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ABSTRACT 

Elderly adults aged 65 years and older are a vulnerable population with a greater 

risk of injury and injury-related deaths due to morphological and physiological changes 

with age. The elderly population constitutes more than 13% of the total population and 

with increases in life expectancy, the elderly population is projected to account for nearly 

20% of the population by 2030. In addition to the growing elderly population, it is also 

projected by 2030 that half of these elderly adults will also be obese. Increases in fragility 

and frailty in the aging and obese population can be the result of morphologic, 

compositional, and material changes in the human body with age. These changes in the 

human body also can be the result of osteoporosis, which is a significant public health 

concern and may be exacerbated with weight loss. Current tools to assess injury and 

fracture risk generally do not account for the variation in morphology, composition, and 

material changes with age. This study aims to develop and validate age and sex-specific 

and subject-specific finite element (FE) human body models to accurately model 

morphology and mechanics for the elderly and obese populations. 

This research is comprised of three parts:  

 The first part of this study involves the development of age and sex-specific 

thorax FE models to understand the effects of geometry and material properties on 

thoracic response. 

 The second part of this study involves the development of an older occupant FE 

full human body model to investigate age-related injury risk. 

 The third part of this study involves the development of subject-specific femur 

and lumbar spine FE models of older obese adults to evaluate the effect of 

intentional weight loss on bone strength.  
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Chapter I: Introduction & Background 
 

SIGNIFICANCE: THE AGING POPULATION 

In the United States, it is projected that the proportion of adults aged 65+ years 

will increase from 13% to 20% over the next 40 years (Vincent and Velkoff 2010). Due 

to the increased fragility and frailty of the elderly, there is a growing concern for the 

aging population due to the elevated incidence of injury and increased risk of mortality 

and morbidity. These increases in fragility and frailty can be the result of the 

morphologic, compositional, and material changes in the human body with age. In 

addition to the growing aging population, there is also a serious concern regarding the 

growing elderly obese population. By 2030, it is projected that half of Americans aged 

65+ will be obese (Wang et al. 2011). Advanced age and obesity are well-characterized 

risk factors for chronic disease and disability which can result in increases in individual 

and societal health burden associated with these conditions.   

Osteoporosis, which is characterized by skeletal fragility and microarchitectural 

deterioration, is a serious and costly public health problem resulting in 1.5 million 

fractures each year in the United States (Black and Rosen 2016). Fractures due to 

osteoporosis are a serious problem in the elderly population which can lead to significant 

reductions in mobility, independence, quality of life, and increased morality risk 

(Carmona 2004; Burge et al. 2007). Due to the rapid growth projected in the elderly 

population, the incidence of fractures is expected to increase significantly. In addition to 

advancing age, weight loss is also a recognized risk factor for fracture as 

recommendations of intentional weight loss in older adults remain controversial due to 
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loss of bone mass known to accompany weight loss as well as the potential to increase 

the risk of osteoporosis and fracture (Dennison et al. 1999; Hannan et al. 2000; Ensrud et 

al. 2003; Knoke and Barrett-Connor 2003; Ensrud et al. 2005; Shapses and Sukumar 

2012; Waters et al. 2013). Areal bone mineral density (aBMD) acquired by dual-energy 

x-ray absorptiometry (DXA) is the gold standard for assessment of osteoporosis and 

fracture risk and is collected at clinically important sites of osteoporotic fracture 

including the proximal femur and lumbar spine (Bouxsein and Seeman 2009; D'Elia et al. 

2009; Engelke et al. 2016). Osteoporosis is defined as patients with a BMD standard 

deviation of 2.5 or more below the young normal mean (T score, -2.5 or lower) and 

osteopenia as patients with a BMD standard deviation between 1 and 2.5 below the 

young normal mean (T score, -1 to -2.5) (World Health Organization 1994). aBMD is 

limited however in accurately predicting osteoporosis and fracture risk as half of all 

osteoporotic fractures occur in patients with BMD values above the defined thresholds 

for osteoporosis (Siris et al. 2004; Netelenbos et al. 2009). These limitations stem from 

that BMD does not directly account for the physical mechanisms that lead to fracture 

including the ability of a structure to resist physical forces or bone strength. Thus, there is 

a need for more robust tools to improve the assessment of osteoporosis and fracture risk.  

Motor vehicle crashes (MVCs) and unintentional falls are the leading causes of 

injury-related deaths for patients 65 years and older. In addition, MVCs and falls are also 

the leading causes of nonfatal injuries treated in hospital emergency departments (Center 

for Disease Control and Prevention 2013). In order to prevent and mitigate injuries, a 

better understanding of the biomechanics and effects of the morphologic, compositional, 

and material changes in the human body of the elderly and obese population is needed. 
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HUMAN BODY FINITE ELEMENT MODELS 

Computational modeling has emerged as a powerful tool to assess injury and 

fracture risk to provide a better understanding of the biomechanics of the human body 

(Yoganandan et al. 2012). Over the recent years, finite element (FE) models of the human 

body have become more detailed and anatomically correct due to the increased use in 

research as well as the advancement of computer processing power and high performance 

computing. FE models are useful in calculating various mechanical properties including 

stiffness, strength, stress, strain, and failure of complicated geometric structures subjected 

to external loads (Bouxsein and Seeman 2009). These models can be used to replicate 

experimental testing as well as complex loading configurations or problems that would be 

too costly or impossible to determine experimentally. Applications of human body FE 

models include automotive and aircraft crash safety research and design, military 

research, sports safety research, and bone mechanics research. 

Previously developed full human body and thoracic component FE models are 

limited to certain ages and sexes in the population (Lizee et al. 1998; Plank 1998; Wang 

and Yang 1998; Deng et al. 1999; Ruan et al. 2003; Kent et al. 2005; Kimpara et al. 2005; 

Tamura et al. 2005; Vezin and Verriest 2005; Gayzik et al. 2006; Mattrey et al. 2008; Ito 

et al. 2009; Song et al. 2009; El-Jawahri et al. 2010). Current full human body FE models 

are developed using characteristics of both the young and old adult population. Typically, 

geometry is based on younger subjects derived from medical imaging data while material 

properties and validation experiments use primarily older post mortem human surrogate 

(PMHS) subjects since younger PMHS subjects are difficult to obtain. As a result, the 

exact age of these models is difficult to determine. Therefore, the growing elderly 
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population presents a need for full human body FE models that are representative of 

explicitly older occupants. These models can be used to directly calculate biomechanical 

metrics for injury to better understand the effects of age on injury risk, fracture risk, 

injury type, and injury severity.  

While in theory, FE models can represent all ages and sexes, a limitation of FE 

modeling is the time-consuming process to develop subject-specific meshes. In order to 

accelerate the development of FE models, model morphing can be used to accurately and 

efficiently generate subject-specific models from clinical computed tomography (CT) 

scans or models based on population-based geometric variation studies to capture the 

local structural changes. Significant changes in the geometry of the skull, brain, thorax, 

pelvis, and femur with age and sex have been reported based on characterization of 

clinical CT scans to develop population-based statistical models (Wang et al. 2004; 

Urban et al. 2012; Weaver et al. 2014; Weaver et al. 2014; Klein et al. 2015; Urban et al. 

2016). These age and sex-related variations likely contribute to injury risk and outcomes.  

In addition, compositional and material property changes with age can be 

implemented within the FE models. With increasing age, cortical thickness and material 

properties such as ultimate strain, plastic energy, and tensile strength have been shown to 

decrease (Burstein et al. 1976; McCalden et al. 1993; Lillie et al. 2016). These changes 

can decrease the amount of force necessary to fracture a bone which can increase fracture 

risk with increasing age. More advanced techniques have been developed to quantify 

compositional changes of the cortical thickness of bones using clinical CT scans to study 

subject-specific and population-based variations across the entire surfaces of bones such 

as the skull, ribs, and femur (Klein et al. 2015; Lillie et al. 2015). Age-related changes in 
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the material properties of the head, thorax, pelvis, and lower extremity can also be 

implemented based on the literature and developed aging functions. Material properties 

can also be derived from quantitative measures of volumetric BMD (vBMD) from CT 

scans using elasticity-density relationships from the literature (Kopperdahl et al. 2002; 

Morgan et al. 2003; Schileo et al. 2007; Schileo et al. 2008). With these advances, FE 

models can capture the morphologic, compositional, and material changes with aging in 

order to better understand the effects on injury and fracture risk.  

Full human body and component level FE models could be used to evaluate 

vehicle crashworthiness and optimize the performance of seat belts, load limiters, 

pretensioners, and airbags for the aging population. Subject-specific FE models of 

structures such as the femur and spine provide a powerful tool to non-destructively 

measure bone strength. These models can be used to study populations in clinical trials as 

well as provide additional measures of bone quality to assist DXA in evaluating 

osteoporosis and fracture risk. Examples of a full human body and component level FE 

models in different simulation set-ups are shown in Figure 1. 

 
  

(a) (b) (c) 
Figure 1. Finite element (FE) model examples of (a) a full human body model in a 

frontal sled test (b) a thoracic component model in a lateral impact and (c) a proximal 

femur model in a stance configuration.  
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MODEL MORPHING 

Geometric changes with age can be implemented through model morphing 

techniques to capture shape variation in the various body regions. Development of age-

specific or subject-specific FE meshes involves morphing an existing FE model using 

radial basis function (RBF) interpolation, specifically with a thin-plate spline as the basis 

function. The thin-plate spline is a smooth function that interpolates the connections 

between the nodes while minimizing the amount of change in landmark positions. The 

inputs required for the thin-plate spline interpolation include homologous landmarks on 

the reference and target geometries and the nodal coordinates of the baseline FE model 

(Figure 2). Homologous landmarks are landmarks on analogous positions on each 

respective geometry that allow for a one-to-one mapping between the reference and target 

configuration. Collection of homologous landmarks involves image segmentation and 

image registration algorithms. A simple example of the thin-plate spline morphing of a 

reference cube to a target sphere is shown in Figure 2. The output includes the FE nodal 

data in the configuration of the target geometry.  

 
Figure 2. Thin-plate spline morphing of a cube to a sphere. 
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The thin-plate spline procedure detailed by Bookstein et al. involves the 

calculation of a bending energy matrix, L, and a partial warp score matrix, W, to 

determine the interpolation function and coefficients to map landmark coordinates on a 

reference structure to homologous landmark coordinates specified on a target structure. 

Subsequently, the calculated interpolation function and coefficients can be applied to 

other coordinates associated with the reference, i.e. the nodal coordinates of the FE model 

(Bookstein 1989). The bending energy matrix (L) is a partitioned matrix and is computed 

from the reference coordinates as shown in Eq. 1. Both the reference and target 

configurations consist of p landmarks.  

L=[
𝑃𝑝𝑥𝑝 𝑄𝑝𝑥4

𝑄𝑡
𝑝𝑥4 04𝑥4

] [1] 

P is a symmetric matrix with zeros on the diagonal and off-diagonal elements 

pi,j=pj,i= U(ri,j)= ri,j
2
ln(ri,j

2
) where ri,j is the Euclidean distance between points i and j of the 

reference specimen. Q is a matrix of the reference coordinates augmented by an initial 

column of ones. 0 is a matrix of zeros. The partial warp score matrix (W) is calculated 

from the inverse of the bending energy matrix (L) and a matrix (V) composed of the 

target coordinates supplemented by zeros as shown in Eq. 2 and Eq. 3. The partial warp 

scores represent the weights and coefficients of the spline model that relate the reference 

to the target geometry. 

W=L
-1

V [2] 

V=(Target; 0 0 0; 0 0 0; 0 0 0; 0 0 0) [3] 

 

The partial warp scores as mentioned can be applied to the nodal positions of the 

FE model. The new nodal coordinate positions (x, y, z)𝐹𝐸 𝑇
 are determined by inputting 
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the reference landmarks (Pi), the reference FE nodal coordinates (𝑥𝐹𝐸𝑅
, 𝑦𝐹𝐸𝑅

, 𝑧𝐹𝐸𝑅
), the 

partial warp scores weights (wx,wy,wz), and partial warp score coefficients (a1,ax,ay,az) as 

shown in Eq. 4, Eq. 5, and Eq. 6  for each coordinate dimension.  

f𝑥(x, y, z)𝐹𝐸 𝑇
= ax1+axx𝑥𝐹𝐸𝑅

+axy𝑦𝐹𝐸𝑅
+axz𝑧𝐹𝐸𝑅

+∑ 𝑤𝑥𝑖𝑈( |𝑃𝑖 − (𝑥𝐹𝐸𝑅
, 𝑦𝐹𝐸𝑅

, 𝑧𝐹𝐸𝑅
)|)𝑝

𝑖=1  [4] 

f𝑦(x, y, z)𝐹𝐸 𝑇
=ay1+ayx𝑥𝐹𝐸𝑅

+ayy𝑦𝐹𝐸𝑅
+ayz𝑧𝐹𝐸𝑅

+∑ 𝑤𝑦𝑖𝑈( |𝑃𝑖 − (𝑥𝐹𝐸𝑅
, 𝑦𝐹𝐸𝑅

, 𝑧𝐹𝐸𝑅
)|)𝑝

𝑖=1  
 

[5] 

f𝑧(x, y, z)𝐹𝐸 𝑇
 =az1+azx𝑥𝐹𝐸𝑅

+azy𝑦𝐹𝐸𝑅
+azz𝑧𝐹𝐸𝑅

+∑ 𝑤𝑧𝑖𝑈( |𝑃𝑖 − (𝑥𝐹𝐸𝑅
, 𝑦𝐹𝐸𝑅

, 𝑧𝐹𝐸𝑅
)|)𝑝

𝑖=1  [6] 

 

The new nodal positions of the FE model were copied back into the original input file and 

the resulting morphed FE model representing the target geometry was produced.  

Thin-plate spline interpolation attempts to calculate a minimally bended smooth 

surface that passes through all given control points. For closely spaced control points, the 

interpolation can result in unsmooth element connections and poor mesh quality. Thin-

plate spline regularization was employed to relax interpolation requirements so that 

resulting surface does not have to go exactly through all the control points. 

Regularization is controlled by the regularization parameter, λ, which was adjusted to 

achieve the highest element quality (Donato and Belongie 2002). Exact interpolation is 

represented by λ=0. For small values of λ, the interpolation is a good adaption to the local 

structure of the deformations. For large values of λ, the interpolation is very smooth with 

little adaption to the deformations. To implement thin-plate spline regularization, the P 

portion of the bending energy matrix (L) is adjusted as shown in Eq. 7. 

pi,j=pj,i= U(ri,j) + Iij α
2
 λ 

 

where α=
1

𝑝2
∑ ∑ |𝑟𝑖𝑗|𝑝

𝑗=1
𝑝
𝑖=1  

[7] 
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CORTICAL THICKNESS CHANGES WITH AGE 

Age-related changes in the cortical thickness of the bones can be implemented 

using data collected from clinical CT scans. A cortical thickness estimation algorithm can 

be applied to characterize variable cortical thickness over an entire surface of a given 

bone (Stradwin v5.2, Cambridge University, UK) (Treece et al. 2010; Treece et al. 2012). 

The algorithm estimates cortical thickness by fitting a mathematical model constrained 

by a global cortical density and out-of-plane blur to the Hounsfield Unit (HU) intensity 

profile along a line normal to the cortical surface (Figure 3). The cortical thickness values 

derived from the algorithm can be regressed with age and sex to derive population-based 

models or directly mapped to the FE model to generate subject-specific models.  

 

Figure 3. HU values along the blue profile line (upper left) are fit to a mathematical model 

at the bottom to estimate cortical thickness at that particular location (depicted by idealized  

function in red in bottom plot). Cortical thickness measurements (in mm) collected over the 

entire femoral surface are depicted with the color map.  
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MATERIAL PROPERTY CHANGES WITH AGE 

Age-related changes in the material properties of various body regions can be 

implemented based on the literature or derived from CT scans for subject-specific 

models. Due to the limited number of cadaveric subjects under the age of 40, the majority 

of published experimental data on human tissues which are subsequently used to derive 

material properties for FE human body models is based on older adults. Based on the 

literature, a few studies have quantified material property changes with age and have 

developed various aging functions (Figure 4a) (Dokko et al. 2009; El-Jawahri et al. 

2010). Subject-specific material properties can also be derived from CT scans based on 

vBMD measures using elasticity-density relationships from the literature (Kopperdahl et 

al. 2002; Morgan et al. 2003; Schileo et al. 2007; Schileo et al. 2008). vBMD is measured 

using a calibrated bone mineral phantom as shown in Figure 4b. In terms of injury 

prediction, FE models define various stress and strain thresholds for fracture based on the 

literature (Vavalle et al. 2013; Vavalle et al. 2015). These thresholds can be adjusted for 

age in order to study age-related injury and fracture risk.  

(a) 

 

(b) 

 
Figure 4. (a) Example aging function for the Young’s Modulus of the femoral cortical 

bone (Dokko et al. 2009) and (b) example measurement of vertebral vBMD using a 

calibrated bone mineral phantom (N-Vivo v10.0.45862, Image Analysis, Columbia, KY). 

Measured vBMD can be converted to an elastic modulus using empirical elasticity-

density relationships from the literature.  
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CHAPTER SUMMARIES 

The overall goal of this dissertation is to develop and validate FE human body models to 

accurately model morphology and mechanics for the elderly and obese populations. The 

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

Chapter II: Age and Sex-Specific Thorax Finite Element Model Development and 

Simulation 

The focus of this chapter was to develop and validate age and sex-specific FE 

models of the thorax to accurately model thorax morphology and mechanics for 

males and females of ages 30 and 70 years old (YO). The biomechanical response 

of an individual of a given age and sex was studied through simulations of various 

frontal and lateral impacts to assess the importance of geometric and material 

property changes with age and sex. 

Chapter III: Development and Validation of an Older Occupant Finite Element 

Model of a Mid-Sized Male for Investigation of Age-related Injury Risk 

The focus of this chapter was to develop an older occupant Global Human Body 

Models Consortium (GHBMC) M50 model representative of a 65 YO and to 

perform regional validation tests to investigate predicted fractures and injury 

severity with age. The second objective was to investigate age-related injury risk 

by performing a frontal US New Car Assessment Program (NCAP) simulation 

test with the GHBMC M50 65 YO and the GHBMC M50 v4.2 models. 

Simulation results were compared to the GHBMC M50 v4.2 to evaluate the effect 

of age on occupant response and risk for head injury, neck injury, thoracic injury, 

and lower extremity injury. 
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Chapter IV: Development of Subject-Specific Proximal Femur Finite Element 

Models of Obese, Older Adults to Evaluate the Effects of Weight Loss on Bone 

Strength 

The focus of this chapter was to develop and validate subject-specific proximal 

femur FE models using morphing techniques to examine the effect of intentional 

weight loss over 18 months in obese, older adults on bone measures including 

vBMD, cortical thickness, and bone strength derived from CT scan data of the 

total hip and femoral neck. Secondarily, this chapter assessed baseline 

correlations between participant demographic information and bone measures and 

correlations between each of the baseline bone measures.  

Chapter V: Prediction of Lumbar Vertebral Body Compressive Strength of Older 

Obese Adults using Morphed Subject-Specific Finite Element Models to Evaluate 

the Effects of Weight Loss 

The focus of this chapter was to develop and validate subject-specific lumbar 

spine vertebrae FE models using morphing techniques to examine the effect of 

intentional weight loss over 18 months in obese, older adults on vBMD, cortical 

thickness, and bone strength. Secondarily, this chapter aimed to describe baseline 

correlations between participant demographic information and bone measures and 

correlations between each of the baseline bone measures. 

Chapter VI: Summary of Research 

A brief overview of work presented in this dissertation including a publication 

plan, conclusion, and future directions for the work are discussed.  
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ABSTRACT 

Objective: The shape, size, bone density, and cortical thickness of the thoracic skeleton 

vary significantly with age and sex, which can affect the injury tolerance especially in at-

risk populations such as the elderly. Computational modeling has emerged as a powerful 

and versatile tool to assess injury risk. However, current computational models only 

represent certain ages and sexes in the population. The purpose of this study was to 

morph an existing finite element (FE) model of the thorax to depict thorax morphology 

for males and females of ages 30 and 70 years old (YO) and to investigate the effect on 

injury risk. 

Methods: Age and sex-specific FE models were developed using thin-plate spline 

interpolation. In order to execute the thin-plate spline interpolation, homologous 

landmarks on the reference, target, and FE model are required. An image segmentation 

and registration algorithm was used to collect homologous rib and sternum landmark data 

from males and females aged 0-100 years. The Generalized Procrustes Analysis (GPA) 

was applied to the homologous landmark data to quantify age and sex-specific isolated 

shape changes in the thorax. The Global Human Body Models Consortium (GHBMC) 

50
th

 percentile male occupant model was morphed to create age and sex-specific thoracic 

shape change models (scaled to a 50
th

 percentile male size). To evaluate the thoracic 

response, two loading cases (frontal hub impact and lateral impact) were simulated to 

assess the importance of geometric and material property changes with age and sex. 

Results: Due to the geometric and material property changes with age and sex, there 

were observed differences in the response of the thorax in both the frontal and lateral 

impacts. Material property changes alone had little to no effect on the maximum thoracic 
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force or the maximum percent compression. With age, the thorax becomes stiffer due to 

superior rotation of the ribs which can result in increased bone strain that can increase the 

risk of fracture. For the 70 YO models, the simulations predicted a higher number of rib 

fractures in comparison to the 30 YO models. The male models experienced more 

superior rotation of the ribs in comparison to the female models which resulted in a 

higher number of rib fractures for the males.   

Conclusion: In this study, age and sex-specific thoracic models were developed and the 

biomechanical response was studied using frontal and lateral impact simulations. The 

development of these age and sex-specific FE models of the thorax will lead to an 

improved understanding of the complex relationship between thoracic geometry, age, 

sex, and injury risk.  

Keywords: thorax, finite element model, simulation, motor vehicle crash, shape 

  



21 

 

1. INTRODUCTION 

Motor vehicle crashes (MVCs) are a serious public health concern that resulted in 

more than 2,000,000 injured occupants and more than 33,000 fatalities in 2012 (National 

Center for Statistics and Analysis 2013). In MVCs, thoracic injury ranks second only to 

head injury in terms of the number of fatalities and serious injuries, the body region most 

often injured, and the overall economic cost (Cavanaugh 2002; Ruan et al. 2003).  

Age and sex-related morphologic changes in the thorax may affect the injury 

tolerance especially in at-risk populations such as pediatrics and the elderly. With a 

growing elderly population of adults aged 65+ years, which is projected to increase to 

20% of the population by 2040, it is critical to understand the biomechanics of the human 

thorax with age since the elderly possess an increased risk of mortality and morbidity due 

to increased fragility and frailty (Finelli et al. 1989; Shorr et al. 1989; Perdue et al. 1998; 

Stitzel et al. 2008; Hanna 2009; Vincent and Velkoff 2010). In addition to age, there are 

structural and morphological differences in the thorax with sex (Shi et al. 2014; Weaver 

et al. 2014; Weaver et al. 2014). Studies have shown that females are more susceptible to 

severe injuries in comparison to males and analysis of real-world frontal MVCs 

determined that females and the elderly are the two most vulnerable groups of the entire 

population (Wang and Yang 1998; Welsh and Lenard 2001; Hu et al. 2012). Variations in 

thoracic size, shape, bone density, and cortical thickness with age and sex will result in 

different injury tolerances to traumatic insults. In order to prevent and mitigate injuries, a 

better understanding of the biomechanics and injury mechanisms of the thorax is needed. 

Computational modeling has emerged as a powerful and versatile tool to assess 

injury risk and improve the effectiveness of vehicle safety systems. Current finite element 
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(FE) models are limited to certain ages and sexes in the population. The full-spectrum of 

ages was not investigated in any previous studies and females in particular are under-

represented (Lizee et al. 1998; Plank 1998; Wang and Yang 1998; Deng et al. 1999; Ruan 

et al. 2003; Kent et al. 2005; Kimpara et al. 2005; Tamura et al. 2005; Vezin and Verriest 

2005; Gayzik et al. 2006; Mattrey et al. 2008; Ito et al. 2009; Song et al. 2009; El-Jawahri 

et al. 2010). While in theory, FE models can represent all ages and sexes, a limitation of 

FE modeling is the time-consuming process to develop subject-specific meshes. In order 

to accelerate the development of FE models, model morphing can be used to accurately 

and efficiently generate models of all ages and sexes. The purpose of this study is to 

develop and validate age and sex-specific FE models of the thorax to accurately model 

thorax morphology and mechanics for males and females of ages 30 and 70 years old 

(YO). The biomechanical response of an individual of a given age and sex will be studied 

through simulations of various frontal and lateral impacts to assess the importance of 

geometric and material property changes with age and sex. 

2. METHODS 

2.1 Model Development 

The selection of 30 and 70 YO models was based on previous recommendations 

that defined a young adult group between 16 and 35 YO and an elderly group 66 YO and 

older (Zhou 1996). Previous age-specific models used similar ages of 35 and 75 YO to 

define an adult and elderly model (Ito et al. 2009; El-Jawahri et al. 2010).  

2.1.1 Geometric Changes with Aging 

Geometric changes with aging were implemented by changing the shape of the 

thorax. Development of age and sex-specific FE meshes involves morphing an existing 



23 

 

FE model of the thorax using radial basis function (RBF) interpolation, specifically with 

a thin-plate spline as the basis function. The thin-plate spline is a smooth function that 

interpolates the connections between the nodes while minimizing the amount of change 

in landmark positions. The thin-plate spline procedure detailed by Bookstein et al. 

involves the calculation of a bending energy matrix, L, and a partial warp score matrix, 

W, to determine the interpolation function and coefficients to map landmark coordinates 

on a reference structure to homologous landmark coordinates specified on a target 

structure. Subsequently, the calculated interpolation function and coefficients can be 

applied to other coordinates associated with the reference, i.e. the nodal coordinates of 

the FE model (Bookstein 1989). Thin-plate spline regularization was employed to relax 

interpolation requirements so that the resulting surface did not have to pass exactly 

through all the control points. Regularization is controlled by the regularization 

parameter, λ, which was adjusted to achieve the highest element quality (Donato and 

Belongie 2002).  

In order to execute the thin-plate spline interpolation, homologous landmarks on 

the reference, target, and FE model are required. The reference and FE model 

homologous landmarks were derived from the Global Human Body Models Consortium 

(GHBMC) v4.2 average male occupant model. The GHBMC is representative of a 50th 

percentile male (M50) and was based on medical images of a 26 year old individual 

(height: 174.9 cm, weight: 78.6 ± 0.77 kg, and body mass index (BMI): 25.7 ± 0.25) 

(Gayzik et al. 2011; Vavalle et al. 2013). A simplified full body model using the 

GHBMC M50 v4.2 was developed by combining the detailed thorax, detailed abdomen, 

rigid head, simplified neck, and rigid lower extremity. An image segmentation and 
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registration algorithm was previously used to collect homologous rib and sternum 

landmark data from males and females aged 0-100 years (Weaver et al. 2014; Weaver et 

al. 2014). The Generalized Procrustes Analysis (GPA) was applied to the homologous 

landmark data to quantify age and sex-specific size and shape changes, as well as isolated 

shape changes in the thorax. For the purposes of this study, the isolated shape change 

models representative of specific ages of males and females were used to define the target 

homologous landmarks. The isolated shape change models for both the males and 

females are scaled to a 50
th

 percentile male size which allows for the incorporation into 

the simplified full body GHBMC M50 v4.2. The combined size and shape models, not 

used in this study, are not scaled to a particular percentile, but instead represent the 

percentile size of the subjects of a given age and sex from the sample population 

analyzed (Weaver et al. 2014).  

Although homologous landmark data was only collected for the ribs and sternum, 

associated structures such as the costal cartilage, intercostal muscles, spine, and thoracic 

organs as well as the external body surface geometry are morphed along with the skeletal 

structures due to the connection of the elements. In order to reduce computational time of 

the morphing process, a uniform 5% subsample of the landmarks from the reference and 

target was selected resulting in a reduction to 9,524 landmarks.  The element quality of 

the reference and morphed FE models was analyzed by comparing the Jacobian (>0.3), 

warpage angle (<50°), and aspect ratio (<8). While the morphing process is automated, 

manual mesh cleanup is required to ensure element quality standards are met. An 

additional 54 reference and target homologous landmarks representative of external 

anthropometry of the GHBMC M50 model were incorporated as control points to 
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maintain the 50
th

 percentile size during the morphing process. To compare geometric 

differences across the models, the rib angles of each rib were measured from the 

superior-most posterior point of the rib to the superior-most anterior point of the rib 

relative to a straight vertical normal line. 

2.1.2 Material Property Changes with Aging 

To evaluate the role of material property changes with age, a technique developed 

by Golman et al. was implemented to age the ribs by adjusting the ultimate plastic strain 

(Golman et al. 2014). A statistically significant correlation between age and ultimate 

strain based on two previous studies was developed as given in Eq. (1) (Kemper et al. 

2005; Kemper et al. 2007). While sex may be a significant factor in the material 

properties of human rib cortex, current literature has found no statistically significant 

differences with sex in material properties obtained from coupon testing (Lindahl and 

Lindgren 1967; Yeni et al. 1998; Stitzel et al. 2003; Kemper et al. 2005). Therefore, sex 

was not controlled for and the simulations for the single factor material properties were 

only performed for the two ages and two loading cases.  

                   𝑢𝑙𝑡𝑖𝑚𝑎𝑡𝑒 𝑝𝑙𝑎𝑠𝑡𝑖𝑐 𝑠𝑡𝑟𝑎𝑖𝑛 [𝑢𝑛𝑖𝑡𝑙𝑒𝑠𝑠] =  
−383 ∗ 𝑎𝑔𝑒 [𝑦𝑒𝑎𝑟𝑠] + 37,514

106
      [1] 

The ribs in the GHBMC M50 v4.2 are modeled as a piecewise linear plasticity 

material with a failure strain. Rib fracture is predicted by deleting elements exceeding the 

prescribed failure plastic strain in the cortical bone (Li et al. 2010). The material 

properties for the cortical bone of the ribs for the GHBMC M50 v4.2 model and the age-

specific models are provided in Table 1. As expected, the ultimate plastic strain decreases 

with age resulting in an increased risk of rib fracture for similar loading conditions. 
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Abbreviated Injury Scale (AIS) 98 injury severity for each simulation was determined 

using the number of predicted rib fractures (AAAM 2001). The effects of age-related 

changes in the thoracic soft tissue were not studied due to limited data in the literature 

(Kent et al. 2005). Therefore, the material properties of the surrounding soft tissue were 

constant across the models and representative of what is currently implemented in the 

GHBMC M50 v4.2 model.  

Table 1. Material properties for the rib cortical bone. 

FE Model 

Elastic 

Modulus 

(GPa) 

Yield 

Stress 

(MPa) 

Yield 

Strain 

(%) 

Ultimate 

Plastic 

Strain 

(%) 

Ultimate 

Strain 

(%) 

GHBMC M50 v4.2 11.5 88 0.77 1.80 2.57 

30 YO  11.5 88 0.77 2.60 3.37 

70 YO 11.5 88 0.77 1.07 1.84 

 

2.2 Simulation Validation 

All simulations were run using LS-Dyna (v6.1.1 rev78769, LSTC, Livermore, 

CA) on a Linux Red Hat computational cluster maintained at Wake Forest University 

(DEAC cluster). The simplified full body model GHBMC M50 v4.2 was developed for 

simulation purposes and allowed for faster run time in order to perform a greater number 

of simulations than with the full detailed model. The simplified GHBMC M50 v4.2 

model contains 747 thousand nodes, 1.6 million elements, 378 parts, and represents a 

weight of 74.3 kg.  The simplified GHBMC M50 v4.2 model was validated against the 

following experimental testing conditions to assess numerical stability and overall 

responses of the model: frontal hub impact (Lebarbé and Petit 2012), lateral impact 

(Kemper et al. 2008), lateral shoulder impact (Koh et al. 2005), abdominal bar impact 

(Hardy et al. 2001), and oblique abdominal hub impact (Viano 1989). Overall responses 
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of the simplified model were comparable to the experimental data as well as the GHBMC 

M50 v4.2. The simplified full body model responses resulted in slight deviations from the 

GHBMC M50 v4.2 due to the simplifications of the head and neck.  

To evaluate the thoracic response, two loading cases (frontal hub impact and 

lateral impact) were simulated to assess the importance of geometric and material 

property changes with age and sex (Figure 5). The frontal hub impact was conducted at 

6.7 m/s with a 23.4 kg cylindrical impactor striking the sternum at the fourth rib 

interspace. The raw data was mass-scaled to 75 kg using the method described by 

Eppinger and was filtered at 300 Hz with an SAE class filter (Eppinger et al. 1978). The 

target corridors were developed for specific masses representative of a 50
th

 percentile 

male. Since the mass of the morphed models was lower than the mass used to develop the 

target corridors, the predicted model response was mass scaled accordingly to allow for a 

consistent comparison. Deflection was normalized by chest depth and was calculated as a 

percentage to compare models. Chest depth was calculated by averaging the coordinates 

of external nodes on the left and right front chest and calculating the distance between 

this averaged chest location and a node on T8. The lateral impact was conducted at 12.0 

m/s with a 23.4 kg flat plate impactor striking the shoulder, arm, and ribs. The simulation 

corresponds to the 45° arm angle destructive testing conducted by Kemper et al. The raw 

data was filtered at 600 Hz with an SAE class filter and mass-scaled to 76 kg.  

The GHBMC M50 v4.2 is pre-programmed with upper, middle, and lower 

chestbands that are each comprised of 32 nodes (Hayes et al. 2014). Chestbands were 

placed around the circumference of the chest approximately at the level of the 4
th

, 6
th

, and 

8
th

 ribs. Model chestband results were analyzed by using the post processor, LS-PrePost 
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(LSTC, Livermore CA, v4.1), and MATLAB (The Mathworks, R2013a) for each 

simulation.  LS-PrePost was used to visualize chestband responses and obtain Cartesian 

coordinates of each chestband’s nodes over time.  The coordinates of the chestband were 

sampled at a rate of 10,000 Hz.  

 

Figure 5. Simulation setup for (a) frontal hub impact and (b) lateral impact with initial 

velocity (vo) indicated. For the frontal hub impact, vo is applied in the x-direction and for 

the lateral impact, vo is applied in the y-direction according to the SAE J211 coordinate 

system.   

 

A total of 20 simulations were performed (Table 2). The simulations included two 

ages and two sexes with two loading cases. Single factors studied included geometric and 

material property changes with age and sex. Multiple factors included the combination of 

geometric and material property changes with age and sex. 

Table 2. Simulation test matrix for age and sex-specific thorax shape models incorporated 

into a simplified GHBMC full body model. 

 

vo 
vo 

(a) (b) 

Model 

Simulation 
Single 

Factor 
Multiple Factors Age 

(yrs) 
Sex 

30 

70 

Male 

Female 

Frontal Hub Impact  

(6.7 m/s; Force vs. Deflection) 

 

Lateral Impact  

(12.0 m/s; Force vs. Time) 

Geometric 

 

Material 

Properties 

Geometric+ Material 

Properties 
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3. RESULTS 

Figure 6 shows the morphing results for the 30 and 70 YO male and female. 

Overall, the ribs 1-12 rotated superiorly an average of 2.28° in males and 1.46° in 

females from 30 to 70 YO. The chest depth of the simplified GHBMC M50 v4.2 model 

was 240.7 mm. The chest depth of the 30 and 70 YO male models was 237.1 and 245.1 

mm, respectively. The chest depth of the 30 and 70 YO female models was 236.7 and 

241.2 mm, respectively. The mass of the 30 and 70 YO male models was 73.8 and 74.0 

kg, respectively. The mass of the 30 and 70 YO female models was 73.3 kg for both ages. 

As a result, all the models were within 1.4% of the baseline GHBMC M50 v4.2 

simplified model mass. The regularization parameter used to relax the interpolation 

requirements resulted in slight deviations in the shape change models derived from the 

Weaver et al. data. However with no relaxation, the mesh quality substantially 

deteriorates. 

 

Figure 6. 

Comparison of 

30 and 70 YO 

male and female 

morphed 

models. 
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3.1 Frontal Hub Impact 

The model outputs of the frontal hub impact simulations when the geometric, 

material properties, and combined geometric and material properties are varied with age 

and sex are shown in Figure A1. The force versus deflection in the frontal hub impact 

simulations can be compared to the Lebarbé corridors and experimental average in Figure 

A1 (Lebarbé and Petit 2012). The responses from the 30 YO and 70 YO male and female 

models were generally within the corridors. The percent difference of the 70 YO models 

relative to the 30 YO models for the maximum thoracic force (Fmax) and the maximum 

percent compression is summarized in Figure 7 by age and sex for geometric changes 

only, material property changes only, and combined geometric and material property 

changes. The 70 YO female geometric model experienced up to a 5.95% decrease in Fmax 

and the 70 YO male geometric model experienced up to 6.54% decrease in the maximum 

percent compression.  

For Fmax, the models with geometric changes only and models with geometric and 

material property changes showed the most variation in the response. Material property 

changes alone had little to no effect on Fmax with an average value of 4.3 kN across all 

ages and sexes. The 30 YO models tended to experience slightly higher Fmax values in 

comparison to the 70 YO models. For the maximum percent compression, the models 

with geometric changes only and models with geometric and material property changes 

also showed the most variation in the response. The percent compression was slightly 

higher for the 30 YO models in comparison to the 70 YO models. A comparison of the 

strain history of the 30 YO and 70 YO male geometric and material property models is 

provided in Figure 8a. During the course of the simulation, the 70 YO model experienced 
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higher strain values in comparison to the 30 YO model.  A comparison of the chestband 

contours at the maximum deflection state is provided in Figure A2 for each simulation 

case. Slight differences in the chestband contour response are shown for the models with 

geometric changes and models with geometric and material property changes. 

  
Figure 7. Percent difference of the 70 YO models relative to the 30 YO models comparing 

single factors and multiple factors for the frontal hub impact.  Percent difference was 

calculated as follows: (70 YO ‒ 30 YO)/ 30 YO. A positive percent difference represents an 

increase comparative to the 30 YO while a negative percent difference represents a 

decrease. On the left, the maximum force (Fmax) results and on the right, the maximum 

percent compression. 

 

3.2 Lateral Impact 

The model outputs of the lateral impact simulations when the geometric, material 

properties, and combined geometric and material properties are varied with age and sex 

are shown in Figure A3. The impactor force versus time can be seen compared to the 

experimental results in Figure A3. The first peak force represents the inertial and 

compressive response of the arm and shoulder. The second peak force represents the 

inertial and compressive response of the thorax. The percent difference of the 70 YO 

models relative to the 30 YO models for Fmax is summarized in Figure 9 by age and sex 

for geometric changes only, material property changes only, and combined geometric and 
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material property changes. The 70 YO male geometric and material property model 

experienced an increase of 11.38% in Fmax relative to the 30 YO male geometric and 

material property model.  

 

 
Figure 8. Strain history for the 30 YO and 70 YO male geometric and material property 

models for the (a) thoracic frontal hub impact and the (b) thoracic lateral impact. 
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Fmax for the experimental data of the lateral impact tests was 11.6 ± 3.2 kN. The 

values predicted for the geometric changes only and combined geometric and material 

property changes models are comparable to the experimental data. The material property 

changes model had little to no effect on Fmax. The 70 YO models tended to have slightly 

higher Fmax values in comparison to the 30 YO models. In addition, the males tended to 

have slightly higher Fmax values in comparison to the females. A comparison of the strain 

history of the 30 YO and 70 YO male geometric and material property models is 

provided in Figure 8b. During the course of the simulation, the 70 YO model experienced 

higher strain values in comparison to the 30 YO model. A comparison of the chestband 

contours at the maximum deflection state is provided in Figure A4 for each simulation 

case. Slight differences in the chestband contour response are shown for all three factors. 

The chestband contours of the 30 YO male model deviated from the other models due to 

slightly different loading of the arm during the lateral impact.  

 

Figure 9. Percent difference of the 

maximum force (Fmax) of the 70 YO 

models relative to the 30 YO models 

comparing single factors and multiple 

factors for the thoracic lateral impact. 

 

 

3.3 Fracture Prediction 

A summary of the predicted rib fractures for the frontal hub impact and lateral 

impact tests is provided in Figure 10. In the experimental data for the frontal hub impact 
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tests, eight subjects with a mean and standard deviation age of 55.5 ± 23.4 sustained 9.4 ± 

7.2 rib fractures. The computational models underpredicted the number of rib fractures in 

comparison to the experimental data. The combined geometric and material property 

changes models resulted in the most rib fractures with 4 fractures predicted for the 70 YO 

male and female models which correlates to an AIS 2 injury. The 30 YO models 

predicted 0 to 2 fractures resulting in AIS 0 to AIS 2 injuries. The 70 YO models 

predicted 2 to 4 fractures resulting in AIS 2 injuries.  

In the experimental data for the lateral impact tests, there were two subjects (ages 

47 and 61) that sustained 21 rib fractures on the impacted side and 1 to 2 rib fractures on 

the non-impacted side. The models tended to underpredict the number of rib fractures in 

comparison to the experimental data. The 70 YO material property changes models and 

combined geometric and material property changes models resulted in the most rib 

fractures resulting in AIS 3 injuries. The 30 YO models predicted 5 to 9 fractures 

resulting in AIS 3 injuries. The 70 YO models predicted 8 to 19 fractures resulting in AIS 

3 injuries. In addition, the 70 YO models matched the experimental data with the 2 rib 

fractures predicted on the non-impacted side.   

  
Figure 10. Summary of predicted rib fractures for thoracic frontal hub impact and lateral 

impact. 
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4. DISCUSSION  

In this study, age and sex-specific FE models of the thorax were developed for a 

30 YO and 70 YO male and female. To evaluate the thoracic response, two loading cases 

(frontal hub impact and lateral impact) were simulated to assess the importance of 

geometric and material property changes with age and sex. Geometric changes were 

implemented based on statistical data characterizing the shape changes of thorax 

morphology for males and females of ages 0-100. A radial basis function interpolation 

using a thin-plate spline basis function was used to morph an existing FE model to 

specific ages and sexes. Consistent with previous literature, the 70 YO models possess 

increased thoracic kyphosis as shown in Figure 2 due to the covariance of rib geometry 

and spine posture (Gayzik et al. 2008; Weaver et al. 2014). In addition, Figure 2 shows 

the increased roundedness as well as the upward rotation of ribs which influences the 

biomechanical response of the thorax. Previous studies that have explored geometric 

changes only varied rib angles (Kent et al. 2005; El-Jawahri et al. 2010). The detailed 

homologous landmark data from the Weaver et al. study not only captures the rib angle 

changes but captures the full three-dimensional changes in the rib cage. The shape 

models were utilized in order to compare full-body simulations across certain ages and 

sexes. However, the female shape models were scaled to a 50
th

 percentile male size and 

therefore do not represent the response of an average female. The size and shape models, 

not used in this study, are not scaled to a particular percentile. Models derived from this 

data would be of the thoracic structure alone and therefore only local simulations could 

be performed. While the shape models are limited in their ability to realistically represent 
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real world occupants, the size and shape models would not provide much useful 

information if only local simulations could be performed.  

Material property changes were implemented using techniques derived from 

literature to age the ribs by adjusting the ultimate plastic strain. Overall, changes in 

geometry and material properties resulted in differing responses across age and sex. 

However, material property changes alone had little to no effect on the overall response 

of the thorax. These results agree with previous findings in literature that the definition of 

the rib cortical bone ultimate strain has little effect on the output of the model (Forman et 

al. 2012). While the results showed minor differences across ages and sex in terms of 

global parameters such as Fmax and percent compression, there were more noticeable 

differences on a local and tissue level in regards to the strain values and number of rib 

fractures across the ages and sexes.  

For the frontal hub impact simulations, the 30 YO models tended to experience 

slightly higher Fmax values in comparison to the 70 YO models. Fmax is affected by mass 

recruitment as well as thoracic stiffness. The geometric changes with age contribute to 

the differences in thoracic stiffness. For ages 20-60, there is an increase in thoracic 

kyphosis and superior rotation of the ribs. For ages 60 and older, there is an increase in 

thoracic kyphosis, an inferior rotation of the upper ribs, and a superior rotation of the 

lower ribs (Weaver et al. 2014). With the superior rotation of the ribs that occurs from 

age 30 to 70, there is less joint rotation which results in a stiffer thoracic response. There 

are slight differences in Fmax by sex with the most apparent difference occurring at age 30. 

These differences are most likely the result of the slight geometric and structural 
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variations due to sex. Similar trends in thoracic stiffness have been reported in literature 

(Maltese et al. 2008; Agnew et al. 2013).  

Additionally for the frontal hub impact simulations, the percent compression was 

slightly higher for the 30 YO models in comparison to the 70 YO models. Younger ages 

tend to have more compliant thoraxes resulting in more chest deflection. With age, the 

thorax becomes stiffer which can result in increased bone strain that can increase the risk 

of fracture. The 70 YO models predicted more rib fractures than the 30 YO models. 

However, this did not have any effect on the amount of deflection during the simulation.  

 For the lateral impact simulations, the 70 YO models tended to have slightly 

higher Fmax values in comparison to the 30 YO models. Fmax is greater for older ages 

possibly due to the increased roundedness of the rib cage with age. The 70 YO models 

also predicted more rib fractures than the 30 YO models but once again this had no effect 

on Fmax during the simulation.  

For both impact simulations, the number of rib fractures predicted was analyzed. 

Overall, with increasing age there was an increase in the number of rib fractures. Due to 

the decrease in the ultimate plastic strain with age, the 70 YO models predicted more rib 

fractures than the 30 YO models. The material properties are the same for both males and 

females due to limited experimental data. As a result, the difference in rib fractures 

among males and females of the same age is solely due to the changes in geometry. The 

superior rotation of the ribs with age results in a more horizontally oriented rib. As a 

result, loading in the anterior-posterior direction results in increased deflection and an 

increased risk of rib fracture (Kent et al. 2005). The 70 YO male models experienced 

more superior rotation of the ribs as well as an expansion in the lateral rib cage width 
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which resulted in slight differences in the prediction of rib fractures in comparison to the 

female 70 YO model. For the 30 YO models, the males experienced slightly more 

superior rotation of the ribs in comparison to the females which resulted in slightly more 

predicted rib fractures for the males. 

However, it should be noted that prediction of rib fractures is very complex since 

various factors including age, bone mineral density, and pre-existing conditions can result 

in different outcomes. In addition, rib fractures can be influenced by the properties of the 

surrounding soft tissue which were not changed due to limited experimental data. For the 

frontal hub impact, the number of predicted fractures was much lower than the 

experimental results. However, this is most likely the result of age-related changes to the 

surrounding structures which would result in more rib fractures in the older cadaver 

models for the experimental work. The age-related changes in the surrounding structures 

of the FE models were not controlled for and therefore less rib fractures were predicted. 

For the lateral hub impact, the prediction level was much closer to the experimental 

results as the properties of the surrounding structures have less of an effect on fracture 

prediction due to the lateral loading direction.    

 There are a few limitations associated with the study. In addition to age and sex, 

BMI also affects rib geometry (Shi et al. 2014). BMI was not controlled for in the 

development of the statistical models used in this study and therefore was not accounted 

for in the development of the rib FE models. The goal of this study was focused on the 

changes in the rib cage and not the external body shape. However, these models can serve 

as a baseline for future work to include external body shape changes. Another limitation 

of the study involves the female shape models being scaled to a 50
th

 percentile male size. 
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This will be addressed in the future when the GHBMC releases female-specific models in 

which the age-specific rib cages of the females from this study can be incorporated to 

accurately represent an average female. Another limitation of the morphing technique is 

that it does not account for variability in cortical bone thickness. Future work includes 

incorporation of cortical thickness differences with age and sex based on medical 

imaging data. Incorporation of material property changes with age also serves as a 

limitation. Currently in the literature, there is limited data related to the material property 

changes with age and sex. Refinement of these models can be performed when more 

extensive age and sex data becomes available. Similarly, the validation of these models 

poses a limitation since most experimental work is limited to primarily older male 

cadavers. Additional comparison of these models can be performed if more age and sex-

specific experimental work is completed. The current study focused only on the 

responses of 30 and 70 YO males and females. Future work includes development and 

simulation of the models across the full age and sex spectrum to characterize the thoracic 

response for an entire population. Future work could also consider the effects of the 

residual variance from the regression equations for shape to characterize population 

variability, but this was beyond the scope of the current study. 

Understanding the age and sex-specific biomechanics of the thorax will lead to 

advancements in vehicle safety design such as restraint systems which could be tailored 

to an occupant’s age and sex. Assessment of injury risk and effectiveness of the 

performance of vehicle safety systems can be performed using computational models. 

Current FE models are limited to certain ages and sexes in the population. Development 

of age and sex-specific FE models of the thorax will provide valuable tools for evaluating 
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vehicle crashworthiness and understanding variations in thoracic injury patterns due to 

MVCs across populations. The goal of this research is to develop the age and sex-specific 

FE models to predict, prevent, and mitigate thoracic injuries for the whole population 

with specific interest in at-risk populations including pediatrics and the elderly.  

5. CONCLUSION 

Morphed age and sex-specific FE models of the thorax were developed using 

thin-plate spline interpolation. The advantages of this approach include smooth 

interpolation between the reference and target geometry and a time efficient method of 

developing a large number of FE models in comparison to the development of patient-

specific models. The age and sex-specific models developed in this study incorporate 

detailed changes in geometric and material property changes based on a large population 

sample. Geometric and material property changes with age and sex result in different 

responses of the thorax. The development of these age and sex-specific FE models of the 

thorax will lead to an improved understanding of the complex relationship between 

thoracic geometry, age, sex, and injury risk. The improved understanding gained from 

these models will aid in changes in restraint design and use to not only reduce injuries but 

also save lives.   
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8. APPENDIX 

Figure A1. Force vs. deflection for thoracic frontal hub impact for geometric changes only 

(top), material property changes only (middle), and geometric and material property 

changes (bottom). The 30 YO and 70 YO male and female responses are plotted along with 

the Lebarbé corridors and experimental mean (Lebarbé and Petit 2012). 

Geometric Changes  

 
Material Property Changes 

 
Geometric and Material Property Changes  
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Figure A2. Age and sex-specific model response for the upper (top), middle (middle), and 

lower (bottom) chestbands in the maximum deflection state for the thoracic frontal hub 

impact for geometric changes only (left), material property changes only (middle), and 

geometric and material property changes (right). 
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Geometric Changes  

 
Material Property Changes 

 
Geometric and Material Property Changes  

 
Figure A3. Force vs. time for thoracic lateral impact for geometric changes only (top), 

material property changes only (middle), and geometric and material property changes 

(bottom). The 30 YO and 70 YO male and female responses are plotted along with the 

experimental results from Kemper et al. (Kemper et al. 2008).  
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Figure A4. Age and sex-specific model response for the upper (top), middle (middle), and 

lower (bottom) chestband in the maximum deflection state for the thoracic lateral impact 

for geometric changes only (left), material property changes only (middle), and geometric 

and material property changes (right). 
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ABSTRACT 

The aging population is a growing concern as the increased fragility and frailty of 

the elderly results in an elevated incidence of injury as well as an increased risk of 

mortality and morbidity. To assess elderly injury risk, age-specific computational models 

can be developed to directly calculate biomechanical metrics for injury. The first 

objective was to develop an older occupant Global Human Body Models Consortium 

(GHBMC) average male model (M50) representative of a 65 year old (YO) and to 

perform regional validation tests to investigate predicted fractures and injury severity 

with age. Development of the GHBMC M50 65 YO model involved implementing 

geometric, cortical thickness, and material property changes with age. Regional 

validation tests included a chest impact, a lateral impact, a shoulder impact, a 

thoracoabdominal impact, an abdominal bar impact, a pelvic impact, and a lateral sled 

test. The second objective was to investigate age-related injury risks by performing a 

frontal US NCAP simulation test with the GHBMC M50 65 YO and the GHBMC M50 

v4.2 models. Simulation results were compared to the GHBMC M50 v4.2 to evaluate the 

effect of age on occupant response and risk for head injury, neck injury, thoracic injury, 

and lower extremity injury. Overall, the GHBMC M50 65 YO model predicted higher 

probabilities of AIS 3+ injury for the head and thorax. 

Keywords: Older occupant, Injury risk, Finite element modeling, Full human body 

model 
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1. INTRODUCTION 

Morphologic, compositional, and material changes in the human body with age 

can result in increased fragility and frailty in the elderly as well as an elevated incidence 

of injury and increased risk of mortality and morbidity (Burstein et al. 1976; Zioupos and 

Currey 1998; Kahane 2013). In the next 40 years, the United States is projected to 

experience a rapid growth in the elderly population, with the proportion of adults aged 

65+ years in the population increasing from 13% in 2010 to 20% by 2040 (Vincent and 

Velkoff 2010). By 2050, the population of persons aged 65+ years is projected to reach 

16% globally and 26% in more developed countries (Haub 2011; U.S. Census Bureau 

2013). The growing elderly population presents a need for full human body 

computational models that are representative of explicitly older occupants. Such models 

can be used to directly calculate biomechanical metrics for injury to better understand the 

effects of age on injury risk, injury type, and injury severity. Current human body models 

are developed using characteristics of both the young and old adult population. Typically, 

geometry is based on younger subjects while material properties and validation 

experiments use primarily older post mortem human surrogate (PMHS) subjects. As a 

result, the exact age of these models is difficult to determine. Therefore, there is a need 

for both explicitly young and old human body models in order to accurately assess the 

relative risk of injury. The advantages of computational modeling to evaluate age-specific 

injury risk include cost effectiveness as well as the ability to perform extensive 

parametric analyses which would not be feasible in an experimental approach. These 

models could be used to evaluate vehicle crashworthiness and optimize the performance 

of seat belts, load limiters, pretensioners, and airbags for the aging population.  
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Previous older occupant finite element (FE) models have been developed by 

modifying existing baseline FE models including the Ford Human Body Model, the H-

Model, and the Total Human Model for Safety (THUMS). El-Jawahri et al. developed a 

75 year old (YO) model using the Ford Human Body Model mid-sized male as the 

baseline FE model (El-Jawahri et al. 2010). Geometrical changes were implemented in 

the thorax using techniques and data derived from Kent et al. and Gayzik et al. to change 

the angle of the ribs (Kent et al. 2005; Gayzik et al. 2008). Compositional changes of the 

cortical thickness of the ribs, clavicle, scapula, vertebrae, and long bones were 

implemented using techniques derived from Stein and Granik and Dokko et al. (Stein and 

Granik 1976; Dokko et al. 2009). Material property changes of cortical and trabecular 

bone of the long bones, ribs, scapula, clavicle, pelvis, and vertebrae were adjusted using 

aging functions developed by Dokko et al. to change the values of the ultimate tensile 

stress, yield stress, and Young’s modulus (Dokko et al. 2009). Validation of the model 

included complete isolated rib testing, rib tension and 3-point bending, isolated ribcage 

front loading, a thoracic pendulum impact, table top tests, a mid-abdomen rigid bar 

impact, a frontal sled impact, an oblique thoracic impact, a lateral thoracic impact, and an 

oblique abdominal impact (El-Jawahri et al. 2010; El-Jawahri et al. 2012).  

Dokko et al. and Ito et al. conducted a series of studies to develop 35 and 75 YO 

lower limb, pelvis, thorax, and lumbar spine FE models (Dokko et al. 2009; Dokko et al. 

2009; Ito et al. 2009). Lower limb and pelvis models were developed based on a previous 

model (Kikuchi et al. 2006). Aging functions for the material properties of the femur 

were developed for the cortical and trabecular bone for the values of Young’s modulus, 

yield stress and strain, and ultimate stress and strain based on previous literature 
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(Takahashi et al. 2000). Scale factors were derived from literature to change the material 

properties of the tibia and fibula. Compositional changes of the cortical thickness of the 

femur, tibia, and fibula were changed using data from Ruff and Hayes (Ruff and Hayes 

1988). The material properties of the pelvis were initially modeled using femur material 

parameters which were later adjusted based on component validation. The thorax models 

were developed based on the H-Model. Geometric changes were implemented by 

averaging the rib angle data from the Kent et al. and Gayzik et al. studies (Kent et al. 

2005; Gayzik et al. 2008). Compositional changes in the cortical thickness were 

implemented based on previous literature (Stein and Granik 1976; Mohr et al. 2007). The 

aging functions developed for the femur model were used to age the cortical and 

trabecular bone of the ribs, sternum, and clavicle.  Lumbar spine FE models were 

developed based on a previous baseline FE model (Sugimoto and Yamazaki 2005). Based 

on the literature, the geometric and compositional changes were scaled to represent an 

adult and elderly occupant. Material properties of the lumbar vertebrae were derived from 

the aging functions of the femur. The models for the lower limb, pelvis, thorax, and 

lumbar spine were all incorporated into the full body H-Model. Validation of the full 

body model included a table top thoracic belt loading, a frontal sled impact, a shoulder 

impact, lateral and oblique thoracic impact, a pelvic impact, and a lateral sled impact (Ito 

et al. 2012; Dokko et al. 2013).  

Kent et al. developed an elderly thoracic H-Model (Kent et al. 2005). Geometric 

changes were implemented by rotating the ribs upward based on computed tomography 

(CT) scan data. Material properties of the rib cortical bone were changed based on data 

from Carter and Spengler to adjust Young’s modulus, plastic modulus, yield stress, and 



55 

 

failure strain (Carter and Spengler 1978). The cortical thickness of the model was 

reduced based on previous literature (Stein and Granik 1976). Validation included single 

and double belt loading. Similarly, Tamura et al. developed an elderly thoracic THUMS 

model (Tamura et al. 2005). No geometric changes were imposed, however, material 

properties based on a 61 and a 67 YO were used to age the cortical bones of the ribs. 

Validation of the model included distributed loading, hub loading, diagonal belt loading, 

and 4-point belt loading.  

A limitation of the previous older occupant FE models are the simplified 

techniques used to implement geometric and compositional changes. One of the reasons 

for this is the result of the time-consuming process required to remesh and develop 

subject-specific FE models. Previous literature has accelerated the development of 

subject-specific FE models through the use of model morphing techniques (Hu et al. 

2012; Shi et al. 2014; Vavalle et al. 2014; Klein et al. 2015; Schoell et al. 2015). One 

advantage of morphing FE models is the ability to capture local structural changes based 

on population-based statistical models. Similarly, more advanced techniques have been 

developed to quantify compositional changes of the cortical thickness of bones using 

clinical CT scans to study population-based variations across the entire surfaces of bones 

such as the skull, ribs, and femur (Klein et al. 2015; Lillie et al. 2015).  

The current study consists of two objectives. The first objective was to develop an 

older occupant Global Human Body Models Consortium (GHBMC) average male model 

(M50) representative of a 65 YO and to perform regional validation tests to investigate 

predicted fractures and injury severity with age. The second objective was to investigate 

age-related injury risks by performing a frontal US NCAP simulation test with the 
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GHBMC M50 65 YO and the GHBMC M50 v4.2 models. Simulation results were 

compared to the GHBMC M50 v4.2 to evaluate the effect of age on occupant response 

and risk for head injury, neck injury, thoracic injury, and lower extremity injury. 

2. METHODS 

2.1 Model Development 

Development of the GHBMC M50 65 YO model involved implementing 

geometric, cortical thickness, and material property changes with age. The baseline FE 

model used to develop the GHBMC M50 65 YO model was the GHBMC M50 v4.2 

occupant model. The GHBMC M50 v4.2 is representative of a 50
th

 percentile male and 

was based on medical images of a 26 YO individual (height, 174.9 cm; weight, 78.6 ± 

0.77 kg; and body mass index [BMI], 25.7 ± 0.25 kg/m
2
) (Gayzik et al. 2011; Vavalle et 

al. 2013; Vavalle et al. 2015). The model contains a total of 2.2 million elements, 1.3 

million nodes, 984 parts, and represents a mass of 76.8 kg.    

2.1.1 Model Morphing 

Geometric changes with age were implemented through model morphing 

techniques to capture shape variation in the brain, skull, thorax, pelvis, femur, and tibia. 

A flowchart diagramming the model morphing workflow is provided in Figure 11. 

Morphing techniques involved the use of radial basis function (RBF) interpolation, 

specifically with the use of a thin-plate spline as the basis function and a relaxation 

algorithm (Bookstein 1989; Bookstein 1997; Donato and Belongie 2002; Stayton 2009). 

The inputs required for the thin-plate spline interpolation include landmarks on the 

reference and target geometries as well as the node locations of the baseline FE model. 

The landmarks on the reference and target geometries must be homologous. Homologous 
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landmarks are landmarks on analogous positions on each respective geometry that allow 

for a one-to-one mapping between the reference and target configuration. The reference 

landmarks and node locations were derived from the GHBMC M50 v4.2 model. The 

target landmarks were derived from population-based statistical models representative of 

a 65 YO male. The thin-plate spline interpolation as detailed by Bookstein et al. (1999) 

involves the calculation of a bending energy matrix and a partial warp score matrix to 

determine the interpolation function and coefficients to map reference landmark 

coordinates to homologous target landmark coordinates. The calculated interpolation 

function and coefficients can be applied to other coordinates associated with the 

reference, i.e. the nodal coordinates of the baseline FE model. A relaxation algorithm was 

incorporated into the thin-plate spline interpolation to reduce the number of control points 

that the interpolation function is constrained by. The relaxation is controlled by a 

regularization parameter, λ, which was adjusted to achieve the highest element quality. 

Thin-plate spline interpolation and the relaxation algorithm were executed using custom 

MATLAB scripts (R2013a, The MathWorks Inc., Natick, MA).  

Homologous landmark data on the reference (M50) and target (M50 65YO) were 

collected for the brain, skull, thorax, pelvis, femur, and tibia from medical imaging data. 

For a more in-depth description of the methods pertaining to the homologous landmark 

data collection, previous literature for each region can be referenced (Urban et al. 2012; 

Weaver et al. 2014; Weaver et al. 2014; Klein et al. 2015; Urban et al. 2016). A total of 

123 adult brain MRI scans were collected from the Open Access Series of Imaging 

Studies (OASIS) (Marcus et al. 2007). A total of 122 clinical head CT scans and 339 

clinical thoracic CT scans were obtained from the Wake Forest Baptist Health Picture 
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Archiving and Communication System (PACS) Radiology database. Image segmentation 

and registration with an atlas based on the geometry of the GHBMC M50 was used to 

extract high-resolution homologous landmark data from the brain, skull, ribs, and 

sternum for morphometric analysis. Thousands of landmarks were collected for each 

structure (i.e. 3,000 – 11,000 landmarks collected for smaller vs. larger ribs). The 

Generalized Procrustes Analysis (GPA) was used to analyze the homologous landmark 

data (Slice 2005). A full GPA was used to quantify the isolated shape changes and 

maintain a 50
th

 percentile size. Following the GPA, regression functions describing the 

3D locations of the landmarks with age and sex were developed. These regression 

functions were evaluated to produce landmark point clouds of head and thorax geometry 

representative of the isolated shape changes for a 65 YO male. For the 65 YO male, the 

brain landmarks incorporated only the lateral ventricles with 5,406 landmark points. The 

skull landmarks featured the inner, outer, and diploe layer with 163,569 landmark points. 

The thorax was represented by the ribs and sternum with 190,706 landmark points.  

The homologous landmark data for the pelvis, femur, and tibia were based on 

statistical skeletal models and the GHBMC M50 v4.2. 116 clinical CT scans for the 

pelvis, 98 scans for the femur, and 76 scans for the tibia were collected from the 

Department of Radiology in the University of Michigan. The geometry of each bone was 

extracted using OsiriX (Pixmeo, Switzerland) and Rhinoceros 3D (Robert McNeel & 

Associates, Seattle, WA). 47 anatomical landmarks were identified within the pelvis 

surface, 46 within the femur, and 43 within the tibia to represent the bony geometry. The 

external geometry of each bone was expressed as a function of subject-specific 

characteristics through linear mixed models analysis, principal component analysis, and 
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regression analysis. Thus, with subject-specific parametric information such as age (65 

YO) with a specified height and weight (174.9 cm, 76.8 kg), the anatomical landmarks of 

a subject-specific pelvis, femur, and tibia were generated. The comparison of these 

anatomical landmarks to the anatomical landmarks in the template bone meshes from 

GHBMC M50 v4.2 determined thin-plate spline functions for radial basis function 

morphing. Using the functions for each bone, all nodal coordinates in the template 

meshes were morphed into the surface of each bone to produce a morphed FE model of 

the pelvis, femur, and tibia. 

 

Figure 11. Flowchart of the model morphing workflow.  

 

In order to morph the full body, homologous landmark data of each region must 

be included to account for relative changes in shape. Therefore, the nodal coordinates of 

the morphed FE meshes of the pelvis, femur, and tibia were subsequently used as 

homologous landmark points for the full body morph. The pelvis contained 65,546 
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landmark points, each femur contained 10,989 landmark points, and each tibia contained 

12,353 landmark points.  

The homologous landmark data for the reference (M50) and target (M50 65 YO) 

for the brain, skull, thorax, pelvis, femur, and tibia, in addition to the FE node locations 

of the GHBMC M50 v4.2 model were used as inputs for the thin-plate spline 

interpolation. In order to reduce computational time of the morphing process, a uniform 

subsample of the landmarks from all the regions was selected (Figure 11). A total of 

11,948 landmarks were used for each of the reference and target configurations. A set of 

54 reference and target homologous landmarks representative of external anthropometry  

based on the bony landmarks of the GHBMC M50 v4.2 model were incorporated as 

control points to maintain the 50
th

 percentile size during the morphing process (Table 

B1). Figure 12 depicts the homologous landmark data used to define the reference (M50, 

black) and the target (M50 65YO, grey). Figure 12 also depicts the 54 external 

anthropometry points. The morphing process involves moving the nodal coordinates 

only. Therefore, the GHBMC M50 65 YO model contains the same number of elements, 

nodes, and parts as the GHBMC M50 v4.2. Element quality checks were performed to 

ensure the morphed model possessed good element quality. Manual mesh cleanup was 

implemented to ensure that the element quality standards were met. Element quality 

standards include hexahedral elements with Jacobian greater than 0.3, warpage angle less 

than 50°, aspect ratio less than 8, and skew less than 70°. The element quality standards 

for tetrahedral elements include tetrahedral collapse greater than 0.2, aspect ratio less 

than 8, skew less than 70°, volume skew less than 0.9, and volume aspect ratio less than 

8. The element quality standards for shell elements include a Jacobian greater than 0.4, 
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warpage angle less than 30°, aspect ratio less than 6, and skew less than 60° for quad 

elements and less than 70° for tria elements. The objective was to have 99% of the total 

number of elements meeting the element quality standards with 100% of the elements 

meeting the criteria for the Jacobian and tetrahedral collapse.  

 

Figure 12. Homologous landmarks used to define the reference (M50, black) and target 

(M50 65 YO, grey). Control points representing the external anthropometry points are 

designated by the large black spheres. 

 

2.1.2 Cortical Thickness Changes with Age 

Age-related changes in the cortical thickness of the skull, ribs, and femur were 

implemented using data collected from clinical CT scans (Klein et al. 2015; Lillie et al. 

2015; Lillie et al. 2016). A total of 123 clinical head CT scans and 222 clinical thoracic 

CT scans were obtained from the Wake Forest Baptist Health PACS Radiology database. 

A total of 98 clinical femur CT scans were obtained from the University of Michigan 

Department of Radiology. The patients scanned for the head CT scans ranged from 20 to 

99 years with approximately one scan collected per year increment for both males (60 

scans) and females (63 scans). The patients scanned for the thoracic CT scans ranged 
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from 10 to 100 years with 108 male subjects and 114 female subjects. The patients 

scanned for the femur CT scans ranged from 18 to 89 years with 62 male and 36 female 

subjects. Image segmentation for the skull and ribs was conducted using Mimics 

(Materialise, Leuven, Belgium). Segmentation methods included bone thresholding, 

region growing, manual editing, and hole filling to extract 3D surfaces of the skull and 

ribs. Image segmentation for the femur was conducted in OsiriX (Pixemo, Switzerland).  

A cortical thickness estimation algorithm was applied to the skull and ribs (Treece 

et al. 2010; Treece et al. 2012). This algorithm assumes a constant cortex density to 

estimate the cortical bone thickness from the clinical CT scans allowing for accurate 

estimation of cortex thickness down to approximately 0.3 mm. Overall, such variations 

likely would not have an effect on model response, however, the goal was to accurately 

characterize the cortical thickness of these thin regions. Algorithm outputs include point 

clouds with associated cortical thickness values at each point. The cortical thickness 

values were characterized and regressed with age and sex. The regression functions were 

evaluated to produce cortical thickness data of the skull and ribs representative of a 65 

YO male. The full thickness of the skull ranged from 1.89 to 11.43 mm for the 65 YO 

and ranged from 1.92 to 16.35 mm for the GHBMC M50 v4.2 model. The full thickness 

measurements of the GHBMC M50 v4.2 were directly taken from the model and 

therefore represent the 26 YO subject in which the model was based on. The rib cortical 

thickness of the 65 YO ranged from 0.32 to 1.96 mm and the GHBMC M50 v4.2 ranged 

from 0.21 to 2.78 mm. Rib cortical thickness data for the GHBMC M50 v4.2 was derived 

from data based on a population of elderly Korean males with an average age of 71.3 

(Choi and Lee 2009). 
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The femur cortical thickness was defined by the difference between the external 

surface and inner surface along the normal direction (Klein et al. 2015). Similar to the 

external geometry characterization for the femur, the cortical thickness of the femur was 

expressed as a function of subject-specific characteristics through linear mixed models 

analysis, principal component analysis, and regression analysis. A minimum threshold of 

1.25 mm was set due to limitations associated with scan resolution. The femur cortical 

thickness in the epiphyseal region ranged from 1.25 to 7.74 mm for the 65 YO while the 

GHBMC M50 v4.2 cortical thickness values ranged from 0.22 to 8.67 mm. The femur 

cortical thickness of the GHBMC M50 v4.2 was derived from PMHS data from Brown et 

al. (Brown and Vrahas 1984; Untaroiu et al. 2013). PMHS age was not reported by 

Brown et al. 

2.1.3 Material Property Changes with Age 

Age-related changes in the material properties of the head, thorax, pelvis, and 

lower extremity were implemented based on the literature. Due to the limited number of 

PMHS subjects under the age of 40, the majority of published experimental data on 

human tissues is based on older adults. Therefore, most of the material properties used in 

the GHBMC M50 v4.2 are representative of an older adult. Based on the literature, a few 

studies have quantified material property changes with age and have developed various 

aging functions (Dokko et al. 2009; El-Jawahri et al. 2010). The material properties of the 

GHBMC M50 v4.2 were tuned based on the literature to be representative of a 65 YO 

male. Table 3 and Table 4 list the material properties for the head, thorax, and 

pelvis/lower extremity (plex) for both the GHBMC M50 v4.2 and the 65 YO.  
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  The effect of aging on brain stiffness has been studied in animal models and in 

vivo human brains using magnetic resonance elastography (MRE), but with conflicting 

results. One animal study suggests that shear moduli increase with age (Thibault and 

Margulies 1998) while others show the opposite (Prange and Margulies 2002; Gefen et 

al. 2003). Within the MRE testing of the human brain, however, there is general 

agreement in the literature that brain stiffness decreases with age (Sack et al. 2009; Sack 

et al. 2011; Arani et al. 2015). In addition, the literature that describes this decrease in 

stiffness seems to predict shear moduli lower than the body of literature from which the 

GHBMC M50 v4.2 model was derived, which means there is no straightforward way to 

apply the relationship between stiffness and aging. It is a reasonable assumption that the 

GHBMC M50 v4.2 brain represents an elderly occupant. This is justified by the average 

subject age (63.9) documented in Fallenstein et al. in which the GHBMC M50 v4.2 brain 

material properties are derived from, as well as the fact that the subjects whose ages were 

not reported were likely elderly as well since the properties were obtained through PMHS 

testing (Fallenstein et al. 1969). Therefore, the material properties for the 65 YO brain 

model were unchanged from the current GHBMC M50 v4.2 (Table 3). 

The skull material properties were gathered from PMHS testing literature.  The 

most critical material properties, modulus of elasticity and ultimate stress were collected 

for both the cortical layers and diploe region.  The inner and outer table material 

properties were chosen to be the same material.  The skull cortical bone modulus of 

elasticity was selected to be 12.09 GPa by averaging the values reported by Peterson et 

al. and Wood et al. (Wood 1971; Peterson and Dechow 2002; Peterson and Dechow 

2003).  Similar methods were used to determine material properties for the diploe region.  
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The modulus of elasticity was set at 1.21 GPa, an order of magnitude lower than cortical 

bone (Melvin et al. 1969; Melvin et al. 1970).  McElhaney et al., when testing full 

thickness specimens of the skull arrived at values that were in between the ranges 

specified above, further indicating properly chosen values (McElhaney et al. 1970).  Both 

of the layers are stiffer than the GHBMC M50 v4.2 model values. 

The effect of aging on rib cortical bone material properties has been quantified 

through the use of a statistically significant correlation between age and ultimate plastic 

strain based on two previous studies by Kemper et al. (Kemper et al. 2005; Kemper et al. 

2007; Golman et al. 2014). Ultimate strain and plastic energy were the only rib cortical 

bone material properties that were reported to be affected by age. The relationship 

between age and ultimate plastic strain for the rib cortical bone is given in Eq. (1). Rib 

cortical bone material properties were also applied to the sternum cortical bone. Based on 

the relationship between age and ultimate plastic strain for the rib cortical bone, the 

GHBMC M50 v4.2 represents a 50 YO. Rib trabecular bone was aged based on the 

values given for the Ford Human Body Model by taking an average between the 55 YO 

and 75 YO to derive properties for the 65 YO (El-Jawahri et al. 2010).  

                   𝑢𝑙𝑡𝑖𝑚𝑎𝑡𝑒 𝑝𝑙𝑎𝑠𝑡𝑖𝑐 𝑠𝑡𝑟𝑎𝑖𝑛 [𝑢𝑛𝑖𝑡𝑙𝑒𝑠𝑠] =  
−383 ∗ 𝑎𝑔𝑒 [𝑦𝑒𝑎𝑟𝑠] + 37,514

106
                     [1] 

Table 3. Material properties for the brain of the 65 YO model. The 65 YO material 

properties are equivalent to the current material properties for the GHBMC M50 v4.2 

model.  ρ= Density; K= Bulk Modulus; G0 = Short-Time Shear Modulus; G1= Long-Time 

Shear Modulus; β= Decay Constant  
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Table 4. Material properties for the skull, thorax, pelvis, and lower extremity for the 65 YO 

model. The current material properties for the GHBMC M50 v4.2 model are also listed for 

comparison.  E = Elastic Modulus; σyield = Yield Stress; Єyield = Yield Strain; σUT = Ultimate 

Stress; ЄUT = Ultimate Strain 

 
*Note: Femur and tibia/fibula cortical bone is a strain-rate dependent material. Ranges 

for given material properties are listed.  

 

Material properties for the pelvis, femur, tibia, and fibula were derived from aging 

functions found in the literature. Dokko et al. developed aging functions for the material 

properties of the femur for both the cortical and trabecular bone for the values of Young’s 

modulus, yield stress and strain, and ultimate stress and strain based on previous 

literature (Takahashi et al. 2000; Dokko et al. 2009). In addition, scale factors were 

derived from literature to change the material properties of the tibia and fibula. The 

material properties for the 65 YO model were derived using these aging functions for 

both the cortical and trabecular bone for the femur, tibia, and fibula. The material 

properties for the femur, tibia, and fibula cortical bone are strain-rate dependent and 

therefore were adjusted accordingly based on findings from Carter and Hayes (Carter and 

Hayes 1977; Carter and Spengler 1978). It was determined that the strength and stiffness 
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of cortical bone is approximately proportional to the strain rate raised to the 0.06 power. 

Based on the aging functions for the femur, the age of the GHBMC M50 v4.2 is difficult 

to determine. The values of Young’s modulus of the femur cortical bone are 

approximately representative of a 20 YO. The values of the ultimate stress of the femur 

cortical bone are out of range on the young end of the aging function. The values of the 

ultimate strain of the femur cortical bone are approximately representative of a 55 YO. 

The value of Young’s modulus of the femur head and neck trabecular bone correspond to 

an age of 35 YO. The value of Young’s modulus of the other trabecular bone in the femur 

is out of range on the young end of the aging function. Material properties for the cortical 

and trabecular bone for the pelvis were derived from the Ford Human Body Model and 

H-Model by averaging the 55 YO and 75 YO data and the 35 and 75 YO data, 

respectively.  

In terms of injury prediction, the GHBMC M50 v4.2 defines various stress and 

strain thresholds for fracture based on the literature (Vavalle et al. 2013; Vavalle et al. 

2015).  The element deletion method is used to remove elements when a given threshold 

is exceeded. Skull fracture is predicted when the maximum principal strain of the cortical 

layer exceeds 0.0042 and when the maximum principal stress of the diploe exceeds 20 

MPa (Hodgson et al. 1970). Rib fracture is predicted using effective plastic strain values 

for the cortical and trabecular bone with values of 0.018 and 0.130, respectively (Li et al. 

2010). The effective plastic strain of the GHBMC M50 65YO rib cortical bone was 

adjusted based on Eq. (1).  Pelvic fracture is predicted using effective plastic strain values 

for the cortical and trabecular bone with values of 0.03 and 0.25, respectively (Song et al. 

2005; Kemper et al. 2007). Bone fracture in the thigh-knee-leg is predicted using 
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effective plastic strain for the cortical bone with a value of 0.0088 (Untaroiu et al. 2013). 

Abbreviated Injury Scale (AIS) 98 injury severity for each simulation was determined 

based on the fractures predicted (AAAM 2001).  

2.2 Validation 

7 validation simulations were performed using LS-Dyna (v6.1.1 rev 78769, 

LSTC, Livermore, CA) on the Wake Forest University Distributed Environment for 

Academic Computing (DEAC) cluster on 48 processors. The 7 validation simulations 

included a chest impact (Kroell et al. 1971; Kroell et al. 1974), a lateral impact (Kemper 

et al. 2008), a shoulder impact (Koh et al. 2005), a thoracoabdominal impact (Viano 

1989), an abdominal bar impact (Hardy et al. 2001), a pelvic impact (Bouquet et al. 

1998), and a lateral sled test (Cavanaugh et al. 1990; Cavanaugh et al. 1993). Selection of 

the cases was based on the range of loading orientations, location, and severity. These 

validation cases were also selected due to the extensive validation completed using the 

GHBMC M50 v4.2 model to allow for direct comparison (Vavalle et al. 2013; Vavalle et 

al. 2015). The raw data for all the simulations were filtered at 600 Hz with an SAE class 

filter with the exception of the chest impact which was filtered at 300 Hz. The simulation 

setup for each validation simulation is shown as t = 0 in Figure 15.  

2.2.1 Chest Impact 

The chest impact was conducted at 6.7 m/s with a 23.4 kg cylindrical impactor 

striking the sternum at the fourth intercostal space (Kroell et al. 1971; Kroell et al. 1974). 

Model data were compared to the force vs. deflection corridors developed by Lebarbé 

and Petit (Lebarbé and Petit 2012). Deflection was normalized by chest depth and was 

calculated as a percentage. Chest depth was calculated by averaging the coordinates of 



69 

 

external nodes on the left and right front chest and calculating the distance between this 

averaged chest location and a node on T8. The experimental testing involved 7 PMHS 

subjects with an average age of 58 years. 

2.2.2 Lateral Impact 

The lateral impact was conducted at 12.0 m/s with a 23.4 kg flat plate impactor 

striking the shoulder, arm, and ribs (Kemper et al. 2008). The simulation corresponds to 

the 45° arm angle destructive testing. Model data were compared to the force vs. time of 

2 PMHS subjects aged 47 and 61 years. 

2.2.3 Shoulder Impact 

The shoulder impact was conducted at 6.7 m/s with a 23.4 kg cylindrical impactor 

striking the humeral head directly on the side (Koh et al. 2005). Model data were 

compared to the force vs. time and deflection vs. time. Deflection data were normalized 

as a percent of biacromial breadth. The experimental testing involved 6 PMHS subjects 

with an average age of 63.7 years. 

2.2.4 Thoracoabdominal Impact 

The thoracoabdominal impact was conducted at 6.7 m/s with a 23.4 kg cylindrical 

impactor striking 7.5 cm below the xiphoid process at 60° from anterior (Viano 1989). 

Model data were compared to force vs. time corridors. The experimental testing involved 

9 PMHS subjects with an average age of 54.6 years. 

2.2.5 Abdominal Bar Impact 

The abdominal bar impact was conducted at 6.0 m/s with a 48 kg rigid bar 

striking the navel at the approximate level of L3 (Hardy et al. 2001). Model data were 

compared to the force vs. deflection corridors in which deflection was calculated as a 
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percentage of abdominal depth from the navel to the anterior face of L3. The 

experimental testing involved 3 PMHS subjects with an average age of 88 years. 

2.2.6 Pelvic Impact 

The pelvic impact was conducted at 10 m/s with a 16 kg block impactor striking 

the lateral pelvis (Bouquet et al. 1998). Model data were compared to the force vs. 

deflection. Deflection data was normalized by the pelvis half-width. The experimental 

testing involved 4 PMHS subjects with an average age of 70.3 years. 

2.2.7 Lateral Sled Test 

The lateral sled test was conducted at 6.7 m/s with a Heigelberg-type sled with the 

subject impacting beams at the shoulder, thorax, abdomen, pelvis, and knee (Cavanaugh 

et al. 1990; Cavanaugh et al. 1993). Gravity was applied for the first 100 ms to settle the 

model into the seat. Model data were compared for the torso and pelvic forces vs. time. 

The experimental testing involved 3 PMHS subjects with an average age of 65 years. 

2.2.8 Quantitative Validation Metric 

To quantitatively assess the validation data, ISO/TS 18571 was applied to five of 

the seven cases (Barbat et al. 2013). The chest impact and lateral impact were excluded 

from the analysis. The chest impact lacks time-history data which is not found in the 

literature and the lateral impact only contains 2 samples so no corridor or mean response 

exist. ISO/TS 18571 assesses the fit of the data to a reference curve using four metrics 

including corridor, phase, magnitude, and slope ratings. A total ISO rating is calculated 

using a weighted average of the four metrics which are measured on a 0 to 1 scale, with 1 

being the best. The scores are also given a grade using the following thresholds: excellent 
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(R>0.94), good (0.80<R≤0.94), fair (0.58<R≤0.80), and poor (R≤0.58) where R is the 

total ISO rating.  

The corridor rating is determined using CORA by comparing each point of the 

GHBMC M50 65 YO response to the set of experimental corridors. Inner and outer 

corridors are defined as constant-width corridors with half-widths of 5 and 50% of the 

peak values. Model points within the inner corridor receive a score of 1 while model 

points outside the outer corridors receive a score of 0. Points that fall between the inner 

and outer corridors receive a score based on a quadratic regression. The final corridor 

rating is based on the average of all the time points. Phase, magnitude, and slope scores 

are determined using the Enhanced Error Assessment of Time Histories (EEARTH) by 

comparing the response of the GHBMC M50 65 YO to the experimental mean. The 

phase score measures the lag between the model curve and experimental mean with a 

zero time shift receiving a score of 1. The magnitude score measures the difference in the 

amplitude of the model curve and experimental mean with no difference in magnitude 

receiving a score of 1. The slope score measures the discrepancy in the slope of the 

model curve and experimental mean with no difference in slope receiving a score of 1. 

ISO/TS 18571 ratings for the GHBMC M50 v4.2 can be found in the literature for 

comparison (Vavalle et al. 2015). 

2.3 Simulation and Injury Risk Evaluation 

Evaluation of injury risk between the GHBMC M50 v4.2 model and the GHBMC 

M50 65 YO model was conducted by performing a frontal US NCAP simulation test 

(Davis et al. 2015). The simulation setup for the frontal US NCAP simulation is shown as 

t = 0 in Figure 15. The motion of the buck was driven by an acceleration pulse derived 
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from the floor accelerometer of the US NCAP test #7147 (National Highway Traffic 

Safety Adminstration 2012).  The test was a frontal crash into a barrier at 56.2 km/h. The 

simplified buck features a seat, knee bolster, steering column, airbag, and seatbelt which 

allow for a reasonable approximation for a vehicle interior. Gravity was applied for the 

first 100 ms to settle the model into the seat. Following settling, the model was belted 

using the built-in belt-fitting capabilities in LS-PrePost v4.2 (LSTC, Livermore, CA).  

Injury risk assessment was conducted for the head, neck, thorax, and femur based 

on injury risk criteria in the literature. Head injury risk was assessed using the Head 

Injury Criterion (HIC15) and the Brain Injury Criterion (BrIC). HIC15 is the measure of 

the maximum average translational acceleration over any 15 ms duration for an impact 

event (Prasad and Mertz 1985; Eppinger et al. 1999). BrIC is a measure of angular 

velocity data to predict head injury risk based on directional dependence of maximum 

angular velocities (Takhounts et al. 2013). Acceleration and angular velocity data were 

obtained from the head center of gravity (CG) node. Neck injury risk was assessed using 

the neck injury criterion (Nij) which is a combination of the normalized axial load and 

normalized flexion and extension moment about the occipital condyle (Prasad and Daniel 

1984; Eppinger et al. 1999).  Axial load and moment data were obtained from a section 

plane placed at the occipital condyles. Thoracic injury risk was assessed using the chest 

deflection criterion. The chest deflection criterion uses a relationship between maximum 

chest deflection and AIS injury risk based on injury risk curves used in the US-NCAP 

(Laituri et al. 2005; Sohr and Heym 2009).  Femur injury risk was assessed using peak 

femur forces obtained from section planes used in the model. The injury metrics of the 

GHBMC M50 65 YO were compared directly to the GHBMC M50 v4.2. Injury risk 
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curves for the frontal US NCAP as reported by NHTSA and other relevant literature were 

used to determine the probability of an AIS 3+ injury (Eppinger et al. 1999; National 

Highway Traffic Safety Adminstration 2008; Takhounts et al. 2013). The equation for 

each injury risk curve for the frontal US NCAP is provided in Table B2. Age is known to 

be a key factor in the risk of injury, therefore injury risk curves are most effective when 

evaluated against subjects of the same size and age of the original test subjects (Mertz et 

al. 1997). Injury risk curves for BrIC and chest deflection accounted for the average age 

of the driving population of 35 YO and 45 YO, respectively. The injury risk curves for 

HIC15, Nij, and femur forces were not normalized for age but represented the adult 

population since the biomechanical data was based on adult cadavers. 

3. RESULTS 

3.1 Model Development 

Morphological comparison showed good agreement between the GHBMC M50 

65 YO model and the corresponding homologous landmark data used to morph the 

GHBMC M50 v4.2. In terms of element quality, 100% of the elements met the Jacobian 

and tetrahedral collapse standards while 99% of the elements met the remaining element 

quality standards. The morphed GHBMC M50 65 YO model is shown in Figure 13. The 

model contains the same number of nodes, elements, and parts as the GHBMC M50 v4.2 

model and represents a mass of 74.1 kg.     

A deviation analysis of the GHBMC M50 65 YO and the statistical shape model 

was conducted by comparing the distance of the point cloud of the statistical model to a 

surface based on the GHBMC M50 65 YO mesh. The average of the distance between 

the point-to-surface was 0.48 mm with a standard deviation of 1.48 mm. Therefore, the 
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morphed model matched the statistical model with good quality and only some level of 

detail was lost due to the relaxation process. 

  

Figure 13. GHBMC M50 65 YO model. 

 

A mesh to mesh distance comparison was completed to quantify the difference 

between the mesh of the GHBMC M50 v4.2 and the GHBMC M50 65 YO. The mesh to 

mesh distance average difference was 5.9 mm with a standard deviation of 4.0 mm and a 

range of 0.02 to 22.9 mm. A mesh to mesh comparison of just the external envelope 

resulted in an average distance of 6.2 mm with a standard deviation of 4.6 mm and a 

range of 0.08 to 22.9 mm. A side-by-side comparison revealed that the external 

anthropometry size was maintained with some deviations in the chest and abdominal 

regions.  

To compare these differences to the specimen-to-specimen variations obtained 

from the statistical analysis, a simple example of the L5 rib was analyzed. The mesh to 

mesh distance between the GHBMC M50 v4.2 and the GHBMC M50 65 YO had an 

average distance of 7.5 mm with a standard deviation of 3.3 mm. Three subject L5 ribs of 

males of ages 64, 65, and 66 were selected. The variation in the homologous landmarks 

among the subject ribs was on average 6.4 mm with a standard deviation of 3.1 mm. The 
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variation in the homologous landmarks of the subject ribs and the atlas L5 rib based on 

the GHBMC M50 geometry was on average 4.9 mm with a standard deviation of 3.1 mm. 

The differences observed in the model are comparable to the differences of the statistical 

shape analysis. Figure B1 depicts the atlas GHBMC M50 L5 rib, the 3 subject ribs, and 

the resulting statistical model of the 65 YO rib. In addition, a comparison to the GHBMC 

M50 v4.2 model and the GHBMC M50 65 YO model are shown. The figure also 

captures the local changes in the rib geometry.  

A comparison of the head, thorax, pelvis, femur, and tibia of the GHBMC M50 65 

YO and GHBMC M50 v4.2 models is shown in Figure 14. The 65 YO brain and skull 

model reflects the geometric changes in the brain and skull with an increase in ventricle 

volume and a thinning of the full thickness of the skull. Ventricle volume for the 65 YO 

is 24.4 mL compared to 23.7 mL for the GHBMC M50 v4.2 model. The 65 YO thorax 

model possesses increased thoracic kyphosis, increased roundedness of the rib cage, and 

an upward rotation of the ribs which influences the biomechanical response of the thorax. 

On average, there was an upward rotation of all the ribs of 2.3°. Chest depth was 

measured by averaging the coordinates of external nodes on the left and right front chest 

and calculating the distance between this averaged chest location and a node on T8. The 

chest depth of the GHBMC M50 v4.2 and the GHBMC M50 65 YO were 240.7 and 

253.5 mm, respectively. The 65 YO pelvis has a slightly different shape profile with an 

extended sacrum and coccyx as well as a slight rotation anteriorly. The 65 YO femur 

model is slightly shorter than the M50 model with some minor changes in shape in the 

head and neck region. The 65 YO tibia model is a thinner structure with a less prominent 

medial malleolus in comparison to the GHBMC M50 v4.2 model.  
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Figure 14. Comparison of GHBMC M50 v4.2 (black) and GHBMC M50 65 YO (grey) by 

body region. 
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3.2 Validation 

Time lapse images of the simulations are shown in Figure 15. The model response 

data and corresponding corridor data for each of the 7 validation simulations is shown in 

Figure 16. A summary of each validation case is presented in Table 5 including a 

summary of the experimental conditions and the results of the simulations including the 

peak forces, peak deflections, and number of predicted fractures with corresponding AIS 

severity levels for both the GHBMC M50 v4.2 and the GHBMC M50 65 YO.  

3.2.1 Chest Impact 

The chest impact response showed good agreement with the chest impact 

corridors published by Lebarbé et al. (2012), indicating a maximum force and deflection 

of 4.9 kN and 28.2%, respectively (Figure 16). Compared to the GHBMC M50 v4.2 for 

the same impact conditions, the GHBMC M50 65 YO resulted in a 1.0% decrease in 

maximum force and a negligible change in maximum deflection. There were more 

noticeable differences on a local and tissue level in regards to the strain values and 

number of predicted rib fractures. The GHBMC M50 65 YO predicted 4 rib fractures 

resulting in an AIS 2 injury while the GHBMC M50 predicted no rib fractures. In the 

experimental data, the 7 PMHS subjects sustained 9.4 ± 7.2 rib fractures. The exact AIS 

severity could not be determined for the experimental data due to the lack of reporting of 

flail injuries in the literature. Based on the range of rib fractures of 0 to 17 fractures, the 

injuries would have ranged from at least an AIS 0 to an AIS 3 injury.   

3.2.2 Lateral Impact 

For the lateral impact, the impactor force vs. time can be seen compared to the 

individual PMHS traces (Figure 16). The GHBMC M50 65 YO experienced a maximum 
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force of 12.6 kN which is a 22.5% increase from the GHBMC M50 v4.2. The GHBMC 

M50 65 YO predicted 18 rib fractures corresponding to an AIS 3 injury. Similarly, the 

GHBMC M50 v4.2 predicted 15 rib fractures also corresponding to an AIS 3 injury. In 

the experimental data, the 2 subjects (ages 47 and 61) each sustained 21 rib fractures on 

the impacted side and 1 to 2 rib fractures on the non-impacted side. 

3.2.3 Shoulder Impact 

Model output data for the shoulder impact for force vs. time and deflection vs. 

time is shown in Figure 16. The model peak force for the GHBMC M50 65 YO was 3.3 

kN which is only slightly higher than the GHBMC M50 v4.2 peak force. The peak 

deflection of the GHBMC M50 65 YO was 5.1% which is a 25.8% decrease from the 

GHBMC M50 v4.2 peak deflection. No rib fractures were predicted for the GHBMC 

M50 65 YO or the GHBMC M50 v4.2. The experimental data also found no rib fractures. 

3.2.4 Thoracoabdominal Impact 

The force vs. time response for the thoracoabdominal impact showed good 

agreement with the experimental corridors (Figure 16). The peak forces sustained by the 

GHBMC M50 65 YO and the GHBMC M50 v4.2 were both around 3.8 kN. The 

GHBMC M50 65 YO predicted 6 rib fractures (AIS 3) while the GHBMC M50 v4.2 

predicted 5 rib fractures (AIS 3). Experimentally, the PMHS subjects experienced an 

average of 3.25 rib fractures with a maximum AIS (MAIS) of 3. 

3.2.5 Abdominal Bar Impact 

For the abdominal bar impact, the force vs. deflection also showed good 

agreement with the experimental corridors (Figure 16). The GHBMC M50 65 YO 

experienced a peak force of 5.4 kN which is a 2.5% increase from the GHBMC M50 
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v4.2. The GHBMC M50 65 YO and GHBMC M50 v4.2 predicted no rib fractures, while 

experimentally, the PMHS subjects experienced a range of 6 to 10 rib fractures (AIS 3). 

3.2.6 Pelvic Impact 

The force vs. deflection response for the pelvic impact can be seen compared to 

the experimental corridors (Figure 16). The peak force of the GHBMC M50 65 YO was 

14.0 kN with a peak deflection of 31.2%. Compared to the GHBMC M50 v4.2, the 

GHBMC M50 65 YO experienced a 10.7% increase in the peak force and a 4.0% 

decrease in the peak deflection. The GHBMC M50 65 YO predicted one ilio-pubic rami 

fracture (AIS 2) and one femoral head fracture (AIS 3) resulting in a MAIS 3 injury. The 

GHBMC M50 v4.2 predicted one acetabulum fracture (AIS 2) and one femoral neck 

fracture (AIS 3) also resulting in a MAIS 3 injury.  Experimentally, the 3 PMHS subjects 

experienced ilio-pubic rami fractures, ischo-pubic rami fractures, an iliac wing fracture, 

and a femoral neck fracture resulting in a MAIS of 3. 

3.2.7 Lateral Sled Test 

The torso force and pelvic force vs. time responses for the lateral sled test are also 

shown in Figure 16.  The GHBMC M50 65 YO experienced a maximum torso force of 

11.2 kN and a maximum pelvic force of 11.0 kN. Compared to the GHBMC M50 v4.2, 

the GHBMC M50 65 YO experienced a 4.5% increase in the maximum torso force and a 

7.9% increase in the maximum pelvic force. Both the GHBMC M50 v4.2 and GHBMC 

M50 65 YO experienced a spike in the torso force in the first 5 ms due the initial loading 

of the arm impacting the thorax. The GHBMC M50 65 YO predicted 12 rib fractures 

resulting in an AIS 3 injury. The GHBMC M50 v4.2 predicted 4 rib fractures also 

corresponding to an AIS 3 injury. Experimentally, the PMHS subjects experienced on 
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average 14 rib fractures which included both flail chest and bilateral flail chest injuries 

resulting in a MAIS of 4.  

Table 5. Validation and results summary.  
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Figure 15. Time lapse images of the validation cases and frontal US NCAP simulation. 
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Figure 16. Model results plotted against experimental corridors and means, where 

available. 



83 

 

3.2.8 Quantitative Validation Metric 

A summary of the ISO/TS 18571 ratings are presented in Table 6. The total 

ISO/TS 18571 rating ranged from 0.52 to 0.81 with an average rating of 0.67. Overall, 

the magnitude and phase were the best scores for all the validation simulations with an 

average of 0.76 and 0.72, respectively. The thoracoabdominal force had the highest total 

rating score with a grade of good. In comparison to the GHBMC M50 v4.2, the ISO/TS 

18571 ratings for the GHBMC M50 65 YO were better for the abdominal deflection and 

were very similar for the shoulder force, thoracoabdominal force, and the pelvis force. 

Table 6. ISO/TS 18571 ratings for GHBMC M50 65 YO. 

Impact Curve Type Phase Magnitude Slope Corridor Total Grade 

Shoulder Force 0.63 0.95 0.72 0.64 0.71 Fair 

 Deflection 0.91 0.37 0.78 0.28 0.52 Poor 

Thoracoabd. Force 0.70 0.99 0.66 0.85 0.81 Good 

Abdominal Force 0.21 0.90 0.42 0.75 0.61 Fair 

 Deflection 0.77 0.78 0.62 0.64 0.69 Fair 

Pelvis Force 0.95 0.84 0.59 0.73 0.77 Fair 

Lateral Sled Torso Force 0.87 0.68 0.37 0.54 0.60 Fair 

 Pelvis Force 0.75 0.60 0.30 0.72 0.62 Fair 

Mean N/A 0.72 0.76 0.56 0.64 0.67 N/A 

SD N/A 0.23 0.21 0.17 0.17 0.10 N/A 

 

3.3 Simulation and Injury Risk Evaluation 

Time lapse images of the frontal US NCAP are shown in Figure 15. Injury risk 

comparison for the GHBMC M50 65 YO and the GHBMC M50 v4.2 is provided in 

Table 7. The probability of an AIS 3+ injury is also listed for comparison. The HIC15 of 

the GHBMC M50 65 YO and the GHBMC M50 v4.2 were 690 and 491, respectively. 

The BrIC values for the GHBMC M50 65 YO and the GHBMC M50 v4.2 were 0.67 and 

0.50, respectively. The Nij values for the GHBMC M50 65 YO and the GHBMC M50 

v4.2 were 0.42 and 0.44, respectively. Chest deflection was 51.0 mm for the GHBMC 

M50 65 YO and was 36.9 mm for the GHBMC M50 v4.2.  Peak femur forces for the left 
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and right leg in the GHBMC M50 65 YO were 5.1 kN and 6.2 kN. Peak femur forces for 

the left and right leg in the GHBMC M50 v4.2 were 4.1 kN and 6.7 kN. Overall, the 

GHBMC M50 65 YO model possessed higher injury metric values for HIC, BrIC, and 

chest deflection. As a result, the GHBMC M50 65 YO model predicted higher 

probabilities of AIS 3+ injury. In terms of the predicted fractures in the simulation, both 

the GHBMC M50 v4.2 and GHBMC M50 65 YO resulted in no fractures. 

Table 7. Injury risk comparison for the GHBMC M50 65 YO and GHBMC M50 v4.2. 

Criterion 

GHBMC M50 65 YO GHBMC M50 v4.2 

Model 

Value 
Threshold P(AIS 3+) 

Model 

Value 
Threshold P(AIS 3+) 

HIC15 690 700 10.8% 491 700 4.5% 

BrIC 0.67 1.0
+
 28.3% 0.50 1.0

+
 13.5% 

Nij 0.42 1.0 8.3% 0.44 1.0 8.6% 

Chest Deflection (mm) 51.0 63 28.2% 36.9 63 9.4% 

Femur Force, Left (kN) 5.1 10 3.5% 4.1 10 2.6% 

Femur Force, Right (kN) 6.2 10 4.9% 6.7 10 5.8% 
+ 

Used for evaluation, but not currently proposed as an injury reference value 

4. DISCUSSION 

In this study, an older occupant GHBMC average male model was developed to 

represent a 65 YO. Development of the model included the implementation of geometric, 

cortical thickness, and material property changes with age. Geometric changes with age 

were implemented using morphing techniques to capture local structural changes based 

on population-based statistical models. Cortical thickness changes with age were 

implemented based on population-based clinical CT scans of the skull, ribs, and femur. 

Material property changes with age were implemented based on previous aging functions 

found in the literature. Validation simulations were performed for 7 loading conditions to 

assess stability and response. Investigation of age-specific injury risk was performed 
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using a frontal US NCAP simulation to evaluate injury metrics in the head, thorax, and 

lower extremity.  

The development of the older occupant GHBMC model has addressed various 

simplifications used to develop previous models. Using high resolution 3D data based on 

population-based statistical models, the older occupant is better representative of the real 

world population. Due to the large sample sizes that the statistical models were developed 

from, the data more accurately captures the average 65 YO in the real world population. 

Other full human body models have only been developed based on one subject or an 

average of a few subjects. Previous studies implemented geometric changes by varying 

the rib angles (Kent et al. 2005; Ito et al. 2009; El-Jawahri et al. 2010). However, this 

technique does not account for the local rib dimension changes as well as overall shape 

changes of the rib cage. The data used to morph the GHBMC not only captures the rib 

angle changes but also captures the full 3D changes in the rib cage. The statistical shape 

modeling and relaxation process during the morphing do result in the loss of local details 

due to the averaging process but relative changes in the shape and size are still noticeable 

(See Figure B1). Compositional changes in the cortical thickness of bones in previous 

studies were implemented using techniques derived from the literature (Stein and Granik 

1976; Ruff and Hayes 1988; Mohr et al. 2007). Most of these techniques derived a single 

value for the cortical thickness. The use of clinical CT scans to derive cortical thickness 

data is advantageous in gathering population-based variations across the entire surfaces 

of bones such as the skull, ribs, and femur. In addition, due to the collection across an 

entire surface, variable cortical thickness in these regions can be characterized for 

specific ages. While the collection of cortical thickness data based on clinical CT scans 
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has been characterized in previous literature, this study utilized such data to develop a 

specific age model.  Material property changes were implemented in a similar manner to 

previous studies. The goal in selecting the material properties was to provide the best 

estimation for that of a 65 YO male. Due to the limited amount of age-specific material 

property data, aging functions derived from literature are the best current data available to 

develop age-specific models. The aging functions for the ribs, femur, tibia, and fibula 

were developed based on larger datasets with a wider array of ages. Literature involving 

other age-specific FE models was used for the pelvis as the values were based on 

experimental and validation studies. The brain and skull material properties were derived 

from the literature since no aging functions existed. One limitation of the literature data 

involves the lack of reporting of ages as well as ages that do not fall close to the target 

age of 65 YO. Therefore, in some cases, the material properties estimated may not 

exactly be representative of a 65 YO, but likely represent an older adult. Overall, the 

older occupant tended to have stiffer material properties.  

Estimation of the representative age of the GHBMC v4.2 is difficult to determine 

based on the geometry, cortical thickness, and material properties. The geometry is based 

on a single 26 YO male individual. Therefore, it is reasonable to assume that all of the 

geometric components are representative of a young adult. The cortical thickness data for 

the ribs is based on population-based data of elderly Korean males with an average age of 

71.3 (Choi and Lee 2009). The cortical thickness data for the femur is based on PMHS 

subject data (Brown and Vrahas 1984). Therefore, it is reasonable to assume that the 

cortical thickness data is representative of an older adult. As previously mentioned, the 

material properties of the major body regions of the GHBMC v4.2 most likely represent 
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an older adult with most material properties older than 65 YO. The material properties 

used to create the 65 YO model tended to be stiffer. Based on the geometry, cortical 

thickness, and material properties of the GHBMC v4.2, the GHBMC v4.2 represents 

more of a hybrid age with both young and older adult components. 

In terms of the 7 validation simulations, the GHBMC M50 65 YO showed good 

agreement with the experimental corridors. Overall, the ISO/TS 18571 total ratings were 

better or very similar to the ratings of the GHBMC v4.2. These results are promising 

since all the experimental corridors are based on older PMHS subjects ranging from 54 to 

88 years old. In general, the GHBMC M50 65 YO tended to have stiffer responses as 

well as higher peak forces and less deflection in comparison to the GHBMC M50 v4.2. 

These responses agree with the corresponding geometric, compositional, and material 

property changes with age.  For the chest impact, lateral impact, thoracoabdominal 

impact, and lateral sled test, the thorax plays an important role in the overall response of 

the model. In the thorax, there is an increase in thoracic kyphosis, an increase in the 

roundedness of the rib cage, and a superior rotation of the ribs (Weaver et al. 2014). With 

the superior rotation that occurs with aging, there is less joint rotation which results in a 

stiffer thoracic response (Kent et al. 2005). The increase in the overall stiffness of the 

thorax results in a rapid increase in bone strain as a function of chest deflection due to the 

less motion in the costo-vertebral joint. While the GHBMC M50 65 YO has a stiffer 

thoracic response, the decrease in the ultimate strain of the ribs with age increases the risk 

of fracture which in fact results in a more brittle structure. The combination of the 

upward rotation of the ribs and the outward expansion of the rib cage as measured by the 

chest depth were the major differences in the overall structure. In terms of the chest 
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impact, the main ribs impacted are ribs 3-5 which experienced an average upward 

rotation of 5°. Also, due to these geometric changes of the ribs, surrounding structures 

such as the flesh were changed which resulted in different responses. For the pelvic 

impact and the lateral sled test, similar findings in the pelvis are also noticeable due to the 

stiffer responses of the GHBMC M50 65 YO. The shoulder impact and abdominal bar 

impact responses were very similar between the GHBMC M50 65 YO and the GHBMC 

M50 v4.2. Age effects in the arm and abdominal region were not implemented so 

therefore the responses were similar.  

Fracture prediction was assessed for each of the validation simulations to study 

the effect of age on injury severity. The GHBMC M50 65 YO predicted more fractures 

than the GHBMC M50 v4.2 as a result of the geometric, compositional, and material 

property changes with age. While the injury severity levels between the GHBMC M50 65 

YO and GHBMC M50 v4.2 were similar, the increased number of fractures in an older 

occupant is much more serious due to the increased fragility and frailty in the elderly 

which can increase the risk of mortality and morbidity (Bulger et al. 2000; Bergeron et al. 

2003; Hanna 2009). Fracture is a very complex process which can be affected by various 

factors including age, bone mineral density, and preexisting conditions. Fracture 

prediction using the element deletion technique is one of many techniques to model 

fracture and it was used in this study to maintain post-fracture kinematics as well as 

predict AIS severity levels.  

The GHBMC M50 65 YO and GHBMC v4.2 were compared in a frontal US 

NCAP simulation. Overall, the GHBMC M50 65 YO resulted in an increased risk of 

head, neck, and thoracic injuries. Contributions from the geometric, compositional, and 
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material property changes with age all play a role in the predicted injury risk. The thinner 

structure of the skull and increases to the size of the ventricles resulted in greater head 

accelerations as noted by the increases in HIC15 and BrIC.  The mass of the 65 YO head 

was slightly lower than the GHBMC M50 v4.2 which could also play a role in the 

increases in the head accelerations. No rib fractures were predicted in the simulation 

which resulted in an increase in chest deflection. The increase in chest deflection is 

related to larger chest depth of the 65 YO model and the presence of no fractures. With 

the ribs more horizontal, the force being applied in the anterior-posterior direction will 

result in the increase in deflection.  Femur injury risks were similar between the two 

models. The GHBMC M50 65 YO and GHBMC v4.2 femur models were similar in 

geometry and differed in material properties and cortical thickness. However, these 

changes did not make much of a difference in the peak force responses. 

Future work includes further validation on a component level to assess the 

responses of the skull, brain, ribs, pelvis, femur, and tibia individually. Refinement of the 

model based on these component level tests will help tune the response of the older 

occupant model. Future work also includes parametric studies to explore the effects of 

various material property ranges on the response of the older occupant. The ability to 

perform extensive parametric analyses is an advantage of a computational approach as 

opposed to an experimental approach. These parametric studies will be used to also 

investigate such effects on injury risk. Future work will also include a parametric study to 

understand the influence of geometric, compositional, and material property changes on 

model response in comparing the young and the old. Kent et al. concluded that material 

properties were the most important factor in decreasing rib fracture tolerance in the 
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development of young and old thorax FE models using a three-factor, two-level factorial 

design to study the effects of geometric, compositional, and material property changes 

(Kent et al. 2005). Work has also been completed in investigating the role of geometric 

and material properties changes in the thorax for 30 and 70 YO thoracic models for 

frontal and lateral impacts (Schoell et al. 2015). Overall, material property changes alone 

with age have little to no effect on the thoracic response. The combined effect of 

geometric and material property changes resulted in increased number of predicted rib 

fractures. A similar approach will be taken with the GHBMC M50 65 YO to determine 

which alteration is most critical.  

4.1 Limitations  

There are a few limitations associated with the study. One limitation involves the 

data used to derive the homologous landmark data. The sources of data are regional and 

derived from different datasets and therefore there might be inconsistences and sampling 

differences. However, each dataset is the best available data for each region and allows 

for such studies of the whole body. To eliminate sampling differences, regional data of 

the same patients would need to be obtained and would likely result in smaller sample 

sizes. BMI effects with age were not incorporated into the model. Future work includes 

the incorporation of an age-specific body shape model to capture the external 

anthropometry changes with age. The body shape model will be placed in the same 

posture and positioning as the GHBMC M50 v4.2 based off the seat buck dimensions 

used for the model posture. Another limitation involves the material property changes 

with age. There is a limited amount of data relating material properties and aging. There 

also exists a paucity of soft tissue material properties with age. Refinement of the model 
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can be performed when more extensive age data becomes available. Similarly, the 

validation of the models also poses a limitation. While most of the experimental work 

was performed on older male PMHS subjects, more age-specific related corridors and 

injury risks would more accurately capture the response of age-specific models. 

5. CONCLUSION 

In this study, an older occupant GHBMC average male model was developed that 

is representative of a 65 YO through the implementation of geometric, compositional, 

and material property changes with age. Validation of the older occupant GHBMC model 

showed good agreement with the experimental corridors presented in the literature. The 

older occupant GHBMC model was simulated in a frontal US NCAP simulation test to 

assess the differences in injury risk and injury metrics with the current GHBMC M50 

v4.2 model. Overall, the GHBMC M50 65 YO model predicted higher probabilities of 

AIS 3+ injury for the head and thorax. Further validation of such a model will be useful 

to improve the understanding of the complex relationship between age, structural and 

mechanical properties, and injury risk. 
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8. APPENDIX  
 

Table B1. External anthropometry landmarks based on bony landmarks. Landmarks 

acquired for both the left (L) and right (R) side of the body are designated.   
 

Landmark 

1 Top of Head 28 4
th

 Thoracic Vertebrae (T4) 

2 Back of Head 29 8
th

 Thoracic Vertebrae (T8) 

3 Tragion L 30 12
th

 Thoracic Vertebrae (T12) 

4 Tragion R 31 3
rd

 Lumbar Vertebrae (L3) 

5 Glabella 32 5
th

 Lumbar Vertebrae (L5) 

6 Infraorbitale L 33 Radial Styloid L 

7 Infraorbitale R 34 Radial Styloid R 

8 Corner of Eye L 35 Second Metacarpal L 

9 Corner of Eye R 36 Second Metacarpal R 

10 Lateral Clavicle L 37 Fifth Metacarpal L 

11 Lateral Clavicle R 38 Fifth Metacarpal R 

12 Medial Clavicle L 39 Lateral Femoral Condyle L 

13 Medial Clavicle R 40 Lateral Femoral Condyle R 

14 Suprasternale 41 Medial Femoral Condyle L 

15 Substernale 42 Medial Femoral Condyle R 

16 Lateral Humeral Condyle L 43 Supra-patella L 

17 Lateral Humeral Condyle R 44 Supra-patella R 

18 Medial Humeral Condyle L 45 Lateral Malleolus L 

19 Medial Humeral Condyle R 46 Lateral Malleolus R 

20 Ulnar Styloid Left 47 Medial Malleolus L 

21 Ulnar Styloid Right 48 Medial Malleolus R 

22 Anterior Superior Iliac Spine L 49 Ball of Foot L 

23 Anterior Superior Iliac Spine R 50 Ball of Foot R 

24 Posterior Superior Iliac Spine L 51 Fifth Metatarsal L 

25 Posterior Superior Iliac Spine R 52 Fifth Metatarsal R 

26 Pubic Symphysis 53 Calcaneus L 

27 7
th

 Cervical Vertebrae (C7) 54 Calcaneus R 
 

Table B2. Injury risk curves for frontal US NCAP. 
Injury Criterion Injury Risk Curve 

HIC15 

P(AIS3+) = Φ (
ln(𝐻𝐼𝐶15)−7.45231

0.73998
) 

where Φ= cumulative normal distribution 

BrIC 
P(AIS3+) = 1 − e

−(
𝐵𝑅𝑖𝐶

0.987
)

2.84

 

Nij P(AIS3+) = 
1

1+e3.2269−1.9688Nij
 

Chest Deflection (mm) P(AIS3+) = 
1

1+e10.5456−1.568∗(ChestDefl)0.4612 

Femur Force (kN) P(AIS3+) = 
1

1+e4.9795−0.326∗(FemurForce)
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Figure B1. Depiction of the L5 rib featuring the atlas GHBMC M50, 3 subject ribs, and the 

statistical model of the 65 YO on the left. On the right, the GHBMC M50 v4.2 and GHBMC 

65 YO L5 rib FE model.  
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Anatomical Details Included in the GHBMC M50 65 YO Model 

Body Region Models 

 
Figure B2. Body region models included in the M50 65 YO model. Changes to geometry, 

material properties, and cortical thickness from the baseline GHBMC M50 v4.2 model are 

noted with g, mat, ct, respectively.   
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Musculoskeletal Model Detail 

 
Figure B3. Musculoskeletal model detail included in the M50 65 YO model. No explicit 

changes to these regions were made in the development of the 65 YO.  
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Skeletal Model Detail 

 
Figure B4. Skeletal model detail included in the M50 65 YO model. Changes to geometry, 

material properties, and cortical thickness from the baseline GHBMC M50 v4.2 model are 

noted with g, mat, ct, respectively.   
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Thoracoabdominal Soft Tissue Model Detail 
 

 
 

Figure B5. Thoracoabdominal soft tissue model detail included in the M50 65 YO model. No 

explicit changes to these regions were made in the development of the 65 YO.  
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Head and Neck Model Detail 

 

 

 
 

Figure B6. Head and neck model detail included in the M50 65 YO model. Changes to 

geometry, material properties, and cortical thickness from the baseline GHBMC M50 v4.2 

model are noted with g, mat, ct, respectively.   
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Pelvis and Lower Extremity Model Detail 

 

 
Figure B7. Pelvis and lower extremity model detail included in the M50 65 YO model. 

Changes from the baseline GHBMC M50 v4.2 model included changes to the pelvis, femur, 

and tibia bony anatomy (g, mat, ct). 
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Cortical Thickness Changes with Age 

 
Figure B8. Skull full thickness comparison of the GHBMC M50 v4.2 (left) and the M50 65 

YO male (right). 

 
Figure B9. Rib cortical thickness comparison of the GHBMC M50 v4.2 (left) and the M50 

65 YO (right). 

 
Figure B10. Cortical thickness of the epiphyseal region (fringe plot) and diaphyseal region 

(transparent) for the GHBMC M50 v4.2 (top) and M50 65 YO (bottom) femur. 
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ABSTRACT 

Recommendation of intentional weight loss in older adults remains controversial, 

due in part to the loss of bone mineral density (BMD) known to accompany weight loss. 

While finite element (FE) models have been used to assess bone strength, these methods 

have not been used to study the effects of weight loss. The purpose of this study is to 

develop subject-specific FE models of the proximal femur and study the effect of 

intentional weight loss on bone strength. Computed tomography (CT) scans of the 

proximal femur of 25 obese (mean BMI = 29.7 ± 4.0 kg/m
2
), older adults (mean age = 

65.6 ± 4.1 years) undergoing an 18 month intentional weight loss intervention were 

obtained at baseline and post-intervention. Measures of volumetric BMD (vBMD) and 

variable cortical thickness were derived from each subject CT scan and directly mapped 

to baseline and post-intervention models. Subject-specific FE models were developed 

using morphing techniques. Bone strength was estimated through simulation of a single-

limb stance and sideways fall configuration. After weight loss intervention, there were 

significant decreases from baseline to 18 months in vBMD (total hip: -0.024±0.013 

g/cm3; femoral neck: -0.012±0.014 g/cm3), cortical thickness (total hip: -0.044±0.032 

mm; femoral neck: -0.026±0.039 mm), and estimated strength (stance: -0.15±0.12 kN; 

fall: -0.04±0.06 kN). Adjusting for baseline bone measures, weight, and gender, 

correlations were found between weight change and change in total hip and femoral neck 

cortical thickness (all p<0.05). For every 1 kilogram of weight loss, cortical thickness in 

the total hip decreased by 0.003 mm and in the femoral neck decreased by 0.004 mm. No 

significant correlations were present for the vBMD or strength data. The developed 
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subject-specific FE models could be used to better understand the effects of intentional 

weight loss on bone health. 

Keywords: Biomechanics, Proximal Femur Strength, Bone QCT, Bioengineering, FEA, 

Weight Loss 
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1. INTRODUCTION 

In addition to age, weight loss is a well-recognized risk factor for fracture. In 

seminal epidemiologic papers by Ensrud et al., authors repeatedly demonstrate that 

weight loss is associated with a near doubling of fracture risk, even after accounting 

baseline body mass index (BMI) and weight loss intentionality (Ensrud et al. 2003; 

Ensrud et al. 2005). The increase in fracture risk is in part attributed to a loss in areal 

bone mineral density (aBMD) as measured by dual x-ray absorptiometry (DXA). The 

effect of weight loss in older adults on other bone measures, such as cortical thickness 

and bone strength, has not been adequately investigated (Shapses and Sukumar 2012).  

Given the limitations of DXA in predicting all fracture risk (Nguyen et al. 2007) and 

measuring BMD in the context of obesity and weight loss (Hangartner and Johnston 

1990; Tothill 2005), assessment of additional bone measures  in the context of older 

adults undergoing intentional weight loss would contribute to the knowledge and 

understanding of the mechanism underlying the deleterious effect of weight loss on bone 

health. 

Unlike DXA, CT allows for measurement of volumetric bone mineral density 

(vBMD) and cortical thickness. Cortical thickness and its distribution across the proximal 

femur is an important factor in bone strength and fracture risk as patients with femoral 

neck fractures tend to have thinner cortices compared to age and sex-matched controls 

(Edmondston et al. 1994; Poole et al. 2012). vBMD has been shown to predict fracture 

risk as well as hip aBMD in postmenopausal women and older men (Link 2012; Engelke 

et al. 2015). However both aBMD and vBMD do not fully explain the ability of bone to 

resist physical forces. In evaluating bone strength, aBMD and vBMD only account for 
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56-72% and 47-87% of the variance in proximal femoral bone strength, respectively 

(Lang et al. 1997; Cody et al. 1999). To improve the assessment of bone strength and hip 

fracture risk, subject-specific finite element (FE) models have been used to non-

destructively measure bone strength in vivo (Keyak et al. 1998; Cody et al. 1999; Keyak 

2001; Keyak et al. 2001; Keyak et al. 2005; Bessho et al. 2007; Schileo et al. 2007; 

Schileo et al. 2008; Keyak et al. 2013; Nishiyama et al. 2013; Engelke et al. 2016). CT-

based subject-specific FE models based on cadaveric subjects have shown better 

predictions of bone strength, compared to BMD measures derived from either DXA or 

QCT (Cody et al. 1999). The advantage of subject-specific FE models is the ability to 

account for variations in geometry, cortical thickness, and material properties which all 

contribute to bone strength. Existing subject-specific proximal femur FE models are 

typically voxel-based and do not account for the distinction between cortical and 

trabecular bone to accurately model cortical thickness and compartment-specific material 

properties.  While FE analysis of CT data is a well-established technique to assess bone 

strength, no study has assessed the changes in femoral bone strength in older adults 

undergoing intentional weight loss.  

Therefore, the primary purpose of this study is to develop and validate subject-

specific proximal femur FE models using morphing techniques to examine the effect of 

intentional weight loss over 18 months in obese, older adults on bone measures including 

vBMD, cortical thickness, and bone strength derived from CT scan data of the total hip 

and femoral neck. Secondarily, we assessed baseline correlations between participant 

demographic information and bone measures and correlations between each of the 

baseline bone measures.  
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2. METHODS 

2.1 Study Design and Participants 

This study presents data collected as an ancillary project to a recently completed 

clinical trial, the Cooperative Lifestyle Intervention Program II (CLIP II; NCT01547182). 

Study design and methods (Marsh et al. 2013) and treatment effects on mobility and 

muscle strength (Rejeski et al. 2017) are published. Briefly, the parent study included 252 

older (60-79 years), overweight and obese (BMI≥28 kg/m
2
) adults who had 

cardiovascular disease or metabolic syndrome and self-reported mobility disability, and 

was designed to evaluate the effects of diet-induced weight loss and exercise on mobility 

and lower-body strength.  Clinically meaningful (i.e. ≥5% baseline weight) weight loss 

was achieved in all treatment groups. A subset of participants from the CLIP II were 

recruited and consented to participate in the present study. Participants had a hip CT scan 

at baseline (n=55) and 18 month follow-up (n=34).  21 participants (38%) did not have a 

post-intervention CT scan (6 participants completed the intervention but did not have a 

post-intervention CT scan and 15 participants dropped out of the study). 

2.2 CT Imaging and Processing 

CT scans of the hip (120 kVp, 350 mA, 1.25 mm helical with a pitch of 1.375:1, 

standard reconstruction with secondary reconstruction to 0.625 mm slice thickness) covering 

the region from the superior acetabulum to the mid-femur were acquired using a 64-slice CT 

scanner (LightSpeed VCT, General Electric Medical Systems, Milwaukee, WI). Image 

segmentation of the femur was performed using Mimics software (Materialise, Plymouth, 

MI) using automated operations including thresholding and region growing techniques 

and manual editing.  Results of the segmentation include binary images and masks of 
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both the left and right subject femurs. The segmentation masks were converted into 3D 

triangulated surface models of the femur.  

2.3 Volumetric Bone Mineral Density Measurement 

vBMD of the total hip and femoral neck were obtained using N-vivo software 

(Image Analysis, Columbia, KY). The software enables automated 3D segmentation of 

the hip that divides the proximal femur into anatomical compartments. The CT 

Hounsfield units (HU) are calibrated using a 4-port InTable bone mineral phantom to 

derive equivalent calcium hydroxyapatite density measures or vBMD in g/cm
3
. This 

method was applied to the total hip region of interest as well as the femoral neck region 

of interest to derive vBMD measures for both regions.  

Elasticity-density relationships from the literature were used to derive subject-

specific material properties for the FE models for the total hip and femoral neck regions. 

Ash density (ρash, g/cm
3
) of the total hip and femoral neck was computed from the 

calibrated vBMD (ρCT, g/cm
3
) and normalized to an apparent density (ρapp, g/cm

3
) using 

Eqs. 1 and 2 (Schileo et al. 2008). Elastic modulus (E, GPa) was calculated from the 

elasticity-density relationship reported by Morgan et al. which has been shown to 

produce accurate results in strain prediction for subject-specific FE models (Morgan et al. 

2003; Schileo et al. 2007) using Eq. 3. Elastic modulus was derived for both the total hip 

and neck regions for baseline and 18 month post-intervention follow-up.  

𝜌𝑎𝑠ℎ =  0.877 ∗ 𝜌𝐶𝑇  +  0.079 
[1] 

𝜌𝑎𝑝𝑝  =  
𝜌𝑎𝑠ℎ

0.6
 

[2] 

𝐸 =  6.85 ∗ 𝜌𝑎𝑝𝑝 1.49 
[3] 
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2.4 Cortical Thickness Assessment 

A cortical thickness estimation algorithm was applied to the proximal femur to 

derive variable cortical thickness values across the entire surface (Treece et al. 2010; 

Treece et al. 2012). This algorithm assumes a constant cortex density to estimate the 

cortical thickness from the CT scans allowing for accurate estimation of cortex thickness 

to approximately 0.3 mm (Stradwin v5.2, Cambridge University, UK). Cortical thickness 

mapping relies on a global cortical density measurement from the CT data which is 

factored into a piecewise defined Heaviside step function derived from the convolution of 

both in-plane and out-of-plane point spread functions (Treece and Gee 2015). HU values 

along a profile line normal to the femoral cortical surface were fit to a mathematical 

model constrained by the cortical density and out-of-plane blur, to obtain approximately 

14,000 cortical thickness measurements from each femur. Algorithm outputs include 

point clouds of the inner and outer surfaces as well as a calculated thickness. Cortical 

thickness of the proximal femur was collected at baseline and 18 month post-intervention 

follow-up. 

To incorporate the cortical thickness maps into the FE models, a mapping 

approach was developed to assign each node of the cortical shell a variable cortical 

thickness value. The cortical thickness point cloud of the femur was transformed into the 

FE model space using a rigid transformation performed using Geomagic Studio (version 

2014, 3D Systems, Inc., Rock Hill, SC) and an iterative closest point (ICP) algorithm 

applied using custom Matlab code (The MathWorks, Inc., Natick, MA). After alignment, 

custom Matlab code was used to perform a nearest neighbor search for each FE node and 

assign the thickness value based on the output of the cortical thickness estimation 
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algorithm. The cortical thickness mapping process and results for an example femur are 

shown in Figure 17.  

 
Figure 17. Cortical thickness mapping workflow. Above, 

the transformations and nearest neighbor search 

processes. On the right, the results of the cortical thickness 

mapping. The output of the cortical thickness estimation 

algorithm for an example subject is shown on top right 

with the resulting subject-specific FE model with cortical 

thickness mapped on the bottom right. 

 

 
 

2.5 Finite Element Model Development 

Subject-specific FE models of the proximal femur were developed using 

morphing techniques to accelerate the development of the models as described by 

previous literature (Hu et al. 2012; Shi et al. 2014; Vavalle et al. 2014; Klein et al. 2015; 

Schoell et al. 2015; Schoell et al. 2015). The morphing procedure involves the use of 

radial basis function interpolation using the thin-plate spine basis function and a 

relaxation algorithm to morph an existing FE model to a subject-specific geometry 

(Bookstein 1989; Bookstein 1997; Donato and Belongie 2002; Stayton 2009). The thin-

plate spline algorithm uses homologous landmark data in a reference and target 

configuration to derive an interpolation function and coefficients which can be applied to 

the nodal coordinates of the reference FE model as it is associated with the reference 
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homologous landmark data. Homologous landmark data are points on analogous 

positions on each respective geometry that allow for a one-to-one mapping between the 

reference and target configurations. The proximal femur of the Global Human Body 

Models Consortium (GHBMC) v4.4 average male occupant model was used for the 

reference homologous landmark data and FE model. The GHBMC FE model is 

representative of a 50
th

 percentile male (M50) and was based on medical images of a 26 

year old individual (height, 174.9 cm; weight, 78.6 kg; and body mass index (BMI), 25.7) 

(Gayzik et al. 2011; Vavalle et al. 2013; Vavalle et al. 2015). The femur model of the 

GHBMC M50 has been validated against post-mortem human surrogate (PMHS) data in 

various loading conditions including quasi-static compression in stance and fall 

configurations, three-point bending of the femoral shaft, and dynamic combined bending 

and compression loading (Untaroiu et al. 2013). Overall, the model showed good 

agreement with PMHS data and therefore was selected as the reference model for this 

study due to its biofidelity and robustness. The proximal femur FE model used in this 

study contains a total of 12,716 elements, 13,395 nodes, and 7 parts (3 cortical 

quadrilateral shell parts representing the head, neck, and trochanter regions and 4 

trabecular hexahedral solid parts representing the head, neck, trochanter, and shaft 

regions). The target homologous landmark data was derived from the subject-specific CT 

data of the proximal femur.  

Homologous landmark collection of the reference and subject-specific femurs 

utilized image segmentation, atlas development, and image registration techniques 

(Weaver et al. 2014; Weaver et al. 2014; Weaver et al. 2015). As described previously, 

image segmentation of the subject CT scans was completed to derive 3D triangulated 
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surface models of the femur. An atlas was developed from existing computer aided 

design (CAD) geometry of the GHBMC M50 femur. The CAD geometry was converted 

to create an atlas of the femur which included a 3D triangulated surface model using 

Geomagic Studio and a stack of binary images using Amira software (FEI, Hillsboro, 

Oregon). A uniform grid of 10,005 landmarks was placed on the atlas surface model of 

the femur. These landmarks serve as the atlas/reference homologous landmarks. Image 

registration involves using normalization techniques to find the optimal transformation 

which maps each voxel from one image to a location in a second image and minimizes a 

cost function describing the similarity between the two images (Avants et al. 2011). 

Image registration was performed using rigid and nonlinear transformations to map the 

atlas landmarks of the femur to each subject-specific femur (Figure 18a). A rigid 

transformation, consisting of translation and rotation, was performed in 3D Slicer (3D 

Slicer, Version 3.6, www.slicer.org, Boston, MA) to roughly align the 3D triangulated 

surface model of the atlas femur to the subject femur. Following rigid registration, a 

nonlinear registration was performed using the Advanced Normalization Tools (ANTS) 

software (Penn Image Computing and Science Laboratory, University of Pennsylvania, 

PA) to register the binary stack of images of the atlas femur to the binary stack of images 

of the segmented subject femur (Avants et al. 2011). The symmetric image normalization 

transformation model was used for maximizing cross-correlation between the atlas and 

subject images that were registered. After the atlas image was registered to the subject 

image, custom Matlab code was used to apply the rigid and symmetric diffeomorphic 

registration transforms to morph the point cloud of landmarks on the atlas femur to the 

subject-specific femur. The outputs of the image registration process are the homologous 
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landmarks for the subject-specific femurs. These serve as the inputs to the model 

morphing procedure in addition to the atlas landmarks and the FE nodal coordinates. The 

thin-plate spline morphing process for the femur is depicted in Figure 18b. A deviation 

analysis was performed to measure the point-to-surface distances to evaluate the quality 

and robustness of the image registration algorithm and thin-plate spline morphing 

algorithm. More information regarding this analysis can be found in the Appendix. 

 
(a) Image Registration  

Figure 18. (a) Registration 

of atlas landmarks (red) 

to the subject 

segmentations (grey) 

using rigid and nonlinear 

transformations for the 

femur to generate subject 

landmarks. (b) Model 

morphing of GHBMC 

M50 v4.4 femur to a 

subject-specific model. 

Homologous landmarks of 

the atlas (red) and subject 

(grey) are used to derive 

an interpolation function 

that morphs the atlas FE 

model to the target or 

subject-specific model. 

 

 
(b) Model Morphing 
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2.6 Finite Element Model Simulation 

Bone strength was estimated through simulation of a single-limb stance and 

sideways fall configuration involving quasi-static compression of the femoral head and 

neck (Keyak et al. 1998; Keyak et al. 2001). The published experimental data for both the 

stance and fall configuration was based on 18 human cadaveric proximal femurs (10 F + 

8 M) with an average age of 70.3 years old (range: 52-92 years). The atlas GHBMC M50 

v4.4 femur was validated against the published experimental data for each configuration 

to evaluate the biofidelity (See Appendix for more information). Subject-specific FE 

models were developed for 25 participants who had complete bone measure data (vBMD, 

cortical thickness, and bone strength) for both baseline and follow-up. For the 34 

participants with both baseline and follow-up CT scan data, baseline and 18 month post-

intervention bone measure data was obtained for 25 participants. Missing baseline and 

follow-up bone measure data was due to failure to scan the region of interest with the 

femoral head cutoff (n=5), missing bone mineral phantom ports (n=2), and failure of N-

vivo software to detect the hip (n=2). A total of 200 simulations were performed for the 

developed subject-specific proximal femur FE models. The simulations included 2 

loading configurations (stance and fall), 2 structures (left and right femur), and 2 models 

per subject (baseline and 18 month post-intervention) for the 25 participants. All 

simulations were performed using nonlinear implicit analysis with LS-Dyna (v6.0.0 rev 

71482, LSTC, Livermore, CA).   

For the single-limb stance configuration, the femoral longitudinal axis was 

positioned at a 20° angle to the vertical axis in the coronal plane with the femoral shaft 

fully constrained (Figure 19a). A 30-mm diameter molded polymethylmethacrylate 
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(PMMA) impactor compressed the femoral head at a rate of 0.5 mm/s until fracture. For 

the sideways fall configuration, the femoral longitudinal axis was positioned at a 60° 

angle to the vertical axis and at a 70° angle to the major axis of the elliptical cross-section 

of the femoral neck (Figure 19b). The femoral shaft was fully constrained and the greater 

trochanter was placed onto a molded PMMA cup as described in the experimental setup. 

Similar to the stance configuration, a 30-mm diameter molded PMMA impactor 

compressed the femoral head at a rate of 0.5 mm/s until fracture. The peak fracture force 

was defined as the peak force recorded between the impactor and femoral head for both 

configurations. The proximal femur was modeled as an isotropic elastic-plastic material 

with a failure strain. Bone fracture is predicted using the element deletion method that 

removes elements when a given strain threshold is exceeded. For the proximal femur, 

cortical bone fracture was modeled with a fracture threshold of 0.0088 effective plastic 

strain (Untaroiu et al. 2005; Untaroiu et al. 2013).   

(a) (b) 

 

 

Figure 19. Simulation setup for (a) the single-limb stance configuration and for (b) the 

sideways fall configuration. 
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2.7 Baseline Covariate Assessments 

Participant age, sex, and ethnicity were captured via self-report at the baseline 

assessment visit. Additional information on prior fracture, parent fracture, smoking 

status, glucocorticoid use, alcohol use, and diagnosis of rheumatoid arthritis were 

collected via self-report and used to calculate the 10 year probability of major 

osteoporotic and hip fracture using the FRAX® tool 

(https://www.shef.ac.uk/FRAX/tool.jsp). Height was assessed without shoes to the 

nearest 0.25 cm using a stadiometer (HealthO Meter® Portrod) and body mass measured 

to the nearest 0.05 kg using a calibrated and certified digital scale (HealthO Meter® 

Professional 349KLX). Weight was also measured at the 18 month post-intervention 

visit. aBMD (g/cm
2
) was assessed using DXA (iDXA, GE Medical Systems, Madison, 

WI) at baseline at the posterior-anterior lumbar spine (L1-L4) and hip (femoral neck, 

trochanter, and intertrochanteric space) using the manufacturer’s recommendations for 

patient positioning and scanning. Osteoporosis and osteopenia were defined as location-

specific T-scores ≤2.5 and between -2.5 and -1, respectively (World Health Organization 

1994).  

2.8 Statistical Analysis 

Descriptive statistics were calculated overall and by sex at baseline among all 

participants with baseline bone measurements, and sex and ethnicity group comparisons 

of baseline bone measures were performed using t-tests. Associations between bone 

measures and continuous patient characteristics (age, BMI, and body mass) as well as 

correlations among bone measures were performed using both Pearson correlations and 

simple linear regression. Changes at 18 months used only participants with both baseline 
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and 18 month data, and comparisons of participants with and without follow-up data were 

performed using t-tests for continuous variables and chi-square tests for discrete 

characteristics. One-sample t-tests were used to test the differences in weight and bone 

measure data across the 18 months. The associations between changes in bone measures 

were analyzed using Pearson correlations and simple linear regression. Further 

associations between changes in bone measures and changes in weight were measured 

using partial Pearson correlations and multiple linear regression models adjusted for sex 

and baseline bone measure and weight data. Due to the hypothesis-generating nature of 

these analyses there were no adjustments for multiple comparisons. All statistical 

analyses were performed using SAS v9.4 (SAS Institute, Cary, NC) and a p-value less 

than 0.05 was considered statistically significant. 

3. RESULTS 

3.1 Baseline Demographic Characteristics 

Fifty-five participants completed pre-intervention assessments and commenced 

the intervention. Baseline characteristics of the 55 participants are included in Table 8, 

including descriptive statistics of age, weight, BMI, ethnicity, FRAX score, and clinical 

categorization of bone health. Briefly, participants were 65.8 ± 4.3 years of age, with the 

majority being female (64%) and Non-Hispanic white (69%). Weight was 96.1 ± 16.9 kg 

and BMI was 34.0 ± 3.5 kg/m
2
 with 53% of the study sample classified as Type I Obese. 

Based on DXA, T-scores indicated normal bone density in 36% of the participants, 

osteopenia in 53% of participants, and osteoporosis in 11% of participants. Based on the 

FRAX score, 10 year probability of major osteoporotic fracture or hip fracture was low.   
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Table 8. Mean (SD) baseline characteristics of study population 

Variable  
Men  

(n = 20) 

Women 

(n = 35) 

Overall  

(n = 55) 

Age (years) 65.6 ± 4.4 66.0 ± 4.3 65.8 ± 4.3 

Weight (kg) 109.2 ± 16.8 88.6 ± 11.6 96.1 ± 16.9 

BMI (kg/m
2
) 34.3 ± 3.8 33.8 ± 3.5 34.0 ± 3.5 

African American, n (%) 5 (25) 11 (31) 16 (29) 

FRAX 10 year probability (%) 

     Major Fracture 3.9 ± 2.9 4.2 ± 2.2 4.1 ± 2.4 

     Hip Fracture  0.05 ± 0.09 0.04 ± 0.08 0.04 ± 0.08 

Clinical Categorization, n (%) 

     Normal 6 (30) 14 (40) 20 (36) 

     Osteopenia  10 (50) 19 (54) 29 (53) 

     Osteoporosis  4 (20) 2 (6) 6 (11) 

 

3.2 Baseline Bone Measure Summary 

Descriptive statistics of the full baseline sample (n=55) where bone measure data 

was available (n=48-54) are summarized in Table 9. Baseline bone measures were 

collected for 48 participants for vBMD, 54 participants for cortical thickness, and 48 

participants for bone strength. Missing baseline bone measures were due to missing bone 

mineral phantom ports (n=2), failure of N-vivo software to detect the hip (n=4), and a 

patient with a total hip replacement (n=1). Overall, the mean vBMD of the femoral neck 

was greater than the mean of the total hip. The mean cortical thickness of the total hip 

was greater than the mean of the femoral neck. Mean estimated strength values for both 

femoral stance and femoral fall were within the range of the published experimental 

testing for each configuration. As a sensitivity analysis, descriptive data were stratified by 

sex and ethnicity (data not shown). There were no statistically significant differences in 

vBMD or cortical thickness measures between men or women or between participants of 

different ethnicities (all p>0.05); although, baseline proximal femur strength in the stance 
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and fall configuration was significantly greater for the men in compared to the women (p 

<0.001 stance; p=0.002 fall). 

Table 9. Baseline bone measure descriptive data. 

Bone Measure N Mean ± SD 

vBMD (g/cm
3
)    

     Total Hip  48 0.301 ± 0.036 

     Femoral Neck  48 0.313 ± 0.043 

Cortical Thickness (mm)   

     Total Hip 54 2.030 ± 0.238 

     Femoral Neck 54 1.871 ± 0.242 

Estimated Strength (kN)   

     Femoral Stance  48 6.18 ± 1.00 

     Femoral Fall  48 2.07 ± 0.39 

Correlations and parameter estimates between continuous baseline patient 

characteristics and baseline bone measures are listed in Table 10. Baseline proximal 

femur strength in the stance and fall configurations significantly decreases with age 

(p=0.04 stance; p=0.003 fall). For baseline BMI, a significant positive correlation was 

found with baseline cortical thickness for the total hip (r=0.40, p=0.05) and femoral neck 

(r=0.43, p=0.03). For baseline weight, a significant positive correlation was found with 

baseline femoral stance strength (r=0.63, p<0.001) and baseline femoral fall strength 

(r=0.49, p=0.01). 

Correlations and parameter estimates between each of the baseline bone measures 

are listed in Table 11. Baseline vBMD of the total hip was positively correlated with 

baseline vBMD of the femoral neck (r=0.83, p<0.001) and cortical thickness of the total 

hip (r=0.57, p=0.003) and femoral neck (r=0.55, p=0.005). Baseline vBMD of the 

femoral neck was positively correlated with baseline cortical thickness of the total hip 

(r=0.49, p=0.01) and femoral neck (r=0.68, p<0.001). A negative correlation between 
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baseline vBMD and femoral strength was noted. Significant correlations between 

baseline vBMD of the total hip and femoral neck with femoral stance and fall strength are 

likely confounded by other baseline variables including weight and sex. Baseline cortical 

thickness of the total hip was positively correlated with baseline cortical thickness of the 

femoral neck (r=0.71, p<0.001). Baseline femoral stance strength was positively 

correlated with baseline femoral fall strength (r=0.85, p<0.001). 

Table 10. Correlations and parameter estimates between baseline bone measures and 

baseline patient characteristics. *p-value <0.05 

Bone Measure 
Age (years) BMI (kg/m

2
) Weight (kg) 

r β (SE) r β (SE) r β (SE) 

vBMD (g/cm
3
)  

     Total Hip  0.51* 0.004 (0.001) 0.29 0.002 (0.002) -0.18 0.000 (0.001) 

     Femoral Neck  0.47* 0.005 (0.002) 0.23 0.002 (0.002) -0.22 -0.001 (0.001) 

Cortical Thickness (mm) 

     Total Hip 0.26 0.014 (0.011) 0.40* 0.024 (0.011) 0.31 0.006 (0.004) 

     Femoral Neck 0.27 0.013 (0.010) 0.43* 0.022 (0.010) 0.23 0.004 (0.004) 

Estimated Strength (kN) 

     Femoral Stance  -0.41* -0.101 (0.046) -0.27 -0.068 (0.051) 0.63* 0.056 (0.014) 

     Femoral Fall  -0.57* -0.046 (0.014) -0.33 -0.028 (0.017) 0.49* 0.014 (0.005) 
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3.3 18 Month Change in Weight and Bone Measure Summary 

Descriptive statistics of the 25 participants (65.6 ± 4.1 average age, 76% female, 

20% African American, BMI 29.7± 4.0 kg/m
2
) with baseline and 18 month post-

intervention weight and bone measures are summarized in Table 12. No significant 

differences in age, sex, ethnicity, or BMI were observed between the full baseline sample 

(n=55) and those with follow-up data (n=25; all p>0.05) data not shown). Overall loss of 

body weight (-8.74 ± 6.64 kg) was statistically significant from baseline to 18 month 

post-intervention (p<0.01). Statistically significant decreases in vBMD and cortical 

thickness of the total hip and femoral neck as well as estimated strength for both the 

stance and fall configurations were observed (all p<0.01). Specifically, vBMD of the total 

hip and femoral neck decreased by 8.0% and 3.9%, respectively. Cortical thickness of the 

total hip and femoral neck decreased by 2.1% and 1.4%, respectively. Estimated strength 

for the stance and fall configuration decreased by 2.5% and 2.1%, respectively. 

Table 12. Baseline and 18 month post-intervention weight and bone measure descriptive 

data (n=25).  p-values indicate if change from baseline to 18 months is significant 

 (*p-value <0.05). 

 
Baseline 

Mean ± SD 

18 month 

Mean ± SD 

Change 

(95% CI) 
p-value 

Weight (kg) 89.14 ± 11.40 80.40 ± 11.33 -8.74 (-11.84, -5.99) <.0001* 

vBMD (g/cm
3
)  

     Total Hip  0.299 ± 0.031 0.275 ± 0.033 -0.024 (-0.029, -0.019) <.0001* 

     Femoral Neck  0.308 ± 0.042 0.296 ± 0.047 -0.012 (-0.018, -0.006) 0.0002* 

Cortical Thickness (mm) 

     Total Hip 2.064 ± 0.232 2.020 ± 0.233 -0.044 (-0.057, -0.030) <.0001* 

     Femoral Neck 1.878 ± 0.202 1.852 ± 0.198 -0.026 (-0.042, -0.011) 0.002* 

Estimated Strength (kN) 

     Femoral Stance  6.11 ± 1.01 5.96 ± 1.00 -0.15 (-0.20, -0.10) <.0001* 

     Femoral Fall  2.04 ± 0.34 2.00 ± 0.33 -0.04 (-0.07, -0.02) 0.002* 
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Correlations and parameter estimates between the change of each of the bone 

measures are listed in Table 13. Change in vBMD of the femoral neck was positively 

correlated with the change in femoral fall strength (r=0.45, p=0.02). Change in cortical 

thickness of the total hip was positively correlated with the change in cortical thickness of 

the femoral neck (r=0.59, p=0.002). 

Correlations and parameter estimates between weight change and change in bone 

measures, both unadjusted and adjusted for baseline bone measures, baseline weight, and 

sex are presented in Table 14. Correlations were observed between weight change and all 

bone measures with unadjusted correlations ranging from -0.29 to 0.56 and adjusted 

correlations ranging from -0.42 to 0.57. Adjusted analyses show a significant correlation 

between weight change and change in cortical thickness (total hip, r=0.56, p=0.007; 

femoral neck, r=0.57, p=0.006). For every 1 kilogram of weight loss, cortical thickness in 

the total hip decreased by 0.003 mm and in the femoral neck decreased by 0.004 mm. No 

significant correlations were present for the vBMD or strength data. 
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Table 14. Correlations and parameter estimates between weight change (kg) and change in 

bone measures, unadjusted and adjusted for baseline bone measures, weight and sex.  

*p-value <0.05 

 
Δ Weight (kg) 

Unadjusted Adjusted 

Δ Bone Measure r β (SE) r β (SE) 

Δ vBMD (g/cm
3
)      

     Total Hip  0.20 0.000 (0.000) 0.23 0.000 (0.000) 

     Femoral Neck  -0.04 0.000 (0.000) -0.10 0.000 (0.000) 

Δ Cortical Thickness (mm)     

     Total Hip 0.56* 0.003 (0.001) 0.56* 0.003 (0.001) 

     Femoral Neck 0.43* 0.003 (0.001) 0.57* 0.004 (0.001) 

Δ Strength (kN)     

     Femoral Stance  0.06 0.001 (0.004) 0.01 0.000 (0.005) 

     Femoral Fall  -0.29 -0.003 (0.002) -0.42 -0.004 (0.002) 

 

4. DISCUSSION 

In this study, we developed subject-specific FE models of the proximal femur of 

obese, older adults undergoing intentional weight loss using methods which incorporate 

subject-specific geometry, vBMD-derived material properties, and variable cortical 

thickness to model both cortical and trabecular bone. Previous studies of CT-based FE 

models of the proximal femur have implemented voxel-based meshing techniques which 

produce irregular boundaries, lack the distinction between cortical and trabecular bone, 

and result in inaccuracies in predicting failure location (Keyak et al. 1998; Cody et al. 

1999; Keyak 2001; Keyak et al. 2001; Keyak et al. 2013). While these methods are fully 

automatic, voxel-based FE models of the proximal femur have been shown to produce 

inaccuracies especially for the predicted stresses and strains on the bone surface(Carmona 

2004; Black and Rosen 2016). Other studies have used automated techniques to generate 

tetrahedral meshes which are more accurate than voxel-based meshes but are still not as 

accurate as hexahedral meshes (Carmona 2004; Bessho et al. 2007; Burge et al. 2007; 
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Schileo et al. 2007; Schileo et al. 2008; Schileo et al. 2008; Falcinelli et al. 2014; Black 

and Rosen 2016). The model morphing technique used in this study takes advantage of 

using a validated hexahedral meshed proximal femur atlas FE model to derive the 

subject-specific FE models. The model morphing technique accurately captures the 

geometric variation of the subject and allows for a distinction between the cortical and 

trabecular bone to assign compartment-specific material properties. In addition, this 

technique allowed for variable cortical thickness to be directly mapped to the FE model. 

These techniques presented allow for characterization of geometry, cortical thickness, 

and material properties which can ultimately provide FE models that better predict bone 

strength and fracture risk.  

Novel data generated here confirm and extend prior literature suggesting weight 

loss in older adults is associated with reduced total hip and femoral neck BMD and 

cortical thickness. Analysis of the 18 month change in bone measure data revealed 

statistically significant decreases from baseline to 18 months post weight loss 

intervention in vBMD (total hip: 8.0%; femoral neck: 3.9%), cortical thickness (total hip: 

2.1%; femoral neck: 1.4%), and estimated strength (stance: 2.5%; fall: 2.1%). Emerging 

data implicate weight and weight change as well as BMD in fracture risk prediction. 

Previous studies have found significant decreases in total hip aBMD associated with diet-

induced weight loss which can increase fracture risk (Zibellini et al. 2015). In this meta-

analysis, 0.010 to 0.015 g/cm
2
 decreases in aBMD associated with diet-induced weight 

loss were similar to the average yearly aBMD loss for elderly women (Nguyen et al. 

1998; Ensrud et al. 2003; Zibellini et al. 2015). With each standard deviation decrease in 

femoral neck aBMD of 0.12 g/cm
2
, risk of hip fracture is approximately increased by 3.5 
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fold (Nguyen et al. 2005). In our study, participants lost an average of 0.012 g/cm
3
 in the 

femoral neck vBMD. For a standard deviation decrease in femoral neck vBMD of 0.05 

g/cm
3
, risk of hip fracture increased by 3.3 fold(Center et al. 2004). Therefore for the 

population presented in this study, the decrease in femoral neck vBMD would result in an 

approximately 0.8 fold change in fracture risk across the 18 month intervention. In 

analyses adjusted for baseline bone measures, baseline weight, and sex, significant 

correlations were found between weight change and change in total hip and femoral neck 

cortical thickness. In order to identify optimal weight loss therapies that minimize bone 

loss with weight loss, it is important to measure the change in bone density and quality 

including cortical thickness and vBMD as described in this study to further understand 

the deleterious effects of weight loss on bone health in older adults.   

Analysis of baseline bone measures revealed for baseline BMI, a significant 

positive correlation with cortical thickness and negative correlation with baseline femoral 

stance and fall strength. These results suggest that while baseline cortical thickness is 

thicker with higher BMIs, the baseline femoral strength is weaker which indicates bone 

strength is not explained only by the thickness. Bone strength is a function of geometry, 

cortical thickness, and material properties. In this context, thicker bones in the older, 

obese adult population do not necessarily result in stronger bones due to lower vBMD 

values. In addition, a significant positive correlation was found between baseline weight 

and estimated strength indicating that greater body weight is associated with increased 

estimated strength values due in part to the increased mechanical loads on the hip. 

No statistical significant correlations were present for weight change and change 

in vBMD or bone strength. One potential explanation is that strength factors in the 
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redistribution of cortical thickness across the proximal femur which has been shown to be 

localized following exercise-induced changes where mechanical demands are the greatest 

(Al-Sari et al. 2016). In addition, with weight loss there are reductions in mechanical 

loads which could induce changes in the distribution of the cortical thickness which can 

ultimately affect the estimated strength. As a note, the sample of 25 participants with 

baseline and 18 month post-intervention data represents a pilot data set and additional 

data would be necessary to draw further conclusions on weight change and bone strength.  

Previous studies of FE estimated proximal femur strength have shown reduced 

strength is associated with incident of hip fracture with men and women having 20-31% 

lower strength in the stance configuration and 29-38% lower strength in the fall 

configuration, when comparing subjects with fracture with age and sex-matched controls 

(Keller et al. 1993). Controlling for aBMD, the association between hip fracture risk and 

estimated FE strength remained, suggesting that estimated FE strength accounts for 

characteristics of the proximal femur that cannot be captured by BMD alone. In the study 

presented, the significant reductions in estimated strength from baseline to 18 month 

post-intervention following weight loss in both the stance and fall configuration would 

likely increase hip fracture risk. In addition, the significant reductions in cortical 

thickness and vBMD are also associated with increases in hip fracture risk (Edmondston 

et al. 1994; Lang et al. 1997). Future studies can develop logistic regression models to 

incorporate the effects of strength, cortical thickness, and vBMD to determine the 

probability of hip fracture for a given age and sex. Hip fracture risk is also dependent on 

the risk of falling; integration of FE estimated strength with assessment of fall risk could 

improve the accuracy of fracture risk prediction.  
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There are a number of limitations associated with this study. In terms of model 

development, one limitation is the use of homogenous material properties within each of 

the total hip and neck regions. Studies have shown more accurate results for 

inhomogeneous material properties on an element-by-element basis so there is potential 

to improve the models developed in this study by deriving a vBMD measure for each 

element. There also exist some limitations associated with the validation of the atlas FE 

model. The model response was compared to peak fracture force data reported in the 

literature. Future work includes further validation using force-time or force-displacement 

data when the experimental data becomes available.  In order to improve the validation of 

the atlas model and fully validate the subject-specific models, the techniques developed 

in this study must be validated against controlled cadaveric experiments to establish a 

prediction accuracy of the modelling technique. The focus of this study was on the 

change in bone parameters including estimated strength using the developed FE models. 

Therefore, while the subject-specific FE strength data falls within range of the published 

experimental data, the focus should not be on the exact value predicted but rather the 

change in bone strength in order to estimate effects of weight loss. Another factor related 

to the FE models includes the fracture criteria. While strain-based failure criteria and 

element deletion are generally accepted to model fracture, more accurate techniques 

should be investigated to better model fracture initiation and propagation. The simulation 

configurations for the stance and fall also neglect soft tissue effects. Studies have shown 

the protective effect of obesity and excess adipose tissue in reducing forces transferred to 

the femur (Shapses and Sukumar 2012). The focus of this study was to study the effects 

of weight loss on bone measures. Future work could improve simulation configurations 
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to include surrounding soft tissue to estimate bone strength. Finally as mentioned 

previously, the methods developed in this study were applied to a pilot data set of 25 

participants. In order to draw clinically meaningful conclusions on weight loss and bone 

health, additional data is necessary.  

5. CONCLUSION 

In conclusion, the subject-specific FE models of the proximal femur of obese, 

older adults developed in this study were employed to improve the understanding of 

intentional weight loss on bone measures. The methods presented in this study offer the 

ability to accurately account for variations in geometry, cortical thickness, and material 

properties which can result in more reliable FE models to predict bone strength. The 

techniques used in this study can be applied to a larger sample population to improve the 

understanding of the complex relationship between morphologic, compositional, and 

material changes of the elderly and obese undergoing intentional weight loss. Integration 

of advanced measures of bone density and quality derived from CT data with 

conventional aBMD can help improve the assessment and prediction of fracture risk. 

These tools can be used further understand the effects of intentional weight loss on bone 

health and aid clinicians in designing optimal weight loss strategies. 
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8. APPENDIX  

Deviation Analysis  

To evaluate the quality and robustness of the image registration algorithm and 

thin-plate spline morphing algorithm, a deviation analysis was completed to quantify the 

point-to-surface distances between the 3D triangulated surface models of the subject 

femur and either the subject-specific homologous landmarks or the morphed FE nodal 

coordinates, respectively. Deviation analysis was conducted using Geomagic Control 

(version 2015, 3D Systems, Inc., Rock Hill, SC) which computes the signed distance and 

absolute distance on a point-by-point basis. For both the image registration algorithm and 

thin-plate spline morphing algorithm, ideally the subject-specific homologous landmarks 

or morphed FE nodal coordinates would lie directly on the subject’s 3D triangulated 

surface models. The analysis focused on the percentage of deviations exceeding 1.96 mm 

as deviations within this range are to be expected following image registration given the 

scan resolution. The median in-plane scan resolution of 0.98 mm was doubled to attain 

the 1.96 mm deviation threshold.  

For the image registration, the deviations between the subject-specific 

homologous landmarks and the 3D triangulated surface models of the subject femur 

exceeding 1.96 mm on average was 0.40%. For 95% of the femurs, less than 0.13% 

exhibited absolute deviations greater than 1.96 mm. These results suggest that the 

subject-specific homologous landmarks were successfully collected from the femurs 

since only a small proportion of the absolute deviations exceeded 1.96 mm. For the 

morphing algorithm, the deviations between the morphed FE nodal coordinates and the 

3D triangulated surface models of the subject exceeding 1.96 mm on average was 0.58%. 
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For 95% of the femurs, less than 0.19% had absolute deviations greater than 1.96 mm. 

Similar to the deviation analysis results for the image registration, the small proportion of 

deviations exceeding 1.96 mm indicates that the morphing algorithm was successful in 

accurately generating FE models of the subjects.  

Finite Element Model Validation  

Prior to the simulations of the developed subject-specific FE models, the atlas 

GHBMC M50 v4.4 femur was validated against the published experimental data for each 

configuration to evaluate the biofidelity. Since there was no force-time or force-

displacement curves in the published experimental paper, the peak fracture force was 

used for comparison. The peak fracture force predicted in the FE simulations using the 

atlas GHBMC M50 v4.4 femur for the stance and fall configuration was 8.02 kN and 

2.51 kN, respectively. The predicted FE peak fracture forces for the stance and fall were 

within the peak fracture forces reported in the published experimental testing of 8.44 ± 

3.04 kN (range: 3.12 – 15.04 kN) and 2.38 ± 1.31 kN (range: 0.58 – 4.63 kN), 

respectively (Keyak et al. 1998). Therefore, these results indicate that the atlas proximal 

femur FE model can accurately predict bone strength in both loading configurations.  
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ABSTRACT 

Diet and exercise can promote weight loss in older adults, however there is 

potential to increase fracture risk due to loss of bone mineral density (BMD) known to 

accompany weight loss. Weight loss effects on measures of bone quality and strength are 

currently unknown.  The purpose of this study is to develop subject-specific finite 

element (FE) models of the lumbar spine and study the effect of intentional weight loss 

on bone strength.  Computed tomography (CT) scans of the lumbar spine of 30 obese 

(mean BMI = 29.7 ± 3.9 kg/m
2
), older adults (mean age = 65.9 ± 4.6 years) undergoing 

an 18 month intentional weight loss intervention were obtained at baseline and post-

intervention. Measures of volumetric BMD (vBMD) and variable cortical thickness were 

derived from each subject CT scan. Model development of the subject-specific FE 

models of the lumbar spine involved model morphing techniques to accelerate the 

development of the models. vBMD-derived material properties and cortical thickness 

measures were directly mapped to baseline and post-intervention models. Bone strength 

was estimated through simulation of a quasi-static uniaxial compression test.  From 

baseline to 18 month post weight loss intervention, there were statistically significant 

decreases in estimated bone strength (6.5% decrease; p<0.05). Adjusting for baseline 

bone measures and sex revealed no statistically significant correlations between weight 

change and change in vBMD, cortical thickness, or bone strength. Integration of CT-

based measures and FE models with conventional areal BMD can improve the 

understanding of the effects of intentional weight loss on bone health.  

Keywords: Obesity, Weight loss, Lumbar spine strength, Finite element analysis, 

Quantitative computed tomography 
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1. INTRODUCTION 

Osteoporosis and resulting fractures are a significant public health concern.  

Compression fracture of the vertebral body are the most common fractures in patients 

with osteoporosis and are associated with increased back pain, depression, and reduced 

quality of life (Davies et al. 1996; Nevitt et al. 1998; Al-Sari et al. 2016). Observational 

data suggests that weight loss increases the risk of vertebral fracture in older women 

(Crandall et al. 2015), which is affirmed by recent randomized controlled trial data 

suggesting intentional caloric restriction reduces dual x-ray absorptiometry (DXA)-

derived spine areal bone mineral density (aBMD) in middle-aged and younger adults 

(Villareal et al. 2006; Villareal et al. 2016). Although aBMD is the gold standard for 

assessment of osteoporosis and fracture risk (Bouxsein and Seeman 2009; D'Elia et al. 

2009; Engelke et al. 2016), it is limited in its prognostic capabilities (as over half of all 

fractures occur in patients with aBMD values above the defined thresholds for 

osteoporosis (Siris et al. 2004; Netelenbos et al. 2009)), with spinal measurements 

particularly susceptible to measurement error introduced by obesity and weight loss 

(Hangartner and Johnston 1990). Due to these limitations, more robust assessments of 

bone density and additional information on bone morphometry and strength are required 

to further understand the effects of weight loss on vertebral fracture risk.   

Additional noninvasive measures of osteoporosis and fracture risk can be derived 

from quantitative clinical tomography (QCT) data which include measures of volumetric 

BMD (vBMD), cortical thickness, and bone strength estimates using finite element (FE) 

models. Measurements of vertebral vBMD have been shown to predict vertebral fractures 

as well as vertebral aBMD in postmenopausal women (Shepherd et al. 2015). 
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Correlations between vertebral strength and aBMD (r
2
= 0.51-0.80) and vBMD (r

2
= 0.37-

0.72) reveal that these measures of BMD only account for roughly 40 to 80% of vertebral 

strength (McBroom et al. 1985; Brinckmann et al. 1989; Mosekilde et al. 1989; 

Edmondston et al. 1994; Myers et al. 1994; Bjarnason et al. 1996; Cheng et al. 1997). 

Recent studies have shown that FE models derived from CT scans are a better predictor 

of vertebral bone strength in comparison to aBMD and vBMD as FE models factor in 

variations in vertebral geometry, cortical thickness, and material properties which all 

contribute to bone strength and subsequently fracture risk (Crawford et al. 2003; Imai et 

al. 2006; Buckley et al. 2007; Dall’Ara et al. 2012). As a result, the development of 

subject-specific FE models of the spine provides a powerful tool to measure vertebral 

bone strength in vivo and the ability to study bone quality in clinical trials (Imai et al. 

2008; Matsumoto et al. 2009; Wang et al. 2012; Kopperdahl et al. 2014). However, these 

methods have not been applied to study the changes in bone strength in a longitudinal 

study of intentional weight loss in older adults. In addition, previously developed FE 

models of the vertebrae use simplified techniques including voxel-based meshing which 

do not model the distinction between cortical and trabecular bone and are known to 

produce inaccuracies especially for the predicted stresses and strains on the bone surface.  

Therefore, the primary purpose of this study is to develop and validate subject-

specific lumbar spine vertebrae FE models using morphing techniques to examine the 

effect of intentional weight loss over 18 months in obese, older adults on vBMD, cortical 

thickness, and bone strength. Secondarily, we aimed to describe baseline correlations 

between participant demographic information and bone measures and correlations 

between each of the baseline bone measures. 
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2. METHODS 

2.1 Study Design and Participants 

This is an ancillary study to a recently completed clinical trial, the Cooperative 

Lifestyle Intervention Program II (CLIP II; NCT01547182), which included 252 older 

(60-79 years), overweight and obese (body mass index (BMI)≥28 kg/m
2
) adults who had 

cardiovascular disease or metabolic syndrome and self-reported mobility disability, and 

was designed to evaluate the effects of diet-induced weight loss and exercise on mobility 

and lower-body strength (Marsh et al. 2013). Clinically meaningful (i.e. ≥5% baseline 

weight) weight loss was achieved in all treatment groups as described in the main 

outcomes paper (Rejeski et al. 2017). A subset of participants from the CLIP II parent 

study (n=55) were recruited and consented to participant in the present study, and were 

administered a CT scan at baseline and 18 month follow-up (n=34) to determine 

associations between weight change and CT-derived vBMD, cortical thickness, and 

strength estimated by FE models. A total of 21 participants (38%) did not have an 18 

month CT scan (n=6 completed the intervention but did not have a post-intervention CT 

scan, n=15 dropped out of the study entirely). 

2.2 CT Imaging and Processing 

Helical CT scans of the lumbar spine (120 kVp, 250 mA, 2.5 mm helical with a 

pitch of 1.375:1, standard reconstruction with secondary reconstruction to 0.625 mm slice 

thickness) covering the region from the superior endplate of L1 vertebra through the 

inferior endplate of L5 vertebra were obtained using a 64-slice CT scanner (LightSpeed 

VCT, General Electric Medical Systems, Milwaukee, WI). The bony anatomy of L1-L4 

was segmented for each subject using thresholding, region growing, and manual editing 
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to generate binary images and masks which were subsequently converted into 3D 

triangulated surface models of each lumbar vertebra (Mimics, Materialise, Plymouth, 

MI).   

2.3 Volumetric Bone Mineral Density Measurement 

Measurements of vBMD of the lumbar spine (L1-L4) were obtained using N-vivo 

software (Image Analysis, Columbia, KY). The CT Hounsfield units (HU) are calibrated 

using a 4-port InTable bone mineral phantom to derive equivalent calcium 

hydroxyapatite density measures or vBMD in mg/cm
3
. The software selects a mid-

vertebral slice for each vertebral level, identifies the calibration phantom posterior to the 

patient, and automatically positions regions of interest (ROIs) within the trabecular 

region. The ROI was adjusted to obtain the maximum sample of the trabecular region of 

the vertebrae. This method was used to derive a vBMD value for each vertebra (L1-L4).  

Material properties for each subject vertebra FE model were derived from 

elasticity-density relationships from the literature. The calibrated vBMD (ρCT, mg/cm
3
) 

was converted into an elastic modulus (E, MPa) using the empirical relationship for 

vertebral trabecular bone (Eq. 1) (Kopperdahl et al. 2002). Elastic modulus was derived 

for each vertebra for baseline and 18 month post-intervention follow-up. 

𝐸 =  −34.7 + 3.23 ∗ 𝜌𝐶𝑇 [1] 

 

2.4 Cortical Thickness Assessment 

Vertebral cortical thickness changes were quantified from CT scans using a 

validated cortical density-based algorithm for cortical thickness estimation (Treece and 

Gee 2015). This algorithm was shown to have superior, sub-millimeter accuracy 
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compared to standard full-width half max and thresholding techniques (Treece et al. 

2010; Treece et al. 2012). The algorithm estimates cortical thickness by fitting a 

mathematical model constrained by a global cortical density and out-of-plane blur to the 

HU intensity profile along a line normal to the vertebral cortical surface. The software 

outputs include point clouds of the inner and outer surfaces as well as calculated 

thickness values across the entire surface of the bone, with approximately 3,000 cortical 

thickness measurements per vertebra (Stradwin v5.2, Cambridge University, UK). 

Cortical thickness of each vertebra was collected at baseline and 18 month post-

intervention follow-up. 

A cortical thickness mapping approach was developed to incorporate the derived 

cortical thickness surface maps and thickness values into the cortical shell elements of the 

subject-specific FE models. The cortical thickness point cloud of each vertebrae was 

transformed into the FE model space using a rigid transformation performed using 

Geomagic Studio (version 2014, 3D Systems, Inc., Rock Hill, SC) and an iterative closest 

point (ICP) algorithm applied using custom Matlab code (The MathWorks, Inc., Natick, 

MA). Following the alignment, custom Matlab code was used to perform a nearest 

neighbor search for each FE node and assign the thickness value based on the output of 

the cortical thickness estimation algorithm. The cortical thickness mapping process and 

results for an example vertebra are shown in Figure 20. 
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Figure 20. Cortical thickness mapping workflow. 

Above, the transformations and nearest neighbor 

search processes. On the right, the results of the 

cortical thickness mapping. The output of the cortical 

thickness estimation algorithm for an example subject 

is shown on top right with the resulting subject-specific 

FE model with cortical thickness mapped on the 

bottom right. 

 

 

 

2.5 Finite Element Model Development 

To accelerate the development of the subject-specific FE models of the lumbar 

spine, morphing techniques using radial basis function interpolation with the basis 

function thin-plate spline and a relaxation algorithm were used to morph an existing FE 

model to a subject-specific geometry (Bookstein 1989; Bookstein 1997; Stayton 2009; 

Vavalle et al. 2014; Schoell et al. 2015; Schoell et al. 2015). Thin-plate spline morphing 

utilizes interpolation functions derived from homologous landmark data in a reference 

and target configuration to move the nodal coordinates of the reference FE model to that 

of the target or subject-specific geometry. Homologous landmark data are points on 

analogous positions on each respective geometry that allow for a one-to-one mapping 

between the reference and target configurations. The lumbar spine of the Total HUman 

Model for Safety (THUMS) AM50 v4.01 was used for the reference homologous 
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landmark data and FE model. The THUMS AM50 v4.01 FE model is representative of a 

50
th

 percentile male with a height and weight of 175 cm and 77 kg, respectively (Shigeta 

et al. 2009). The lumbar spine FE model has been validated against post-mortem human 

surrogate (PMHS) data in various loading conditions including quasi-static flexion, 

extension, lateral bending, anterior shearing, torsion, and compression of functional 

spinal units (Schultz et al. 1979; Begeman et al. 1994; Iwamoto et al. 2015). The 

validation results showed good agreement with the experimental data for all loading 

conditions and therefore the model was selected as the reference model for this study due 

to its biofidelity and robustness. Each vertebra FE model consisted of a cortical 

quadrilateral shell layer and a solid tetrahedral trabecular layer. L1 contained 8,254 

elements and 1,796 nodes. L2 contained 8,396 elements and 1,856 nodes. L3 contained 

10,132 elements and 2,203 nodes. L4 contained 10,900 elements and 2,346 nodes. The 

target homologous landmark data was derived from the subject-specific CT data for each 

lumbar spine vertebra.  

To collect the homologous landmark data for the reference and subject-specific 

vertebrae, techniques involving image segmentation, atlas development, and image 

registration were used (Weaver et al. 2014; Weaver et al. 2014; Weaver et al. 2015). 

Image segmentation of the subject CT scans as described previously resulted in 3D 

triangulated surface models of the lumbar vertebrae. An atlas was developed from 

existing computer aided design (CAD) geometry of the THUMS AM50 lumbar spine. 

The CAD geometry was converted to create an atlas of the spine which included a 3D 

triangulated surface model using Geomagic Studio and a stack of binary images using 

Amira software (FEI, Hillsboro, Oregon). A uniform grid of landmarks was placed on 
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each atlas surface model of the vertebrae which served as the atlas/reference homologous 

landmarks used for the morphing procedure (L1: 1,458 landmarks; L2: 1,520 landmarks; 

L3: 1,690 landmarks; L4: 1,624 landmarks). An image registration algorithm was applied 

using rigid and nonlinear transformations to register the binary images of the atlas 

vertebrae to the binary images of the segmented subject-specific vertebrae to map the 

atlas landmarks of the vertebrae to each subject-specific vertebra (Figure 21a). Image 

registration uses normalization techniques to find the optimal transformation which maps 

each voxel from one image to a location in a second image while minimizing a cost 

function that describes the similarity between the two images (Avants et al. 2011). Using 

3D Slicer (3D Slicer, Version 3.6, www.slicer.org, Boston, MA), the 3D triangulated 

surface models of the atlas vertebrae were rigidly transformed using translation and 

rotation to roughly align it to the subject-specific vertebrae. Following rigid registration, 

a nonlinear registration was performed using the Advanced Normalization Tools (ANTS) 

software (Penn Image Computing and Science Laboratory, University of Pennsylvania, 

PA) to register the binary images of the atlas vertebrae to the binary images of the 

segmented subject-specific vertebrae. The symmetric image normalization transformation 

model was used for maximizing cross-correlation between the atlas and subject images 

that were registered. After the atlas image was registered to the subject image, custom 

Matlab code was used to apply the rigid and symmetric diffeomorphic registration 

transforms to morph the point cloud of landmarks on the atlas vertebrae to the subject-

specific vertebrae. The outputs of the image registration process are the homologous 

landmarks for the subject-specific vertebrae which serve as the inputs to the model 

morphing procedure in addition to the atlas landmarks and the FE nodal coordinates. The 
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thin-plate spline morphing process for an example vertebra is depicted in Figure 21b. A 

deviation analysis was performed to measure the point-to-surface distances to evaluate 

the quality and robustness of the image registration algorithm and thin-plate spline 

morphing algorithm. More information regarding this analysis can be found in the 

Appendix.  

(a) Image Registration  
 Figure 21. (a) 

Registration of atlas 

landmarks (red) to 

the subject 

segmentations (grey) 

using rigid and 

nonlinear 

transformations for 

an L4 vertebra to 

generate subject 

landmarks. (b) 

Model morphing of 

THUMS AM50 v4.01 

FE atlas model to a 

subject-specific 

model. Homologous 

landmarks of the 

atlas (red) and 

subject (grey) are 

used to derive an 

interpolation 

function that morphs 

the atlas FE model to 

the target or subject-

specific model. 

 

(b) Model Morphing 

 

 

2.6 Finite Element Model Simulation 

Bone strength of each vertebra (L1-L4) was estimated through simulation of a 

quasi-static uniaxial compression simulation (Crawford et al. 2003). The published 

experimental data for the uniaxial compression test utilized isolated L1-L4 vertebrae of 

13 cadavers (7 F + 6 M) with an average age of 69 ± 14 years old (range: 37-87 years). 
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The atlas THUMS AM50 v4.01 vertebrae were validated against the published 

experimental data to evaluate the biofidelity (See Appendix for more information). 

Subject-specific FE models were developed for 30 participants who had complete bone 

measurements at baseline and follow-up. For the 34 participants with baseline and 

follow-up CT scan data, baseline and 18 month post-intervention vBMD, cortical 

thickness, and bone strength was obtained for 30 participants. Missing baseline and 

follow-up bone measurements were due to missing bone mineral phantom ports (n=2) 

and incomplete measurement of vBMD for each vertebrae (n=2).  A total of 240 

simulations were performed for the developed subject-specific vertebrae FE models. The 

simulations included 1 loading configuration (uniaxial compression), 4 structures (L1-

L4), and 2 models per subject (baseline and 18 month post-intervention) for the 30 

participants. All simulations were performed using nonlinear implicit analysis with LS-

Dyna (v6.0.0 rev 71482, LSTC, Livermore, CA).   

For the uniaxial compression configuration, the inferior surface of the vertebral 

body was fixed to a molded 3 mm layer of polymethylmethacrylate (PMMA) and fully 

constrained (Figure 22). A molded PMMA impactor compressed the superior surface of 

the vertebral body at a rate of 0.15 mm/s until failure. The peak fracture force was 

defined as the peak force achieved during the loading cycle.  The lumbar spine was 

modeled as an isotropic elastic-plastic material with a failure strain. Strain-based criteria 

have proved effective to model bone fracture (Schileo et al. 2008). Bone fracture 

prediction was modeled using the element deletion method which removes elements 

exceeding a given strain threshold. For the lumbar spine, trabecular bone fracture was 
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modeled with a fracture threshold of 0.0061 effective plastic strain (Kopperdahl and 

Keaveny 1998).  

 

Figure 22. 

Simulation setup 

for the uniaxial 

compression test. 

 

2.7 Baseline Covariate Assessments 

Participant age, sex, and ethnicity were captured via self-report at the baseline 

assessment visit. Additional information on prior fracture, parent fracture, smoking 

status, glucocorticoid use, alcohol use, and diagnosis of rheumatoid arthritis were 

collected via self-report and used to calculate the 10 year probability of major 

osteoporotic and hip fracture using the FRAX® tool 

(https://www.shef.ac.uk/FRAX/tool.jsp). Height was assessed without shoes to the 

nearest 0.25 cm using a stadiometer (HealthO Meter® Portrod) and body mass measured 

to the nearest 0.05 kg using a calibrated and certified digital scale (HealthO Meter® 

Professional 349KLX). Weight was also measured at the 18 month post-intervention 

visit. aBMD (g/cm
2
) was measured using DXA (iDXA, GE Medical Systems, Madison, 

WI) at baseline at the posterior-anterior lumbar spine (L1-L4) and hip (femoral neck and 

total hip) using the manufacturer’s recommendations for patient positioning and 

scanning. Osteoporosis and osteopenia were defined as location-specific T-scores ≤2.5 

and between -2.5 and -1, respectively (World Health Organization 1994). 
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2.8 Statistical Analysis 

Descriptive statistics were calculated overall and by sex at baseline among all 

participants with baseline bone measurements, and sex and ethnicity group comparisons 

of baseline bone measures were performed using t-tests. Associations between bone 

measures and continuous patient characteristics (age, BMI, and body mass) as well as 

correlations among bone measures were performed using both Pearson correlations and 

simple linear regression. Changes at 18 months used only participants with both baseline 

and 18 month data, and comparisons of participants with and without follow-up data were 

performed using t-tests for continuous variables and chi-square tests for discrete 

characteristics. One-sample t-tests were used to test the differences in weight and bone 

measure data across the 18 month change. The associations between changes in bone 

measures were analyzed using Pearson correlations and simple linear regression. Further 

associations between changes in bone measures and changes in weight were measured 

using partial Pearson correlations and multiple linear regression models adjusted for sex 

and baseline bone measure data. Due to the hypothesis-generating nature of these 

analyses there were no adjustments for multiple comparisons. All statistical analyses 

were performed using SAS v9.4 (SAS Institute, Cary, NC) and a p-value less than 0.05 

was considered statistically significant. 

3. RESULTS 

3.1 Baseline Demographic Characteristics 

Baseline characteristics of the 55 participants are included in Table 15, including 

descriptive statistics of age, weight, BMI, ethnicity, FRAX score, and clinical 

categorization of bone health. Briefly, participants were 65.8 ± 4.3 years of age, with the 
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majority being female (64%) and Non-Hispanic white (69%). Weight was 96.1 ± 16.9 kg 

and BMI was 34.0 ± 3.5 kg/m
2
 with 53% of the study sample classified as Type I Obese. 

T-scores indicated normal bone density in 36% of the participants, osteopenia in 53% of 

participants, and osteoporosis in 11% of participants. Overall, participants were at a low 

risk of major osteoporotic fracture in the next 10 years based on the FRAX 10 year 

probability. 

Table 15. Mean (SD) baseline characteristics of study population 

Variable  
Men  

(n = 20) 

Women 

(n = 35) 

Overall  

(n = 55) 

Age (years) 65.6 ± 4.4 66.0 ± 4.3 65.8 ± 4.3 

Weight (kg) 109.2 ± 16.8 88.6 ± 11.6 96.1 ± 16.9 

BMI (kg/m
2
) 34.3 ± 3.8 33.8 ± 3.5 34.0 ± 3.5 

African American, n (%) 5 (25) 11 (31) 16 (29) 

FRAX 10 year probability (%) 

     Major Fracture 3.9 ± 2.9 4.2 ± 2.2 4.1 ± 2.4 

     Hip Fracture  0.05 ± 0.09 0.04 ± 0.08 0.04 ± 0.08 

Clinical Categorization, n (%) 

     Normal 6 (30) 14 (40) 20 (36) 

     Osteopenia  10 (50) 19 (54) 29 (53) 

     Osteoporosis  4 (20) 2 (6) 6 (11) 

 

3.2 Baseline Bone Measure Summary 

Baseline bone measure descriptive data, where available (n= 53-55), for the full 

baseline sample (n=55) are summarized in Table 16. Of the 55 participants that were 

administered baseline CT scans, baseline bone measures were collected for all 55 

participants for cortical thickness and for 53 participants for vBMD and bone strength as 

two participants were missing bone mineral phantom ports. Mean estimated strength was 

within the range of the published experimental testing (1.95-8.15 kN). As a sensitivity 

analysis, descriptive data were stratified by sex and by ethnicity. There were no 

statistically significant differences in vBMD, cortical thickness, or vertebral strength 
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between men and women. In addition, no significant differences were noted in cortical 

thickness or strength between different ethnicities. African Americans had significantly 

greater vBMD in comparison to Non-Hispanic whites (p<0.001). 

Table 16. Baseline bone measure descriptive data. 

Bone Measure N Mean ± SD 

vBMD (mg/cm
3
)  53 126.47 ± 40.14 

Cortical Thickness (mm) 55 1.16 ± 0.15 

Estimated Strength (kN) 53 3.69 ± 1.06 

 

Correlations and parameter estimates between continuous baseline patient 

characteristics and baseline bone measures are listed in Table 17. For baseline BMI, a 

significant positive correlation was found with baseline vBMD (r=0.37, p=0.044). For 

baseline weight, a significant positive correlation was found with baseline estimated 

strength (r=0.41, p=0.023). Correlations and parameter estimates between each of the 

baseline bone measures are listed in Table 18. Baseline vBMD (r=0.39, p=0.033) and 

cortical thickness (r=0.56, p=0.001) were positively correlated with baseline estimated 

strength.  

Table 17. Correlations and parameter estimates between baseline bone measures and 

baseline patient characteristics. *p-value <0.05. 

Bone  

Measure 

Age (years) BMI (kg/m
2
) Weight (kg) 

r β (SE) r β (SE) r β (SE) 

vBMD 

(mg/cm
3
) 

-0.11 -1.116 (1.991) 0.37* 4.587 (2.179) -0.12 -0.399 (0.639) 

Cortical 

Thickness 

(mm) 

0.28 0.009 (0.006) 0.11 0.004 (0.007) 0.21 0.002 (0.002) 

Estimated 

Strength 

(kN) 

0.25 0.065 (0.047) 0.13 0.039 (0.056) 0.41* 0.034 (0.014) 
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Table 18. Correlations and parameter estimates between baseline bone measures.  

*p-value <0.05 

Bone Measure Correlations r β (SE) 

vBMD (mg/cm
3
) & Cortical Thickness (mm) 0.12 0.000 (0.001) 

vBMD (mg/cm
3
) & Estimated Strength (kN) 0.39* 0.009 (0.004) 

Cortical Thickness (mm) & Estimated Strength (kN) 0.56* 4.716 (1.313) 

 

3.3 18 Month Change in Weight and Bone Measure Summary 

Descriptive statistics of the 30 participants (65.6 ± 4.6 average age, 70% female, 

20% African American, BMI 29.7± 3.9 kg/m
2
) with baseline and 18 month post-

intervention bone measure data are presented in Table 19. There were no significant 

differences between the baseline population with post-intervention bone measure data 

(n=30) and the full baseline population (n=55) for age, sex, ethnicity, or BMI (all 

p>0.05). Overall loss of body weight (-9.46 ± 8.65 kg) was statistically significant from 

baseline to 18 month post-intervention. No significant changes were noted for vBMD or 

cortical thickness. However, vBMD decreased by 6.6% from baseline to 18 month post-

intervention and approached significance (p=0.10). Statistically significant decreases in 

estimated bone strength were observed with strength decreasing by 6.5% (p=0.03).  

Table 19. Baseline and 18 month post-intervention weight and bone measure descriptive 

data (n=30). p-values indicate if change from baseline to 18 months is significant 

 (*p-value <0.05). 

 
Baseline 

Mean ± SD 

18 month 

Mean ± SD 

Change 

(95% CI) 
p-value 

Weight (kg) 90.87 ± 14.17 81.41 ± 13.29 -9.46 (-12.69, -6.23) <.0001* 

vBMD  

(mg/cm
3
) 

129.72 ± 48.22 121.22 ± 36.81 -8.50 (-18.81, 1.80) 0.10 

Cortical 

Thickness 

(mm) 

1.124 ± 0.139 1.123 ± 0.140 -0.002 (-0.043, 0.040) 0.93 

Estimated 

Strength 

(kN) 

3.60 ± 1.17 3.36 ± 0.95 -0.23 (-0.44, -0.03) 0.03* 
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 Correlations and parameter estimates between the change of each of the bone 

measures are listed in Table 20. For changes in bone measures, the change in vBMD was 

positively correlated with the change in estimated strength (r=0.75, p<0.001). 

Table 20. Correlations and parameter estimates between change in bone measures.  

*p-value <0.05 

Δ Bone Measure Correlations r β (SE) 

Δ vBMD (mg/cm
3
) & Δ Cortical Thickness (mm) 0.04 0.000 (0.001) 

Δ vBMD (mg/cm
3
) & Δ Estimated Strength (kN) 0.75* 0.015 (0.002) 

Δ Cortical Thickness (mm) & Δ Estimated Strength (kN) 0.22 1.062 (0.907) 

 

Correlations and parameter estimates between weight change and change in bone 

measures, both unadjusted and adjusted for baseline bone measures and sex are 

summarized in Table 21. Correlations were observed between weight change and all bone 

measures with unadjusted correlations ranging from -0.20 to 0.06 and adjusted 

correlations ranging from -0.20 to 0.22. No significant correlations between weight 

change and change in bone measures were observed.  

Table 21. Correlations and parameter estimates between weight change (kg) and change in 

bone measures, unadjusted and adjusted for baseline bone measures and sex.  

*p-value <0.05 

Δ Bone Measure 

Δ Weight (kg) 

Unadjusted Adjusted 

r β (SE) r β (SE) 

Δ vBMD (mg/cm
3
)  0.02 0.075 (0.602) 0.22 0.548 (0.481) 

Δ Cortical Thickness (mm) -0.20 -0.003 (0.002) -0.20 -0.002 (0.002) 

Δ Estimated Strength (kN) 0.06 0.004 (0.012) -0.13 -0.007 (0.010) 

 

4. DISCUSSION 

In this study, subject-specific FE models of the lumbar vertebrae of obese, older 

adults undergoing intentional weight loss were successfully developed from CT scan data 

by characterizing subject-specific geometry, vBMD-derived material properties, and 
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variable cortical thickness to accurately model both cortical and trabecular bone. The use 

of model morphing techniques in this study offers various advantages over previously 

developed models. The most common method for developing subject-specific vertebrae 

models from CT data is using voxel-based meshing techniques which allows for 

automatic generation of the models (World Health Organization 1994; Viceconti et al. 

1998; Crawford et al. 2003; Wang et al. 2004; Buckley et al. 2007; Dall’Ara et al. 2012). 

However, there are limitations associated with voxel-based meshing including lower 

accuracies in predicted stresses and strains at the bone surface due to the inability to 

accurately capture the geometry and the inability to model the distinction between 

cortical and trabecular bone (Taddei et al. 2006; Black and Rosen 2016; Engelke et al. 

2016). In modeling the vertebrae, it is important to capture the variations in geometry, 

cortical thickness, and material properties as these all contribute to bone strength 

(Viceconti et al. 2004). The model morphing techniques use a validated vertebral mesh to 

derive subject-specific models that accurately model the organic geometry, allow for 

material property assignment for both the cortical and trabecular components, and allow 

for variable cortical thickness to be assigned across the entire surface in order to more 

accurately predict bone strength.   

The results in this study agree with findings from previous studies regarding 

weight loss and BMD of the lumbar spine as no statistically significant changes were 

noted in vBMD measures. In a recent meta-analysis of randomized controlled trials of 

intentional weight loss, no significant changes in aBMD of the lumbar spine were 

observed with diet-induced weight loss (Zibellini et al. 2015). Analysis of the 18 month 

change in bone measure data revealed statistically significant decreases from baseline to 
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18 months post weight loss intervention in estimated strength. Although changes in 

vBMD and cortical thickness were not significant, decreases in vBMD were directly 

correlated with estimated strength and in combination with the geometry of the FE model 

resulted in significant decreases in estimated strength. In addition, redistribution of 

cortical thickness due to changes in mechanical loads on the lumbar spine following 

weight-loss could affect the estimated strength (Al-Sari et al. 2016). The probability of 

vertebral fracture for a given strength has been defined using age-adjusted logistic 

regression models for both men and women (Kopperdahl et al. 2014). For the baseline to 

18 month post-intervention estimated strength data aggregated by sex, the change in 

strength for males and females would result in an approximately 2% increase in fracture 

risk.  

Among Caucasian women 65 years and older without a prevalent vertebral 

fracture, there is a 0.9% increased risk of vertebral fracture each year (Nevitt et al. 2005; 

Ensrud 2013). This annual risk increases to 1.7% among those 80 years and older. While 

statistically significant decreases in strength were noted from baseline to 18 months, 

overall these decreases would result in negligible increases in fracture risk which would 

be on par with increases in fracture risk due to aging. In analyses adjusted for baseline 

bone measures and sex, no significant correlations between weight change and change in 

any of the bone measures was observed. While this pilot data set revealed small changes 

in bone measures in the lumbar spine, it is important to measure such changes to gain a 

better understanding of the effects of weight loss on bone health in order to aid clinicians 

in identifying optimal weight loss strategies to minimize bone loss.  
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Analysis of baseline bone measures revealed a significant positive correlation 

between BMI and vBMD. These results align with previous literature regarding the 

protective effect of obesity against osteoporotic fractures with high BMIs being 

correlated with increased BMD values (Bales and Buhr 2008). In addition, a significant 

positive correlation was found between baseline weight and estimated strength indicating 

that greater body weight is associated with increased estimated strength values due in part 

to the increased mechanical loads on the lumbar spine.  

No significant changes in vBMD, cortical thickness, or estimated strength were 

noted for weight change. While the exact mechanisms underlying weight-loss induced 

bone loss are unknown, one theory is related to the reduction of mechanical stress on the 

weight-bearing skeleton (Buckley et al. 2006). Changes in BMD have been found at the 

hip which is sensitive to changes induced at the impact-bearing skeletal site. Although the 

lumbar spine is an important weight-bearing structure, it is less sensitive to changes in 

mechanical stress and therefore results in little to no change in BMD (Kohrt et al. 2004). 

Similarly, this low sensitivity to weight change also results in little to no change in 

cortical thickness and bone strength. Additionally, the lumbar spine is known for greater 

DXA measurement error in the context of aging and obesity (Shapses and Sukumar 2012; 

Zibellini et al. 2015). Excess fat tissue, spinal osteoarthritis and osteophytes, and vascular 

calcifications can contribute to measurement error (Orwoll et al. 1990; Masud et al. 1993; 

Shapses and Sukumar 2012).  

The presented study has a number of limitations. For model development and 

assignment of material properties, the use of homogenous material properties for 

trabecular components poses a limitation. The use of inhomogeneous material properties 
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in the literature has shown improved results in estimating strength of the vertebrae and it 

has been shown that the anterior area of the vertebral body is less strong than the 

posterior region (Homminga et al. 2001). Therefore, future work includes implementing 

inhomogeneous material properties for both the cortical and trabecular regions to produce 

more accurate predictions of bone strength. The published experimental data only 

contained peak fracture force for comparison so in the future, these models could be 

further validated using force-time and force-displacement data. In addition, while strain-

based failure criteria and element deletion are generally accepted to model fracture, more 

accurate techniques should be investigated to better model fracture initiation and 

propagation. Future simulation work could include more realistic loading configuration 

including forward bending. Previous FE models have found poor correlation in predicting 

bending strength due to the inability predict failure behavior (Buckley et al. 2007; 

Matsumoto et al. 2009). As mentioned previously, the methods developed in this study 

were applied to a pilot data set of 30 participants. In order to draw clinically meaningful 

conclusions on weight loss and bone health, additional data is necessary.  

5. CONCLUSION 

In conclusion, subject-specific FE models of the lumbar spine of obese, older 

adults were developed to study the effect of intentional weight loss on vBMD, cortical 

thickness, and strength. The ability to accurately model subject-specific geometry, 

cortical thickness, and material properties allows for better estimation of bone strength 

and fracture risk in comparison to density measures alone. Pilot data presented here do 

not suggest weight loss adversely affects CT-derived measures of bone quality in older 

adults undergoing intentional weight loss, however, replication in a larger, adequately 
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powered sample is warranted before definitive conclusions can be drawn. The methods 

presented can be used for larger clinical studies to improve the understanding of 

geometrical, compositional, and material changes of bones with weight loss intervention 

effects. Subject-specific FE models in combination with DXA can be valuable tools in 

assessing fracture risk as well as aid in clinical recommendations regarding weight loss in 

the elderly population.  
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8. APPENDIX  

Deviation Analysis  

A deviation analysis was performed to measure the point-to-surface distances to 

evaluate the quality and robustness of the image registration algorithm and thin-plate 

spline morphing algorithm. For the image registration algorithm, deviation analysis 

quantified the point-to-surface distances between the subject-specific homologous 

landmarks and the 3D triangulated surface models of the subject vertebrae. For the thin-

plate spline morphing algorithm, deviation analysis quantified the point-to-surface 

distances between the morphed FE nodal coordinates and the 3D triangulated surface 

models of the subject vertebrae. Deviation analysis was conducted using Geomagic 

Control (version 2015, 3D Systems, Inc., Rock Hill, SC) which computes the signed 

distance and absolute distance on a point-by-point basis. Good quality and robustness of 

the algorithms would result in subject-specific homologous landmarks or morphed FE 

nodal coordinates that would lie directly on the subject’s 3D triangulated surface models. 

The analysis focused on the percentage of deviations exceeding 1.96 mm as deviations 

within this range are to be expected following image registration given the scan 

resolution. The median in-plane scan resolution of 0.98 mm was doubled to attain the 

1.96 mm deviation threshold. 

For the image registration, the deviations between the subject-specific 

homologous landmarks and the 3D triangulated surface models of the subject vertebrae 

exceeding 1.96 mm on average was 3.02%. For 95% of the vertebrae, less than 2.77% 

exhibited absolute deviations greater than 1.96 mm. Since a small proportion of the 

absolute deviations exceeded the 1.96 mm threshold, the subject-specific homologous 
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landmark data obtained using image registration was deemed successful. For the 

morphing algorithm, the deviations between the morphed FE nodal coordinates and the 

3D triangulated surface models of the subject exceeding 1.96 mm on average was 2.10%. 

For 95% of the vertebrae, less than 1.99% had absolute deviations greater than 1.96 mm. 

The small proportion of deviations exceeding deviation threshold indicates that the 

morphing algorithm was successful in accurately generating FE models of each subject-

specific vertebrae.   

Finite Element Model Validation  

The atlas THUMS AM50 v4.01 vertebrae were validated against the published 

experimental data for the uniaxial compression test to evaluate biofidelity prior to using 

the morphed subject-specific FE models. To compare the experimental and FE model 

data, the peak fracture force was used as no force-time or force-displacement curves were 

included in the published experimental paper. The published experimental testing of the 

isolated L1-L4 vertebrae resulted in peak fracture forces of 4.66 ± 1.82 kN (range: 1.95 – 

15.04 kN) (Crawford et al. 2003). The predicted FE peak fracture forces were within the 

range of peak fracture forces reported in the literature with an average value of 5.52 ± 

0.88 kN. Based on this validation, the atlas THUMS AM50 v4.01 vertebrae models were 

deemed sufficient to predict bone strength for uniaxial compression loading.  
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Chapter VI: Summary of Research 

The research presented in this dissertation has yielded important contributions to the field 

of injury and bone biomechanics, particularly in studying vulnerable populations 

including the elderly and obese using finite element models. The research outlined in this 

dissertation has fulfilled the following aims: 

1. Development of age and sex-specific thorax FE models to understand the 

effects of geometry and material properties on thoracic response. 

2. Development of an older occupant FE full human body model to investigate 

age-related injury risk. 
3. Development of subject-specific femur and lumbar spine FE models of older 

obese adults to evaluate the effect of intentional weight loss on bone strength.  

Research presented in Chapter II and Chapter III is published in the scientific journals 

listed in Table 22. Research presented in Chapter IV and V is expected to be published in 

the listed journals.  

Table 22. Publication plan for research outlined in this dissertation. 

Chapter Topic Journal  

II Age and Sex-specific Thorax Finite 

Element Model Development and 

Simulation 

Traffic Injury Prevention† 

  June 2015; 16(sup1):S57-S65. 

III Development and Validation of an Older 

Occupant Finite Element Model of a 

Mid-Sized Male for Investigation of 

Age-related Injury Risk 

Stapp Car Crash Journal†+ 

  November 2015; 59: 359-383. 

IV Development of Subject-Specific 

Proximal Femur Finite Element Models 

of Obese, Older Adults to Evaluate the 

Effects of Weight Loss on Bone Strength 

Bone* 

V Prediction of Lumbar Vertebral Body 

Compressive Strength of Older Obese 

Adults using Morphed Subject-Specific 

Finite Element Models to Evaluate the 

Effects of Weight Loss 

Journal of Biomechanics* 

†Published 

*Submitted 

+ John W. Melvin Student Award, Second Place 
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This dissertation developed and validated age and sex-specific FE human body 

models to accurately model morphology and mechanics for the elderly and obese 

populations. Model development included the use of model morphing techniques and 

advanced techniques to incorporate variable cortical thickness and age-related material 

properties. Age and sex-specific thorax FE models were developed and changes due to 

age in the geometry and material properties resulted in different responses of the thorax. 

With age, the thorax becomes stiffer due to superior rotation of the ribs which can result 

in increased bone strain that can increase the risk of fracture. An older occupant GHBMC 

average male model representative of a 65 year old was developed using techniques to 

implement geometric, cortical thickness, and material property changes with age. Overall, 

the older occupant model predicted higher probabilities of serious injury for the head and 

thorax as well as an increased risk for fracture. Subject-specific proximal femur and 

lumbar spine FE models were developed in order to evaluate the effect of weight and 

intentional weight loss on bone strength. For the proximal femur, significant decreases in 

vBMD, cortical thickness, and bone strength were noted from baseline to 18 months post-

intervention. These decreases would be associated with increases in fracture risk. In 

addition, cortical thickness was significantly correlated with weight loss. For the lumbar 

spine, minimal effects on vBMD, cortical thickness, and bone strength were noted from 

baseline to 18 months post-intervention. The decreases in bone strength would result in 

similar increases in fracture risk on par with increases due to aging. The developed 

thorax, older occupant, proximal femur, and lumbar spine models can be used to improve 

the understanding of the relationship between age, sex, structural and mechanical 

properties, and injury risk for the elderly and obese populations.  
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Future directions of this work involve the development and simulation of the 

models across the full age and sex spectrum to characterize the thoracic and full body 

response for an entire population. Refinements and improvements to the developed 

models can be performed when more extensive age and sex-specific data on material 

properties and experimental tests become available. Additional age-related geometry 

changes in muscle volume and other soft tissues can be collected retrospectively. 

Improvements to validation can be implemented through use of age-based scaling 

techniques or age-based cadaver matching to develop age-specific corridors. Future work 

will also include parametric studies to understand the influence of geometric, 

compositional, and material property changes on model response. The ability to perform 

extensive parametric analyses is an advantage of a computational approach as opposed to 

an experimental approach. The developed models of the thorax and full human body 

model could be used to evaluate vehicle crashworthiness and optimize the performance of 

seat belts, load limiters, pretensioners, and airbags for the aging population.  

In terms of the subject-specific femur and spine FE models, the methods 

presented can be used for larger clinical studies to improve the understanding of 

geometrical, compositional, and material changes of bones with weight loss intervention 

effects including the effects of exercise modalities. Integration of advanced measures of 

bone quality derived from CT with conventional aBMD can help improve the assessment 

and prediction of osteoporosis and fracture risk. These tools can be used to further 

understand the effects of intentional weight loss on bone health and the help aid clinicians 

in designing optimal weight loss strategies for older, obese adults.  
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