependent variables, a multiple linear regression analysis
method was employed to describe the relationships between
the styling feature parameters and the HIC15 value at each
impact point. A stepwise regression method was employed
for independent variable selection. Because multiple linear
regression requires that the linearity, independency, normal
distribution, and equal variance conditions (i.e., the LINE
conditions) must be satisfied, this study examined whether
the samples satisfy the LINE conditions based on residuals
analysis. Multicollinearity was diagnosed using a variance
inflation factor (VIF)< 4 or a tolerance> 0.25 to ensure that
no collinearity occurred between the independent variables,
that is, that the independent variables were independent. In
addition, outlier detection was conducted, and outlier sam-
ples with a residual error> 2 were eliminated in the studen-
tized residual error plot to prevent a large value of
dispersion of the sample data, which would produce a rela-
tively large residual error and consequently affect the good-
ness of fit (R2) of the regression equation. All statistical
analysis procedures were performed using the statistical soft-
ware SPSS (IBM Corporation, Somers, NY).

3. Results

3.1. Model Validation Results. The validation results of sim-
plified FE models were explained using the 2011 BMW X3
model as an example. Table 3 lists the Euro NCAP’s test
results for the four left test areas and the four right test areas
(adjacent to the longitudinal central axis) and the simulation
results for this SUV model. The simulation results of the
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Figure 1: Release time distribution and side contour lines of the SUVs studied in this study.

Table 1: Basic parameters of the selected SUV models.

Basic parameters
Statistical results

Mean SD Range

Length/mm 4623 212 4160–5118

Width/mm 1865 66 1730–2034

Height/mm 1706 62 1583–1882

Wheel base/mm 2728 113 2560–3020

Curb weight/kg 1723 323 1210–2744
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WAD1000-WAD1250, WAD1250-WAD1500, and WAD1500-
WAD1800 impact areas were consistent (the same color as)
with the Euro NCAP’s test results for both sides. The HIC15
from simulation for the WAD1800-WAD2100 impact area
was 900 (green), which was consistent with the Euro
NCAP’s test result on the right side of the vehicle (green),
but inconsistent with the result on the left side of the car
(yellow). This may be related to the specific components
under the hood, because the current study focused on the
styling without considering the specific structure, and the
main styling feature line was in the longitudinal symmetry
of the car. It can be considered that the 2011 BMW X3 sim-
plified FE model could predict the impact response of the
headform to the hood.

Twenty tested SUV models were employed for the vali-
dation. When the simulation results were consistent (the
same color as) with the Euro NCAP’s test results for at least

one side for an impact area, the simulation results were
considered to be consistent with the Euro NCAP’s test
results for this impact area. Table 4 lists the number of
SUV models whose simulation results were consistent (the
same color as) with the corresponding Euro NCAP test
results in each of the four impact areas and the correspond-
ing simulation accuracy. The simulation results of all impact
areas had a minimum accuracy of 90%, with the exception of
the simulation results for the child headform impact test in
the WAD1000-WAD1250 impact area, which had an accuracy
of only 60%. Of the 20 SUV models, the simulation results
were consistent with the Euro NCAP’s test results in all four
impact areas for ten SUVmodels. The simulation results were
inconsistent with the Euro NCAP’s test results in one of the
impact areas for seven SUV models, and the simulation
results were inconsistent with the Euro NCAP’s test results
in two of the impact areas for three SUV models. These
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Figure 2: Front-end styling feature parameters of the SUV models. (a) Styling feature parameters based on the Euro NCAP protocol. (b)
Styling feature parameters based on the vehicle structure.

Table 2: Front-end styling feature parameters of the SUV models and their descriptions.

Parameter Description

Parameters based on the
Euro NCAP protocol

HLEH Hood leading edge height

UBH Upper bumper height

LBH Lower bumper height

BL Bumper lead

WADHLE Wrap-around distance at the hood leading edge

α Angle between the tangent of the hood at the WAD1125 point and the horizontal

β Angle between the tangent of the hood at the WAD1375 point and the horizontal

γ Angle between the tangent of the hood at the WAD1650 point and the horizontal

δ Angle between the tangent of the hood at the WAD2000 point and the horizontal

Parameters based on
vehicle structure

BCH Bumper center height

GR Grille radius

HLER Hood leading edge radius

HA Hood angle

HR Hood radius

HL Hood length

WADHFE Wrap around distance at the hood front edge

WADHRE Wrap around distance at the hood rear edge
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findings indicated that the simplified FE models adequately
reflect the actual collision situations.

3.2. Simulation Results. Figure 4(a) shows the box plots of the
simulated HIC15 values in different impact areas for 78 SUV
models. According to the Euro NCAP’s pedestrian assess-
ment protocol (version 5.3.1), an HIC15 value of ≤1000 corre-
sponds to a full mark, an HIC15 value of ≥1350 corresponds

to a zero mark, and a value of 1000<HIC15< 1350 corre-
sponds to a mark between zero and a full mark. Based on
the box plots shown in Figure 4(a), the closer the impact
point was to the front end of the hood, the higher the
HIC15 because the front section of the hood has a relatively
high stiffness due to structural features such as the angle of
the front hood and hood latches. The values of the HIC15 at
WAD1375 (HICWAD1375) and HICWAD1650 ranged from
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Figure 3: Simplified FE model of a typical SUV model and the relevant constraint settings.
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1000 to 1350, whereas HICWAD2000 primarily remained
below 1000. The results indicated that the HIC15 decreased
with an increase in WAD on the hood.

3.3. Multiple Linear Regression Analysis Results. Of the 17
styling feature parameters that were considered in this study,
six parameters that were not statistically significant for the
four HIC15 values should be removed based on the stepwise
regression method for multiple linear regression. Thus, a
total of 11 styling feature parameters that had a statistical sig-
nificance for the HIC15 values were selected. The box plots of
these styling feature parameters are shown in Figures 4(b)
and 4(c). When the WAD was short, the angle between the
tangent of the hood at the impact point and the horizontal
was large. An overlap was observed between the ranges of
WADHFE (853–1100mm) and WADHLE (896–1162mm).

Table 5 lists the R2 values of the multiple linear regression
models for the HIC15 values obtained from the headform
impact simulations at the four impact points and the results
of relevant statistical tests. For example, the regression model
for HICWAD1125 had an R2 of 56.0%. According to the analy-
sis of variance and the t test results, the regression model and
the selected independent variable coefficients were statisti-
cally significant (F = 23 199, p < 0 001, sig.< 0.05). Accord-
ing to the collinearity test, no collinearity was observed
among the independent variables (VIF< 4). According to
the standardized coefficients, α, WADHFE, HL, and HA were
the main factors that affected HICWAD1125; αwas the primary
factor, followed by WADHFE, HL, and HA.

4. Discussion

In the design of a vehicle, pedestrian collision safety perfor-
mance is generally considered during the structure design
stage, or modifications are made to the styling or structure
of the vehicle to satisfy pedestrian collision regulations. The
specific effect of the styling of the vehicle on pedestrian inju-
ries are not considered during the styling design stage. How-
ever, considering the effect of vehicle styling on pedestrian
injuries during the styling design stage can help to improve
both the pedestrian protection performance and the research
and development efficiency.

Based on the key styling feature line of a vehicle (the side
contour line), the Euro NCAP’s pedestrian testing protocol
(version 5.3.1), and real vehicle structures, this study defined
17 styling feature parameters that characterize the front-end
styling of a SUV. Based on the side contour line, simplified
FE models were established for the front-end styling of each
of the 78 SUV models. Shell elements were used to simulate
the outer surface styling features of each selected SUVmodel.
The approximate characteristics of pedestrian collision
responses were realized by imposing constraints on the FE
model. The simplified styling-feature-line-based FE model
of the front-end styling of each selected SUV model accu-
rately reflected its styling. However, the stiffness of the
front-end structure affects the acceleration of the head
directly in the vehicle-to-pedestrian collision. The higher
the stiffness of the structure, the higher the HIC, indicating
a higher head injury risks. The geometry of vehicle outer
sheet metal parts and the components under it (such as the
engine and hood lock) affect the stiffness of the outer sheet
metal parts when it is deformed. Because the FE models were
established without considering the specific structures of
SUVs, some differences between the results obtained from
the simplified FE models and the results obtained in tests
conducted on actual SUVs were observed. However, no spe-
cific structure has been designed during the styling design
stage, and styling designers should not limit themselves by
focusing on the body structure of a vehicle when designing
its styling. Therefore, the components under the outer cover
were not considered in this study, and the boundary condi-
tions for all SUV simplified models were unified so that only
the styling factor influenced the head impactor response. The
model validation results (Table 4) demonstrated that the sim-
ulation results were consistent with the Euro NCAP’s test
results for half of the 20 SUV models that were considered
for validation. In the WAD1250-WAD1500, WAD1500-
WAD1800, and WAD1800-WAD2100 impact areas, the simula-
tion results were inconsistent with the Euro NCAP’s test
results for a maximum of two SUVmodels. Although the col-
lision responses of the simplified FE models in the WAD1000-
WAD1250 impact area were relatively unsatisfactory, the sim-
ulation results of 60% of the SUV models were consistent
with the Euro NCAP’s test results. Therefore, the simplified
FE model of the front-end styling of each selected SUV
model based on the styling feature line can not only charac-
terize the front-end styling of an SUV but also simulate the
pedestrian headform impact responses, which comprehen-
sively reflects the styling and pedestrian collision safety

Table 3: Comparison of the headform impact test results and the
simulation results for the 2011 BMW X3 model.

Impact area
Test results
(car left)

Test results
(car right)

Simulation results
(HIC15)

WAD1800-
WAD2100

Yellow Green Green (900)

WAD1500-
WAD1800

Green Green Green (1000)

WAD1250-
WAD1500

Green Green Green (959)

WAD1000-
WAD1250

Yellow Yellow Yellow (1308)

Table 4: Comparison between the simulation results and the test
results for 20 SUV models.

Impact area
Injury

parameter
Number of models with

consistent results
Accuracy

WAD1800-
WAD2100

HIC15

18 90%

WAD1500-
WAD1800

18 90%

WAD1250-
WAD1500

19 95%

WAD1000-
WAD1250

12 60%
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performance of an SUV. This validation of the FE models
based on real vehicle collision test data also indicates that
the established simplified FE models reflect real pedestrian
headform impact response characteristics. Although they
were established based on the styling feature lines, the simpli-
fied FE models do not markedly deviate from the actual vehi-
cles with structural characteristics. In addition, the same
mesh distribution, material parameters, element properties,
constraints, and vehicle width were employed in all simpli-
fied FE models to prevent these factors from affecting the
simulation results of different SUV models and to enable
the statistical analysis results to reflect the effect of the con-
sidered styling feature parameters on pedestrian head
injuries.

Table 6 lists the positive/negative correlations among the
HIC15 values at the four considered impact points (WAD1125,
WAD1375, WAD1650, and WAD2000) and the 11 relevant styl-
ing feature parameters and their effect degree (based on the
regression results).

α, β, γ, and δ had a significant effect on and were posi-
tively correlated with the HIC15 at their respective impact
points. The HIC15 value increased with an increase in the
angle between the tangent of the hood at the impact point
and the horizontal. As shown in Figure 5, when the angle
between the tangent of the hood at the impact point and
the horizontal was small, the velocity component of the head-
form impactor in the direction normal to the impact point on
the hood was small. Thus, a small hood deformation distance
is required. For a given impact velocity and angle of the head-
form impactor, a smaller angle between the tangent of the
hood at the impact point and the horizontal can help to
reduce the HIC15 value. Tables 5 and 6 indicate that α was
the primary factor that affected HICWAD1125 and that γ and
δ were secondary factors that affected HICWAD1650 and HIC-

WAD2000, respectively. α was the largest angle among the four
angles (as shown in Figures 4 and 5); thus, the impact angle of
the headform impactor at the WAD1125 point was closer to
90° relative to the hood. Thus, a larger deformation space
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and stricter structure design requirements are needed, and
the potential for a severe head injury is significant. Conse-
quently, α has a significant effect on pedestrian head injuries.
This study notes that the angle between the tangent of the
side contour line of the hood at every point and the horizon-
tal is a very important factor that affects pedestrian head inju-
ries. Therefore, a slightly rising hood design will help to
reduce pedestrian head injuries in the event of a collision.

Yang reported that HLEH, BL, and BCH were the main
parameters that affect pedestrian head injuries. This study
shows that WADHLE and WADHFE have a significant effect
on pedestrian head injuries [14]. Peng et al. noted that the
WAD on the engine hood was significantly affected by the
front-end structure of the vehicle [21]. The results of the
Pearson’s product-moment correlation coefficient indicated
that the correlation coefficients between WADHLE and
WADHFE and HLEH, BL, and BCH are significant. The cor-
relation coefficient between WADHLE and HLEH was the
highest, with a value of 0.94, and the remaining correlation
coefficients were greater than 0.5. In addition, all correlations
were positive (Table 7). Therefore, the analysis indicates that
the results of the effect of WADHLE and WADHFE on the
pedestrian head injuries obtained in this study are consistent
with the findings of Yang.

Table 5: Statistical results of the four HIC15 values.

Dependent
variable

Independent
variable

Unstandardized
coefficients

Standardized
coefficients

t Sig.
Collinearity
statistics F p R2

B Std. error Tolerance VIF

HICWAD1125

α 14.634 1.773 0.938 8.255 0.000 0.467 2.142

23.199 0.000 56.0%

WADHFE −0.654 0.203 −0.388 −3.221 0.002 0.416 2.406

HL 0.275 0.072 0.315 3.848 0.000 0.900 1.112

HA 15.238 5.254 0.268 2.900 0.005 0.707 1.414

(Constant) 1146.457 230.680 4.970 0.000

Regression equation: HICWAD1125 = 14.634 α− 0.654 WADHFE + 0.275 HL+ 15.238 HA+ 1146.457

HICWAD1375

WADHLE 1.158 0.132 0.780 8.763 0.000 0.467 2.140

39.557 0.000 73.3%

HA 25.993 5.771 0.531 4.504 0.000 0.266 3.756

HL 0.317 0.056 0.422 5.671 0.000 0.671 1.491

β 12.742 4.472 0.265 2.849 0.006 0.428 2.337

HLER −0.131 0.049 −0.173 −2.693 0.009 0.898 1.113

(Constant) −915.753 187.012 −4.897 0.000

Regression equation: HICWAD1375 = 1.158 WADHLE + 25.993HA+ 0.317HL+ 12.742 β− 0.131 HLER− 915.753

HICWAD1650

HR 0.072 0.006 0.929 12.384 0.000 0.651 1.535

49.929 0.000 73.2%

γ 17.030 5.574 0.262 3.055 0.003 0.500 1.999

HA 15.240 6.347 0.261 2.401 0.019 0.311 3.217

WADHLE −0.298 0.133 −0.168 −2.241 0.028 0.652 1.535

(Constant) 687.282 168.050 4.090 0.000

Regression equation: HICWAD1650 = 0.072HR+ 17.030γ+ 15.240HA− 0.298WADHLE + 687.282
++

HICWAD2000

WADHRE 0.909 0.081 0.731 11.225 0.000 0.943 1.061

68.660 0.000 82.4%
δ 23.198 4.476 0.347 5.183 0.000 0.891 1.123

HR 0.014 0.006 0.172 2.494 0.016 0.845 1.184

(Constant) −1203.202 168.803 −7.128 0.000

Regression equation: HICWAD2000 = 0.909WADHRE + 23.198δ+ 0.014HR− 1203.202

Table 6: Correlations between the parameters and the HIC15 values
and their effect degree.

Styling
feature
parameters

HICWAD1125 HICWAD1375 HICWAD1650 HICWAD2000

α P∗∗∗

β P

γ P∗∗

δ P∗∗

WADHLE P∗∗∗ N

WADHFE N∗∗

WADHRE P∗∗∗

HL P∗ P∗

HA P P∗∗ P∗

HR P∗∗∗ P∗

HLER N

P: positive correlation;N: negative correlation; ∗∗∗primary factor: the absolute
value of the normalization coefficient is the largest in the regression equation;
∗∗secondary factor: the absolute value of the normalization coefficient is
second in the regression equation; ∗tertiary factor: the absolute value of the
normalization coefficient is third in the regression equation.
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The main WADs in the side contour line of the hood
(WADHLE, WADHFE, and WADHRE) are important parame-
ters that affect pedestrian head injuries. WADHFE has the sec-
ond most significant effect on HICWAD1125 after α, and a
longer WADHFE can help to reduce pedestrian head injuries.
A long WADHFE indicates that the front end of the hood is
already rather high, which indicates that ensuring sufficient
space in the engine compartment into which the hood can
deform is easy. In addition, a long WADHFE indicates that
the front end of the hood can extend gradually toward the
back of the vehicle. In this case, the front part of the hood
can be designed to have a low stiffness, and the hood can also
be designed to have a small HA. These design measures are
favorable for reducing the HIC15 value. Conversely, a short
WADHFE indicates that the front end of the hood is low. In
this case, to satisfy the requirements for arranging the neces-
sary components within the engine compartment, the front
section of the hood needs to ascend steeply to provide suffi-
cient space in the engine compartment. Consequently, the
front section of the hood will have a high stiffness, and ensur-
ing sufficient space for the hood to undergo inward deforma-
tion will be difficult. The hoodmay also have a relatively large
HA. These factors are detrimental to the reduction of the
HIC15 value (Figure 6), which may be the cause of the nega-
tive correlation between WADHFE and HICWAD1125. To

improve the performance of SUVs in protecting child pedes-
trians’ heads, WADHFE should be increased, that is, an overly
low front-end design for the hood is inadvisable. In addition,
a smaller HA will facilitate better safety performance.

In this study, WADHLE is the primary factor that affects
HICWAD1375 and is positively correlated with HICWAD1375.
A longer WADHLE (896–1162mm) indicates that the
WAD1375 impact point is closer to the (leading) edge of the
hood. Because the hood has a higher stiffness at its front sec-
tion, a long WADHLE can easily produce a high HIC15 value.
Conversely, WADHLE has a negative but insignificant corre-
lation with HICWAD1650. A long WADHLE (896–1162mm)
indicates that the WAD1650 impact point is closer to the mid-
dle of the hood. Because the hood has a low stiffness in its
middle section, a long WADHLE can yield a small HIC15
value. Therefore, WADHLE should be decreased to improve
the total performance of the front and middle sections of
the hood of an SUV in protecting pedestrians’ heads.

WADHFE and WADHLE represent the WADs at the front
end of the hood and the leading edge of the hood, respectively.
WADHFE is negatively correlated with the HICWAD1125, and
WADHLE is positively correlated with the HICWAD1375
(Table 6). Although the ranges of WADHFE and WADHLE
overlap in their box plots (Figure 4(c)), for the majority of a
single SUV, the condition ofWADHFE<WADHLE is satisfied.
To reduce pedestrian head injuries, simultaneously increas-
ing WADHFE and decreasing WADHLE are not conflicting.
In several cases, WADHFE is longer than WADHLE, which
indicates that the hood leading edge may be located on the
grille in front of the hood. This situation may be more favor-
able for improving the performance of an SUV in protecting
pedestrians’ heads.

WADHRE (1802–2355mm) is the primary parameter that
affects HICWAD2000 and is also positively correlated with
HICWAD2000. Han et al. discovered that longer engine hoods
will cause more severe head injuries [13], which is consistent
with the finding of this study: a long WADHRE causes an
increase in severe head injuries. The side contour line of each
SUV model that was investigated in this study is extracted
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Figure 5: Statistical data on the angles between the tangent of the hood at the four impact points and the horizontal and schematics of the
required deformation distance of the hood (produced based on Lawrence et al. [20]).

Table 7: Result of Pearson’s product-moment correlation
coefficients.

HLEH BL BCH

WADHLE

Pearson correlation 0.940∗ 0.608∗ 0.612∗

Sig. (2-tailed) 0.000 0.000 0.000

N 78 78 78

WADHFE

Pearson correlation 0.857∗ 0.511∗ 0.629∗

Sig. (2-tailed) 0.000 0.000 0.000

N 78 78 78
∗Correlation is significant at the 0.001 level (2-tailed).
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from the bilateral symmetry plane. The rear edge of the hood
on the bilateral symmetry plane lacks any rigid structures,
such as support hinges and wipers. In addition, this study
only considers situations in which the headform impact
point is located on the hood and does not consider situations
in which the headform impact point is located on the rear
edge of the hood or the windshield. According to the results
of this study, reducing WADHRE when designing the styling
of an SUV will help to reduce the HIC15 value.

The HA and HL have a significant effect on and are pos-
itively correlated with child HIC15 values (HICWAD1125 and
HICWAD1375). Thus, a larger HA or a longer HL will
increase the severity of child head injuries, which is consis-
tent with the findings of the reference [13, 16], respectively.
During the development of an SUV model, the HA and HL
should be reduced. The HR is the primary factor that affects
HICWAD1650 and a tertiary factor that affects HICWAD2000; it
is also positively correlated with both HICWAD1650 and
HICWAD2000. This finding indicates that when the impact
point is closer to the middle section of the hood, the effect
of the HR on pedestrian head injury will be more significant
because a small HR corresponds to a more pronounced
protrusion of the hood and, consequently, a greater gap
between the engine and the hood, which can help to reduce
the HIC15 value. In the styling design of an SUV, reducing
the HR can improve its performance in protecting pedes-
trians’ heads.

This study has some limitations. First, the study is based
on the main styling feature line of a vehicle, namely, the side
contour line (located on the longitudinal symmetry plane of a
vehicle), and focuses on the head injury of the pedestrian
headform impactor when it impacts the hood of an SUV
model on the longitudinal symmetry plane. The performance
of other areas of the SUV (e.g., the front windshield), as
determined by other styling features, in protecting pedes-
trians’ heads and the effect of the relevant styling features
on the impact responses to an upper-leg impactor require
additional investigation. A styling design that shows excellent
performance in protecting pedestrians’ heads may not neces-
sarily perform well in protecting other body parts of pedes-
trians. Second, this study focuses on the relationships
between the styling features of an SUV and its performance
in protecting pedestrians, as evaluated using pedestrian
impactors. Although the results of this study can help to
improve impactor test results for SUVs, additional research

involving the use of human FE models is required to deter-
mine whether the measures recommended based on this
study can also effectively improve the actual pedestrian pro-
tection performance of an SUV. Therefore, a mesh morphing
method based on radial basis functions will be used to rapidly
morph a baseline vehicle frontal structure model into other
vehicle frontal geometry targets, so as to quantitatively eval-
uate the impact of styling features on pedestrian injuries.
Last, this study focuses on pedestrian head injuries based
on the styling features of a vehicle and does not consider
the specific structural design or the materials of the vehicle
components. A reasonable structural design and component
material optimization can help to improve the pedestrian
protection performance of an SUV. Attention should also
be paid to the structure feasibility of the styling design.

5. Conclusions

This study investigated the relationships between the styling
feature parameters based on the side contour lines of SUVs
and the HIC15 values obtained in pedestrian headform
impact tests using FE simulations and stepwise regression
analysis. Based on the results, relationships were established
between the HIC15 values at four impact points and the
selected styling feature parameters. Styling feature parame-
ters, such as the angle between the tangent of the hood at
the impact point and the horizontal; WADHLE, WADHFE,
and WADHRE; and HA, HL, and HR, had a significant effect
on pedestrian head injuries. During the styling design of an
SUV, reducing the angle between the tangent of the hood at
the head impact point on the side contour line and the
horizontal, increasing WADHFE, reducing WADHLE and
WADHRE, and reducing HA, HL, and HR can improve an
SUV’s performance in protecting pedestrians’ heads. The
regression equations obtained in this study can be used to
assess the performance of SUV styling designs in protecting
pedestrians’ heads during the styling design stage and pro-
vide styling designers with technical guidance for their artis-
tic creations.
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The car front bumper system needs to meet the requirements of both pedestrian safety and low-speed impact which are somewhat
contradicting. This study aims to design a new kind of modular self-adaptive energy absorber of the front bumper system which can
balance the two performances. The X-shaped energy-absorbing structure was proposed which can enhance the energy absorption
capacity during impact by changing its deformation mode based on the amount of external collision energy. Then, finite element
simulations with a realistic vehicle bumper system are performed to demonstrate its crashworthiness in comparison with the
traditional foam energy absorber, which presents a significant improvement of the two performances. Furthermore, the
structural parameters of the X-shaped energy-absorbing structure including thickness (tu), side arc radius (R), and clamping
boost beam thickness (tb) are analyzed using a full factorial method, and a multiobjective optimization is implemented
regarding evaluation indexes of both pedestrian safety and low-speed impact. The optimal parameters are then verified, and the
feasibility of the optimal results is confirmed. In conclusion, the new X-shaped energy absorber can meet both pedestrian safety
and low-speed impact requirements well by altering the main deformation modes according to different impact energy levels.

1. Introduction

The front car bumper system is a complex energy-absorbing
system in a car design [1] which must meet both the require-
ments of pedestrian safety [2, 3] and low-speed impact [4].
An energy absorber is often set between the bumper beam
and the bumper skin to absorb impact energy [5–7]. How-
ever, the bumper system design requirements of pedestrian
safety and low-speed impact are somewhat contradicting
regarding force and impact energy levels. Taking the foam
bumper energy absorber as an example, the absorber satisfy-
ing the low-speed impact well can be generally too stiff when
considering the impact with pedestrian lower extremities due
to the high force level. On the contrary, the situation is
similar. Besides, the traditional energy absorbers are usually
an integrated structure made of thermoplastic polymer or
foamed polypropylene (EPP) which could need an overall
replacement due to a local damage.

In previous studies, several attempts considering pedes-
trian safety and low-speed impact have been tried [8]. Yao
et al. designed a car-front structure on the purpose of pedes-
trian safety. The structure includes a mechanical cushion in
the car bumper for impact energy absorption and a bounce
device of hood cover triggered by outer force, and the
bumper performance was verified [9]. Wang et al. analyzed
the low-speed impact based on dynamic load strength tests
of three typical standards of bumper system [10]. Some
new bumper systems were designed using new materials
[11–14] or structures [15, 16] to achieve the purpose of
improving the crashworthiness under the two collision
circumstances. In study of Lv et al., a systematic method
had been performed to design and optimize the car front-
end structure in order to reduce pedestrian injury risks
[17]. Shuler designed a new bumper energy absorber using
engineering plastics, which included a body and the upper
and lower crushable members which would absorb more
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energy during impact [18]. Mohapatra designed a tunable
energy absorber which consists of a frame and a body includ-
ing a mount of tunable crush lobes to absorb the energy
during pedestrian and low-speed impacts [19]. But they
featured a complex structure, difficult to manufacture, and
still used an integrated structure. Davoodi et al. made a
conceptual design and a simulation verification analysis on
the bumper energy absorber with fibre-reinforced epoxy
polymer composite material [20]. But the energy absorber
was mainly in consideration of pedestrian safety without
detailed design description for low-speed impact. There-
fore, it is expected to design a bumper energy absorber
which can well consider the requirements of both pedestrian
safety and low-speed impact with evidently different impact
energy levels.

Composite material with resin matrix which performs
light-weighted, safe, and flexible performance in design and
manufacturing is being more andmore widely used in vehicle
bumper system [21–25]. The present study aims to design an
energy-absorbing structure of the bumper system with
composite materials which can adaptively adopt different
deformation modes according to the amount of impact
energy to benefit both pedestrian and low-speed impact.
Multiobjective optimization has also been implemented to
optimize the conceptual design of this energy-absorbing
structure in a realistic family car model, and its results are
compared with the original foam absorbing structure.

2. Methods and Materials

2.1. Conceptual Design of the X-Shaped Energy-Absorbing
Unit. To create a single structure with different energy
absorption phases, an X-shaped absorber made of Xenoy
composite is proposed as shown in Figure 1. The Xenoy
composite (PC/PBT 1103) with a density of 1145 kg/m3,
elastic modulus of 2317.48MPa, Poisson’s ratio of 0.3, and
yield strength of 33.19MPa is adopted. Its validated

simulation parameters of Mat 24 in LS-DYNA codes are pre-
sented and validated through the implemented experimental
tests using Instron 5984.

Initial geometric parameters of this unit are then
determined regarding the vehicle bumper system that would
be applied on, with the depth l=80mm, the width w=
40mm, R = 180mm, r = 10mm, t=2.5mm, and the height
h=56mm. The compression test is performed on the
X-shaped energy absorber with a U shape impactor at a
speed of 4 km/h. The compression force and energy-
absorbing curves are shown in Figure 2.

During the entire compression process, the X-shaped
unit shows different deformation modes with various force
levels and energy-absorbing rates. In the deformation stage
from 0 to 12mm, the unit begins to deform to an elastic limit
with low force level and low energy-absorbing ability. In
12~40mm deformation, the two sides of the unit arc get into
contact and begin to perform a self-locking status. This leads
to a rapid increase of energy-absorbing ability and force
levels of the X-shaped unit. In the phase of the deformation
higher than 40mm, the energy absorption unit totally kinks
together and is continuously compressed to a deformation
limit. Thus, a proper structure design with a number of
X-shaped units can be expected to meet different safety
requirements under various impact force and energy levels.

2.2. Design of Modular Bumper Energy Absorber.With regard
to impact energy levels and installation space in the realistic
car model, a modular energy absorber is designed as shown
in Figure 3(a). It includes fifteen X-shaped units and two
clamping boost beams to lock the units between them. The
absorber is installed between the bumper skin and bumper
beam as the location could be seen in Figure 3(b).

Based on the present car model and energy absorber
design, the finite element models of pedestrian lower legform
and low-speed impact are established using Hypermesh
software as shown in Figure 4 according to the 631/2009/
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Figure 1: Structural features and material properties of a single X-shaped energy-absorbing unit.
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EC regulation [26] and the CMVSS215 regulation, respec-
tively. The impact velocity of the legform is 40 km/h with
impact energy at 827.16 J. The low-speed impactor is set at
8 km/h with impact energy at 3207.01 J. Then, impact
simulations are initially performed.

2.3. Structural Optimization. To further improve the
performance of the new bumper system, multiobjective

optimization is adopted to determine the structural param-
eters of the modular energy absorber with X-shaped units.
Tests are designed using the full factorial method, input
factors are defined as X-shaped unit thickness (tu), X-
shaped unit side arc radius (R), and clamping boost beam
thickness (tb) in three levels (Table 1). Output indexes
include maximum tibial acceleration (MTA), maximum
knee bending angle (MKBA), maximum knee shear
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Figure 2: Energy deformation and load deformation curves of X-shaped absorber unit under compression.
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Figure 3: Schematic diagram of the (a) energy absorber and (b) installation position.
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Figure 4: Finite element models of (a) pedestrian lower extremity impact and (b) low-speed impact.
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displacement (MKSD), collider intrusion (CI), and bumper
deformation (BP).

Tests are performed adopting the Hypermesh software,
the full factorial experiments are detailedly made then.

3. Results and Discussions

The overall results of low-speed impact and pedestrian safety
tests are listed in Table 2. The correlation of output index
values to input structural parameters is shown in Figure 5.
As can be visualized in Figure 5, tu is the most influential
parameter of all these factors. MTA is also greatly influenced
by R, while the effect of tb is less. MKBA, MKSD, BD, and CI
are affected by tb a lot and the influence of R is slight.

Regarding pedestrian safety tests, Figure 5(a) reveals the
interaction effect between tu and R on MTA. The MTA value
considerably increases with the increase of tu at high levels tu
from approximately 4.2mm to 5mm. On the contrary, the
decline of tu leads to the decrease of the MTA at low tu values.
The influence of R on the MTA is less. For the values of R
from 80mm to 180mm, the MTA increases initially and then
decreases. The minimum MTA of 130 g is obtained at
approximately 3.8mm tu and 180mm R. The changes of
the MKBA value on tb and tu are presented in Figure 5(b).
It presents that increasing tu leads to decrease of the MKBA.
Similarly, the MKBA slightly increases with the decline of tb.
The minimum MKBA of approximately 4° is obtained at
3mm tu and 2mm tb. The dependence of MKSD on tb and
tu is presented in Figure 5(c). It is observed that the MKSD
notably increases with the increase in tu and is slightly
influenced by tb.

For low-speed impact tests, Figure 5(d) plots the influ-
ences of tb and tu on CI. The CI decreases from 95mm to
78mm with the increase of tu from 2mm to 5mm while
the effects of tb on CI are less. The effect of tu and tb on BD
values can be visualized in Figure 5(e). It is revealed that
BD increases to a maximum point and then decreases with
tu from 3mm to 5mm. BD has a gentle increase with the
increase of tb. The maximum BD of approximately 70mm
is obtained at 4.8mm tu.

After this, we adopt a set of samples to ensure that the
accuracy of the Kriging model is accepted. We use four cri-
teria to judge the accuracy of the model: R-squared (R2), root
mean square error (RMSE), relative average absolute error
(RAAE), and relative maximum absolute error (RMAE).
The values are 0.999, 0.131, 0.492, and 0.009, respectively. It
can be observed that this model is relatively accurate and
can be used for the subsequent optimization model.

Then, the multiobjective particle swarm optimization
algorithm including 511 iterations is selected to optimize
the design variables. Then, a relatively good result was

selected among the results, and the optimization results are
shown in Table 3. Since the above results are based on the
optimization results of the algorithm, analyses are performed
to verify the obtained structural parameters. The three opti-
mal structural parameters are substituted to the original finite
element model of pedestrian safety and low-speed impact.
Two contrast simulation models are established and the eval-
uation results are shown in Table 3.

As shown in Table 3, all damage index values of the opti-
mized structure are superior to the initial solution while sat-
isfying the requirements of the regulations. The error of the
value between the final verification and the optimal solution
is controlled within 15%. This indicates that the optimization
method used in this study is reliable.

The performances of pedestrian safety and low-speed
impact protection based on the traditional foam absorber,
the original X-shaped energy absorber model, and the
optimal verification model are compared and shown in
Figure 6. It should be noted that most risk index values of
the impact simulations with X-shaped energy absorbers are
reduced including all below the corresponding thresholds
compared to those of the impact simulations with the tradi-
tional foam absorber. One of the most important reasons

Table 2: Design of experiments with experimental conditions.

Run A B C
MTA
(g)

MKBA
(°)

MKSD
(mm)

CI
(mm)

BD
(mm)

1 1 1 1 139.1 4.46 2.40 113.47 49.70

2 1 2 2 149.3 4.05 1.40 102.02 44.72

3 1 3 3 124.3 4.11 1.60 101.35 44.22

4 2 1 2 138.5 4.71 2.09 85.69 64.79

5 2 2 3 148.3 7.11 3.97 82.08 65.26

6 2 3 1 140.9 4.56 2.50 83.44 54.66

7 3 1 3 171.5 6.86 3.24 80.56 72.83

8 3 2 1 162.8 6.02 2.97 79.04 67.56

9 3 3 2 179.0 6.42 3.27 78.76 68.43

10 1 1 2 156.4 4.01 1.48 106.99 47.42

11 1 1 3 130.8 4.14 1.66 101.77 50.24

12 1 2 1 127.3 3.93 1.54 110.68 46.73

13 1 2 3 124.9 3.99 1.59 95.75 49.35

14 1 3 1 148.6 4.42 1.61 110.17 46.62

15 1 3 2 143.6 4.00 1.44 101.55 44.37

16 2 1 1 138.1 4.87 2.33 90.84 42.60

17 2 1 3 143.4 5.28 2.38 84.15 67.08

18 2 2 1 133.5 4.33 2.06 84.34 64.84

19 2 2 2 144.6 4.64 2.14 83.30 65.90

20 2 3 2 135.9 4.55 2.13 82.43 64.30

21 2 3 3 141.7 5.15 2.39 80.90 64.01

22 3 1 1 164.3 6.06 2.86 87.40 68.89

23 3 1 2 170.9 6.32 2.93 81.03 69.03

24 3 2 2 159.4 6.39 3.14 78.10 68.31

25 3 2 3 161.2 6.89 3.58 77.35 68.04

26 3 3 1 183.8 6.02 2.96 79.59 68.43

27 3 3 3 194.9 6.89 3.68 77.90 68.70

Table 1: Levels of structural parameters.

Number Factor Case1 Case2 Case3

A tu 3mm 4mm 5mm

B R 60mm 120mm 180mm

C tb 1mm 2mm 3mm

4 Applied Bionics and Biomechanics
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Figure 5: Response surfaces showing simultaneous effects of (a) tu and R onMTA, (b) tb and tu onMKBA, (c) tb and tu onMKSD, (d) tb and tu
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Table 3: Multiobjective optimization results and verification.

Variables A B C MTA (g) MKBA (°) MKSD (mm) CI (mm) BD (mm)

Regular value — — — 150.0 15.00 6.00 165.00 64.00

Foam absorber — — — 221.58 7.80 3.21 77.78 67.56

Original results 2.5 180.0 2 143.6 6.41 3.29 111.93 53.91

Optimal results 3.2 146.4 3 127.0 4.50 1.93 93.55 51.55

Verification 3.2 146.4 3 134.5 3.88 1.76 94.81 47.09

Deviation — — — 5.91% 13.78% 8.81% 1.35% 8.65%
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Figure 6: Comparison of evaluation index values regarding pedestrian safety and low-speed impact.
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can be due to dual deformation modes of the X-shaped
energy-absorbing unit during various impacts with different
amounts of energy. In the pedestrian safety test, the units
absorb energy mainly before forming the self-locking struc-
ture and effectively decline the peak value of the impact force.
In the low-speed impact test, the X-shaped units absorb
energy mainly by the self-locking mode with higher energy-
absorbing efficiency.

It can be observed in Figure 6(b) that at 4ms, the leg
impactor gets into contact with the bumper skin which
leads to an elastic deformation of the X-shaped energy
absorber; the first peak is obtained. At about 7ms, the
X-shaped energy absorber reaches the elastic limits after
compressing and forms the second peaks. Further, when
the X-shaped energy absorption unit exceeds the elastic
limit to 13ms, the two arc sides get into contact with each
other to form a third peak. At 40ms, the energy of the X-
shaped energy absorption unit is gradually released, resulting
in a certain rebound.

Figure 6(b) shows that the X-shaped energy absorber
shows an evidently better energy absorption performance
when compared with the foam absorber. After using the
new energy absorber with the X-shaped units, the maximum
tibial acceleration related to pedestrian protection decreases
notably to 127 g. As shown in Figure 6(a), the impact load
is distributed to different compression stages to achieve the
purpose of reducing damage with multiple peaks instead
of a large acceleration peak of the traditional foam energy
absorber. When the leg impactor comes into contact with
the bumper skin and the X-shaped energy absorption unit
begins to compress, the tibial acceleration curve obtains
the first peak. Then, the energy absorber is continuously
compressed until its elasticity limit and until the second
acceleration peak is formed. Further, the elastic limit is
exceeded and a self-locking status of the X-shaped unit
is formed; the third peak is obtained. The maximum knee
bending angle and shear displacement are also significantly
reduced by 50% (Figures 6(c) and 6(d)) to 4.5° and
1.93mm, respectively. All these indicate that the X-shaped
bumper energy absorber adaptively adopts the small defor-
mation mode in the pedestrian safety test due to the low
impact energy.

In the low-speed impact test as shown in Figure 6(e), the
maximum deformation of the bumper has a significant
decline when comparing the new X-shaped energy absorber
with the traditional foam absorber. At the initial stages of
0~30ms, the X-shaped units are in the deformation phase
before two arcs are in contact and the two sides of the arc
are in contact with each other to form a self-locking struc-
ture, reaching a peak of 90ms while the energy absorption
capacity rapidly increases. It is revealed that the new bumper
energy absorber adaptively adopts the large deformation
mode in the low-speed collision test, which absorbs more
energy and significantly reduces the bumper deformation
peak, as shown in Figure 6(a). In Figure 6(f), the maximum
value of the collider intrusion has also been largely reduced
due to the structure optimization.

All of the above indicates that the new X-shaped energy
absorber shows a better performance in the present bumper

system compared to the traditional foam absorber, in partic-
ular to provide an effective force and energy-absorbing con-
trol through different deformation modes. Meanwhile, due
to the modular design, only the damaged bumper energy-
absorbing units during the impact need to be replaced and
the other units remaining intact can be used again which
means that the new energy absorbers are easy to repair in
an economical way.

In addition, the parameters of pedestrian safety and
low-speed impact are greatly improved after applying the
structural parameters obtained by the optimization algo-
rithm in this study. For pedestrian safety, the maximum
MTA decreases from 143.6mm to 134.5mm, the maximum
MKBA decreases from 6.41° to 3.88° with a reduction of
39.47%, and the maximum MKSD decreased from 3.29mm
to 1.76mm with a reduction of 46.50%. For low-speed
impact, the maximum CI decreases from 111.93mm to
94.81mm with a reduction of 15.30%. The maximum
value of BD reduces from 53.91mm to 47.09mm with a
reduction of 12.65%. All these indicates the efficiency and
contributions of the multiobjective optimization method
used in the design of the new energy absorber with the
X-shaped unit.

4. Conclusions

This paper proposes and designs a new conceptual type of
bumper energy absorber in a multioptimization method
considering the requirements of both pedestrian safety and
low-speed impact, which adopts a modular design in the
form of assembling with an X-shaped unit. This unit type
presents grading deformation modes with different energy-
absorbing rates and force levels. The results reveals that the
new bumper energy absorber proposed in this paper adap-
tively uses different energy absorption modes in different
collision forms based on the structural characteristics of its
own X-shaped unit and rapidly increases the energy
absorption capacity after self-locking. So, it performs a better
comprehensive performance compared to the traditional
foam-type energy absorber by effectively controlling the force
level and energy-absorbing rate. The modular design also
indicates its easy changing and fixing.

Besides, the multiobjective optimization of the structural
parameters is performed for the detailed design of the new
bumper energy absorber. The pedestrian protection and
low-speed impact performance of the new energy absorber
with optimized structural parameters are greatly improved,
and the requirements of pedestrian safety and low-speed
impact are better balanced.
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