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Abstract 

Motor vehicle crashes kill over 1 million people worldwide each year making 

them one of the most common causes of death.  With finite element models being used as 

tools to study blunt injuries, it is critical to validate them in a range of loading scenarios 

to ensure accurate model outputs.  While human body models have typically been 

validated qualitatively, quantitative methods available to researchers can provide 

objective comparisons to the experimental data or between models.  Validated human 

body models can help reveal the role that body habitus plays in injury outcomes for 

motor vehicle occupants.  The objective of this dissertation was to validate a mid-sized 

male full human body finite element model and use that model as a basis for the 

development of a large male model. 

The Global Human Body Models Consortium’s (GHBMC) mid-sized male (M50) 

finite element model has been validated in various levels.  This work presents part of that 

validation.  First, the mass distribution of the model is compared to literature values for a 

mid-sized male population.  Then, several objective comparison methods are evaluated 

and a favored approach is chosen.  An update to this approach is used to validate the 

GHBMC M50 in rigid body impacts spanning from the shoulder through the pelvis.  The 

validated GHBMC M50 model is used as the basis to create the GHBMC 95th percentile 

male (M95) model through a radial basis function interpolation with a thin-plate spline 

basis function.  Qualitative and quantitative methods are used to validate the GHBMC 

M95 model both anatomically and in simulations.  Finally, a quantitative comparison 

between the two models was made evaluating injury risk and the efficacy of a curve 

scaling technique widely used in injury biomechanics.  Since the M95 model was 
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morphed directly from M50 and they share all of the same modeling techniques, direct 

comparisons can be made between the models when run in the same simulation. 

The GHBMC models presented in this work have become valuable tools for 

researchers to use in studying injury biomechanics.  The culmination of the current work 

found that injury risk differences exist between the average male and large male models 

in a frontal crash test.  Future work could provide further comparison between the M50 

and M95 models to determine the effects that morphometric changes have on injury 

metrics in other crash modes and impact types.  This will provide valuable information 

when trying to protect occupants of all sizes. 



1 

 

Chapter I 

1. Introduction and Background 

1.1 Significance: Motor Vehicle Crash Injuries and Modeling 

Unintentional injuries are the leading cause of death for people ages 1 through 44 

in the United States, over 40% of which are due to motor vehicle crashes (MVCs) [1].  

On a global scale, road injury ranks 10th in disability-adjusted life years (DALYs) lost 

and increased by 34% from 1990 to 2010 [2].  Over one million people are killed 

worldwide by MVCs every year [3].  Computational modeling research can enhance the 

safety of vehicles and reduce the number of MVC fatalities.  Well-validated models have 

the potential to determine injury mechanisms and inform researchers of the efficacy of 

potential safety features.  An indication that human body modeling is becoming more 

ubiquitous within the crash injury field is the decision by the European New Car 

Assessment Program (EuroNCAP) to implement standards involving computational 

modeling.  This represents an important new direction for modeling within consumer 

testing where models are likely to play an increasingly important role.  It is necessary to 

protect all road users, but developing well-validated models representing a person of each 

body habitus is not feasible due to the time and cost involved with model development.  

This work presents the validation of an average male occupant finite element model and 

the development of a large male occupant model through the use of morphing techniques.  

These techniques can be applied to develop human body models of nearly any size and 

shape from a reference model with a substantial reduction in time and cost. 
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1.2 Human Body Finite Element Models 

Computational modeling has been used in injury biomechanics research for over 

50 years [4].  In that time, finite element modeling has become an advanced way to study 

the human body without needing the expense of a physical test.  With the advancement of 

computer processing power and high performance computing, more advanced models, 

including complex finite element models, have been created as tools for use in research.  

Finite element analysis (FEA) allows researchers to compute stresses and strains in 

complex loading configurations that would be impossible to determine experimentally. 

This makes FEA an important tool in the study of blunt injury biomechanics.  Because of 

this, they can lead to a better understanding of how injuries occur and can enhance the 

safety of motor vehicles.  Recently, human body FEMs have been used to investigate 

neck injury [5], determine the effects of posture on hip injury [6], and reconstruct real 

world crashes [7].  With these developments, human body FEMs will only become more 

useful in the understanding of injury. 

1.2.1 Existing Human Full Body Models 

Earlier human full body finite element models (FBMs) were limited in complexity 

due to the computational capabilities of the time.  They used simplified geometries and 

contained a small number of elements relative to current models [8, 9].  As computational 

power increased, FBMs increased in complexity [10-12].  With improved computational 

power, both the geometric accuracy and the number of model elements have increased.  

The H-Model is one example of a model taking advantage of computational 

improvements [13, 14].  Additionally, automotive companies have developed their own 

in-house FBMs [15, 16].  While much focus was on modeling the 50th percentile male, 



3 

 

FBMs representing other statures, including the 5th percentile female and a three-year-old 

child, have also been developed [17, 18]. 

Two current models used within the injury biomechanics community are the Total 

Human Model for Safety (THUMS) [19, 20] and the Human Model for Safety (HUMOS) 

[21].  The THUMS model has increased in complexity with each successive release and 

the current version has about 1.8 million elements.  THUMS includes geometry from 

supine CT images of an individual that was a close match to the 50th percentile male.  

The model contains a significant amount of anatomical detail [22].  The current version 

of HUMOS has approximately 102,000 elements [23].  The HUMOS model geometry is 

from sections of a cadaver frozen in the seated driver occupant position.  The mesh of 

HUMOS can be scaled in a range from the 5th percentile female to the 95th percentile 

male [24].  While both of these models have helped to advance the understanding of 

injury biomechanics, there was a need to improve model geometry to more accurately 

capture the full living human body anatomy.  This can be accomplished by using more 

than one modality for image capture and computer aided design (CAD) geometry 

creation. 

1.3 Global Human Body Models Consortium 

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

automotive companies, universities, and government agencies whose goal is to create a 

set of the world’s most biofidelic computational human body models.  The intended use 

of these models is in studying blunt traumatic loading and the resulting injuries using 

explicit finite element analysis.  The process of creating the models has involved making 

CAD geometry data from medical images and developing regional models from these 
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data.  Those models were developed by Wayne State University (head), University of 

Waterloo (neck), University of Virginia (thorax and lower extremities), the French 

Institute of Sciences and Technology for Transportation (IFSTTAR, abdomen), and 

University of Alabama – Birmingham (pelvis).  A full body model was then integrated 

from the regional parts.  To date, the GHBMC 50th percentile male, 95th percentile male, 

and several simplified occupant and pedestrian models have been completed with plans 

for further development and validation.  Currently, development of a 5th percentile female 

detailed occupant model is underway.  These models are becoming tools used by 

engineers and researchers in the field of injury biomechanics, with wide distribution to 

academic and industry users. 

1.3.1 Mid-Sized Male Model Geometry 

The geometry for the mid-sized male model was created from the medical images 

of a living subject recruited to represent the 50th percentile male (26 years old, 78.6 kg, 

174.9 cm) [25, 26].  As seen in Table 1, the individual was matched to ten anthropometric 

measurements, in addition to standing height and weight, to ensure no anomalies [27]. 

Table 1. Anthropometric measurements taken for subject recruitment. 

Standing Seated 

Shoulder Elbow Length Seated Height 

Forearm Hand Length Hip Breadth 

Waist Circumference Buttock Knee Length 

Hip Breadth Knee Height 

Foot Length Bideltoid Breadth 

 

A battery of medical images were taken of the selected subject, including external 

laser scanning, bony landmark identification, supine magnetic resonance imaging (MRI), 

upright MRI, and supine and quasi-seated computed tomography (CT).  Examples of 
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images from these modalities can be seen in Figure 1.  Laser scanning and bony landmark 

identification were used to obtain surface geometry and relate it to underlying skeletal 

structures.  CT is well-suited for three-dimensional reconstructions of the skeletal system.  

A custom rig was designed to obtain CT images in a quasi-seated posture by positioning 

the legs at the proper angles.  Both types of MRI were used for soft tissue reconstruction, 

with upright MRI being used to obtain organ locations in a seated posture.  Capturing the 

locations of organs when the subject is seated makes for a more accurate CAD geometry 

of a seated occupant, as differences have been found in organ location between seated 

and supine scans [28, 29]. 

 

Figure 1. Imaging modalities used in CAD geometry creation. 

The images were segmented using a combination of manual, semi-automated, and 

atlas-based segmentation techniques.  Segmentation rendered polygonal data which was 

conditioned by smoothing, removing artifacts, and inducing symmetry.  The data were 

then compared to literature values for anatomical sizes and shapes to ensure an accurate 

representation of an average male.  After assembly of the structures into the upright MRI 
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space, and using the quasi-seated CT data, non-uniform rational basis spline (NURBS) 

surfaces were created.  This dataset was used as the final CAD geometry for the model 

and can be seen in Figure 2. 

 

Figure 2. Final CAD geometry delivered to regional partners for meshing. 

1.3.2 Mid-Sized Male Model Mesh 

The full M50 CAD dataset was divided into five regions – head, neck, thorax, 

abdomen, and pelvis and lower extremity (plex).  The anatomical landmarks for 

separation were at the atlanto-occipital joint, C7-T1 boundary, diaphragm, perineum, and 

the acetabulum.  Each region was meshed and validated by a partner university – head 

[30-32], neck [33-36], thorax [37, 38], abdomen [39], pelvis [40] and lower extremity 

[41-43].  The regional models were provided to Wake Forest University where they were 

integrated into a single full body model (FBM).  Integration techniques included using 

nodal connections, 1-D beam and discrete elements, tied contacts, sliding contacts, and 

mesh adjustments.  In total, the current version of the model (v4.3) contains 1.3 million 

nodes, 2.2 million elements, 984 parts, and represents a weight of 76.8 kg.  The 
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percentage of elements by type is 41.2% solid tetrahedral, 33.9% solid hexahedral, 15.7% 

shell quadrilateral, and 9.2% other.  The large percentage of hexahedral elements ensures 

accurate results during computation.  A full summary of the element breakdown can be 

seen in Figure 3.  The FBM was validated in blunt impact scenarios ranging from hub-

type impacts to full body sled tests, in addition to the regional validation that was 

completed by consortium universities.  A subset of the model validation will be presented 

in this work, including mass distribution and simulation validation.  An image of the 

model involved in this work can be seen in Figure 4. 

  

Figure 3. Full body model element breakdown by element type (left) and region (right). 

8.3%

15.7%

41.2%0.7%

33.9%
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Trias Quads Solid Tetras
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12.2%
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Figure 4. Mesh of the current version of the GHBMC M50 FBM. 

1.3.3 Large Male Imaging Dataset 

The same dataset described above that was collected from an average male was 

also collected for a subject representing the 95th percentile male (26 years old, 102.5 kg, 

189.5 cm).  The subject selection was based on the anthropometry set detailed in Table 1, 

but with 95th percentile male target values.  The multi-modality imaging protocol was 

performed on the selected subject with MRI, upright MRI, CT, and external laser 

scanning taken in the same postures.  This dataset was leveraged in morphing the 

GHBMC M50 model to the M95 body habitus, described in Chapter 5.  A full CAD 

dataset was not required for the morphing process, only polygonal data, but is planned as 

part of the current phase of the GHBMC efforts at Wake Forest University. 
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1.4 Quantitative Comparison 

The quantitative comparison of models has been the focus of several recent 

studies [44-49], and is a focus of this dissertation.  Objective evaluation (OE) methods 

have been applied in validating both the M50 and M95 models as well as in making 

comparisons between the two models.  The use of OE in modeling is an important step in 

model validation and can be used during development to quantify model improvement. 

The methods developed by Sprague and Geers [50] and Rhule et al. [51] were 

used in earlier validation work of the GHBMC M50 model [52].  The Sprague and Geers 

method allows for the differentiation between magnitude and phase errors.  Unlike many 

other objective rating measures, the magnitude rating can be positive or negative 

indicating an overestimation or underestimation of the experimental data, respectively.  

However, the magnitude error estimation is limited since it is calculated from the area 

under the curves.  This leads to perfect magnitude scores for a model curve that has a 

greater peak force, as long as the duration of the peak is shorter than the experimental 

curve.  Another limitation of Sprague and Geers is that it does not take into account 

experimental variance, which is an important consideration in injury biomechanics given 

subject-to-subject variability.  The Rhule et al. Cumulative Standard Deviation (CSD) 

provides an estimate of the number of standard deviations a model is from an 

experimental mean, on average.  While CSD does use experimental standard deviation to 

account for variation in data, it provides only a single value.  If the model is a good match 

in magnitude, but has a small phase shift it will receive a poor rating, which is a 

limitation of this metric. 
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The Correlation and Analysis (CORA) method developed by Gehre et al. [45] has 

also been used in quantitatively assessing the GHBMC M50.  This rating system provides 

four separate values – corridor, phase, magnitude, and shape – which are then combined 

into a single score using a weighted average.  This provides the benefit of separate scores 

for different types of error and still accounts for variation in data.  The ISO/TS 18571 

standard for objective comparison [44] is the current rating system used to assess the 

GHBMC M50 validation.  As with CORA, this system uses 4 ratings to calculate a final 

score via a weighted average.  The CORA corridor rating is used in combination with the 

Enhanced Error Assessment of Response Time Histories (EEARTH) phase, magnitude, 

and slope ratings.  The methods of the ISO rating, which provide a more robust 

separation of the phase and magnitude scores, and are discussed further in Chapter 4. 

1.5 Model Morphing 

Model morphing techniques can be applied to baseline models when geometric 

changes alone provide a unique model.  This is particularly useful in human body 

modeling, where size and shape variation can be incorporated into several models 

without individual development of each model.  Considering the development of the 

GHBMC M50 model was approximately five years of work from a group of universities, 

the time savings that can be provided by model morphing are significant.  For this reason 

the GHBMC large male detailed occupant model was developed using a morphing 

technique. 

Morphing techniques used for FEMs have ranged from a simple scaling of 

selected parts [17] to radial basis function (RBF) interpolation of the whole body [53].  

To create a  5th percentile female model, Kimpara et al. [17] scaled organs from a 50th 
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percentile male model to fit within a 5th percentile female skeletal mesh.  Vezin and 

Verriest chose the approach of correlating external anthropometry measurements with 

internal anatomical measurements.  Using these correlations they scaled a 50th percentile 

model to various sizes, including a 5th percentile female and 95th percentile male [54].  

Stayton used a radial basis function interpolation with a thin-plate spline as the basis 

function to morph a mesh of one species of turtle to another [55].  This method uses a set 

of homologous landmarks on the reference and target geometries to create spline 

equations.  The spline functions are applied to the nodes of the reference model to morph 

it to the target model geometry.  A study by Shi et al. used the RBF interpolation method 

with a multi-quadratic basis function to morph a full human body model to various levels 

of obesity [53]. 

1.6 Chapter Summaries 

The subsequent chapters of this work, including title and summary are: 

Chapter 2: Investigation of the Mass Distribution of a Detailed Seated Male Finite 

Element Model 

The mass distribution of the GHBMC M50 model is compared to values found in 

the literature for an average male. 

 

Chapter 3: An Evaluation of Objective Rating Methods for Full Body Finite Element 

Model Comparison to PMHS Tests 

The Sprague and Geers, Rhule et al., and Correlation and Analysis objective 

rating methods are compared to each other using the GHBMC M50 model in a frontal 

sled test simulation. 
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Chapter 4: Quantitative Validation of a Human Body Finite Element Model Using Rigid 

Body Impacts 

The GHBMC M50 model is validated using the ISO/TS 18571 method for 

objective comparison.  The simulations in which the model was validated include a 

shoulder impact, chest impact, thoracoabdominal impact, abdomen impact, and pelvis 

impact. 

 

Chapter 5: Application of Radial Basis Function Methods in the Development of a 95th 

Percentile Male Seated FEA Model 

The development of the GHBMC M95 model using a model morphing method is 

presented along with initial validation of the model. 

 

Chapter 6: Quantitative Evaluation Of Injury Criteria And Scaling Using 50th And 95th 

Percentile Human Body Finite Element Models In Frontal Crash 

The GHBMC M50 and M95 models are compared in a frontal crash US NCAP 

consumer testing simulation.  The associated injury risks are contrasted between the 

models and the ISO/TS 18571 method is used to evaluate the Eppinger mass scaling 

method that scaled the M95 curves to the M50 stature. 

 

Chapter 7: Conclusions 

General observations on the M50 and M95 model validations studied in this work 

are made and future directions for the work are discussed. 
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Online First, 

doi: 10.1007/s10439-015-1286-7, 
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INVESTIGATION OF THE MASS DISTRIBUTION OF A DETAILED SEATED 

MALE FINITE ELEMENT MODEL 

2.1 Abstract 

Accurate mass distribution in computational human body models is essential for 

proper kinematic and kinetic simulations.  The purpose of this study was to investigate 

the mass distribution of a 50th percentile male (M50) full body finite element model 

(FEM) in the seated position.  The FEM was partitioned into 10 segments, using segment 

planes constructed from bony landmarks per the methods described in previous research 

studies. Body segment masses and centers of gravity (CGs) of the FEM were compared 

to values found from these studies, which unlike the present work assumed homogeneous 

body density.  Segment masses compared well to literature while CGs showed an average 

deviation of 6.0% to 7.0% when normalized by regional characteristic lengths.  The 

discrete mass distribution of the FEM appears to affect the mass and CGs of some 

segments, particularly those with low density soft tissues.  The locations of the segment 

CGs are provided in local coordinate systems, thus facilitating comparison to other full 

body FEMs and human surrogates.  The model provides insights into the effects of 

inhomogeneous mass on the location of body segment CGs. 

Keywords: human body model, center of gravity, mass distribution, model validation 
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2.2 Introduction 

Simulations of blunt trauma are now possible due to advances in computational 

human body modeling via finite element analysis.1-4  Finite element analysis is often used 

due to its capability of handling complex geometries and modeling the non-linear 

behavior of tissues.5-15  This study focuses on a full body finite element model (FEM) of 

a 50th percentile male (M50 model) that is in development as part of the Global Human 

Body Models Consortium (GHBMC) project.   

FEMs of specific body parts and regions have been developed to analyze specific 

injuries.5-14,16-19  Full body FEMs offer the advantage of observing injuries that may occur 

as the whole body dynamically interacts with its environment.20-22  Many verification 

practices are needed to ensure a model’s biofidelity including correct anthropometry, 

geometry, material properties and boundary conditions in addition to numerical 

validation vs. literature studies of kinematics23,24 and kinetics25,26.  During a dynamic 

event, model response will also be a function of the mass distribution, i.e., the location of 

the centers of gravity (CGs) of its various components.  Due to this, it is imperative also 

to characterize the CGs of full body FEMs used in dynamic modeling. 

Therefore, the focus of this work is on the mass distribution of the GHBMC 

seated 50th percentile male full body FEM.  The objective of this research is twofold.  

The first aim is to demonstrate a technique to investigate the mass distribution of the 

model using methods described in the literature.27,28  The second is to compare the 

masses and CGs of the M50 model to these two studies.   
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2.3 Methods 

The geometry of the M50 model is based on medical images and surface scans of 

a subject who closely matched standard definitions for the midsized male.29-31  Detailed 

descriptions of model development are outside the scope of this paper, but can be found 

in the literature.1,30,31  The M50 model (v3.5) consists of 1.9 million elements, each with 

an assigned density (Figure 5). Since density values can be readily found for many body 

components32 the model captures the variations in mass distributions. 

 

Figure 5. Finite element model of M50. The exterior skin has been removed on the right side 

to demonstrate the internal body structures included. 

A number of studies to determine segmental CGs of the human body have been 

conducted.27,28,33-37  The two studies chosen as a benchmark for the current work were by 

McConville et al. (1980) and Robbins (1983).  McConville’s study was selected because 
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body segments CGs were provided with respect to a three dimensional local coordinate 

system defined within the segment, although the subjects were in a standing posture.  

Robbins adapted this work for the seated posture by adjusting the body segments and 

local coordinate systems.  Since the locations of bony landmarks on M50 were known, 

these studies were deemed the best for comparison.  A brief description of both study 

methodologies follows.  In each study, the full body was divided into 10 segments using 

cutting planes described by bony landmarks.  CGs were determined for each of the 10 

body segments using a homogenous density assumption.  The CGs were then defined in 

local coordinate systems which were also created from bony landmarks.  Though the 

homogenous density assumption was made to simplify calculations, both studies 

acknowledged it as a limitation. 

The methods in this study focus on four main goals.  The first was to develop 10 

section planes from the literature descriptions, based on bony landmarks.  The second 

was to use these planes to partition the full body FEM into segments.  The masses and 

CGs of each segment were then determined via FEA pre-processing software (LS-

PrePost v. 3.2, Livermore Software Technology Corp, Livermore, CA).  Third, CGs of 

each region were determined using methods described by McConville et al.27 and 

Robbins28.  Finally, the CG locations from these literature studies were compared to the 

CG locations from M50 by calculating the linear distance between each, and normalizing 

those by a set of characteristic lengths.  To ensure that data from McConville et al. and 

Robbins was appropriate for this study, height and weight of the subjects were compared 

in the referenced study were compared to the individual used in the model development 

of M50.  
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Planes were used to divide M50 into the following 10 segments: head, neck, 

thorax, abdomen, pelvis, upper arm, forearm and hand, thigh, calf, and foot.  To 

accommodate M50’s seated posture, segment planes defined by McConville et al.27, were 

modified for the abdomen, hip, knee and ankle planes per the descriptions of Robbins28.  

Two alternate sectional planes were used to account for the soft tissue in the abdominal 

region caused by the seated posture.  Since knees and ankles of M50 were flexed, the 

knee and ankle section planes were rotated 58° clockwise about the Y (Left-Right) axis, 

matching the toe pan angle of the model.  Given that the exterior of M50 is sagittally 

symmetric, partitioning the extremities was performed only along the right side.  Figure 6 

shows the planes used to partition FEM into segments. 

 

Figure 6. Segment planes on the finite element model of M50.  Anterior and Sagittal views 

of the segment planes are shown. 

The mass, and CGs of each segment were calculated (LS-PrePost v. 3.2) for each 

isolated body segment of the FEM.  To determine CG values based from literature data, a 

local coordinate system (LCS) was established per body region from the bony landmarks 
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on the M50 model.  Three mutually orthogonal planes were constructed, following the 

methods of McConville et al. and Robbins.  The origin of the LCS occurred at the 

intersection point of the three planes.  For each body region, McConville et al. provided 

the Cartesian trajectory in the LCS from the region’s CG to various bony landmarks.  

Working backwards from each bony landmark (taking specific nodes to represent 

landmark locations) and using these trajectories, a CG location was calculated.  Multiple 

landmarks were used and averaged to represent the McConville CG (MCG) for that 

region.  Due to the large number of degrees of freedom and variation of curvature that 

occurs in the neck region38, the CG of the neck region was located from only one 

landmark, the spinous process of the 7th cervical vertebrae. 

CGs reported by Robbins (RCGs) were given with respect to the McConville 

LCSs for all regions except the thorax and abdomen.  For these two regions, LCSs 

specific to Robbins’ work were constructed.  Figure 7 shows an example of the LCS and 

the left anterior superior iliac spine (ASIS) landmarks used to find a CG for the pelvis.  

Here, the local axes are X’, Y’, and Z’, and the distance in each direction is given as ΔX’, 

ΔY’, ΔZ’.  In this example, the left ASIS landmark (blue pentagon) was used to find the 

pelvis center of gravity (red cube) following Cartesian trajectories (∆X’, ∆Y’, ∆Z’) 

provided in the literature study.  The average CG (n = 4) is the yellow sphere. 
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Figure 7. Pelvis center of gravity from the left anterior superior iliac spine (ASIS) 

landmark.  Isometric, sagittal, anterior, and coronal views are also shown with the local 

coordinate system.  The ASIS landmark is the pentagon, the CG from the ASIS is the cube, 

and the average CG (n = 4) is the sphere. 

The Euclidean distances between each regional CG were determined and 

normalized by a characteristic length found for each region.  Since the geometry of each 

segment varied, the characteristic length was set as the longest length of a 6 sided 

bounding box enclosing the segment (Table 3).  Due to differences in posture between 

M50 and the McConville data set, distances between FEM CGs in the thorax and 

abdomen regions are only presented vs. Robbins data. 

2.4 Results 

Good agreement with the masses from the literature studies were found for all 

body segments.  All 10 body segments were within the range of masses given in 

McConville.  However, the Thorax and Abdomen were both at the extremes of these 

ranges; the Thorax in M50 was low in the range and the Abdomen was high in the range 
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(Table 3).  In regards to full body measurements, the standing height of M50 was within 

1.3% of the mean of both McConville and Robbins’ studies and the weight was within 

3.4%. 

 

Figure 8. Comparison plot of body region CGs between the M50 finite element model, 

McConville et al. and Robbins.  Local coordinate systems are shown (left) separately. 

CG locations were also determined for the FEM and are given in Table 3.  

Comparisons to the experimental values were made by normalizing the differences by the 

characteristic length of each segment (Table 3).  These comparisons showed absolute 

distances ranging from a minimum of 10.5 mm in the Thorax to a maximum of 44.8 mm 

in the pelvis (both compared to Robbins).  These resulted in percent differences ranging 

from 2.6% to 14.0%, respectively.  The normalized differences seen between McConville 
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and Robbins ranged from 0.0% to 12.6%.  The location of the CGs for all body regions 

are shown in addition to the local coordinate systems for each segment (Figure 8).  Since 

mid-sagittal symmetry was enforced in M50, error along the Y axis of the LCS was less 

than 1% of the characteristic length in all axial CGs.  Note that McConville’s CGs for the 

thorax and abdomen are included in these plots for completeness.  
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Table 3. Mass distribution comparison between FEM and McConville and Robbins.  Segment masses of the FEM are compared to the 

range presented by McConville et al.  Relative distances between FEM CGs to McConville and Robbins CGs, normalized by 

characteristic lengths, are also shown with relative distances between McConville and Robbins. 

Region 

Segment Masses FEM CG Location 

FEM 

Relative 

to MCG 

FEM 

Relative 

to RCG 

MCG Relative to 

RCG 

FEM 

(kg) 

McConville Range 

(kg)4 X (mm) Y (mm) Z (mm) %5 %5 %5 

Head1 4.51 3.54 – 4.73 -3 0 31 5.23 4.74 12.57 

Neck1 1.01 0.70 – 1.50 45 0 74 6.28 12.27 8.37 

Thorax2 17.75 17.88 – 38.39 76 1 163 N/A 2.59 N/A 

Abdomen2 3.76 0.91 – 3.87 0 -1 -36 N/A 3.85 N/A 

Pelvis 1 9.78 7.08 – 16.24 -79 0 -34 8.92 13.99 5.26 

Upper Arm1,3  2.71 1.18 – 2.94 2 19 -177 8.92 5.99 6.09 

Forearm & Hand1,3 1.50 1.28 – 2.54 -7 21 -145 3.76 6.95 3.36 

Thigh1,3 10.91 7.01 – 12.96 5 39 -186 3.67 5.70 0.00 

Calf1,3 4.01 2.63 – 4.78 0 -43 -160 4.83 5.34 2.31 

Foot1,3 1.32 0.68 – 1.24 -89 -7 9 6.48 8.98 3.77 
1References local coordinate systems described by McConville for CG Locations 

2References local coordinate systems described by Robbins for CG Locations 

3References right side only. To find corresponding left side value, use the negative of the Y component while leaving the X and Z 

values same. 

4Calculated from densities and volumes reported by McConville 

5Normalized by characteristic lengths
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2.5 Discussion  

A method to determine segmental masses and CG values for a full body FE model 

of the seated male was presented.  The method was adapted to an FE model from the 

studies of McConville et al. and Robbins.  Comparisons to the results of those studies 

were made.  In the current study, no assumptions were made about the morphology and 

location of internal structures as these were discretely modeled in the M50.  In the studies 

used for comparison, a homogenous density was assumed.  Landmark locations for M50 

can be found in the literature.31  In general, the FEM based values were similar to the 

established literature studies, but highlighted some differences.  These differences are 

within the range of differences found between the McConville and Robbins studies, seen 

in Table 1, and were deemed acceptable. 

The method described by McConville and Robbins provides a robust technique 

for determining segmental mass distribution properties.  An advantage of this method is 

the use of bony landmarks to describe the cutting planes, local coordinate systems, and 

CG locations. This allows for the application of the method to a variety of body types and 

postures.  Robbins made adjustments to the methods of McConville to correct for a 

seated posture.  These corrections involved modifying a bony landmark used for the 

thorax and abdomen.  In McConville one of the bony landmarks was the level of the 10th 

rib at the mid-spine.  This does not translate to the same point with a seated subject so 

Robbins created a new landmark which he called R10/Back Perpendicular.  This point is 

made by constructing a line from the 10th rib landmark that is perpendicular to the line 

between the T12 and L5 vertebrae.  By adjusting for the seat back angle, this new 

landmark provides a similar location as the McConville landmark. 
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The mass distribution of FE models are generally not explicitly studied, yet mass 

properties make significant contributions to the overall kinematics of the model.  Blunt 

impacts can be thought of as including both gross rigid-body movement (i.e. flailing of 

the upper extremity) in addition to local deformations (i.e. chest wall loading a seatbelt or 

airbag).  Thus, it is necessary to have accurate segmental CGs in addition to appropriate 

material models to capture both types of displacement.  A method was described in this 

paper which can be applied to human body FE models to ensure biofidelic CG locations 

and mass properties.  Given the data provided and established methods used to acquire it, 

the CG locations of the M50 model could be used as a benchmark for future model 

development or even physical surrogate development. 

There are two limitations that merit further discussion.  The first limitation 

involves the nature and number of anatomical structures modeled in M50.  Not every 

structure in the human body is represented in M50, rather, the anatomy focused on what 

was required to predict commonly encountered injuries in blunt trauma.  This has 

ramifications at both the macro and micro scales.  At the macro scale, for instance, the 

spinal cord, mesentery, and blood vessels less than 4 mm in diameter are examples of 

structures that were not explicitly modeled.  These anatomical components were excluded 

because they do not represent common injuries in car crashes and, in the case of the 

mesentery and vessels, are highly variable between subjects.  In regards to potential 

limitations that result from these specific modeling considerations, the spinal cord, with 

an average mass of 30 g32, is thought to not be massive enough to affect the CG of the 

regions in which it is located.  While the mesentery is not explicitly modeled, the bowel 

is represented with shell elements of the appropriate density (8.44x10-6 kg/mm3) and a 
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control volume meant to model the presence of gas within it.  As part of the design of the 

model, only vessels of greater than 4 mm were explicitly modeled.  It is assumed that 

smaller vessels and the microvasculature would not significantly affect the CG 

calculations.  Density variation can only be captured on the scale of the average element 

volume, 34.8 mm3, which translates to an average element edge length of 3.25 mm.  

Therefore, on the micro scale, all anatomical features that are smaller than the typical 

element size were not explicitly modeled.  Yet, the constitutive equations describing the 

material behavior account for the biomechanical response determined by structures on 

this scale. 

Despite the above modeling considerations, the model is quite anatomically 

detailed and includes over 400 individual components.  After summing the mass of the 

nearly 2 million elements of M50, the total is comparable to sample average from two 

studies used for comparison, and is nearly the exact weight of the subject used as the 

basis for model construction.30,31  The mass of the M50 model, and the means of the 

McConville and Robbins studies were 78.6, 76.6, and 75.2 kg, respectively.  Densities 

were not tuned to obtain agreement in the total mass so it can be inferred that the absent 

anatomy does not substantially contribute to the mass of the body. 

A second limitation is that there is no experimental data in the literature that 

allows for a more direct comparison to M50 since no datasets were available that 

assumed a heterogeneous density while also providing segment based LCSs.  Though 

there was generally good correlation between most body segment masses and CGs of 

M50 with the literature, there were some areas of variation.  These areas include the 

thorax, and pelvis.  Since posture affects were accounted for, the differences found in this 
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study are thought to be a function of the use of a discrete and heterogeneous 

representation of density in the human body.  More precise experimental data would be 

required to validate or reject this hypothesis. 

Overall, the results of this study contribute to the development of the M50 model.  

Accurate human body models will continue to enhance the understanding of crash injury 

mechanisms, and will ultimately reduce injuries and fatalities for individuals sustaining 

blunt injury. 
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AN EVALUATION OF OBJECTIVE RATING METHODS FOR FULL BODY 

FINITE ELEMENT MODEL COMPARISON TO PMHS TESTS 

3.1 Abstract 

Objective evaluation methods of time history signals are used to quantify how 

well simulated human body responses match experimental data.  As the use of 

simulations grows in the field of biomechanics, there is a need to establish standard 

approaches for comparisons.  There are two aims of this study.  The first is to apply three 

objective evaluation methods found in the literature to a set of data from a human body 

finite element model.  The second is to compare the results of each method, examining 

how they are correlated to each other, and the relative strengths and weaknesses of the 

algorithms. 

In this study, the methods proposed by Sprague and Geers (Magnitude and Phase 

error, SGM and SGP), Rhule et al. (Cumulative Standard Deviation, CSD) and Gehre et 

al. (CORrelation Analysis, CORA Size, Phase, Shape, Corridor) were compared. A 40 

kph frontal sled test presented by Shaw et al. was simulated using the Global Human 

Body Models Consortium mid-sized male full body finite element model (v. 3.5). Mean 

and standard deviation experimental data (n = 5) from Shaw et al. was used as the 

benchmark.  Simulated data were output from the model at the appropriate anatomical 

locations for kinematic comparison.  Force data were output at the seatbelts, seat pan, 

knee, and foot restraints. 

Objective comparisons from 53 time history data channels were compared to the 

experimental results.  To compare the different methods, all objective comparison metrics 

were cross-plotted and linear regressions were calculated.  The following ratings were 
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found to be statistically significantly correlated (p<0.01): SGM and CORA Size, 

R2=0.73, SGP and CORA Shape, R2=0.82, and CSD and CORA’s Corridor factor, 

R2=0.59.  Relative strengths of the correlated ratings were then investigated.  For 

example, while correlated to CORA Size, SGM carries a sign to indicate whether the 

simulated response is greater than or less than the benchmark signal.  A further analysis 

of the advantages and drawbacks of each method is discussed. 

The results demonstrate that a single metric is insufficient to provide a complete 

assessment of how well the simulated results match the experiments.  The CORA method 

provided the most comprehensive evaluation of the signal.  Regardless of the method 

selected, one primary recommendation of this work is that for any comparison, results 

should be reported to provide separate assessments of a signal’s match to experimental 

variance, magnitude, phase, and shape.  Future work planned includes implementing any 

forthcoming ISO standards for objective evaluations. 

Keywords: Objective evaluation, Modeling, Finite Elements, Biofidelity 
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3.2 Introduction 

Finite element analysis (FEA) has become an important tool in the field of injury 

biomechanics.  Mathematical models have been used in this field for decades [1] with 

Finite Element Models of full human bodies becoming more widespread recently [2-4].  

Advances in computing power have allowed for more complex models and, as a result, 

modern full human body finite element models (FEMs) have been created with an 

increased focus on anatomical accuracy [5, 6].  Even with accurate anatomical 

representation, an FEM must be rigorously validated against experimental data before it 

can be used to study injury.  To do this, models are often compared to mean responses 

and corridors created from post-mortem human surrogate (PMHS) testing.  Objective 

comparisons of models are critical when evaluating validation.  A comparison made 

based on mathematics and not human judgment is the preferred method for determining 

model validity.  This approach offers the most robust means of evaluating model 

performance during development (to quantitatively track improvements) or validation (to 

quantify the degree to which a model agrees with experimental data). 

A new full body FEM of the mid-sized male (M50) was recently developed by the 

Global Human Body Models Consortium (GHBMC).  The GHBMC model is the result 

of a collaboration between the automotive industry, government agencies, and academia 

with a goal to create a set of advanced full human body FEMs.  The purpose of full body 

models (FBMs) is to study blunt injury in motor vehicle crashes (MVCs) and to be used 

as a tool for the community to enhance the safety of vehicles.  The development of the 

M50 model, has been discussed in the literature [5, 7, 8] and will be briefly reviewed 

here.  To obtain accurate anatomical geometry for the model a multi-modality medical 
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imaging approach was taken [9].  Magnetic resonance imaging (MRI), upright MRI, 

computed tomography (CT), and laser surface scanning with bony landmark 

identification were used to obtain model geometries.   

CAD data was distributed to collaborating universities whose goal was to create 

regional FEMs [10-17].  The GHBMC seated male full body model was constructed by 

combining five regional models (head, neck, thorax, abdomen, and pelvis/lower 

extremity) [18].  The version of the model used in this study (v 3.5) contained a total of 

1.3 million nodes, 1.95 million elements, 961 parts, and represents a weight of 75.5 kg.  

The focus of this paper will be one validation case in which the experiments of Shaw et 

al. [19] were simulated.  This particular case provided 53 channels of data for comparing 

objective evaluation (OE) methods. 

OE methods to make comparisons between model response and experimental data 

are gaining favor.  An ISO workgroup (ISO/TC 22/SC 10/WG 4) is working to 

standardize their use for FEM simulations, indicating a broad need for non-subjective 

means to calculate the level of correlation observed in the validation of FEMs.  The 

ISO/TR9790  method for evaluating side impact ATDs has been used to evaluate the 

validation of an FEM in the past [20], but this method has been noted to be too subjective 

[21].  The National Highway Traffic Safety Administration (NHTSA) also formulated a 

method for creating cadaveric corridors to which lateral impact ATDs can be compared 

[22].  This method is an improvement over ISO/TR9790 in that it is more automated and 

less subjective, but there are still shortcomings that have been outlined in the literature 

[21, 23].  A third method for comparing side impact ATD responses to experimental 

results was developed by Nusholtz et al. [24] using cross-correlation.  Rather than 
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creating corridors from PMHS tests, this method compares inter-PMHS cross-

correlations to cross-correlations between the ATD and each PMHS.   

The methods used in the comparison presented in this study were biased towards 

those that employed averages and standard deviations of PMHS data points.  This 

decision was made since those data are typically presented in the literature and are 

commonly accessible for computational model comparison.  Individual test curves are 

required for the ISO/TR9790, Maltese, and Nusholtz methods.  Individual traces are often 

not published, creating a higher barrier for groups outside of the lab that conducted the 

experiment to employ them.  While these previous three methods are considered beyond 

the scope of this study, they are of great interest and reserved for future investigations.  

The overarching objective of the current work was to investigate several methods for OE. 

Since there are a number of methods available in the literature, the first aim was to select 

several commonly used methods and apply them to a robust dataset to determine how the 

methods are correlated, if at all.   Methods proposed by Sprague and Geers [25], Rhule et 

al. [26], and Gehre et al. [27] were implemented.  Correlations were used to investigate 

the relationships of the different metrics and the relative strengths and weaknesses of 

each method.  This work provides an assessment of the method that provided the most 

complete evaluation of the model with regards to the literature data. 

3.3 Methods 

The GHBMC average male seated model (M50) was used in this study.  The 

subject used as the template for the model was a living male volunteer, 26 years old, 

174.9 cm, and 78.6 ± 0.77 kg.  The model has been validated in lateral [5] and frontal 
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impact [28].  More details of the model and its development can be found in the GHMBC 

M50 manual [29]. 

The model was simulated in a frontal sled test configuration presented by Shaw et 

al. [19].  The simulation was conducted using MPP LS-Dyna R 4.2.1 running on a Red 

Hat Linux computational cluster using 48 cores.  The seat buck was modeled per the data 

in the above reference and adjusted from personal communications with the authors of 

that study.  The buck was modeled as a rigid body.  Belt properties were made to match 

descriptions of the webbing of the belt reported by Shaw et al. (26 kN of force for 7% 

strain).  No pre-tensioners or load limiters were modeled.  Friction was not included 

between the body and the buck.  The model was gravity-settled for 90 ms prior to 

executing the sled pulse.  Belts were fit and final adjustments were made for components 

of the buck (i.e. knee bolster) following the settling simulation.  This particular buck was 

designed to focus loading on the thorax as the knees are in contact with rigid bolsters at 

the outset of the simulation.  This limited forward excursion of the PMHS in the 

experiment.  The 40 kph change in velocity pulse reported in the study was applied as a 

velocity history to the buck in the simulation. 

All data were recorded in binary output files at a sample rate of 10 kHz.  The SAE 

J1733 coordinate system was used for all kinematic output and seat pan reaction forces.  

The forces at the upper and lower shoulder belt, and outer lap belt correspond to forces 

along the belt.  Reaction forces at the knee bolsters and foot rest were recorded in the 

global coordinate system and transformed to local coordinate system as reported in the 

literature [30].  All kinematic data was reported in the global coordinate system with the 

exception of chest deflection data, which utilized a local coordinate system defined on T8 
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[19].  The time history of the model output is available in the literature [28].  Data 

extracted from the model were compared against an average and standard deviation of n 

= 5 PMHS tests [19].  The subjects were all male and had an average mass and age of 

75.5 kg and 54 years.  Since the average mass of the subjects were equal to that of the 

model, mass scaling was not explicitly performed. 

The model and simulated case are critical background for this study.  However, 

the focus was to compare and contrast various OE techniques using this simulation.  To 

that end, it is necessary to briefly describe the three methods of quantitative comparison 

that were used.  Equations are readily available in the literature for these methods so a 

general overview of each method will be provided instead.  A summary of the differences 

in these methods is found in Table 4 and Table 7.  The first of these methods, introduced 

by Sprague and Geers, utilizes two metrics; Magnitude and Phase error factors [5, 25].   

The Magnitude factor (SGM) is insensitive to phase shifts and the Phase factor (SGP) is 

insensitive to magnitude.  Both are functions of the definite integrals of time valued 

functions for a given output.  These factors only take into account information from the 

experimental mean (i.e. no information on the experimental variance is used). 
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Table 4.  Comparison of objective evaluation methods used in the study. 

Study Name Evaluation 

Metric 

Best match value Worst match value Notes 

Sprague and 

Geers 

Magnitude, 

SGM 

SGM = 0, equal 

magnitude of 

experiment 

SGM = -1 (much less 

than experiment) 

SGM = ∞ (much 

greater than 

experiment) 

Mean comparison 

only. 

Phase, SGP 

SGP = 0, no phase 

differences between 

simulation and 

experiment 

SGP = 1 (180o out of 

phase of experiment) 

Mean comparison 

only. 

Result is normalized 

by π. 

Rhule et al. 

Cumulative 

Standard 

Deviation, CSD 

CSD = 0, sum of 

squared difference 

between experiment 

and simulation is zero 

Positive valued only 

CSD = n (n standard 

deviations from the 

mean) 

CSD = ∞ (many 

standard deviations 

from the mean) 

Accounts for 

standard deviation, 

CSD = √R, square root 

used to report results 

in terms of a 

cumulative standard 

deviation rather than 

cumulative variance.  

BioRank utilizes √R. 

Gehre et al. 

CORA Corridor, 

Ccor 

Ccor = 1, with inner 

corridor 

Ccor = 0, outside of 

outer corridor 

Comparison based on 

user-provided inner 

and outer corridors. 

CORA Phase, 

Cphase 

Cphase = 1, required 

shift is less than user-

defined δmin 

Cphase = 0, required 

shift is greater than 

user-defined δmax 

Mean comparison 

only. 

Phase shift value is 

interpolated between 

a min and max 

permissible shift. 

CORA Size, Csize 

Csize = 1, Area under 

the curve of 

simulated and 

experimental results 

are equal 

Csize → 0, Area under 

the curve of 

simulated and 

experimental results 

are very different 

Mean comparison 

only. 

CORA Shape, 

Cshape 

Cshape = 1, Shape of 

curves is similar 

Cshape → 0, Shape of 

curves is very 

different 

Mean comparison 

only. 

Utilizes a normalized 

cross-correlation. 

 

The cumulative standard deviation or CSD, introduced by Rhule et al. [26] is the 

second OE method used.  Unlike the S&G values, it does take into the account the spread 

of the experimental data by normalizing the sum of squared difference between a model 

and an experimental mean by the experimental variance.  Since the CSD is the square 
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root of that ratio, it can be interpreted as the number of standard deviations the simulated 

response is from the mean of the experimental data [26]. 

The final method used in the comparisons of OE methods is a suite of comparison 

metrics known as CORA [27].  This is a set of algorithms that takes into account corridor 

fit, phase shift, size and shape differences.  Among these, only the corridor evaluation 

takes into account experimental variance.  However the method acknowledges that there 

are a number of different relevant criteria that are required to make a comprehensive 

assessment of the signal alignment.  CORA v. 3.5 was used in this study.  All defaults 

were used for parameters that control the evaluation except the phase range.  The range 

for interpolation between perfect (1) and poor (0) phase match is suggested to be 3 to 

12% of the time span of the signal.  This was changed to 5 to 15% for this analysis (i.e. 

less than 5% time shift of the signal scored a 1 whereas greater than 15% time shift 

scored a 0).  For the corridor analysis, the inner corridors were set at one standard 

deviation, and the outer corridors were set at two standard deviations. 

The kinematic and kinetic results of the model simulation were run through each 

of the OE methods identified above (n = 7 metrics).  A total of 53 time valued signals 

were extracted from the simulation.  For each of these signals, corresponding 

experimental data from the literature [19] were available for comparison.  The S&G 

Magnitude and Phase factors, as well as the CSD factor by Rhule et al. were programmed 

in Matlab v. 11 (The Mathworks, Natick, MA).  The values from CORA were obtained 

from release 3.5 of the CORA software.  The flow chart of this comparison study can be 

found in Figure 9. 
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Figure 9.  Study flow chart.  Results from 53 channels of data were applied to each of the 

methods above.  Therefore at the end of this part of the study there was a value of each of 

the seven metrics listed above for 53 time valued signals. 

The results of this phase of the study were 7, 53x1 vectors with the coefficients of 

the OE methods.  Each of these was then cross-plotted to determine if there was a linear 

correlation between the results.  Table 5 below provides a schematic of the cross plots 

that were conducted.  No comparisons along the diagonal of the test matrix were 

conducted as they would yield a perfect correlation, and only the upper off-diagonal 

terms were considered as the lower terms would be equivalent.  Linear regressions were 

conducted in Matlab v. 11.  The coefficient of determination, R2, was used to evaluate 

regressions.  The p-value for all regressions was also determined from the F-test and a 

significance value of α = 0.01 was used to assess significance due to the relatively large 

sample size. 
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Table 5.  Cross plot matrix for comparison study. 

 

Sprague and Geers 
Rhule et 

al. 
Gehre et al. 

SGM SGP CSD Ccor Cphase Csize Cshape 

SGM  
� � � � � � 

SGP   
� � � � � 

CSD    
� � � � 

Ccor     
� � � 

Cphase      
� � 

Csize       
� 

Cshape        

3.4 Results 

The frontal sled event was conducted in two separate simulations.  A 90 ms 

settling event was simulated and required 16 hours to run on 48 cores. The full body sled 

test was then simulated using output from the settling run to determine initial nodal 

locations.  The simulation of this 150 ms event required 29 hours on 48 cores.  A time 

sequence of the sled event modeled is shown in Figure 10, with an oblique view of the 

model, a lateral view of the spine and posterior view of the spine.  The model showed 

good robustness with hourglass energy remaining below 12.4% of the sum of kinetic and 

potential energy in the model (including the buck).  The peak of this hourglass energy 

ratio occurred at 127 ms, which closely matched the maximum forward excursion of the 

model, which occurred at approximately 130 ms. 
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Figure 10.  Time lapse images showing the kinematics of the GHBMC M50 model.  The top 

row indicates overall body motion with the second and third rows showing spine kinematics 

from the side and back, respectively. 

Following simulation of the event, 53 time history traces were extracted and 

compared to the experimental data.  The results of these comparisons were OE metrics 

for each of the three methods tested.  These values are found in the appendix in Tables 

A1 and A2.  Cross plots and linear regressions of the metrics resulted in the correlations 

summarized in Table 6. The four coefficients of determination shown with dark gray 

backgrounds were found to be statistically significant at the selected significance level of 

α = 0.01. 
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Table 6.  Results from the 21 regressions conducted with the statistically significant 

correlations highlighted.  The three pairs with R2 > 0.5 are shown in bold. 

 

Sprague and Geers 
Rhule et 

al. 
Gehre et al. 

SGM SGP CSD Ccor Cshape Csize Cphase 

SGM 0.00 0.09 0.06 0.02 0.73 0.01 

SGP 
 

0.00 0.00 0.82 0.03 0.31 

CSD 
  

0.59 0.01 0.09 0.01 

Ccor 
   

0.02 0.08 0.02 

Cshape 
    

0.04 0.21 

Csize 
     

0.01 

Cphase 

 

To summarize, the study’s findings indicate that the following metrics were 

correlated. SGM was correlated to CORA Size (R2 = 0.73), SGP was related to CORA 

Shape (R2 = 0.82), and CSD was correlated to CORA Corridor (R2 = 0.59).  Additionally, 

statistically significant relationships, though with mild correlations, were found between 

SGP and CORA Phase (R2 = 0.31) and CORA Shape and CORA Phase (R2 = 0.21).  

Coefficients in bold demonstrated R2 values greater than 0.5, the linear regressions of 

which are plotted below in Figure 11. 

 

Figure 11.  Cross-plots of the three best correlated metric pairs. 
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3.5 Discussion 

Objective evaluation methods are becoming increasingly important in modeling.  

A comprehensive set of simulation results including seatbelt loads, reaction forces and 

kinematic data, were used to evaluate three common OE techniques.  The findings of this 

study show which of these methods are correlated.  They are also of use to researchers 

familiar with one of these techniques, as these results enable users of one technique to 

more accurately evaluate results in the literature that employ one of the other techniques 

tested.  There are other intrinsic values to using OE methods not just in validation, but in 

the modeling process.  These methods provide the most robust means of tracking model 

improvement during the model development process.  A quantitative means of evaluating 

model performance also provides a means for comparing the results of two different FEA 

models that have been used to simulate the same event. 

Three pairs of metrics were found to have statistically significant correlations and 

have R2 values greater than 0.5; SGP and CORA Shape, SGM and CORA Size, and CSD 

and CORA Corridor.  These relationships are consistent with the relationships between 

the mathematical formulations of the metrics.  The correlations between SGP and CORA 

Phase and CORA Shape and CORA Phase were also found to be statistically significant, 

but with R2 = 0.31 and R2 = 0.21, respectively.  It is clear from these coefficients of 

determination that no two metrics were identical.  SGM and CORA Size, though related, 

encompass different ranges.  SGM ranges from -1 to +∞ while CORA Size ranges from 0 

to 1.  This difference is highlighted by Figure 12, in which the bar chart shows many of 

the SGM values were less than 0 while all of the CORA Size values were greater than 0.  

To reiterate from Table 4, a negative SGM indicates that the model response is, on 
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average, smaller than the experimental mean.  This is an advantage of the SGM, since the 

user can quickly evaluate whether the model is under predicting or over predicting the 

experiment.  Because it does not carry the sign, the CORA Size metric does not offer this 

advantage.  An additional difference between these metrics is that a perfect match 

between model and experiment would receive SGM = 0 and CORA Size = 1.  Again, this 

is shown in Figure 12 as many of the smaller SGM values correspond to larger CORA 

Size values. 

 

Figure 12.  On Left: Bar chart showing that SGM can be less than zero while CORA Size is 

always positive.  On Right: A) a case where SGM is negative since, on average, the model 

response is smaller than experimental mean.  B) a case where both SGM and CORA Size 

are positive.  Both the SGM and CORA Size factor do not consider the phase shift that is 

apparent in either A or B. 

Other interesting differences exist in the correlated pairs of metrics, such as 

between CSD and CORA Corridor.  Both values measure how well a model response fits 

within the corridors of experimental data.  However, similar to the case of SGM and 

CORA Size, CSD can range from 0 to +∞ while CORA Corridor can range from 0 to 1.  
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This is illustrated in Figure 13 which shows a histogram of the CSD and CORA Corridor 

values obtained.  Note that the range of the CSD value is much greater than the CORA 

value, since it is not normalized.  The advantage to this range is that the value of CSD 

corresponds to the number of standard deviations the model results are (on average) from 

the mean experimental results, and is therefore more easily interpreted by the engineer.  

Of course, it should be noted that the choice of corridors strongly influences the rating 

that a model response receives.  With respect to CSD, if the standard deviation is narrow 

(i.e. the data have a low coefficient of variation) a model response that is a number of 

standard deviations from the mean may not amount to a large relative difference.  

Conversely if the standard deviation is large, a better CSD value is to be expected.  While 

CSD always uses the experimental standard deviation, CORA uses an inner and outer 

corridor.  It is common to use a constant corridor width for both the inner and outer 

corridors [27], however an alternative to this is to use plus or minus one standard 

deviation for the inner corridor and plus or minus two standard deviations for the outer 

corridor.  The latter approach was used in this study since standard deviation curves were 

readily available for the experimental data.  Of course, the same issues related to the 

effect of tight or narrow standard deviations also apply to the CORA output. 
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Figure 13.  Histogram comparing the range of CSD to the range of CORA Corridor 

It was found that Sprague and Geers Phase was more highly correlated to CORA 

Shape than to CORA Phase.  While both correlations were found to be statistically 

significant, the correlation to CORA Shape was more than twice that of the correlation to 

CORA Phase.  The small correlation between CORA Shape and CORA Phase combined 

with a strong correlation between SGP and CORA Shape is the likely cause of the mild 

correlation between SGP and CORA Phase.  This stands to reason considering the 

method to calculate CORA Phase.  This metric reflects the amount of time shift needed to 

align the signal to the experiment.  It also “caps” the value of the time shift by allowing 

the user to input a minimum and maximum shift.  If the calculated shift is less than the 

minimum, the Phase rating is automatically set to 1, if it is larger than the maximum, it is 

automatically set to 0.  This artificial cap likely decreases the correlation with other 

techniques whose results are continuous functions of the time series data.  SGP and 

CORA Shape, on the other hand, both use more complex calculations involving a cross-

correlation of the signals.  As evidenced from this result, the names of these metrics can 
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lead to incorrect assumptions and the mathematical formulae should be familiar to the 

user. 

Relative strengths and weaknesses of each method were examined to determine 

the most comprehensive of the three.  The Sprague and Geers method is able to 

distinguish between magnitude and phase contributions to the model’s error from the 

experimentally determined responses.  Separating these contributions can be helpful in 

determining how model response can be improved.  However, this method does not 

consider experimental variance, which can play a substantial role in injury biomechanics 

data due to human variation.  A main part of the Rhule et al. BioRank method is 

calculating the Cumulative Standard Deviation (CSD), which represents how many 

standard deviations the model is from the experimental data, on average.  The variance of 

the experimental data is clearly taken into account using this calculation.  But, if the 

model response is simply out of phase, and would otherwise be a good match, it results in 

a poor CSD value because only a point-by-point comparison is made and no phase shift is 

incorporated.  The methods of Gehre et al., known as CORrelation and Analysis 

(CORA), provide size, phase, shape, and corridor ratings.  This method is the most 

comprehensive of the three examined in this study.  Significant correlations were found 

between each of the metrics in the two other studies and the metrics of CORA.  

Furthermore, no strong correlations were found between the four metrics within the 

CORA approach, indicating that each metric provides independent data regarding the 

model to experiment comparison.  While the correlation between CORA shape and 

CORA phase was statistically significant, an R2 = 0.21 does not indicate a strong 

correlation. 
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All three of these methods rely on average experimental data and two methods 

require data on the experimental variance.  How the average and standard deviations from 

the experiments are determined is important and has obvious implications on the data 

reported in this study.  While this is a limitation of the analysis, it is considered beyond 

the scope of this study since the same data were used for all three comparison methods.  

The topic of averaging biomechanics data is an area of much research as well [21-23, 31].  

Additionally, while only one study was used to conduct this comparison, it was chosen 

for a number of reasons.  First, there was a large amount of data collected (53 data 

channels used in the comparison), second the breadth of the results cover kinematics and 

kinetics of the PMHS and finally, the subjects were reasonably close to the 

anthropometry of a 50th percentile male.  A further limitation of the work is that 

standards from the ISO/TC 22/SC 10/WG 4 have not been evaluated in this work.  To the 

author’s knowledge these standards are forthcoming and will be evaluated once they 

become available. 

One final limitation is whether the results from the Shaw data can be generalized 

to other datasets.  In an attempt to answer this, a brief study of six additional validation 

cases was conducted.  These six cases (Table A4) resulted in 10 time-valued output traces 

that could be analyzed in a similar fashion as the primary analysis presented 

above.  Table A5 summarizes the results from this dataset.  In this test, again CORA 

Shape and SGP as well as CORA Size and SGM were highly correlated and 

significant.  In a trend that mirrors the primary dataset, CORA Corridor and CSD 

approached significance in the second dataset.  These findings do suggest that the 

approach is generalizable to other datasets. 
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Unlike the Shaw data, a statistical correlation between CORA Phase and CSD 

was found in the second dataset.   However, the data suggests that this finding may be 

particular to the reduced dataset for a number of reasons.  First is the reduced sample size 

(n = 10 vs. n = 53) and reduced variety (all were force vs. time) in the secondary 

dataset.  Second, in the additional dataset, there were few samples (3 of 10) in which the 

CORA Phase scores were at the extremes (0 or 1) meaning that most of the phase shifts 

were between 5% and 15% of the total simulation time.  The larger dataset had a greater 

share of results at the extremes (24 of 53). These truncated scores generally weaken the 

correlation between metrics.  For instance, when the signal agreement between 

experiment and model is poor, CSD can be several factors larger than 1, but CORA Phase 

cannot be less than 0.  Therefore, the more values at these caps that are included in the 

metric correlation, the weaker the result.  The effects of the CORA normalization were 

also shown in Figure 13. 

Although one should be mindful of dependence on the dataset used, this analysis 

suggests that the correlations in Table 3 are reasonably repeatable across datasets since 

three of the same trends emerge in this reduced dataset.  Furthermore, the findings above 

indicate that such an analysis should include a variety of both force and displacement 

data, and underscores the importance of standardizing parameters used in the individual 

correlation analysis, particularly in CORA. 

Regardless of which method is chosen, this analysis shows that it is useful to keep 

metrics separate rather than combining them into a single biofidelity score.  While having 

one number associated with the validation of a model can be convenient, this can 

oversimplify the analysis.  Each of the types of metrics that are calculated in the methods 
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has different meanings.  Much can be learned from investigating each metric separately 

and this can guide further model improvements.  For example, a reaction force that shows 

the proper magnitude but a poor phase may indicate that the interaction of the model with 

the buck is the principal source for the discrepancy between model and experiment.  But, 

combining these scores could result in the loss of that insight, and lead to 

counterproductive efforts to address problems that may not even exist in the model.   

Future work in this area may include implementing and applying the Nusholtz et 

al. [24] cross-correlation method to this set of data.  An advantage of this method is that it 

does not use a mean or corridor of the experimental data.  Rather, it compares the inter-

PMHS cross-correlations to the cross-correlations of the model to the individual tests.  

Scores are then assigned to magnitude, shape, and phase for each body region.  Finally, 

there is a need to establish standards for regional weighting of OE metrics in full body 

model analysis so that the most pertinent data is given the greatest consideration. 

This study examined three methods commonly used to objectively compare model 

response to experimental data.  A simulation of a full body frontal sled was conducted, 

from which 53 outputs were compared to experimental data using three methods of 

objective evaluation.  It was found that the following three methods were both 

statistically significant and had an R2 of greater than 0.5 – Sprague and Geers Phase and 

CORA Shape; Sprague and Geers Magnitude and CORA Size; and Rhule et al. 

Cumulative Standard Deviation and CORA Corridor.  Based on the findings in this study, 

it is recommended to use an approach similar to CORA for full body model evaluation 

since it gives the most comprehensive evaluation of the results tested.  The four metrics 

provided as part of the CORA analysis package were not found to be correlated, 
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indicating that each one provides independent data.  Advantages for the other methods 

tested are reviewed as well.  This work will additionally serve to clarify how these 

methods are related and facilitate comparisons between their results. 
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Table 7. Exemplar good and poor matches for all metrics used in this study. 

Sprague and Geers Magnitude contribution to the total error, “M” Sprague and Geers Phase contribution to the total error, “P” 

M = 0 is perfect match lower limit 
M = 1 = 100% larger in magnitude, no upper 

limit 
P = 0 is perfect match lower Limit 

P = 1 = 180o out of phase, 1 is the upper 

limit 

    

Rhule et. al., Cumulative Standard Deviation between Experiment and Simulation, 

“CSD” 
CORA Corridor Method, CCor 

CSD = 0 is perfect match, lower limit 
CSD > 1 → On average greater than 1 S.D., 

No upper limit 
Ccor= 1 is within inner band  Ccor = 0 is outside of outer band 

   

Current Study: 

Inner corridor is 1 S.D. 

Outer corridor is 2 S.D. 

CORA Cross Correlation Method, CPhase, CSize, Cshape 

Cphase = 1 if less than min shift,  

Cphase = 0 if greater than max shift  

Csize = 1 if areas are equal, 

Csize → 0 if areas are very different 

Cshape= 1 if shape is similar, 

Cshape= 0 if shape is different 
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Table 8. Displaying all seatbelt and reaction force OE metric data. 

Output 

Sprague and Geers Rhule et al. Gehre et al. (CORA) 

M P CSD Cor. Sha. Size Pha. 

Upper Shoulder Belt -0.07 0.04 0.76 0.79 0.99 0.87 1.00 

Lower Shoulder Belt -0.02 0.06 1.11 0.66 0.98 0.97 1.00 

Lap Belt -0.77 0.11 2.10 0.35 0.98 0.05 0.87 

Seat Load Cell - X -1.00 0.54 6.85 0.15 0.25 0.00 0.00 

Seat Load Cell - Z -0.53 0.18 2.39 0.36 0.97 0.24 0.09 

R Knee Bolster - X 0.15 0.16 3.94 0.31 0.97 0.76 0.42 

R Knee Bolster - Y -0.62 0.36 2.95 0.27 0.37 0.15 0.00 

R Knee Bolster - Z -0.06 0.22 1.52 0.54 0.82 0.89 0.44 

L Knee Bolster - X 0.17 0.16 3.07 0.23 0.97 0.73 0.48 

L Knee Bolster - Y -0.79 0.39 4.66 0.11 0.32 0.04 1.00 

L Knee Bolster - Z -0.24 0.23 2.82 0.38 0.77 0.58 0.48 

Foot Rest - X -1.00 0.64 2.49 0.29 0.09 0.00 0.00 

Foot Rest - Y 0.28 0.59 1.30 0.66 0.34 0.57 0.87 

Foot Rest - Z -0.25 0.19 4.07 0.20 0.99 0.56 0.14 
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Table 9. Displaying all displacement OE metric data. 

Output 

Sprague and Geers Rhule et al. Gehre et al. (CORA) 

M P CSD Cor. Sha. Size Pha. 
Head - X -0.37 0.04 2.09 0.19 1.00 0.45 0.82 

Head - Y -0.54 0.02 3.01 0.61 1.00 0.19 1.00 

Head - Z -0.10 0.08 0.62 0.51 0.98 0.57 0.82 

Right Shoulder - X -0.66 0.07 2.92 0.08 0.97 0.12 1.00 

Right Shoulder - Y 1.19 0.83 0.96 0.46 0.16 0.73 0.00 

Right Shoulder - Z -0.36 0.88 2.38 0.08 0.01 0.39 0.00 

Left Shoulder - X -0.60 0.02 7.62 0.08 1.00 0.16 1.00 

Left Shoulder - Y -0.62 0.05 2.07 0.44 1.00 0.10 0.63 

Left Shoulder - Z -0.78 0.08 2.15 0.50 0.99 0.05 0.90 

T1 - X -0.62 0.02 6.76 0.07 1.00 0.16 1.00 

T1 - Y -0.13 0.09 0.47 0.94 0.99 0.44 0.00 

T1 - Z -0.84 0.49 3.66 0.18 0.02 0.38 0.00 

T8 - X -0.67 0.04 4.86 0.03 1.00 0.10 0.99 

T8 - Y -0.57 0.89 1.41 0.57 0.01 0.31 0.00 

T8 - Z -0.88 0.15 6.02 0.04 0.95 0.02 0.00 

L2 - X -0.64 0.08 2.29 0.14 0.99 0.13 0.82 

L2 - Y -0.80 0.45 0.79 0.98 0.20 0.07 0.99 

L2 - Z -0.93 0.31 2.91 0.15 0.59 0.00 0.99 

L4 - X -0.58 0.08 1.67 0.37 0.99 0.18 0.99 

L4 - Y -0.55 0.33 1.31 0.73 0.91 0.25 0.31 

L4 - Z -0.84 0.80 4.18 0.15 0.00 0.03 0.14 

Pelvis - X 0.06 0.10 0.33 0.83 0.97 0.88 0.99 

Pelvis - Y -0.21 0.36 1.38 0.84 0.97 0.72 0.00 

Pelvis - Z -0.77 0.89 3.37 0.27 0.00 0.07 0.00 

Sternum - X -0.76 0.11 2.10 0.27 0.99 0.06 0.65 

Sternum - Y -0.81 0.27 1.04 0.80 0.66 0.03 0.65 

Sternum - Z -0.34 0.09 0.74 0.81 0.98 0.55 0.48 

Upper Left Chest - X -0.95 0.38 2.41 0.42 0.93 0.00 0.00 

Upper Left Chest - Y -0.94 0.34 3.44 0.42 0.78 0.00 0.31 

Upper Left Chest - Z -0.52 0.12 0.49 0.98 0.91 0.23 0.82 

Upper Right Chest - X -0.85 0.21 0.93 0.30 0.99 0.01 0.00 

Upper Right Chest - Y -0.89 0.73 2.82 0.42 0.08 0.01 0.00 

Upper Right Chest - Z -0.66 0.64 0.42 0.87 0.89 0.09 0.82 

Lower Left Chest - X -0.74 0.17 1.39 0.47 0.89 0.07 0.65 

Lower Left Chest - Y -0.86 0.81 2.64 0.42 0.01 0.01 0.00 

Lower Left Chest - Z -0.50 0.14 0.40 0.98 0.86 0.25 1.00 

Lower Right Chest - X -0.69 0.13 1.33 0.48 0.99 0.12 0.00 

Lower Right Chest - Y -0.84 0.40 0.56 0.89 0.58 0.03 0.48 

Lower Right Chest - Z -0.90 0.13 2.94 0.30 0.98 0.02 0.14 
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Table 10. Additional simulations conducted for testing dependence of correlation findings 

on the data from [24]. 

Description and Reference Output Included in Test 
Simulation Environment w/ 

Model 

Driver Configuration, ΔV = 48 

kph, airbag and 3 pt. restraint with 

pretensioner and retractor [Forman 

et al. 2006] 

Upper and Lower Shoulder 

Belt Force vs. time; Outer Lap 

Belt Force 
 

Passenger Configuration, , ΔV = 

29 kph and standard 3 pt. restraint 

[Forman et al. 2006] 

Upper and Lower Shoulder 

Belt Force; Outer Lap Belt 

Force 
 

Hub Impact to Pelvis, 16 kg at 10 

m/s, [Bouquet et al. 1998]  
Pelvis Impactor Force 

 

Hub Impact to shoulder, 23.4 kg at 

4.5 m/s,  [Bendjellal et al. 1984 

and ISO 9790]  

Shoulder Impactor Force 

 

Oblique Hub Impact to abdomen, 

23.4 kg at 6.7 m/s, [Viano et al. 

1989]  

Abdomen Impactor Force 

 

Bar Impact to abdomen, 48 kg at 

6.0 m/s, [Hardy et al. 2001] 
Abdomen Bar Force 
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Table 11. Cross correlation results for n = 10 additional time-histories tested from impacts 

outlined in Table 10. 

 

Sprague and Geers Rhule et al. Gehre et al. 

SGM SGP CSD Ccor Cshape Csize Cphase 

SGM 0.01 0.08 0.03 0.03 0.94 0.08 

SGP 0.13 0.27 0.80 0.44 0.48 

CSD 0.53 0.20 0.01 0.70 

Ccor 0.24 0.01 0.56 

Cshape 0.45 0.55 

Csize 0.01 

Cphase        
Note: Dark shading and bold indicate statistical significance at the level of α<0.01
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QUANTITATIVE VALIDATION OF A HUMAN BODY FINITE ELEMENT MODEL 

USING RIGID BODY IMPACTS 

4.1 Abstract 

Validation is a critical step in finite element model (FEM) development.  This 

study focuses on the validation of the Global Human Body Models Consortium full body 

average male occupant FEM in five localized loading regimes – a chest impact, a 

shoulder impact, a thoracoabdominal impact, an abdominal impact, and a pelvic impact.  

Force and deflection outputs from the model were compared to experimental traces and 

corridors scaled to the 50th percentile male.  Predicted fractures and injury severity 

measures were compared to evaluate the model’s injury prediction capabilities.  The 

methods of ISO/TS 18571 were used to quantitatively assess the fit of model outputs to 

experimental force and deflection traces.  The model produced peak chest, shoulder, 

thoracoabdominal, abdominal, and pelvis forces of 4.8 kN, 3.3 kN, 4.5 kN, 5.1 kN, and 

13.0 kN compared to 4.3 kN, 3.2 kN, 4.0 kN, 4.0 kN, and 10.3 kN in the experiments, 

respectively.  The model predicted rib and pelvic fractures related to AIS scores within 

the ranges found experimentally all cases except the abdominal impact.  ISO/TS 18571 

scores for the impacts studied had a mean score of 0.73 with a range of 0.57 to 0.83.  

Well-validated FEMs are important tools used by engineers in advancing occupant safety. 

Keywords: FEM, Human Body Modeling, Validation, Objective Evaluation 
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4.2 Introduction  

Computational modeling is frequently used in the study of blunt injury 

biomechanics [1].  Finite element models (FEMs) are qualified to represent the complex 

geometries and material characteristics of the human body in dynamic simulations.  

FEMs used for injury biomechanics can determine local mechanical deformation within 

specific anatomical features in high-speed loading scenarios (4-12 m/s) that are not 

possible to determine experimentally.  This allows for the study of possible injury metrics 

when a model is used to simulate trauma [2].  However, before a model can be used in 

this manner it must first be validated.  Validation of human body models often involves 

comparison to experimental results from post mortem human surrogate (PMHS) testing.  

Objective comparison methods can be used to quantitatively assess how well a model 

agrees with expectations from experimental work. 

The full human body finite element model used in this study was developed as 

part of a global effort, based on medical images of an individual (height – 175cm, weight 

– 78.6±0.77kg, and age – 26 years) chosen to represent the 50th percentile male [3].  The 

model was developed within a consortium of automotive manufactures known as the 

Global Human Body Models Consortium (GHBMC) and is henceforth referred to as the 

M50 model [4, 5].  Geometry for the M50 was created using a comprehensive multi-

modality imaging approach that included surface scanning, supine MRI, upright MRI, 

and supine CT of the recruited subject [3].  Upright MRI was used to obtain anatomical 

locations of organs with the subject sitting, making the model an accurate representation 

of a seated occupant [6].  A region-specific approach was used for the model 

development wherein university consortium members developed models of the head [7-



77 

 

9], neck [10-13], thorax [14, 15], abdomen [16], pelvis [17] and lower extremity [18-20] 

that were then integrated into one full body model [4, 5, 21-23]. 

This study extends the regional validation work by presenting validation of the 

integrated M50 model in five regional loading scenarios.  The loading includes a chest 

impact, a shoulder impact, a thoracoabdominal impact, an abdominal impact, and a pelvis 

impact.  These regions represent a spectrum of locations commensurate with blunt injury 

from the vehicle environment from the upper extremity through lower extremity and are 

consistent with tests applied to ATDs [24].  Loading speeds of these tests ranged from 4.5 

to 10.0 m/s, impactor masses from 16.0 to 48.0 kg and kinetic energies from 236.9 to 

864.0 J.  Both qualitative and quantitative comparisons are made between the model and 

the experimental data being validated against. 

4.3 Methods 

4.3.1 GHBMC M50 Model 

The focus of this study is the GHBMC 50th percentile male seated occupant model 

(M50 v4.2).  This is an updated version of the model that has been previously described 

in the literature [4], where full detail of the development process can be found.  The 

current version of M50 contains 1.3 million nodes, 2.2 million elements, 984 parts, and 

represents a weight of 76.8 kg.  The model was developed to predict a range of Crash 

Induced Injuries (CIIs) [25], including bone fracture through the use of element failure 

criteria that can be toggled on or off depending on the data sought.  In the case of this 

study all simulations were run with fracture enabled in all available bones: the skull, 

cervical spine, ribs, pelvis, and lower extremities.  CIIs of interest to the present study are 

bone fracture in the rib, pelvis, and femur head/neck.  Cortical rib fracture is predicted 
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using a piecewise linear plasticity material model with a failure strain of 0.02,  elements 

are deleted when plastic strain surpasses this value [14].  Cancellous rib fracture is 

predicted with the same material model using a failure strain of 0.13.  Similarly, cortical 

pelvis fracture is predicted using a plastic kinematic material model in which elements 

are deleted past a strain of 0.03 [26].  Cancellous pelvis fracture uses the plastic 

kinematic material model with a failure strain of 0.25.  The material model of the cortical 

bone in the head and neck of the femur is a strain-rate dependent plasticity model with 

failure defined by von Mises stress.  Elements in which von Mises stress surpasses 8.8 

MPa are deleted from the simulation.  This fracture model differs from the other fracture 

models because of how LS-Dyna defines element deletions in particular material models.  

Fracture is not modeled explicitly in the trabecular bone of the head and neck of the 

femur.  All simulations were run on a Linux Red Hat 6 high performance computing 

system (the Distributed Environment for Academic Computing, or DEAC cluster) on 48 

processors using LS-DYNA v.6.1.1, rev. 78769. 

4.3.2 Simulations 

Five regional loading regimes were simulated in this validation study; a chest 

impact [27-29], a shoulder impact [30], a thoracoabdominal impact [31], an abdominal 

impact [32], and a pelvic impact [33].  While the M50 model mass (76.8 kg) closely 

agreed with the mass used in the referenced studies to generate the corridors, in all cases 

the model results were scaled using equal stress, equal velocity scaling [34] to exactly 

match the mass of reported corridor data.  A summary of normalization and filtering 

techniques is found in Table 12.  The motion of the impactors were constrained to move 
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along the long axis, normal to the point of impact.  The exception to this motion profile 

was the abdominal impact, in which the bar moved normal to the long axis. 

The chest impact used a 23.4 kg cylindrical hub impactor with a 15 cm diameter 

and a nominal impact velocity of 6.7 m/s.   Consistent with the experimental description, 

this study was simulated by aligning the impactor against the sternum at the 4th 

intercostal space.  The model outputs were compared to an analysis done by Lebarbé and 

Petit [29] in which an average response and corridors were created from several chest 

impact studies of a similar nature [27, 28, 35, 36].  Normalized force data were presented 

in the literature; deflection data needed to be normalized and are shown as a percentage 

of the chest depth in this study (Table 12).  Model data were filtered using SAE CFC300 

[37]. 

The shoulder impact occurred at a nominal velocity of 4.5 m/s using an impactor 

with the same dimensions and mass as the chest impact.  This was a 90° lateral impact 

occurring through the head of the humerus.  Corridors in this study were presented with 

force data normalized to the average male mass of 76 kg (Table 12). The deflection 

corridors were non-normalized as provided in the literature.  For this study, deflection 

was normalized by the bi-acromial width of the PMHS for comparison to the model and 

is presented as a percentage.  Model data were filtered using SAE CFC600 [37]. 

The thoracoabdominal impact used the same impactor as both the chest and 

shoulder with a nominal velocity of 6.7 m/s.  Following the experiment’s description, the 

impactor struck the human body model 7.5 cm below the xiphoid process at 60° from the 

anterior aspect of the body.  The PMHS in the thoracoabdominal study were suspended 

upright with their arms overhead.  To mimic this posture as closely as possible, no 
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contact was defined between the impactor and the M50 arm.  Only a contact in the 

abdomen area was established.  Since no  diametric normalization measurement was 

available for this loading path, corridors utilizing deflection were not explicitly studied.  

Rather, the normalized force time-history corridors were used for comparison to the 

model using equal stress-equal velocity scaling and a reference mass of 76 kg (Table 12).  

Model data were filtered using SAE CFC600 [37]. 

The abdominal impact involved a 2.5 cm diameter, 48 kg bar at 6.0 m/s.  This was 

a free-back impact and occurred at the level of the umbilicus, or approximately L3.  

Again, force data were presented normalized to the average male mass (Table 12).  

Deflection corridors were normalized by the compressible abdominal depth of the PMHS 

for comparison to the model.  Compressible abdominal depth was defined as the 

abdominal depth from the anterior surface of L3 to the anterior surface of the body 

normal to L3, i.e. the L3 depth.  This method was chosen because it is the effective limit 

to abdominal compression.  Total anterior-posterior depth measurements of the abdomen 

in the PMHS specimens were reported in Hardy [32], and these measurements were 

modified to approximate L3 depth by subtracting the length from the anterior surface of 

L3 to the posterior surface of the body, which was measured on the model and assumed 

to be the same in the PMHS.  Model data were filtered using SAE CFC600 [37]. 

The pelvic impact used a square-faced impactor weighing 16 kg impacting with 

800 J of energy.  This required giving the impactor a 10 m/s velocity in the lateral 

direction.  The pelvis impactor contacted the trochanter and iliac crest at 90°, according 

to the literature.  In the experiments impact, the seat was coated in Teflon to reduce the 

effects of friction between the PMHS and the seat.  Normalized force data were presented 
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in the force vs. deflection corridors from the literature.  The deflection was normalized by 

the hip breadth of the PMHS.  Model data were filtered using SAE CFC600 [37]. 

The model remained in the seated driver occupant position during all simulations.  

The impactors were modeled as rigid bodies with the appropriate mass assigned to the 

part.  Initial velocities were applied to the impactors.  The contact between the human 

body model and the seat was modeled as frictionless in each simulation.  Only the pelvis 

impact had gravity applied during the simulation since the contact with the seat played a 

significant role in loading.  Gravity was excluded in all other simulations to reduce 

computational expense.  Reaction force in the impactor was output from the model 

through to resultant contact force for comparison to responses from the experimental 

data.  Model force data were filtered at 600 Hz and time and force were mass scaled to 76 

kg using the methods described by Eppinger [34].  The model deflection data were 

normalized using the same measurements as the experimental data, described above. 

The number of rib and pelvic fractures in simulation were compared to those 

found in the PMHS in all studies in which data were available.  The associated 

Abbreviated Injury Scale (AIS 2005, Update 2008) scores were also compared with 

experimental AIS codes updated by a trained AIS coder.  Fractures in the model were 

determined visually from model outputs and verified by element failure reports. 

4.3.3 Quantitative Validation Metric 

In four of the five cases, the recent standard for rating systems established by 

ISO/TS 18571 was applied [38].  The chest impact was excluded from this analysis due 

to the lack of time-history data in the literature.  The ISO system objectively assesses a 

model fit to experimental data using corridor, phase, magnitude, and slope ratings.  Each 
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of the four ratings range from 0 to 1 with 1 being the best score possible.  A weighted 

average gives the overall score for the model in a particular simulation and the score is 

categorized into one of four grades – excellent, good, fair, or poor.  The thresholds for 

excellent, good, and fair are 0.94, 0.80, and 0.58, respectively.  Total ratings equal to or 

below 0.58 are given a poor grade. 

The corridor score is calculated by comparing each point of the scaled and 

normalized M50 response to a set of corridors.  Constant-width corridors with half-

widths of 5% and 50% of the peak values are used for the inner and outer corridors, 

respectively.  If the model is within the inner corridor for a given time point then it 

receives a score of 1, if it is outside the outer corridor it receives a 0, and if it is between 

the two corridors a quadratic regression is used to determine the score.  The scores for all 

time points are then averaged to obtain the final corridor score for the curve.  The narrow 

inner corridor and wide outer corridor ensure that only very good matches receive a 1 and 

only very poor matches receive a 0. 

The remaining three ratings (phase, magnitude, and slope) are calculated by 

comparing the scaled and normalized M50 output against the mean of the experimental 

data.  The time shift between the original model curve and the maximum cross-

correlation to the experiment curve is used to calculate the phase rating.  A linear 

regression between zero time shift (a rating of 1) and a user-defined maximum allowable 

time shift (a rating of 0) gives the phase rating.  The maximum allowable difference was 

set to 20% of the total simulation time, per ISO/TS 18571.  The time shifted model signal 

is used to calculate both magnitude and phase.  Dynamic time warping (DTW) is used to 

minimize the effects of the interactions between the magnitude and phase ratings.  DTW 



83 

 

expands and contracts the time axis based on a cost function to align the peaks and 

valleys of two signals.  An optimal warping path is determined from the cumulative cost 

matrix and is used to warp both signals.  The one-norm of the difference between the 

warped model and experiment curve at each time point is calculated and normalized by 

the one-norm of the warped experiment curve.  For the slope rating, the same procedure 

is performed on the slope of each time shifted curve without using DTW, which 

compromises the time-dependence of the slope.  The final magnitude and slope scores are 

calculated in the same fashion as the phase score, using a maximum allowable difference 

and a linear regression.  Per ISO/TS 18571, the maximum allowable differences used in 

the magnitude and slope ratings were 0.5 and 2.0, respectively. 
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Figure 14. Simulation time-lapse for A) chest impact, B) shoulder impact, C) 

thoracoabdominal impact, D) abdominal impact, E) pelvic impact. 
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Table 12.  Simulation and normalization summary. 

Study 
Chest 

Impact 

Shoulder 

Impact 

Thoracoab

d. Impact 

Abdominal 

Impact 

Pelvis 

Impact 

N. samples in 

corridor 
7 6 9 3 4 

Average PMHS age 58 63.7 54.6 88 70.3 

Average PMHS 

mass 
60.3 67.8 63.4 74 55.4 

Corridor scaled to 

mass (kg)a 
75 76 76 76 76 

Deflection scaled by 
Chest 

Depth 

Biacromial 

breadth 
N/A L3 Depthb Pelvis 

Half-Width 

Mean experimental 

value (mm) 
214.4 386.0 N/A 203.0 144.6 

Model length value 

(mm) 
240.7 331.9 N/A 128.0 172.1 

Fracture examined 

and element failure 

thresholds 

Rib 

Cortical 

0.02 strain 

Rib 

Trabecula

r 

0.13 strain 

Rib 

Cortical 

0.02 strain 

Rib 

Trabecular 

0.13 strain 

Rib 

Cortical 

0.02 strain 

Rib 

Trabecular 

0.13 strain 

Rib 

Cortical 

0.02 strain 

Rib 

Trabecular 

0.13 strain 

Pelvis 

Cortical 

0.03 strain 

Pelvis 

Trabecular 

0.25 strain 

Femur 

Cortical 

8.8 MPa 

Simulation data 

filter and CFC 

SAE 

CFC300 

SAE 

CFC600 

SAE 

CFC600 

SAE 

CFC600 

SAE 

CFC600 

Run time (hr:min) 10:02 8:42 6:39 16:04 6:02 

Termination Time 

(ms) 
60 60 60 100 40 

a All simulations scaled to reported mass 

b L3 Depth (length from anterior surface of body to anterior surface of L3) 
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4.4 Results 

Figure 14 depicts a time series of each of the five simulations.  The chest, 

shoulder, thoracoabdominal, abdominal, and pelvis impacts required (hr:min) 10:02, 

8:42, 6:39, 16:04, and 6:02 to complete the simulations, respectively.  A full summary of 

the simulations is found in Table 12. 

The model response for the chest impact can be seen along with the corridors and 

experimental mean per Lebarbé [29] in Figure 15.  Model output force-deflection was 

within the corridors for most of the curve with a few brief exceptions in which the output 

goes slightly outside the corridors.  These occur during both the loading and unloading 

phases of the impact.  The peak force for the model in this simulation was 4.8 kN 

whereas in the experimental average the peak force was 4.3 kN.  The model peak 

deflection was 30.6% of the chest depth and the peak deflection of the experimental 

average was 36.7%. 

 

Figure 15. Force vs. deflection for the chest impact with mean and corridor data from the 

literature. 
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The model peak force output in the shoulder impact was 3.3 kN while the peak 

force of the average experimental response was 3.2 kN.  Model output for force vs. time 

can be seen plotted with experimental corridors [30] in Figure 16.  The model peaks 

slightly earlier than the corridors due to the steeper rise in force.  The peak deflection of 

the model was 7.0% and the peak of the average experimental deflection was 7.9%.  The 

deflection of the model can be seen in Figure 17 plotted against the literature corridors 

[30]. The model is within the corridors for all time except during a portion of the loading 

phase. 

 

Figure 16. Force vs. time model output for shoulder impact with corridors from the 

literature.  The model received a total ISO rating of 0.70 (Fair) for this output. 
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Figure 17. Deflection vs. time for the shoulder impact with corridors from the literature.  

The model received a total ISO rating of 0.75 (Fair) for this output. 

In the thoracoabdominal impact the model output for peak force was 4.5 kN while 

the peak of the average experimental force was 4.0 kN.  The force vs. time response of 

the model can be seen in Figure 18 alongside the experimental corridors [31].  The model 

output was near the top of the corridor for the early duration of this case, but rebounded 

to the middle of the corridor past approximately 5 ms. 

 

Figure 18. Force vs. time model output for thoracoabdominal impact with corridors from 

the literature.  The model received a total ISO rating of 0.83 (Good) for this output. 

The model peak force in the abdominal impact was 5.1 kN while the peak of the 

experimental average was 4.0 kN.  The model output of force vs. deflection can be seen 

in Figure 19 alongside the corridors developed in the literature [32].  The model output is 
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within the corridors throughout most of the deflection with the exception of the region 

with less than 5% deflection. 

 

Figure 19.  Force vs. deflection comparison of the abdominal impact with corridors from 

the literature.  The model received a total ISO rating of 0.72 (Fair) for force and 0.57 (Poor) 

for deflection. 

The force vs. displacement results from the pelvis impact can be seen compared to 

experimental corridors [33] in Figure 20.  Overall there is good agreement between the 

model output and experimental corridors with the model response within the corridors 

throughout the curve.  The peak force found in the model was 13.0 kN while the average 

peak found experimentally was 10.3 kN. 

 

Figure 20. Force vs. deflection model output for pelvic impact with corridors from the 

literature.  The model received a total ISO rating of 0.79 (Fair) for the output force. 
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The model predicted no rib fractures in the chest impact, compared to a range of 

zero to 17 found experimentally.  The resulting AIS scores of the PMHS could not be 

determined because flail chest was not reported in the literature.  In the case of the 

shoulder impact, no rib fractures were predicted by the model or found experimentally.  

The model predicted five rib fractures in the thoracoabdominal impact with two each in 

ribs 7 and 8, and one in rib 9 which would result in an AIS 3 thoracic injury.  The PMHS 

subjected to this impact showed a range from zero to seven rib fractures resulting in a 

range of AIS 0 to 3 thoracic injuries.  In the abdominal impact the model predicted no rib 

fractures, while the PMHS in the experiments indicated a range of six to ten.  All three 

PMHS in this experiment sustained AIS 3 thoracic injuries related to rib fracture.  In the 

pelvis impact the model predicted one fracture in the acetabulum and one in the femoral 

neck, resulting in a maximum AIS 3 pelvic injury.  Experimentally, ilio-pubic rami 

fractures were found in three subjects in addition to two ischio-pubic rami fractures, an 

iliac wing fracture, and a femoral neck fracture.  In one subject no fractures were 

determined to have occurred.  Experimental maximum AIS scores ranged from 0 to 3.  A 

summary of fractures can be found in Table 13. 
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Table 13.  Predicted model and experimental fracture summary. 

Impact Model Fractures Experimental Fractures 

Chest 

N = 7 

experimental 

specimens 

No rib 

fracture 

AIS 

0 

18FM (78 Y/O) – 14 rib fractures 

22FM (72 Y/O) – 17 rib fractures 

19FM (19 Y/O) – 0 rib fractures 

20FM (29 Y/O) – 0 rib fractures 

54FF* (49 Y/O) – 7 rib fractures 

15FM (80 Y/O) – 13 rib fractures 

64FM (72 Y/O) – 6 rib fractures 

AIS 

See 

Note§ 

Shoulder No rib fracture No rib fracture 

Thoracoabd. 

N = 4 

experimental 

specimens 

Rib 7 (2) 

Rib 8 (2) 

Rib 9 (1) 

AIS 

3 

947 (38 Y/O) – Ribs 7, 8, 9 (2) 

954 (66 Y/O) – Ribs 6, 7 (2), 8 (2), 9, 

10 

956* (40 Y/O) – Ribs 7, 8 

RNY2 (64 Y/O) – No fx. 

AIS 

0 – 3 

Abdominal 

N = 3 

experimental 

specimens 

No rib 

fracture 

AIS 

0 

GI3 (87 Y/O) – Ribs 7-9, bilateral 

GI4* (93 Y/O) – Ribs 6-10, bilateral 

GI6 (85 Y/O) – Ribs 7 & 8, bilateral; 

ribs 6 & 7, left 

AIS 

3 

Pelvis 

N = 3 

experimental 

specimens 

N = 1 

Acetabular 

fx. 

N = 1 

Femoral 

neck fx. 

MAIS 

3 

LCB 01 (65 Y/O) – Ilio-pubic branch 

fracture 

LCB 02* (53 Y/O) – Ilio- and Ischio-

pubic rami fractures 

LCB 03* (80 Y/O) – Ilio- and Ischio-

pubic rami fractures; Iliac wing 

fracture 

LCB 09 (65 Y/O) – Ischio-pubic 

ramus fracture 

MAIS 

2 – 3 

§Note: AIS cannot be determined since flail injuries are unreported in the literature 
*Denotes female subjects 

The ISO/TS 18571 total ratings for the model ranged from 0.57 to 0.83 and 

averaged 0.73 (Table 14).  Overall, the model faired the best in matching the magnitude 

of the experimental data, with an average of 0.90.  The magnitude category also had the 

smallest standard deviation at 0.07.  The slope rating had the lowest average at 0.63 while 

the phase rating had the highest standard deviation, 0.26.  The model scored highest in 
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thoracoabdominal force with a 0.83 overall rating, resulting from a 0.98 in magnitude and 

a 0.88 in corridor.  The lowest scoring category for the model in this simulation was a 

0.60 slope rating.   The slope was also the lowest individual rating in abdominal force 

(0.64) and pelvis force (0.60).  The total ratings for these impacts were 0.72 for the 

abdominal force and 0.79 for the pelvis force.  The abdominal deflection received the 

lowest overall rating with a 0.57, driven by a 0.21 in phase.  In the shoulder impact, the 

lowest individual score was in corridor for both force and deflection.  The model received 

total ratings of 0.75 in deflection and 0.70 in force for the shoulder impact. 

Table 14. ISO/TS 18571 comparison 

Impact Curve Type Phase Magnitude Slope Corridor Total Grade 

Shoulder 

Force 0.60 0.94 0.75 0.60 0.70 Fair 

Deflection 0.90 0.84 0.77 0.63 0.75 Fair 

Thoracoabdominal Force 0.81 0.98 0.60 0.88 0.83 Good 

Abdominal 

Force 0.79 0.81 0.64 0.69 0.72 Fair 

Deflection 0.21 0.90 0.44 0.65 0.57 Poor 

Pelvis Force 0.90 0.94 0.60 0.75 0.79 Fair 

Mean N/A 0.70 0.90 0.63 0.70 0.73 N/A 

St. Dev. N/A 0.26 0.07 0.12 0.10 0.09 N/A 

4.5 Discussion 

This study aimed to present the validation results of a full human body finite 

element model in regional loading.  The model geometry was created using a multi-

modality imaging approach on a living subject selected to represent the 50th percentile 

male.  The loading conditions included a chest impact, a shoulder impact, a 
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thoracoabdominal impact, an abdominal impact, and a pelvic impact.  The model 

displayed robustness in simulating all five cases without numerical instability and with 

good biofidelity in matching the corridors.  In all cases the model response was within the 

experimental corridors for the majority of the trace.  The injury prediction capabilities 

were assessed through rib, pelvis, and femur fracture prediction.  The model was found to 

predict injuries within the range of the PMHS in four of the five experiments.  

ISO/TS 18571, a method of objective evaluation of models, was used to assess model 

outputs compared to PHMS data.  The outcomes for this assessment received grades 

ranging from poor to good. 

Care was given to normalize the results of the model response to the experimental 

masses and statures.  Model mass was normalized to the mass used to create the 

experimental force corridors, although the scaling effects were very minor and on the 

order of 1 kg.  In all cases the force was scaled down slightly from that of a 76.8 kg mass 

to a 76 kg mass, or, in the case of the chest impact, a 75 kg mass.  While only minimal 

shifts to the curves were seen, controlling for mass differences makes for a more 

complete comparison.  The model data were scaled to the corridor masses rather than 

vice versa to treat the model data the same as the PMHS data.  All other post-processing 

of the PMHS data were executed with the model data as well.  Additional anthropometric 

differences were accounted for beyond mass disparities.  For all deflections considered, 

the trace was normalized by a representative length corresponding to the loading path.  

The representative lengths of the model often differed significantly from the average 

lengths of the PMHS.  In the shoulder and abdominal impact the average PMHS lengths 

were larger than the model while in the chest and pelvis impacts the opposite was true.  
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The loading path of the thoracoabdominal impact did not lend itself to a normalization 

length and thus deflection was not considered in this case. 

4.5.1 Injury Prediction 

Since the intended use of M50 is in injury prediction during blunt impact events it 

is critical to display a biofidelic fracture response.  Although failure strains were set 

based on literature values, element deletion is also affected by factors such as mesh 

density, mode of deformation, and strain rate.  These effects cannot be explicitly 

controlled and thus need to be accounted for in validating fracture in the model.  The 

failure values used for rib fracture were validated on a component level before integration 

into the full body model [14, 15].  The validation at this level served to ensure that, while 

the failure strains selected were commensurate with literature ranges, the ribs were also 

fracturing in a biofidelic manner.  The choice of element deletion allowed for the post-

fracture kinematics to be captured.  Users of the model have the option to turn the failure 

parameters off and implement other techniques to investigate fracture that do not require 

element deletion.  There are of course a number of considerations and alternate 

approaches.  From a biomechanics perspective, the timing and location of fracture can be 

highly subject-specific and difficult to predict.  This leads one to consider a more 

correlative approach in which the user examines model outputs, such as stress or strain, to 

calculate a probability of injury.  Investigators such as Hertz [39], Mertz [40], and Kuppa 

[41] have published risk curves for injuries to the skull, thorax, and knee-thigh-hip bones, 

respectively.  These risk curves could be used to define a maximum acceptable risk and 

the model could be used to calculate whether that level of risk was exceeded for a given 

impact.  Users can toggle off fracture in the model to take this alternate approach.  
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However, it should be noted that this method does not capture post-fracture kinematics.  

There are yet other techniques for modeling fracture, including crack propagation 

modeling with the extended finite element method (xFEM) [42] and cohesive finite 

elements [43].  However, these methods typically require element lengths that account for 

the Haversian canals on the micro-scale, which is not feasible for a full human body finite 

element model with current computing power.  Because no single method is perfect, the 

AIS of predicted fractures are used to de-emphasize the exact number and location of rib 

fractures. 

The GHBMC M50 model was developed with the intention of representing a 

living average male.  Given this, comparing the model response to PMHS, which is the 

standard method, is less than ideal.  PMHS lack muscle tone, require re-perfusion of 

fluids, may have relevant comorbidities, and often do not reflect a general population 

because of advanced age.  Nonetheless, it is well established within the biomechanics 

community that, while PMHS are not an exact substitute for living subjects, they are the 

best available human substitute for this type of testing.  PMHS testing is currently the 

gold standard for the injury biomechanics field and is a widely available source of 

experimental data. 

In the frontal chest impact the model predicted no rib fractures.  This is not to say 

that there were no elements deleted; fracture was defined as a visible break of a rib since 

autopsy was used to find fractures in the literature [27].  There were two PMHS that did 

not have rib fractures, the remaining five PMHS all sustained at least six fractures.  

Although the rib fracture prediction of the model has been previously validated [14, 15], 

the model predicted fractures at the bottom of the range for this simulation and is a 
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possible source for the low deflection output from the model.  The two PMHS that 

sustained no rib fractures were the two youngest subjects of the experiments, at ages 19 

and 29 years.  The average age of the other five PMHS was 71.4 ± 12.9 years.  In these 

PMHS the costal cartilage is likely calcified due to age, whereas the model considers the 

costal cartilage to behave more akin to soft tissue.  It has been shown that the shape of the 

ribcage changes with advancing age [44] and that the elderly are more susceptible to 

thoracic injury [45].  That the model predicted fractures more commensurate with the 

younger subjects suggests that it is representative of an age closer to that of these subjects 

in frontal chest impacts. 

4.5.2 Quantitative Validation 

The ISO/TS 18571 document categorizes total ratings into grades using excellent, 

good, fair, and poor.  The model received a grade of good in thoracoabdominal force, a 

grade of fair in shoulder force, shoulder deflection, abdominal force, and pelvis force, 

and a grade of poor in abdominal deflection.  The four traces receiving fair grades were 

all closer to the good category than the poor category while the one poor grade was just 

below the threshold for a fair grade.  The abdominal deflection metric was the most 

difficult to match, and likely influenced by the variability of the anthropometry in the 

region.  The amount of adipose tissue surrounding the abdominal muscles and within the 

abdominal cavity varies greatly between PMHS subjects while the M50 model had 

relatively little abdominal fat.  Further, the average age of the PMHS subjected to this 

experimental condition was 88.3 ± 4.2 years.  Even with these considerations, the model 

scored just 0.011 below a fair rating for the abdominal deflection signal and the force vs. 

deflection signal matched the data once accounting for the difference in abdominal fat. 
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Another area in which model fit can be improved is with how the experimental 

curves are averaged.  Whether to align curves based on variance, start of impact, or 

another method is a question that has yet to be answered definitively in the field of injury 

biomechanics.  This study compares the model response against experimental averages 

that have been created using several different methods.  In some of the literature 

individual PMHS traces were readily available to be digitized and averaged.  In other 

instances only the averages were provided; these were often obtained using disparate 

techniques.  The averaging and alignment techniques account for a large part of the shape 

of the average curve, and thus the shape score in the ISO objective evaluation method.  

Future work aims to quantify the effects of varying the averaging technique used. 

4.5.3 Limitations 

One of the limitations of this study is that the thoracoabdominal impact was 

performed on upright PMHS, but the model is in a seated posture.  Rather than 

attempting to reposition the model in an upright position, which would be a 

computationally expensive process, the seated posture was maintained.  It has been found 

that the thoracic and abdominal organ locations do not differ greatly between a seated and 

standing position [6, 46].  In addition, the main axis of the impact is aligned roughly 

perpendicularly with the trunk of the body through the center of gravity, and no seat was 

used to restrict the motion of the body during impact, therefore more closely matching 

the experimental condition.  This, combined with the contact definition approach in 

which the arm does not have a contact with the impactor, provides for a reasonable 

approximation of the PMHS posture for this experiment. 
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In addition to the discussion on the thoracoabdominal experiment positioning, 

pre-positioning in general could help improve correlation between the model and 

experimental data.  However, as it has already been noted, the biomechanical corridors 

that are used in these experiments, while the gold standard, have limitations as well 

(fairly low sample sizes, derived from PMHS, and scaled to a specific mass).  The M50 

model was built using a single, representative living subject, and so the correlations 

determined may be partly of a reflection of inherent differences in morphology between 

the experimental and computational subjects.  In future studies age-related considerations 

that have been seen in the literature [44, 47] will be incorporated into morphed versions 

of the model.  A morphing technique has been applied to the M50 model in a non-age-

related study [48] and can be used to incorporate age-related geometrical changes.  The 

morphed models that are representative of the average age of PMHS in the experimental 

data could be used as a closer match for validation. 

Further model improvements are related to modeling assumptions made during 

development.  Because the model was developed for specific crash-induced injuries the 

regional development focused on key areas, such as the ribcage in the thorax region.  

However, some of the impacts in this study focused on areas that utilized modeling 

assumptions.  For instance, the shoulder of the model used a mechanical joint to represent 

the connections between the humerus, scapula, and clavicle.  Despite this simplification, 

the model still received scores at the high end of the Fair scale, which was deemed 

acceptable considering shoulder injuries were not an area of focus for the full body 

model.  Users interested in studying shoulder injuries could improve the response by 

developing a more anatomically based modeling approach.  Such an approach could 
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include the relative motion between bones of the joint by modeling the ligamentous 

tissues of the joint.  This would allow for more deflection and less force in shoulder 

impacts and open an avenue for soft tissue injury prediction in the joint. 

A mesh density convergence study could also provide further improvement to the 

model response.  Though a convergence study was not specifically completed on the 

model, the minimum time step was tracked during development to achieve a reasonable 

runtime.  Time step mass scaling is used in the model to achieve a time step of 0.3 µs, but 

all elements in the model have a native time step of at least 0.1 µs.  With future advances 

in computational power, a more refined mesh could be implemented to determine the 

effects on solution accuracy.  Any mesh refinements with current computer technology 

would either lengthen runtime of the model or require more added mass to achieve the 

current time step.  Further, a convergence study was not undertaken on this model 

because of the extensive work done at the regional level, where the specific meshes used 

had already been studied and correlated to injury (e.g. rib fracture [15], skull fracture, and 

brain contusion [7]).  Additional adjustments could be made to the model by users in the 

element formulations and material models.  If a user has a specific application for which 

the model was not originally designed such adjustments could be necessary.  For 

example, not all material models include rate effects so if the model was to be used in 

higher or lower rate simulations changes to material models should be considered.  It 

should be noted that for any use outside of development applications, or for any change 

to the element formulations and material models, re-validation of the model would be 

required. 
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This study presented the validation of the Global Human Body Models 

Consortium's mid-sized male model in regional impacts.  The impacts used in this study, 

chest, shoulder, thoracoabdominal, abdominal, and pelvic impacts, represent a range of 

areas injured during motor vehicle crashes.  It was found that the model output for all 

cases were within experimental corridors for the majority of the traces.  The model 

predicted similar severity injuries, based on rib, pelvis, and femur fracture, in four out of 

the five cases.  In using the ISO/TS 18571 method for objective evaluation of the model, 

the average total score was a 0.73, with 1 being the best possible score.  This model is 

another tool that can be used to further the understanding of human injury biomechanics. 
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APPLICATION OF RADIAL BASIS FUNCTION METHODS IN THE 

DEVELOPMENT OF A 95TH PERCENTILE MALE SEATED FEA MODEL 

5.1 Abstract 

Human body finite element models (FEMs) are a valuable tool in the study of 

injury biomechanics.  However, the traditional model development process can be time-

consuming.  Scaling and morphing an existing FEM is an attractive alternative for 

generating morphologically distinct models for further study.  The objective of this work 

is to use a radial basis function to morph the Global Human Body Models Consortium 

(GHBMC) average male model (M50) to the body habitus of a 95th percentile male 

(M95) and to perform validation tests on the resulting model. The GHBMC M50 model 

(v. 4.3) was created using anthropometric and imaging data from a living subject 

representing a 50th percentile male.  A similar dataset was collected from a 95th 

percentile male (22,067 total images) and was used in the morphing process.  

Homologous landmarks on the reference (M50) and target (M95) geometries, with the 

existing FE node locations (M50 model), were inputs to the morphing algorithm.  The 

radial basis function was applied to morph the FE model.  The model represented a mass 

of 103.3 kg and contained 2.2 million elements with 1.3 million nodes.  Simulations of 

the M95 in seven loading scenarios were presented ranging from a chest pendulum 

impact to a lateral sled test.  The morphed model matched anthropometric data to within a 

root-mean square difference of 4.4% while maintaining element quality commensurate to 

the M50 model and matching other anatomical ranges and targets.  The simulation 

validation data matched experimental data well in most cases. 

Keywords: Model morphing, Finite Element Modeling, Full human body model 
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5.2 Introduction 

Unintentional injury is the leading cause of death for people ages 1 through 44 in 

the United States, over 40% of which are due to motor vehicle crashes (MVCs) [1].  On a 

global scale, road injury ranks 10th in disability-adjusted life years (DALYs) lost and 

increased by 34% from 1990 to 2010 [2].  Over one million people are killed worldwide 

by MVCs every year [3].  A variety of techniques have been used to mitigate injury in 

MVCs.  Computational modeling research is one such technique used to enhance the 

safety of vehicles and reduce the number of MVC fatalities.  Well-validated models have 

the potential to inform our understanding of injury mechanisms, evaluate the efficacy of 

novel safety features and play a role in the design of experimental tests.  More recently, 

human body models have begun to play a role in consumer testing, such as in European 

New Car Assessment Program (EuroNCAP) pedestrian protocol [4].  While this is 

specific to pedestrians and only certain features of the vehicle, it represents an important 

new direction for the use of computational human body modeling. 

Computational modeling has been used in injury biomechanics research for over 

50 years [5].  In that time, finite element modeling has become a frequently used means 

to study the human body in dynamic crash environments.  With the advancement of 

computer hardware and software, human body finite element models (FEMs) are 

becoming increasingly detailed, capturing the geometry and complex material 

characteristics of human tissues.  As research tools, they offer a unique means to 

understand injury mechanisms and may ultimately yield improved safety 

countermeasures.  Full body models that have been used in injury biomechanics research 

include the Ford human body model [6-8], the H-model [9, 10], HUMOS [11], and 
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THUMS [12-14].  Recently, human body FEMs have been used to investigate neck injury 

[15], determine the effects of posture on hip injury [16], and reconstruct real world 

crashes [17].   

The GHBMC M50 model is one such full body model that was validated on a 

regional and full body level.  The CAD geometries for the model were meshed and 

validated by university consortium members on a region-by-region basis, including the 

Head [18-20], Neck [21-24], Thorax [25, 26], Abdomen [27], Pelvis [28], and Lower 

Extremities [16, 29, 30].  The regional models were integrated into a single full body 

FEM and validated in a range of simulations.  No modifications were made to the 

material properties or meshes of the validated regional models during the integration 

process.  Validation of the mass distribution and kinematic and kinetic response of the 

full body model has been presented in the literature [31-35]. 

Considering the time and cost involved, developing human body FEMs using a 

similar, scan, segment, mesh, and validation pipeline is not practical for a large array of 

anthropometries.  To accelerate the development of FEMs, model morphing can be used 

with a baseline model.  This is a particularly useful technique in human body modeling, 

where size and shape variation can be incorporated into several models without 

individual development of each model.  In this way, morphing can assist in the study of 

anatomical variation effects on injury tolerance since replica models are made with only 

geometrical differences.  Morphing techniques used for full human body FEMs have 

included affine scaling of selected parts [36] and through radial basis function 

interpolation [37].  To create a  5th percentile female model, Kimpara [36] scaled organs 

from a 50th percentile male model to fit within a 5th percentile female skeletal mesh.  
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Vezin and Verriest chose the approach of correlating external anthropometry 

measurements with internal anatomical measurements.  Using these correlations they 

scaled a 50th percentile model to various sizes, including a 5th percentile female and 95th 

percentile male [11].  More recently, Shi et al. used a radial basis function interpolation 

with a thin-plate spline as the basis function to morph the THUMS model to obese 

geometries [37].  This method uses a set of homologous landmarks on the reference and 

target geometries to create spline equations.  The spline functions are applied to the nodes 

of the reference model to morph it to the target model geometry.  In this way, the thin-

plate spline method is able to morph a model to a target geometry while circumventing 

the need for population based data.  In the case of the current work, the subject was 

carefully selected to represent the population of interest. 

The objective of this work was to develop a 95th percentile male seated occupant 

FEM by morphing the GHBMC 50th percentile male seated occupant.  The target model 

anthropometry is based on a living subject that closely matched the 95th percentile male 

(M95) Hybrid-III Anthropomorphic Test Device (ATD).  The advantage of this approach 

is that the model developed in this study will leverage the significant modeling effort 

behind the 50th percentile GHBMC occupant model, while also taking advantage of 

extensive anthropometric and imaging data of an M95 subject collected as part of the 

GHBMC program. 

5.3 Methods 

Radial basis function (RBF) was chosen to morph from M50 to M95.  

Specifically, RBF was used with a thin-plate spline as the basis function (TPS) and a 

relaxation algorithm [38-41].  The RBF-TPS method allowed for a smooth regression of 
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the mesh between landmark points using a relatively reduced set of landmarks across the 

whole body [42].  A full description of the method can be found in the literature [38-40], 

but a brief overview follows.  There were three inputs required for the RBF-TPS method, 

landmarks on the reference and target geometries and the node locations of the reference 

model.  A bending energy matrix was determined from landmarks on the reference 

geometry and used to compute TPS weights of homologous landmarks on the target 

geometry.  The matrix of weights was applied in the TPS equation with the reference 

node locations to determine the target node locations.  The following equation, f(x), 

solves for one target node location based on the reference node coordinates and TPS 

weights: 

���� = �� + �	� + �
� + �� + ∑ �����������  (1) 

Where a0, ax, ay, az, and wi are the TPS weights; x, y, and z are the reference node 

coordinates, and U(ri) is the basis function, defined as: 

����� = ��� log����� (2) 

�� = ��� − ���� + �� − ���� + � − ��� (3) 

Where x, y, and z are, again, the reference node coordinates and xi, yi, and zi are 

the coordinates of the ith reference landmark.  This is then computed for every node in all 

three Cartesian coordinates.  There are independent sets of weights for f(x), f(y), and f(z) 

since this is a 2D regression.  The weights are calculated as follows: 

� = �� + �� ! ""# 0%��&'�×��&'�; (4) 

� = ) 0 ������������ 0 ⋯ ������������⋮ ⋱ ⋮������ ������ ⋯ 0 -
�×�

; 
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� = ∑ ∑ ��.�.������ /�  

" = 01 �� �� �⋮ ⋮ ⋮ ⋮1 �� �� �2�×'; 0 = 00 ⋯ 0⋮ ⋱ ⋮0 ⋯ 02'×' 

Where λ is the relaxation parameter, U(rij) is the above definition with the ith and 

jth reference landmarks and xi, yi, and zi are the coordinates of the ith reference landmark.  

W, the kx3 matrix of weights, is calculated as 

3 = �4�5; 5 =
67
77
78�� �� �⋮ ⋮ ⋮��0000

��0000
�0000 9:
::
:;

��&'�×<
 (5) 

Where xi, yi, and zi are the coordinates of the target landmarks in this instance.  W 

is then applied in the first equation, where the first column contains the weights for the x 

coordinates, the second for the y coordinates, and the third for the z coordinates.  The 

bottom four rows are the coefficients a0, ax, ay, and az for each of the respective 

coordinates. 

As with other landmark-based morphing methods, RBF-TPS allowed for the 

description of the target geometry, M95 in this case, with a reduced set of landmark 

points.  No prior meshing or model development was required on the large male model, 

only the baseline M50 model.  Matlab (v8, Mathworks, Natick, MA) scripts that applied 

this method were adapted from Stayton (2009) with the relaxation technique from Donato 

and Belongie (2002) added to smooth the mesh. 

Imaging data were acquired from subjects selected to represent both an average 

male (M50) and a large male (M95).  The image acquisition was approved by the Wake 
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Forest University School of Medicine IRB (#5705).  Anthropometry for the M50 subject 

can be found in the literature [43] and for the M95 subject in Table 18.  In addition to 

weight and standing height, 15 anthropomorphic measurements were matched to 

literature values [44] to ensure that the subject was a good match to the target size 

(average male or large male).  The data collected included MRI, upright MRI, CT, laser 

surface scans using a Faro Laser Scanning attachment (Faro, Lake Mary, FL), and bony 

landmark identification.  Across the three modalities, a total of 22,067 images were 

acquired for the M95 subject. The full protocol can be found in the literature [43, 45, 46], 

but a brief review follows.  CT scans were taken in both supine and quasi-seated postures 

(typical slice thickness and in-plane resolution of 0.625 mm and 0.977 mm, respectively).  

Upright MRI was used to obtain internal organ locations in seated and standing postures 

(typical slice thickness and in-plane resolution of 2.0 mm and 2.15 mm, respectively).  

Combining the higher resolution traditional MRI (typical slice thickness and in-plane 

resolution of 2.00 mm and 0.938 mm, respectively) with the posture-specific upright MRI 

facilitated the placement of organs in a seated posture, which have been shown to differ 

from a supine posture [47, 48].  Faro arm laser scanning was used to capture the outer 

body shell of the subject in a seated driver position.  Bony landmarks were identified 

during the external anthropometry scanning to be able to place the skeletal system within 

the outer body shell. 

The comprehensive imaging dataset was leveraged to establish landmarks on both 

the M50 and M95 geometries.  Two sets of landmarks were placed and combined to use 

as the inputs for the morphing algorithm.  One set of landmarks were generated within a 

body shell of the reference geometry (M50) using a tetrahedral mesh.  The nodes of this 
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mesh served as the landmarks which allowed for landmarks throughout the volume, not 

just on the surface.  Surface scans of M50 and M95 from the Faro arm were registered 

first using rigid and affine registration in 3D Slicer (v4.3, Cambridge, MA) and then 

using symmetric diffeomorphic registration in Advanced Normalization Tools, or ANTS 

[49, 50] .  The step size for the diffeomorphic registration was 0.25 and the mean square 

difference similarity measure was used with a Gaussian smoothing on the similarity 

gradient (sigma of 3).  This process resulted in rigid, affine, and non-affine 

transformations.  The transformations were applied to the M50 landmarks to obtain 

homologous landmarks within the M95 body shell. 

A second set of landmarks specifically on abdominal organs were also created to 

provide more guidance for the morphing of internal structures.  The medical imaging 

dataset was leveraged to create landmarks on four abdominal organs – liver, spleen, and 

right and left kidneys.  The same process as outlined above was used for registration, but 

with the bounding box defining the region of interest around the organs alone, rather than 

the whole body.  A total of 2,995 landmarks were placed uniformly on the M50 organs 

using Geomagic Studio (v2014, Rock Hill, SC).  As with the surface scans, MRI data of 

the average male were registered to the large male using the combination of rigid, affine, 

and non-affine registrations.  The transformations from the registration were applied to 

the M50 landmarks to obtain the M95 landmarks.  The landmarks from the body shells 

were combined with the abdominal organ landmarks.  To ensure no overlapping areas of 

landmark coverage, the body shell landmarks within the abdominal organ bounding box 

were deleted.  In total 11,631 landmarks were placed with mid-sagittal plane symmetry in 
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the body shell landmarks.  This can be seen in Figure 21, which depicts the final set of 

landmarks used in the morphing algorithm. 

These landmarks, along with the M50 model node locations, were used as the 

inputs to the RBF-TPS morphing method to obtain the M95 model.  The M50 model 

from which M95 was morphed contained 2.2 million elements, 1.3 million nodes, and 

991 parts [51].  Following the morphing process, the M95 model contained exactly the 

same number of elements, nodes, and parts as the source M50 model.  Furthermore, no 

constitutive models, contact definitions, or element formulations were adjusted.  The 

difference between the models was purely geometric.  Figure 22 is a flow chart for the 

process of this method. 

 

Figure 21.  Landmarks used to define the reference (M50, black) and target (M95, grey) 

geometries in the morphing algorithm. 

5.3.1 Relaxation Algorithm Example 

To demonstrate the effects of the relaxation algorithm on the model morph, a 

separate morph was completed incorporating only the abdominal organ landmarks and 

mesh (liver, spleen, and kidneys).  This approach enabled multiple morphs to be 
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calculated at a lower computational cost.  For demonstration purposes, two cases were 

examined – one with relaxation parameter used in the full body morph (λ = 0.5) and the 

other with no relaxation applied.  The volumes of the two organ meshes were compared 

to the M95 subject and full M95 morphed model to investigate the effects of the 

relaxation algorithm.  Since all solid elements of these four organs were tetrahedral, the 

number of elements below a tetrahedral collapse of 0.2 were counted to examine element 

quality.  This was the same value that was used for the full M95 model where all 

elements must be at or above the threshold value. 

5.3.2 Anatomical Validation 

Prior to validation in simulations, the anatomy of the morphed model was 

checked against literature and study data.  The anthropometry of the model was compared 

to data from the study by Gordon et al. [44].  Fourteen measurements were compared – 

weight, seated height, head breadth, head length, bideltoid breadth, biacromial breadth, 

shoulder-elbow length, forearm-hand length, chest breadth, waist circumference, seated 

hip breadth, seated buttock-knee length, seated knee height, and foot length.  Root mean 

square difference was used to determine the fit of the model to the targets. 

Several steps were taken to ensure proper morphed model organ volumes.  A brief 

image analysis study on large male abdominal organs was completed.  Anonymized CT 

scans from Wake Forest’s image database were selected based on a height and weight 

within 10% of the M95 targets (186.7 cm and 102.1 kg).  Six subjects were found within 

this range that did not have anatomical abnormalities or injuries in the abdominal region 

(n=6; mean ± standard deviation age, weight, and height – 37±12.6 years, 98.3±3.3 kg, 

and 186.0±7.0 cm).  The use of these imaging data was approved by Wake Forest 
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University School of Medicine IRB (#6511).  Four organs were segmented from each of 

these datasets – the liver, spleen, and right and left kidneys.  These were then used to 

obtain an acceptable range of volumes for the model morph. 

The mass of the model skeletal system was compared to the expected mass 

reported by the International Commission on Radiological Protection [52], a group that 

has extensively cataloged literature data related to masses at the organ, system and whole 

body levels.  According to the ICRP the mass of the skeletal system is expected to be 

approximately 14% of an individual’s total mass.  Additionally, the femurs, tibiae, and 

fibulae were further verified using the combined cortical thickness, or CCT, against 

literature data [53].  CCT was calculated by Virtama and Helela as the total bone 

diameter minus the inner cortical diameter at the midshaft.  This measurement 

incorporated the cortical bone on both the medial and lateral aspects of the bone.  Mean 

experimental values and the 10th percentile to 90th percentile range were presented by 

Virtama and Helela and were used for comparison.  While right and left bones were 

reported separately, there were only minor differences in the means and ranges (within 

0.5 mm) so only the right side measurements were used.  Virtama and Helela separated 

the data by age; the age 25 group data (ranging from ages 23 – 27) were used because the 

M95 subject was 26 years old at the time of image acquisition, however data from ages 

30, 35, and 40 were all similar.  

Volumes of subcomponents of the brain model were compared to the 

International Consortium for Brain Mapping (ICBM) brain atlas.  The ICBM atlas is a 

high resolution MRI dataset representative of an average adult brain with pre-defined 

label maps of cortical gyri, white matter, internal grey matter, and cerebrospinal fluid.  
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The atlas was registered to the M95 subject data using the same non-affine registration as 

was used for homologous landmark creation.  The atlas label maps were subsequently 

transformed to M95 space and were used to determine the desired volumes for the model 

morph.  Included in this comparison were the thalamus, basal ganglia, ventricles, and 

cerebellum. 

 

Figure 22.  Flow chart of the radial basis function with thin-plate spline basis function 

morphing process. 

5.3.3  Simulation Validation 

Seven simulations were used in the initial validation of the morphed model.  All 

simulations were performed with LS-Dyna (v6.1.1 rev78769, LSTC, Livermore, CA) on 

the Wake Forest University Distributed Environment for Academic Computing (DEAC) 

cluster.  The DEAC cluster is a high performance computing environment running Linux 

Red Hat 6 with a heterogeneous collection of 2,368 computational cores and 3.9 TB of 

total memory.  A total of 48 cores were used for each of the simulations.  All simulation 

data were output at 10 kHz. 
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Seven impacts were simulated using the M95 model – a chest impact [54, 55], a 

shoulder impact [56], a thoracoabdominal impact [57], an abdominal bar impact [58], a 

pelvic impact [59], a lateral impact [60], and a lateral sled test [61-63].  These cases were 

selected because of their range of loading orientation, location, and severity.  Information 

on the PMHS can be found in Table A2.  All impactors were modeled as rigid and 

constrained to move only along the axis of impact direction.  Model data were filtered 

using SAE CFC600 with the exception of the chest impact data, which were filtered 

using SAE CFC300 to match the experimental filtering. 

The chest impact [54, 55] involved a cylindrical impactor with a diameter of 150 

mm and a mass of 23.4 kg with an initial velocity of 6.7 m/s.  The impact occurred 

against the sternum at the fourth intercostal space.  Model data were compared to force 

vs. deflection corridors developed by Lebarbé and Petit [64].  Deflection data were 

calculated as a percentage of total chest depth along the axis of impact. 

The shoulder impact [56] used a cylindrical impactor with the same dimensions 

and mass as the chest impact.  The impact velocity was 6.7 m/s into the humeral head 

directly from the side.  Model data were compared to transient force and deflection 

corridors.  Deflection data were normalized as a percent of biacromial breadth. 

The thoracoabdominal impact [57] also used the cylindrical impactor of the same 

dimension and mass.  This impact was again at 6.7 m/s.  The impact location was 7.5 cm 

below the xiphoid process at 60° from anterior.  Model data were compared to force vs. 

time corridors.  Deflection was not considered in this simulation since no apparent 

normalization length was available from the PMHS subject information. 
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The abdominal bar impactor [58] was a cylindrical bar with a diameter of 25 mm 

and a length of 400 mm and weighed 48 kg.  The impact occurred at the umbilicus, 

approximately the level of L3.  Model data were compared to force deflection corridors 

from Hardy et al. (2001).  The deflection was calculated as a percentage of abdominal 

depth from the umbilicus to the anterior face of L3. 

The pelvic impact [59] used a 200 mm square-faced impactor with a mass of 16 

kg and a velocity of 10 m/s.  This matches the 800 J case in the experiment [59].  The 

impact occurred against the trochanter and iliac crest at 90°.  Model data were plotted 

against force deflection corridors and deflection was normalized by the pelvis half-width. 

The lateral impact [60] involved a rectangular impactor measuring 255 mm by 

415 mm and weighing 23.4 kg with an initial velocity of 12.0 m/s.  The simulation 

matched the 45° arm angle destructive testing conducted by Kemper et al. (2008).  Model 

data were compared to transient force data from the two post-mortem human surrogates 

(PMHS) that underwent 45° arm angle destructive testing.  With a sample of n=2, 

corridors were not available. 

The lateral sled test [61-63] used a Heidelberg-type sled with the PMHS propelled 

into a set of beams at the shoulder, thorax, abdomen, pelvis, and knee.  A Teflon coating 

was used on the seat; this was modeled using a frictionless contact.  The model was 

allowed to settle into the seat with only gravitational forces applied for 100 ms prior to 

initiation of the event, at which point an initial velocity was applied to the model.  The 

experimental data were presented such that the shoulder, thorax, and abdomen beams 

were combined to give a torso force while the pelvic force was presented separately.  The 



123 

 

model data of the torso and pelvic forces are plotted against average and standard 

deviation curves provided in the literature [61, 62]. 

In all simulations, the model output force data were normalized to represent the 

50th percentile male (for comparison purposes to the published data) using the scaling 

methods outlined by Mertz [65].  The effective mass and characteristic length of the M50 

model were used as the standard mass and length to determine mass and stiffness ratios. 

5.4 Results 

To assess the registration of the landmarks, the deviation of the target landmarks 

for the abdominal organs were determined to have an RMS error of 1.1 mm (0.83% of the 

average bounding box edge length of the organs) from the STL surface data.  The 

remaining landmarks could not be quantitatively evaluated since they were throughout 

the volume of the body and only a surface was used to create them.  Instead, the 

landmarks were visually inspected to ensure they were appropriately matched to the 

surface; this is seen in Figure 23. 

The RBF-TPS morphing method generated quality mesh results, seen in the 

probability density functions for Jacobian 2D, Jacobian 3D, and tetrahedral collapse 

plotted in Figure 24.  These three measures are among a number that were assessed, but 

provide an overall view of element quality and show that the morphed model mesh 

closely mirrors the values of the M50 source model.  The tetrahedral collapse distribution 

was the only instance with a noticeable difference between the models, so it was further 

investigated with fringe plots.  Qualitatively the fringe plots looked similar with the 

exception of the lateral aspects of the thorax inferior to the axilla.  At these locations, the 

M95 model displayed more low-value tet collapse elements.  These elements still passed 
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quality standard checks.  The M95 model can be seen in Figure 25, with the M50 model 

from which it was morphed for comparison. 

 

Figure 23.  Visual inspection of the target landmarks compared with the surface which they 

were registered to.  This was used instead of quantification since most landmarks were 

interior to the surface 
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Figure 24.  Probability density functions for the M50 and M95 models in Jacobian 2D, 

Jacobian 3D, and Tetrahedral Collapse.  Note that the axes ranges are not the same in the 

three charts.  Heat maps of the tetrahedral collapse for M50 and M95 in the anterior and 

zoomed in lateral views are seen at the bottom where darker shades represent elements 

closer to delinquency.  The area under the axilla in the M95 model contained more elements 

closer to delinquency than in the M50 model. 
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Figure 25.  The M95 model with the M50 model that was used as the basis for the morphing 

algorithm.  The stature differences are seen in the lateral views in the top left while the 

internal differences are easily seen in frontal views on the bottom.  Element quality was 

maintained through morphing, seen in the top right. 
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5.4.1 Relaxation Algorithm Example 

Table 15 shows the two cases exploring the relaxation algorithm in comparison to 

the M95 subject and the M95 full body model.  Included in the table is the ratio of organ 

volumes for the M95 subject to the M50 subject.  This provides insight into the amount 

of change required of the morph in these organs.  Morphing the organs alone using only 

the organ landmarks created a mesh of the organs that, on average, was closer to the 

subject organ volumes.  The liver and spleen were both substantially closer to the subject 

volumes while the kidneys were only slightly further from the subject volumes.  Without 

using the relaxation algorithm, a comparatively small benefit was seen in all organs 

except for the spleen.  The spleen mesh resulting from the morph without using 

relaxation was 8.1% larger than the spleen mesh developed with relaxation and was only 

7.5% smaller than the subject volume.  This provided a spleen volume closer to the M95 

subject.  However, in examining the element quality check performed, the only mesh that 

contained elements below a tetrahedral collapse of 0.2 was this case.  While volumetric 

accuracy was improved, element quality deteriorated due to the more stringent constraints 

on landmark adherence. 
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Table 15.  In the relaxation algorithm example, the organs were morphed separately to 

display volume matching and mesh quality of the varying relaxation parameters.  A 

corollary of this example was that the organs morphed without the surface scan landmarks 

were closer in volume to the subject data.  With no relaxation, mesh quality suffered. 

 
M95 

Subject 

M95:M50 

Ratio 
M95 Model 

Organs Only 

λ = 0.5 

Organs Only 

λ = 0 

Mesh N/A N/A 

   
Liver (mL) 2250 1.59 2143 2222 2228 

L Kidney 

(mL) 
236 1.70 239 228 230 

R Kidney 

(mL) 
222 1.55 221 220 218 

Spleen 

(mL) 
519 2.80 363 444 480 

Tet. 

Collapse 

(# < 0.2) 

N/A N/A 0 0 122 

 

5.4.2 Anatomical Validation 

The comparison of the M95 model to the target values from the Gordon et al. 

study [44] are favorable and shown in Table 16.  Nine out of the fourteen measurements 

were within 5% of the targets and all were within 10%.  The root mean square difference 

was 4.4%.  The largest difference was seen in bideltoid breadth where the model was 

below the target by 8.1%. 
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Table 16. Summary of anthropometric comparisons made between the M95 model and the 

target data from Gordon et al.  M50 subject values are included, where available, for 

reference. 

Measurement M50 Subject M95 Target M95 Model 
Percent 

Difference 

Weight (kg) 79.4 102.1 103.3 1.2 

Sitting Height (cm) 92.1 97.2 97.2 0.0 

Head Breadth 16.4 16.1 16.0 -0.4 

Head Length 19.8 20.9 20.6 -1.3 

Bideltoid Breadth 47.8 53.5 49.2 -8.1 

Biacromial Breadth N/A 42.6 39.6 -7.2 

Shoulder-Elbow Length 36.3 39.9 37.8 -5.3 

Forearm-Hand Length 49.8 52.4 51.0 -2.8 

Chest Breadth N/A 36.7 39.1 6.7 

Waist Circumference 92.1 101.6 103.0 1.4 

Hip Breadth, Sitting 38.1 41.2 41.3 0.3 

Buttock-Knee Length 58.9 66.7 65.9 -1.3 

Knee Height, Sitting 56.1 60.6 58.9 -2.7 

Foot Length 27.2 29.2 26.9 -8.0 

 

The abdominal organ volumes of the morphed model were all within the range 

found in the population of large males.  The liver of the model was 2143 mL while the 

average of the subjects was 2164 mL.   Similarly the model spleen, left, and right kidneys 

were 362.8 mL, 239.1 mL, and 220.7 mL compared to averages of 337.1 mL, 225.5 mL, 

and 201.3 mL.  Figure 26 compares the M95 model organ volumes to the population 

ranges found from the large male subjects.  Only the right kidney was found to be near 

the extreme of volume, but was still within the range and matched the M95 subject 

volume well. 
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M95 FE Model M95 Subject Segmentation  Subjects from WFU Database 

Figure 26.  Model liver, spleen, and kidney volumes against a population of large male 

volumes. 

The entire skeletal system represents 14.1% of the total mass of the model (14.6 

kg out of 103.3 kg), which is in line with the expected value of approximately 14% 

reported in previous studies [52].  The combined cortical thickness (CCT) of the three 

lower extremity long bones were within the range of expected values reported by Virtama 

and Helela (1969).  While all three model values were less than the means, they were all 

closer to the mean than the 10th percentile. 

Table 17.  Combined cortical thickness of the three lower extremity long bones in the model 

compared to literature data. 

Bone 
Virtama & Helela Mean 

[10% - 90% Range] (mm) 
M95 Model (mm) 

Femur 20.9 [13.9 – 24.2] 17.6 

Fibula 13.6 [8.2 – 17.5] 11.3 

Tibia 7.4 [4.6 – 9.5] 7.0 
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Volumes of brain anatomy in the model were compared to the GHBMC M95 

subject.  The thalamus, basal ganglia, ventricles, and cerebellum were included in this 

comparison.  Overall, the average absolute percent difference of these parts was 10.5%.  

The ventricles of the model were within 5% of the target volume from the subject. 

5.4.3 Simulation Validation 

The model ran to normal termination in all seven simulations illustrating an 

absence of numerical instability, as was found in the M50 model.  The simulations 

required a range of 6.2 hours to 28.2 hours using 48 cores on the DEAC cluster.  The 

lateral sled test was allowed to gravity settle for 100 ms prior to the 80 ms run time (180 

ms total simulation time), and thus required significantly more time than the other 

simulations.  Time lapse images of the simulations can be seen in Figure 27. 

In Figure 28, the model response is shown against literature corridors for each of 

the seven simulations.  In all cases the model response was normalized using the Mertz 

method; the non-normalized model responses are shown with the normalized response 

and M50 data in Figure 29 for further comparison.  The response of M95 is shown 

against the corridors from Lebarbé and Petit (2012) in the top left plot.  The effective 

mass calculated for use in the Mertz scaling was 23.4 kg in the M95 model and 20.4 kg in 

the M50 model.  The characteristic lengths were 254.5 mm and 240.7 mm for M95 and 

M50, respectively.  The normalized M95 model output is within the corridors for all but a 

small amount of the force-deflection curve.  The M95 model predicted a smaller amount 

of peak deflection (33.3% to 36.7%) and a smaller peak force (4.2 kN to 4.3 kN) than the 

experimental average.  The bi-modal curve shape of the experiment is not captured with 

the model; though the second peak occurs at approximately the same point. 
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The shoulder impact response of the M95 model is shown in the second row of 

Figure 28 alongside the experimental corridors.  The effective masses used in 

normalization for M95 and M50 were 23.6 kg and 23.7 kg, respectively, while the 

characteristic lengths were 340.0 mm and 331.9 mm.  The model force was seen to have 

a steeper slope than the corridors causing it to peak earlier.  However, it is within the 

corridor for most of the duration of the simulation and matches the shape well.  The 

model deflection begins slightly early, but is within the corridors for all but about 1 ms of 

the simulation.  The model peak force was the same as the peak force of the average 

experimental response, 3.2 kN.  Peak deflection of the model did not match as well, with 

a prediction of 6.8% compared to 7.9% experimentally. 

The second column of the first row of Figure 28 depicts the model response in the 

thoracoabdominal impact.  The model is plotted alongside the transient force corridors 

from the literature [57].  The effective masses for M95 and M50 were both 23.5 kg while 

the characteristic lengths were 346.7 mm and 306.5 mm, respectively.  The force seen by 

the model steeply increased in the first 3 ms so that it was out of the corridors, but then 

dropped back down within the corridors for the remainder of the event.  Aside from the 

early spike, the model curve shape matches the corridor shape well.  The peak force 

predicted by the model was 3.7 kN compared to an experimental average of 4.0 kN. 

The third row, first column of Figure 28 depicts the M95 response in the 

abdominal bar impact with the corridors from the experiments.  Again, the normalized 

M95 data are shown.  The effective masses used in scaling for the M95 and M50 models 

were 48.9 kg and 52.5 kg while the characteristic lengths were 162 mm and 128 mm.  

The impulse dominated the effective mass calculation with the M95 model response 
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displaying a smaller impulse.  Model response was within the experimental corridors for 

all but the lowest levels of deflection.  The M95 model predicted a peak force of 4.9 kN 

and a peak deflection of 98.8% while the average of the three PMHS peak forces and 

peak deflections were 4.3kN and 94.3%, respectively. 

The pelvic impact model response is seen in the second column of the third row 

of Figure 28 with the experimental corridors.  The effective masses of M95 and M50 

were 16.6 kg and 16.5 kg, respectively, while the characteristic lengths were 209.5 mm 

and 172.1 mm.  The model response is within the corridors for all but two instances, one 

near the low-end of deflection and the other near the peak of the force.  The model force 

peaks at a higher deflection which causes it to leave the corridors briefly, even though the 

peak force is less than the upper corridor maximum force.  The model peak force was 

13.6 kN compared to an average experimental peak force of 10.3 kN. 

The normalized M95 response in the lateral impact is shown in the bottom row of 

Figure 28 along with the PMHS responses.  The effective masses calculated for the M95 

and M50 models were 25.9 kg and 26.6 kg, respectively.  The change in velocity of the 

impactor in the M95 simulation was greater by 0.61 m/s, causing the M95 effective mass 

to be smaller than the M50 effective mass in spite of the greater impulse in the M95 

simulation.  In this simulation, the M95 model exhibited a peak force between the two 

experimental data points, 13.0 kN compared to 14.1 kN and 10.1 kN.  Though the peak 

force of the model matched that of Cadaver 1 more closely, the timing of the peak 

matched Cadaver 2 better. 

The fourth row of Figure 28 shows the results of the lateral sled test simulation.  

Effective masses and characteristic lengths for the torso were: M95 – 38.7 kg and 477.2 
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mm; M50 – 33.7 kg and 453.5 mm.  Similarly, for the pelvis: M95 – 36.0 kg and 420.0 

mm; M50 – 22.4 kg and 344.3 mm.  The torso force sharply increased, similar to the 

thoracoabdominal force, and then dropped back within the corridors briefly.  However, 

the peak torso force was greater than was found experimentally and then dropped off 

more sharply after peak causing it to be outside the corridors.  The pelvic force was 

aligned using the Maltese et al. method for alignment [66].  The model output had a 

similar shape to the experimental data, but was near the top of the standard deviation for 

the majority of the simulation and was outside in the unloading phase.  In both force 

measurements the model predicted higher peak forces – 10.6 kN vs. 7.6 kN in the torso 

and 9.2 kN vs. 6.4 kN in the pelvis. 
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 t = 0 t = 1/3tfinal t = 2/3tfinal t = tfinal 

Figure 27.  Time lapse images of the simulations, displaying time t=0, t=1/3tfinal, t=2/3tfinal, 

and t=tfinal. 



136 

 

  

  

  

 * 

 

Legend 

 M95 Normalized 

 Experimental Mean 

 Experimental Corridors 

 Individual PMHS Traces 

Figure 28.  Model results plotted against experimental corridors and means, where 

available.  Model results, in solid gray, are after normalizing data to the 50th percentile 

male.  For the lateral impact, with a sample of n=2 no corridors were available, so 

individual traces are compared.  *Denotes aligned using Maltese 2002 method. 
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5.5 Discussion 

This work aimed to apply a finite element model morphing technique to develop a 

whole human body model.  A radial basis function using thin-plate spline basis function 

was used to smoothly transform between a reference geometry and target.  The reference 

geometry was the average male model of the Global Human Body Models Consortium 

(GHBMC) and the target was a 95th percentile male as identified through a set of 

anthropometric data.  Medical imaging data from both subjects were leveraged to 

establish the input landmarks for the morphing process.  Overall, the morphed model 

matched anthropometric and anatomical targets well while maintaining similar element 

quality to the base model.  Simulation validation was presented in seven conditions with 

a variety of impact energies, locations, and directions.  The M95 model outputs were 

normalized to the 50th percentile male using the Mertz method and matched the 

experimental corridors well. 

Applying this morphing technique significantly reduced the time required to 

develop the large male model from that required to develop the average male model, as 

has been the case in the literature [37, 67, 68].  Two sets of landmarks were created and 

combined, similar to the set of landmarks used by Shi et al.  In the current study, the 

entire model was morphed at one time by combining the landmark sets as opposed to the 

stepwise morphing performed by Shi et al.  A similar single-step morph was performed 

on a simplified full body model with a detailed organ cavity using the Kriging method 

[69].  The development process for the M50 model required segmentation, CAD 

development, meshing, and element formulation and material model assignment.  A 

working M95 model was developed rapidly from the baseline of the M50 model using the 
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RBF-TPS morphing technique.  The morphing process outlined in this work required 

a priori segmentation of four abdominal organs and development of a 3D model of the 

body surface of the M95 subject.  While only five objects were segmented specifically 

for this process, the M50 model required over 400 anatomical segmentations.  With that 

limited set of data, a morphed model was created that matched anatomical targets well 

and circumvented thousands of man-hours of model development time.  Where 

development of a model from imaging creates a subject-specific model, the morphed 

model can be thought of as a model representing a population.  The organ volumes of the 

model were comparable to the population of large males rather than strictly adhering to 

the volunteer organ volumes. 

Of the four abdominal organs chosen for comparison, the liver and spleen are at 

particular risk for injury in motor vehicle crashes [70].  Abdominal injuries, though less 

frequent, are found to be more severe than head and thoracic injuries [71].  Beyond that, 

the liver, spleen, and kidneys were all readily visible in the CT imaging, facilitating the 

segmentation process.  The four organs chosen are immediately inferior to the thoracic 

cavity and are in the superior portion of the abdominal cavity.  As such, they acted as a 

control point for both cavities to assist with creating accurate internal geometries 

throughout these spaces.  The outcomes of the organ volume study uncovered an 

important model feature.  The spleen volume of the M95 subject scan was found to be the 

largest of any of the large male subjects.  Even though this spleen was used to create the 

landmarks for the model morph, the model spleen was commensurate with the 

distribution of spleen volumes.  If the model had been created as a subject-specific 

model, the spleen volume would not have been representative of the general population 
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of large males.  It should be noted that the spleen volume ratio was far greater than the 

other three organs, at 2.80 compared to a range of 1.55 to 1.70.  While this is the extreme 

example, slight differences were found between the model and subject for the other three 

organ volumes.  The difference in the volumes is due to a combination of the non-organ 

landmarks in the morph and the relaxation algorithm.  In the organ morph relaxation 

example, when the organs were morphed separately and without relaxation, they matched 

the subject volumes very well.  However, this effect was less than it was when only 

removing the non-organ landmarks.  This is seen in Table 15 where three meshes are 

compared to the volumes of the subject organs.  The differences seen between the full 

M95 model and the subject are beneficial, especially in the case of the spleen, because 

the goal was to represent a large male population rather than this particular subject.  

Researchers seeking subject-specific models should therefore use caution when 

determining morph workflow. 

In validating the M95 model against experimental data, the model was scaled to 

the M50 mass and length.  Rather than scaling the model, the experimental data could 

have been scaled to the M95 mass and length.  Since experimental data are typically 

scaled to a target anthropometry (in most cases the 50th percentile male by mass), this 

could be viewed as a justifiable approach.  However, there are two main reasons why this 

approach was not taken in the present work.  First, not all of the inputs required for 

scaling using the methods described by Mertz were available.  To use the Mertz method 

for scaling individual subject curves, changes in velocity or accelerations of the impactor, 

and characteristic lengths are required.  For the purposes of uniformity, normalization 

was performed on the model.  This ensured that a standard approach to validation was 
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taken across all simulations.  Secondly, it is common that data derived from PMHS are 

typically mass scaled up to an average male.  Indeed, the average mass of the PMHS in 

all studies simulated was 64.7 kg and the data from experiments on them were typically 

scaled to a mass of 76 kg.  Even greater mass scaling would be required to represent a 

95th percentile male.  Therefore, it was deemed to be more conservative to reduce the 

total extrapolation of the data and scale the model to a lower mass rather than vice-versa. 

In Figure A1 the M95 normalized, M95 non-normalized, and M50 data were 

plotted together.  The normalization provided a range of effects on the simulation 

outputs.  In the shoulder impact there were small differences between the three traces.  In 

fact, the normalized and non-normalized M95 data almost overlap.  One hypothesis for 

this is that the response is dominated by the joint stiffness of the shoulder (it is modeled 

as a kinematic joint) whereas most other impacts involved more flesh surrounding the 

underlying bony structures.  This is also seen in the lateral impact.  In instances with a 

great deal of soft tissue involved in the impact, such as the abdominal and pelvis impacts, 

the effects of the normalization are more apparent.  The M95 geometry had a larger soft 

tissue envelope, and thus more highly deformable material, in these cases. 

Comparison between the models is facilitated because the M95 model is a replica 

of the M50 model with only geometrical changes.  All parts, nodes, elements, and 

material models are identical between the two models, so the effects of anatomical 

differences can be investigated in isolation.  Additionally, all pre-programed output 

measures exist in both models and represent homologous locations.  Improvements made 

to the M50 model in further development can be easily ported into the M95 model 

because of the relation of the models, as well.  Further comparisons can be made between 
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the M95 model and a fully validated Hybrid-III 95th percentile male ATD FEM.  

Assessments of this nature could be the subject of future studies and would further 

address the validity of the M95 model without the need of mass normalization. 

While the focus of this manuscript was the on the development of a 95th percentile 

male model, it also provided a protocol for future model morphing work involving the 

GHBMC.  This research shows that a set of landmarks from a body shell and four organs 

can be used in a single-step full body morph to produce a model of good anthropometric 

and anatomic fidelity.  Using fewer structures allows for faster development of models 

because landmark development time is reduced.  Rather than having to morph models 

with landmarks on structures throughout the body, which would mean segmentations and 

registrations for many structures, this process showed that only a limited amount of 

image analysis was needed.  While the medical image dataset for this study was 

thorough, the process used here with less initial input could be exploited in studies with 

smaller imaging datasets.  The incorporation of human body variation can be a challenge 

for researchers; this method can continue to provide a potential solution, as other 

researchers have shown [37, 68].  Human body models of varying anthropometry and 

anatomy can be developed from a single baseline model to provide a spectrum of 

outcomes from a single event.  This type of study would provide information into the 

effects of human body variation on injury tolerances and would be a valuable tool for 

mitigating injuries in a range of subjects. 

Continued work on the model will include the expansion of the validation to a 

wider array of loading scenarios and quantification of the validation.  The additional 

work will include validation against data from large male subjects, where available.  The 
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validated M95 model will become part of a family of GHBMC models for use by the 

injury biomechanics community as a tool to help mitigate crash injuries.  As such, 

simulations reconstructing crashes with large male occupants can be conducted with this 

model.  Parametric studies with this model can be used to determine the factors that 

contribute to the differences between the average male and large male outcomes. 

5.5.1 Limitations 

The results presented in this study are limited in that the model has only been 

validated in seven loading scenarios which involved, in most cases, a fixed energy rigid 

impact.  As with almost any model, further validation can always be performed to build 

confidence in results.  For instance, validation against large male data was not performed 

and is targeted for future work.  Despite the anatomical validation performed in this 

study, more validation against experimental work will be performed.  Further validation 

could also focus on full scale sled tests such as work by Forman et al. [72] and Shaw et 

al. [73].  Since the M95 model is a replica of the M50 model, it is expected to be robust 

and stable enough to handle a variety of simulations, yet six of the seven simulations 

completed for this work were of fixed energy inputs.  Full sled tests will further assess 

the robustness of the model since the increase in mass from the M50 model will equate to 

greater kinetic energy and inertial loading on the model.  While the lateral sled test did 

provide one instance of this type of loading, frontal loading patterns must also be 

assessed. 

The approach to validating the M95 model has been reversed from that of the 

M50 model.  Because a morphing approach was used in the development of this model, 

validation of the M95 began at the full body model level first.  Future work will focus on 
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the regional level.  There are also a number of areas where more regional specific 

investigations of the model can be completed.  For instance, while the morphing 

workflow described in this study applied to three-dimensional elements, no shell element 

thicknesses were modified through the morphing process.  This could be a fruitful avenue 

of research if data on cortical thickness specific to the body habitus of interest were 

available.  Future work with the M95 model includes further validation to reduce this 

limitation.  Comparisons between the M95 and M50 model outputs will be made both 

qualitatively and quantitatively. 

A limitation of the morphing process used in this study is that the capability to 

handle large-scale postural differences is unknown.  The image registration was able to 

account for slight differences in the arm angles of the M95 subject and M50 subject.  Due 

to the seating accommodation procedure used during Faro arm scanning, the steering 

wheel distance to the H-point of the subjects varied.  This caused an arm angle variation 

between subjects which can be seen in comparing the M50 model to the M95 model, 

especially in the lateral views in Figure 25.  The registration and morphing workflow 

captured this, but further postural variations were not tested.  For instance, it is not known 

if this process would work for morphing a model in the seated posture to a model in the 

standing posture.  Researchers exploring this possibility should use caution in applying 

this approach without further study. 

The ability of this morphing process to capture deviations in the internal and 

external morphology requires further study.  Since only landmarks from the surface scans 

were used in most regions, the resulting models are likely to preserve similar internal and 

external anthropometric relationships as the base M50 model.  For the purposes of this 
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study, this was deemed acceptable, even desired, since the goal was a representative large 

male. However a different approach may be desired when studying other populations, 

such as the obese. 

The organ volume study was limited in sample size.  Ideally, a larger population 

of large males would be included for the true distribution to be developed.  Only a small 

number of subjects were found meeting the specified criteria and many patient scans 

required exclusion from the study due to injury in the region of interest.  Any injuries 

either to one of the organs being studied or to a surrounding tissue were deemed grounds 

for exclusion because of their potential effects on organ volume.  Future studies in which 

more subjects of a target body size would be beneficial for full body FEMs to ensure they 

are representative of the population at large, and not just a specific subject.  This would 

lead to a standard of model validity that would only lend more confidence to modeling as 

a tool for studying injury. 

5.6 Conclusion 

This work involved the application of a radial basis function technique for 

morphing finite element models to a full body seated occupant model.  An average male 

model was morphed to the body habitus of a large male (nominally a 95th percentile male 

in terms of height and weight).  A reduced set of inputs was used to morph the entire 

model in a single step.  This technique can be used to study the effects of anatomical 

variation on blunt injury tolerance. 

The morphed model was found to match anthropometric and anatomical targets 

well.  Anthropometric targets included 14 measurements spanning the upper body to the 

lower body.  The volumes of four abdominal organs of the model were compared to a 
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population (n=6) of large male subjects.  Skeletal system measurements were assessed 

using the total skeletal mass and combined cortical thickness.  And finally, a standard 

brain atlas from the International Consortium for Brain Mapping was used to ensure 

proper brain volumes in several subcomponents of the brain.  Validation in simulations 

was also presented for seven loading scenarios, showing good agreement when scaled to 

the 50th percentile male mass. 
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5.9 Appendix 

Table 18. Anthropometry of the large male subject selected for model development. 

Measurement M95 Subject 

Age (years) 26 

Weight (kg) 102.5 

Stature (cm) 189.5 

Sitting Height 94.1 

Hip Breadth, Sitting 39.9 

Buttock-Knee Length 68.1 

Knee Height, Sitting 60.5 

Bideltoid Breadth 51.8 

Shoulder-Elbow Length 40.8 

Forearm-Hand Length 50.8 

Waist Circumference, Standing 96.5 

Hip Breadth, Standing 35.8 

Foot Length, Standing 27.9 

Head Breadth 16.0 

Head Length 20.8 

Head Circumference 59.7 

Chest Circumference 106.7 

Neck Circumference 40.0 
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Table 19. PMHS subject information from the seven impact conditions simulated with the 

M95 model. 

Loading Condition # PMHS 
Avg. Age 

(years) 

Avg. Mass 

(kg) 

Chest Impact 7 57 60.3 

Shoulder Impact 6 63.7 67.8 

Thoracoabdominal Impact 9 54.6 63.4 

Abdominal Impact 3 88.0 74.0 

Pelvic Impact 4 70.3 55.4 

Lateral Impact 2 54.0 66.7 

Lateral Sled Test 3 65.0 74.4 
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Legend 

 M95 Non-Normalized 

 M95 Normalized 

M50 Model 

Figure 29. M95 model data non-normalized and normalized alongside M50 model data.  

Note that all deflections are presented in mm rather than percentages as in Figure 28.
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QUANTITATIVE EVALUATION OF INJURY CRITERIA AND SCALING USING 

50TH AND 95TH PERCENTILE HUMAN BODY FINITE ELEMENT MODELS IN 

FRONTAL CRASH 

6.1 Abstract 

Human body finite element models (FEMs) are ideal tools to explore the effects 

of body habitus on the biomechanical response of a given subject in a vehicle crash.  This 

study aims to investigate the differences between a large male (M95) FEM and the 

average male (M50) model from which it was morphed.  The models are identical aside 

from their respective morphologies, facilitating comparisons between the two.  The same 

generic frontal crash driver-side buck was used with each model.  An acceleration pulse 

from a late model NCAP crash was used to drive the motion of the buck.  Five injury 

criteria were evaluated in both models.  The HIC15 of the M50 and M95 models were 258 

and 922.  The BrIC values for the M50 and M95 models were 0.61 and 0.78, 

respectively.  Nij for the M50 and M95 models were 0.09 and 0.16, respectively.  The 

percent chest deflections were 22.8% for M50 and 17.7% for M95.  Peak femur forces for 

the left and right leg in the M50 model were 4.6 kN and 6.9 kN while they were 5.6 kN 

and 6.6 kN in the M95 model.  Injury risk was evaluated in both models displaying 

notable differences in head and chest injury risk.  Equal stress, equal velocity scaling was 

used to scale M95 outputs to the M50, thereby enabling an investigation of how closely 

the model outputs matched using quantitative comparison techniques.  Mass scaling was 

found to increase correlation of signal phases but had diminished effect on magnitude and 

shape.  Given the global trend of increased size of occupants, this study provides insight 

into the effects of body habitus on the occupant kinematics and injury risk in frontal 

crash. 
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Keywords Finite Element, Human Body Modeling, Injury Biomechanics, Large 

Male, Model Morphing 

6.2 Introduction 

According to the United States Census Bureau there are approximately 113 

million adult males in the United States [1], meaning that there are over 5 million that are 

at least the 95th percentile stature.  This segment of the population is under-represented in 

the United States New Car Assessment Program (US NCAP); currently, no 95th 

percentile male anthropometric test devices (ATDs) are included in the protocols.  

Further, the United States adult population increased in both height (3 cm increase) and 

weight (11 kg increase) between 1960 and 2002 [2].  It has been shown that tall 

occupants can be left unprotected by side airbag systems and can strike the vehicle 

structure instead of the airbag [3].  This study aims to present the biomechanical 

differences between an average male and large male using two validated human body 

finite element models in identical, simulated crash conditions. 

Two models from the Global Human Body Models Consortium (GHBMC) were 

used in this study – the average male model (M50) and the large male model (M95).  A 

regional model approach was used in the development and validation of the M50 model.  

Head [4-6], neck [7-10], thorax [11, 12], abdomen [13], pelvis [14] and lower extremity 

[15-17] models were developed and validated by consortium universities and were then 

integrated into one full body model [18-22].  The full body M95 model was morphed 

from the M50 model using a radial basis function interpolation with a thin-plate spline 

basis function and subsequently validated in 7 conditions [23]. 
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The objective of the current study was to evaluate the effects of body habitus on 

the outcomes of a representative consumer crash test.  Both the M50 and M95 were 

simulated in a simplified driver buck designed for frontal impacts with a United States 

New Car Assessment Program (US NCAP) acceleration applied.  The effects of body 

habitus were tested in several ways, including kinematic response, and injury risk 

assessment.  Finally, a quantitative curve comparison was done to evaluate how closely 

the response of the models matched after scaling. 

6.3 Methods 

6.3.1 Human Body Models 

The Global Human Body Models Consortium (GHBMC) average male (M50) 

[20, 21, 24] and large male (M95) [23] models were used for this study.  The 

development approach for the model can be found in the literature [25], but briefly, a 

multi-modality approach was used to collect imaging data of a living subject and 

subsequently made into CAD.  The imaging approach leveraged the strengths of MRI, 

upright MRI, CT, and external laser scanning to obtain highly detailed information of the 

subject in a seated posture.  The CAD was delivered to collaborating universities where 

regional meshing and development was completed.  The full body model was integrated 

from the five regional models and validated for mass distribution [21] and simulation 

responses [20, 24], in addition to the regional validation that was performed by each 

university.  In total, the average male model is composed of 1.3 million nodes, 2.2 

million elements, and 984 parts.  It represents a weight of 76.8 kg. 

The large male model was morphed directly from the average male model using a 

radial basis function interpolation with a thin-plate spline basis function and relaxation 
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algorithm (RBF-TPS) [23].  The method smoothly interpolates between a reference 

geometry and target geometry using a relatively reduced set of landmarks across the 

whole body [26, 27].  The RBF-TPS method required homologous landmarks on the 

reference (M50) and target (M95) geometries and the FE nodal locations of the reference 

model.  The imaging data of both subjects was leveraged to acquire the input landmarks.  

Spline equation coefficients were calculated from the homologous landmarks and applied 

to the reference nodal locations to determine the target nodal locations.  The relaxation 

algorithm was applied to improve element quality by eliminating the requirement that the 

spline functions pass through the landmarks.  Anthropometric and anatomical 

verifications were performed to ensure that the relaxation did not hinder model fidelity to 

the target population size.  The application of the RBF-TPS method produced a model 

that was not just a scaled version of the average male, but rather one that matched 

anthropometric and anatomical targets of a large male.  One advantage of this morphing 

method is that the target model contains the same number of nodes, elements, and parts 

as the reference model.  All other modeling considerations also remained the same 

between the two models, but the M95 model represents a mass of 103.3 kg.  Direct 

comparisons between the models were facilitated since any given node in one model was 

in a homologous location on the other model. 

6.3.2 Simulation 

A simplified driver-side frontal crash buck design was used in this study.  The 

buck contained several important features to allow for a reasonable approximation of a 

vehicle interior.  The seat was modeled using a low density foam material property with a 

shell coating of fabric material.  The knee bolster also used a low density foam material 
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property with discrete elements connected to the buck structure to tune the response.  The 

airbag used in the model was a hybrid jetting type that fired 6 ms after the start of the 

crash event.  The belt stiffness was equivalent to 10kN of force at 5.23% strain and 

included a pre-tensioner that fired 9 ms after the start of the event and a retractor that 

fired 17 ms after the start of the event.  Further, the shoulder belt force was limited to 

3.75 kN with a force-limiter.  The safety measures included are of a relatively reduced 

complexity, to allow for straightforward comparisons between models and to provide a 

reasonably realistic simulated environment.  No changes were made to the restraint 

system parameters for the large male model. 

The acceleration pulse applied to this buck was derived from the floor 

accelerometer of the US NCAP test #7147 [28].  The pulse was applied to the rigid floor 

of the buck and prescribed motion in the three linear degrees of freedom.  The test was a 

frontal crash test into a barrier at 56.2 kph.  The total delta-v of this impact was 65.6 kph, 

as seen in the velocity profile of the simulation in Figure 30. 

 

Figure 30.  Velocity profile in NCAP Test #7147, integrated from the acceleration that was 

used as the simulation boundary condition. 
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To accommodate the size of the M95 model the seat was moved rearward by 145 

mm and downward by 39.5 mm.  For both simulations, the models were settled into the 

seat, using gravity, for 100 ms.  The belt was subsequently fitted on the settled model 

using the built-in belt-fitting capabilities of LS-PrePost v4.2 (LSTC, Livermore, CA).  

The crash event was then simulated to 150 ms. 

All simulations were computed using LS-Dyna v6.1.1 MPP (LSTC, Livermore, 

CA).  The Wake Forest University Distributed Environment for Academic Computing 

(DEAC), a heterogeneous Linux-based high-performance computing system, was used.  

Both models were simulated on 48 processors. 

6.3.3 Model Output Methods 

Head accelerations were obtained from the rigid body motion of the skull using 

the history function in LS-PrePost.  Head rotational velocities from the models were 

collected using a constrained interpolation method.  A node at the center of gravity of the 

head was constrained to nine nodes on the skull using the 

*CONSTRAINED_INTERPOLATION card in LS-Dyna.  This allowed for a deformable 

skull that was capable of constraining the CG node.  Other constraint methods typically 

require a rigid body.  A cross section plane at the occipital condyles (OCs) was used to 

obtain neck forces and moments [29].  To calculate chest deflections, nodal coordinates 

were taken on a node of the sternum and a node of the T8 spinous process.  These were 

then subtracted to obtain deflections, and normalized by the initial value to give percent 

deflections.  Femur forces were obtained using cross section sets that were approximately 

2/3 of the length from the proximal femur to the distal femur.  All outputs were obtained 

in local coordinate systems commensurate with the SAE J211 standards [30].  The 
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trajectories of the inboard (right) side of the models relative to the buck were tracked by 

averaging a cluster of five nodes at each of the head, shoulder, and hip, which are 

representative of typical kinematic marker locations. 

Several measruements were taken from the interactions between the human body 

models and vehicle structure, as well.  The belt forces at the upper shoulder and outer lap 

belt locations were taken from the seatbelt element force outputs.  The upper shoulder 

belts were force-limited in both cases, and this output was used to confirm the function of 

this feature.  The forces between the airbag and the body were examined using the 

contact forces.  Finally, the distance between a node on the forehead and a node on the 

top of the steering wheel was measured.   

6.3.4 Injury Risk Evaluation 

For both models, a quantitative injury risk assessment was performed for 

individual body regions based on injury risk criteria in the literature.  These values were 

also used to evaluate the effect of body habitus on potential injury outcomes in an 

otherwise identical sled pulse.  For the head, neck, and lower extremity regions, data 

were obtained using the accelerometer and section-plane techniques described above. 

Head injury risk was evaluated by applying two techniques that utilized different 

model outputs.  Existing regulations from the National Highway Traffic Safety 

Administration (NHTSA) specify performance limits for a Head Injury Criteria (HIC) 

[31-33].  An industry standard, HIC15 is a measure of the maximum average translational 

acceleration over any 15 ms duration of an impact event.  All outputs used in the 

calculation of HIC15 scores were obtained from acceleration of the head CG node of both 

the M50 and M95 models.   Head injury risk was also evaluated using the Brain Injury 
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Criteria (BrIC) developed by Takhounts et al [5].  This injury criterion differs from HIC 

in that prediction is not based on acceleration data.  Instead, prediction is determined by 

the directional dependence of maximum angular velocities.  To calculate BrIC for both 

models, angular velocity data was obtained from the head CG node that used the 

constrained interpolation method. 

Neck injury risk was assessed using the neck injury criteria (Nij).  Nij is evaluated 

by linearly combining the normalized axial load and normalized flexion/extension 

moment about the occipital condyle [31, 34].  In both axial load and moments, the critical 

neck intercept values used for normalization were applied as per the suggested values for 

the M50 and M95.  Axial load and neck moment data were obtained from the section 

plane placed at the occipital condyle to mimic data acquisition from ATD tests. 

The risks of injury to thoracic structures in the models were evaluated using two 

displacement criteria.  The first was the compression criteria established by Kroell et al 

[35].  The compression criterion is a linear equation that uses maximum chest 

compression percentage as a predictor for the level of AIS severity.  Here, chest 

compression is calculated by the maximum chest displacement divided by initial chest 

depth.  The second method used for evaluation was the chest deflection criteria, where 

maximum chest deflection was related to AIS injury risk based on risk curve equations 

used in the US-NCAP [36-38]. 

Because the M50 and M95 models were simulated in a frontal sled pulse with 

knee contact to the bolster, femur tolerance loads were used to assess risk of injury to the 

lower extremity.  These values were obtained from the models using section planes in the 

femur corresponding to the location of data acquisition in ATDs [31].  To use the M95 
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data in the injury risk equation, femur loads from that model were scaled by the femur 

cross-sectional area scale factor established by Mertz et al [39].  M50 data were not 

scaled since the injury risk equation was developed for an average male. 

6.3.5 ISO Comparison with Eppinger Scaling 

Part of ISO/TS 18571, a technical standard regarding the quantitative assessment 

of dynamic data, was used to quantitatively compare the model output curves.  The 

standard uses a weighted average of four metrics – corridor, phase, magnitude, and slope 

– to derive a total score describing the fit of data to a reference curve.  Scores can range 

from 0 to 1, with 1 being the best.  The score is categorized into excellent, good, fair, or 

poor Total ISO Ratings based on the thresholds 0.94, 0.80, and 0.58, respectively.  For 

the purposes of this study, only the phase, magnitude, and slope scores were calculated.  

Further explanation of this is included within the discussion section. 

The phase, magnitude, and slop scores are calculated using the methods of 

Enhanced Error Assessment of Time Histories (EEARTH) [40], which compares a model 

curve to a single reference curve.  The phase score uses the time shift of the maximum 

cross correlation in a linear regression.  Zero time shift receives a phase score of 1 and 

the maximum allowable time shift of 20% receives a phase score of 0.  The magnitude 

and slope scores are calculated from the time-shifted data.  Dynamic time warping 

(DTW) is used in calculating the magnitude score to parse out the effects of phase on 

magnitude differences.  The one-norm of the difference between the shifted and warped 

curves are calculated for each time point and normalized by the one-norm of the shifted 

and warped reference curve.  The magnitude score is calculated using a linear regression 

between no difference (magnitude score 1) and a maximum allowable difference of 0.5 
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(magnitude score 0).  The slope score is calculated from the time shifted data without 

DTW applied since DTW compromises the time-dependence of slope.  The average slope 

is calculated in 1 ms intervals and the same one-norm procedure used for the magnitude 

calculation is performed.  The slope score is calculated as the linear regression between 

zero difference (slope score 1) and a maximum allowable difference of 2.0 

(slope score 0). 

Typically, the reference curves represent average experimental data and the 

curves being assessed are from a model or ATD.  However, in the case of this study, the 

reference curves were the M50 model data and the M95 model data were being assessed.   

The M95 data were scaled to the M50 data using the methods developed by Eppinger 

[41].  In order to make observations on the efficacy of mass scaling between these 

models, the ISO comparison was made between unscaled M95 data to M50 as well as 

scaled M95 data to M50, with the unscaled data acting as a baseline against which the 

scaled scores were compared.  The head accelerations (x, y, and z), neck axial force, neck 

flexion/extension moment, chest deflection, and left and right femur forces were 

compared using this method.  The hypothesis was that, after mass scaling, model 

responses would be improved compared to before scaling and would be closer to scores 

of 1. 

6.4 Results 

Both models completed the simulation without numerical error, the M50 model in 

26 hours, 6 minutes and M95 model in 29 hours, 15 minutes.  This represented 

approximately a 10% greater simulation time in the M95 model and is likely due to 

differences in the processors on which the models were simulated.  The peak hourglass 
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energy, as a percentage of the total simulation energy, was 4.7% in the M50 simulation 

and 5.5% in the M95 simulation, demonstrating good numerical stability in both models 

regarding this non-physical energy mode.  Further, there were no discontinuities in the 

hourglass energy curve throughout either simulation.  Discontinuities in this curve can be 

indicative of a numerical instability. 

6.4.1 Kinematics 

The simulations can be seen in Figure 31, where time-lapse images of both 

models in the crash event are included.  The trends of the model responses appear similar 

with the exception that the additional mass of the M95 propels the model further toward 

the steering column, loading the airbag more.  This is confirmed in the contact forces 

between the airbag and body, where the peak of the M50 is 9.6 kN and the peak of the 

M95 is 11.6 kN.  While the shoulder belt forces were held constant by the force-limiter, 

the lap belt forces between the two models differed.  The peak lap belt force in the M50 

model was 6.5 kN whereas the peak in the M95 model was 10.0 kN.  A graph showing 

the restraint force information is shown in Figure 32. 
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Figure 31 Time-lapse images of the M50 and M95 in the frontal NCAP simulation. 
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Figure 32.  Restraint force data from the M50 and M95 models.  Airbag forces are plotted 

on the left while belt forces are plotted on the right.  The shoulder belt was excluded since 

the force-limiter did not allow for differences between the models. 

 

The trajectories of the head, shoulder, and hip were found to differ greatly 

between the two models, as seen in Figure 33.  In all three locations the M95 model 

displayed greater forward motion than the M50 model.  This effect was found to be less 

in the hip area, which was restrained by the seat and lap belt.  The shoulder and head 

motions were both similarly larger in the M95.  The head displacement in the X direction 

was 53.4% greater in the M95 and the shoulder displacement was 45.2% greater.  

Similarly, in the Z direction in the head and shoulder the M95 displacements were 85.1% 

and 91.0% greater.  In the hip, the X direction motion was similarly greater to the other 

two regions, at 42.3%, but the Z direction motion was 50.6% less.  The total Z motion in 

the hip was the smallest gross displacement of any of the regions for both models.  The 

distance between a homologous node on the forehead of each model and the top of the 

steering wheel was measured.  The M95 model started approximately 125 mm further 

from the wheel than the M50 model and, at its closest, was 56 mm closer.  This can be 

seen in Figure 34. 
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Figure 33.  Head, shoulder, and hip 

trajectories of the average and large male for 

the duration on the simulation. 

Figure 34.  Distance from the forehead of 

each model to the top of the steering wheel. 

 

6.4.2 Injury Risk 

The HIC15 of the M50 and M95 models were 258 and 922, respectively, with 

corresponding injury risk values included in Table 20.  This equates to a HIC15 that is 

roughly 3.5 times larger in the M95 model than the M50 model.  The value for the M95 

was also above the suggested HIC15 performance limit of 700.  The BrIC values for the 

M50 and M95 models were 0.61 and 0.78, respectively.  Nij values for the M50 and M95 

models were 0.09 and 0.16, respectively, which in both cases is below the performance 

limit of 1.0.  In both the M50 and M95, the appropriate critical intercepts were used to 

account for the difference in body habitus.  The percent chest deflections were 22.8% for 

M50 and 17.7% for M95, lower for the larger model.  Based on these values, the chest 

compression criterion predicts an AIS injury level of 1 for both the M50 and M95.  Peak 

femur forces for the left and right leg in the M50 model were 4.6 kN and 6.9 kN while 

they were 5.6 kN and 6.6 kN in the M95 model.  The largest difference was seen in the 
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HIC15 values of the models.  The chest deflections and right femur force were both 

instances of an M95 value being less than an M50 value.  However, the combined femur 

forces of M95 were still larger than those of the M50.  Data on the probability of injury 

for the head, neck, thorax, and lower extremity can be seen in Table 20. 

 

Table 20.  Injury Risk Comparison by Body Region 

Criteria 

M50 M95 

Model 

Value 
Threshold 

P(AIS 

3+) 

Model 

Value 
Threshold 

P(AIS 

3+) 

HIC15 258 700 0.5% 922 700 19.9% 

Nij 0.09 1.0 4.5% 0.16 1.0 5.2% 

Thoracic Chest 

Deflection (mm) 
41.7 63 14.4% 35.3 70 5.7% 

Femur Force, 

Left (kN) 
4.6 10.0 3.0% 5.6 12.7 2.8% 

Femur Force, 

Right (kN) 
6.9 10.0 6.1% 6.6 12.7 3.6% 

 

6.4.3 ISO Comparison 

The ISO/TS 18571 comparison, sans corridor scores, can be seen in Table 21 with 

both the native M95 data, as a baseline, and mass scaled M95 data.  Overall, the scaled 

M95 data received scores that would have been commensurate with fair ratings given the 

full complement of ISO standard scoring.  On average, mass scaling improved the 

outcome in all three scores, resulting in an increase of 0.15, 0.05, and 0.04 for the phase, 

magnitude, and slope scores respectively.  The highest scores tended to be in the mass 

scaled phase correlations, which ranged from 0.72 to 1.00.  The magnitude scores were in 

the middle of the three scores, on average, with a range of 0.00 to 0.79.  The outlier in 

this group was the hip z displacement, which received the only 0.00 score out of any of 

the categories and was 0.49 below the next lowest magnitude score.  This is likely due to 
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the M95 model data oscillating while the M50 model predicted strictly upward motion.  

Also, gross Z motion (upwards or downwards) was constrained by the seat and lap belt, 

and was quite small in comparison to the fore-aft direction, limiting its importance.  The 

lowest scores, on average, occurred on the slope, which ranged from 0.29 to 0.75. 

 

Table 21.  ISO/TS 18571 comparison between the models.  For the purposes of this 

comparison, all M95 data labeled as scaled were done so using the Eppinger method, where 

λ=0.74 (M50 = 76.8 kg / M95 = 103.3 kg). 

Signal 

Phase Score Magnitude Score Slope Score 

Unscaled 

M95 
Scaled M95 

Unscaled 

M95 
Scaled M95 

Unscaled 

M95 
Scaled M95 

Head CG 

Accel. X 
0.68 0.94 0.58 0.75 0.41 0.34 

Head CG 

Accel. Y 
0.55 0.80 0.49 0.79 0.31 0.39 

Head CG 

Accel. Z 
0.71 0.81 0.47 0.49 0.48 0.50 

Neck Force 

Axial 
0.54 0.77 0.76 0.77 0.47 0.59 

Neck 

Flex./Ext. 

Moment 

0.81 0.98 0.65 0.57 0.46 0.59 

Chest 

Deflection 
0.94 0.72 0.85 0.72 0.79 0.75 

Hip X 

Displacement 
0.85 0.91 0.61 0.79 0.72 0.73 

Hip Z 

Displacement 
0.69 1.00 0.00 0.00 0.74 0.73 

Left Femur 

Force 
0.84 0.98 0.64 0.79 0.18 0.29 

Right Femur 

Force 
0.83 1.00 0.75 0.63 0.36 0.43 

6.5 Discussion 

The GHBMC average male and large male models were compared in a frontal US 

NCAP simulation.  A simplified driver-side buck was used in the study to apply the crash 
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pulse collected from a US NCAP frontal crash test.  The pulse and buck were identical 

between simulations, the only difference being the human body model.  Since the M95 

was morphed from the M50, this study focuses on the effect of this morphing on full 

body kinematics, injury risk, and mass scaling.  

The models displayed differences in outputs and injury risks, with the M95 model 

at an increased risk for injury to the head and decreased risk for chest injury.  A number 

of factors related to the size and stature differences between models led to these findings.  

The additional mass provided by the large male model accounted for a 9.6% increase in 

peak kinetic energy within the system.  Increased stature required a more rearward seat 

track for the M95 model.  Thus inflation of the airbag occurred prior to model contact in 

the case of the M95, whereas the contact was nearly immediate with the M50 model.  The 

proximity of the chest to the airbag in the M50 model likely contributed to the larger 

chest deflection, and therefore injury risk, observed.  The distance of the M95 model 

from the airbag, coupled with the force limiting belt, led to more forward excursion 

before loading the countermeasures, yielding a shorter duration loading pulse (Figure 32).  

This shorter time of engagement increased forward head excursion (Figures 32, 33, 

Table 12) and lead to greater linear and rotational head acceleration, as evidenced by 

increases in HIC and BRIC.  Neck and knee-thigh-hip injury risks were similar between 

the two models.   

The model curves were shown to be quantitatively different through the use of 

ISO/TS 18571, a standard for quantitative assessment of dynamic datasets.  The M95 

model is a morphed version of the M50 model.  As such, these models lend themselves to 

investigating mass scaling effects since two assumptions of Eppinger’s method (that the 
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reference and target subjects have the same modulus and density) are perfectly held.  No 

material model adjustments were made after morphing the M95 model, only nodal 

locations are different between the two models.  Regarding the assumption of geometric 

similitude, the M95 is not an exact scaled version of M50, but morphed to match a typical 

95th percentile male subject.  However the similitude is thought to be on par with PMHS 

subjects, and this mass scaling method is widely applied despite subject-to-subject 

variability.  Given the arguments above, the ISO comparison could be regarded as an 

examination of the geometric similitude assumption.  However, the fixed size of the buck 

is a confounding factor in this study, since the larger model interacted at different times 

and durations with the countermeasures, potentially altering the time histories in ways 

that scaling alone could not account for (as seen in the hip kinematics).  Despite that 

limitation, mass scaling increased the quantitative comparison scores between models.  

Ideally, a mass scaling method would yield ISO scores approaching 1, with the target 

model (M50, in this study).  The results indicated that scaling had by far the greatest 

effect on phase, with smaller effects seen on magnitude and shape.  However, post hoc 

scaling of data is, in itself, a model with assumptions and approximations.  Future work 

will focus on using this approach to more closely evaluate the relative pros and cons of 

scaling techniques. 

The full ISO/TS 18571 comparison uses constant-width corridors as a means of 

considering subject-to-subject variability.  The corridor score was not included in this 

analysis since model outcomes are deterministic and variability would not be expected.  

Because of this, total ISO Scores and their corresponding ISO Ratings were not assigned 

to the curve comparisons.   
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The study was also limited in that vehicle deformation was not considered.  A 

deceleration pulse was applied to the floor of the buck without the application of floor 

pan intrusion or potential effects on the steering column.  For example, from the report of 

this NCAP test, the brake pedal was 50 mm closer to the front of the seat track in post-

crash measurements and the center of the steering wheel hub was 11 mm closer.  Future 

work could focus on full vehicle crash simulations with the human body models included, 

to explore the effects of body habitus on injury risk in a more real-world setting. 

6.6 Conclusions 

This work presented a comparative study between an average male and a large 

male human body finite elements model.  The models were simulated in a US NCAP 

frontal impact test and biomechanical data and injury risks were evaluated.  Significant 

differences were found between the models, with the large male at a higher risk for head 

injury and lower risk of chest injury.  Quantitative comparison methods were used, in 

part, to assess the efficacy of mass scaling methods.  Mass scaling resulted in modest 

gains in curve comparison, on average, providing a fair response match.  Mass scaling 

was found to have the greatest effect on reducing phase differences between models.  

These models can be leveraged within the injury biomechanics community to better 

understand the effects of body habitus on injury risk and design safety features tailored to 

larger occupants. 
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Chapter VII 
 

 

 

7. Conclusion 

This work presented the validation of the Global Human Body Models 

Consortium (GHBMC) 50th percentile male occupant (M50) and the development and 

validation of the 95th percentile male occupant (M95) model.  The M50 model was 

validated through analysis of mass distribution in Chapter 2.  It is uncommon for human 

body finite element models to be validated in this manner even though mass distribution 

plays a significant role in occupant kinematics.  Several quantitative validation metrics 

were compared and contrasted in Chapter 3, finding that a method that combines error 

types was the best for comparing model data to experimental data.  In Chapter 4, a new 

technical standard from ISO was used to validate the GHBMC M50 model in rigid body 

impacts.  This method combines a set of four metrics (corridor, phase, magnitude, and 

slope) into a total score using a weighted average and categorizes the score into one of 

four ratings – excellent, good, fair, or poor.  The validated GHBMC M50 model was then 

used in the development of the 95th percentile male occupant model (M95) in Chapter 5.  

A radial basis function interpolation was applied using a thin-plate spline basis function 

to morph the M50 model to the M95 geometry.  The M95 model was compared to 

anthropometric measurements, organ volumes, and cortical thicknesses to ensure accurate 

morphing results.  Simulation validation of the model included the five impacts discussed 

in Chapter 4 for the M50 model in addition to a lateral thoracic impact and a lateral sled 

impact.  Quantification of that validation using the same ISO standard applied to the 
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average male model can be found in Appendix A.  Finally, in Chapter 6, a comparison 

between the average male and large male models was made in a US frontal NCAP 

simulation.  The comparison found significant differences between the two models in 

injury risk for the same simulated event, with increased risk for head injury in the large 

male model. 

7.1 Future Work 

The GHBMC M50 model described within this dissertation has been made 

available through licensing to academic and industry users.  One value added by the wide 

distribution is user feedback that can lead to model improvement.  Development and 

enhancement of the M50 model will be continued for as long as the model is in use, as 

with any software.  In the long term, with computational processing advancement, 

significant changes to the mesh of the model could potentially be beneficial to improve 

model accuracy and maintain a reasonable runtime.  Further, advancement in material 

modeling of human tissues could be another arena which would benefit model accuracy, 

but would be dependent on outside research. 

Future work could also include a study on the effects of how the mean 

experimental curves are generated on the scores obtained in the ISO standard, since no 

protocol is outlined within the standard.  For example, there are many decisions regarding 

curve averaging including the normalization or scaling methods that are used and the 

curve alignment methods that are applied to the curves.  There are several methods in the 

injury biomechanics literature to account for varying masses of PMHS and scale to a 

reference size.  Deciding which of these methods to use would likely play a role in the 

final average curve values.  Curve alignment technique is another factor in the outcome 
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of curve averaging.  The three most common alignment techniques are by start time, by 

peak value, or by maximum cross-correlation.  Shape, peak and timing of the final 

average curve can all be effected by the alignment technique chosen.   

A final potential study based on the work of this dissertation could be an 

expansion of the model comparisons made in Chapter 6.  There are several directions that 

this work can proceed.  First, the comparison could be expanded beyond one simulation.  

This could include other consumer crash tests such as a lateral barrier impact, a lateral 

pole impact, an oblique impact, or a small offset frontal test.  A study such as this could 

shed light on whether large people are at particular risk in certain crash modes or if the 

risk patterns change between different crash modes.  Another avenue for further study 

could include investigating how the mass scaling results are effected by the distance 

between the body and the components of the vehicle.  Since this would influence the 

phase of the curves a simulation involving only belt loading with no other vehicle 

components could help further investigate mass scaling methods.  The rigid impacts 

included in both Chapters 4 and 5 could also be used for this evaluation since all 

impactors were identically modeled between the two human body models. 

Similar comparisons could also be expanded to include more of the suite of 

models being developed by the GHBMC once they are validated.  This includes the full 

detail 5th percentile female occupant (F05) model, the simplified occupant models (M50, 

F05, and M95) and pedestrian models (M50, F05, M95, and median 6 year-old [6YO]).  

The F05 and M95 simplified occupant and pedestrian models were morphed from the 

respective M50 model using the RBF-TPS method as discussed in Chapter 5.  A new 

development path was used in the creation of the small female detailed occupant model.  
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The CAD development followed the same processes as the M50 development, but mesh 

development was consolidated to the full body integration center, Wake Forest 

University.  As a result, the meshing approach was more uniform across the full body, 

while also maintaining similar strategies as in the M50.  Once fully developed and 

validated, the suite of GHBMC models can become an invaluable set of tools that allow 

researchers to study the effects of body habitus on crash-induced injury risk and will lead 

to the enhancement in the safety of the modern vehicle fleet. 
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8. Appendix 

8.1 Appendix A. ISO Ratings of the GHBMC M95 Occupant Model. 

Table A1. ISO Ratings for the M95 Detailed Occupant model. 

Simulation Signal 

Signal 

Type Corr Phase Mag Slope 

Total 

Score 

ISO 

Rating 

Bouquet Impactor Force FvT 0.70 0.87 0.87 0.78 0.78 Fair 

Cavanaugh 
Sho. + Thor. + Abd. FvT 0.64 0.73 0.81 0.59 0.68 Fair 

Pelvis FvT 0.63 0.60 0.75 0.65 0.65 Fair 

Hardy 
Bar Force FvT 0.67 0.90 0.80 0.74 0.76 Fair 

Abdomen Defl. DvT 0.94 0.80 0.93 0.81 0.89 Good 

Kemper Impactor Force FvT 0.86 0.92 0.77 0.41 0.76 Fair 

Koh 
Impactor Force FvT 0.71 0.68 0.98 0.72 0.76 Fair 

Bi-Acromial Defl. DvT 0.73 0.83 0.88 0.86 0.80 Good 

Viano Impactor Force FvT 0.76 0.76 0.96 0.45 0.74 Fair 
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8.2 Appendix B. One Page Result Summaries 
8.2.1 Thorax Hub Impact – 6.7 m/s – Force vs. Deflection 

Reference:  Lebarbe et al., 2012, New Biofidelity Targets for the Thorax of a 

95th Percentile Adult Male in Frontal Impact, IRCOBI Conference; Figure 3  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_ThoraxChestImpact6-7fb.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 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M95th? 

Scaling mass used 

for corridor (kg) 

9 7:2 58 60.1 Yes 75 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 

Figure B1. GHBMC M95-O v1.0 (7/31/14)  Model Response vs. Force-Deflection Percentage Corridors from 

Lebarbe et al. 

Filter for Force Data Mass gained (%)† Mass scaling Hourglass ratio (HG/TE)*100 

SAE CFC300 0.12 0.3 µs 13.5 

Displacement method Force Method 

[(Average (Node (A) & Node (B)) – node (C)] / Chest Depth‡ 

A: 4201276 (Chest L)  

B: 4223948 (Chest R) 

C: 4198200 (T8)  

Impactor Force Contact #:  

4500000 (Impactor)  

Scaling Factor: 0.9385 

†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 M50: 240.7 mm, GHBMC 

M95: 254.5 mm, Neathery: 214.4 mm).   
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8.2.1.1 Thorax Hub Impact – 6.7 m/s – Simulation Energies 

 

Figure B2. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Thorax Hub Impact.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.2 Lateral Shoulder Impact – 4.5 m/s – Force vs. Time 
Reference:  Original reference: Koh et al., 2005, Shoulder Injury and 

Response Due to Lateral Glenohumeral Joint Impact: An Analysis of 

Combined Data.  Stapp Car Crash Conference.   

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_ShoulderImpact4-5.dyn 

Termination Normal @ 60ms 

Simulation Type Rigid Impact 

Mass, Velocity, Location 23.4 kg, 4.5 m/s, shoulder 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M50th? 

Scaling mass used 

for corridor (kg) 

3 2:1 51.3 ± 3.6 53 ± 4.6 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B3. GHBMC M95-O v1.0 (7/31/14) Model Response vs. Force-Time Corridor from Koh et al 2005.  

Time method Force method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

Simulation time, set t = 

0 one time step prior to 

initiation of impact 

loading 

Impactor Force Contact 

#:  

4500000 

Scaling Factor: 0.9895 

0.3 µs 6.4 

Mass gained (%)† Filter for Data 

0.12 600 Hz 

†At conclusion of simulation  
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8.2.2.1 Lateral Shoulder Impact – 4.5 m/s – Deflection vs. Time 
Reference:  Original reference: Koh et al., 2005, Shoulder Injury and 

Response Due to Lateral Glenohumeral Joint Impact: An Analysis of 

Combined Data.  Stapp Car Crash Conference.  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_ShoulderImpact4-5.dyn 

Termination Normal @ 60ms 

Simulation Type Rigid Impact 

Mass, Velocity, Location 23.4 kg, 4.5 m/s, shoulder 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M50th? 

Scaling mass used for 

corridor (kg) 

3 2:1 51.3 ± 3.6 53 ± 4.6 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B4. GHBMC M95-O v1.0 (7/31/14) Model Response vs. Deflection-Time Corridor from Koh et al 2005.‡ 

Filter  Mass gained (%)† Mass scaling Hourglass ratio (HG/TE)*100 

NA 0.12 0.3 µs 6.4 

Time method Displacement method 

Simulation time, set t = 0 one time 

step prior to initiation of impact 

loading 

X & Y Displacements from Node set: 1999306 

Average 4 nodes on either side 

R side nodes: 4148XXX 

L side nodes: 4000XXX 

Displacement = [(R side nodes) – (L side nodes)] / Initial Distance 

†At conclusion of simulation.  ‡Model acromion to acromion width is found by averaging the coordinates of four nodes 

on the right acromion and four nodes on the left acromion and finding the resultant vector length between these two 

points.  (GHBMC M50: 331.9 mm, GHBMC M95: 340.0 mm, Koh: 376.2 mm) 
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8.2.2.2 Lateral Shoulder Impact – 4.5 m/s – Simulation Energies 

 
Figure B5. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Lateral Shoulder Impact.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.3 Oblique Abdominal Hub Impact – 6.7 m/s – Force vs. Time 
Reference:  Viano et al, 1989, Biomechanical responses and injuries in blunt 

lateral impact, Stapp Car Crash Conference; Figure 9  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_AbdPendOblique6-7fb.dyn 

Termination Normal @ 60 ms 

Simulation Type Rigid Impact 

Mass, Velocity, Location 23.4 kg, 6.7 m/s, 7.5 cm below Xiphoid, Rotated 30o 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled to 

M50th? 

Scaling mass used 

for corridor (kg) 

9 7:2 54.6 ± 15.3 63.4 ± 8.5 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B6..GHBMC M95-O v1.0 (7/31/14) model response vs. Force-Time corridors in Figure 9, Viano, 1989. 

Time method Force method Mass scaling 
Hourglass ratio 

(HG/TE)*100 

Simulation time, set t = 

0 one time step prior to 

initiation of impact 

loading 

Impactor Force 

Contact #:  

600000 

Scaling Factor: 0.8893 

0.3 µs  18.6 

Mass gained (%)† Filter for Data 

0.12 SAE CFC600 

†At conclusion of simulation  
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8.2.3.1 Oblique Abdominal Hub Impact – 6.7 m/s – Force vs. 

Displacement 
Reference:  Viano et al, 1989, Biomechanical responses and injuries in 

blunt lateral impact, Stapp Car Crash Conference; Figure 9  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_AbdPendOblique6-7fb.dyn 

Termination Normal @ 60 ms 

Simulation Type Rigid Impact 

Mass, Velocity, Location 23.4 kg, 6.7 m/s, 7.5 cm below xiphoid, rotated 30 deg. 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled to 

M50th? 

Scaling mass used 

for corridor (kg) 

9 7:2 54.6 ± 15.3 63.4 ± 8.5 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B7. GHBMC M95-O v1.0 (7/31/14) model response vs. Force-Displacement corridors in Figure 9, Viano, 

1989. 

Displacement method Force method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

[Node (A) – Node (B)] 

A: 4226323 

B: 4203254 

Scaling Factor: 1.1255 

Impactor Force 

Contact #:  

600000 

Scaling Factor: 0. 8893 

0.3 µs  18.6 

Mass gained (%)† Filter for Force Data 

0.12 SAE CFC600 

†At conclusion of simulation.  
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8.2.3.2 Oblique Abdominal Hub Impact – 6.7 m/s – Simulation 

Energies 

 
Figure B8. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Oblique Abdominal Hub Impact.  Displayed 

are Total, Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.4 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 J, Figure 7d/8a  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_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 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M50th? 

Scaling mass used 

for corridor (kg) 

3 2:1 88 74 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B9. GHBMC M95-O v1.0 (7/31/14)  model response vs. anterior abdominal compression from Figure 

7d/8a, Hardy et al. †† 

Displacement method Force Method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

[Rigid part (A) – node 

(B)] / Ant. Abd. Depth‡ 

A: 600000 (Impactor) 

B: 6041731 (L3 

vertebra) 

Impactor Force Contact 

#:  

600000 (Impactor) 

Scaling Factor: 0. 9034 

0.3 µs 9.2 

Mass gained (%)† Filter for Force Data 

0.12 

SAE 

CFC6

00 

†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 M50: 227 mm, GHBMC M95: 

261 mm, Hardy: 302 mm, avg.) – 99 mm (thickness of model posterior to spine).  Method introduced by Abd. COE 

during 6/16/11 meeting.  
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8.2.4.1 Abdominal Bar Impact – 6.0 m/s – Simulation Energies 

 
Figure B10. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Abdominal Bar Impact.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.5 Block Impact to Pelvis – 10 m/s – Force vs. Displacement 
Reference:  Bouquet et al., 1998, Pelvis Human Response to Lateral Impact, 

16th Enhanced Safety of Vehicles Conference, Windsor, Canada; Figure 14  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_PelvImp10-0.dyn 

Termination Normal @ 40ms 

Simulation Type Rigid Impact  

Mass, Velocity, Location 16 kg, 10 m/s, Lateral Pelvis 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M50th? 

Scaling mass used for 

corridor (kg) 

4 3:1 70.3 ± 7.1 55.4 ± 18.3 Yes 76 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B11. GHBMC M95-O v1.0 (7/31/14) Model Response vs. Force-Deflection Percentage Corridor from 

Bouquet et al. 

Displacement Method Force Method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

[Disp of rigid part (A) – 

Disp node (B)]/pelvis 

half-width‡  

A: 8100019 (impactor) 

B: 8005742 (sacrum) 

Impactor Force 

Contact #: 

600000 

Scaling Factor: 0. 9881 

0.3 µs 29.9 

Mass gained (%)† Filter for Force Data 

0.12 SAE CFC600 

†At conclusion of simulation.  ‡Pelvis half-width found by finding the initial distance between nodes 8114291 and 

8095161 and dividing by 2 (GHBMC M50: 172.1 mm, GHBMC M95: 209.5 mm, Bouquet: 144.6 mm) 
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8.2.5.1 Block Impact to Pelvis – 10 m/s – Simulation Energies  

 
Figure B12. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Block Impact to Pelvis.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.6 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 M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_LateralSled6-7_Settled.dyn 

Termination Normal @ 180 ms, first 100 ms is gravity settle onto sled 

Simulation Type Sled 

Mass, Velocity, Location Lateral, Heidelberg-type sled, unpadded 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M95th? 

Scaling mass used for 

corridor (kg) 

12 7:5 61 60.7 Yes 75 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 

Figure B13. GHBMC M95-O v1.0 (7/31/14)  Response vs. Shoulder + Thorax + Abdomen Force-Time corridor 

described in Cavanaugh et al. (1990) 

Time method Force Method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

Simulation time, set t = 0 

one time step prior to 

initiation of impact 

loading  

Result. force from 

transducer location: 

Shoulder ID: 2241 

Th. ID: 2251 

Abd. ID: 2261 

Scaling Factor: 0. 9228 

0.3 µs 28.1 

Mass gained (%)† Filter for Data 

0.19 SAE CFC600 

†At conclusion of simulation 
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8.2.6.1 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 A1c. 
 

Model Revision & Upload 

Date 

GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_LateralSled6-7_Settled.dyn 

Termination Normal @ 180 ms, first 100 ms is gravity settle onto sled 

Simulation Type Sled 

Mass, Velocity, Location Lateral, Heidelberg-type sled, unpadded 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled to 

M95th? 

Scaling mass used 

for corridor (kg) 

12 7:5 61 60.7 Yes 75 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 

Figure B14. GHBMC M95-O v1.0 (7/31/14)  Response vs. Pelvis Force-Time corridor described in Cavanaugh et al. 

(1990) 

Time method Force Method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

Simulation time, set t = 0 

one time step prior to 

initiation of impact 

loading  

Result. force from 

transducer location: 

Pelvis ID: 2271 

Scaling Factor: 0. 6760 

0.3 µs 28.1 

Mass gained (%)† Filter for Data 

0.19 SAE CFC600 

†At conclusion of simulation 
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8.2.6.2 Lateral Sled Impact – 6.7 m/s  – Simulation Energies – (Settled) 

 
Figure B15.  GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Lateral Sled Impact.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.7 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 M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_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 

Corridor 

Data 

N M:F Average 

Subject Age 

(years) 

Average 

Subject Mass 

(kg) 

Mass Scaled to 

M50th? 

Scaling mass used for 

corridor (kg) 

4 4:0 53 67.1 Yes 76kg 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

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 

Scaling Factor: 1.0320  

Mass Scaling 0.3 µs 

Hourglass ratio  

(HG/TE)*100 
15.2 

Mass gained (%)† 0.13 

Filter for Data N/A 

Figure B16. GHBMC M95-O v1.0 (7/31/14)  Trajectory Response from Figure 57 & 58, Kemper et al. 2007 Report 

†At conclusion of simulation 
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8.2.7.1 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 M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_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 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled to 

M50th? 

Scaling mass used 

for corridor (kg) 

4 4:0 53 67.1 Yes 76kg 

Model data has been scaled to the above corridor using Mertz scaling approach 

    

t = 0 t = 1/3 tmax t = 2/3 tmax t = tmax 

 
Figure B17. GHBMC M95-O v1.0 (7/31/14) Model Response vs. Force-Time Contours from Kemper et al. 2008, 

Figure 25 

Time Method Force Method Mass scaling 
Hourglass ratio  

(HG/TE)*100 

Simulation Time 

Impactor Force Contact #:  

4500000 

Scaling Factor: 0.9808 

0.3 µs 15.2 

Mass gained (%)† Filter for Data 

0.13 SAE CFC600 

†At conclusion of simulation 

  



208 

 

8.2.7.2 Thorax Lateral Impact – 12 m/s –Simulation Energies 

 
Figure B18. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Thorax Lateral Impact.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.8 Reposition Driver 
Robustness test only to test the positioning of the model in the 

driver position  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_Reposition-Driver.dyn 

Termination Normal @ 50 ms 

Simulation Type Positioning 

Mass, Velocity, Location N/A 

  

t = 0 t = 1/3 tmax 

  

t = 2/3 tmax t = tmax 

 

Mass Scaling 0.3 µs 

Hourglass ratio (HG/TE)*100 12.3 

Mass gained (%)† 0.12 

†At conclusion of simulation 
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8.2.8.1 Reposition Driver – Simulation Energies 

 
Figure B19. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Reposition Driver.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.9 Reposition Passenger 
Robustness test only to test the positioning of the model in the passenger 

position  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main.dyn 

Boundary input file M95-O_v1_BCs_Reposition-Pass.dyn 

Termination Normal @ 50 ms 

Simulation Type Positioning 

Mass, Velocity, Location N/A 

  

t = 0 t = 1/3 tmax 

  

t = 2/3 tmax t = tmax 

 

Mass Scaling 0.3 µs 

Hourglass ratio (HG/TE)*100 16.7 

Mass gained (%)† 0.12 

†At conclusion of simulation 
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8.2.9.1 Reposition Passenger – Simulation Energies 

 
Figure B20. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from Reposition Passenger.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.2.10 Frontal Driver NCAP (Settled) 
Robustness test only  

Reference: NCAP Test #7147, NHTSA Vehicle Crash Database  

Model Revision & Upload Date GHBMC M95-O v1.0, 7/31/14 

LS-Dyna Version MPP LS-Dyna R6.1.1 Rev. 78769, SVN. 80485 

Main file for FBM GHBMC_M95-O_Main_Settled.dyn 

Boundary input file M95-O_v1_BCs_FNCAP7147D_Settled.dyn 

Termination Normal @ 150 ms 

Simulation Type Crash Test 

Mass, Velocity, Location Standard Driver Belt 

Corridor 

Data 

N M:F Average Subject 

Age (years) 

Average Subject 

Mass (kg) 

Mass Scaled 

to M50th? 

Scaling mass used 

for corridor (kg) 

Robustness Only 

  

t = 0 t = 1/3 tmax 

  

t = 2/3 tmax t = tmax 

 

Mass Scaling 0.3 µs 

Hourglass ratio (HG/TE)*100 1.0 

Mass gained (%)† 0.24 

†At conclusion of simulation 
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8.2.10.1 Frontal Driver NCAP (Settled) – Simulation Energies 

 
Figure B21. GHBMC M95-O v1.0 (7/31/14) Simulation Energies from FNCAP Test #7147.  Displayed are Total, 

Kinetic, Internal, Hourglass, and Sliding Interface Energies. 
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8.3 Appendix C. Anatomical Details Included in the M95 Model 

This appendix includes images of all anatomical details within the GHBMC M95 

detailed occupant model.  Also included is a description of the pre-programmed model 

outputs that are available to users which represent common signals of interest for injury 

biomechanics research. 
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8.3.1 Musculoskeletal Model Detail 

 

Figure C1. Components were modeled in detail, with many muscles explicitly modeled as 3-

Dimensional structures. Within the Neck, 52 individual muscles were also represented with 

embedded beam elements providing response and activation (if toggled). Intercostal muscles 

and diaphragm of the Thorax were modeled as shell elements. 
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8.3.2  Skeletal Model Detail 

 

Figure C2. The bones of the human body were specifically modeled using 2D, 3D or a 

combination of 2D/3D elements. A number of bones are capable of simulating fracture (by 

element deletion) and are noted with (f). The vertebral column (Cervical, Thoracic and 

Lumbar) structures are modeled with a combination of deformable (Cerv.) and defined 

representative joints (Thor. and Lumb.).  



218 

 

8.3.3  Thoraco-Abdominal Soft-Tissue Model Detail 

 

Figure C3. Major soft-tissues of the Thorax and Abdomen were modeled using 2D, 3D and 

a combination of 2D/3D elements. Abdominal organs are split between volumetric element 

and control volume models. Abdominal vasculature and hollow organs (intestines, stomach) 

are represented using airbag definitions for control volumes.  
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8.3.4  Head/Neck Model Detail 

 

Figure C4. Regional details in the Head and Neck include: the brain with over 22 sub-

components, 52 individual neck muscles (1D/3D) and 2D/3D deformable Neck vertebrae 

with 3D cartilage, 1D ligaments and 2D/3D intervertebral discs. 
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8.3.5  Pelvis/Lower Ex. Model Detail 

 

Figure C5. Regional details in the Pelvis and Lower Extremity include: 1D and 3D 

representations of muscles, 1D and 2D representations of ligaments and tendons, 2D and 3D 

representations of bony geometry and a high level of detail in the hip, knee and ankle. All 

joints in these regions are controlled by interaction of deformable structures. 
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8.3.6 Model Output Information 

Table C1 below provides a summary of available preprogrammed model output 

information for the GHBMC M95-O v. 1.0 model.  These can be used for tracking 

kinematics and quantifying deformations and loads..  A diagram is found in Figure C6. 

Recommended mass scaling techniques to scale M95 model data to another body 

habitus (typically to the 50th percentile male) include Eppinger and Mertz, or others.  

These techniques have been widely used in the biomechanics community.  The results of 

the model, by default, are not scaled and it is the responsibility of the user to take into 

account mass differences when comparing the results of this model to any other model or 

experiment. 

 

Figure C6. Pre-programmed outputs available in the GHBMC M95-O 
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Table C1. Model outputs found in the v. 1.0 M95 model 

Region Value LS-Dyna Output Notes 

Head 
Head Acceleration 

(HIC) 

Nodeout:  

(N-1991101) 

Accelerometer 

output 

Neck Nij 

Secforc via Cross_sect_set:  

(NSid: 2110000) – C0/OC 

level 

(NSid: 2110001) – C1 level 

Local CS Ids: 

C0-2000000 

C1-2100000 

Thorax 
 

Chest Band (Upper, 

Middle, Low) 

Nodeout:  

(NSid: 1994201, 1994202, 

1994203) 

Local CS Ids: 

1994201, 1994202, 

1994203 

A-P Compression 

Nodeout:  

(N-4201276,4223948) – 

Ant. 

(N-4198200) – Post. 

Average location of 

two nodes on chest 

for anterior location. 

Chest band for 

profile.  

L-R Compression 

Nodeout: 

(N-4201064) - L 

(N-4223736) - R 

Chest band for 

profile. 

Acceleration 
Nodeout: 

(N-1992101) 

Local CS Id: 

1992101 (T8) 

Abdomen Oblique load cell 

Force via Nodal Force 

Groups: 

(NSid: 6100001) – L 

(NSid: 6100002) – R  

Local CS Id: 

6683004 (L3-L4) 

Pelvis 
 

Pubic symphysis load 

cell 

Force via Cross Sect Set: 

(sid: 8000001)  

Local CS Id: 

1998101 (Pelvis) 

Iliac load cell 

Force via Cross Sect Set: 

(sid: 8000011) – L 

(sid: 8000012) – R  

Local CS Id: 

1998101 (Pelvis) 

Acetabulum load cell  

Force via Nodal Force 

Groups: 

(NSid: 8000002) – L 

(NSid: 8000003) – R  

Local CS Id: 

1998101 (Pelvis) 

Lex 

Femur load cell 

Force via Cross Sect Set: 

(sid: 7000001) – L 

(sid: 9000001) – R 

 

Tibia load cell 

Force via Cross Sect Set: 

(sid: 7000005) – lower L 

(sid: 7000006) – upper L 

(sid: 9000005) – lower R 

(sid: 9000006) – upper R 

Local CS Id: 

7000002 (lower & 

upper L) 

 

Local CS Id: 

9000002 (lower & 

upper R) 
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9. Scholastic Vita 

Nicholas A. Vavalle Office: (336) 713-1230 

575 N. Patterson Ave, Suite 120, Winston-Salem, NC 27101 nvavalle@wakehealth.edu 
 

EDUCATION 

Virginia Tech – Wake Forest University, Winston-Salem, NC 

 Doctor of Philosophy, Biomedical Engineering Expected Spring 2015 

Dissertation: The Application of a Radial Basis Function Morphing Technique to a 

Validated Full Human Body Finite Element Model 

Advisor: Dr. F. Scott Gayzik 

 Master of Science, Biomedical Engineering  June 2012 

Thesis: Validation of the Global Human Body Models Consortium Mid-sized Male Model 

in Lateral Impacts and Sled Tests 

  Advisor: Dr. F. Scott Gayzik 

University of Rochester, Rochester, NY 

 Bachelor of Science, Biomedical Engineering, Cum Laude May 2010 

RESEARCH EXPERIENCE 

Graduate Research Assistant, GHBMC Phase II Sep 2013 – Present 

 Principal Investigator: Joel D. Stitzel, PhD, F. Scott Gayzik, PhD 

 Virginia Tech – Wake Forest Center for Injury Biomechanics 

  Led development and validation of the GHBMC large male FE model using morphing 

techniques 

  Aided development of mid-sized male simplified model 

  Morphed mid-sized male pedestrian model to small female and large male statures 

 

Graduate Research Assistant, Military Human Modeling Study Oct 2013 – Present 

 Principal Investigator: F. Scott Gayzik, PhD 

 Virginia Tech – Wake Forest Center for Injury Biomechanics 

  Established protocol for external anthropometry scanning in various positions 

 

Graduate Research Assistant, WIAMan FEM Development Sep 2014 – Present 

 Principal Investigator: F. Scott Gayzik, PhD 

 Virginia Tech – Wake Forest Center for Injury Biomechanics 

  Compiled assessment of the FE model of the PreGen1 WIAMan ATD 

  Led development of Head and Neck PreGen1 ATD FE Models 

 

Graduate Research Assistant, GHBMC Phase I Aug 2010 – Aug 2013 

 Principal Investigator: Joel D. Stitzel, PhD 

 Virginia Tech – Wake Forest Center for Injury Biomechanics 

  Developed and validated a mid-sized male FE model for crash injury simulation 

 

Summer Research Intern, Mini Directional Mic. for Hearing Aids Jun 2009 – Aug 2009 

 Principal Investigator: Ronald N. Miles, PhD 

 Mechanical Engineering Department, Binghamton, NY 

  Designed custom PCB layouts for use in bio-mimetic directional microphone 
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TEACHING EXPERIENCE 

Supervisor, Summer Students May 2013 – Aug 2014 

 Allison Yard (2013) 

 William Decker (2013 & 2014) 

 Ryan Shannon (2014) 

 

Guest Lecturer, Advanced Human Modeling Feb 2014 

 Quantitative Comparison Methods for Crash Injury Finite Element Modeling 

 

Guest Lecturer, Advanced Human Modeling Feb 2014 

 Introduction to Pre-Processing and Mesh Development for Human Anatomy 

 

Guest Lecturer, Advanced Human Modeling Jan 2014 

 Imaging Modalities and Applications to Model Creation 

 

Guest Lecturer, Soft Tissue Mechanics Apr 2012 

 Mechanics of Polymeric Tissue Simulants 

 

Teaching Assistant, Biosystems and Circuits Jan 2009 – May 2010 

 Directed students through circuits lab and assisted in grading homework  

 

Teaching Assistant, Biomechanics Lab Sep 2008 – Dec 2008 

 Aided students in a Matlab programming 

COMPUTING AND ENGINEERING SKILLS 

Programming Languages: Matlab, HTML 

 Dynamics / Simulation Software: LS-Dyna, Abaqus 

 FEA Pre/Post Processing Software: LS-PrePost, Hyperworks, TrueGrid, Oasys 

 Image Analysis Software: Mimics, Image J, Amira 

 CAD:    Rhinoceros, Geomagic Studio, Solidworks 
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10. Evans DW, Vavalle NA, DeVita R, Rajagopalan P, and Sparks JL. (2013). Nano-Indentation 
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and Reaction Force in Perfused Liver. Journal of Biomechanical Engineering. 134(9): 
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PEER-REVIEWED CONFERENCE PAPERS 
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validation using compressive and tensile experimental data. Biomed Sci Instrum. 49:289-96, 
2013. 
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CONFERENCE ABSTRACTS AND SCIENTIFIC EXHIBITS 

1. Schoell SL, Weaver AA, Vavalle NA, Stitzel JD. The development and simulation of age and 
sex-specific thorax finite element models. 42nd International Workshop on Human Subjects 
for Biomechanical Research, San Diego, CA, November 9th, 2014. 

2. Vavalle NA, Schoell SL, Weaver AA, Stitzel JD, Gayzik FS. Creating a Geometrically 
Distinct Human Body FEM Using Radial Basis Function Interpolation. Biomedical 
Engineering Society Annual Meeting, San Antonio, TX, October 22nd – 25th, 2014. 

3. Vavalle NA, Schoell SL, Stitzel JD, Gayzik FS. The Application of a Radial Basis Function 
Interpolation Method to Create a Human Body Finite Element Model. 7th World Congress of 
Biomechanics, Boston, MA, July 6th – 11th, 2014. 

4. Schoell SL, Weaver AA, Vavalle NA, Stitzel JD. Development of Age and Sex-Specific 
Thorax Finite Element Models. Ohio State University Injury Biomechanics Symposium, 
Columbus, OH, May 18th – 20th, 2014. 

5. Vavalle NA, Schoell SL, Weaver AA, Stitzel JD, Gayzik FS. The Application of Radial 
Basis Function Interpolation Methods in the Development of a 95th Percentile Male Seated 
FEA Model. VT-WFU School of Biomedical Engineering and Sciences Symposium, Winston-
Salem, NC, May 15th, 2014. 
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6. Gayzik FS, Vavalle NA, Stitzel JD. Quantitative Comparison Methods Applied to a Detailed 
Human Body Finite Element Model in Simulated Sled Tests. ASME Verification and 
Validation Symposium, Las Vegas, NV, May 7th – 9th, 2014. 

7. Gayzik FS, Vavalle NA, Moreno DP, Stitzel JD. Current Research and Development 
Activities of the Full Body Model Center of Expertise of the Global Human Body Models 
Consortium Project. USARL Head Injury Symposium, Aberdeen, MD, January 8th, 2014. 

8. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. The Implementation of a Simplified Thorax 
Model to Further the Development of a Full Body Finite Element Model. Biomedical 
Engineering Society Annual Meeting, Seattle, WA, September 25th – 28th, 2013. 

9. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. The Development of a Simplified Thorax 
Model for Parametric Studies of a Full Body Finite Element Model. Association for the 
Advancement of Automotive Medicine Student Symposium, Quebec City, QC, September 22nd, 
2013.  

10. Hayes AR, Gayzik FS, Vavalle NA, Moreno DP, Stitzel JD. A Multi-Modality Dataset for 
the Development of a Small-Female Full Body Finite Element Model. ASME Summer 
Bioengineering Conference, Sunriver, OR, June 26th – 29th, 2013. 

11. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. Application of a Standard Quantitative 
Comparison Method to Assess a Full Body Finite Element Model in Frontal Impact. ASME 
Summer Bioengineering Conference, Sunriver, OR, June 26th – 29th, 2013.  

12. Vavalle NA, Moreno DP, Hayes AR, Stitzel JD, Gayzik FS. Lateral Regional Impact 
Validation Of A Full Body Finite Element Model For Crash Injury Prediction. Digital Human 
Modeling Conference, Ann Arbor, MI, June 11th – 13th, 2013.  

13. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. Application of a Standard Quantitative 
Comparison Method to Assess a Full Body Finite Element Model in Regional Impacts. ASME 
Verification and Validation Symposium, Las Vegas, NV, May 22nd – 24th, 2013.  

14. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. The Development of a Simplified Thorax 
Model for Parametric Studies of a Full Body Finite Element Model. VT-WFU School of 
Biomedical Engineering and Sciences Symposium, Blacksburg, VA, May 16th, 2013. 

15. Vavalle NA, Moreno DP, Rhyne AC, Stitzel JD, Gayzik FS. Quantification of Lateral Impact 
Validation Results of a Full Human Body Finite Element Model. Biomedical Engineering 
Society Annual Meeting, Atlanta, GA, October 24th – 27th, 2012. 

16. Rhyne AC, Moreno DP, Vavalle NA, Stitzel JD, Gayzik FS. Development and Preliminary 
Validation of Chestband Data from a Full Body Finite Element Model. Biomedical 
Engineering Society Annual Meeting, Atlanta, GA, October 24th – 27th, 2012. 

17. Gayzik FS, Moreno DP, Vavalle NA, Rhyne AC, Stitzel JD. Development and Validation of 
a Novel Full Body Finite Element Model Utilizing a Multi-Modality Medical Image Protocol. 
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18. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. The effect of impactor location and velocity 
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19. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. Validation of a Full Body Finite Element 
Model in Lateral Sled and Drop Impacts. Ohio State University Injury Biomechanics 
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20. Rhyne AC, Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. Development and Preliminary 
Validation of Chestband Data from a Full Body Finite Element Model Ohio State University 
Injury Biomechanics Symposium, Columbus, OH, May 13th – 15th, 2012. 

21. Vavalle NA, Moreno DP, Rhyne AC, Stitzel JD, Gayzik FS. The validation of a full body 
finite element model in lateral full body sled and drop tests. VT-WFU School of Biomedical 
Engineering and Sciences Symposium, Winston-Salem, NC, May 10th, 2012. 

22. Vavalle NA, Moreno DP, Stitzel JD, Gayzik FS. The effect of impactor location and velocity 
variation on validation of an advanced human body finite element model. WFU Graduate 
Research Day, Winston-Salem, NC, March 29th, 2012. 
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23. Gayzik FS, Moreno DP, Vavalle NA, Rhyne AC, Stitzel JD. Development of the Global 
Human Body Models Consortium Mid-Sized Male Full Body Model 39th International 
Workshop on Human Subjects for Biomechanics Research, Dearborn, MI, November 6th, 
2011 

24. Vavalle NA, Moreno DP, Gayzik FS, Stitzel JD. An Evaluation of the Effects of Mass 
Scaling on Regional and Global Finite Element Human Body Models Biomedical 
Engineering Society Annual Meeting, Hartford, CT, October 12th – 15th, 2011. 

25. Moreno DP, Vavalle NA, Gayzik FS, Stitzel JD. Benchmarking of a State-of-the-Art Full 
Body Finite Element Model Biomedical Engineering Society Annual Meeting, Hartford, CT, 
October 12th – 15th, 2011. 

26. Gayzik FS, Moreno DP, Vavalle NA, Stitzel JD. Simulation and Evaluation of Commonly 
Used Constitutive Models for Human Flesh in Uniaxial Tension and Dynamic Compression 
Biomedical Engineering Society Annual Meeting, Hartford, CT, October 12th – 15th, 2011. 

27. Gayzik FS, Moreno DP, Vavalle NA, Stitzel JD. Development of Geometrical Data for Full 
Body FEA Models,  1st Meeting of the International Society for Human Simulation, Founding 
member, Clearwater, FL, May 26th-27th, 2011. 

28. Vavalle NA, Moreno DP, Gayzik FS, Stitzel JD. An Evaluation of the Effects of Mass 
Scaling on Regional and Global Finite Element Human Body Models VT-WFU School of 
Biomedical Engineering and Sciences Symposium, Blacksburg, VA, May 12th, 2011. 

29. Vavalle NA, Moreno DP, Gayzik FS, Stitzel JD. An Investigation of the Effects of Mass 
Scaling on Regional Finite Element Human Body Models WFU Graduate Research Day, 
Winston-Salem, NC, March 22nd, 2011. 

ADDITIONAL PROFESSIONAL MEETINGS AND TRAINING 

1. Hyperworks Training, Winston-Salem, NC, September 2010 
2. LS-Dyna Contacts Training, Livermore, CA, September 2011 
3. True Grid Training, Winston-Salem, NC, December 2011 
4. Faro Laser Scanner Training, Winston-Salem, NC, April 2012 
5. Hyperworks Biomechanics Training, Winston-Salem, NC, September 2012  
6. Faro Arm Scanner Training, Winston-Salem, NC, April 2013 
7. Hypermorph Introduction, Winston-Salem, NC, January 2014 
8. JMP Introduction, Winston-Salem, NC, August 2014 
9. JMP Advanced Topics, Winston-Salem, NC, September 2014 

HONORS AND AWARDS 

 VT – WFU SBES BMES Travel Award Oct 2014 

 Travel Award, AAAM Annual Student Symposium Sep 2013 

 VT – WFU SBES BMES Travel Award Sep 2013 

 2nd Place Best Poster, VT-WFU SBES Student Research Symposium May 2013 

 Margaret H. Hines Travel Award, OSU Injury Biomechanics Symposium May 2012 

 Student Moderator, OSU Injury Biomechanics Symposium May 2012 

 Wake Forest Graduate Research Fellowship Aug 2010 

 Alpha Eta Mu Beta – National Biomedical Engineering Honor Society Mar 2010 

 BME Faculty Prize for Excellence in Teaching Assistance May 2010 

 Dean’s List (6 of 8 Undergraduate Semesters) 2006 - 2010 

 University of Rochester Dean’s Scholarship 2006 - 2010 

PROFESSIONAL MEMBERSHIPS AND UNIVERSITY SERVICE 

 Biomedical Engineering Society 2006 – Present 

  Treasurer, VT – WFU BMES 2012 – 2013  

  Vice President, VT – WFU BMES 2013 – 2014 
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 WFU Center for Injury Biomechanics Summer Student Reviewer 2013 

 Matching Matriculants and Return Students (MMARS) 2011 – Present 

 SAE    2012 – Present 

 ASME    2012 – Present 

REFEREE OF PEER-REVIEWED JOURNALS AND CONFERENCES 

 Annals of Biomedical Engineering 

 ASME Summer Bioengineering Conference 

 Association for the Advancement of Automotive Medicine 

 Biomedical Engineering Society Conference 

 Journal of Biomechanics 

 Ergonomics 

 SAE World Congress 

 Traffic Injury Prevention 


