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Abstract 

Pedestrian safety remains a major public health concern. Although numerical human body models are widely 

used in the automotive industry, most lack active muscle representation, a factor that can influence body 

kinematics during low-speed collisions. This study investigates how skeletal muscle activation impacts 

pedestrian kinematics and injury. A skeletal muscle model combining 3D tetrahedral and 1D line elements was 

developed. Passive behavior was modeled using the Ogden model, while active behavior was based on the Hill-

type muscle model. The model was validated against published data and integrated into a finite element 

pedestrian model. Four levels of muscle activation were applied to examine their effects on kinematics and injury 

metrics. Active muscle significantly influences pedestrian response during collisions. Models with active muscle 

demonstrated higher contact forces, head injury criteria, lower extremity bending moments, and knee shear 

distance but lower knee bending angles. For instance, at 20 km/h, comparing passive to fully active models 

revealed a significant 179% increase in Head Injury Criterion (HIC), a 10% decrease in knee bending angle, and 

a 7.7% increase in shear distance. Varying activation levels had a minimal effect on lower extremity forces and 

moments but influenced HIC and knee metrics. The same trends were observed at higher impact speeds. These 

results underscore that including active muscle behavior is essential for accurate pedestrian injury prediction in 

low-speed collisions. 

 

Keywords: Active muscle, Finite element simulation, Human body model, Pedestrian, Vehicle safety 

 

1 Introduction 

 

Globally, collisions between vehicles and pedestrians 

are a significant challenge for public health and road 

safety, accounting for 22% of all traffic collisions [1]. 

Urban areas, where vehicle-pedestrian interactions are 

frequent, are particularly high-risk zones. While many 

efforts have been made to mitigate pedestrian injuries, 

most improvements in vehicle design, such as more 

pedestrian-friendly front bumpers and bonnets, have 

focused on passenger cars. However, pickup trucks, 

which made up 17% of vehicle registrations in 

Thailand in 2021 [2], are also commonly used for 

passenger transport in urban areas where average 

speeds range from 17.6–21.8 km/h [3]. This increases 

the chance of pedestrian interactions. Since the 

kinematics and injury patterns of passenger car-

pedestrian impacts differ from those of pickup truck-

pedestrian impacts, developing effective modifications 

requires a thorough understanding of these dynamics. 
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To gain this understanding, crash experiments or, 

more commonly, numerical simulations are used. The 

use of virtual finite element human body models has 

gained increasing attention in the automotive industry. 

Many manufacturers now employ these models during 

the design stage to evaluate the performance of 

crashworthiness structures and safety systems. To 

date, several finite element human body models have 

been developed to simulate the roles of occupants and 

pedestrians in automotive safety [4]. Several 

researchers have already conducted studies on 

vehicle-pedestrian collisions using finite element 

human body models. However, most existing models 

were developed using cadaver data, which inherently 

lack active muscle function. Since cadaveric tissues 

cannot replicate reflexive contraction or neuromuscular 

activation, these models may underestimate real-

world injury responses [4]–[6]. In a real-world panic 

situation, such as when a pedestrian sees an oncoming 

car, the body's natural fight response prepares for 

impact. This response leads to an increase in the 

contractions of fast-contracting skeletal muscles, 

which are stimulated either directly or through our 

motor nerves [7]. Including active muscle in the model 

allows for a more accurate approximation of a living 

pedestria’s response, as real humans reflexively contract 

their muscles in panic situations before an impact. 

There have been attempts to develop active 

muscle models for separated body parts. Alvarez et al., 

[8] and Hedenstierna et al., [9] developed finite element 

model of neck muscles. They found that the muscle 

tonus affected the head impact location and direction. 

In addition, they reported that the Continuum muscle 

model was suitable for the impact simulations [8]. 

Iwamoto et al., [10] studied a 3D active and passive 

muscle model in an occupant human body model. 

They found that the neck with active muscles could 

affect neck elongation, as well as head linear and 

angular acceleration. Soni et al., [11] studied the 

effects of muscle contraction on the response of the 

lower extremity, focusing on lateral impacts and their 

effects on knee ligaments and bones. Various 

techniques have been proposed for active muscle 

modeling, including discrete Hill-type models [8], 

continuum muscle models [9], hybrid bar–solid 

element models [10], and 1D bar element approaches 

[11], [12]. However, most studies have focused on 

simplified geometries or isolated body regions, 

leaving a gap in tools that can evaluate whole-body 

pedestrian responses under realistic crash conditions. 

There is a clear need for human body models that 

incorporate active muscle behavior to better predict 

kinematics and injury outcomes. To address this, the 

present study integrates 24 active skeletal muscles 

with 3D geometry into both legs of the Total Human 

Body Model for Safety (THUMS) pedestrian model, 

enabling whole-body simulations of low-speed 

impacts with varying activation levels. This approach 

provides a novel tool for the study of the influence of 

different levels of lower extremity muscle activation 

on pedestrian kinematics and injury in realistic crash 

scenarios. The 3D real geometry of the muscle was 

utilized in this study. 

 

2 Materials and Methods 

 

The model was developed in LS-Dyna through three 

main steps. First, active skeletal muscle models were 

created and validated for each lower extremity 

segment. Second, these muscles were then integrated 

into the THUMS, a model previously developed by 

Toyota Motor Corporation [13]. Finally, a vehicle-

pedestrian collision model was established using the 

active muscle THUMS as the pedestrian. 

 

2.1 Skeletal muscles model development and validation 

 

The geometries of relevant skeletal muscles were 

obtained from the open-source BodyParts3D project 

[14], which is based on the size of an average Japanese 

male (172.8 cm in height and 65 kg in weight) [15]. 

These geometries were then modified to match the 

existing 50th-percentile THUMS model. In addition to 

geometry, the architectural properties of the muscles 

were needed. Muscle architecture, which refers to the 

physical arrangement of muscle fibers at a 

microscopic level, determines a muscle's functional 

capacity [16], [17]. These properties include the 

physiological cross-sectional area, which is the area of 

a muscle's cross-section perpendicular to its fibers. It’s 

used to describe the contraction properties of pennate 

muscles [18]. The pennation angle, defined as the 

angle between fascicle orientation and the tendon axis, 

affects force transmission, with maximal contractile 

force produced at the optimal fiber length and 

pennation angle [19]. Peak isometric force is defined 

as the maximum force that can be produced by the 

muscle at its optimal length [19]. To accurately model 

the complex musculature of the lower extremities, we 

gathered comprehensive architectural properties, 

including muscle origins, insertions, and pennation 

angles from several publications [20]–[26]. These 
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references were essential for collecting the data 

required to build an accurate model. The active muscle 

models were developed by selecting geometries and 

meshing them for a 2D shell first and then converting 

the 2D shell into 3D solid tetrahedral elements. Shells 

served only as intermediate meshing surfaces for 

creating the muscle models’ solid mesh. Once the 3D 

solid tetrahedral elements were generated, the 2D shell 

elements were deleted to avoid duplication and 

simplify the final model. The 1D beam element was 

created manually. The orientation of the 1D elements, 

which acted as muscle fibers, was set to be as similar 

as possible to the fiber orientation of real muscles.   

Figure 1 illustrates an example of the muscle 

model with the fiber orientation. The muscle model 

was developed by a combination of 1D elements and 

3D solid tetrahedral elements. Two-dimensional 

elements were not used because they cannot 

accurately represent the volumetric behavior or 

realistic fiber orientation that is critical for capturing 

muscle mechanics.  

 

                      
 

Figure 1: Active muscle model of Vastus lateralis (a) 

3D solid element (b) 1D beam element (c) 

combination of 2D and 1D elements. 

 

The Ogden material model was selected for the 

3D solid elements to describe the passive behavior of 

the muscle. The active behavior of the muscle was 

applied to the 1D elements. The three-element Hill 

muscle model [27] was employed to describe the 

active mechanical response of the muscle. Hill’s 

model consists of a Contractile Element (CE), a non-

linear spring in series (SE) and a non-linear spring in 

parallel (PE) as illustrated in Figure 2. 

 

 
Figure 2: Hill’s muscle model. 

The contractile element (CE) is responsible for 

the active tension of the muscle. It generates force 

within the activated muscle [28]. Force generation 

within the CE is a function of activation kinetics (a), 

force-length properties (FL), and force-velocity 

properties (Fv). The total active force generated in the 

CE can be expressed as a product of these components, 

as shown in Equation (1) [17]: 

 

FCE(L,v)=a(t)σ0 FL(L) Fv(v)            (1) 

 

Experimental studies [17] have demonstrated 

that the active force depends on the muscle’s length, 

reaching its maximum at the optimal muscle length 

Lopt. The relationship between the force and muscle 

length, known as the force–length relationship, is 

described in Equation (2): 

 

FL(L)=e

-(
(

L
Lopt

-1)

csh
)

2

                (2) 

 

where L is the total muscle‘s length and csh is a shape 

factor. 

In addition to the muscle length, the active force 

generated by the CE also depends on the shortening or 

lengthening velocity of the muscle fibers. This 

dependency is captured by the force–velocity 

relationship, which is given in Equations (3)–(5). As 

shown in these equations, the force decreases with 

increasing shortening velocity, whereas it increases 

asymptotically with lengthening velocity [17]: 

 

Fv(v)=0  v≤ -1  (3) 

Fv(v)=
1+v

1-
v

Cshort

   -1v<v≤ 0, v= 
V

V0

 (4) 

Fv(v)=x=

1+v
Cmvl

Clength

1+
v

Clength

    v> 0 

 

(5) 

 

where V0 is the maximum shortening velocity of the 

muscle. 

The SE smoothens rapid changes in muscle 

tension and provides an energy-storing mechanism, 

representing the tendon elasticity observed in real 

muscles. This reflects physiological tendon behavior 

rather than a numerical artifact [28]. The PE component 

is responsible for passive tension, which is the 

resistance a muscle generates when stretched without 

activation, mainly due to the elasticity of its connective 

+ = 
(a) (b) (c) 
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tissues. The total muscle force in a muscle can be 

expressed as the sum of the forces in the CE and the PE. 

 

2.2 Model setup for a simple impact test of an active 

muscle 

 

The developed active muscle model was validated 

with the results published by Iwamoto et. al., [10]. The 

stiffness characteristics were also studied from this 

simple validation test. The model set up for the 

validation is shown in Figure 3. The simple biceps 

brachii muscle model was placed on top of a rigid 

wall. Both ends of the model were fixed in all 

directions to mimic isometric contraction. An 

indentation force, ranging from 0–25 Newtons, was 

applied to the middle of the muscle.  

 

 
Figure 3: Model set up for stiffness validation of 

active muscle. 

 

2.3 Model setup to simulate concentric and eccentric 

contraction 

 

To determine whether the developed active muscle 

model could mimic the concentric (shortening) and 

eccentric (lengthening) contraction behavior of 

muscles, another set of simulations was conducted. 

For these simulations, the simple muscle model was 

fixed in all directions at its right end, as shown in 

Figure 4. Within the LS-Dyna material keyword, the 

contraction velocity was assigned a positive value to 

represent concentric simulations and a negative value 

for eccentric contractions. Specifically, a normalized 

value of +1.0 was used for concentric shortening, 

while a value of –1.0 was used for eccentric 

lengthening, which aligns with previous experimental 

findings [16]. 

 

 
Figure 4: Concentric and eccentric contraction 

simulation setup. 

2.4 Inclusion of muscle models in THUMS 

 

The validated muscle model from the previous section 

was employed. Twenty-four muscle models, 

representing the major lower extremity muscle groups 

critical for pedestrian biomechanics during impact, 

were inserted into both legs of THUMS as shown in 

Figure 5. This selection included muscles in the thigh, 

knee, pelvis, and shank, ensuring a realistic 

representation while keeping computational costs 

manageable. The muscles were attached to the bone 

by extending the fibers and creating shared nodes 

between the muscle and the bone, which is also 

depicted in Figure 5. 

 

            
 

Figure 5: THUMS model with active skeletal muscle 

in lower extremities. 

 

2.5 Crash simulation set up 

 

The pedestrian-vehicle crash simulation was set up as 

illustrated in Figure 6. The pickup truck model, which 

was validated against the US NCAP crash test, was 

obtained from the National Crash Analysis Center 

[29]. The THUMS had also been validated as reported 

in [13]. In the simulation, THUMS with active muscle 

models was positioned at the centerline of the pickup 

truck. The contact friction coefficient between the 

vehicle and THUMS was set to 0.3 [30], while the 

ground friction coefficient was 0.9. An impact speed 

of 20 km/h was selected for the primary simulation, as 

studies have shown that the average vehicle speed in 

cities is between 17.6–21.8 km/h [3], [31]. Muscle 

activation levels were determined based on studies of 

muscle activities in daily life [32]. While research by 

Tikkanen et al., reported that standing and walking 

typically involve 5–21% muscle activation, panic 

situations can lead to higher levels. Consequently, this 

study used four levels of muscle activation: 5%, 20%, 

50%, and 100%. A secondary simulation was also 

conducted at an impact speed of 30 km/h, which is the 

typical speed limit in community areas. In total, seven 

simulation cases were analyzed. 
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Figure 6: Pedestrian-vehicle simulation set up. 

 

2.6 Injury measures 

 

The THUMS model was prepared to measure 

pedestrian injury metrics, including head acceleration, 

lower extremity bending, and force. Head acceleration 

was measured at the head’s center of gravity (C.G.) to 

minimize the effect of head rotation. This 

measurement was used to calculate the Head Injury 

Criterion (HIC) for the pedestrian [30]. Figure 7 shows 

the location of the head’s C.G. in the THUMS model. 

To measure bending and force, the lower extremities 

were sectioned as shown in Figure 7. A cross-section 

was defined by a set of shell and solid elements 

connected by their respective nodes. A total of 32 

cross-sections were defined and distributed along the 

femur, tibia, and knee to capture local bending and 

shear at injury-prone regions, consistent with Euro 

NCAP injury protocols. Tibia acceleration was 

measured by accelerometers attached at point P9, as 

indicated in Figure 7. Knee shearing displacement was 

obtained by measuring the change in distance "D" 

between the lines joining points P1-P2 and P3-P4, also 

specified in Figure 7. Finally, the knee bending angle 

was measured as the angle between the vectors from 

P5 to P6 and P7 to P8 [33]. 

 

                        
 

 

Figure 7: Preparation for injury measures for (a) head 

acceleration, (b) lower extremities bending (c) knee 

shear displacement and angle. 

 

 

 

3 Results 

 

3.1 Active muscle model validation  

 

The current study's simulation results captured the 

stiffness change with a ±15% margin, showing 

reasonably good agreement with the findings of 

Iwamoto et al. [10], as depicted in Figure 8. This level 

of agreement is considered acceptable within the field 

of computational biomechanics, where model 

validation often accounts for inherent complexities 

and measurement variability in biological systems. 

Figure 9 shows the stiffness variation of a simple 

muscle model in isometric contraction based on 

different activation levels. The stiffness value was 

calculated when the muscle reached its maximum 

displacement. It was found that the muscle’s stiffness 

increased as the activation level also increased. 

 

 
Figure 8: Stiffness comparison between the present 

study and Iwamoto et al. [10]. 

 

 
Figure 9: Stiffness variation for different levels of 

activation. 

 

 

 

 

Velocity = 20 km/h 

(a) (b) (c) 

Head  
C.G. 
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3.2 Concentric and eccentric contraction simulation 

 

Concentric and eccentric contraction characteristics 

were simulated. The model can capture the contraction 

behavior of the muscles as shown in Figure 10. 

 

 
Figure 10: Total displacement of the simple biceps 

brachii muscle in concentric and eccentric 

contractions at 10% activation. 

 

3.3 Vehicle-Pedestrian crash simulation results 

 

3.3.1 Overall pedestrian kinematic behavior 

 

Figure 11 illustrates a comparison of pedestrian 

kinematics obtained from THUMS with varying 

muscle activation levels. Overall, the kinematics were 

similar across scenarios and consistent with the 

findings of Han et al. [30], [31]. Initially, the vehicle's 

bumper struck the right leg of THUMS, which caused 

the right thigh to bend. The upper extremity and pelvis 

were then impacted by the bonnet leading edge. 

Subsequently, the upper body began to bend around 

the front of the vehicle, lifting THUMS’s right foot off 

the ground, with both legs eventually leaving the 

ground. The torso then impacted the bonnet, followed 

by the head striking the bonnet. The timing and 

location of the head impact varied slightly depending 

on the muscle activation level. Specifically, the model 

without muscle activation impacted the bonnet 

slightly later (at 172 ms) compared to the model with 

100% muscle activation (at 168 ms). 

 Figure 12 depicts the head trajectory obtained 

from various activation levels. Differences become 

noticeable as the head moves downward toward the 

bonnet. The THUMS with active muscles had a head 

impact location slightly closer to the bonnet leading 

edge. Higher activation levels also slightly reduced the 

time to head impact. Differences in kinematics are also 

observed in the lower extremities, as shown in Figure 

13, which illustrates the trajectory of the length 

between the right and left toes. Front-end impact 

caused the right foot to roll inward toward the left, 

reducing toe length in the x-direction while z-length 

remained near zero as both toes stayed on the ground. 

As the feet lifted, the right foot moved beneath the left, 

and z-length increased until both were airborne, then 

decreased. For the full muscle activation case, 

maximum overlap occurred at x ≈ –85.2 mm and z ≈ 

200 mm, with a pronation angle of 24°, below the 

allowable limit of 30°. Overall kinematics were 

similar across activation levels, but differences in x- 

and z-lengths became more pronounced at higher 

activation levels, especially after both feet left the 

ground. 

 

 
Figure 11: Comparison of pedestrian kinematics for 

different levels of muscle activation. 

 

 
Figure 11: Comparison of pedestrian kinematics for 

different levels of muscle activation. 
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Figure 13: Comparison of change in length between 

right and left toes during collision. 

 

3.3.2 Contact force between pedestrian lower extremities 

and pick-up truck  

 

The resultant contact reaction force during the 

simulation is depicted in Figure 14. The trends of the 

contact reaction force between the model without 

muscle activation and the model with muscle 

activation were quite similar. Initially, the contact 

force increased rapidly, reaching its first peak caused 

by the bumper colliding with the thigh. As the lower 

extremity on the impact side began to bend and gain 

speed, the contact force gradually decreased. 

Subsequently, the contact force rose again, reaching a 

second peak when the upper body contacted the 

vehicle’s bonnet. Small peaks of force occurred 

thereafter due to contact between the right and left 

legs, followed by a gradual decrease in contact force. 

The first peak contact force of the model with active 

muscle activation (6.7 kN) was higher than that of the 

model without activation (4.9 kN). This occurs 

because muscle contraction increases limb stiffness, 

reducing deformation and transferring greater reaction 

force at the point of contact. The observed increase in 

contact force with activation is consistent with Soni et al. 

[11], who reported stiffer knee responses under 

muscle contraction. Minor differences were observed 

among the different levels of muscle activation. When 

considering the impact speed of 30 km/h, slight 

variations in resultant force were observed, with the 

model at 100% muscle activation showing slightly 

higher contact force (11 kN). Overall, higher impact 

speeds also led to higher contact forces. 

 

 
 

 
 

Figure 14: Comparison of the resultant contact force: 

(a) between models with and without muscle 

activation at 20 km/h; (b) among different muscle 

activation levels at 20 and 30 km/h impact speeds. 

 

3.3.3 Head injury criteria 

 

Head Injury Criteria (HIC) were calculated and are 

depicted in Figure 15. Figure 15(a) shows a 

comparison of the HIC values calculated from the 

model with a 20 km/h impact speed. The model 

without muscle activation exhibited the lowest HIC 

value (300.9), which is consistent with the findings of 

Han et al., at an impact speed of 20 km/h [31], The 

fully activated model showed the highest HIC value 

(841.4).  HIC values increased with the level of muscle 

activation. This increase is attributed to the higher 

stiffness of muscles, which results in a higher head 

impact velocity and consequently a higher head 

acceleration. Similarly, as shown in Figure 15(b), the 

trend in HIC values remained consistent at an impact 

speed of 30 km/h. However, the HIC value for full 

muscle activation (3261) was significantly higher, 

mainly due to the increased impact speed [31]. 

 

(a) 

(b) 
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Figure 15: Comparison of the Head injury criteria 

(HIC): (a) between models with and without muscle 

activation at 20 km/h; (b) among different muscle 

activation levels at 30 km/h impact speeds. 

 

3.3.4 Lower extremity injury measures 

 

The lower extremities were divided into the femur, 

knee, and tibia. Bending moments were obtained for 

the femur and tibia, while the shearing distance and 

bending angle were obtained for the knee. Figure 16 

provides a comparison of the maximum resultant 

moments in the femur and tibia. It is evident that the 

overall resultant moment along the right femur of the 

model without muscles was significantly lower (293 

kN/mm) than in the model with muscles (373.5 

kN/mm). However, muscle activation levels did not 

substantially affect the bending moment. 

At a higher impact speed (30 km/h), differences 

in the bending moment became noticeable at the tibia 

for different activation levels. Higher activation levels 

resulted in slightly lower bending moments at the tibia 

during the 30 km/h impact. 

 

 
Figure 16: Comparison of maximum resultant 

moment for different levels of muscle activation. 

 

 
 

 
 

Figure 17: Comparison of maximum knee bending 

angle, maximum shear distance for different levels of 

muscle activation (a) with impact speed of 20 km/h (b) 

with impact speed of 30 km/h. 

 

Figure 17 presents a comparison of the 

maximum knee shearing distance and bending angle. 

The model without active muscles exhibited a lower 

shearing distance (2.6 mm, considering magnitude 

only) compared to the model with fully activated 

active muscles (2.8 mm). Models with higher 

(a) 

(b) 

(a) 

(b) 
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activation levels showed slightly higher maximum 

shearing distances. Importantly, all knee shearing 

distances in this simulation remained within the Euro 

NCAP standard for knee injury, which sets a limit of 

3.5 mm, with an upper limit of 6 mm [34]. 

The maximum bending angle was highest for the 

model without active muscles (30˚) compared to that 

with active muscle activation (27.8˚). This maximum 

bending angle slightly decreased with increasing 

levels of activation. Similar trends were observed at 

the impact speed of 30 km/h. However, all results for 

the maximum knee bending angle exceeded the Euro 

NCAP limit of 15 degrees [34]. 

 

4 Discussion 

 

The pickup truck collision with the pedestrian human 

body model, both with and without muscle activation, 

exhibited similar kinematics at the beginning of the 

impact when the muscle was just activated. Some 

differences were observed after the impact when the 

lower extremities started to bend around the front of 

the vehicle. The head and foot trajectories differed 

after both legs left the ground. The difference in head 

trajectory also led to different head impact times. The 

model with muscle activation made head contact with 

the bonnet earlier, resulting in higher head 

acceleration and, consequently, a higher HIC. The 

maximum bending moment was obtained from 

various locations of the lower extremities. It was 

found that the model without active muscle exhibited 

a lower bending moment. The difference was clearly 

observed around the area where the bumper impacted 

the right femur and tibia. These results were mainly 

caused by the contraction of the muscles in the femur. 

When the muscles contracted, the femur experienced 

torque from the muscles because the contraction force 

among these muscles varied based on their 

architectural properties. This is why the model without 

muscles experienced a lower resultant moment than 

the model with muscles. The active muscle 

contraction made the knee joint stiffer than the knee 

joint without muscle activation. The model with active 

muscle showed a lower maximum knee bending angle 

but a slightly higher shear distance. Due to muscle 

contraction, the knee of THUMS with active muscle 

was more difficult to bend compared to the THUMS 

without active muscle. Consequently, the impact force 

from the vehicle was more transferred as shear force 

in the knee rather than producing bending 

deformation. All results of the maximum knee 

bending angle exceeded the Euro NCAP limit of 15 

degrees [34]. 

When comparing the effect of different levels of 

muscle activation on kinematics and injury measures, 

it was found that the muscle activation level slightly 

affected the head and foot trajectories during impact. 

Higher levels of activation led to higher levels of HIC 

values. The knee bending angle and shear distance 

were also slightly affected by the level of muscle 

activation; increasing the level of activation resulted 

in decreased knee bending but increased shear 

distance. However, the level of muscle activation had 

little effect on contact force and bending moment. At 

higher impact speeds (i.e., 30 km/h), the effect of the 

level of activation on kinematics and injury response 

was similar to that at 20 km/h.  

Live pedestrian crash tests on human subjects are 

not ethically feasible; therefore, this study relied on a 

validated human body model. Although direct human 

data are not available, the trends observed are 

consistent with experimental findings d biomechanical 

studies [8]–[11], supporting the reliability of this 

simulation-based approach. A limitation of the present 

muscle activation model is that it assumes uniform 

activation across all muscles. In reality, activation is 

non-uniform, with different muscle groups recruited at 

varying intensities and timings depending on reflexes 

and posture. EMG studies of panic reflexes, for 

example, show preferential activation of extensors, 

which may redistribute joint loading. As a result, our 

model may over- or underestimate local joint stresses, 

although the overall trends remain valid. 

 

5 Conclusions 

 

This study addresses a key limitation in pedestrian 

human body models by integrating active muscle 

representation to examine its role in low-speed 

collisions. A skeletal muscle model combining 3D 

solid and 1D line elements was developed and 

validated using Ogden and Hill-type formulations. 

Results from four activation levels (5%, 20%, 50%, 

100%) show that active muscles significantly alter 

pedestrian kinematics and injury outcomes. At 20 

km/h, the fully active model produced a ~179% 

increase in HIC, a 7.7% increase in knee shear 

distance, and a 10% decrease in knee bending angle 

compared with the passive model. Similar trends were 

observed at 30 km/h. These findings demonstrate that 

active muscle models provide a more biofidelic 

representation of human response in low-speed 

collisions, supporting the development of safety 

features such as deployable bonnets and pre-crash 

restraint systems. Overall, the results highlight the 

importance of including active muscle representation 
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in pedestrian models for more accurate injury 

prediction. 
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