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ABSTRACT 

 The field of injury biomechanics is constantly evolving, and with it, the tools 

available for researchers.  Computational modeling is one of these tools, specifically 

finite element human body models (HBMs). Finite element human body models can be 

used to investigate the mechanism and injury tolerance of various regions of the human 

body during blunt impact trauma through the use of computer simulation. These models 

can be used as a supplement to traditional crash test dummies for crash safety evaluation 

due to their affordability, ease of use, and increased available data points. As part of the 

Global Human Body Models Consortium (GHBMC) project, HBMs have developed and 

become more complex and biofidelic. They have also become more computationally 

expensive which may restrict usage from individuals with limited computational power. 

This motivated the development of faster running simplified HBMs similar to the detailed 

models, but restricted to analysis of kinematics and kinetics. In order to use the benefits 

from both types of models, we have developed an approach to modularly incorporate 

detailed components into the simplified models which allows the ability to obtain organ 

level response much faster than the full detailed model. The method has been 

implemented with the brain and thoracoabdominal cavity with comparable results to the 

detailed model, but with a time savings up to 90%. This thesis describes the 

implementation and evaluation of this modular method within the GHBMC 50
th

 

percentile male model. 
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Chapter I: Introduction and Background 
 

HUMAN BODY MODELING 

 Computational modeling is an innovative new tool in the field of biomedical 

engineering that provides an affordable alternative to physical testing. Specifically, finite 

element human body models (HBMs) can be used to study injury prediction in various 

accelerative loading environments [1-3]. HBMs have been validated through various 

hub/sled impacts of PMHS and human volunteer data [4-10].  

HBMs can be utilized as a supplement to traditional crash test dummies for 

vehicular crash safety evaluation. Comparatively, HBMs are less expensive, easier to 

setup, and have a vastly increased pool of data points when compared to crash test 

dummies. These benefits can provide researchers with the ability to gather large sets of 

data and run a variety of test setups much more easily and affordably.  

MOTIVATION FOR AID IN COMPUTATION EFFICIENCY 

 However, the computational resources required to simulate these detailed HBMs 

can restrict usage from individuals without access to adequate hardware. This has 

motivated the development of simplified human body models that can run much more 

quickly than the traditional detailed models. These simplified models have reduced mesh 

density and simplified soft tissue structures such as the thoracoabdominal organs and the 

brain [11, 12]. This limits the useable data from these models to kinematics and kinetics.  

 Thus, we have developed an approach to modularly incorporate localized, detailed 

components from the detailed models into the simplified models in order to obtain organ 

level tissue response in a much faster manner. This method has currently been explored 
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in the brain and the thoracoabdominal cavity, with the lower extremity capability in the 

future. Time savings with this modular approach have been observed to be as high as 10 

times faster as the fully detailed models, while maintaining model stability and biofidelity 

[11, 13].  

ALTERNATIVES TO MODULARITY 

 Alternative methods to the modular approach have been proposed which include 

isolating the targeted body region and prescribing the motion of the physical test data, 

specifically the head. The head can be isolated from the rest of the HBM and prescribed a 

specific motion from the experimental results which would then allow the physical brain 

response to be analyzed. However, this is only an effective technique for replicating 

experimental data where head motion is available. Future applications of HBMs involve 

discovery rather than validation, so models will be used for insight rather than 

comparison which would prove this technique ineffective.  

GLOBAL HUMAN BODY MODELS CONSORTIUM (GHBMC) 

 The Global Human Body Model Consortium (GHBMC) is a collection of 

automotive manufactures, universities, and government agencies whose goal is to create 

and maintain the world’s most biofidelic human body computational models [14]. The 

current GHBMC family of HBMs includes models of various size, stature, and 

complexity, all utilized for vehicle crash response. Both detailed and simplified occupant 

and pedestrian models of body sizes varying from a six year old, 5
th

 percentile female, 

50
th

 percentile male, and 95
th

 percentile male have been developed and validated though a 

number of blunt impact scenarios [15-17]. The family of GHBMC models can be seen in 



 3 

Figure 1. The goal of these models is to act as a standardized tool for researchers in the 

field of injury biomechanics to serve in the development and evaluation of motor vehicle 

safety.  

 
Figure 1. Overview of the GHBMC family of models.  
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CHAPTER SUMMARIES 

Chapter II: Quantitative Evaluation of Head Motion Kinematics Between Human 

Body Models of Varying Complexity 

 The evaluation of the method of modularly incorporating detailed components of 

a full body model into a simplified model for computational efficiency. This study 

focuses on a cross-comparison of head kinematics between a detailed model and a 

simplified model with a modular detailed brain.  

 

Chapter III: Modular use of Human Body Models of Varying Levels of Complexity: 

Validation of Head Kinematics 

 The validation of the 50
th

 percentile male detailed model, simplified model, and 

modular brain model against human volunteer data for head kinematics. The three models 

were validated against a reconstructed series of sled tests consisting of an 8g and 15g 

frontal, and 7g lateral sled pulse.  

 

Chapter IV: Validation of Detailed Organ Modularity in a Simplified Human Body 

Model 

 Expands on the approach from Chapter III, where the modular abilities to 

incorporate the detailed organs into the simplified model are accessed. The modular 

approach is compared against the detailed model through a series of hub impacts and a 

frontal sled pulse.  
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ABSTRACT  

Finite element human body models (HBMs) are used to investigate mechanisms and 

tolerance of the body to various injuries. However, the added complexity to achieve 

reasonable biofidelity in HBMs can lead to long compute times.  To combat this, paired 

models of distinct levels of complexity have been introduced, with the concept that high 

biofidelity components of a detailed version can be incorporated into the more simplified 

model in a modular fashion. Studies have shown significant run time savings by using 

this method with high-cost deformable components only included in regions of interest 

(e.g. the brain). However, slight differences in kinematics can lead to differences in strain 

histories in deformable components between the detailed and simplified models 

augmented with detailed components, reducing the effectiveness of this approach. The 

purpose of this study is to run three matched pair simulations of rigid impacts using the 

high fidelity GHBMC M50-O (v. 4.4), the computationally efficient GHBMC M50-OS 

(v. 1.8), and the GHBMC M50-OS_MB (v 1.8), which includes the detailed brain (v. 

1.8). The resulting head-neck kinematics were compared, and head kinematics of the 

simplified and detailed models were harmonized using the detailed model as the standard. 

A frontal impact (6.7 m/s chest impact), lateral impact (12 m/s plate impact) and one 

oblique impact (6.7 m/s to the ribs) were simulated. The run time was recorded and head 

and neck kinematics were output for each run.  All models show reasonable biofidelity in 

the simulations. The M50-OS reduced the run time for all three simulations by an average 

of 96% and the M50-OS+Brain did so by an average of 85%. The comparison of the 

detailed to simplified model head kinematic output was done quantitatively through the 

use of ISO TS 18571. The results showed average ISO scores of 0.57 for lateral impact, 
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0.78 for frontal impact, and 0.77 for oblique impact. A score of 1 indicates a perfect 

temporal match. The paired comparison of M50-OS to M50-OS_MB averaged higher 

ISO scores of 0.90 for lateral impact, 0.95 for frontal impact, and 0.86 for oblique impact, 

indicating that the addition of the detailed model brain into the simplified model has only 

a modest effect on head kinematics. 

Keywords Finite element model; Simplified; kinematics; Run time; Cervical spine 
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2.1  INTRODUCTION 

Computational modeling can be used to predict human body behavior in crash type 

environments. The Global Human Body Model Consortium (GHBMC) is one such 

model. GHBMC models are the product of industry-academia and government 

collaboration to develop a human body computational model to accurately portray the 

response of a human in impact simulations. The geometry of the model is obtained by 

human medical image scanning, with material properties given to each individual 

component of the body in order to replicate accurate response in a living human. These 

models can be run in a variety of simulations, but their complexity requires a large 

amount of computation time. The 50th percentile male model (GHBMC M50-O 4.4) can 

take up to ~20 hours to run a fontal impact simulation of roughly 150 to 200 ms on 48 

processors. Because of this large computational requirement, simplified versions of these 

models have been constructed. The model of interest for this study was the average male 

[1].  

Because of the high amount of computational resources required for the M50-O 

(average male detailed occupant), a simplified average male occupant model (M50-OS) 

was created to yield similar response characteristics as the detailed model but with a 

much lower computational cost. The M50-OS retains the same habitus and rigid bone 

structures as the detailed model, but with a reduced mesh density and simplified soft 

tissue structures in areas like the organs and musculature. In order to account for the 

absence of a brain, the simplified model has an individual mass node of 1.6 kg centered 

and constrained to the skull. These changes reduce computational time of the simplified 

model when compared to the detailed, while still retaining most kinematic properties of 
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the detailed model. A specific area of interest with the simplified model is the concept to 

incorporate high biofidelity components of the detailed version into the simplified model 

in a modular fashion. This new model (M50-OS_MB) would then have the ability to 

yield internal material responses of the brain while having the benefit of reduced 

computational time of the simplified model. 

The purpose of this study is to run two matched pair simulations (3 models total) of 

rigid impacts using the high fidelity GHBMC M50-O (v. 4.4), the computationally 

efficient GHBMC M50-OS (v. 1.8), and the GHBMC M50-OS_MB (v. 1.8). In order to 

see the full range of motion of the head, each model was simulated with a 6.7 m/s frontal 

chest impact (Kroell et al.) [2], 12 m/s lateral plate impact (Kemper et al.) [3], and 6.7 

m/s oblique impact to the ribs (Viano et al.) [4]. Specific response kinematics were 

analyzed for both matched pair comparisons for each of the three simulations. The 

accuracy of the results were quantified using the ISO/TS 18571 scoring index.  

2.2 METHODS 

Three models were used in this study; the M50-O detailed occupant GHBMC 

model [5], the M50-OS simplified occupant [6] and a modified simplified occupant in 

which the detailed brain model was incorporated into the simplified model (M50-

OS_MB). The skull of the M50-OS_MB was kept rigid as is observed in the M50-OS to 

give an equal comparison between the M50-OS and M50-OS_MB. The nodal 

connections of the brain were retained from the detailed model because the simplified 

and the detailed model share the same nodes on the rigid bony structures, i.e. the skull in 

this case. Any duplicate nodes that were introduced through integrating the brain were 

merged and the contact was checked for integrity.  
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The sign convention of the models follow the SAE J211 standard coordinate 

system. The targeted responses for each impact were dominant plane of motion. These 

were rotational X velocity and translational Y and Z displacement for the lateral plate 

impact, rotational Y velocity and translational X and Z displacement for the frontal chest 

impact, and rotational velocities and translational displacements for X, Y, and Z for the 

oblique impact, given its oblique trajectory. These selected motions around the specified 

axes were the primary modes of motion during each simulation. The motions excluded 

from this study did not show high magnitudes and were not relevant to the impacts 

respectively. The run time was recorded and head and neck kinematics of interest were 

output for each run. The goal was to compare the response accuracy of the M50-OS to 

the M50-O, and the M50-OS to the M50-OS_MB. The models of interest were then 

compared to each other through ISO 18571, and the corresponding results were recorded. 

We hypothesize that the M50-OS will adequately represent the detailed response, and 

that the addition of the brain should have a negligible effect on the kinematics of the 

M50-OS [6]. All models were run on the DEAC high performance computational cluster; 

   
Figure 2. The detailed model A. M50-O, and the two simplified models B. GHBMC M50-OS 

v1.8, C. GHBMC M50-OS_MB. Note the direction of the coordinate system in the models, 

where positive y is outwards from the right side of the head, positive x is outwards from the 

front of the head, and positive z is down through the spine.  

A B 
C 
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48 processors were used for all simulations. LS-Dyna R. 6.1.1 was used for all 

simulations.  

2.3 RESULTS 

The three models were successfully simulated through the lateral, frontal, and 

oblique impacts. The runtimes for the M50-O, M50-OS, and M50-OS_MB can be seen in 

Table 1 below. The simplified model showed a 97% reduction in computational time 

when compared to the detailed model. The M50-OS_MB retained a considerable amount 

of this benefit in the lateral plate impact by Kemper et al. [3] where it had an 85% 

reduction in computational time when compared to the detailed model. In order to see a 

fair comparison of the computational requirements between the three simulations, a bar 

chart comparison of the simulation rate (min/ms) is shown below in Figure 2.   

Table 1. Runtime comparison of the M50-O, M50-OS, and M50-OS_MB for lateral plate, 

frontal hub, and oblique hub impact.  
Runtime 

Simulation M50-O M50-OS M50-OS_MB 

Lateral [3] 1396 min 42 sec 43 min 34 sec 206 min 1 sec 

Frontal [2] 385 min 44 sec 16 min 28 sec 70 min 41 sec 

Oblique [4] 498 min 35 sec 15 min 15 sec 63 min 12 sec 

 

 
Figure 3. Bar graph comparison of the computational time (min) divided by the length of 
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the respective simulation (ms) for M50-O, M50-OS, and M50-OS_MB.  

A visual representation of the three simulations is shown in Figure 4 and the 

results of the three simulations are shown graphically in Figure 4. All three models are 

shown to behave with a reasonably similar response. To restate, not all motion in x, y, 

and z were obtained. Only rotational velocity and linear displacement in specific 

coordinates important to the simulation were measured and recorded. This was 

determined based on the dominant movements experienced by the models during 

simulation. 

   

Lateral Plate Impact  
(Kemper et al.) 

Frontal Chest Impact  
(Kroell et al.) 

Oblique Impact  
(Viano et al.) 

Figure 4. Shows a visualization of the M50-O during the three different simulations. 
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Figure 5. Resulting rotational velocity and linear displacement of the head CG of the M50-

O, M50-OS, and M50-OS_MB during a frontal 6.7 m/s chest impact, lateral 12 m/s plate 

impact, and oblique 6.7 m/s impact. 
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As seen in the results of the chest impact [2], negative rotational velocity of the y 

axis represents forward flexion as would be seen in a frontal impact. Rotational around 

the x and z axis was negligible and not included. The impact from Viano et al. [4] is a 

right side abdominal impact so forward flexion of the head is seen, as well as axial 

rotation in the positive y direction, represented by positive z rotational velocity. Lateral 

bending of the head, represented by rotational x velocity, varied from positive to negative 

rotation. All of these would be expected with this type of impact. As seen in the results 

from the lateral plate impact from Kemper et al., only rotational x velocity was included, 

representing lateral bending, because this was the only substantial rotational velocity 

observed. The linear displacements for each simulation were included based on the 

motion of the model through the simulation. A coordinate system visual representation 

can be seen in Figure 1 for reference.  

 

Table 2. ISO scores of phase, magnitude, and slope accuracy from the comparisons of M50-

O to M50-OS and M50-OS to M50-OS_MB. 

 M50-O—M50-OS M50-OS—M50-OS_MB 

Kemper et al. Phase Magnitude Slope Phase Magnitude Slope 

Rotational X Velocity 0.81 0.69 0.73 0.93 0.97 0.84 

Displacement Y 0.08 0.00 0.00 0.79 0.77 0.90 

Displacement Z 0.87 0.99 0.94 0.95 0.99 0.96 

Average 0.59 0.56 0.56 0.89 0.9 0.9 

Kroell et al. Phase Magnitude Slope Phase Magnitude Slope 

Rotational Y Velocity 0.90 0.95 0.78 0.92 0.99 0.93 

Displacement X 0.54 0.64 0.59 0.93 0.98 0.96 

Displacement Z 0.77 0.95 0.90 0.88 1.0 0.99 

Average 0.74 0.85 0.76 0.91 0.99 0.96 

Viano et al. Phase Magnitude Slope Phase Magnitude Slope 

Rotational X Velocity 0.81 0.93 0.79 0.85 0.98 0.93 

Rotational Y Velocity 0.96 0.92 0.80 0.96 0.93 0.92 

Rotational Z Velocity 0.73 0.16 0.70 0.88 0.82 0.87 
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Displacement X 0.82 0.82 0.89 0.70 0.70 0.71 

Displacement Y 0.52 0.54 0.80 0.82 0.90 0.84 

Displacement Z 0.78 0.99 0.93 0.89 0.97 0.94 

Average 0.77 0.73 0.82 0.85 0.88 0.87 

Three Simulation 

Average 
0.70 0.71 0.71 0.88 0.92 0.91 

 

Table 3. Scale of total ISO rating. 

Grade Rating (R) 

Excellent R>0.94 

Good 0.80<R≤0.94 

Fair 0.58<R≤0.80 

Poor R≤0.58 

The ISO [7, 8] scores for the two paired comparisons are shown in Table 2. There 

are three sub metrics of the ISO score used, phase, magnitude, and slope. Each one of 

these components represents a measure of the curve’s shape. The closer each one of these 

is to 1, the more accurate the two graphs are of each other [7].  

2.4 DISCUSSION 

 Previous studies have shown in a frontal sled test that if the kinematics of 

the head of the M50-OS match the kinematics of the detailed model that the material 

response of the components in the brain should behave similarly when compared between 

the simplified and the detailed models. Thus a major aim of this work was to characterize 

how closely these models mirror one another when looking at head kinematics in three 

distinct loading planes (frontal flexion, lateral flexion and oblique). The accuracy of the 

M50-OS to the M50-O varied based on the simulation. It showed to have the most similar 

results to the M50-O in forward flexion, represented by rotational y velocity in the frontal 

chest impact, and had good results in lateral flexion as seen in rotational x velocity in the 

lateral plate impact. The worst ISO score was y displacement in the lateral plate impact, 
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which indicates an area for further development. This could be attributed to the relatively 

simplified neck musculature of the M50-OS in comparison to the M50-O. 

The study focused on the brain as the modular component inserted into the 

simplified model. The brain injury is the focus of many studies in injury biomechanics.  It 

has been shown that the accelerative loading of the brain can lead to injury (e.g. 

concussion) [8]. These conditions can vary from automobile collisions to severe sports 

impacts. Future work will focus on correlating injury to the local deformation (strain) 

experienced by the brain during these events.   Modeling is a critical step in this process 

because it is very difficult to directly measure material responses such as strain in-vivo. 

Instead brain injury is often correlated to measures such as HIC and BRIC [8, 9]. 

However it is critical to quantify how well the kinematics of these models relate prior to 

such studies. This is true for both the M50-OS vs. the M50-O but also how modular use 

of detailed components affects the outcome predicted by the M50-OS.  

Traditional approaches to biomechanics research are limited by a variety of 

factors including the safety of volunteers and the accuracy of animal and cadaver testing. 

Computational models provide advantages over more traditional means of doing injury 

biomechanics research, such as through the use of Post-Mortem Human Subjects 

(PMHS), anthropometric test devices (ATDs) or animal models. They have some 

advantages over PMHS including accessibility, cost, ease of experimentation and because 

the living responses, such as muscle activation in living humans, can at least theoretically 

be modeled, which is not possible with cadavers. Many of the same advantages exist over 

ATDs They also can offer information specific to certain human body types so scaling is 

not required like in animal testing. In addition, computational models are more biofidelic 
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than dummy models because they are not restricted to specific physiological responses. 

There are specific dummies created for different types of impacts, where a single 

computational model can be used for a wide variety of simulations.  

As expected, the modular use of the detailed brain into the M50-OS was shown to 

have a minimal effect on the head kinematics. The M50-OS and M50-OS_MB correlated 

well in all observed simulation motions and received excellent ISO scores in most data 

sets. The lowest ISO scores were shown in x displacement from the oblique impact and y 

displacement in the lateral plate impact where they received mid to high 70 ISO scores 

which correlate to a fair comparison [7]. Any small changes in response of the M50-

OS_MB can be attributed to the mass node and the brain spring and damper system 

utilized by the M50-OS does not represent the presence of the brain precisely the same 

way as the detailed brain model (although it is quite close). However, these components 

were incorporated in the M50-OS in accordance to previous work by Dibb [10] and are a 

computationally efficient means to model the presence of the brain within the skull. 

2.5 CONCLUSIONS 

The M50-OS of the 50
th

 percentile male showed to correlate adequately to the 

detailed model where applicable information can be gained with future use. Incorporating 

the detailed brain into the M50-OS showed to negligible impact on the rotational and 

linear kinematic response. An average of the ISO scores from the three simulations 

indicated that the correlation of the M50-O to the M50-OS were fair whereas the M50-

OS to M50-OS_MB were good to excellent, according the proposed sliding scale from 

Barbat et al [7]. The latter signifies that adding the modular brain in the model does not 
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significantly affect kinematics. The M50-OS_MB showed the ability to yield brain data 

in the future, while retaining the computational advantages of the M50-OS.  
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ABSTRACT 

Objective 

The significant computational resources required to execute detailed human body finite 

element models has motivated the development of faster running simplified models (e.g. 

GHBMC M50-OS). Previous studies have demonstrated the ability to modularly 

incorporate the validated GHBMC M50-O brain model into the simplified model 

(GHBMC M50-OS+B), which allows for localized analysis of the brain in a fraction of 

the computation time required for the detailed model. The objective of this study is to 

validate the head and neck kinematics of the GHBMC M50-O and M50-OS (detailed and 

simplified versions of the same model) against human volunteer test data in frontal and 

lateral loading. Furthermore, the effect of modular insertion of the detailed brain model 

into the M50-OS is quantified.  

Methods 

Data from the Navy Biodynamics Laboratory (NBDL) human volunteer studies, 

including a 15g frontal, 8g frontal, and 7g lateral impact were reconstructed and 

simulated using LS-DYNA. A five-point restraint system was used for all simulations 

and initial positions of the models were matched with volunteer data using settling and 

positioning techniques. Both the frontal and lateral simulations were run with the M50-O, 

M50-OS, and M50-OS+B with active musculature for a total of 9 runs.  

Results 

Normalized run times for the various models used in this study were 8.4 min/ms for the 

M50-O, 0.26 min/ms for the M50-OS, and 0.97 min/ms for the M50-OS+B, a 32 and 9 



 24 

fold reduction in run time respectively. Corridors were re-analyzed for head and T1 

kinematics from the NBDL studies. Qualitative evaluation of head rotational 

accelerations and linear resultant acceleration, as well as linear resultant T1 acceleration, 

showed reasonable results between all models and the experimental data. Objective 

evaluation of the results for head CG accelerations was completed via ISO TS 18571, and 

indicated scores of 0.673 (M50-O), 0.638 (M50-OS), and 0.656 (M50-OS+B) for the 15g 

frontal impact. Scores at lower g levels yielded similar results, 0.667 (M50-O), 0.675 

(M50-OS), and 0.710 (M50-OS+B) for the 8g frontal impact. The 7g lateral simulations 

also compared fairly with an average ISO score of 0.565 for the M50-O, 0.634 for the 

M50-OS, and 0.606 for the M50-OS+B. The three HBMs experienced similar head and 

neck motion in the frontal simulations, but the M50-O predicted significantly greater 

head rotation in the lateral simulation.  

Conclusion 

The greatest departure from the detailed occupant models were noted in lateral flexion, 

potentially indicating the need for further study. Precise modeling of the belt system 

however was limited by available data. A sensitivity study of these parameters in the 

frontal condition showed that belt slack and muscle activation have a modest effect on the 

ISO score. The reduction in computation time of the M50-OS+B reduces the burden of 

high computational requirements when handling detailed HBMs. Future work will focus 

on harmonizing the lateral head response of the models and studying localized injury 

criteria within the brain from the M50-O and M50-OS+B 

Keywords 

Biomechanics, Computational modeling, Human modeling, Injury 
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3.1 INTRODUCTION 

Computational human body models (HBMs) can be used as tools to study injury 

prediction in accelerative loading environments ranging from vehicular crash (Arun, et 

al., 2016), to aerospace applications (White, et al., 2014), to sports applications (Post, et 

al., 2014). The Global Human Body Model Consortium (GHBMC) is one such model 

currently utilized for vehicle crash response. The GHBMC is an industry sponsored and 

government supported consortium with the aim of developing computational human 

models for the blunt injury environment.  

The GHBMC average male occupant (M50-O v4.4) finite element model was used in this 

study. The development of this HBM was based on a multi-modality medical image and 

external anthropometry dataset of a volunteer representing a 50th percentile male in terms 

of height (174.9 cm) and weight (78.6 ± 0.77 kg), described by Gayzik et al. (Gayzik, et 

al., 2011; Gayzik, et al., 2012). The model has since undergone numerous validation 

simulations at both the regional e.g. (DeWit, et al., 2012; Li, et al., 2010; Shin, et al., 

2012; Soni, et al., 2015) and full body levels e.g. (Hayes, et al., 2014; Toyota, 2010; 

Yang, et al., 2006). Additional information on the development of the model can be 

found in the GHBMC M50 user’s manual (GHBMC, 2011). 

The complexity of the detailed M50-O model requires significant computational 

resources, which motivated the development of a simplified average male occupant 

model (GHBMC M50-OS). The M50-OS yields similar response characteristics as the 

detailed model with a drastically reduced computational cost. The M50-OS retains the 

same habitus and rigid bone structures as the detailed model but has reduced mesh 

density and greatly simplified soft tissue structures. For example, the organs are 
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homogenized and the musculature is either represented as one-dimensional beam 

elements or considered part of the soft tissue envelope (Schwartz, et al., 2015). The neck 

model of the M50-OS is based on work by (Dibb, 2011). Research has shown that the 

M50-OS model runs roughly 32 times faster than the M50-O (Decker, et al., 2016). 

While details of the simplified model can be found in Schwartz et al., the present study 

focuses on head kinematics, thus the brain approach is revisited briefly. Rather than the 

detailed M50-O brain (Mao, et al., 2013), the M50-OS has a mass node of 1.6 kg at the 

CG of the brain, constrained to the skull. Previous studies have demonstrated the ability 

to modularly incorporate the validated GHBMC M50-O brain model into the simplified 

model (GHBMC M50-OS+B). Compute times were reduced by a factor of 9 compared to 

the time required to for the detailed model (Decker, et al., 2016). Despite demonstrating 

this capability, these models have yet to be independently validated.  

The Naval Biodynamics Laboratory (NBDL) conducted a study on head-neck response of 

human volunteers in frontal and lateral loading conditions. This test program consisted of 

16 subjects with a test database of 72 lateral and 119 frontal sled tests (Wismans, et al., 

1986). The NBDL data is a widely used kinematic dataset for model validation. While 

validation using these studies have been conducted on an isolated head and neck structure 

as part of the neck model validation of the GHBMC M50-O model, the accelerations 

were applied directly at T1 (GHBMC, 2011). The objective of this study therefore is to 

validate the head and neck kinematics of the GHBMC M50-O and M50-OS (detailed and 

simplified versions of the same model) against NBDL human volunteer test data in 

frontal and lateral loading using full body simulations. Given unknowns about the precise 

belt system for these tests, a sensitivity study on a number of parameters is provided for 
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the frontal configuration. Furthermore, the effect that modular insertion of the detailed 

brain model into the M50-OS is quantified. 

3.2 METHODS   

The overall approach for the study was to compare data from published human subject 

tests at 15g frontal, 8g frontal, and 7g lateral against the M50-O, M50-OS, and M50-

OS+B simulations. The methods section is broken into two parts. First, we present data 

procurement and preparation methods, followed by the computational model preparation 

and simulation methods.  

Data Procurement and Preparation 

An anthropometric comparison of human volunteer mean from the NBDL tests and each 

HBM was conducted (Figure A1). Volunteer subject head masses were determined using 

published regression equations (McConville, et al., 1980) and were reported by 

(Wismans, et al., 1986). Head center of gravity of the volunteers in the study was defined 

by Beier et al. and the anatomical origin of T1 was defined as the anterior superior corner 

of the first thoracic vertebral body (Beier, et al., 1979; Thunnissen, 1995). Model data 

were measured from the models themselves, but head mass was measured following the 

     
Figure 6. Human body models tested A) detailed model (M50-O), B) simplified model (M50-

OS), C) simplified model + detailed brain (M50-OS+B).  

A B C 
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same section plane approach as McConville (Vavalle, et al., 2013). The reported location 

of the head CG is the location of the head CG node in each of the models, which was 

determined computationally. 

The three-dimensional kinematics of the head and first thoracic vertebral body (T1) were 

experimentally monitored in the study by anatomically mounted clusters of 

accelerometers and photographic targets (Thunnissen, 1995; Wismans, et al., 1986). 

Mean sled accelerations and volunteer kinematics were obtained for each of the three test 

conditions from the online NHTSA Biomechanics test database (NHTSA, Updated 

2012). Representative (average) curves and corridors presented are the results of a 

reanalysis of all data (sled acceleration, human body accelerations) using methods 

described by (Gayzik, et al., 2015), which is work based on (Nusholtz, et al., 2013). 

Model Preparation 

NBDL test positioning and belting   All models were run on the Distributed 

Environment for Academic Computing (DEAC) high performance computational cluster 

at Wake Forest University using 48 CPUs and LS-DYNA R.7.1.2 (LSTC, Livermore, 

CA). The setup for each respective NBDL test was reconstructed to match occupant 

positioning and the belting setup with available data provided in the experimental 

description. In the frontal tests, the human volunteers were seated in an upright position 

with a leg angle of 134 to 140 degrees. The occupants were restrained by a five-point 

belting system, with two shoulder straps connecting to a lap belt and crotch strap attached 

to the underside of the back rest. A three-inch wide Dacron belt was used for the belting 

system with wrist and foot restraints used in all testing. The same setup and belting 
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system was used for the lateral tests, with an additional 25 cm wide shoulder strap and a 

lightly padded wooden board placed against the right shoulder to limit lateral motion of 

the subject. The test buck and belts were modeled as described below. 

Significant effort was made to match the initial position of the models to the volunteer 

position (to the extent possible based on experimental description), as this has a high 

influence in resulting kinematics. Exact positional matching for the whole body was not 

possible due to a lack of absolute measurements of bony landmarks on the NBDL 

volunteers. However, the spatial relationship between the head CG and T1 was provided 

by the NBDL study. It was deemed appropriate to match HBM position to the volunteers 

based on seating angle, leg angle, and head-to-T1 relationship.  

Human model positioning   Positional matching was accomplished for each HBM with 

a settling simulation that addressed each of these target areas. The seated position was 

obtained by rotating the seatback angle of a generic setup to 90 degrees, while the legs 

are simultaneously pushed anterior-posterior by a knee bolster and footrest 70 mm in 

order to keep the back flush against the seatback and retain the proper leg angle. Gravity 

was active during the settling simulation. Proper positional matching of the head and T1 

was accomplished using the keyword Boundary_Prescribed_Final_Geometry, where 

nodes can be displaced along a straight line trajectory from their initial positions to the 

final location defined in the input (LSTC). The resulting head-to-T1 relationship after 

positioning was compared between the three models and to the volunteer data (Table 4). 

The angle between the head CG and T1 was matched between models and volunteer data, 

but lengths were not explicitly matched as no scaling of the models were done. The neck 

length of the model and reported lengths of the subjects are in Table A1. The 7g lateral 
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setup required additional positioning to reposition the M50 models’ arms inward and to 

match the experimental setup by limiting lateral motion of the body during the simulation 

pulse. Because no head positioning data for lateral was available we assumed that 

position would be identical to the frontal setups. The setup includes a lateral plate pressed 

against the right shoulder of the HBM similar to that in the NBDL testing. The plate 

extends down past the hip of the HBM to prevent lateral pelvis motion and improve 

model stability. The exact dimensions of the lateral board were not released by the study. 

An additional plate on the left shoulder is used to symmetrically compress the arms to the 

HBMs and has no effect on the HBM response during the simulation. Arm compression 

was accomplished with an inward displacement of 45 mm by both plates during the 

settling simulation.  

  
A B 

Figure 7. Post settling environment for frontal (A) and lateral (B) simulations. M50-O is shown.  
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Table 4. Positioning compare of the three HBMs and the mean volunteer head-neck 

positioning. 

 
T1 – Head CG Distance 

 

 
Vector Length L (mm) Angle α (degrees) 

M50-O 198.6 84.7 

M50-OS 199.7 84.7 

M50-OS+B 199.1 84.6 

Volunteer 
Mean  

177.0* 84.2* 

*Determined from graphical representation in (Thunnissen, 1995). 

Human model belting The models were belted using a mixed one-dimensional 

(1D) and two-dimensional (2D) element setup. The width and thickness of the 2D belt 

elements were matched to the belt used in the NBDL study. The material property for the 

2D belt was set as MAT_FABRIC and the 1D belt as MAT_SEATBELT. The belts used 

in the model use empirical data obtained from a validated belted simulation (Davis et al. 

2016) and yield ~9 kN of force at 6% strain. These seatbelt response values are consistent 

with data provided by OEM collaborators through the GHBMC. The 1D seatbelt 

elements were implemented at the edges of the belt to allow for implementation of belt 

pretensioner and retractor functions. These were not meant to match the experimental 

setup per se, but rather were used to tighten the HBMs against the seat. A slip-ring 

system was developed for the 1D seatbelt elements of the crotch strap to guide the belt 

under the occupant during pretensioning.  

Boundary Conditions 

Following belting, the models were run in the 8g frontal, 15g frontal, and 7g lateral 

simulations. All parts of the buck were defined as rigid parts. The corresponding sled 

velocity pulse determined in the data preparation phase was applied to the buck using the 
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Boundary_Prescribed_Motion card. The frontal and lateral simulations were run with the 

M50-O, M50-OS, and M50-OS+B with neck muscle activation to approximate the living 

volunteer response. The same curve used for active musculature in the GHBMC M50-O 

was used in the M50-OS and M50-OS+B with the curve beginning at 134 ms of the 

simulation (GHBMC, 2015; Siegmund, et al., 2003). This includes a 74 ms response time 

observed in Siegmund et al.  

Several details were not specified related to the belt system, such as belt loads, seat 

reaction loads, belt pretension values, and belt webbing force vs displacement data. To 

model the belt system as realistically as possible some additional settings were used in 

the computational model. A modest amount of tension in the belts at the time of the pulse 

was used to represent a taught belt. While we understand the belt system used in the 

actual experiments did not employ automatic pretensioners, these were used to attempt to 

couple the body as closely as possible to the buck during the simulation. Retractors were 

implemented as part of the LS-DYNA seatbelt approach and to account for some slack 

that was likely inherent in the system. Reasonable values of peak pretension were used in 

the simulations for the shoulder (150 N), lap (400 N), crotch (400 N). Peak values were 

chosen to be high enough to hold the HBM in place while staying within realistic values. 

A sensitivity study was conducted to attempt to quantify the effect of these assumptions. 

Variables observed to have the highest impact on head kinematics in preliminary 

simulations were chosen for analysis. The parameters included were pretensioning time, 

belt stiffness, the time at which any slack in the system was locked, and time of neck 

muscle activation. 
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The time over which these systems must operate were added through reasonable 

assumptions. 65 ms was selected as time of max pretension for the baseline simulations. 

Velocity of the buck at this point was observed to be approximately 10% of the 

maximum buck velocity and was considered to be an acceptable time for maximum 

pretension. The effect of maximum pretension time was tested from 50 ms (~2% max 

buck velocity) to 65 ms in increments of 5 ms. The effect of the loading and unloading 

characteristics of the belt was tested with a sensitivity analysis of +/-10% and 20% 

scaling factors on the loading and unloading ordinate from the experiments, which are 

directly implemented in the model. Sensitivity analysis of neck muscle activation 

involved offsetting the current muscle activation curve to represent three conditions; the 

default condition described above, an early onset of bracing, and no bracing. Early 

bracing removed the 74 ms response time, and no bracing was modeled without muscle 

activation. The inherent slack in the belt system was tested by varying the shoulder belt 

retractor locking time. This varied from 65 ms (no slack), to 120 ms, with 100ms as the 

baseline. Visual comparison of the sensitivity analysis can be seen in Figure 10. This 

analysis was conducted for a single case in which the belt system was thought to have the 

most effect, 15g frontal. 

The targeted kinematic measures for this study include angular head cg acceleration, 

linear resultant head cg acceleration, and linear resultant T1 acceleration. Angular head 

acceleration is defined as +Y for frontal and +X for lateral motion per the SAE J211 

standard. Head accelerations were taken from a node at the head CG whose location and 

local coordinate system are interpolated based on head motion. T1 acceleration data was 

obtained from the rigid body output (RBDout). Each of these respective measures were 
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output from each model during the 8g frontal, 15g frontal, and 7g lateral simulation. For 

each test setup, the model results were compared to target corridors developed from 

reanalysis of the NBDL data. Anthropometric locations used to measure kinematics were 

cross-checked between the HBM’s and the definitions given by the NBDL study.  

Quantitative Comparison 

The quantitative comparison of results was conducted using the ISO TS 18571 approach 

(Barbat, et al., 2013). There are three sub-metrics (phase, magnitude and slope) and a 

corridor score used to calculate ISO, all ranging from zero to 1 (perfect score). The sub-

metrics represent how well a curve matches different aspects regarding the shape of the 

volunteer mean curve. The corridor score is calculated using the algorithm from the 

CORA objective evaluation technique and compares the model curve to a set of inner and 

outer corridors defined along the mean experimental curve (Gehre, et al., 2009). The 

corridor score uses the ISO default scheme. The phase, magnitude and slope scores are 

calculated using the methods of Enhanced Error Assessment of Time Histories 

(EEARTH) (Zhan, et al., 2011). The phase score is calculated by identifying the 

maximum cross-correlation between the model and reference curve after time-shifting the 

model curve by discrete intervals. The slope and magnitude scores are then calculated 

from the time-shifted curve corresponding to maximum cross-correlation. The slope 

score is obtained by comparing the average slope in 1 ms intervals between the reference 

and model curves. For the magnitude score, dynamic time warping (DTW) is first applied 

to minimize the effects of phase on the magnitude difference (Barbat, et al., 2013). 

Following the application of DTW, the one-norm of the difference between the curves is 
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calculated for each time point and normalized by the one-norm of the shifted and warped 

reference curve. 

𝐓𝐨𝐭𝐚𝐥 𝐈𝐒𝐎 = 0.6 ∗ (sub metric average) + 0.4 ∗ (corridor score) (1) 

3.3 RESULTS 

Results of the input kinematics showed highly repeatable experiments. For the 

simulations, the means of the traces in Figure A2 (see online supplement) were used. 

Kinematic data from each of the models were compared against NBDL volunteer 

response corridors for each simulation (Figure 9). The corridors for visualization are 

defined as the average volunteer response plus and minus the standard deviation.  

The dotted black line represents the average volunteer response and the solid black lines 

are the corridors of one standard deviation. Angular accelerations are given in rad/s2 and 

linear accelerations were converted to g’s to match previous publications. Due to the 

directionally-controlled nature of the testing setups, only rotational accelerations in the 

key planes of motion were measured from the models. The rotational Y accelerations 

shown have been sign-adjusted for the -Y to correspond to the NBDL output coordinate 

system. Positive rotational Y acceleration corresponds to frontal rotation and positive 

rotational X acceleration corresponds to lateral rotation to the right.  

All three models are shown to behave with a similar response for each of the simulations. 

The curves generally follow the shape of the volunteer data with some noted phasing of 

the peaks. Timing of the results is likely a function of the unknowns regarding the 

experimental setups, particularly related to the belting. The ISO scores for the 

comparisons of each simulation to the corresponding volunteer test are shown in Figure 



 36 

8Error! Reference source not found.. All sub-metrics of the ISO score and corridor for 

each model simulation are reported in Table A3 (see online supplement). The total scores 

are reported in Figure 8. 
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Figure 8. Graphical comparison of ISO scores from the M50-O, M50-OS, and M50-OS+B in 

15g frontal, 8g frontal, and 7g lateral simulation.  
 

 

 

Figure 9. Head and T1 kinematics for the M50-O, M50-OS, and M50-OS+B for the 15g frontal, 8g 

frontal, and 7g lateral simulations. The images are of the M50-O at maximum head displacement for 

each simulation. A) 15g frontal Y head angular acceleration, B) 15g frontal head linear resultant 

acceleration, C) 15g frontal T1 linear resultant acceleration, D) 8g frontal Y head angular 

acceleration, E) 8g frontal head linear resultant acceleration, F) 8g frontal T1 linear resultant 

acceleration, G) 7g lateral X head angular acceleration, H) 7g lateral head linear resultant 

acceleration, I) 7g lateral T1 linear resultant acceleration. Head accelerations filtered at SAE 180, T1 

accelerations filtered at SAE 60.  
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3.4 DISCUSSION 

The models capture the trends generally for head motion during the three simulations. In 

all models, the linear acceleration of the head, like the volunteer data is bimodal. The 

precise time to peak and length of trough shows some variation against the volunteer data 

but this may be function of a number of factors; volunteer head mass, neck length, 

muscle strength and activation state, the belt system, and interaction with the buck. 

Motion of the upper thoracic vertebrae, specifically T1, has a clear impact on the 

kinematics of the head. It appears that T1 linear acceleration was slightly underestimated 

for all models in each of the three simulations.  

The M50-OS and M50-OS+B behaved similarly in all simulations as predicted and 

corresponded fairly well to the M50-O. The M50-OS+B and M50-OS models lag in 

terms of lateral motion but otherwise performed well when compared to the M50-O. The 

results indicate for frontal studies in particular that the M50-OS+B could finish nearly 

nine simulations on the given hardware in the same time that it would take the M50-O to 

finish one, thus enabling further parametric study. 

In taking the approach not to prescribe T1 motion, but rather to try to model the motion 

of the volunteers using restraints, there were significant details that were not specified 

from the study and could not be used to validate the belt system such as belt loads and 

seat reaction loads. Therefore, aspects of the belting system such as pretensioner values, 

pretensioner times, and belt properties were estimated to better match the kinematics of 

the volunteers. The sensitivity of these selections were evaluated. Variation of the 

shoulder belt locking time yielded the largest range in ISO scores of 13 percentage 

points, yet other belt properties showed a more modest effect. Muscle activation 
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sensitivity found that earlier activation improved the overall ISO score, which is 

consistent with likely “braced” instructions for the subject. Kinematics were found to be 

least sensitive to variations in shoulder pretensioning time and scaling the seatbelt 

loading/unloading curves. Locking of the shoulder belt immediately after pretensioning 

yielded the lowest ISO comparison for angular head acceleration suggesting that better 

coupling with the seat would improve that measure. Generally, accuracy of T1 

acceleration and angular head acceleration improved as locking time increased to 100 ms, 

while the accuracy of linear head acceleration decreased as locking time increased. The 

results of the sensitivity study can be seen in Figure 10. 

  

  
Figure 10. Graphical analysis of ISO score sensitivity analysis of the M50-OS in the 15g 

frontal simulation. A grey dotted line represents the baseline value of the corresponding 

parameter. Where α_Head: angular y head acceleration, a_Head: linear resultant head 

acceleration, a_T1: linear resultant T1 acceleration.  

Subjective grading scales have been suggested for analyzing ISO scores with R > 0.94 as 
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there is no universal grading scale as applications for comparison may vary in difficulty. 

Fair and generally comparable ISO scores were found across models. Previous studies of 

whole body kinematics and kinetics (ATD or human model), where the experimental 

setup is more meticulously documented, produced quantitative comparison scores of 

roughly 0.6 to 0.7 (Pietsch, et al., 2016; Vavalle, et al., 2015), and for component tests 

that can be greater (Davis, et al., 2016). Thus we consider these results to indicate 

reasonable biofidelity. It should be noted that Pietch et al. used CORA rather than ISO, 

which is another objective evaluation method.   

A comparison of the ISO scores shows that generally each model earned a “good” rating 

for phase, “fair” rating for magnitude, “poor” rating for slope, and a “fair” to “good” 

rating for corridor score. It appears that the slope sub-metric was the primary factor in 

lower ISO scores for the three testing simulations. ISO has been observed to 

appropriately grade slope relation between curves with low noise. However, since the 

slope score is calculated by comparing the average slope of each signal in 1 ms intervals, 

noise in the model curve detrimentally affects the slope score (Barbat, et al., 2013). 

Therefore, noisy acceleration signals that appear to track the shape of the reference curve 

earned low scores even though intuitively-based observations show the shapes to be 

similar. This study did not explore filtering techniques to combat this issue. The bimodal 

nature of the curves also increases the difficulty of obtaining high scores for the three 

ISO parameters. While the slope scores were the lowest, it should be noted in all cases 

that the models matched the head kinematic trends. In agreement with previous studies 

(Decker, et al., 2016), it appears that the simplified models correlate best with frontal 

simulations. 
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Some differences of the two approaches to model the neck in these models bears some 

discussion in this study. The M50-O and M50-OS+B neck systems contain the same 

bony geometry but have different implementations. The M50-O cervical spine is 

deformable whereas the M50-OS+B cervical spine is a series of rigid bodies. The M50-O 

neck musculature is comprised of 1D active Hill type muscle elements embedded within 

3D passive neck muscles, which in turn, is enveloped in a soft tissue layer. The M50-

OS+B only has 1D active Hill type musculature and a passive soft tissue envelope. 

Intervertebral discs are physically modeled in the M50-O and it is implemented with 1D 

beam ligaments with progressive failure. The simplified model on the other had uses a 

system of springs and dampers between cervical vertebrae (Dibb, 2011). Despite these 

differences, head and T1 kinematics are similar between the two models, suggesting 

various paths to capture the fundamental biomechanics. The biggest difference is seen in 

lateral loading, which we attribute to the relatively large elements of the soft tissue 

envelope in the simplified models. Furthermore, the work from (Dibb, 2011) that the 

simplified neck is based on did not include kinematic validation for lateral impact. 

There are a number of limitations of this study. Those related to the belt system have 

been discussed above. Furthermore, how the active musculature of the neck was defined 

was held the same as previous work in lieu of volunteer data from this work for the 

braced condition. The sensitivity study indicated that earlier modeling of bracing 

improves the ISO scores. The range of values for initial head CG – T1 distance between 

the volunteers was not reported in the publications and thus attempts were made to match 

a mean (which was determined through digitization of a published plot), yet it was not 

possible to match perfectly given anthropometric differences of the M50 models.  
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The M50-OS+B provides researchers with the option of obtaining representative brain 

response in one ninth of the time of the full detailed model. This approach will be used in 

future parametric studies. Furthermore, gains could be realized given that the simplified 

model is more likely to provide reasonable run times on smaller computational systems 

that may be more widely available. With additional tuning of the neck system in the 

simplified model, particularly in lateral loading, the M50-OS+B can expand on its 

potential. 
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3.7 APPENDIX 

 

   

   
Figure A1. Shows the change in head displacement in the A) 15g frontal, B) 8g frontal, and C) 7g and head rotation throughout the 

simulation time for each HBM in the D) 15g frontal, E) 8g frontal, and F) 7g lateral simulations. 

 

Table A1. Anthropometric comparison of the NBDL volunteer mean (+/- SD) and the three HBMs. 
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Volunteer Mean  
(+/- SD) 

76.2 ± 9.0 92.9 ± 3.5 56.5 ± 1.4 15.1 ± 0.5 19.4 ± 0.6 4.78 ± 0.23 

M50-O 76.8 89.5 57.8 16.4 19.8 4.44†† 

M50-OS 77.1 89.3 57.8 16.4 19.8 4.31†† 

M50-OS+B 77.1 89.3 57.8 16.4 19.8 4.33†† 

†† As measured using virtual cut plane to match McConville et al. (Vavalle, et al., 2013). 

 

Table A2. Quantitative comparison of ISO scores for each model compared to the volunteer data during the 15g frontal, 8g frontal, and 

7g lateral simulation. 

 
M50-O M50-OS M50-OS+B 

15g Frontal Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total 

α_Head 0.85 0.35 0.46 0.72 0.62 0.90 0.41 0.38 0.70 0.62 0.87 0.36 0.45 0.72 0.62 

a_Head 0.90 0.58 0.65 0.67 0.70 0.85 0.49 0.54 0.64 0.63 0.91 0.48 0.57 0.67 0.66 

a_T1 0.96 0.63 0.30 0.82 0.71 0.94 0.75 0.00 0.82 0.67 0.90 0.72 0.17 0.82 0.69 

Avg 
    

0.67 
    

0.64 
    

0.66 

8g Frontal Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total 

α_Head 0.69 0.42 0.40 0.69 0.58 0.71 0.51 0.30 0.68 0.58 0.66 0.60 0.51 0.72 0.64 

a_Head 0.93 0.71 0.57 0.76 0.75 0.94 0.78 0.58 0.84 0.80 0.94 0.75 0.64 0.83 0.80 

a_T1 0.79 0.51 0.35 0.81 0.65 0.95 0.67 0.00 0.83 0.65 0.92 0.69 0.17 0.84 0.69 

Avg 
    

0.66 
    

0.67 
    

0.71 

7g Lateral Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total Phase Magnitude Slope Corr Total 

α_Head 0.79 0.60 0.15 0.55 0.53 0.96 0.50 0.00 0.69 0.57 0.97 0.29 0.17 0.65 0.55 

a_Head 0.67 0.61 0.14 0.50 0.48 0.90 0.78 0.31 0.82 0.73 1.00 0.63 0.09 0.77 0.65 

a_T1 0.76 0.66 0.38 0.81 0.68 0.73 0.66 0.00 0.82 0.60 0.78 0.65 0.00 0.85 0.62 

Avg 
    

0.56 
    

0.63 
    

0.61 
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Figure A2. Comparison of the calculated mean and standard deviation for each sled pulse from the 

NBDL volunteer study where A) 15g frontal B) 8g frontal C) 7g lateral. 
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ABSTRACT 

The high degree of computational resources required to simulate finite element human 

body models (HBMs) has prompted the implementation of a method that incorporates 

detailed components into a simplified model. Previous studies have demonstrated this 

ability by incorporating the GHBMC M50-O brain model into the simplified model 

(GHBMC M50-OS+B), which allowed for localized analysis of the brain at a 

substantially reduced computational cost. We expand on this concept through the 

modular incorporation of detailed thoracoabdominal organs into the simplified model 

(M50-OS+O), comparing force-deflection and organ level response through an array of 

validation tests. This consisted of a frontal thoracic hub, oblique hub, abdominal bar, and 

frontal sled simulation. Organ response metrics included 95th percentile strain, internal 

energy, and organ kinematics and were compared between the M50-O and the M50-

OS+O. Generally, the M50-OS+O was able to capture the response of the M50-O in both 

force-deflection and organ level response, but in one tenth of the time.  

Keywords: Biomechanics, Computational modeling, Human modeling, Injury, Organ 
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4.1 INTRODUCTION 

Finite element human body models (HBMs) are one of the few tools available to 

investigate injury mechanisms and tolerance of the human body, particularly with regards 

to soft tissues and organs [1]. The Global Human Body Model Consortium (GHBMC) is 

one such model currently utilized for vehicle crash response. The GHBMC is an industry 

sponsored and government supported consortium with the aim of developing 

computational human models for the blunt injury environment. 

The GHBMC average male occupant (M50-O v4.4) finite element model was 

used in this study. The development of this HBM was based on a multi-modality medical 

image and external anthropometry dataset of a volunteer representing a 50th percentile 

male in terms of height (174.9 cm) and weight (78.6 ± 0.77 kg), described by Gayzik et 

al. [2,3]. The model has since undergone numerous validation simulations at both the 

regional e.g. [4-7] and full body levels e.g. [8-10]. Additional information on the 

development of the model can be found in the GHBMC M50 user’s manual [11]. 

The significant computational resource requirement to execute the detailed M50-

O has motivated the development of a simplified average male occupant model (GHBMC 

M50-OS). The M50-OS responds similarly to the M50-O during blunt impact loading 

scenarios but in a shorter amount of time with less computational requirements. The 

M50-OS retains the same habitus and rigid bone structures as the detailed model but has 

reduced mesh density and greatly simplified soft tissue structures. For example, the 

individual defined organs of the M50-O were homogenized into thoracic and abdominal 

cavities, and the abdominal muscles were replaced with a single, thick layer of flesh [12]. 
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Previous studies have demonstrated that the M50-OS has the ability to run approximately 

32 times faster than the M50-O [13].  

Previous studies have demonstrated the ability to modularly incorporate the 

validated GHBMC M50-O brain model into the simplified model (GHBMC M50-OS+B), 

which allowed for localized analysis of the brain at a substantially reduced computational 

cost [13,14]. We expand on this concept through the modular incorporation of detailed 

thoracoabdominal organs into the simplified model (M50-OS+O), comparing force-

deflection and organ level response through an array of validation tests. 

4.2 METHODS 

Detailed Organ Modular Incorporation 

The thoracoabdominal cavity of the M50-OS v1.8.4 was modeled to tightly fit 

within the boundaries of the rib cage and the surrounding abdominal flesh, without nodal 

connections to these components. This was defined by a heart cavity with adjacent lung 

cavities bilaterally and a single abdominal cavity inferiorly, all nodally connected to each 

other [12]. These cavities were designed as a placeholder to replicate the force-deflection 

response of the M50-O, with minimal computational cost. More details on the 

development and validation of the simplified model can be found in Schwartz et al and 

Decker et al [12,14]. All thoracic and abdominal organs from the detailed GHBMC M50-

O v. 4.5 model were incorporated into the M50-OS (v. 1.8.4) model to replace the 

existing homogenized cavity, to create the M50-OS+O.  

However, intersections between the surrounding flesh and newly incorporated 

detailed organs were present at regions where the simplified organ cavity underestimated 
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the size of the detailed organs. This spurred a refit of the existing organ cavity to better 

match the exact geometries of the modular detailed organs, which in turn would expand 

the flesh and remove the problematic intersections. This simplified model with the refit 

organ cavity has been tentatively termed the M50-OS v2.0beta and has been referenced 

as the M50-OS for the remainder of the study. The detailed organs were then 

incorporated into the M50-OS without these problematic intersections. 

Simulation Test Setups 

All models were simulated on the Distributed Environment for Academic 

Computing (DEAC) high performance computational cluster at Wake Forest University 

using 48 CPUs and LS-DYNA R.7.1.2 (LSTC, Livermore, CA). The functionality of this 

modular organ approach was evaluated through a series of multi-directional hub impacts, 

and a single frontal sled simulation to replicate that of a common vehicular impact. The 

force-deflection responses between the M50-O, M50-OS, and M50-OS+O were 

compared through a test matrix of 4 hub-style biomechanics impacts, consisting of a 6.7 

m/s frontal thoracic hub [15], 6.7 m/s oblique hub [16], and 5.5 m/s abdominal bar [17], 

as well as an 11.8 m/s frontal sled pulse [18]. A total of 12 simulations were performed. 

Oblique Hub Abdominal Bar Thoracic Hub Frontal Sled 
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Figure 11. Visual description of the various simulations used to evaluate the modular organ method. 

M50-O is shown.  

 

 Organ-level response was also compared between the M50-OS+O and the M50-

O. This included comparisons of peak internal energy, 95th percentile first principle 

strain, and three-dimensional organ displacement. The organs of interested for 

comparison were the liver, spleen, pancreas, left and right kidney, and heart.  

4.3 RESULTS 

Normalized run times for the various models used in this study were 16.8 min/ms 

for the M50-O, 0.30 min/ms for the M50-OS, and 1.57 min/ms for the M50-OS+O. This 

is a comparison of minutes per real time to calculate one ms of simulation. A graphical 

comparison of the simulation rate between the various simulations can be seen in Figure 

12. 

 
Figure 12. Simulation rate comparison of the M50-O, M50-OS, and M50-OS+O.  

Force-deflection response was compared between the M50-O, M50-OS, and 

M50-OS+O where experimental corridors were available. This includes the abdominal 

bar, frontal chest, and oblique hub. The dotted black lines of the corridors represent the 
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upper, lower, and average PMHS response. Force values are given in kilonewtons (kN) 

and deflection was defined by percentage of total deflection.  
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Figure 13. Force deflection comparison between the M50-O and M50-OS+O for the abdominal bar 

and thoracic hub impacts. The M50-OS+O is shown in the pictures on the left. The thoracic hub 

corridors are from the study of Lebarbe et al. [15-17,19]. 

Peak displacement, maximum percentage displacement, and peak forces were 

compared between the M50-O and the M50-OS+O through the oblique hub, abdominal 

bar, and thoracic hub impacts, shown in Table 5.  

Table 5. Comparison of the peak displacements and force of the M50-O and M50-OS+O. 

 Thoracic Hub Ab Hub Ab Bar 

 M50-O M50-OS+O M50-O M50-OS+O M50-O M50-OS+O 

Deflection (mm) 76.7 68.4 93.0 104.1 116.9 122.4 

Deflection % 31.9 28.4 ~ ~ 91.3 95.6 

Peak Force (kN) 4.5 5.5 3.8 3.7 4.9 4.3 



 58 

~ Not calculated due to lack of standardized oblique length. 

The risk of injury to thoracic structures during the frontal sled was quantified 

using the chest deflection criteria used in US NCAP [20-22]. The deflection criterion 

relates the maximum chest deflection to AIS injury risk by risk curve equations. The 

percentage of AIS 3+ was evaluated for the M50-O and M50-OS+O during the thoracic 

hub impact and frontal sled.  

Table 6. Evaluation of the M50-O and M50-OS+O through the chest deflection criteria for the 

frontal sled pulse.  

Chest 

Deflection 

(mm) 

M50-O M50-OS+O 

 

Model 

Value 

P(AIS 

3+) 

Model 

Value 

P(AIS 

3+) 

Thoracic Hub 76.68 74.2% 68.35 61.2% 

Frontal Sled 27.16 3.4% 34.55 7.5% 

 The organ internal energy comparisons between the M50-O and M50-OS+O are 

shown in Figure 14. Regions with a percent difference below 25% were highlighted to 

help show the organs with closest correlation between the models.   

 

   
Figure 14. Graphical comparison of the internal energy between the organs of interest during the 

thoracic hub, oblique hub, and abdominal bar impacts. 
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A comparison of 95th percentile organ strain between the M50-O and M50-OS+O 

through the three hub impacts are shown in Figure 15. The individual 95th percentile 

strain, as well as a percent difference between the two models, is given for comparison.  

 

   
Figure 15. Graphical comparison of the 95th percentile strain between the organs of interest during 

the thoracic hub, oblique hub, and abdominal bar impacts. 

4.4 DISCUSSION 

The incorporation of the detailed organs into the M50-OS has shown the ability to 

obtain abdominal force-deflection response comparable to the experimental data and 

M50-O response, but with a runtime reduction of ~90%. Peak thoracic force and 

deflection response was observed to align more closely to the detailed model after the 

detailed thoracoabdominal cavity was included. The overall shape of the force-deflection 

curves improved greatly for the M50-OS+O, most notably during the abdominal bar 

impact. The results show that the detailed organs are significantly more compliant than 

the M50-OS organ cavity. The decrease in maximum deflection of the thoracic hub 

impact for the M50-OS+O can be attributed to the differences in the ribs compared to the 

M50-O. A comparison of the peak values shows that model differences for the three hub 

impacts were <12% for peak deflection and <20% for peak force.  
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Differential in 95th percentile strain comparison, as well as internal energy, varied 

slightly between test setups and specific organs. The kidneys displayed some of the 

largest deviance in strain between the M50-O and M50-OS+O, whereas the pancreas, 

heart, and liver typically exhibited differences at or below 10%. Organs experiencing 

higher strains were seen to correlate better across models. This may suggest that higher 

percentage differences in regions of lower strain don’t correlate to significant 

inaccuracies across models.  

Overall, organ response of the M50-OS+O aligned closest with the M50-O in the 

oblique hub, which has the most direct impact to the general region of the analyzed 

organs. This has led us to believe that the remaining differences between the two models, 

such as the surrounding flesh, may have a larger effect on organ response during indirect 

impacts. This may explain some of the higher differences in strain and internal energy for 

the kidneys. Organ displacements were also compared between the two models during 

the three hub impacts and can be seen in Figure A 3, Figure A 4, and Figure A 5. 

Generally, the two models were comparable across the three impacts.  

Peak values and shape of force-deflection plots were compared between all 

models and the experimental data. Response from the abdominal bar simulation shows 

comparable results between the M50-O, M50-OS+O and the experimental data. Peak 

displacement percentage for the abdominal bar impact was 91.2% for the M50-O, 71.9% 

for the M50-OS, and 96.4% for the M50-OS+O. The M50-O and M50-OS+O were both 

within the corridors in terms of maximum displacement. Peak force for the abdominal bar 

was 5.0 kN for the M50-O, 4.6 kN for the M50-OS, and 4.1 kN for the M50-OS+O. 



 61 

The greatest difference in peaks was seen in the thoracic hub impact, which as 

mentioned previously, was mostly due to differences in the rib implementation between 

the simplified and detailed model. This difference in rib definition between the two 

models is an important factor to determining thoracic injury. Even with this difference, 

the injury risk prediction for an AIS 3+ injury in the chest of the M50-OS+O was within 

13% for the thoracic hub and 4% for the frontal sled.  

4.4 CONCLUSION 

Thoracoabdominal soft tissue injuries commonly occur in vehicular crash yet 

there are relatively few tools available to study them. Computational models can be used 

to address this need but detailed models carry a high computational cost. We have 

introduced a means to substantially reduce computational cost while maintaining 

adequate biofidelity in this region to draw conclusions related to organ level loading. The 

M50-OS+O provides researchers with the ability to obtain representative organ response 

in one tenth of the time of the full detailed model. Improvements to the rib response of 

the simplified model can even further expand on the potential of this approach in the 

realm of injury biomechanics.  
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4.7 APPENDIX 

 
Figure A 3. Organ displacement comparison between the M50-O and M50-OS+O during 

the abdominal bar impact.  
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Figure A 4. Organ displacement comparison between the M50-O and M50-OS+O during 

the oblique hub impact. 
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Figure A 5. Organ displacement comparison between the M50-O and M50-OS+O during 

the thoracic hub impact. 
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Chapter V: Conclusion 

 
 The work presented details the development and evaluation of the method of 

incorporating modular detailed components into the simplified model for the Global 

Human Body Model Consortium (GHBMC). This phase of the project primarily focused 

on the methods required to incorporate isolated regions of a detailed finite element 

human body model (HBM) into a separate simplified HBM. Any model specific 

modifications required to allow this method were documented. With this information, the 

models will eventually be updated to better optimize this modular process.  

 While the developmental stage focused on how to implement this technique, the 

performance of the modular method was evaluated against the detailed and simplified 

models to quantify this method’s value. Various loading response of the models were 

compared including kinematics, kinetics, tissue level organ response, and runtime 

efficiency. The ability to gather reasonable data, compared to the detailed model, in a 

much shorter amount of time was the primary goal of this project. Ultimately, this goal 

was achieved for the localized regions of the brain and thoracoabdominal cavity. The 

goal of this project is to allow more researchers, regardless of computational power, to 

use the models and gather more data in a much faster manner, eventually leading to 

increased motor vehicle safety.  
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