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ABSTRACT
Motor vehicle injuries and mortalities remain a major public health concern
worldwide. According to the World Health Organization in 2013, there were more than
one million deaths due to motor vehicle crashes. To mitigate these injuries and fatalities,
researchers use a variety of tools to develop and evaluate vehicle safety mechanisms.
Computer simulations using Finite Element Analysis (FEA) are becoming a more
prominent tool in the study of motor vehicle crash safety. FEA models of the human body
have the potential to greatly enhance the volume of biomechanically relevant data
obtained from crash simulations. The Global Human Body Models Consortium
(GHBMC) is an international consortium of industry, government, and academic research
groups that have consolidated development efforts to produce advanced human body
finite element models for trauma research. The GHBMC detailed 50th percentile male
occupant is an anatomically detailed finite element model with 1.3 million nodes and
over 2 million elements. While this complexity provides the ability to investigate the
biomechanics of specific injuries, it results in a computationally expensive model.
Therefore, this thesis describes the development of a simplified and computationally
efficient human body finite element model. This model complements the GHBMC
detailed 50th percentile male occupant by providing kinematic and kinetic data with a
significantly reduced runtime, using the same body habitus. The model can be used in a
modular fashion with the GHBMC detailed model and more broadly can be used as a
platform for parametric studies or studies focused on specific body regions.

xiv

Chapter I: Introduction & Background
MOTOR VEHICLE CRASH INJURIES AND HUMAN BODY MODELING
The eighth leading cause of death globally and the leading cause of death in
young adults between the ages of 15 and 29 is caused by road traffic injuries [1,2].
Currently, billions of dollars are spent as a consequence of the 1.24 million people that
are killed each year in motor vehicle crashes [3,4]. It is projected that by the year 2030,
road traffic injuries will rise to become the fifth leading cause of death worldwide [2].
Between 2007 and 2010, 87 countries experienced an increase in the total number of
deaths due to motor vehicle crashes, conversely, 88 countries have reduced the number of
road traffic deaths in the same period of time [4]. This suggests that countermeasures are
effective and that motor vehicle safety improvements are successful. Occupant
biomechanics research and safety mechanisms must continue to improve in order to
explore all possibilities to reduce the road traffic injury burden.
Currently, researchers around the world are utilizing various methods to evaluate
the human body response in a number of crash modes and safety systems to achieve the
goal of mitigating injuries. Finite element analysis (FEA) is one of the emerging tools
used to study motor vehicle crash safety. These computer models provide researchers the
ability to explore occupants of various sizes, genders, and ages with the necessary
complexity.

GLOBAL HUMAN BODY MODELS CONSORTIUM (GHBMC)
The Global Human Body Models Consortium (GHBMC) is a collection of
automotive manufactures, universities, and government agencies whose goal is to create
1

and maintain a set of the world’s most biofidelic human body computational models. The
intended use of these models is to investigate the body’s response to blunt trauma using
the finite element method. To date, there are three distinct sized occupant models in a
detailed and simplified form: a 50th percentile male, 95th percentile male, and 5th
percentile female. A visual comparison of the 50th percentile male detailed and simplified
models is shown in Figure 1. These models provide researchers and engineers
standardized tools for injury biomechanics research.

A

B

Figure 1. A. GHBMC Detailed 50th Percentile Male Model. B. GHBMC Simplified 50th
Percentile Male Model.

2

EXISTING AVERAGE MALE OCCUPANT MODELS
Computational human body modeling for blunt injury prediction and prevention is
a growing analysis approach used in the field of biomechanics. In the past 25 years, there
has been a large increase in development of these models. This growth has been driven
by the need to address major public health concerns regarding vehicular crashes in
innovative and cost effective ways. The two types of occupant finite element models
utilized in computational modeling include Anthropomorphic Test Devices (ATDs) and
human body models.
ATD models are based on the physical components of the ATD itself. They are
comprised of rubber, foam, sensors, and rigid materials with mechanical joints. The most
widely used ATD is currently the Hybrid 3rd generation 50th percentile male dummy
(HIII). The HIII was introduced in 1978 by National Highway Traffic Safety
Administration (NHTSA) and has since been a vital aspect of frontal impact crash safety
evaluations [5]. Humanetics Innovative Solutions developed a finite element model
named the Harmonized HIII 50th (HH350). The HH350 version 1.0 has 270 thousand
nodes and 273 thousand deformable elements with an initial time step of 0.8 microseconds. Another ATD, the Test device for Human Occupant Restraint (THOR), is under
development to improve biofidelic features and expand instrumentation capabilities of the
HH350. The THOR-M version 0.9 has more than 600 thousand elements with an initial
time step of 0.7 micro-seconds [5]. A visual comparison is illustrated below in Figure 2.

3

A.

B.

Figure 2. A. HIII LS-DYNA Model. B. THOR LS-DYNA Model. [5]

On the contrary, computational human body models are based on the external and
internal geometry of the human body. The GHBMC developed a mid-sized male
occupant model from a living subject recruited to match the 50th percentile male (26
years old, 78.6 kg, 174.9 cm, 25.7±0.25 BMI). Medical images were taken of the selected
subject, including external laser scanning, bony landmark identification, supine magnetic
resonance imaging (MRI), upright MRI, and supine Computed Tomography (CT) [6,7].
The GHBMC detailed 50th percentile male occupant model has 2.2 million elements and
447 contacts with an initial time step of 0.1 micro-seconds. A total of 992 parts defining
the flesh, muscles, ligaments, tendons, other soft tissues, and skeletal structures in the
detailed model is shown in Figure 3.

4

Figure 3. GHBMC Detailed 50th Percentile Male Occupant Components

MOTIVATION FOR SIMPLIFIED COMPUTATIONAL MODELS
Both, computational human body models and ATD finite element models, provide
biomechanics researchers a tool to improve vehicle safety systems and better understand
occupant injuries. However, these two methods each have advantages and disadvantages.
Human body models reflect the anatomy of the human body and have the ability to
calculate risk of given crash induced injuries. Injury criteria can be calculated through
analysis of stresses and strains in local structures down to the level of individual
elements, typically on the millimeter scale. However, as these models become more
complex the total computational cost increases. In addition to long runtimes, positioning
a model with anatomical articulations requires supplemental simulations. In contrast to
human body models, ATD computer models are easily positioned prior to simulations
due to the use of kinematic joints, and generally are less computationally intensive.
However, ATD models are based on the physical ATDs, not capturing the geometry and
5

anatomy of the human body. Their ability to predict crash induced injuries is focused on a
correlative approach, for example, the risk of chest injury as a function of chest
compression or acceleration.
The limitations of ATD finite element models and lengthy runtimes of human
body models demonstrates a need for a simplified computationally efficient full human
body model with positioning capabilities of an ATD model. Therefore, a simplified
model with the body habitus of the GHBMC detailed 50th percentile male occupant
model has been developed. While local injury prediction capability is not the intention,
the simplified model provides numerous benefits. It can be re-positioned rapidly,
provides a potentially more biofidelic alternative to ATD models due to its anatomically
based design, and can be used in parametric studies. Finally, because it has the same body
habitus as its detailed counterpart, it can be used as a modular platform for regional
biomechanics studies, leveraging the detailed regional anatomy.

6

CHAPTER SUMMARIES
Chapter II: Development of a Simplified Finite Element Model of the 50th Percentile
Male Occupant Lower Extremity
A simplified lower extremity model based on an average male human body model
is described. This includes the benefits of simplified modeling, a description of the lower
extremity model, and results from the simulations performed on the lower extremity.

Chapter III: Development of a Computationally Efficient Full Human Body Finite
Element Model
A description of the development, key attributes, and initial validation of a
computationally efficient full human body model is presented. The model complements
the GHBMC detailed 50th percentile male occupant by providing kinematic and kinetic
data with a significantly reduced runtime. The benefits and drawbacks of using this
computationally efficient model as opposed to its detailed counterpart are discussed.

Chapter IV: Summary of Research
A brief overview of work presented in this thesis.

Appendix: Simulation Results
Simulation results of the GHBMC simplified 50th percentile male occupant model version
1.6.1.
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ABSTRACT
A simplified lower extremity model was developed using the geometry from the
Global Human Body Models Consortium (GHBMC) 50th percentile male occupant
model v4.1.1 (M50) as a base. This simplified model contains 31.4x103 elements and has
structures that represent bone (assumed rigid) and soft tissue. This element total is
substantially reduced compared to 117.7x103 elements in the original M50 lower
extremity. The purpose of this simplified computational model is to output rapid
kinematic and kinetic data when detailed structural response or injury prediction data is
not required. The development process included evaluating the effects of element size,
material properties, and contact definitions on total run time and response. Two
simulations were performed to analyze this model; a 4.9 m/s knee bolster impact and a
6.9 m/s lateral knee impact using LS-DYNA R6.1.1. The 40 ms knee bolster impact and
lateral knee impact tests required 5 and 7 minutes to run, respectively on 4 cores. The
original detailed M50 lower extremity model required 94 and 112 minutes to run the
same boundary conditions, on the same hardware, representing a reduction in run time of
on average 94%. A quantitative comparison was made by comparing the peak force of
the impacts between the two models. This simplified leg model will become a component
in a simplified full body model of the seated, 50th percentile male occupant. The
significantly reduced run time will be valuable for parametric studies with a full body
finite element model.
Keywords: finite element, mesh, time step, model, biomechanics, lower extremity,
simplified
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1. INTRODUCTION
Approximately 1.24 million people die each year world-wide from motor vehicle
crashes and an additional 20 to 50 million endure non-fatal injuries. [1] Computer
simulations using Finite Element Analysis (FEA) are becoming a more prominent tool
that researchers can use to improve motor vehicle crash safety. FEA models of the human
body have the potential to greatly enhance the volume of biomechanically relevant data
obtained from crash simulations. The Global Human Body Models Consortium
(GHBMC) is an international consortium of industry, government, and academic research
groups that have consolidated development efforts to produce advanced human body
finite element models for trauma research. The GHBMC M50 occupant model is an
anatomically detailed finite element model with 1.3 million nodes and 2.1 million
elements. [2, 3] While this complexity provides the ability to investigate the
biomechanics of specific injuries, it results in a computationally expensive model.
Therefore, in conjunction with this detailed FEA model, there is a need for a simplified
version that provides kinematics and other desired outputs from the same body habitus,
but in a shorter time frame.
Computational modeling can be used to assess occupant safety and vehicle
crashworthiness in a greater variety of crash modes, for a reduced cost, and with a greater
quantity of data points than conventional laboratory crash testing with ATDs. While
computational models of ATDs are available, human body models such as the GHBMC
M50 occupant are beginning to mature. The current M50 FBM can run a 60 ms hub
impact simulation in 7 to 8 hours on 48 CPUs. This model has been validated at the
regional level [4-13], and in a variety of hub and sled environments. [3] While pertinent
11

biomechanical injury data can be obtained, some uses are impeded by the 7 to 8 hour run
time required. By reducing this total run time extensively (up to 50 fold), the number of
simulations within the same time period can be increased, thus opening a number of new
research avenues such as parametric studies using the model.

2. METHODS
Using the CAD geometry from the 50th Percentile Male Full Body Model v.
4.1.1, the left leg was remeshed and new constraints were defined. [2] Below in Table 2,
are the key differences in the modeling approach between the detailed and simplified
occupant models.
Table 1. Key Model Attributes for the Full Body Model and the Simplified Occupant
Model. [2]

Detailed Model M50 v4.1.1





Fine mesh
Detailed kinematic and kinetic
evaluation
Crash Induced Injury assessment (CII)
Inputs from coarse model can be used to
drive the detailed model

Simplified Model









Coarse mesh
Rapid run time
Rapid kinematic and kinetic assessment
Parametric studies (for countermeasure
models or the simulation environment)
Framework for inserting modular detailed
models
Parametric studies (for the organ models,
etc.) when using the modular inserts
No CIIs
Use in FMVSS evaluation

All bones, from the femur to the foot, were preserved from the GHBMC FBM
M50 seated occupant model using the same exterior surface mesh. Whereas the detailed
model included a mix of quad shell and solid hexahedral elements to model cortical and
cancellous bone, the bones of the simplified model are comprised of only rigid quad shell
elements. The bones of the legs are reduced to three parts: the femur, patella, and
combined fibula-tibia. The flesh surrounding the femur, knee, fibula-tibia, and ankle were
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re-meshed with solid elements on the order of 8 to 25 mm edge length. A hexahedral
mesh was used at the thigh and fibula-tibia. A tetrahedral mesh was used around the knee
and ankle to accommodate the irregular morphology around the joints and provide
stability during impact. The skin around the foot was modeled with two dimensional shell
elements with a 1.7 mm thickness. Table 2 briefly explains the parts used and what types
of definitions were used to model them.
Table 2. All Parts with Constraint Definitions.

Part
Femur
Patella
Fibula- Tibia
Foot-Ankle

Details
2D Rigid quad
2D Rigid quad (constrained to Femur)
2D Rigid quad
25 Rigid Parts constrained to Navicular bone with
*CONSTRAINED_RIGID_BODIES
Thigh Flesh
3D Deformable hex, nodes adjacent to femur constrained to the
bone with *CONSTRAINED_EXTRA_NODES
Fibula- Tibia Flesh 3D Deformable hex, nodes adjacent to femur constrained to the
bone with *CONSTRAINED_EXTRA_NODES
Knee-Ankle Flesh 3D Deformable tetra with
*CONTACT_AUTOMATIC_SINGLE_SURFACE
Foot Skin
3D Deformable tetra with
*CONTACT_AUTOMATIC_SINGLE_SURFACE

All the muscles and tendons were removed from the FBM and the joints were
modeled using constraint definitions. A rigid body constraint definition was applied so
that the patella and femur act as one rigid body. The same concept was incorporated for
all parts in the foot to act as one rigid body. These definitions were used to replace the
deformable muscles and tendons that are anatomically present in the M50 model but were
removed to achieve a greater reduction in run-time. To simulate the knee and ankle joints,
spherical joints were defined to allow rotation to occur about all three axes.
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All simulations were run using LS-DYNA R6.1.1 on the WFU DEAC cluster.
The WFU DEAC Cluster Facility is a centrally managed, University supported, high
performance computing environment. The boundary conditions used to assess the
simplified occupant lower extremity model included two scenarios, a frontal impact and a
lateral impact. The frontal impact approximates a knee impact to a knee bolster, and the
lateral impact approximates a knee impacted by a vehicle door. Both simulations
incorporated a rigid plate with an initial velocity, an automatic surface to surface contact,
and were set to run 40 milliseconds. The rigid plate in the frontal impact was given an
initial velocity of 4.9 m/s and the rigid plate for the lateral impact was given an initial
velocity of 6.9 m/s, both reasonable approximations of impact speeds in vehicular crash.
Since a leg-only model was used, a single node on the proximal femur was constrained in
all three lateral directions but was free to rotate about all three axes to mimic the hip
joint. A total of six simulations were run. This included both tests outlined above, run on
the simplified occupant lower extremity model presented in this paper with two flesh
material models and the isolated lower extremity from the detailed M50 v4.1.1.

3. RESULTS
While the simplified occupant lower extremity model shares the same geometry
as the detailed FBM 4.1.1, the differences in the mesh and constraint definitions resulted
in a large difference in computational costs. The most influential adjustment is the
reduction in total number of elements. The simplified model was reduced to 31,386
elements from 117,740 elements, reducing the total number of elements in the model by
86,354 or 75%. Figure 1 illustrates the two lower extremity models and provides a
qualitative and quantitative comparison of the detailed M50 v4.1.1 and the simplified
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M50. Since the total element count was decreased by 75 percent, the average element size
increased providing a larger time step calculated in LS-DYNA. The time step
calculations are listed below for solid elements in LS-Dyna. The critical time step (𝛥𝑡𝑒 ) is
the volume (𝑉𝑒 ) of the element divided by the plane stress speed of sound (c) times the
area (𝐴𝑒𝑚𝑎𝑥 ) of the largest face of the element. The speed of sound is the evaluated by
using the elastic modulus (E), density (𝜌), and poisons ration (ν). However, is actually a
function of the material wave speed, which remains constant, and the element size, which
has been increased. The characteristic length (𝐿𝑒 ) is given by the ratio of the volume over
area. In result, by increasing the element size and keeping the material the same, the time
step also increases.
𝛥𝑡𝑒 =

𝑉𝑒
𝐿𝑒
𝐸
=
,𝑐 = √
𝑐𝐴𝑒𝑚𝑎𝑥
𝑐
𝜌(1 − 𝜈 2 )

Equation 1. Critical Time Step Calculation for Solid Shell Elements in LS-DYNA.

Detailed Model M50 v4.1.1

Simplified Model

Figure 4. Lower Extremity Mesh.
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Table 3. Lower Extremity Mesh Comparison.

M50 Detailed v4.1.1

Simplified Model

Total Mass (kg)

11.96

9.99

Bone Mass (kg)

1.71

0.92

Number of Bone Elements

61,535

22,277

Flesh Mass (kg)

10.25

9.07

54,378

9,109

0.104

0.407

Number of Flesh
Elements
Smallest Calculated
Time Step (μs)

The next component investigated that affects run time and computational cost are
the number of and types of contact definitions used. The detailed lower extremity model
of the M50 v4.1.1 has 23 defined constraints and 72 contact definitions. The simplified
lower extremity model presented here has 32 defined constraints and two contact
definitions. These automatic surface contacts are part based and less costly calculations
that dramatically reduce the total run time.
Using the detailed M50 4.1.1 and the simplified lower extremity models, two
boundary conditions (frontal knee bolster and lateral knee bolster impacts) were
simulated and the results are shown in Figures 2 and 3. In the case of the simplified
model, the computational benefits of using pin joints, reduction of contact definitions,
and larger elements were demonstrated. A change in material properties was also tested
in attempt to reduce run time to a greater extent. All simulations were run using four
central processing units on the DEAC cluster at Wake Forest University. Mass scaling
was necessary for the detailed model and was taken into account by observing the mass
gained throughout the computational analysis.
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Figure 5. Time Lapse Images of the Simulations from the Simplified Model.
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T=0

T = 2 Tmax

T=0

T = 2 Tmax

1

T = Tmax

T = Tmax

Figure 6. Time Lapse Images of the Simulations from the M50 Detailed Model 4.1.1.

The results from all six simulations are shown in Figures 4 and 5. The detailed lower
extremity model had the longest run time for both iterations. The majority of the
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computational costs were used in element processing, about 75% of the calculation. In
the detailed model, we hypothesize that this is due to the element size predominantly. The
elements in the detailed model have an average edge length of 5 mm. By comparison, the
re-meshed simplified model average edge length for deformable elements is 15 mm. The
small elements lead to a relatively small time step on the order of 1x104 ms, which is 4
times smaller than the simplified model.

Termination
Time
Run time
absolute (4 cpu)
Mass scaling
time step
Mass gained
in (kg)
Peak Force
(kN)

Detailed Model
M50 v4.1.1

Simplified Model

Pin Joints with
MAT_ELASTIC flesh

40 msec

40 msec

40 msec

112 min

6:40 min:sec
~17x faster

1:30 min:sec
75x faster

0.3 μsec

1 μsec

1 μsec

0.03

0.043

0

8.37

8.89

18.3

Figure 7. Lateral Knee Impact
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Termination
Time
Run time
absolute (4 cpu)
Mass scaling
time step
Mass gained
in (kg)
Peak Force
(kN)

Detailed Model
M50 v4.1.1

Simplified Model

Pin Joints with
MAT_ELASTIC flesh

40 msec

40 msec

40 msec

94 min

5:17 min:sec
~18x faster

0:50 min:sec
108x faster

0.3 μsec

1 μsec

1 μsec

0.04

0.042

0

5.78

8.63

15.9

Figure 8. Knee Bolster Impact

The simplified occupant lower extremity model was run using two different flesh
materials, the same material from the M50 v4.1.1 (simplified rubber) and an elastic
material. The simplified rubber material contains a force versus change in gauge length
load curve that was found to also be computationally costly. This is evidenced by the fact
that despite the gains in time step above, roughly 70% of the computational costs were
still spent on element processing. The computational costs used on element processing
were drastically reduced with the selection of a linear elastic model for flesh. However,
the peak force was increased when the elastic material was used. This provides evidence
that the simplified rubber material provides a better representation of the human body and
material properties play a large role in replicating impact simulations.
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Two additional major components of computational costs were found to be the
contact algorithm and rigid body processing. There are 72 contacts defined in the detailed
M50 which influences the total run time, and these were reduced to only 2 in the
simplified model. The apparent increase in contact algorithm processing time on the right
is thought to simply be a reflection of the great decrease in element processing time owed
to the use of a linear elastic model. In all simulations, mass gained through mass scaling
was negligible allowing the comparison between the simulations to be valid.

4. DISCUSSION
As Finite Element Models become more complex, an implicit tradeoff exists
between that complexity and computational cost. The computational cost increases as a
result of a number of factors, chief among them are; more detail within a model (resulting
in smaller elements and thus smaller time steps), nonlinear materials required to capture
the biomechanics of the body, and greater reliance on contact algorithms for adjacent
parts. In the current study, an approach was used to determine a run time reduction from a
detailed lower extremity finite element model to a simplified version of the same
geometry. A dramatic run time difference was found through use of a coarser mesh, rigid
bodies, simplified materials and the use of kinematic joints rather than joints modeled
through inclusion of specific anatomy (ligaments, menisci, cartilage, etc.). Despite these
simplifications, peak forces between models with the simplified rubber material were
found to only vary by 0.52 and 2.85 kN, which is on the order of the slight mass
difference between models. A larger peak force difference was found when using the
linear elastic material for flesh. It is hypothesized that this can be reduced through further
tuning of the model.
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This study is part of a larger effort to develop a simplified version of the GHBMC
full body M50 seated occupant. The simplified full body model will represent the same
body habitus and posture, however, it aims for a reduction in run time by a factor of 50 or
more vs. its detailed counterpart. Since the simplified occupant lower extremity model
contains larger elements and many fewer contact definitions, the run time was expected
to decrease. The addition of one dimensional elements to act along the muscle paths may
also help increase biofidelity without adding substantially to the cost.
The challenge in this study was to simplify the detailed model without sacrificing
an appropriate biofidelic response. This was completed by reducing the total number of
deformable elements, utilizing node to node connections in place of contact definitions,
using rigid materials when possible, and using simplified material models. By targeting
these three components of the human body model, a descriptive analysis of what
contributes to the computational costs was evaluated. As a trade-off, the simplified model
will lose some ability to directly calculate the likelihood of injury vs. the detailed model.
This study was performed as a pilot study towards the creation of a simplified full
body finite element model. Simple models open the possibility for extensive parametric
simulations of the occupant within a vehicle cabin, where permutations of the crash
pulse, belt parameters, airbag parameters, etc. can be conducted more rapidly. The
reduction in run time allows for more exploration of potential safety system designs.
Focusing on the human body itself, simplified models may allow for more research on
potential injury mechanisms by applying the kinematics from the simplified model to
drive a simulation using its detailed counterpart. A larger sample of a design space with
the simplified model could be down-selected to a critical set to test with the detailed
21

model. This type of synergy between detailed and simplified models will add value to the
simulation process.

5. CONCLUSION
This simplified model presented in this study will ultimately provide an additional
tool for crash safety engineers and researchers to employ in the mitigation of crash
induced trauma. The current M50 GHBMC model (v. 4.1.1) is anatomically detailed, but
computationally expensive. The lower extremity model presented in this study provided
critical pilot information to aid in the development of the simplified full body occupant.
Two separate boundary conditions were run, a frontal knee bolster impact and lateral
knee impact, which demonstrated reductions in run times of 108 and 75 times
respectively. It was observed that a coarser mesh, streamlining contacts and the use of
simplified material models contributed to the large reductions in run time.
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ABSTRACT
Introduction: A simplified and computationally efficient human body finite element
model is presented. The model complements the Global Human Body Models
Consortium (GHBMC) detailed 50th percentile occupant (M50-O) by providing
kinematic and kinetic data with a significantly reduced runtime, using the same body
habitus.
Methods: The simplified occupant model (M50-OS) was developed using the same
source geometry as the M50-O. While some meshed components were preserved, the
total element count was reduced by re-meshing, homogenizing, or in some cases omitting
structures that are explicitly contained in the M50-O. Bones are included as rigid bodies,
with the exception of the ribs, which are deformable but were re-meshed to a coarser
element density than the M50-O. Material models for all deformable components were
drawn from the biomechanics literature. Kinematic joints were implemented at major
articulations (shoulder, elbow, wrist, hip, knee, and ankle) with moment vs. angle
relationships from the literature included for the knee and ankle. The brain of the detailed
model was inserted within the skull of the simplified model, and kinematics and strain
patterns are compared.
Results: The M50-OS model has 11 contacts and 354 thousand elements, by contrast the
M50-O model has 447 contacts and 2.2 million elements. The model can be repositioned
without requiring simulation. In total 13 validation and robustness simulations were
completed. This included denuded rib compression at 7 discrete sites, five rigid body
impacts, and one sled simulation. Denuded tests showed a good match to the
experimental data of force vs. deflection slopes. The frontal rigid chest impact simulation
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produced a peak force and deflection within the corridor of 4.63 kN and 31.2%
respectively. Similar results vs. experimental data (peak forces of 5.19 kN and 8.71 kN)
were found for an abdominal bar impact and lateral sled test respectively. A lateral plate
impact at 12 m/s exhibited a peak of roughly 20 kN (due to stiff foam used around the
shoulder) but a more biofidelic response immediately afterward, plateauing at 9 kN at 12
ms. Results from a frontal sled simulation showed that reaction forces and kinematic
trends matched experimental results well. The robustness test demonstrated that peak
femur loads were nearly identical to the M50-O model. Use of the detailed model brain
within the simplified model demonstrated a paradigm for using the M50-OS to leverage
aspects of the M50-O. Strain patters for the two models showed consistent patterns but
greater strains in the detailed model, with deviations thought to be the result of slightly
different kinematics between models. The M50-OS with the deformable skull and brain
exhibited a runtime 4.75 faster than the M50-O on the same hardware.
Conclusions: The simplified GHBMC model is intended to compliment rather than
replace the detailed M50-O model. It exhibited on average, a 35-fold reduction in runtime
for a set of rigid impacts. The model can be used in a modular fashion with the M50-O
and more broadly can be used as a platform for parametric studies or studies focused on
specific body regions.
Keywords: Finite element, biomechanics, GHBMC, human body, validation
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1. INTRODUCTION
Approximately 1.24 million people die each year worldwide from motor vehicle
crashes, and an additional 20 to 50 million more suffer non-fatal injuries (World Health
Org. 2009). Improving vehicular safety requires knowledge of the underlying occupant
biomechanics. Computer simulations of the human body using Finite Element Analysis
(FEA) are gaining in popularity and have the potential to enhance the volume of
biomechanically relevant data obtained from crash simulations. Computational models of
Anthropometric Test Devices (ATDs) can also be used to this end, however, these
models are developed to match specific ATD geometry and construction, which, by
necessity, deviates from the human body. The increased complexity of computational
human body models in recent years has resulted in significantly increased computational
expense. Taken together, these observations signal the need for a complimentary model
that provides the biofidelic aspects of the human body model, with the reduced runtime,
and rapid positioning capabilities of ATD models. The development of this type of
human body model is the focus of this work.
The Global Human Body Models Consortium (GHBMC) is an international
consortium of industry, government, and academic research groups that have
consolidated the development of human body finite element models for injury prediction
and prevention. The GHBMC 50th percentile male seated occupant model v4.3 (M50-O)
has 2.2 million elements. The geometry of the M50-O was developed to represent an
average male anthropometry (Gayzik, et al. 2011) and was validated at the body region
and full body model levels.
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The head was validated with 35 loading cases demonstrating the head responses
were comparable to experimental measurements in terms of pattern, peak values, or time
histories (Mao, et al. 2013). It has also been used in the development of advanced brain
injury criteria (Takhounts, et al. 2013). The neck response was investigated by assessing
rear impact scenarios, individual loading of craniovertebral ligaments, and progressive
failure of the ligaments (Dewit, et al. 2012; Fice, et al. 2011; Mattucci, et al. 2013;
Mattucci, et al. 2012). Cross sectional planes were defined to investigate neck forces
(White, et al. 2013). The ribs were tested in a hierarchical fashion, (Kindig, et al. 2013;
Poulard, et al. 2014) under anterior-posterior bending loads, and the effect of cortical
thickness, and material properties were evaluated (Li, et al. 2010; Li, et al. 2010). A new
cortical thickness mapping technique was applied to the coxal bone from CT images and
the effects of posture on hip injury tolerance were analyzed (Kim, et al. 2012; Yue, et al.
2014). The lower limbs were also tested under complex loading resulting from blunt
impacts (Shin, et al. 2013; Shin, et al. 2012; Untaroiu, et al. 2013). The full body M50-O
was validated by mass-distribution (Vavalle, et al. 2013), and in a variety of hub and
lateral impacts (Hayes, et al. 2014; Park, et al. 2013; Vavalle, et al. 2014; Vavalle, et al.
2012).
While biomechanical data for select crash induced injuries can be obtained from
the M50-O model, other uses such as parametric studies or the simulation of longer
events (> 250 ms) are impeded by the runtime. The M50-O completes a 250 ms frontal
sled simulation in approximately 24 hours on 48 CPU computational cluster. It is feasible
to envision a scenario when only a certain aspects of the response are of interest to the
researcher. Therefore the goal of the current study is to develop a 50th percentile male
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occupant simplified model (M50-OS) that is less computationally expensive than the
M50-O, but is reasonably biofidelic, and can serve as a platform for modular use of
components of the M50-O. As a trade-off, the M50-OS is not intended to predict crash
induced injuries, unlike its more detailed counterpart.

2. METHODS
The M50-OS was developed using the same source geometry as the GHBMC
50th percentile male seated occupant model v 4.3 (Gayzik, et al. 2011). The M50-OS
uses a comparatively coarser mesh (8-10 mm) for deformable elements than the M50-O
(2-4 mm). As large regions of the M50-O model were re-meshed, the mass distribution
was verified using segment planes and data from McConville et al (McConville, et al.
1980; Vavalle, et al. 2013). The materials used in the model are found in the Appendix,
Table 6. All deformable structures representing soft tissues were simulated using LS
DYNA in a uniaxial compressive simulation, using a 10 mm by 25 mm diameter
hexahedral cylinder at 0.1 s-1 to 40% deformation, a tissue sample sized used in previous
studies (Kemper, et al. 2012). The soft tissue, including the flesh components and internal
cavity compartments, required stable and computationally inexpensive material models
for which parameters were not always available in the literature. Instead, material models
obtained in the literature were utilized in the compression simulation to obtain force
versus deflection curves that were then used as inputs into material models that
demonstrated the desired characteristics. Specific data on each material is discussed
below.
The head of the M50-OS utilizes the same skull, face, and scalp meshes as the
M50-O. The skull is modeled as a rigid body but the skin and outer flesh were kept
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deformable. The brain was replaced with a single mass node at the center of gravity of
the brain and constrained to the skull. The deformable skin material definition was
preserved from the M50-O (Mao, et al. 2013). The head flesh is modeled to represent
charcoal polyester used in previous dummy models (Canha, et al. 2000). This material
model is commonly used, as it is stable and can be adjusted by a nominal stress versus
strain curve and a viscous coefficient (Croop, et al. 2009). The cervical spine of the M50OS was modeled using the vertebral body geometry from the M50-O and the definitions
from Dibb et al. for the osteo-ligamentous spine (Dibb, et al. 2013). Briefly recapping
their approach, the vertebral bodies in the neck were modeled as rigid with constraints to
nodes at the centers of rotation (COR) between neighboring bodies. At each COR there
were three translational and three rotational dampers implemented. One dimensional
muscle elements utilizing the definitions from Dibb et al. were added to constrain the
scapula.
The deformable flesh components are majority hexahedral elements with a
hemispherical tetrahedral element region used locally around major articulations (for
positioning purposes). In the M50-O, the flesh was modeled using a hyperelastic material
that can incorporate strain stiffening via a uniaxial load curve (Yamada, et al. 1970) and
is

based

on

the

Ogden

rubber

model.

Since

this

material

model

(*MAT_SIMPLIFIED_RUBBER) was relatively computationally expensive, the M50OS utilizes a direct implementation of Ogden rubber (*MAT_OGDEN_RUBBER) that
was determined to be well suited for white adipose tissue (Egelbrektsson, et al. 2011).
The parameters for this material were determined by running the uniaxial compressive
simulation using the parameters provided by Egelbrektsson et al. to obtain a force
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deflection curve. This curve was subsequently stiffened at high strains (> 35%) by
increasing the corresponding force by 50%, for stability.
The viscera in the thoraco-abdominal cavity were modeled as a two layered
homogeneous component separated at the location of the diaphragm, Figure 2. The upper
section was subsequently split into two additional components with a low shear region at
the center of the chest cavity to mimic the presence of fluid and to tune the response in
frontal impacts. These three sections were modeled as a highly compressible low density
foam which is commonly used to model ATDs (Canha, et al. 2000), but the load curve
defining the nominal stress versus strain and elastic modulus was specific to each region
and obtained using the methods described previously. The outer component of the thorax
cavity was modeled using the compressive properties of the lung (Yuen, et al. 2008). The
inner, low shear region, of the thorax was consistent with the compressive behavior of a
heart tissue model (Deng, et al. 1999) and the abdomen section utilized the compressive
behavior of the liver (Lee, et al. 2001).
The ribcage retained the same properties as the M50-O, but utilized a coarser
mesh. A uniform thickness of 0.75 mm was applied to the cortical bone layer, shown in
Figure 2. Because of the mesh difference, a study on the force deflection response of the
rib cage at localized areas was conducted and compared against literature as well as the
M50-O. A segment based contact around the clavicle was defined to increase stability
and to improve the response to seatbelt loading. A tied contact was defined to prevent
separation of the ribcage and the thoracic flesh. The thoracic spine, lumbar spine,
costovertebral joints, and upper extremity joints all retained the same definitions as in the
M50-O. The constraints in the thoracic-spine and costo-vertebral junction utilize a
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generalized constrained joint that was retained from the M50-O occupant model and are
based biomechanical tests of these locations (Duprey, et al. 2010). The lumbar
intervertebral discs were also retained from the M50-O incorporating 1D elements to
allow for motion between vertebral bodies.
The pelvic bones utilized the same surface mesh from the M50-O (quadrilateral
shell) but are modeled as rigid shells. Due to the organic shape of the pelvis, a tetrahedral
region of elements was used between the outer flesh and the pelvis. This inner flesh layer
is defined as *MAT_FU_CHANG_FOAM which has proven to be stable in high lateral
force impacts. This material model performs well in rate dependent impacts and has been
used as an alternative to low density foam (Serifi, et al. 2003). A segment based contact
was defined between the two flesh layers (stiffer inner and more flexible outer) in the
pelvis to increase stability in large deformation simulations.
The flesh mesh at the wrist, elbow, shoulder, hip, knee, and ankle used tetrahedral
elements in a hemisphereical configuration to allow for rotation about the joints. This was
to provide reasonble external contours depending on the postion of the model. The
material model at the joints required the use of stiffer foam due to the large compressive
loads on flesh that was in close proximity to rigid bones. This was similar to the head the
flesh (Croop, et al. 2009). Revolute joints were used at the wrists, elbows, ankles, and
knees, and spherical joints were used at the glenohumeral joint and acetabulum. Passive
elastic joint moments were included in the lower extremity joints, knee and ankle, to
provide accurate moment versus angle relationships (Riener, et al. 1999). Riener et al
performed a study on ten healthy male subjects instrumented with strain guage based
mono-axial load cells and performed rotations about the knee and ankle. The data was
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incorporated into the M50-OS by utilizing the *CONSTRAINED_JOINT_STIFFNESS
cards to provide moment versus joint angle relationships. The cross-joint meshes are
constrained to the underlying bone and do not have contacts defined against each other
(Figure 3). All such limb ‘caps’ were included in contact definitions with the surrounding
structures of the body or its simulation environment. Automatic single surface contacts
and an interior contact were used to define the interactions among all the components of
the M50-OS.
Positioning can be applied in a pre-processor, without the need to run positioning
simulations with the M50-OS. A code to position the M50-OS model was written in the
open source software LS-PrePost (v4.1, LSTC, Livermore, CA), shown in Figure 3. The
joints defined in the positioning tree include the C7/T1 facet joint, glenohumeral joints,
humeroulnar joints, radiocarpal joints, acetabulofemoral joints, tibiofemoral joints, and
talocrural joints. A local coordinate system for each point of rotation was defined and
utilizes nodes defined in the spherical or revolute joints, in order to reposition the model.
This positioning includes maximum permissible angles of rotation by axis and limb. The
upper arms, lower arms, hands, upper legs, lower legs, feet, and neck (small changes
only) can be adjusted to desired positions.
The M50-OS was programmed to output data for comparisons to the literature and
the M50-O. In this study, we use a constrained node at the head center of gravity for the
head accelerometer data, a femur load sensor, and several locations on the model to
provide kinematic outputs. The femur axial force outputs use a beam element that
includes two coincident nodes, one node is constrained to the distal rigid bone and the
other node is constrained to the proximal rigid bone. The beam itself is designed to act
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like a load cell to output the axial force. A similar approach was used to implement a tibia
load cell.
All simulations were run using LS-DYNA R. 6.1.1. MPP on the DEAC cluster at
Wake Forest University, using 48 CPUs and Infiniband interconnects. The simplified
model ribcage was subjected to denuded rib point-loading simulations at 7 locations on
the ribcage. The methods follow those of Kindig et al. and Poulard et al., who performed
a similar validation of the M50-O (Kindig, et al. 2013; Poulard, et al. 2014). Because the
rib meshes were altered, this work was completed on the M50-OS to ensure biofidelity
and demonstrate a consistent response, despite the change in mesh density to a coarser
mesh. An elastic sphere and rigid plate setup was used as shown in the bottom right of
Figure A 1 in the Appendix (Poulard, et al. 2014). The impactor’s normal direction was
such that it was perpendicular to the sphere and it translated inward causing rib
deformation at a constant, quasi-static rate throughout the simulations.
The M50-OS was simulated in one robustness scenario, four rigid impacts, and a
frontal sled pulse. The robustness simulation was a knee bolster type impact with a 4.9
m/s initial velocity prescribed to the human body model and designed to be compared
only to the same output from the M50-O. Rigid impacts included a 23 kg hub impact to
the chest with an initial velocity of 6.7 m/s (Kroell, et al. 1971; Lebarbé, et al. 2012), and
a 48 kg bar impact to the abdomen with an initial velocity of 6 m/s (Hardy, et al. 2001).
The lateral impacts included a 23.4 kg plate impact at 12 m/s to the right arm (Kemper, et
al. 2008) and a lateral sled simulation with a model initial velocity of 6.7 m/s impacting a
rigid wall (Cavanaugh, et al. 1990). The M50-OS was repositioned so that the right
humerus was parallel with the impactor in the 12 m/s impact to more closely match the
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posture defined in the experiment. In the 6.7 m/s lateral sled impact, the M50-OS was
repositioned so that the left arm was placed over the left leg and gravity settled for 100
ms prior to initiation of the impact. The frontal sled simulation is based on work by Shaw
et al. utilizing an 11.1 m/s frontal pulse. The arms are positioned to be near the legs of the
model, which is first belted and then allowed to gravity settle for 100 ms, followed by a
150 ms event (Shaw, et al. 2009). This is done to allow for the model to be in good
contact with the seat and lower extremity restraints. The results from dynamic
simulations were quantitatively evaluated for magnitude and phase agreement with the
experimental data using an objective comparison software package, CORrelation and
Analysis (CORA v. 3.5.1). CORA was not run for the denuded rib test and or frontal
thorax hub impact because time-valued data was not available (both are cross-plots of
force vs. deflection).
To demonstrate the modular use of the M50-OS, all parenchymal structures,
meninges, CSF, ventricles, and sinuses of the M50-O brain (n = 27 parts) were imported.
Deformable properties for the inner and outer tables of the skull, and diploe layer were
imported into the M50-OS to demonstrate its modular use with the M50-O (Mao, et al.
2013). All modeling considerations were identical between the modified M50-OS (with
brain) and M50-O in this region. The mass node that represented the brain was removed
from the model. The model was simulated in the Shaw et al. frontal sled test for 100 ms
of settling and the first 100 ms of the event. Kinematics and deformation of the brain
model were investigated.

36

3. RESULTS
The M50-OS contains a total of 11 contacts: 4 automatic single surface, 5
automatic surface to surface contacts, a tied nodes to surface, and a contact interior. The
M50-O by contrast utilizes a total of 447 contacts. The total number of elements was
reduced to 354 thousand, including 205 thousand rigid elements and 149 thousand
deformable elements, compared to the detailed M50-O which has 2.2 million. The
resulting components of the model are shown in the Appendix, Table 4, organized by
body structure and the uniaxial compression tests performed to evaluate the soft tissue
components are shown in Figure 1. The smallest time step of the M50-OS was 2.8 µs, 28
times larger than the detailed M50-O, 0.1 µs. The measured section masses of the M50OS were within one standard deviation of the reported masses in McConville et al. for
eight of ten given body regions (McConville, et al. 1980). The upper arm and foot of the
M50-OS are 1.05 and 1.17 standard deviations from the experimental mean masses. This
discrepancy is due to the overlapping elements around moveable joints at the shoulder
and ankle.
The simplified model denuded rib loading simulations were completed on the
M50-OS, compared to experimental data (Kindig, et al. 2013; Poulard, et al. 2014) and
the M50-O. The overall response showed good agreement with the experimental
corridors and closely followed the response of the M50-O, Figure A 1 in the Appendix.
The point loading test on the ribs demonstrated small oscillations at lower displacements
most prominently at rib 9. The oscillations decreased as the rib was loaded and the
response became more linear as predicted in the experimental data and the M50-O. Rib 9
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showed one of the poorer correlations, which is likely influenced by the presence of
costal cartilage which can vary significantly between specimens.
The knee bolster impact provided axial forces along the left and right femur. The
maximum loads were 3.82 kN and 3.80 kN for the left and right femur, images from the
simulation are shown in the Appendix (Figure A 4). The M50-O, in the same boundary
condition, resulted in similar peak loads for the left and right femur of 3.73 kN and 3.71
kN respectively. The kinematic and kinetic results from the remaining four rigid impacts
are shown in Figure 4. In the frontal thorax hub impact the peak thorax deflection and
peak force were 31.2% and 4.6 kN, respectively. The frontal abdominal bar impact
response remained in the corridors during the loading phase and produced a peak
abdominal deflection and peak force of 76.2% (anterior abdominal deflection is
considered the distance from the outermost flesh of the model to the anterior surface of
L3) and 5.2 kN, respectively, with a CORA score of 0.69. In the lateral rigid sled
simulation, forces for the thorax, abdomen, and shoulder were averaged to represent the
torso force with a peak of 8.71 kN. The CORA score for the torso was 0.72. The thorax
lateral impact force resulted in a peak of 20.8 kN corresponding to the impact of stiffer
material at the shoulder, however the plateau occurring after these initial spikes matched
the data well and the CORA score was 0.58.
The frontal sled outputs considered in this study included head kinematics,
sternum deflection, pelvic motion, and reaction loads on the buck. The results are shown
by using the SAE J211 sign convention. The knee and foot pan used a local coordinate
systems and the loads perpendicular and parallel to the plane are reported. The results
shown in the Appendix, Figure A 2, were selected to demonstrate the global response of
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the M50-OS. The head vertical displacement was 12 cm greater than the experimental
mean with a CORA score of 0.55. The maximum sternum frontal displacement matched
the experimental mean with a CORA score of 0.83. The left and right knee forces in the
local X direction matched the experimental results with CORA scores of both 0.61.
Taken together, the knee and feet reaction loads reasonably follow the contours of the
experiment, and the gross motion of the body (Figure A 4) suggests that the joint
modeling approach is reasonable. Some aspects of the response were not captured
including the shearing force on the seat pan and the upward motion of the pelvis. The
mean CORA values between models are nearly identical for the data presented herein
(0.63 for M50-O vs. 0.59 for M50-OS).
The modular addition of the M50-O brain in the M50-OS is shown in Figure 5.
Kinematics of the baseline M50-OS and M50-OS with brain appeared unchanged. Based
on the simulation pace of the M50-O (min of real-time for each ms of simulation time),
the M50-OS demonstrated a 4.75 fold decrease in runtime for this simulation, which
utilized a deformable skull and brain. Kinematics of the M50-O are shown in Figure A 2,
and indicate some differences. The M50-O exhibited less forward flexion, slightly greater
lateral displacement, and slightly less vertical displacement. Instantaneous strain fields at
75 ms (time of peak change in X velocity) are shown in the Appendix (Figure A 3).
While the strain data differ in magnitude (which is suspected to be a function of the
differences in kinematics) similar patterns emerge. Larger strains are found in the
cerebrum with lower values in the deep structures such as the brainstem. Cross sectional
images show lower strains in the frontal and occipital portions of the brain with larger
strains occurring in the superior parietal lobe. The comparisons are not intended to
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comment on injury probably (there was no head strike in the simulation), merely to show
that similar trends are found when using the M50-OS in this modular capacity.

4. DISCUSSION
Using the same source geometry of the GHBMC average male detailed occupant
model, the M50-OS provides comparable gross kinematic and kinetic outputs. The total
runtime was closely monitored throughout the development process. The same hardware
was used for both the M50-O and M50-OS, 48 central processing units on Infiniband
high speed interconnects, in order to quantify the runtime. The rigid impacts
demonstrated a runtime reduction of 35 times on average, and the sled impact was
reduced by 23 times shown in the Appendix, Table 5. The model was 5 times faster when
including deformable structures of the head and brain. At the same time, biofidelity was
only marginally affected when compared to the M50-O using CORA.
The reductions in runtime provide a substantial opportunity for parametric
modeling with the GHBMC M50-OS. To put in perspective, nearly 35 parameter
variations could be run with the M50-OS in the time required to run a single study with
the M50-O. As discussed in the introduction, some of the attributes of the M50-OS mimic
those of traditional ATD models (runtime, positioning, and virtual instrumentation). The
key difference in relation to traditional ATD models is the use of the same body habitus
as the GHBMC M50-O, which as demonstrated, opens the opportunity to modularly
include aspects of the detailed human body within it. Due to geometrical differences this
would not be possible with an ATD model. While a single modular simulation was
created, the approach outlined could be used to insert other parts of the model such the
lower extremity or thoraco-abdominal cavity. Even the inclusion of the brain and
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deformable skull, which demonstrated a more modest 4.75 fold runtime reduction, would
translate into a researcher having simulations results within a typical workday rather than
having to run simulations overnight.
The applications of the M50-OS include parametric studies of either an aspect of
the model itself (i.e. studying the effects of various techniques to model the spine) or the
environment (e.g. airbag system interaction). The M50-OS is ideally suited to study and
develop seatbelt systems because the body contours match those of human body. This
simplified version of a more complex model is not designed to be mutually exclusive but
rather to be used together. For example, a test matrix can be explored with the simplified
model to narrow down to a set of critical cases, which could then be further explored with
the detailed model.
The global responses compared favorably with the literature force and
displacement curves with peaks occurring at the correct phase in time and of an
appropriate magnitude in general. The frontal thorax hub and abdominal impacts
provided peak deflections comparable with the corridors. However, in both cases the
peak force was towards the upper bound due to the rubber and foam materials selected in
these regions. It was necessary to utilize the given materials in order to provide stability
to the M50-OS such that the model can be simulated in high impact scenarios. In the 12
m/s lateral impact one peak occurred early in the simulation which was due to the rigid
plate contacting the shoulder of the right upper extremity. The joints required a stiffer
material due to noted instabilities during the development process and therefore exhibit
an initial peak. Following the peak, the force leveled off and decreased as the model lost
contact with the impactor. The lateral sled impact simulation provided similar results in
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the thoracic response in a 6.7 m/s sled impact, again from the joint mesh. Both these
lateral impacts are highly dependent on the initial placement of the upper extremity being
impacted. With the simplified model we were able to easily test arm configurations. In
addition, it was demonstrated that the M50-OS has the capabilities to output accurate
femur forces.
The denuded rib cage simulations showed that despite using a coarser mesh, the
response closely matched the literature and the M50-O. By completing these isolated
simulations, it suggests that the mesh adjustments in the ribcage does not alter the gross
force vs. deflection of the M50-OS thorax. It should be noted that the intended use of this
model does not include injury prediction and, as such stress and strain values within the
ribs were not analyzed. Researchers interested in such data should use the M50-O rather
than M50-OS in that case.
It should be noted that the paper focuses on the development process of this
model, initial validation, and demonstration of the modular use of the model. Kinematics
of the model are limited to the frontal crash mode. Further work should be undertaken on
lateral kinematic validation and specific work for the pelvis and lower extremity which
will be considered in future studies. For example, the pelvic motion in the frontal sled
impact failed to capture the upward motion of the pelvis.

5. CONCLUSION
This simplified model is an additional computational tool for the study of injury
biomechanics. We have demonstrated reasonable biofidelity and significant runtime
reduction in comparison to the 50th percentile male FBM v4.3 GHBMC model. The
simplified model does not require pre-event simulations for re-positioning and modular
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use of the model was demonstrated with the M50-O brain. It is ideally suited for
parametric studies, studies towards the design of belt systems, fit within an occupant
compartment, or studies that require a long runtime.
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8. APPENDIX

Figure 9. Uniaxial compression simulations performed on all soft tissue components in the
M50-OS (Kemper, et al. 2012).

Figure 10. Visual comparison of the M50-O (top) and M50-OS (bottom) and illustration of
the deformable thoraco-abdominal region of each model.
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Figure 11. Illustration of the M50-OS kinematic joints and repositioning model tree.
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Figure 12. Rigid impact results showing frontal (Hardy, et al. 2001; Kroell, et al. 1971) and
lateral (Cavanaugh, et al. 1990; Kemper, et al. 2008) impacts to the chest and abdomen.
Runtime reductions are found in the Appendix, Table 5.
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A.

B.

C.

Figure 13. Head displacement at 75 ms in frontal sled impact simulation (Shaw, et al. 2009)
showing modular brain addition. A. M50-O with maximum principal strain fields, B.
Standard M50-OS, C. M50-OS with detailed brain from M50-O.
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APPENDIX

Figure 14. Rib point loading responses for the denuded ribs of the GHBMC M50-OS and
M50-O plotted against corridors obtained from experimental data (Kindig, et al. 2013;
Poulard, et al. 2014).
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Figure 15. Frontal sled simulation M50-OS data, head, sternum, pelvis, and reaction forces
at the seat, feet and knees (Shaw, et al. 2009) with the M50-O head response.
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Table 4. M50-OS element count and modeling approach in highlighted areas.
M50-O
(n elements)

M50-OS
(n elements)

% Change

Flesh/Skin

527,603

107,977

80% reduction

Deformable Ribs/Intercostal
Muscle/Costal Cartilage

149,679

22,610

85% reduction

Thoraco-Abdominal Organs

312,550

11,806

96% reduction

Other Deformable Structures

1,119,701

6,732

99% reduction

All Deformable Structures

2,109,533

149,125

93% reduction

81,273

204,694

252% increase

2,190,806

353,819

84% reduction

Structure

All Rigid Structures
Total

Table 5. Demonstration of computational efficiency of the M50-OS compared to the M50.
Boundary Condition
Thorax Hub Impact
(Kroell, et al. 1971; Lebarbé, et al. 2012)
Abdominal Bar Impact
(Hardy, et al. 2001)
Thorax Lateral Impact
(Kemper, et al. 2008)
Lateral Sled Test
(Cavanaugh, et al. 1990)
Frontal NHTSA Buck
(Shaw, et al. 2009)

Simulation
Time (ms)

M50-O Run
Time (min)

M50-OS Run
Time (min)

Run Time
Reduction

60

538

16

33.6

100

772

27

28.6

60

736

18

40.9

180

1553

43

36.1

250

1460

65

22.5

56

Table 6. All deformable components in the M50-OS with material properties.
Part
Head Skin (2D)
Body Skin (2D)
Foot and Hand Skin
(2D)
Body Flesh (3D)
Joint and Head Flesh
(3D)

Material
ELASTIC
VISCOELASTIC

Properties (GPa)
E=1E-6, v=0.45
K=2

Reference
(Mao, et al. 2013)
(Yamada, et al. 1970)

ELASTIC

E=2.2, v=0.4

(Snedeker, et al. 2003)

OGDEN_RUBBER

v=0.49

LOW_DENSITY_FOAM

E=5E-3

Pelvis Tet Flesh (3D)

FU_CHANG_FOAM

E=0.02

(Egelbrektsson 2011)
(Croop, et al. 2009)
(Canha, et al. 2000)
(Serifi, et al. 2003)
(Canha, et al. 2000)

Intercostal Muscles
(2D)

ELASTIC

E=5E-4, v=0.4

Thoracic Cavity (3D)

LOW_DENSITY_FOAM

E=2.66E-3

LOW_DENSITY_FOAM

E=2.66E-5

LOW_DENSITY_FOAM

E=3E-3

ELASTIC

E=5E-2, v=0.4
E=11.5, v=0.3 (2D)
E=4E-2, v=0.45 (3D)
E=14, v=0.3 (2D)
E=4E-2, v=0.45 (3D)
D=1E-8
(damping constant)

Low Shear Thoracic
Cavity (3D)
Abdominal Cavity
(3D)
Costal Cartilage (3D)
Ribs (2D/3D)

PIECEWISE_LINEAR_PLASTICITY

Sternum (2D/3D)

PIECEWISE_LINEAR_PLASTICITY (2D)
PLASTIC_KINEMATIC (3D)

Neck Muscles (1D)

ELASTIC_SPRING_DISCRETE_BEAM

*Units: E = GPA, ρ = kg/mm

3
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(Ruan, et al. 2003)
(Croop, et al. 2009)
(Yuen, et al. 2008)
(Croop, et al. 2009)
(Deng, et al. 1999)
(Croop, et al. 2009)
(Lee, et al. 2001)
(Forman, et al. 2010)
(Thollon, et al. 2002)
(Zhao, et al. 2005)
(Iwamoto, et al. 2002)
(Zhao, et al. 2005)
(Dibb, et al. 2013)

Table 7. M50-OS mesh quality summary.

TETRA MESH
CRITERIA

HEX - PENTA
CRITERIA

SHELL CRITERIA

Primary
Target
100%
Quad: Warpage
Quad: Aspect ratio
Quad: Skew
Quad: Jacobian*
Quad: min angle
Quad: max angle
Trias: Warpage
Trias: Aspect ratio
Trias: Skew
Trias: Shape Factor
Trias: Jacobian*
Trias: min angle
Trias: max angle
Hex: Warpage
Hex: Aspect ratio
Hex: Skew
Hex: Quad min angle
Hex: Quad max angle
Hex: Jacobian*
Hex: Tria min angle
Hex: Tria max angle
Tetra: Warpage
Tetra: Aspect ratio
Tetra: Skew
Tetra: Tet collapse*
Tetra: Vol. skew
Tetra: Vol aspect ratio
Tetra: Tria min angle
Tetra: Tria max angle

0.4 min

0.4 min

0.3 min

0.2 min

Secondary
Target 99%
30° max.
6 max.
60°
n/a
30° min.
150° max.
30° max.
6 max.
70°
n/a
n/a
15° min.
140° max.
50° max.
8 max.
70 max.
25° min.
165° max.
n/a
13° min.
140° max.
n/a
8 max.
70 max.
n/a
.90 max.
8 max.
13° min.
140° max.
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77.5
11.9
79.4
0.4
10.5
172.8
0
19.3
83.7

0
29
13
315
26
67
378
103
0
2
0

188222
188222
188222
188222
188222
188222
26718
26718
26718
26718
26718
26718
26718
97716
97716
97716
97716
97716
97716
476
476

1
4.5
169.6
113.1
10.3
78.4
10.2
175.0
0.3
12.9
139.1

%
Elements
not
meeting
targets
1.14
0.08
0.18
0.00
0.28
0.45
0.00
0.03
0.04
0.00
0.00
0.11
0.05
0.32
0.03
0.07
0.39
0.11
0.00
0.42
0.00

0
155
0
388
33
350
26

40820
40820
40820
40820
40820
40820
40820

7.1
75.7
0.2
1.0
10.6
8.0
143.4

0.00
0.38
0.00
0.95
0.08
0.86
0.06

Elements
not
meeting
primary
2139
158
332
0
520
847
0
9
11

Elements in
this
component

Actual
Max or
Min
Value

Cerebrum
(Gray and White Matter)

M50-O

M50-OS

Thalamus, Brain Stem, Mid Brain,
and Corpus Callosum

M50-O

M50-OS

Figure 16. Comparison of instantaneous strain fields in the brain at 75 ms of the M50-O and
the M50-OS with modular brain in the frontal sled impact simulation (Shaw, et al. 2009).
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Time = 0

½ tfinal

tfinal

Reference

(Kroell, et al.
1971)

(Hardy, et al.
2001)

(Cavanaugh,
et al. 1990)

(Kemper, et
al. 2008)

(Shaw, et al.
2009)

Robustness
case

Figure 17. Simulation output from full body M50-OS validation tests.
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Chapter V: Summary of Research
The research presented in this thesis was completed in part of Phase II of the
Global Human Body Model Consortium project and has yielded important contributions
to the field of injury biomechanics, particularly to the field of human body modeling. A
computationally efficient full human body model was developed and initial validation
simulations were performed. The 50th percentile simplified male occupant model has
currently progressed to version 1.6.1 as the stability of the model has been increased,
kinematic and kinetic responses closely match the biomechanics literature, and the
reduction in total runtime has been monitored. The total runtime of the simplified model
is on average 35 faster than its detailed counterpart in rigid impact simulations. The
demonstration of the models positioning capabilities and modularity is included to
illustrate additional benefits of a computationally efficient human body model.
Research presented in Chapter II has been published and the research in Chapter
III is expected to be published in scientific journal as well listed in Table 8.
Table 8. Publication plan for research outlined in this thesis.

Chapter Topic
II
Development of a Simplified Finite
Element Model of the 50th Percentile
Male Occupant Lower Extremity
III
Development of a Computationally
Efficient Full Human Body Finite
Element Model
†Published
*Accepted
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Journal
Biomedical Sciences
Instrumentation †
Traffic Injury Prevention *

Appendix

CPU
16
32
48

Table 9. Runtime comparison in minutes of the M50-OS
on different number of processors in rigid body impacts.
AbBarImp
ChestHubImp
LatSledImp
ThorLatImp
(Hardy et al.) (Kroell et al.) (Cavanaugh et al.) (Kemper et al.)
58.45
28.42
82.23
30.18
29.52
16.98
49.35
18.67
30.00
13.92
42.02
15.95

Figure 18. M50-OS rigid body impacts runtime comparison using different number of
processors, data shown in Table 9.
Table 10. Runtime benefits of using MPP Decomposition in the M50-OS rigid body impacts.
ChestHubImp
LatSledImp
CPU
MPP Decomposition
(Kroell et al.)
(Cavanaugh et al.)
16
Yes
28:25
82:14
16
No
30:11
84:30
32
Yes
16:59
49:21
32
No
24:37
75:19
48
Yes
13:55
42:01
48
No
13:43
41:22
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Thorax Hub Impact - 6.7 m/s - Force vs. Deflection
Reference: Neathery et al., 1974, Analysis of Chest Impact Response Data and Scaled
Performance Recommendations, Stapp Car Crash Conference, 741188; Figure 13

Model Revision & Upload Date GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main .dyn file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input .dyn file
sFBM_M50_SO_v-1-6-1_BCs_ThoraxChestImpact6-7fc.dyn
Termination
Normal @ 60 ms
Simulation Type
Rigid Kroell-type Impact – 6.7m/s
Mass, Velocity, Location
23 kg rigid impactor at sternum (R4-5), free back
N
M:F
Average Subject Average Subject
Mass Scaled Scaling mass used
Corridor
Age (years)
Mass (kg)
to M50th?
for corridor (kg)
Data
9
7:2
58
60.1
Yes
75

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 19. GHBMC M50-OS v1.6.1 Model Response vs. Force-Deflection Corridors from Figure 13, Neathery
et al.

Filter for Force Data

Mass gained (%)†

Mass scaling

Hourglass ratio
(HG/TE)*100

SAE CFC300

2.04

1.1 µs

6.06

Displacement method‡
[{Average (Node (A) & Node (B)} – node (C)] / Chest Depth
A: 429575 (Chest 1)
B: 427741 (Chest 2)
C: 428224 (T8)

Force Method
Impactor Force Contact #:
4500000 (Impactor)

†At conclusion of simulation. ‡Model chest depth is found by averaging the coordinates of two nodes on the chest
flesh and finding the resultant vector length to a node on the posterior side of T8. (GHBMC: 240.7mm, Neathery:
214.4 mm).
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Thorax Hub Impact - 6.7 m/s – Simulation Energies

Figure 20. GHBMC M50-OS v1.6.1 Simulation Energies from Thorax Hub Impact. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Thorax Hub Impact - 6.7 m/s - Force vs. Deflection – Lebarbe et al.
Reference: Lebarbe et al., 2012, New Biofidelity Targets for the Thorax of a
50th Percentile Adult Male in Frontal Impact, IRCOBI Conference; Figure 3
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
sFBM_M50_SO_v-1-6-1_BCs_ThoraxChestImpact6-7fc.dyn
Termination
Normal @ 60 ms
Simulation Type
Rigid Kroell-type Impact – 6.7m/s
Mass, Velocity, Location
23 kg rigid impactor at sternum (R4-5), free back
N
M:F
Average Subject Average Subject Mass Scaled to Scaling mass used
Corridor
Age (years)
Mass (kg)
M50th?
for corridor (kg)
Data
7
6:1
58
60.3
Yes
78.5

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 21. GHBMC M50-OS v1.6.1 Model Response vs. Force-Deflection Corridors from Figure 3, Lebarbe
et al.

Filter for Force Data

Mass gained (%)†

Mass scaling

Hourglass ratio
(HG/TE)*100

SAE CFC300

2.04

1.1 µs

6.06

Displacement method‡
[{Average (Node (A) & Node (B)} – node (C)] / Chest Depth
A: 429575 (Chest 1)
B: 427741 (Chest 2)
C: 428224 (T8)

Force Method
Impactor Force Contact #:
4500000 (Impactor)

†At conclusion of simulation. ‡Model chest depth is found by averaging the coordinates of two nodes on the chest
flesh and finding the resultant vector length to a node on the posterior side of T8. (GHBMC: 240.7mm, Lebarbe: 214.4
mm)
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Abdominal Bar Impact - 6.0 m/s - Force vs. Compression
Reference: Hardy et al., 2001, Abdominal Impact Response to Rigid-Bar,
Seatbelt, and Airbag Loading, Stapp Car Crash Conference, 2001-22-0001;
Figure 7d/8a
Model Revision & Upload Date GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main .dyn file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input .dyn file
sFBM_M50_SO_v-1-6-1_BCs_AbdBarImpact6-0fb.dyn
Termination
Normal @ 100 ms
Simulation Type
Rigid bar Impact
Mass, Velocity, Location
48 kg rigid impactor at navel (L3), free back
M:F
Average Subject Average Subject Mass Scaled Scaling mass used for
Corrido N
Age (years)
Mass (kg)
to M50th?
corridor (kg)
r
Data
3
2:1
88
74
Yes
76

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 22. GHBMC M50-OS v1.6.1 Model Response vs. Anterior Abdominal Compression from Figure
7d/8a, Hardy et al. ††

Displacement method‡

Force Method

[Rigid part (A) – node (B)]
/ Ant. Abd. Depth‡
A: 6000000 (Impactor)
B: 601592 (L3 vertebra)

Resultant Force
Contact: M -6000000

Mass scaling

Hourglass ratio
(HG/TE)*100

1.1 µs

6.34

Mass gained (%)†

Filter for Force Data

1.89

SAE CFC600

†At conclusion of simulation ††Hardy et al. data, Figure 7d & 8a, modified for anterior compr. ‡Anterior depth is
compressible space anterior to spine. Ant. Abd. Depth = Total abd. thickness (GHBMC: 227mm, Hardy: 302mm,avg.)
– 99 mm (thickness of model posterior to spine).
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Abdominal Bar Impact - 6.0 m/s – Simulation Energies

Figure 23. GHBMC M50-OS v1.6.1 Simulation Energies from Abdominal Bar Impact. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Lateral Sled Impact - 6.7 m/s - Force vs. Time – (Settled)
Reference: Cavanaugh et al., Biomechanical Response and Injury Tolerance
of the Thorax in Twelve Sled Side Impacts, 902307, 1990. Figure A2c.
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
sFBM_M50_SO_v-1-6-1_BCs_LateralSled6-7_Main.dyn
Termination
Normal @ 180 ms, first 100 ms is gravity settle onto sled
Simulation Type
Sled
Mass, Velocity, Location
Lateral, Heidelberg-type sled, unpadded
N M:F
Average
Average
Mass Scaled
Scaling mass used for
Subject
Age
Subject
Mass
to
M50th?
corridor (kg)
Corridor
(years)
(kg)
Data
12 7:5
61
60.7
Yes
75

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 24. GHBMC M50-OS v1.6.1 Response vs. Shoulder + Thorax + Abdomen Force-Time Corridor
Described in Cavanaugh et al. (1990)

Time method
Simulation time, set t =
0 one time step prior to
initiation of impact
loading

Mass scaling

Hourglass ratio
(HG/TE)*100

1.1 µs

6.06

Mass gained (%)†

Filter for Data

2.04

SAE CFC600

Force Method
Result. force from
transducer location:
Shoulder ID: 1224
Th. ID: 1225
Abd. ID: 1226

†At conclusion of simulation
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Lateral Sled Impact - 6.7 m/s - Force vs. Time – (Settled)
Reference: Cavanaugh et al., Biomechanical Response and Injury Tolerance of the
Pelvis in Twelve Sled Side Impacts, 902305, 1990. Figure A1c.
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
sFBM_M50_SO_v-1-6-1_BCs_LateralSled6-7_Main.dyn
Termination
Normal @ 180 ms, first 100 ms is gravity settle onto sled
Simulation Type
Sled
Mass, Velocity, Location
Lateral, Heidelberg-type sled, unpadded
N
M:F
Average
Average Subject
Mass Scaled to
Scaling mass used
Corrid
Subject Age
Mass (kg)
M50th?
for corridor (kg)
or
(years)
Data
12 7:5
61
60.7
Yes
75

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 25. GHBMC M50-OS v1.6.1 Response vs. Pelvis Force-Time Corridor Described in Cavanaugh et al.
(1990)

Time method
Simulation time, set t =
0 one time step prior to
initiation of impact
loading

Force Method
Result. force from
transducer location:
Pelvis ID: 1227

†At conclusion of simulation
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Mass scaling

Hourglass ratio
(HG/TE)*100

1.1 µs

6.06

Mass gained (%)†

Filter for Data

2.04

SAE CFC600

Lateral Sled Impact - 6.7 m/s - Simulation Energies – (Settled)

Figure 26. GHBMC M50-OS v1.6.1 Simulation Energies from Lateral Sled Impact. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Thorax Lateral Impact - 12 m/s - Kinematics
Reference: Kemper et al., 2008, The Influence of Arm Position on Thoracic
Response in Side Impacts, Stapp Car Crash Conference
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
sFBM_M50_SO_v-1-6-1_BCs_ThoraxLatImpact12-0.dyn
Termination
Normal @ 60 ms
Simulation Type
Thoracic Lateral Arm Impact – 12.0m/s
Mass, Velocity, Location
23.4kg rigid impactor, 12.0m/s, Impacted Shoulder, Arm
N
M:F
Average Subject Average Subject Mass Scaled to
Scaling mass used
Corridor
Age (years)
Mass (kg)
M50th?
for corridor (kg)
Data
4
4:0
53
67.1
Yes
76kg

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Envelopes Method

Transformed to CG’s of FBM

Displacement Method

Nodal Displacements from Node
Sets: 1000, 1001, 1003, and
1005

Mass Scaling

1.1 µs

Hourglass ratio
(HG/TE)*100

6.13

Mass gained (%)†

2.03

Filter for Data

N/A

Figure 27. GHBMC M50-OS v1.6.1 Trajectory Response from Figures 57 & 58, Kemper et al. 2007 Report
†At conclusion of simulation
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Thorax Lateral Impact - 12 m/s - Force vs. Time
Reference: Kemper et al., 2008, The Influence of Arm Position on Thoracic
Response in Side Impacts, Stapp Car Crash Conference
Model Revision & Upload Date GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
sFBM_M50_SO_v-1-6-1_BCs_ThoraxLatImpact12-0.dyn
Termination
Normal @ 60 ms
Simulation Type
Thoracic Lateral Arm Impact – 12.0m/s
Mass, Velocity, Location
23.4kg rigid impactor, 12.0m/s, Impacted Shoulder, Arm
N
M:F
Average Subject
Average Subject Mass Scaled
Scaling mass used
Corridor
Age (years)
Mass (kg)
to M50th?
for corridor (kg)
Data
4
4:0
53
67.1
Yes
76kg

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 28. GHBMC M50-OS v1.6.1 Model Response vs. Force-Time Contours from Kemper et al. 2008,
Figure 25

Time Method
Simulation Time

Force Method

Mass scaling

Resultant Force Contact:
M-4510000

1.1 µs
Mass gained (%)†
2.03

†At conclusion of simulation
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Hourglass ratio
(HG/TE)*100
6.13
Filter for Data
SAE CFC600

Thorax Lateral Impact - 6.7 m/s –Simulation Energies

Figure 29. GHBMC M50-OS v1.6.1. Simulation Energies from Thorax Lateral Impact. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Frontal Driver NCAP (Settled)
Robustness test only
Reference: NCAP Test #7147, NHTSA Vehicle Crash Database
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input file
M50_OS_v1-6-1_BCs_FNCAP_7147D_Settled.dyn
Termination
Normal @ 150 ms
Simulation Type
Crash Test Pulse
Mass, Velocity, Location
Standard Driver Belt
N
M:F
Average Subject Average Subject Mass Scaled Scaling mass used
Corridor
Age (years)
Mass (kg)
to M50th?
for corridor (kg)
Data
Robustness Only

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 30. GHBMC M50-OS v1.6.1 Model Response in Frontal Driver NCAP.

1.1 µs
0.22
2.19

Mass Scaling
Hourglass ratio (HG/TE)*100
Mass gained (%)†
†At conclusion of simulation
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Frontal Driver NCAP (Settled) – Simulation Energies

Figure 31. GHBMC M50-OS v1.6.1 Simulation Energies from FNCAP Test #7147. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Lateral Driver NCAP (Settled)
Robustness test only
Reference: NCAP Test #3263, NHTSA Vehicle Crash Database
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main .dyn file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input .dyn file
M50_OS_v1-6-1_BCs_LNCAP3263D_Main_Settled.dyn
Termination
Normal @ 150 ms
Simulation Type
Crash Test
Mass, Velocity, Location
Standard Driver Belt
N M:F
Average Subject
Average Subject Mass Scaled to Scaling mass used
Corridor
Age (years)
Mass (kg)
M50th?
for corridor (kg)
Data
Robustness Only

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 32. GHBMC M50-OS v1.6.1 Model Response in Lateral Driver NCAP.

1.1 µs
2.51
2.15

Mass Scaling
Hourglass ratio (HG/TE)*100
Mass gained (%)†
†At conclusion of simulation
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Lateral Driver NCAP (Settled) – Simulation Energies

Figure 33. GHBMC M50-OS v1.6.1 Simulation Energies from LNCAP Test #3263. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Oblique Driver (Settled)
Robustness test only
Reference: Oblique Test #7444, NHTSA Vehicle Crash Database
Model Revision & Upload Date GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main .dyn file for FBM
GHBMC_M50_OS_v1-6-1_Main.dyn
Boundary input .dyn file
master_c.key
Termination
Normal @ 139 ms
Simulation Type
Crash Test
Mass, Velocity, Location
Standard Driver Belt
N M:F
Average Subject Average Subject Mass Scaled
Scaling mass used
Corridor
Age (years)
Mass (kg)
to M50th?
for corridor (kg)
Data
Robustness Only

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 34. GHBMC M50-OS v1.6.1 Model Response in Oblique Driver.

1.1 µs
3.26
2.7

Mass Scaling
Hourglass ratio (HG/TE)*100
Mass gained (%)†
†At conclusion of simulation
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Oblique Driver (Settled) – Simulation Energies

Figure 35. GHBMC M50-OS v1.6.1 Simulation Energies from Oblique Driver Test #7444. Displayed are
Total, Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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Frontal Sled Impact (Settled) -11m/s – Belt Force vs. Time
Reference: Shaw, 2009, Impact Response of Restrained PMHS in Frontal
Sled Tests: Skeletal Deformation Patterns Under Seat Belt Loading, Stapp
Car Crash Journal, 2009-22-0001
Model Revision & Upload Date
GHBMC M50-OS v1.6.1, 4/2/15
LS-Dyna Version
MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485
Main file for FBM
GHBMC_M50_OS_v1-6-1_Main-Shaw.dyn
Boundary input file
M50_OS_v-1-6-1_BCs_NHTSA-Buck_Shaw_Main_Settled.dyn
Termination
Normal @ 250 ms, first 100 ms is gravity settle onto sled
Simulation Type
Sled
Mass, Velocity, Location
11 m/s, Standard Driver Belt
N
M:F Average Subject
Average Subject Mass Scaled
Scaling mass used
Corridor
Age (years)
Mass (kg)
to M50th?
for corridor (kg)
Data
5
5:0
77.0 ± 8.2
78.2 ± 7.3
Yes
75.1

t=0

t = 1/3 tmax

t = 2/3 tmax

t = tmax

Figure 36. GHBMC M50-OS v1.6.1 Upper shoulder belt vs. time from Shaw et al. 2009.

Time method

Force method

Simulation Time

Average Element IDs
1-8

†At conclusion of simulation
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Mass scaling

Hourglass ratio
(HG/TE) * 100

1.1 µs

7.79

Mass gained (%)†

Filter for Data

0.31

NA

Reference: Shaw, 2009, Impact Response of Restrained PMHS in Frontal
Sled Tests: Skeletal Deformation Patterns Under Seat Belt Loading, Stapp
Car Crash Journal, 2009-22-0001

Figure 37. GHBMC M50-OS v1.6.1 Lower shoulder belt vs. time from Shaw et al. 2009. Time Method:
Simulation Time. Force Method: Seatbelt 9.

Figure 38. GHBMC M50-OS v1.6.1 Lap belt force vs. time from Shaw et al. 2009. Time Method: Simulation
Time. Force Method: Seatbelt 10 to 18.
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Frontal Sled Impact (Settled) -11m/s– Force vs. Time
Reference: Shaw, 2009, Impact Response of Restrained PMHS in
Frontal Sled Tests: Skeletal Deformation Patterns Under Seat Belt
Loading, Stapp Car Crash Journal, 2009-22-0001

Figure 39. GHBMC M50-OS v1.6.1 Seat Load Cell-FX (left) and Seat Load Cell-FZ (right) vs. time from
Shaw et al. 2009. Time Method: Simulation Time. Force Method: Rcforc Contact 1101.

Figure 40. GHBMC M50-OS v1.6.1 Right Knee Bolster-FX (left), Right Knee Bolster-FY (middle), and Right
Knee Bolster-FZ (right) vs. time from Shaw et al. 2009. Time Method: Simulation Time. Force Method:
Rcforc Contact 1103, Local CS force transformed.

Figure 41. GHBMC M50-OS v1.6.1 Left Knee Bolster-FX (left), Left Knee Bolster-FY (middle), and Left
Knee Bolster-FZ (right) vs. time from Shaw et al. 2009. Time Method: Simulation Time. Force Method:
Rcforc Contact 1102, Local CS force transformed.
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Reference: Shaw, 2009, Impact Response of Restrained PMHS in
Frontal Sled Tests: Skeletal Deformation Patterns Under Seat Belt
Loading, Stapp Car Crash Journal, 2009-22-0001

Figure 42. GHBMC M50-OS v1.6.1 Foot Rest-FX (left), Foot Rest-FY (middle), and Foot Rest-FZ (right) vs.
time from Shaw et al. 2009. Time Method: Simulation Time. Force Method: Rcforc Contact 1104.

Frontal Sled Impact (Settled) -11m/s– Displacement vs. Time, local CS

Figure 43. GHBMC M50-OS v1.6.1 Sternum displacement X (left), Y (middle), and Z (right) vs. time from
Shaw et al. 2009. Time Method: Simulation Time. Displacement Method: Average Displacements for Node
IDs 419660 and 419661

Figure 44. GHBMC M50-OS v1.6.1 Rib Displacement Upper Left Chest X (left), Y (middle), and Z (right) vs.
time from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method Average Displacements
for Node IDs 416690, 416691, 416698, 416699

Note: per Shaw a local coordinate system is used, CSID 191302.

83

Figure 45. GHBMC M50-OS v1.6.1 Rib Displacement Upper Right Chest X (left), Y (middle), and Z (right)
vs. time from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method Average
Displacements for Node IDs 424540, 424541, 424548, 424549

Figure 46. GHBMC M50-OS v1.6.1 Rib Displacement Lower Left Chest X (left), Y (middle), and Z (right) vs.
time from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method Average Displacements
for Node IDs 418065, 418069, 418107, 418108

Figure 47. GHBMC M50-OS v1.6.1 Rib Displacement Lower Right Chest X (left), Y (middle), and Z (right)
vs. time from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method Average Displacement
for Node IDs 425858, 425861, 425899, 425900

Note: per Shaw a local coordinate system is used, CSID 191302.
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Figure 48. GHBMC M50-OS v1.6.1 Head Displacement X (left), Y (middle), and Z (right) vs. time from Shaw
et al. 2009. Head CG: Average Node ID 161319, 161370, 161373, 161421, 179441, 179444, 179492, 190038
Displacement

Figure 49. GHBMC M50-OS v1.6.1 Right Shoulder Displacement X (left), Y (middle), and Z (right) vs. time
from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method: Average Displacement of
Node ID 500471, 500475, 500750, 500756

Figure 50. GHBMC M50-OS v1.6.1 Left Shoulder Displacement X (left), Y (middle), and Z (right) vs. time
from Shaw et al. 2009. Time Method: Simulation Time. Displacement Method: Average Displacement of
Node ID 316804, 316808, 317083, 317089

Note: per Shaw a local coordinate system is used, CSID 191302.
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Figure 51. GHBMC M50-OS v1.6.1 T1 Displacement X (left), Y (middle), and Z (right) vs. time from Shaw et
al. 2009. Time Method: Simulation Time. Displacement Method: T1 Node ID 407535, Displacement

Figure 52. GHBMC M50-OS v1.6.1 T8 Displacement X (left), Y (middle), and Z (right) vs. time from Shaw et
al. 2009. Time Method: Simulation Time. Displacement Method: T8 Node ID 407650, Displacement

Figure 53. GHBMC M50-OS v1.6.1 L2 Displacement X (left), Y (middle), and Z (right) vs. time from Shaw et
al. 2009. Time Method: Simulation Time. Displacement Method: L2 Node ID 600605, Displacement

Note: per Shaw a local coordinate system is used, CSID 191302.
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Figure 54. GHBMC M50-OS v1.6.1 L4 Displacement X (left), Y (middle), and Z (right) vs. time from Shaw et
al. 2009. Time Method: Simulation Time. Displacement Method: L4 Node ID 602421, Displacement

Figure 55. GHBMC M50-OS v1.6.1 Pelvis Displacement X (left), Y (middle), and Z (right) vs. time from
Shaw et al. 2009. Time Method: Simulation Time. Displacement Method: Pelvis Node ID Average 826296,
826297, 826300, 827678, Displacement

Frontal Sled Impact (Settled) -11m/s – Simulation Energies

Figure 56. GHBMC M50-OS v1.6.1 Simulation Energies from Frontal Sled Impact. Displayed are Total,
Kinetic, Internal, Hourglass, and Sliding Interface Energies.
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