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This paper presents a finite element model of the human lower extremity skeleton 
system to facil itate the investigation of dynamic responses of the lower extremity to lateral 
impact loading. The model consists of the femur, the tibia, and the knee l igaments. The 
geometry and mass distribution of the model were chosen to represent a 50th percentile 
male lower extremity skeletal structure based on anatomical measurements and available 
data. The model was constructed using solid hexahedron elements, shell elements and 
nonlinear spring-damper elements. Linear viscoelastic material was used to describe the 
mechanical property of the long bones. Boundary conditions were defined in accordance with 
the configuration of a car-pedestrian lateral collision. 

The model was implemented by means of the finite element program DYNA3D. The 
tibia segment of the model was validated against the published three-point bending test with 
human leg specimens. The whole model was validated against previously performed tests 
with lower extremity specimens at impact speeds of 30 and 1 7  km/h. A stress analysis was 
performed in terms of the injury mechanism of the lower extremity to a lateral impact loading. 
The calculated peak tensile stress in the model at impact speed 30 km/h is 1 60 M Pa which 
corresponds to the stress level of fai lure of the tibia. At impact speed 1 7  km/h the peak 
tensile stress is 1 02 MPa that is lower than the ultimate tensile stress of the tibia. 

The model facilitates the calculation of detailed physical quantities such as stress 
distribution within simulated structures, and contributes to a better understanding of injury 
mechanisms at the level of stress analysis. 

THE I NJURY M ECHANISMS of the human lower extremity in car-pedestrian collisions 
have been widely investigated in experimental studies with human cadaver specimens 
(Kramer, et al., 1 973; Pritz, 1 978; Bunketorp, 1 983; Aldman et al., 1 985). In these studies, 
fracture of the tibia or/and failure of the knee structure were frequently observed. However, 
injury mechanisms and tolerance levels of these body segments were only investigated in 
terms of measurements of dynamic responses, and d issection and damage inspection of the 
specimens after impact tests. lmportant parameters, such as stress/strain distribution within 
the biological structure cannot be assessed in laboratory tests with biological specimens. 
Therefore, numerical evaluations of the dynamic response of the human body segments in 
car-pedestrian collisions supplement experimental studies. 

Generally speaking, two approaches are commonly used in the mathematical modeling 
of human body segments: ( 1 )  modeling with the multibody system (MBS); (2) modeling with 
the finite element method (FEM). A MBS model of the lower extremity with a human-like 
knee joint has been developed to investigate the dynamic response and predict the injury 
risk of the knee and the leg to a lateral impact loading (Yang and Kajzer, 1 992; Yang et al., 
1 995). lshikawa et al. ( 1 993) developed a MBS model of a pedestrian and analyzed the 
influence of car-front components to impact response of the pedestrian model. The MBS 
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models are useful to predict kinematics, forces, accelerations etc. in  a dynamic system. 
However, these models cannot be used to calculate the detailed quantities within the human 
tissues such as stress and strain distribution. This disadvantage can be solved by using the 
finite element method. 

Three main problems should be taken into account in finite element modeling of the 
lower extremity: ( 1 )  the application of an appropriate type of finite elements for the structural 
modeling, (2) the appropriate material models and material properties of bones and soft 
tissues, and (3) the complex geometry of the lower extremity skeleton system. So far, in 
many models, attention has been focused on the geometry of the external surface of long 
bones. 

Defining complex geometry is a difficult and time-consuming task, especially when the 
solid hexahedron element is used to construct a long bone model. For this reason most long 
bone models with a refined geometry are described using shell elements (Bermond et al., 
1 993; Bedewi, 1 996). However, using a shell model is not sufficient for investigating the 
stress distributions within long bones. Furthermore, bones are unhomogeneous material 
exhibiting viscoelastic properties. In previous studies (Hobatho et al . ,  1 991 ; Bermond et al., 
1 993), the long bones have been usually assumed to be homogeneous, isotropic, linear and 
elastic. However, ignoring viscoelastic properties of long bones may significantly affect the 
response of the model to transient loads. 

The present study was aimed at developing a three dimensional FEM model of the 
lower extremity skeleton system to explore stress/strain fields in the lang bones and knee 
when the leg is subjected to lateral impact loading. In order to obtain a more accurate stress 
distribution in the long bone models, the tibia and femur were simulated with solid elements. 
The mechanical properties were defined as unhomogeneous in long bone models and 
described using the viscoelastic material law. The correlation between the calculated data 
and failure of the long bones to a lateral impact loading was investigated. This study shows 
that the FEM model of the lower extremity skeleton system can be used to predict the risk of 
injury to the lang bones and the knee associated with car-pedestrian collision accidents. 

METHOD AND MATERIAL 

The finite element program DYNA3D (Hallquist, 1 991 ) was used for modeling the lower 
extremity skeleton system. Attention was focused on the material and structural modeling of 
the femur, the tibia and the knee joint complex, which mainly sustain dynamic loading in a 
lateral impact. The geometry and structure of the lower extremity skeleton system was 
simplified due to the complexity of the problem and the necessity to define smooth meshing 
in the impacted area and in articular contact surfaces. Therefore, the patella, the fibula and 
the meniscus were not introduced into the model. 

CONFIGU RATION OF THE MODEL - Based on anatomical measurements ( Kajzer, 
1 991 ) and available anatomical data from the literature (Nyquist et al. ,  1 985), the dimensions 
and mass distribution of the lang bones were defined to represent the lower extremity of a 
50th percentile male. The mesh layout of the lower extremity skeleton model was generated 
by using the p re-processor I NG R I D .  The whole lower extrem ity skeletal model was 
supported by a plane which represented the ground. The friction coefficient between foot and 
ground was assumed to be 0.5. 

The Femur - The femu r  is the langest bone in  the body with an approximately 
cylindrical shape along its shaft and with an upper rounded head. The lower end of the femur 
consists of the condyles with articular surfaces that match the tibial plateau to form the knee 
joint. Due to its structure and material properties, the femur the strengest bone in the body is 
stiff. The femur model was represented by 3072 eight-node solid hexahedron elements. The 
shaft of the femur model was constructed as a cylindrical shape and was symmetrical about 
the longitudinal axis. The distal end of the femu r  model was enlarged to form the femur 
condyles with their  curved surfaces. The rounded head in  the proximal end was not 
described in the present study. 

The Tibia - The tibia is the second langest bone in the body. The proximal part of the 
tibia is enlarged to form the tibia condyles and a flattened area, the tibia plateau. The tibia 
model was represented by 5364 eight-node solid hexahedron elements. The shaft of the tibia 
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model was constructed with a cylindrical surface outside and ell ipsoidal surface inside, and 
was symmetric about the longitudinal axis of the long bone, but non-symmetric in the knee 
structure. The proximal end of the tibia model was enlarged to represent the tibia condyles. 
The articular surface of the tibia plateau was described with curved surfaces that match with 
the femur condyle articular surfaces. 

The Ligaments - The four ligaments were simulated to connect tibia and femur models. 
The medial collateral ligament (MCL) and the lateral collateral ligament (LCL) were modeled 
using four-node H ughes-Liu shell element (Hallquist, 1 991 ) and nonlinear spring element. 
The 1 44 shell elements and the 1 62 spring elements were used for each collateral ligament. 
The cruciate ligaments (ACL and PCL) were represented by 4 spring damper elements - 2 
elements for each cruciate ligament. 

The Foot - The foot was represented by 64 eight-node solid hexahedron elements with 
a concentrated mass 0.9 kg and attached to the distal end of the tibia. 

The Upper Body Mass - The upper body was represented by 64 eight-node solid 
hexahedron elements with a concentrated mass 47 kg attached to the proximal end of the 
femur. 

MATERIAL PROPERTIES - The behavior of l iving tissues such as long bones, 
carti lage, and ligaments is non-isotropic, nonlinear/quasi-linear viscoelastic (Viidik, 1 987; 
Cowin, 1 989; Fung, 1 993). The possibil ity of modeling such behavior in an explicit FEM 
code, as for  instance DYNA30, is  limited. For this reason, the living tissues in our  model 
were assumed to be isotropic linear viscoelastic material. 

The viscoelastic property is described in DYNA3D by the following equation for the 
shear modulus G :  

where 
Gs = short term shear modulus 
Gt = long term shear modulus 
ß = decay constant 

Long Bones - Specific material constants were defined for each part of the tibia and 
femur models to consider the unhomogeneity of the material properties in the tibia and the 
femur, such as cortical diaphysis, and cancellous epiphyses. The cortical bone forms the wall 
of the shaft of the long bones, and the cancellous bone was defined at each end. 

There is large variation of mechanical properties of living tissues between studies. For 
instance, Young's modulus of the cortical bone varied from 5 to 25 GPa (Saulgozis et al . ,  
1 971 ; Evans and Vincentelli, 1 974; Saulgozis, 1 975; Katsamanis and Raftopoulos, 1 990), 
and the range of Young's modulus for the cancellous bone varied from 0.6 to 2.2 GPa 
(Williams and Lewis, 1 982; Ashman et al., 1 989; Hvid et al., 1 989). In this study, Young's 
modulus was defined 1 6.5 GPa for cortical bone, 1 .65 GPa for cancellous bone. 

Lioaments - The l igaments are composed primarily of collagen and elastic fibers. The 
behavior of the l igaments is determined by the properties of the collagen and fibers. 
Considering the structural behavior of the ligaments, the MCL and the LCL ligaments were 
modeled with nonlinear spring-damper elements in combination with elastic shell elements. 
The spring elements were placed between nodes of each shell element in the direction of the 
ligament fiber. In the current study, the simplified geometry of the femur articular surfaces 
does not enable the implementation of a realistic structural modeling of the cruciate 
ligaments. Therefore, the ACL and the PCL were modeled with nonlinear spring elements. 

The material constants used in the current study are summarized in Table 1 .  The 
decay constant ß of bone applied in our model was based on the study by Laket and Katz 
(1 979). The decay constant ß was estimated with the viscoelastic behavior of human tibia 
bone in a relaxation period of time 1 O s. In the model, the density of bone was adjusted to fit 
the mass distribution of the lower extremity specimen used in crash tests. 

MODELING O F  LOWER EXTREM ITY SKELETON TO LATERAL I M PACT - The 
model was implemented by means of the finite element program DYNA3D. In  simulations of 
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dynamic response of the lower extremity skeleton to a lateral impact load, the l inear 
acceleration, the stress distribution was calculated, which yields detailed information related 
to failure of the knee joint and fracture of the tibia. 

Table 1 
Material properties of bones and ligaments 

(based on Yamada, 1 970; Evans, 1 973; Cowin, 1 989; and Funq, 1 993) 
Type of Tissue 

Properties Compact Cancellous Ligaments 
Bane Sone 

E = Young's modulus (MPa) 1 6500 1 650 1 0  
v = Poisson's ratio 0.35 0.35 0.3 
p = density (kg/m3) 1 850 676 1 069 

K = Bulk modulus (MPa) 23670 2367 -
Gs (MPa) 7890 789 -

GL (MPa) 6380 638 -

ß 0.5 0.5 -

A stress analysis was performed in  terms of the injury mechanism of the lower 
extremity to a lateral impact loading. Pedestrians involved in car collision accidents usually 
sustain an impact load from the lateral side. Most tibia fractures are thus attributed to a 
beam-type bending moments when a car bumper hits the leg from the lateral side. The 
beam-type bending of the tibia can result in compressive stress in the d i rect loading side and 
tensile stress on the opposite side of the tibia. The tibia bending fracture occurs as a results 
of excessive tensile stress. This phenomenon was simulated using the developed FEM 
model, and the calculated stress can be used to predict the risk of fracture of long bones 
under lateral bending load by comparing the calculated stress value with the corresponding 
ultimate stress in the long bones. In this way, we can also assess the fai lure of the knee 
structure such as ligaments and tibia condyles by comparing the calculated parameters with 
corresponding ultimate strength level. 

The strength of the long bones has been investigated in many studies (Yamada, 1 970; 
Saulgozis, 1 975; Nyquist, et al . ,  1 985; Katsamanis and Raftopoulos, 1 990). The ultimate 
tensile strength of femoral and tibial cortical bone in bone from 20 to 29 years of age was 
summarized by Yamada (1 970), and it is shown in Table 2. l nvestigation of age differences 
in ultimate bending strength of long bones shows that the average strength is the greatest 
between 20 and 29 years age. In the 50 to 59 age group the strength decreases to about 
90% of that in the younger group. 

Table 2 
Ultimate tensile strength of the cortical bones in the 20 to 29 age group 

(Data based on Yamada, 1 970) 
Bane cr1 (MPa) 
Femur 1 24 
Tibia 1 43 

cr1 = Ultimate tensile strength. 

The ultimate strength of the cancellous bone in the long bones, such as femoral and 
tibial epiphyses, is not available from literature. The ultimate strength of the cancellous bone 
in the other human body parts can be found from Yamada ( 1 970). For instance, in the 
lumbar vertebrae the ultimate compressive strength varies from 1 4  to 1 9  MPa. These values 
can be used as a reference to consider the cancellous bone failure in the present study. 

VALIDATION OF THE MODEL - The validity of the FEM model was evaluated by 
comparing the results from simulations and available results from previous tests. The tibia 
segment of the model was validated against the published three-point bending test with leg 
specimens (Nyquist, et al., 1 985). The whole model was validated against previous tests with 
lower extremity specimens (Bunketorp, 1 983; Aldman, et al . ,  1 985) . 

Three-Point Bendin!J of the Tibia - A simulation of tibia three-point bending was carried 
out with the FEM model of the tibia segment. This simulation configuration was based on the 
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test set-up in an experimental study (Nyquist, et al . ,  1 985). In  the study by Nyquist et al. the 
u nembalmed leg specimens were subj ected to dynamic th ree-point bending by a 
translational impact to the mid-span of the specimens at impact speeds from 2.4 m/s to 4. 7 
m/s. In  these tests, the two reaction forces (Figure 1 a) at the two supports were measured. 
The tensile stress in the mid-span of the tibia was calculated for each specimen based on 
the reaction force and section modulus of the tibia. Three tests at impact speed 3.7 m/s were 
chosen to compare with computer s imulation of tibia three-point bending. The tensile 
stresses resulted from these three tests are 1 50, 1 38 and 1 49 MPa (Table 3), and the mean 
value of the stress from the tests is 1 46 MPa. At this level of stress, fracture of all tibia 
specimens were obseNed. 
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Figure 1 .  (a) The time history of the reaction force measured in the three-point 
bending test with leg specimen (adapted from Nyquist et al. ,  1 985); (b) The 
FEM modeling of three-point bending of the tibia, load pulse F was based 
on the measured reaction force. 

Table 3 
Results from the tests of three-point bending of the tibia at 3.7 m/s 

(based on Nvauist, et al., 1 985). 
Test No. T ensile stress 

(MPa) 
1 27 1 50 
1 28 1 38 
1 29 1 49 

Averaqe 1 46 

I n  the present study, the configuration of FEM modeling the three-point bending of the 
tibia segment is shown in Figure 1 b. The tibia model was supported in the middle span of the 
tibial shaft by a cylinder which simulated the translational impactor used in  the tests. The 
tibia model was loaded at both proximal and distal ends with forces F (Figure 1 )  which were 
measured by Nyquist et al. (1 985) in the test at impact speed 3.8 m/s. The distance between 
the location of the two forces is 260 mm which corresponds to the distance between two 
supports in the test set-up. 
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Validation aoainst Test with Lower Extremity Specimen - The FEM model of the lower 
extremity skeleton system was verified against previous impact tests with lower extremity 
specimen (Figure 2b) (Bunketorp, 1 983; Aldman, et al., 1 985). I n  these tests, the lower 
extremities were amputated with a part of pelvis. Most of the muscles of the thigh were 
removed. The specimens were preloaded by a concentrated 47 kg mass connected to the 
pelvis, and the knees were set at extended position. The whole biomechanical system was 
then struck by a simulated car-front impactor. The experimental car-front impactor consisted 
of a bumper and a simulated bannet structure. For validation of the FEM model, available 
resu lts from these tests are the bumper impact forces, the linear accelerations of the leg 
measured near the center of gravity of the leg, and the registered failure of the leg bones 
and knee ligaments. The results from 1 O tests at impact speed 30 km/h and 4 tests at 1 7  
km/h were used in model validation. I n  the tests at impact speed 30 km/h, tibia fracture was 
observed in  6 of 1 0  cases, and the MCL and ACL ruptures occurred in  5 of 1 0  cases. I n  the 
test at impact speed 1 7  km/h, no lang bone fracture occurred, and the ligament rupture was 
observed in  all the cases, especially the MCL rupture occurred in  3 of 4 cases. 
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• 

PCL 
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Tibia 

Ground 
(a) 

Upper body 
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Figure 2. (a) The FEM model of the lower extremity skeleton system subjected to a 
lateral impact force, ACL-anterior cruciate ligament, PCL-posterior cruciate 
ligament, MCL-medial collateral ligament, LCL-lateral collateral ligament; 
(b) The set-up for the impact test with lower extremity specimen; (c) The 
load pulse used in the model, based on the measured impact forces in the 
test with lower extremity specimens (Bunketorp, 1 983). 

Figure 2a shows the FEM model of the lower extremity skeleton system subjected to 
the lateral impact force below the knee joint. The mass distribution in the model was adjusted 
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5.5 kg for femur and 3.8 kg for tibia to represent the lower extremity specimens used in  crash 
test (Bunketorp, 1 983). The response of the lower extremity skeleton system was simulated 
in the first 1 5  ms after impact. During the initial phase of the impact, the force applied to the 
lower extremity only occurred between protruding bumper and the leg. For this reason, in 
Simulations the lateral bumper impact force to the tibia segment was defined with a load 
pulse (Figure 2c) from crash tests. Because the load pulse was based on the impact force 
measured in crash tests with lower extremity specimens, the effect of the bumper impact to 
the leg bone is equivalent in the model to the impact load pulse. The corresponding peak 
value of impact force used in simulations was 3.8 kN for 1 7  km/h and 8 kN for 30 km/h. With 
this configuration, the response of the FEM model and the results from crash tests with lower 
extremity specimens are comparable. 

RESULTS 

The results are presented with peak values of the stress, distribution of the stresses in 
the mid-coronal plane of the tibia shaft and the knee joint area, the time history plots of 
stresses, the l inear accelerations of the tibia, the ligament elongation, and the relative 
displacement between articular surfaces. 

RESPONSE O F  THE TIBIA MODEL - I n  simulations of the three-point bending of the 
tibia model, the maximum tensile stress of 1 57.6 MPa was obtained at element 1 33 in mid­
span of the tibia shaft. Figure 3b i l lustrates the stress distribution in the mid-coronal plane of 
the tibia model at 7 ms after impact loading, and the time history of the tensile stress at 
element 1 33 is shown in Figure 3a. The results show that the concentrated tensile stress of 
1 57.6 MPa calculated from the simulation corresponds with the stress level 1 46 M Pa from 
tests by Nyquist et al. (Table 3) . A good agreement between results from the simulation and 
tests was obtained. 
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Figure 3. The results from the simulation of three-point bending of the tibia (a) time 
history of tensile stress; (b) stress distribution within the tibia model. 

RESPONSE O F  THE LOWER EXTREMITY SKELETON MODEL - Table 4 shows the 
results from two simulations of the lower extremity skeleton system to lateral impact forces 
3.8 kN and 8 kN, including the peak values for the linear accelerations of the tibia, the tensile 
stresses within the tibia bone, and the elongation of the MCL ligament. Figure 4 i l lustrates 
the time history plots of linear accelerations of the leg from simulations and test. Figures 5 
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and 6 i l lustrate the stress distribution in the mid-coronal plane of the model for the knee and 
upper part of the tibia. 

Table 4 
The peak values from the FEM modeling 

0 e ower ex rem11y s e e on s 1s em o a a era 1mpac f th 1 t •t k 1 t t t 1 t 1 . 
Peak impact force (kN) 3.8 

Acceleration (q) 140 

Tensile stress <MPa) 1 02 

MCL elonqation at 1 0  ms (mm) 7.5 

MCL strain at 1 0  ms (%) 21 

Transverse dislocation at 8 ms (mm) 9 
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Figure 4. Comparison of the time histories of the linear accelerations of the leg from 
the simulations (solid line) and tests (dot line) (Bunketorp, 1 983): (a) at 
impact speed 1 7  km/h; (b) at impact speed 3 0  km/h. 

DISCUSSION 
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� 

. 
� 

·- 11 

The tibia fracture resulting from lateral bending is  one of the important injury 
mechanism regarding car-pedestrian accidents. Since pedestrians involved in car collisions 
usually sustain an lateral impact load, most tibia fractures are attributed to bending moments 
when a car bumper hits the leg from the lateral side. The classical fracture patterns of a 
beam-type bending failure has been recognized in study by Nyquist et al. ( 1 985). The beam­
type bending of the tibia can result in compressive stress in the di rect loading side and 
tensile stress on the opposite side of the tibia (Figure 3). The tibia bending fracture occurs as 
a results of excessive tensile stress. This phenomenon and the bending strength of the tibia 
were investigated by using the developed FEM model of the lang bones in the present study. 
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Figure 5.  Stress distribution in the knee area from simulation with load pulse at 
impact speed 30 km/h: (a) at 5 ms, (b) 6.8 ms. 
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impact speed 1 7  km/h: (a) at 7.6 ms, and (b) 8.8 ms. 
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From the simulation of tibia three-point bending we found that the calculated maximum 
stress has a good agreement with the failure stress resulted from the tests by Nyquist et al. 
(1 985). lt indicated that the FEM model is able to predict risk of fracture of the tibia to impact 
loading. 

Based on the test set-up by Bunketorp et al. ( 1 983) we simulated the lower extremity 
skeleton system to lateral impact force below the knee joint. I n  this configuration, the similar 
stress distribution as that in the tibia three-point bending was found in the simulations. This is 
due to the same mechanism of the bending moment applied to the tibia shaft. The stress 
concentration due to the tibia lateral bending is observed at the tensile side of the tibia in 
impact area. At impact speed of 30 km/h, the peak value of the stress increases to 1 60 MPa 
5 ms after impact load. This stress value corresponds to stress level (Table 3) resulting in 
tibia fracture. The stress response simulates a typical fracture of the tibia called Messerer 
fracture in car-pedestrian collision accidents. This type of fracture starts on the tensile side of 
the tibia. At impact speed 1 7  km/h, the maximum tensile stress is 1 02 MPa 7.6 ms after 
impact load. The peak stress occu rred later than that for the impact force at 30 km/h . From 
Figure 6 the stress distribution from the simu lation with load pulse at impact speed 1 7  km/h 
can be seen. The peak stress level 1 02 MPa is lower than that for the load pulse at 30 km/h. 
This level of stress may not result in the long bone failure by comparing the ultimate tensile 
strength level of the tibia listed in Table 3. In the tests by Bunketorp et al. (1 983), the tibia 
fracture was over-represented at impact speed 30 km/h, but at the impact speed 1 7  km/h no 
tibia fracture occurred. 

There are another two important modes of response within the knee joint when the leg 
is subjected to an impact force below the knee: the transverse dislocation between articular 
surfaces in initial impact phase, and the rotation of the tibia about the knee joint. These two 
modes of responses correlate with two injury mechanisms: the shearing and bending injuries 
of the knee joint. 

A transverse dislocation between the knee articular interface occurs due to the delay of 
the femur movement when impact force is transmitted through the knee joint. Analyses of the 
motion of the knee joint during the transverse response (Figures Sa and 6a) showed that 
when a lateral impact occurs just below the knee joint the first response of the intra-articular 
can be transverse motion of the tibia condyle relative to the femur condyle. At the first stage 
of the impact the proximal end of the tibia was pushed forward in a lateral-medial direction, 
while the distal end of the femur remains stil l . At an impact speed of 30 km/h, the first peak 
transverse displacement of 12 mm was reached about 9 ms after impact, and 1 3  mm was 
reached 1 1  ms after impact at 1 7  km/h. The shearing displacement leads to the stretching of 
ligamentous structu res of the knee joint and a concentrate contact stress between the medial 
femur condyle and the tibial intercondylar eminence (Figure 5) .  The knee resistance to the 
transverse displacement may primarily result from the contact between the medial femur 
condyle and the tibial intercondylar eminence. At this moment, there exists increasing 
contact stresses on the facet of the intercondylar eminence and the medial femoral condyle. 
The transverse fracture of the tibial intercondylar eminence and/or fai lure of the femoral 
cartilage may occur, when the stresses exceed its tolerance level. 

A high risk of MCL failure was predicted in this type of impact loading to the knee joint 
in the simulations. When the knee was laterally bent, the MCL is stretched by a tension force 
while a compression force is acting on the lateral side of articular interface due to the contact 
of the lateral condyles. In  the simulations, the MCL strain 1 o ms after impact was 2 1  % for 
load pulse at 1 7  km/h, and 34% for load pulse at 30 km/h. At the same time, concentrate 
stress might take place at both the medial and the lateral side of the entire knee joint (Figure 
5 and 6). The fai lure of the ligament components could occur in the tension side due to the 
difference of the ultimate tensile strength of the ligaments and ultimate compressive strength 
of the bone. The most frequent damage to the knee joint by lateral bending found in the 
experimental study was avulsion or rupture of the MCL (Bunketorp et al., 1 983). 

Validation of the FEM model showed that the model enabled the prediction of risk of 
long bone fracture and knee ligament failure in terms of the stress and strain analysis within 
the structural model. The model can also be used to analyze the injury mechanism of the 
knee and fracture of the leg in car-pedestrian collisions. Therefore the model presented in 
this study can be regarded as a useful tool for investigating the responses of the lower 
extremity in car-pedestrian collisions. 
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lt is necessary to mention that the ultimate stress level for the lang bones can be varied 
in different age groups in the range of 5 - 1 5% differences (Yamada, 1 970). We did not 
analyze the influence of the age difference to lang bone strength in the present study. 

During the past years, there has been increasing interest in FEM modeling of impact 
responses to human body segments due to the fact that the finite element solution for the 
human body comes closer to reality in terms of the geometry and material law. 

To perfect the current model, extensive validation studies must be carried out, both for 
a more accurate determination of the material properties and development of model itself, 
such as soft tissue models, accurate 3-D geometry, various material non-linearity and 
improved contact model. 

CONCLUSIONS 

Validation of the FEM model showed that the model makes it possible to predict the 
risk of long bone fracture and knee joint failure in terms of stress and strain analysis of the 
lower extremity skeleton system to lateral impact. 

The model can also be used to analyze injury mechanisms of the knee under lateral 
impact loading , such as the shearing and bending injury mechanisms of the knee. The 
following injury-related parameters can be analyzed: transverse dislocation between tibia 
and femur articular surfaces, ligament deformation, and stress distribution within the lang 
bones and knee joint structure. 

The validated model will therefore be useful for studies of car-pedestrian crash 
accidents. 
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