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ABSTRACT 
Current finite element (FE) models of the human 
lower extremity lack accurate material properties of 
the soft tissues (flesh, fat, and knee ligaments), which 
are needed for computational evaluation of pedestrian 
injuries. Medial collateral ligament (MCL) is the 
most frequently injured ligament in lateral impacts. 
Therefore, the accuracy of the viscoelastic 
mechanical properties of the MCL FE model is of 
crucial importance in modeling pedestrian impacts. 
During automotive impacts, the flesh and fat get 
compressed, absorb part of the impact energy, and 
transfer and distribute the rest of energy to the 
skeleton. Therefore, the compressive response of 
these soft tissues can affect the accuracy of bone 
fracture predictions and as a result the overall 
kinematics of the FE pedestrian model.  Quasi-Linear 
Viscoelastic (QLV) constitutive material models 
were assumed for MCL, flesh, and fat.  Their global 
properties in terms of material parameters were 
derived using uni-axial step and hold tests on 
cadaveric specimens.  The material models 
coefficients were derived by optimization.  The 
flesh/fat models were validated in lateral leg impact 
tests at 2.5 m/s.  The force-deflection results of the 
impactor, compared to other models, showed more 
biofidelity with respect to the cadaveric and volunteer 
data. 

INTRODUCTION 

 In the past decade, several finite element 
(FE) lower limb models have been developed in 
order to reproduce lower limb injuries in the car-to-
pedestrian collisions (CPC). Initially (e.g. Bermond 
et al. [1]) the surrounding muscles and the skin were 
neglected, and the knee ligaments were modeled 
usually by spring elements. Recently, due to rapid 
and continuously increasing of the speed of 

computers, more sophisticated FE lower limb models 
have been developed. These models have accurate 
geometry obtained from CT and MRI scans from 
human volunteers (Beillas et al. [2], Takahashi et al 
[3]) or from Visible Human Database (Untaroiu et al. 
[4]), and the flesh and knee ligaments were meshed 
with shell and solid elements.  However, the accuracy 
of FE models depends not only on the quality of the 
model geometry (e.g. anatomical surfaces, the 
number of components modeled, or mesh quality), 
but also on the biofidelity of the material properties 
assigned to the FE components.  

Flesh and skin (fat) cover long bones of the 
lower limb.  During automotive impacts, these soft 
tissues get compressed, absorb part of the impact 
energy, and transfer and distribute the rest of energy 
to the skeleton.  Therefore, the compressive response 
of these soft tissues affect the severity of bone 
injuries and as a result the overall kinematics of the 
FE pedestrian/occupant model.  McElhaney [5] 
conducted in-vitro compression tests of bovine 
muscle along the direction of the fibers.  He 
published the loading stress-strain curves at various 
strain rates, but the strain data was limited to strains 
above 35%.  The loading in a pedestrian impact is 
typically transverse to the muscle fiber direction. 
Therefore, the material properties derived in [5] may 
not be applicable.  However, due to the lack of 
additional test data, in human FE models reported in 
the literature (e.g. [2]), it was assumed that the 
muscle and fat were linear elastic with Young’s 
modulus about 1 MPa based McElhaney’s stress-
strain curves. In lower extremities of the H-Model [6] 
the flesh properties were estimated using impact tests 
on anterior and posterior thigh and the greater 
trochanter of human volunteers.  The flesh material 
properties were expressed in the form of a nonlinear 
viscoelastic model that consisted of a nonlinear 
elastic stiffness in parallel with a viscous damper.  
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The nonlinearity of spring and damper depended on 
the ratio of the current to the initial volume.  
Considering the fact that soft tissues are almost 
incompressible (volume ratio is almost one) and 
highly viscoelastic, this material model could 
simplify their behavior. Snedeker et al. [7] and Ruan 
et al. [8] used the linear viscoelastic materials for 
flesh FE models and elastic material for skin models, 
but significant differences (more ten times) appear 
between their parameters.  All these facts suggest the 
need for further investigation of the material 
properties of lower limb flesh and skin. 

Medial collateral ligament (MCL) is the 
most frequently injured ligament in lateral impacts.  
Therefore, the accuracy of the viscoelastic 
mechanical properties of the MCL FE model is of 
crucial importance in modeling pedestrian impacts. 
MCL, as all knee ligaments, is highly anisotropic 
material consisting of a ground substance material 
reinforced by collagen and elastin (Weiss and 
Gardiner [9]). Collagen provides the major resistance 
in tension and negligible resistance in compression. 
In the literature, the mechanical properties of 
ligaments are provided as structural properties 
(derived from tensile test of the bone-ligament-bone 
structures), or material properties (derived from tests 
on isolated ligaments tissues). Structural properties 
depend on the global material properties, the 
direction in which the ligament is pulled, and the rate 
of loading. In FE models, the structural properties 
can be used only if the ligaments are modeled with 
one-dimensional elements (linear or non-linear 
springs). However, this approach is incapable of 
simulating the bone-ligament and ligament-ligament 
contacts, cross-sectional variation of ligament, and 
the stress distribution around the insertion sites. For 
two-dimensional (shell) or three-dimensional (solid) 
representations of ligaments, the material constitutive 
properties are needed.  However, in the literature 
only one study reported material property data of 
MCL. Quapp and Weiss [10] conducted tensile tests 
at a strain rate of 1% sec-1 on dog-bone shaped 
samples taken from the anterior-central two-third 
regions of ten human MCLs along the collagen fiber 
direction (longitudinal).  The material properties 
obtained along the collagen axis were close to the 
average data reported by Butler et al. [11] (average of 
LCL, PCL, and ACL), and it was twenty times stiffer 
than the properties found in the transverse direction.  
Anisotropic hyper-elastic constitutive models were 
used to describe the tensile properties in both 
directions.  The material coefficients were obtained 
by optimization. MCL is also a viscoelastic material, 
but its viscoelasticity in the domain of milliseconds, 
characteristic to the car crashes, is poorly understood.  
Woo et al [12] determined the material properties of 

rabbit MCLs at five strain rates, from 0.008 mm/sec 
to 113 mm/sec. Tensile strength and ultimate strain 
increased slightly with increasing strain rate, whereas 
tangent modulus remained essentially unchanged.  
Based on this Weiss and Gardiner [9] concluded that 
the strain rate dependency had relatively small effects 
on ligament material properties.  Yamamoto et al. 
[13] conducted dynamic tensile tests with femur-
MCL-tibia complex obtained from female Japanese 
white rabbits.  The strain rate was changed from 0.01 
mm/sec to 300 mm/sec and a significant strain rate 
dependency was observed for the entire region of the 
stress-strain curve. The brief review of the reported 
material properties for MCL shows that its material 
properties, especially the viscoelastic ones, are poorly 
understood and need for further investigation. 
 The objectives of this work were to 
determine the material properties of lower limb soft 
tissues (flesh, fat, and MCL) and to evaluate their 
ability to describe the global response of the 
corresponding human tissues.  To achieve these 
objectives, step and hold uniaxial tests on cadaveric 
specimens were performed.  According to the main 
loadings which appear in the soft tissues during the 
pedestrian accidents, the flesh and fat samples were 
loaded in compression, while bone-MCL-bone 
complex was loaded in tension.  The quasi-linear 
viscoelastic theory (QLV) [14] was selected to 
characterize the properties of the soft tissues under 
study. The material model coefficients were derived 
by optimization. 

MATERIAL IDENTIFICATION 

Quasi-Linear Viscoelastic (QLV) Theory 

Soft tissues have a time-dependent behavior 
which can arise from fluid flow in and out of the 
tissue, or from inherent viscoelasticity of the solid 
phase (Weiss and Gardiner [9]). Fung [14] has 
proposed the QLV theory which had been widely 
used in mechanics in order to describe the soft tissue 
behavior.  The main assumption of this theory is that 
the elastic response and the relaxation function are 
separated in the convolution integral representation 
of the stress, as shown in the following expression for 
a uniaxial loading condition: 

∫ ∂
∂

−=
t e

dtGt
0

)]([)()( τ
τ
τλστσ   (1). 

where  is the elastic response,  the relaxation 
function, and 

eσ ( )tG
( )tλ  is the stretch ratio time history. A 

material model with this formulation implemented in 
Ls-Dyna was used in the material identification 
processes. A brief description of this material model 
is provided in this section. 
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The soft tissue is considered as a composite 
material which consists of collagen fibers embedded 
in a softer isotropic (ground) material. The strain 
energy function of the soft tissue material, as was 
formulated by Weiss [15], has three terms: 

321 WWWW ++=   (2). 
The first term models the ground substance matrix as 
a Mooney-Rivlin material: 

( ) ( )33 22111 −+−= ICICW  (3). 
where and  are the invariants of the right 
Cauchy deformation tensor. The second term 
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( )λFW =2  is defined to capture the behavior of 
crimped collagen in tension and it works only in the 
fiber direction defined in the model.  Its derivative 
(i.e., stress) has an exponential function which 
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function once they are straightened past a critical 
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(4). 
The role of the last term in the strain energy function 
is to ensure nearly-incompressible material behavior: 

( )[ ]2
3 ln

2
1 JKW =   (5). 

where is the third invariant of the 
deformation tensor (change in volume) and K is the 
bulk modulus.  It is recommended that the bulk 
modulus should be two-three orders of magnitude 
larger than . The reduced relaxation function 

Fdet=J

1C ( )tG  
was represented by a Prony series: 
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where  and  terms are the spectral strengths and 
characteristics times. Thee terms were used for MCL 
and two terms for flesh and skin, 
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MCL Material Identification 

A representative bone-MCL-bone specimen 
was extracted while its ends were potted in the fully 
extended position. The proximal potting cup was 
rigidly fixed and the distal cup was pulled along the 
longitudinal axis of tibia. First, the specimen was 
subjected to a ramp-and-hold test with constant 
tensile ramp of 3 mm in 30 ms and approximately 

600 seconds hold time. The second test was a quasi-
static test to failure on the same specimen. In both 
tests the time histories of force and displacement 
were recorded. For MCL material identification, the 
components of the UVA-GM FE model [4] were 
used (Figure 1).  

 
The MCL specimen had geometrical characteristics 
(length and medial cross-section) close to the MCL 
FE model. The insertion sites in the model were 
created using tied contact between bones and 
ligament. The direction of anisotropy (of collagen 
fibers) was defined in the material definition as the 
element normal in the longitudinal direction as 
illustrated in Figure 2. 

 
First, the quasi-static test was simulated.  The 
material coefficients were optimized, assuming the 
quasi-static test data as the target values and defining 
minimization of the root-mean-square (RMS) error as 
the objective function.  The optimization process was 
performed using the response surface methodology 
(RSM), a statistical method implemented in LS-Opt 
[16], used usually in design optimization.  The 
hyperelastic coefficients (C1-C5) were considered as 
design variables (independent parameters).  The 
design space (a multi-dimensional space) was defined 

Tibia

FemurMCL

Figure 1.  FE Simulation of the MCL Tensile 
Tests. 

MCL-Tibia 
insertion site 

MCL- Femur 
insertion site 

The direction of collagen fibers 

Figure 2.   The insertion sites of MCL FE 
model and the direction of collagen fibers. 
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as the ranges of hyperelastic coefficients, which were 
based on the data reported in [10].  The “best” design 
point (the set of hyperelastic coefficients provided in 
Table 1) were determined iteratively based on the 

responses (RMS errors) at the design points, which 
were optimally distributed throught the design space.  

The viscoelastic properties of the ligament 
were then determined from the dynamic ramp and 
hold test.  A three-term Prony series was considered 
to characterize the MCL relaxation behavior.  The 
long-term Prony coefficients (S3 and T3) were 
estimated directly from the relaxation data.  The two 
additional Prony coefficients (S1, T1, S2, and T2) were 
determined by considering both the ramp and hold 
periods and the same FE optimization procedure 
described above was conducted.  All MCL material 
coefficients obtained by FE optimization are 
provided in Table 1.  

The results of the simulations of quasi-static 
failure tests and dynamic ramp-and-hold tensile tests 
of MCL in comparison with experimental data are 
shown in Figures 3, and 4 respectively.  The elastic 
stress-strain relationship in a cubic sample of MCL in 
tension along the collagen fibers with optimized 
parameters was compared with the corridor provided 
in Quapp and Weiss [10]. 
 
Flesh and Fat Material Identification 

 The dynamic passive properties of flesh and 
fat were determined from step and hold unconfined 
compression tests on cadaveric samples, as shown in 
Figure 6.  Rectangular samples (20mm length and 
width, and 7 mm thickness) were excised 
perpendicular to the longitudinal axis of the leg from 
anterior thigh muscles and fat.  Four flesh sample and 
one fat sample were tested.  Approximately 20% 
compression was applied in 60 ms. 
 Structurally, fat tissue has no preferred 
direction and therefore can be considered to be 
isotropic.  Muscle tissue however can be assumed to 
be transversely isotropic with the axis of anisotropy 
being along the longitudinal axis of the muscle.  
Since compression tests were performed 
perpendicular to this axis, the muscle samples were 
assumed also to be isotropic.  As most of the other 
soft tissues, both muscle and fat were assumed to be 
nearly incompressible.  The material properties were 

Table 1. Optimized MCL material properties. 
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Figure 3.   Quasistatic tensile test of MCL; 
Comparison between the test data and FE 
simulation results. 
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Figure 4.  Dynamic tensile test of MCL; 
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Figure 5.  MCL stress-strain relationship; 
comparison between the material model 
determined from FE optimization and data 
reported by Quapp and Weiss [10]. 
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assumed to be visco-hyperelastic with a Mooney-
Rivlin strain energy function (Equation 3). 
 

Based on the boundary conditions on the unloaded 
faces (X2 and X3) of the sample and the 
incompressibility condition, the elastic stress in the 
compression direction (X1) can be derived as: 

)(
)1(2

2112
1

3
1

1 CCe
m +

−
= λ

λ
λ

σ   (7). 

Where λ1(t) is the stretch ratio history that was 
derived from the actuator displacement.  The 
experimental Cauchy stress history was calculated 
based on the compression force history F(t) measured 
by the load cell and the initial cross-sectional area A0 
with the following formula: 

( ) ( )
( )tA

tFte
2
10

exp1 λ
σ =   (8). 

Assuming a relaxation function of exponential form 
as shown in (6), the model and experimental Cauchy 
time histories were derived recursively from the 
convolution integral (Equation 1).  The actual ramp 
and hold inputs were used as arbitrary inputs and the 
convolution integral of Equation (1) was carried out 
numerically as in Puso and Weiss [17].  The material 
coefficients Ci and the coefficients of Prony series Si 
and Ti were optimized, assuming the experimental 
Cauchy stresses (Equation 8) as the target values and 
defining minimization of the root-mean-square 
(RMS) error as the objective function.  Minimization 
was carried out using the Solver package of 
Microsoft Excel, which uses a quasi-Newton search 
algorithm.  A comparison between the Cauchy stress 
obtained from experimental data and the stress 
calculated from the model using the optimized 
parameters is shown in Figure 7.  The average 
reduced relaxation function of flesh (muscle) and the 
reduced relaxation function of fat are shown in 

Figure 8. The average material properties obtained 
from flesh tests and fat data are provided in Table 2. 
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FLESH VALIDATION AT LATERAL IMPACT 

 In order to verify the global response of the 
QLV material models of flesh and skin developed in 
this study, the lateral impact tests to the leg 
performed by Dhaliwal et al. [18] were simulated. 
The optimized material properties were assigned to 
the flesh and skin in the lower limb finite element 
(FE) model of the 50th percent male developed by 
Untaroiu et al [4].  

0.1 1 10 100 1000

time (ms)

Fat
Flesh

Figure 7.  Comparison between the 
experimental and model results for flesh. 

Table 2. Material Properties of Flesh and Fat. 

Tissue 
C1

(kPa) 

C2

(kPa) 

S1

 

S2

 

T1

ms 

T2

ms 

K 

MPa 

Muscle 0.12 0.25 1.2 0.8 23 63 20 

Fat 0.19 0.18 1.0 0.9 10 84 20 

Figure 8.  The reduced relaxation functions 
of flesh and fat.

Sample 

Actuator 

Stationary 
Load Cell 

X

Figure 6. The apparatus for unconfined 
compression tests with a muscle sample. 
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The femoral head, distal fibula/tibia, and the skin 
nodes in contact with rigid foam blocks (on the 
opposite side of the impact) were rigidly constrained.  

The free flying impactor was a plate (45 mm by 142 
mm – impact area) with 1.84 kg mass and 2.5 m/s 
initial velocity, as illustrated in Figure 9.  The impact 
direction was inclined 30 degrees from the lateral 
direction as in [18] to protect the fibula. The densities 
of muscle and fat were assigned as 1000, and 800 
kg/m3 respectively.  In simulations, the impactor 
force and displacement of one point of the impactor 
were calculated.  The ratio of the energy lost by the 
impactor was obtained based on the initial velocity 

 and the rebounded velocity , as in [18]: initialV reboundV

1001
2

⋅
⎥
⎥
⎦

⎤

⎢
⎢
⎣

⎡
⎟⎟
⎠

⎞
⎜⎜
⎝

⎛
−=

initial

rebound

V
V

E   (9). 

Several simulations of the lateral impact test were run 
with other published flesh/skin material models 
mentioned before. Their simulation results, the 
results of the FE model with QLV skin/flesh models, 
typical test data of cadavers, Hybrid III dummy, and 
volunteers with relaxes and tensed muscles [18] were 
compared in terms of force-deflection response and 
the impact force histories in Figures 10, and 11 
respectively. Some characteristic parameters reported 
in [18] and their range from test data were compared 
to FE simulation results in the Table 3. 

Figure  10.   Force-deflection response; 
Comparison between FE simulation with QLV 
skin/flesh material models, other published 
models, and typical test data [18]. 
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Figure 11.  Impact Force time histories; 
Comparison between FE simulation with 
QLV skin/flesh material models, other 
published models, and typical test data [18]. 

Figure 9.  The impactor hitting the 
FE model. 

Flying impactor 

FE lower limb 
model [4] 
Table 3.  Comparison between test data [18] and 
FE simulation results for different flesh/skin 

material models used in the FE lower limb model. 
(Numbers in paranthesis indicate S.D.) 

 
Specimen/

FEM - 
skin/flesh 
material 
models 

Max. 
Force 

(N) 

Max. 
defl. 
(mm) 

Impact 
Time 
(ms) 

Energy 
Lost 
Ratio 
(%) 

Relaxed 
Volunteer 

498 
(52) 

21 
(3) 

24 
(2) 

82 
(4) 

Tensed 
Volunteer 

521 
(62) 

20 
(4) 

24 
(1.8) 

74 
(4) 

Cadaver 596 
(168) 

22 
(3) 

24.2 
(5.6) 

82 
(2) 

Dummy 535 
(8) 

24 
(0.1) 

34.2 
(0.5) 

60 
(1) 

FEM – [2] 802 14 18 45 

FEM – [6] 617 17 24 56 

FEM – [7] 1114 8.7 12.2 64 

FEM – [8] 702 15.3 21.5 41 

QLV 

material 592 20 24 64 
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DISCUSSION 

 The QLV material model developed in this 
study for MCL showed good agreement with 
experimental data in tensile tests.  In the dynamic test 
with 0.1 mm/ms displacement rate, approximately 
15% increase in the peak dynamic force was 
observed, which suggests that tissue viscoelasticity 
plays an important role in the response during impact 
scenarios.  The elastic stress-strain relationship of the 
model in tension along the collagen fibers was 
compared with the corridor provided in Quapp and 
Weiss [10].  The current material model was slightly 
stiffer at strains above 13% (Figure 5). This material 
model was determined by assuming a homogeneous 
anisotropic material for the whole MCL and 
optimizing its global tensile properties. However, 
MCL is inhomogeneous, particularly at the insertion 
sites, which could explain the difference observed in 
its local and global properties.   
 The global responses of the QLV skin/flesh 
material models developed in this study and other 
material models from the literature were compared 
with the published experimental data [18] for 
cadavers, Hybrid III dummy, and volunteers with 
relaxes and tensed muscles.  The model results using 
the identified material properties showed good 
agreement with the cadaver data in terms of the 
maximum force and displacement.  The ratio of 
energy loss (calculated based on the initial and 
rebound velocities) was 64%, which was smaller than 
the volunteer data (70-86%), but larger than the 
dummy data (60%), or other published material 
models (41-64%).  Such difference could appear due 
to inaccuracies in the determination of the Pony 
series coefficients as a result of the optimization 
procedure, the number of relaxation terms (three), the 
hold time (500 ms), and the limited number of 
cadaveric specimens tested.  Also friction at the 
impactor/skin interface contributes to the energy loss 
whereas in the FE simulation no friction was applied 
at the contact interface.  Overall, the model with 
QLV material property showed significantly better 
biofidelity than the model with linear elastic property 
in low speed impact tests.  
 The main limitation of the QLV soft tissues 
material models developed in this study is determined 
by the small number of samples used in the material 
identification processes.  Since the MCL geometry is 
not identical in all subjects, it is advisable that an FE 
model should be developed for each specimen based 
on its surface digitization.  In case of compressive 
material properties of flesh/skin, more validations are 
needed especially at high speed impacts.  

CONCLUSIONS 

 The global viscoelastic material properties 
of a representative MCL specimen were derived by 
FE optimization.  Results showed a higher stiffness at 
high strain values than the local properties derived in 
a previous study.  The viscoelastic properties 
obtained from the stress relaxation tests showed that 
tissue viscoelasticity increases the peak dynamic 
force by 15% at 0.1 mm/ms displacement rate.  
Studies of more specimens are underway and will be 
reported in the future. 

The passive material properties of muscle 
and fat were identified from unconfined compression 
tests on cadaveric samples using a QLV constitutive 
material model.  The global validation performed 
against published lateral impact test data using actual 
flesh/skin models showed more biofidelity than other 
material models used in the literature.  The high 
stiffness of several published muscle/skin models 
poses a question over the accuracy of the global 
validation results in which the skin was impacted.  
More validations tests are needed for the wide range 
of impact speeds observed in car-to-pedestrian 
collisions. 
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