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ABSTRACT 

While automotive occupants and spaceflight crewmembers are at risk for similar 

blunt trauma injuries, the loading conditions and resulting injury mechanisms 

surrounding these potential injury scenarios are contrasting. In the automotive 

environment, motor vehicle crashes (MVC) are rare events, whereas crewmembers are 

subject to increased accelerations during each rocket launch and crewed capsule landing. 

The duration of impacts in MVCs is typically shorter (with the exception of rollovers) 

and more severe than in spaceflight scenarios. However, because of the isolated 

environment and increased costs associated with spaceflight compared to automotive 

transportation, there is a much lower tolerance for injury. 

This study aims to evaluate the extensibility of existing finite element (FE) human 

body models (HBMs) and anthropomorphic test devices (ATDs) to predict and quantify 

the sensitivity of injury risks, specifically in the thorax, across a wide range of loading 

conditions in spaceflight and automotive safety. This dissertation studied the chest 

responses of a simplified HBM and two ATDs to uni- and multidirectional acceleration 

pulses as seen in aerospace applications and a detailed HBM (THUMS) in 

reconstructions of real-world motor vehicle crashes.  

This research is comprised of three parts:  

• The first part of this study involves the validation of a FE 50th percentile 

simplified male HBM for use in spaceflight loading configuration simulations. 

• The second part of this research quantified the sensitivity and extensibility of 

chest injury metrics in the 50th percentile male Hybrid III, THOR-M, and 

GHBMC-OS models in multidirectional spaceflight loading configurations. 

• The final part of this study evaluated the chest responses of the THUMS HBM in 

11 reconstructions of real-world frontal MVCs. 
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Chapter I: Introduction & Background 
 

1. FINITE ELEMENT MODELING OF THORACIC INJURY 

Finite element (FE) modeling has become an integral tool in the design and 

optimization of structures and restraint systems for protection against traumatic injury. 

Anthropomorphic test device (ATD) and human body model (HBM) FE models have been 

used in the automotive (Mertz and Gadd 1971; Belwadi, Siegel et al. 2012), aerospace 

(Putnam, Somers et al. 2016), military (Baker, Chowdhury et al. 2018) and athletic (Post, 

Kendall et al. 2015) domains to understand domain-specific injury mechanisms and design 

for protection of the at-risk populations. Recent HBMs, including the Total HUman Model 

for Safety (THUMS) and Global Human Body Models Consortium (GHBMC), include 

organ level detail in order to study bony and soft tissue injury risks. These models can be 

used in a variety of postures, ranging from typical automotive occupant position to 90°-90°-

90° seated configurations to standing pedestrian models (Gayzik, Moreno et al. 2012; 

Untaroiu, Putnam et al. 2015; Weaver, Baker et al. 2018). Additionally, users of these 

models have made an effort to extend these models to represent specific populations that 

may be exposed to increased injury risk, including older and more obese occupants, 

through the use of geometric morphing, modified material properties, and differences in 

bone structure (Vavalle, Schoell et al. 2014; Schoell, Weaver et al. 2015). Researchers are 

working toward a future in which HBMs will represent more specific populations or even 

individuals. However, with this level of anatomic detail, it is important to understand the 

sensitivity of these models in a range of loading conditions and the extensibility of these 

models to predict a broad array of injuries. 
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1.1 ATD and Human Body Finite Element Models 

FE models of physical ATDs, namely the Hybrid III (HIII) and Test device for 

Human Occupant Restraint (THOR), have been developed and validated for use in 

computational modeling of accelerative loading conditions on the body. These FE models 

have been used to inform occupant restraint designs and study sensitivity to injury risk 

across a broad range of loading conditions, including spaceflight and automotive safety 

(Iwamoto, Omori et al. 2003; Lawrence, Fasanella et al. 2008; Tabiei, Lawrence et al. 

2009; Crandall, Bose et al. 2011; Putnam, Somers et al. 2014; Putnam, Somers et al. 

2015). However, there is a paucity of data about the similarities and differences in 

sensitivity of these FE models to measure injury metrics across a broad array of loading 

conditions and directions. In addition to ATD FE models, FE human body models 

(HBMs) with anatomical detail are frequently used for predictive injury modeling and 

restraint design (Gayzik, Moreno et al. 2012; Danelson, Golman et al. 2015; Hu, Zhang et 

al. 2017). Two frequently used full body HBMs that include organ level detail are the 

Global Human Body Models Consortium (GHBMC) model family and the Total HUman 

Model for Safety (THUMS). However, there are relatively few studies comparing the 

sensitivity of injury metrics measured in HBMs to the values produced by ATD FE 

models under the same conditions. The sensitivity and extensibility of the aforementioned 

FE ATDs and HBMs are further explored in the ongoing work presented herein. 

1.2 Spaceflight Injury Biomechanics and Finite Element Modeling 

The National Aeronautics and Space Administration (NASA) has identified the 

analysis and mitigation of the risk of injury due to dynamic loads as a priority of their 

Human Research Program (Caldwell, Gernhardt et al. 2012). This research priority may not 
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only influence the design of government spacecraft, but could also contribute to regulation 

of occupant safety in commercial spaceflight. Currently there are no design regulations 

targeting injury-based outcomes for non-NASA crewed spaceflight. As new commercial 

entities make spaceflight available to the public, protecting occupants and reducing their 

exposure to blunt trauma injuries will become a design challenge. 

During launch, launch abort, and landing, much of the energy of the spacecraft 

has been dissipated or absorbed by the vehicle itself; however, some residual kinetic 

energy is transmitted to the occupants aboard. If this energy is improperly managed, it 

can cause blunt trauma and injuries to the crewmembers. The occupant loading 

mechanisms and paths in manned spacecraft tend to be more complex than in dynamic 

transient impact events from other injury biomechanics subfields. The complex nature of 

these multi-axial loading events has led NASA to identify several knowledge gaps that 

should be addressed. The gaps include quantification of injury risk as functions of 

extrinsic factors including vehicle orientation, dynamic loads, design of the space suit and 

helmet, seats, restraints, and intrinsic factors including crewmember sex, age, 

anthropometry and spaceflight deconditioning. NASA intends to identify metrics that can 

be used to limit the risk of injury to <5% while considering the aforementioned factors 

(Caldwell, Gernhardt et al. 2012). 

Experimentally testing the performance of spacecraft landing vehicles to prevent 

human injury is an expensive endeavor. The cost to design and regulate spacecraft 

vehicles for human transport could be reduced by using well-validated computational 

models. The use of HBMs validated in multi-directional loading allows simulations to be 

analyzed for more loading scenarios than could feasibly be tested in physical 
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experimentation, and would potentially improve protection of crewmembers across all 

landing scenarios. 

If an appropriate set of IARVs are validated for spaceflight crewmembers, they 

would serve as a strong guideline for spacecraft design regulation. A set of IARVs used 

by NASA in experimental testing has been published by Somers et al., however the 

extensibility of these criteria across all possible spaceflight loading scenarios and 

occupant characteristics is currently unknown (Somers and Gohmert 2013). 

1.3 Finite Element Motor Vehicle Crash Reconstructions  

One method to study the mechanisms of common injuries in motor vehicle 

crashes (MVCs) has been to use HBMs in reconstructions of well-documented real world 

MVCs. One particular resource has been the Crash Injury Research and Engineering 

Network (CIREN) that collects a high level of detail related to the vehicle, crash scene, 

and occupant injuries to correlate each documented injury to a cause. A second resource, 

NASS-CDS, collects and reports similar data, but does not include the injury causation 

component. Data from these resources have been used to inform kinematic constraints 

applied to FE vehicle models with a HBM occupant. Resulting injury metrics were 

quantified to estimate injury risks and compared to the injuries sustained by specific case 

occupants. Shah et al and Belwadi et al studied traumatic rupture of the aorta using this 

methodology (Shah, Hardy et al. 2007; Crandall, Bose et al. 2011). Meanwhile, Danelson 

and Golman have used these techniques to investigate strain distributions within the lungs 

during crash reconstructions that could be correlated to pulmonary contusion (Danelson 

and Stitzel 2015; Golman, Danelson et al. 2015). More recently, work has been 

performed to automate the process of implementing further occupant and crash 
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characteristics to the FE reconstruction models (Gaewsky, Weaver et al. 2015; Jones, 

Gaewsky et al. 2016). 

1.4 Thoracic Injury Modeling 

Injury to the chest region is the second leading contributor to the total number of 

fatalities and serious injuries in MVCs in the United States (Bergen, Chen et al. 2008). 

The thoracic anatomy can be differentiated into the bony rib cage and the underlying soft 

tissues. Detailed modern HBMs have been used to model both the ribcage and the 

thoracic organs. While these models have been shown to have strong predictive 

capabilities to predict rib fractures, the ability to model and predict thoracic soft tissue 

injuries trails behind. 

However, blunt trauma injury to the ribcage and the underlying organs are often 

interdependent and therefore it is important to consider rib fractures in conjunction with 

the analysis of soft tissue injury. The abbreviated injury scale (AIS), ranging from 0 to 6, 

is often used to quantify the severity of traumatic injuries. While rib fractures are the 

most common AIS 3+ thoracic injury (Leport, Baudrit et al. 2011), the deflection and 

fracture of the ribs also contributes to common AIS 3+ soft tissue injuries including 

pulmonary and myocardial contusion, and hemo- and pneumothorax and are correlated 

with traumatic rupture of the aorta (TRA) (Viano, Lau et al. 1989; Grimal, Naïli et al. 

2005; Hardy, Shah et al. 2008).  

Two primary analysis methods are used to predict rib fractures in FE HBMs. The 

first method, deterministic modeling, involves the definition of fracture threshold. Some 

previous studies have used 2.04% (Iwamoto, Nakahira et al. 2015), 1.8% (Guleyupoglu, 

Barnard et al. 2017),   0.89% (75 year old) (Iraeus and Lindquist 2015) strain in cortical 
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bones, and 13%, (Golman, Danelson et al. 2016; Jones, Gaewsky et al. 2016) strain in 

trabecular bones. Depending on the goals of the study, elements that exceed the strain 

threshold can either be deleted using material damage models during the simulation or 

tabulated post-hoc. The second rib fracture analysis method, probabilistic modeling, uses 

age-adjusted strain distributions to estimate local rib fracture probabilities. Combining 

these local rib fracture probabilities, an overall injury risk and severity can be estimated 

for the whole ribcage (Forman, Kent et al. 2012). This method was developed using 

THUMS and has also been applied to GHBMC (Guleyupoglu, Barnard et al. 2017). 

Common thoracic crash induced injuries (CII) related to fractured ribs are 

hemothorax and pneumothorax. Hemothorax is characterized by blood in the pleural 

space, most frequently as a result of broken ribs. Meanwhile pneumothorax is 

characterized by an abnormal collection of air in this space and collapse of the lung. 

Laceration of the pleura with hemothorax or pneumothorax is an AIS 3 injury. Because 

of the interdependence between rib fractures and these injuries, chest deflection is 

thought to be a primary injury mechanism. While several studies have used rib fractures 

and chest deflection as correlative metrics, FE HBMs have been limited in studying the 

underlying soft tissues models for predictive modeling of hemo- and pneumothorax 

(Tamura, Watanabe et al. 2005). While the THUMS version 4 models explicitly models 

the pleura, GHBMC models do not. There is no existing literature measuring strain 

metrics on the pleural or lung surfaces in these detailed HBMs. Similarly, there is a 

paucity of modeling effort related to hemomediastinum, which is characterized by 

bleeding into the mediastinal cavity. 
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One of the unique challenges with respect to modeling soft tissue thoracic injuries 

in FEMs is that these injuries are often identified by their physiologic response rather 

than a mechanical failure (Shorr, Crittenden et al. 1987). For example, pulmonary 

contusion (PC) – the most common blunt soft tissue injury – is primarily characterized by 

the inflammatory response and edema buildup within the lungs. However, previous 

authors have attempted to correlate finite element-based strain metrics to one common 

chest injury, PC, in rat models and reconstructions of side impact real-world MVCs 

(Gayzik, Hoth et al. 2007; Gayzik, Hoth et al. 2011; Danelson and Stitzel 2015). Each of 

these studies measured the segmented volumes of PC in CT scans of each subject. In 

FEM reconstructions of the injury events the threshold value of each strain based metric, 

including maximum strain (εmax), maximum strain rate (ε̇max), and the product of 

maximum strain and strain rate (ε̇max ∙ 𝜀𝑚𝑎𝑥), corresponding to the injured tissue volume 

were identified.  

Previous experimental and computational models have used chest bands to analyze 

the dynamic deformation of the chest during impact events (Pintar, Yoganandan et al. 

1997; Wang, Chen et al. 2014). These chest bands (frequently positioned at the 4th, 8th, and 

10th rib levels) can be used to evaluate the rate of compression as well as the maximum 

deflection during impact of PMHS or computational HBMs. In the frontal direction, Viano 

demonstrated that severe injury to internal organs occurred at an average maximum 

compression (Cmax) of 40% and recommended Cmax of 32% to maintain enough rib cage 

stability to protect internal organs (Yoganandan and Pintar 2008). Additionally, In an 

analysis of 39 unembalmed PMHS sternal impacts (average age = 62) performed by Kroell 

et al, viscous criterion (VCmax) of 1.3 m/s for 50% probability of AIS 3+ thoracic injury 
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(Kroell, Schneider et al. 1974; Lau and Viano 1986). An additional criteria that has been 

correlated to risk of rib fracture and flail chest in frontal loading is the combined thoracic 

index (CTI), which combines the chest accelerations and displacements into a single metric 

(Laituri, Prasad et al. 2003; Kuwahara, Yasuki et al. 2016). 

Over the years, several side impact injury metrics have been proposed as 

predictors for rib fracture and chest trauma in PMHS. Pintar et al performed 26 sled tests 

at 24 and 32 km/hr and determined that out of Cmax, VCmax, Thoracic Trauma Index 

(TTI), and average spine acceleration (ASA), TTI had the best correlation for predicting 

injury vs non-injury, followed by TTI*Cmax (Morgan, Marcus et al. 1986; Pintar, 

Yoganandan et al. 1997).  
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2. SUMMARY OF CHAPTERS 

The overall goal of this dissertation was to advance the understanding of thoracic 

injury protection in spaceflight landing and motor vehicle crashes using finite element 

simulation of anthropomorphic test devices (ATDs) and human body models (HBMs). A 

summary of the chapters in this work follows: 

Chapter II: Modeling Human Volunteers in Multidirectional, Uni-axial Sled Tests 

using a Finite Element Human Body Model 

Finite element HBMs are valuable for understanding injuries in a range of fields 

within injury biomechanics. Simplified HBMs are a valuable tool for running 

large design of experiment studies because of the fast runtime. This chapter 

validated the simplified GHBMC 50th percentile male model against human 

volunteer subjects in postures similar to space flight using sled test data in four 

loading directions. 

Chapter III: Sensitivity and Extensibility of Chest Responses in Finite Element 

Human Surrogate Models for Spaceflight Loading Scenarios 

This chapter assessed the sensitivity of two ATDs and a HBM to changes in 

multidirectional spaceflight landing condition variables with respect to chest 

injury metrics. A Latin hypercube design of experiments was employed to 

perform 455 matched loading conditions for each occupant model. The 

extensibility of the ATDs to produce chest injury metric values in the range of the 

HBM in these multidirectional loading conditions were also quantified. This was 

accomplished with chest band instrumentation added to the two ATD models to 

compare both lateral and depth chest compressions directly to the HBM.  
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Chapter IV: The Thoracic Response of a Detailed Finite Element Human Body 

Model in Reconstructions of Real-World Crashes 

The focus of this chapter was to evaluate the chest response of the THUMS 

version 4.01 HBM in reconstructions of real-world motor vehicle crashes. Eleven 

cases were selected from the CIREN and NASS-CDS database that included 

“clean” frontal MVCs and also provided event data recorder reports to use to 

drive the simulations. For each case, THUMS scaled and positioned in a 

simplified vehicle environment that had been tuned to perform in frontal crashes 

according to frontal NCAP data. Each reconstruction case was performed with 8 

different ribcage model modifications to assess parameters that contribute to 

injury metric sensitivity. Chest injury metrics from accelerometers, chest bands, 

rib strain distributions, element deletion criteria for fracture, and heart and lung 

strains were evaluated and compared across case reconstructions. 

Chapter V: Summary of Research 

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

plan.  
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ABSTRACT 

A goal of the Human Research Program at National Aeronautics and Space Administration 

(NASA) is to analyze and mitigate the risk of occupant injury due to dynamic loads. 

Experimental tests of human subjects and biofidelic anthropomorphic test devices provide 

valuable kinematic and kinetic data related to injury risk exposure. However, these 

experiments are expensive and time consuming compared to computational simulations of 

similar impact events. This study aimed to simulate human volunteer biodynamic response to 

unidirectional accelerative loading. Data from seven experimental studies involving 212 

volunteer tests performed at the Air Force Research Laboratory were used to reconstruct 13 

unique loading conditions across four different loading directions using finite element human 

body model (HBM) simulations. Acceleration pulses and boundary conditions from the 

experimental tests were applied to the Global Human Body Models Consortium (GHBMC) 

simplified 50th percentile male occupant (M50-OS) using the LS-Dyna finite element solver. 

Head accelerations, chest accelerations, and seat belt forces were compared between the 

experimental and matched simulation signals using correlation and analysis (CORA) and 

averaged into a comprehensive response score ranging from 0 to 1 with 1 representing a 

perfect match. The mean comprehensive response scores were 0.689±0.018 (mean ± 1 

standard deviation) in two frontal simulations, 0.683±0.060 in four rear simulations, 

0.676±0.043 in five lateral simulations, and 0.774±0.013 in two vertical simulations. CORA 

scores for head and chest accelerations in these simulations exceeded mean scores reported in 

the original development and validation of the GHBMC M50-OS model. Collectively, the 

CORA scores indicated that the HBM in these boundary conditions closely replicated the 

kinematics of the human volunteers across all loading directions. 
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1. INTRODUCTION 

The National Aeronautics and Space Administration (NASA) has identified the 

analysis and mitigation of injury risk due to dynamic loads as a priority of their Human 

Research Program (Caldwell, Gernhardt et al. 2012). This research priority may not only 

influence the design of government spacecraft, but could also contribute to regulation of 

occupant safety in commercial spaceflight. Currently there are no design regulations 

targeting injury-based outcomes for non-NASA crewed spaceflight. With the advent of 

commercial space travel, the reduction of exposure to blunt trauma injuries has become a 

complex design challenge required of commercial vehicle development teams. Similar to 

the National Highway Traffic Safety Administration’s implementation of the New Car 

Assessment Program in the latter half of the 20th century, it will be important for a 

governing institution, like NASA, to define a set of occupant protection standards for 

spaceflight vehicles in the 21st century. In other fields, computational models of blunt 

trauma, including finite element (FE) models of the human body, have been an important 

tool for improving injury and mortality outcomes (Payne 1965; Russo, Foley et al. 2007). 

With proper validation in spaceflight-like loading conditions, these models can also 

become a valuable tool in aerospace injury biomechanics analysis. 

Injury biomechanics researchers have studied the human body response to 

accelerative loads in automotive, sports, military, and aerospace scenarios using human 

volunteers, post-mortem human subjects (PMHS), and anthropomorphic test devices 

(ATDs). One of the valuable outcomes of these research studies has been the 

development of injury risk curves and associated injury assessment reference values 

(IARVs) to assess the likelihood of injury to specific body regions. Historically, most 
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published IARVs have been based on PMHS tests positioned in application-specific 

configurations (Mertz, Irwin et al. 2003; Danelson, Kemper et al. 2015). Most IARVs 

used in the automotive industry have been developed from tests using PMHS occupants 

in a driving posture, restrained with a 3-point harness, and subjected to either frontal (-

GX) or side (GY) impact accelerative loading. In military applications, subjects are often 

exposed to under-body blast or ejection seat scenarios (+GZ) (Salzar, Bolton et al. 2009; 

Danelson, Kemper et al. 2015). These loading scenarios do not immediately lend 

themselves to understanding occupant injury risk in spaceflight conditions because 

crewmembers experience combined direction loading, longer dynamic events, and are 

positioned in unique ways. If an appropriate set of IARVs are validated for spaceflight 

crewmembers, they would serve as a strong guideline for spacecraft design regulation. A 

set of IARVs used by NASA in experimental testing has been published by Somers et al., 

however, the extensibility of these criteria across possible spaceflight loading scenarios 

and occupant characteristics is currently unknown (Somers and Gohmert 2013). 

In every crewed vehicle mission, a launch and landing event are guaranteed. During 

launch, launch abort, and landing, much of the energy of the spacecraft has been dissipated 

or absorbed by the vehicle itself, however the residual kinetic energy and change in 

momentum causes relative acceleration of the occupants with respect to the spacecraft and 

their seats. These accelerative loads could cause blunt trauma and injuries to the 

crewmembers. The occupant loading mechanisms and paths in manned spacecraft tend to 

be more complex than in dynamic transient impact events from other injury biomechanics 

subfields. The complex nature of these multi-axial loading events has led to the 

identification of several knowledge gaps that should be addressed. The gaps include 
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quantification of injury risk as functions of extrinsic factors including vehicle orientation, 

dynamic loads, design of the space suit and helmet, seats, restraints, and intrinsic factors 

including crewmember sex, age, anthropometry, and spaceflight deconditioning. 

NASA’s multi-purpose crewed vehicle was designed to deliver landing loads 

primarily directed in the rear (+GX) and vertical (+GZ) directions of the occupants, 

however expected landing directions and magnitudes for future commercial vehicles are 

not currently public knowledge (Somers, Newby et al. 2014). In these vehicle landings 

crewmembers are seated lying on their backs. The +GX component of the acceleration 

results from vertical velocity of the vehicle, while the +GZ component results from tilt of 

the vehicle and horizontal velocity of winds and waves. Additional lateral (+GY) 

acceleration occurs for similar reasons as the +GZ acceleration. The vehicle has been 

designed to have a descent velocity of 7.3 to 10.1 m/s at landing (Currie-Gregg, 

Gernhardt et al. 2016). The Apollo capsule was designed to have a descent velocity of 9.1 

m/s and had nominal, or most probable, landing accelerations less than 10 G (Jones 

1970). A previous volunteer study for the Apollo program, co-sponsored by the United 

States Air Force and NASA, performed accelerative loading on suited subjects in 

multiple directions ranging from 3-26 G, with some subjects at higher acceleration levels 

experiencing abrupt cardiac rhythm changes, wind knocked out, and various sites of 

transient pain, including the head  (Weis Jr, Clarke et al. 1963). 

Additionally, the effects of accelerative loading on injury risk could be 

exacerbated by the exposure of crewmembers to microgravity. Bone loss and skeletal 

muscle atrophy are known results of extended exposure to microgravity in crewmembers 

during long-duration spaceflight (Adams, Caiozzo et al. 2003; Lang, LeBlanc et al. 
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2004). Given these changes to the body, the risk of blunt trauma injury in landing 

scenarios is increased. Because landing impact events are guaranteed for each mission, 

often in the water, it is critical to ensure that crewmembers will not be injured or their 

ability to egress is not diminished. For this reason, the capsule and restraints must be 

designed to mitigate exposure to loads approaching aerospace IARVs at expected landing 

velocities. NASA researchers intend to limit the risk of Abbreviated Injury Scale (AIS) 

level 1 injury to <5% in nominal impacts and <19% in off-nominal impacts while 

considering the crewmember characteristics and their environment (Caldwell, Gernhardt 

et al. 2012; Somers and Gohmert 2013). 

However, experimentally testing the performance of spacecraft landing vehicles to 

prevent human injury is an expensive endeavor. The cost to design and regulate spacecraft 

vehicles for human transport can be reduced by using well-validated computational models. 

The use of human body models (HBMs) validated in multi-directional loading, allows 

simulations to be analyzed for more loading scenarios than could feasibly be tested in 

physical experimentation, potentially improving protection of crewmembers across all 

landing scenarios. 

HBMs with lower levels of anatomic detail are beneficial for large experimental 

designs because of their faster runtimes. One such FE HBM is the Global Human Body 

Models Consortium simplified 50th percentile male occupant model (GHBMC M50-OS). 

The GHBMC M50-OS was previously developed and validated in automotive postures 

for motor vehicle crash loading conditions. The development of the GHBMC M50-OS 

included material model validation, as well as validation against experimental thorax hub 

impacts, abdominal bar impacts, lateral thorax impacts, and lateral and frontal sled tests 
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of PMHS (Schwartz, Guleyupoglu et al. 2015). An additional study to validate the 

modular use of a detailed brain in the GHBMC M50-OS validated the head, neck and 

chest accelerations compared to the detailed GHBMC model and PMHS in two velocities 

of frontal sled tests and a lateral impact (Decker, Koya et al. 2017). While extensive 

validation of GHBMC M50-OS in automotive postures and loading conditions has been 

performed and published, a gap remains in the validation of this model for aerospace 

simulation. This study aims to validate the response of the GHBMC M50-OS in four 

different accelerative loading directions (+GX, -GX, GY, and +GZ) against experimental 

data of human volunteer sled tests. The GHBMC M50-OS, positioned in spaceflight-like 

postures, is expected to sufficiently model the kinematics of the human volunteers with 

equivalent biofidelity across loading directions. 

2. METHODS 

2.1 Data Sources 

The Aerospace Biodynamics and Performance Group under the Aerospace 

Physiology and Performance Section, 711 Human Performance Wing (711 HPW/RHCPT) 

has conducted biodynamic test programs of various seat designs, occupants, restraint 

systems, and directionalities for several decades (Buhrman 1998). Most of these test 

programs were conducted on the Horizontal Impact Accelerator (HIA), the Vertical 

Deceleration Tower (VDT), and Vertical Impulse Device (VID) located at Wright Patterson 

Air Force Base in Dayton, Ohio. The Air Force Research Laboratory biodynamics test 

database was queried to identify all human volunteer experimental tests without special 

military or spaceflight suits or helmets. Additionally, the selected experiments were limited 

to conditions utilizing generic seats that could be modeled rigidly, with minimal padding. 
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The resulting human volunteer data included a total of 212 experimental tests, originating 

from seven different test programs at the Air Force Research Laboratory. 

In each of the 212 selected experimental tests, volunteers were subjected to 

approximately half-sine shaped acceleration pulses of varying peak acceleration 

amplitudes, durations, and loading directions on the HIA, VDT, or VID. The pulse 

durations were characterized by the rise time (time to peak) of the applied impulse, while 

the loading directions were either frontal (-GX, eyeballs in), rear (+GX, eyeballs out), lateral 

(GY, eyeballs left or right) or vertical (+GZ, eyeballs down) (Figure 1). 

  
(a) Side View (b) Front View 

Figure 1. Four acceleration pulse directions were applied to the model in the baseline seat as 

viewed from the (a) side and (b) front. 

The selected experimental tests were categorized by amplitude, duration, loading 

direction, and seating/restraint configuration into a total of 13 different loading scenarios 

for simulated reconstruction (Table 1). The volunteers were subjected to accelerative pulses 

with magnitudes similar to those experienced by spaceflight crewmembers. In nominal 

spaceflight landing scenarios, the direction of seat acceleration is primarily in the +GX 

direction due to the crewmember seat positioning on their backs, with components of 

acceleration in the +GZ and GY directions due to the landing trajectory, wind, or waves 

(Somers and Gohmert 2013). The nominal acceleration pulse magnitude for capsule 
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landings was designed to remain less than 10 G for the Apollo program, with similar 

landing speeds for the Orion capsule (Jones 1970; Currie-Gregg, Gernhardt et al. 2016). 

Across the 13 unique loading scenarios, there were three different belt systems used. These 

belt systems included the MB-6 (without a negative-G strap), chest strap (CS) belts, and 

PCU-15/16 (Figure 2). Additionally, some of the experimental loading conditions were 

performed with minor modifications to the generic 90 seat and protective side guards. The 

seating configurations used for occupant loading are summarized in Figure 2. Twelve of 

the 13 loading conditions were performed with only male subjects, while the –GX, 10G, 75-

ms rise time experiments included 7 female subjects. Summary height and mass data for 

subjects in each experimental loading condition are included in Appendix A. 

Table 1. Summary of Experimental Test Conditions 

Direction 

Peak 
Acceleration 

(G) 

Rise 
Time 
(ms) Belt Seat Modifications 

# Tests 
(n) Test Program(s) 

Experimental 
Apparatus 

-GX 10 55 MB-6 6° Seat Pan, 13° Seat Back 19 
1981-02 [1] 

(Fig 2a) 
HIA 

-GX 10  75 PCU-16/P Legs Extended 20 2003-01[2] HIA 

+GX 10 30 CS  9 
1985-01 [3] 

(Fig 2b) 
VID 

+GX 15 16 CS  8 1985-01 [3] VID 

+GX 15 25 CS  11 1985-01 [3] VID 

+GX 20 20 CS  10 1985-01 [3]  VID 

GY 3 35 CS Hip and Chest Side Plate 11 
1976-02 [4] 

(Fig 2c) 
HIA 

GY 4.5 35 CS Hip and Chest Side Plate 11 1976-02 [4] HIA 

GY 6 35 CS Hip and Chest Side Plate 46 

1976-02 (Killian 
and Boedecker 

1981)  

HIA 

GY 5 75 PCU-15/P 
Contoured Head Rest 

6° Seat Pan, 13° Seat Back 
Knee and Hip Side Plates 

24 
1998-05 [5] (Fig 

2d) 
1999-01 [6] 

HIA 

GY 5 75 PCU-15/P 
Flat Head Rest 

6° Seat Pan, 13° Seat Back 
Knee and Hip Side Plates 

21 1998-05 [5] 

HIA 

+GZ 8 80 MB-6  9 
1991-01 [7] 

(Fig 2e) 

VDT 

+GZ 10 70 MB-6  13 1991-01 [7]  VDT 

[1] (Hearon and Brinkley 1986);  [2] (Doczy, Mosher et al. 2004); [3] (Salerno, Brinkley et al. 1987); [4] (Killian and 
Boedecker 1981); [5] (Perry, Buhrman et al. 2003); [6] (Hill, Knox et al. 2000); [7] (Perry and Buhrman 1994; Perry and 
Buhrman 1996) 
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(a) (b) (c) (d) (e) 

Figure 2. (a) In several frontal (-GX, “eyeballs in”) direction tests a tilted seat pan (with MB-

6 belt) was used to reduce submarining (Hearon and Brinkley 1986). (b) The human 

volunteers were placed on their backs in the VDT to perform +GX direction tests (Salerno, 

Brinkley et al. 1987). (c) A larger side plate was used to prevent excursion in some lateral 

(GY) tests (CS belts shown) (Killian and Boedecker 1981)  (d) Small hip and knee plates 

were used to limit lower body excursion in other lateral impact tests (PCU-15/P belt shown) 

(Perry, Buhrman et al. 2003). (e) The human volunteers for the eyeballs down (+GZ) tests 

were seated in the baseline 90 seat (Hill, Knox et al. 2000). 

Each test program used a unique set of instrumentation to collect biodynamic 

response data. Across all human volunteer experiments, the head and chest accelerations 

were measured and most experiments also measured lap belt forces. Instrumentation for head 

accelerations across the test programs included triaxial accelerometers mounted on dental 

bite blocks, forehead mounted straps, or earplugs. Chest accelerations were measured using 

triaxial accelerometers mounted against the chest at the level of the sternum. Additional 

experimental response signals available in a subset of experiments included rotational head 

velocity and acceleration, 1st thoracic vertebrae (T1) accelerations, shoulder excursion, 

sternal excursion, knee excursion, and reaction forces against the seat and sideguards. 

2.2 Experimental Data Preparation 

To quantitatively compare the responses of the GHBMC M50-OS simulations to 

the experimental data, the experimental response data was normalized using the equal 

stress-equal velocity scaling technique (ESEV) (Eppinger 1976). This method uses a scale 

factor related to the ratio of overall masses of the reference (each human volunteer) and 

target (GHBMC M50-OS) subjects. This global scaling method was selected because the 
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effective mass of individual body regions, used for the ESEV-effective mass scaling 

method, could not be well characterized with the known anthropometric data for each 

subject (Davis and Gayzik 2016).  However, this ESEV approach to scaling has been 

shown to perform similarly to ESEV-effective mass for many impact simulation scenarios 

(Davis and Gayzik 2016). Equations 1-7 summarize the scale factors used to scale the 

human volunteer response data to the mass of the GHBMC M50-OS model (78.5 kg). 

 
𝜆 =  

𝑀𝑎𝑠𝑠𝑇𝑎𝑟𝑔𝑒𝑡

𝑀𝑎𝑠𝑠𝑅𝑒𝑓
 Eq. 1 

 𝑇𝑖𝑚𝑒𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆1/3 ∗ 𝑇𝑖𝑚𝑒𝑅𝑒𝑓 Eq. 2 

 𝐴𝑐𝑐𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆−1/3 ∗ 𝐴𝑐𝑐𝑅𝑒𝑓 Eq. 3 

 𝐹𝑜𝑟𝑐𝑒𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆2/3 ∗ 𝐹𝑜𝑟𝑐𝑒𝑅𝑒𝑓 Eq. 4 

 𝑀𝑜𝑚𝑒𝑛𝑡𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆 ∗ 𝑀𝑜𝑚𝑒𝑛𝑡𝑅𝑒𝑓 Eq. 5 

 𝐷𝑖𝑠𝑝𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆1/3 ∗ 𝐷𝑖𝑠𝑝𝑅𝑒𝑓 Eq. 6 

 𝑅𝑜𝑡𝐴𝑐𝑐𝑇𝑎𝑟𝑔𝑒𝑡 = 𝜆−2/3 ∗ 𝑅𝑜𝑡𝐴𝑐𝑐𝑅𝑒𝑓 Eq. 7 

Once the individual response signals were appropriately scaled, biofidelity 

response corridors were generated using a point-wise normalization method to 

appropriately use the data for each human volunteer in a given loading condition (Gayzik, 

Marcus et al. 2015). The point-wise normalization biofidelity response corridor 

calculation aimed to normalize for aspects of the subject response that were not 

controlled for in the experimental design, such as internal dynamics of the specimen and 

interactions with experimental structures. This was achieved through signal alignment 

followed by an optimization of the correlation coefficient between loading phases of each 

signal.  This method generated a mean response curve. For each signal, subsequent 

variable-width inner and outer corridors of one and two standard deviations were 

calculated as offsets from the mean response curve on a time point-wise basis.  
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2.3 Model Development 

Each of the 13 experimental loading conditions in Table 1 were validated against 

a matched dynamic FE simulation using LS-DYNA r7.1.2 (Livermore Software 

Technology Corporation, Livermore, CA). Because the experimental signals from the 

human volunteer testing were primarily kinematic data in impact events longer than 

motor vehicle crash events, the HBM validation was performed using the simplified 

GHBMC 50th percentile male occupant model (GHBMC M50-OS) version 1.8.4.1 

(Schwartz, Guleyupoglu et al. 2015). The shorter run time of the simplified model 

compared to the detailed model is beneficial for parametric sensitivity studies with 

hundreds of simulations. Several studies have shown the kinematics of the GHBMC 

M50-OS closely track those of the detailed GHBMC 50th percentile male occupant model 

(GHBMC M50-O) for simulations in the time range of this study (Schwartz, 

Guleyupoglu et al. 2015; Decker, Koya et al. 2017). In addition to the details presented in 

the seven published studies, experimental video was available and reviewed for 200 of 

212 tests to inform modeling decisions for the 13 simulations. The initial posture of the 

GHBMC M50-OS (174.9 cm, 78.5 kg) is the driving position native to the automotive 

environment. The HBM was repositioned to fit a seat model with a horizontal seat pan, 

vertical seat back, and horizontal footrest by setting the lumbar spine to femur, femur to 

tibia, and tibia to sole of the foot angles to approximately 90° using the joint positioning 

tree module included with the GHBMC M50-OS (Figure 1a).  

The generic seat model was composed of rigid surfaces for the seatback, seat pan, 

and footrest. The headrest was composed of a rigid plate with a 15.7 mm thick foam 

padding (MAT ID #57 - Low Density Foam, parameter values summarized in Appendix 
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B). The GHBMC M50-OS with adjusted joint angles was translated to be directly above 

the seat pan and forward of the seat back. The headrest and footrest were subsequently 

translated to be directly against the head and feet, respectively. 

Simulations performed in the –GX and GY directions required modifications to the 

generic seat model to mimic the experimental test environments before belting the 

occupants. The seat pan was adjusted to 6° for the –GX, 10G, 55-ms rise time (Figure 3b) 

and two GY, 5G, 75-ms rise time simulations, and the seat back was also adjusted to 13 for 

the GY, 5G, 75-ms rise time simulations. Based on physical experiments, the GY, 5G, 75 ms 

rise time simulations also required 152 mm × 152 mm rigid knee and hip guards to reduce 

occupant excursion. One of the GY, 5G, 75-ms experimental test groups also used a 

contoured head rest with the foam padding average thickness increased to 50 mm (Figure 

3c). The –GX, 10G, 75-ms rise time simulation required the lower legs to be extended to 

45 from the horizontal and the foot rest was adjusted to remain in contact with the feet 

(Figure 3d). The Y-direction loading simulations with 35-ms rise times incorporated a large 

side plate to limit the excursion of the hip and chest (Figure 3e).  

After GHBMC M50-OS was appropriately positioned in the seat for each simulation, 

the appropriate belt system (Table 1) was fitted to the seated occupant model. The MB-6 belt 

system was modeled as a single 32-mm wide lap belt with 28-mm wide shoulder belts 

extending from over each shoulder to the belt buckle located near the occupant’s navel 

(Figure 3b). This belt buckle location was modeled as a constrained nodal rigid body 

(CNRB). The human volunteer tests with the MB-6 belt in the -GX direction were part of the 

pilot study to investigate the negative-G strap effect. However, only data from the series in 

which the negative-G strap was removed were available (Hearon and Brinkley 1986). The 
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PCU-15/P and PCU-16/P torso harnesses are single-unit assemblies designed for air 

crewmembers to double as a restraint and a parachute harness. The PCU-16/P was 

specifically intended for use in aircraft including the F-16, F-5, F-4, A-7, and OV-10 series 

(Perry, Buhrman et al. 2003). Based on experimental test video and diagrams, the PCU-15/P 

and PCU-16/P torso harness model included two shoulder belts, one short chest strap, two 

femur straps and a lap belt (Figure 3c and d). The only difference between the PCU-15/P and 

PCU-16/P harness systems is the design specifications for occupant size. PCU-15/P 

harnesses were designed to fit 5th-95th percentile aircrewmembers, while the PCU-16/P 

harness also fits aircrewmembers smaller than the 5th percentile (Hearon and Brinkley 1986). 

The CS belt, used in +GX and some GY simulations, was modeled as a 32-mm wide lap belt, 

and 28-mm wide chest and head straps (Figure 3a and e). Each belt system was equipped 

with a pretensioner and retractor at the anchor locations. 

 

     
(a) (b) (c) (d) (e) 

Figure 3. Peak excursion for several simulated test conditions: (a) +GX 15G, 25 ms rise time 

with CS belts and the baseline seat. (b) –GX, 10G, 55 ms rise time with MB-6 belt (no 

negative-G strap) and a 6° incline seat pan, (c) GY, 5G, 75-ms rise time with PCU 15/P 

harness, a contoured head rest (green), and hip (red) and knee (orange) side guards, (d) –

GX, 10G, 75-ms rise time with PCU 16/P harness and extended legs, (e) GY, 6G peak 

acceleration,  35-ms rise time with chest strap belts and side guard (red). 
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Each simulation included three phases. The first phase, lasting 100 ms, consisted of a 

preloading phase where contact between the seat and occupant was initiated to model the 

initial deformation of the flesh against the seat. In the next 50 to 65 ms, the preloading phase 

continued, while the seatbelts were tightened with a known pretension load. The final phase 

applied the experimental prescribed acceleration pulses to the seat. For comparison to the 

experimental signals, time (T) = 0 in the simulations occurs at the initiation of the applied 

acceleration pulse. 

Pre-loading (Phases 1-2). A common technique to model the initial flesh 

deformation of HBMs due to the effects of gravity is to apply a gravitational load to the 

occupant model. However, under a pure gravitational load it is difficult to maintain 

carefully positioned joint, spine, and pelvis angles. Under gravitational loading, the pelvis 

had a tendency to rotate causing the HBM to slouch in the seat with a flexed spine. This 

was contrary to the pelvis positioning observed in upright seated human magnetic 

resonance images (Gayzik, Moreno et al. 2011; Gayzik, Moreno et al. 2012). Instead, 

before running the experimental reconstruction simulations, an exploratory simulation 

was performed to estimate displacement of the HBM under gravitational loads required 

for deformation of the thigh and buttock flesh to reach equilibrium. Then in the first two 

phases of the experimental reconstruction simulations, the pelvis, arms, and spine were 

held in place while the chair was translated toward the pelvis and sacrum following a 

quarter-sine shape displacement curve. Immediately before the pulse application phase, 

the boundary conditions to constrain joint angles were switched off.  

At the beginning of the second phase, each belt was pretensioned using a force-

time history curve. This curve had a linear ramp over the first 10 ms, followed by a 
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plateau set to 89 N (20 lbf) per belt to match the experimental pretension load (Perry, 

Buhrman et al. 2003). To replicate the absence of belt payout in the physical experiments, 

the belt retractor was locked 1 ms before the pulse application phase began, preventing 

further payout of the belt during the acceleration pulse.  

Experimental loading (Phase 3). For each experimental configuration, the sled 

acceleration pulses across all tests were aligned and averaged to create a representative pulse 

(Appendix C). The representative pulse, an approximate half-sine wave, was applied to the 

rigid seat model in the appropriate loading direction while constraining the three rotational 

and remaining two linear degrees of freedom. Each experimental test was coded with an “end 

time” variable representing the duration of the impact event. The simulated termination time 

was 1.2 times the maximum end time of all tests in each loading condition to ensure the 

entire impact event was captured. 

Component and resultant kinematic traces were extracted as nodal outputs from 

the GHBMC M50-OS head center of gravity (CG) and chest (measured at sternum) at 

10,000 Hz. The standard nodal output ID was defined in the GHBMC M50-OS v1.8.4.1 

manual (Elemance, LLC, Winston-Salem, NC) as NID #199001 for head CG kinematics, 

using a “seatbelt accelerometer element” (1,000 Hz filter). The sternal accelerometer was 

defined by the motion of an interpolated node at the CG of the sternum (part 400090, 180 

Hz filter). Seatbelt forces were measured as the tensile force in the 1-dimensional seatbelt 

elements connecting the shell elements to their anchor location. 
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2.4 Objective Response Evaluation 

The correlation and analysis (CORA) software (Partnership for Dummy 

Technologies and Biomechanics, Gaimersheim, Germany) was used to objectively 

evaluate the HBM biomechanical signals against the experimental human volunteer data 

(Gehre, Gades et al. 2009). A CORA signal score (CChannel) is composed of two 

evaluation methods, the corridor score and the cross correlation method, that are each 

weighted 50%. The cross correlation method is decomposed into weighted scores of 25% 

phase, 25% size and 50% shape components. The CORA settings used to evaluate the 

simulation responses were summarized in Appendix D. One and two standard deviation 

corridors developed using the biofidelity response corridor method described above were 

used for each signal comparison. In addition, a corridor difficulty score was evaluated to 

summarize the width of the corridors with respect to the size of the signal. The corridor 

difficulty score is summarized in Eq. 8 as the average of the signal’s time-varying 

standard deviation compared to the mean absolute value of the reference signal (smaller 

values indicate tighter corridors): 

 
𝐶𝑜𝑟𝑟𝑖𝑑𝑜𝑟 𝐷𝑖𝑓𝑓𝑖𝑐𝑢𝑙𝑡𝑦 𝑆𝑐𝑜𝑟𝑒 =  

𝑅𝑒𝑓𝑒𝑟𝑒𝑛𝑐𝑒 𝑆𝑖𝑔𝑛𝑎𝑙 𝑆𝑡. 𝐷𝑒𝑣̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅

|𝑅𝑒𝑓𝑒𝑟𝑒𝑛𝑐𝑒 𝑆𝑖𝑔𝑛𝑎𝑙|̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅
 Eq. 8 

To compare the overall responses of the occupants in the simulation and 

experimental data, a comprehensive comparison score, CComprehensive, was calculated as the 

root mean square of the CChannel scores from the different resultants of the directional data 

channels. In the case that a resultant signal could not be calculated (i.e. missing 

experimental data channel), the signal in the primary loading direction was used for 

analysis. For tests in the –GX loading direction, the average CChannel score for all the belts 
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was combined into a single term. As a result, the comprehensive comparison scores also 

range from 0 to 1 with 1 being ideal. For the loading condition with the MB-6 belt in the 

–GX direction the shoulder belts were not instrumented. Therefore, for the frontal (–GX) 

direction, 10G, 55-ms rise time configuration, the comprehensive response score is 

shown in Eq. 9. The PCU belt system used in the frontal (–GX) direction tests (10G, 75-

ms rise time) had no crotch belt either, but the shoulder belts were instrumented, resulting 

in the form of CComprehensive in Eq. 10. For the remaining loading directions, the 

comprehensive response score was only a combination of the head and chest acceleration 

CORA scores because the occupant engaged the seatbelts minimally in the rear (+GX), 

lateral (GY), and vertical (+GZ) loading directions (Eq. 11). 

 

𝐶𝐶𝑜𝑚𝑝𝑟𝑒ℎ𝑒𝑛𝑠𝑖𝑣𝑒 =  √
1

3
(𝐶𝐻𝑒𝑎𝑑 𝐶𝐺

2 + 𝐶𝑆𝑡𝑒𝑟𝑛𝑢𝑚
2 + (

𝐶𝐿 𝐿𝑎𝑝 + 𝐶𝑅 𝐿𝑎𝑝

2
)

2

) Eq. 9 

𝐶𝐶𝑜𝑚𝑝𝑟𝑒ℎ𝑒𝑛𝑠𝑖𝑣𝑒 =  √
1

3
(𝐶𝐻𝑒𝑎𝑑 𝐶𝐺

2 + 𝐶𝑆𝑡𝑒𝑟𝑛𝑢𝑚
2 + (

𝐶𝐿 𝑆ℎ𝑜𝑢𝑙𝑑𝑒𝑟 + 𝐶𝑅 𝑆ℎ𝑜𝑢𝑙𝑑𝑒𝑟 + 𝐶𝐿 𝐿𝑎𝑝 + 𝐶𝑅 𝐿𝑎𝑝

4
)

2

) Eq. 10 

𝐶𝐶𝑜𝑚𝑝𝑟𝑒ℎ𝑒𝑛𝑠𝑖𝑣𝑒 =  √
1

2
(𝐶𝐻𝑒𝑎𝑑 𝐶𝐺

2 + 𝐶𝑆𝑡𝑒𝑟𝑛𝑢𝑚
2 ) Eq. 11 

 

2.5 Statistical Testing 

One-way analysis of variance (ANOVA) tests were used to compare CComprehensive 

values and CORA scores across loading directions and seatbelt models. Specifically, one-

way ANOVA (with α=0.05) was performed across the four different loading directions (-

GX, +GX, GY, and +GZ) for CComprehensive and the head and chest acceleration CORA 

scores. Another one-way ANOVA was performed across the three different belt models 

(MB-6, CS and PCU) for the same three metrics. For ANOVA tests indicating 

statistically significant differences in sample means, Tukey’s honestly significant 
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difference (HSD) post-hoc tests were performed between conditions and tested at α=0.05. 

Additionally head acceleration CORA scores were compared to chest acceleration CORA 

scores using paired t-tests for the 13 loading conditions to see if there were significant 

differences in biofidelity between body regions. 

3. RESULTS 

All 13 simulations normally terminated in LS-Dyna. A visual summary of the –GX, 

10G, 75-ms rise time simulation is shown in Figure 4 depicting the following five simulation 

states, with HBM in the: (a) settled state, (b) maximum chest acceleration state, (c) halfway 

between peak acceleration and the end of the simulation, and (d) end of the simulation. In this 

simulation, the occupant can be seen loading the belts with the chest and waist. The peak 

head excursion occurred at approximately 115 ms.  

    
(a) T=0 ms 

 
(b) T = 70 ms 

(TPeak Acceleration) 

(c) T = 115 ms 

(TPeak Excursion) 
(d) T = 160 ms 

(End of Simulation) 
Figure 4. The progression of the occupant excursion and loading is depicted for the –GX, 

10G, 75-ms rise time simulation. 

The CORA scores were evaluated for each matched pair of signals between the 

corresponding experiments and simulations. Example signal pairs and quantitative 

comparison CORA scores for one loading condition (-GX, 10-G, 75-ms rise time) are 

summarized in Figure 5. For the four signal comparisons in Figure 5, the correlation 

scores (shape, magnitude, and phase) are much higher than the corridor score. Notably, 
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the magnitude score for the Chest X-direction acceleration is only 0.47 because the 

simulation signal magnitude far exceeded the experimental signal magnitude. Graphical 

signal comparisons contributing to the comprehensive response scores for all 13 loading 

configurations are depicted in Appendix E. The comprehensive response scores for each 

simulation ranged from 0.582-0.786 (mean = 0.695) and are presented in Figure 6. These 

scores fell in a similar range to the CORA scores reported in the development and 

validation of the GHBMC M50-OS (Schwartz, Guleyupoglu et al. 2015). 

   
Figure 5. Mean signals for the –GX, 10G, 75-ms rise time experiments (bold black traces) were 

compared to the corresponding signals in the reconstructed simulation (red traces). Inner and 

outer corridors represent one and two standard deviations from the mean curves, 

respectively. For this experimental condition, six signal comparisons factored into the 

comprehensive response score (0.671). 
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Figure 6. Comprehensive response scores for the 13 loading conditions. 

The 13 configurations were grouped by loading direction and belt type to study their 

effects on the overall occupant response comparison scores. The mean comprehensive 

response scores by loading direction group were 0.689±0.018 (mean ± 1 standard deviation) 

in frontal (-GX), 0.683±0.060 in rear (+GX), 0.676±0.043 in lateral (GY) and 0.774±0.013 

vertical (+GZ) directions. A one-way ANOVA performed on the loading direction groupings 

indicated that CComprehensive was not significantly different across loading directions (p = 

0.221). Additionally, another one-way ANOVA indicated no statistically significant trends 

differentiating the comprehensive response scores by belt type in the different loading 

configurations (p = 0.151). The three simulations using the MB-6 belt systems had average 

comprehensive response scores of 0.751 ± 0.033, while the simulations with PCU-style belts 
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had an average score of 0.668 ± 0.051 and the simulations with CS belts had an average score 

of 0.682 ± 0.048. 

The head and chest acceleration CORA scores are reported in Figure 7.  Twelve 

of the 13 loading conditions had resultant head acceleration overall CORA scores >0.60, 

with an average across all simulations of 0.735 ± 0.081. In all 13 loading configurations, 

the head acceleration cross correlation scores exceeded the corridor scores, with an 

average correlation score for head acceleration of 0.879 ± 0.063. Corridor difficulty 

scores (CDS) ranged from 0.12 to 0.34 for head acceleration corridors. Incidentally, the 

experimental head acceleration data for the +GX, 15G, 25 ms loading condition had the 

highest CDS value (wider corridors) and also had the best corridor score. Meanwhile, 10 

of the 13 loading conditions had chest acceleration (in the loading direction) overall 

CORA scores >0.60. All three of the chest acceleration CORA scores <0.60 were in the 

rear (+GX) direction. The average chest acceleration CORA score was 0.653 ± 0.089. 

Each of the 13 loading conditions had chest correlation scores >0.75, with an average of 

0.871 ± 0.050. Experimental chest acceleration data resulted in CDS values ranging from 

0.16 to 0.33. Contrary to the trend seen in CDS vs. corridor score for head acceleration, 

corridor scores tended to be lower for increased CDS (wider corridors). 
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(a) Resultant Head Acceleration 

 
(b) Chest Acceleration in Direction of Loading 

Figure 7. Overall CORA scores and their components for the simulated loading conditions 

are presented for (a) resultant head acceleration and (b) chest acceleration in the loading 

direction. Above each bar grouping is the corridor difficulty score, indicating the 

narrowness of the comparison corridor. Larger corridor difficulty score indicates wider 

corridors. 
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Similar to the comprehensive response scores, the head and chest acceleration 

CORA scores were grouped by loading direction and belt type (Figure 8). When stratifying 

loading configurations by the direction of the applied acceleration pulse, the head 

accelerations did not have significantly different CORA scores (p = 0.610). Additionally, 

when stratifying by belt type, there was not significant variation in head acceleration 

between belt types (p = 0.190).  On the contrary, the CORA scores for chest acceleration 

stratified by loading direction (p = 0.006) and belt type (p = 0.011) were significantly 

different between the simulated loading configurations. Tukey’s HSD post hoc tests 

indicated that chest acceleration CORA scores were significantly greater (p<0.05) for the 

+GZ loading direction (0.799±0.028) than the +GX (0.572±0.071) and GY (0.657±0.044) 

loading directions. Tukey’s HSD also indicated that simulations with the MB-6 belts 

(0.763±0.065) had significantly (p<0.05) higher chest acceleration CORA scores than the 

simulations with CS belts (0.601±0.064). 

 

 
(a) Resultant Head Acceleration CORA 
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(b) Chest Acceleration in Direction of Loading CORA 

Figure 8. Decomposed CORA scores for (a) head and (b) chest acceleration signals are 

grouped according to loading direction and belt type. 

 

4. DISCUSSION 

The comprehensive response scores are indicative of the overall agreement 

between the kinematics of the physical experiments and reconstruction simulations. 

When comparing the average CComprehensive scores by loading direction, there were no 

statistically significant differences, indicating similar biofidelity between loading 

directions. When considering individual loading conditions, only the 15 G, 16-ms rise 

time rear (+GX) simulation had an overall comprehensive response score <0.60.  

Meanwhile the 5G, 75-ms rise time lateral (GY) simulation was 0.603 and the remaining 

11 simulations were 0.667 or greater. These two highlighted simulations also had the 

only kinematic signals with phase CORA scores less than 0.69, weighing down the 

overall comprehensive response scores. In the +GX 15G, 16 ms rise time simulation, the 

chest acceleration CORA score was lower because the response was delayed. This 

response might occur if the material properties of the flesh and internal thoracic cavity of 

the HBM were not fully optimized for such high rate events. On the other hand, the head 
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and chest acceleration peaks in the 5G, 75-ms rise time lateral (GY) simulation occurred 

earlier than the experimental peaks. Possible sources for these temporal differences could 

be the response of the neck muscles in lateral loading. Head motion was partially 

restrained in simulations with the contoured head rest, but if the lateral neck muscle 

models did not develop enough tension, then earlier head acceleration may manifest. A 

previous study indicated that the rotational head acceleration of the GHBMC M50-OS 

develops earlier than in PMHS and the detailed GHBMC model in frontal and lateral sled 

tests in the automotive posture (Decker, Koya et al. 2017). 

In the development and validation of the GHBMC M50-OS, average CORA 

scores for a set of dynamic transient impact events of localized body regions were 0.59 

for GHBMC M50-OS and 0.63 for the detailed GHBMC occupant model (Schwartz, 

Guleyupoglu et al. 2015). Across the 13 simulations in the current study, the mean head 

and chest acceleration CORA scores were 0.735 and 0.653 respectively. Each of the 

loading directions had comprehensive response scores that were not statistically 

significantly different from each other, indicating that the HBM predicts overall 

kinematics equally well across all loading directions considered. 

While simulated kinematics were holistically compared to the experimental data 

using the comprehensive response scores, the head and chest accelerations were studied 

to understand the responses of specific body regions. On average across the 13 loading 

configurations, the overall head acceleration CORA scores were significantly greater than 

the corresponding overall chest acceleration CORA scores according to a paired t-test (p 

= 0.031). Overall head acceleration CORA scores indicate head and neck responses of 

the HBM are highly biofidelic compared to human volunteers. In fact, both components 
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of the overall CORA score, cross-correlation and corridor components are greater in the 

head acceleration signals than the chest acceleration signals. Decreased chest CORA 

scores may be indicative of less validated seats and restraints or GHBMC M50-OS chest 

kinematics, potentially due to bracing of the volunteers. Without considering additional 

validation tests it is difficult to attribute these discrepancies between simulated and 

volunteer chest responses. However, previous validations of this HBM have indicated a 

high level of biofidelity in multiple loading directions (Park, Kim et al. 2013; Vavalle, 

Moreno et al. 2013; Vavalle, Davis et al. 2015; Decker, Koya et al. 2017).  

It was hypothesized that wider corridors relative to experimental signal magnitude 

(higher CDS) would result in increased CORA corridor scores. However, the trends did 

not support this hypothesis for both the head and chest acceleration data across loading 

conditions. While Figure F1 (Appendix F) indicated a positive trend between corridor 

scores and CDS for the head acceleration data, the chest acceleration data displayed an 

inverted relationship. A possible explanation may be related to the phase alignment of the 

chest acceleration signals in the simulation data. Fewer loading conditions had phase 

scores of 1.0 for chest acceleration than for head acceleration. Figures in Appendix E 

indicate that the resulting phase shift tends to result in simulation signals shifted relative 

to the corridors. 

As shown in Appendix A, most human volunteers in these data sets were taller than 

the GHBMC M50-OS. While masses of the human volunteers were accounted for in equal 

stress-equal velocity scaling of the response data, heights were not. Therefore, in the 

simulation, the occupant’s head and chest CG are lower than the average human volunteer. 

In some loading directions this may have led to different simulated accelerations and 
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excursions of the head or chest compared to human volunteers. The masses of the human 

volunteers trended closer to the HBM mass. The largest discrepancy was for occupants 

subjected to GY directional loading, where the greatest fraction of human volunteers was 

above the HBM mass. Overall, scaling the experimental data based on human volunteer 

masses created tighter corridors than the unscaled data and made it more difficult to 

achieve increased corridor CORA scores. However, the quantitative comparison scores still 

indicated a close match between the simulated and experimental occupant responses. 

It should be noted that the human volunteers for most of these studies were 

instructed to brace for impact, most often by means of holding restraints tied around their 

own thighs. One limitation of the current GHBMC M50-OS model is the lack of active 

musculature required to model this bracing. Considering this modeling limitation, the 

simulations were designed to minimize the influence of the absence of active muscles by 

creating a rigid tie between the hand and thigh. This dataset and validation study could be 

beneficial for future development of an active musculature model for this HBM. 

Another limitation is related to the mounting schemes of the head and chest 

accelerometers on the subjects. The experimental chest accelerometers were external to 

the body habitus and had minor location differences between subjects, while the HBM 

measured chest acceleration directly on the sternum. The difference in accelerometer 

location between model and experiment may have had an influence on CORA values, 

while the inter-subject position variability would be captured by the corridors. 

Additionally, head accelerometer mounting methods may have influenced the reported 

head accelerations between subjects and across loading conditions. 
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An additional improvement that could be made to the models in this study was the 

coupling of the PCU-15/16 harnesses to the occupant. This harness type is intended to be 

tightly coupled to the occupant for ejection scenarios. However, in the simulations, the 

PCU belt model tended to slide on the surface of the model more than in the experimental 

tests. This belt model may have contributed to the lower head acceleration CORA scores 

in the simulations with PCU-15 and PCU-16 belts. The most common and recommended 

belt system used in spaceflight applications resembles the MB-6 belts with a negative-G 

strap to prevent pelvic submarining (Somers and Gohmert 2013). Therefore, it should be 

used in the majority of future multi-directional loading simulations. GHBMC validation 

simulations in this study also performed most similarly to the experimental data with the 

MB-6 belt. 

These validation simulations open the door to study additional factors affecting 

HBM response. Future studies should be performed to analyze sensitivity of results to 

perturbations in the boundary and initial conditions of these simulations. The effects of 

minor modifications to the seat belt and seat models should be used to quantify 

uncertainty in the results of these 13 discrete reconstructions of human volunteer 

experiments. While this study aimed to replicate the experimental signals available from 

historical human volunteer tests, the outputs from the HBM can also be used to evaluate 

the IARVs outlined by NASA, including head injury criterion (HIC 15), head rotational 

kinematics, neck injury criterion (Nij), and lumbar or other spinal axial compression or 

bending (Somers and Gohmert 2013). 

With GHBMC M50-OS kinematics validated in key loading directions and pulse 

magnitudes applicable to spaceflight loading scenarios, the model can be used to simulate 
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more complex loading regimes. Using data from previous spaceflight capsule tests and 

landings, multi-directional, multi-axial boundary conditions can be generated. These 

developed boundary conditions can be applied to future GHBMC simulations to predict 

occupant kinematics and loads that may be experienced by crewmembers. These response 

variables could then be used to estimate injury risks and load tolerances of the occupants. 

If these combined applied loads expose the model to kinematics and loads above NASA-

defined IARVs, then crewmembers may be subjected to undesirable injury risks. These 

applications can be extended to the design of commercial crew vehicles, where in 

validated simulations, any injury metric exceeding NASA IARVs is unacceptable. 

Ultimately, this knowledge of injury risk exposure in spaceflight landing scenarios should 

be used in the design of commercial and government-regulated manned spacecraft. 

The HBM and boundary conditions used in the reconstruction simulations 

presented in this study closely matched the unidirectional experimental data available 

through the Air Force Research Laboratory biodynamics data bank. Across 13 matched 

simulation and experiments, the average comprehensive response score (derived from 

CORA scores in multiple model regions) was 0.695. The average quantitative 

comparison scores for each of the four loading directions were greater than the CORA 

scores reported in a previous GHBMC M50-OS validation paper (Schwartz, Guleyupoglu 

et al. 2015). The agreement between kinematic data in these simulations and experiments 

provides the basis for using the GHBMC M50-OS in future omni- and multidirectional 

simulations to study the effects of spaceflight loading scenarios and restraint and seat 

designs. Because the kinematics of the simplified and detailed GHBMC occupant models 

track closely with each other, the more detailed occupant could be used to study 
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additional injury metrics and risks that may not be evaluated using the simplified model. 

With additional model validation and sensitivity studies, future manned-spacecraft 

regulation and policies may be able to leverage the use of human body or ATD FE 

models to reduce testing costs. 
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Appendix A – Human Volunteer Characteristics by Loading Condition 

 
*7 Female Subjects and 13 Male Subjects 

Figure A1. Distribution of volunteer subject mass by loading test condition. 

 
*7 Female Subjects and 13 Male Subjects 

Figure A2. Distribution of volunteer subject heights by loading test condition. 
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Appendix B – Foam Material Properties for Head Rest and Side Guard Cushions 
 

Expected Base Units: kg, mm, ms, kN 
 

LS-Dyna Material Model: Low Density Foam 
 

Table B1. Material Properties for Low Density Foam 

Parameter Value Description 

RO 2.702E-6    Mass density 

E 0.00345          Young’s modulus used in tension 

LCID 1 Load curve ID 

TC 6900 Cut-off for the nominal tensile stress 

HU 0.9       Hysteretic unloading factor 

BETA 0.0 - Default Decay constant  

DAMP 0.0 - Default Viscous coefficient 

SHAPE 0.0 - Default Shape factor for unloading 

FAIL 0.0 - Default Failure option after cutoff stress is reached 

BVFLAG 0.0 - Default Bulk viscosity activation flag 

ED 0.0 - Default Optional Young's relaxation modulus 

BETA1 0.0 - Default Optional decay constant 

KCON 0.0 - Default Stiffness coefficient for contact interface stiffness 

REF 0.0 - Default Use reference geometry to initialize stress tensor 

 
Table B2. Load Curve ID 1, Stress-Strain Behavior of Low Density Foam 

Strain Stress (GPa) Load Curve 

0 0 

 

0.005 3.59E-06 

0.012 1.29E-05 

0.07 0.000178 

0.113 0.000371 

0.19 0.001035 

0.29 0.00267 

0.331 0.003615 

0.403 0.00638 

0.447 0.009195 

0.5 0.014385 

0.54 0.02073 

0.58 0.02968 

0.59 0.029815 
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Appendix C – Input Acceleration Pulses 
 

 
 

  
-Gx, 10-G, 55 ms Rise Time with MB-6 Belt 

(n=19) 

-Gx, 10-G, 75 ms Rise Time with MB-6 Belt 

(n=20) 
 

Figure C1. -Gx Input Sled Pulses 

 

  

+GX, 10-G, 30-ms Rise Time with CS Belt 

(n=9) 

+GX, 15-G, 16-ms Rise Time with CS Belt (n=8) 

  
+GX, 15-G, 25-ms Rise Time with CS Belt 

(n=11) 

+GX, 20-G, 20-ms Rise Time with CS Belt 

(n=10) 
 

Figure C2. +Gx Input Sled Pulses 
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GY, 3-G, 35-ms Rise Time with CS Belt (n=12) GY, 4.5-G, 35-ms Rise Time with CS Belt 

(n=11) 

 

 

GY, 6-G, 35-ms Rise Time with CS Belt (n=46)  

  
GY, 5-G, 75-ms Rise Time, Contoured Headrest 

with PCU-15/P Belt (n=24) 

GY, 5-G, 75-ms Rise Time, Flat Headrest with 

PCU-15/P Belt (n=21) 
 

Figure C3. GY Input Sled Pulses 
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+GZ, 8-G, 80-ms Rise Time with MB-6 Belt 

(n=9) 

+GZ, 10-G, 70-ms Rise Time with MB-6 Belt 

(n=13) 
 

Figure C4. +GZ Input Sled Pulses 
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Appendix D – CORA Score Generation Parameters 

 

Parameters for CORA version 3.5.1 

 

Global settings to define the interval of evaluation 

A_THRES 0.03 Threshold to set the start of the interval of evaluation 

[0,...,1] 

B_THRES 0.075 Threshold to set the end of the interval of evaluation 

[0,...,1] 

A_EVAL 0.01 Extension of the interval of evaluation [0,...,1] 

B_DELTA_END 0.2 Additional parameter to shorten the interval of evaluation 

(width of the corridor: A_DELTA_END*Y_NORM) 0 = 

disabled 

T_MIN 0 Manually defined start (time) and end (time) of the 

interval of evaluation (automatic = calculated for each 

channel) 
T_MAX 200 

 

Global settings of the corridor method 

G_1 0.5 Weighting factor of the corridor method 

K 2 Transition between ratings of 1 and 0 of the corridor method (1 = 

linear, 2 = quadratic ...) 

 

Global settings of the cross correlation method 

G_2 0.5 Weighting factors of the cross correlation method 

D_MIN 0.05 delta_min as share of the interval of evaluation [0,...,1] 

D_MAX 0.15 delta_max as share of the interval of evaluation [0,...,1] 

INT_MIN 0.8 Minimum overlap of the interval [0,...,1] 

K_V 10 Transition between ratings of 1 and 0 of the progression rating 

(1 = linear, 2 = quadratic ...) 

K_G 1 Transition between ratings of 1 and 0 of the size rating (1 = 

linear, 2 = quadratic ...) 

K_P 1 Transition between ratings of 1 and 0 of the phase shift rating  

(1 = linear, 2 = quadratic ...) 

G_V 0.50 Weighting factors of the progression rating 

G_G 0.25 Weighting factors of the size rating  

G_P 0.25 Weighting factors of the phase shift rating 
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Appendix E – Graphical CORA Comparisons by Loading Configuration 
 

 

 
Figure E1. -GX, 10-G, 55 ms Rise Time (MB-6 Belt): Comprehensive Rating = 0.706 

 

   
Figure E2. -GX, 10-G, 75-ms Rise Time (PCU-16/P Belt): Comprehensive Rating = 0.671 
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Figure E3. +GX, 10-G, 30-ms Rise Time (CS Belt): Comprehensive Rating = 0.731 

 

   
Figure E4. +GX, 15-G, 16 ms Rise Time (CS Belt): Comprehensive Rating = 0.582 

 

 

 
Figure E5. +GX, 15-G, 25-ms Rise Time (CS Belt): Comprehensive Rating = 0.728 

 

  
Figure E6. +GX, 20-G, 20-ms Rise Time (CS Belt): Comprehensive Rating = 0.689 
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Figure E7. GY, 3-G, 35-ms Rise Time (CS Belt): Comprehensive Rating = 0.667 

 

  
Figure E8. GY, 4.5-G, 35-ms Rise Time (CS Belt): Comprehensive Rating = 0.713 

 

 

 
Figure E9. GY, 6-G, 35-ms Rise Time (CS Belt): Comprehensive Rating = 0.667 
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Figure E10. GY, 5-G, 75-ms Rise Time, Contoured Headrest (PCU-15/P Belt): Comprehensive 

Rating = 0.729 

  
Figure E11. GY, 5-G, 75-ms Rise Time, Flat Headrest (PCU-15/P Belt): Comprehensive 

Rating = 0.603 

 

 
Figure E12. +GZ, 8-G, 80-ms Rise Time (MB-6 Belt): Comprehensive Rating = 0.786 

 

 
Figure E13. +GZ, 10-G, 70-ms Rise Time (MB-6 Belt): Comprehensive Rating = 0.761 
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Appendix F – Corridor Difficulty Scores (CDS) 

 

 
Figure F1. Head acceleration and chest acceleration data displayed contradicting trends 

when comparing the calculated CORA scores to the corridor difficulty score (CDS), which 

is a novel measure for the relative width of the generated corridors compared to signal 

magnitude. 

 

 

  



60 

 

Chapter III: Sensitivity and Extensibility of Chest Responses in 

Finite Element Occupant Models for Spaceflight Loading 

Scenarios 
 

 

James P. Gaewsky1,2, Derek A. Jones1,2, Xin Ye1,2, Bharath Koya1,2, Scott Gayzik1,2, 

Ashley A. Weaver1,2, Jeffrey T. Somers3, F. Joel D. Stitzel1,2 
 

1Virginia Tech – Wake Forest University Center for Injury Biomechanics,  

Winston-Salem, NC 
2Wake Forest School of Medicine, Winston-Salem, NC 

3KBRWyle, Houston, TX 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

The following manuscript under review at Journal of Biomechanical Engineering 

  



61 

 

ABSTRACT 

This study analyzed the extensibility of three finite element (FE) occupant models to 

predict chest injury metrics in spaceflight-like loading conditions. Additionally, the 

sensitivity of these metrics in each occupant model was evaluated in response to 13 

independent variables. The Hybrid III, Test device for Human Occupant Restraint 

(THOR), and the Global Human Body Models Consortium (GHBMC) simplified 50th 

percentile male occupant (M50-OS) FE models were subjected to the same set of 455 

loading conditions in a simplified rigid seat. Seven independent variables were identified 

as “loading condition variables” and related to the magnitude, direction and time-to-peak 

of the applied seat acceleration components. Peak resultant accelerations ranged between 

5-25 G with rise times between 32.5-120 ms. The six remaining perturbations were called 

“environmental variables.” Chest acceleration and lateral and depth deflection metrics 

were measured for each simulation. The extensibility of each occupant model to assess 

chest injury risks was evaluated in comparison to NASA’s injury assessment reference 

values (IARVs). Each model was compared to the remaining occupant models in 

matched simulations using linear regressions. GHBMC had the highest chest depth 

deflections of the three models, with 17.8% of the loading conditions exceeding the off-

nominal IARV. GHBMC lateral chest deflections were approximately 3-5 times greater 

than Hybrid III chest deflections, depending on loading direction. Sobol total-effect 

indices of polynomial regression equations assessed the relative sensitivity of each injury 

metric to each independent variable. On average, across the injury metrics, 85.0% of the 

sensitivity was attributable to the loading condition variables.   
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1. INTRODUCTION 

The National Aeronautics and Space Administration (NASA) has identified the 

analysis and mitigation of injury risk due to dynamic loads as a priority of the Human 

Research Program (Caldwell, Gernhardt et al. 2012). This research priority may not only 

influence the design of government spacecraft, but also contribute to regulation of occupant 

safety in commercial spaceflight. Currently there are no design regulations targeting injury-

based outcomes for non-NASA crewed spaceflight. With the advent of commercial space 

travel, it will be important for a governing institution to define a set of injury-outcome-

based occupant protection standards for spaceflight vehicles of the upcoming decades.  

In every crewed vehicle mission, occupants are expected to experience increased 

acceleration exposure during launch and landing events. During launch, launch abort, and 

landing, much of the energy of the spacecraft is dissipated or absorbed by the vehicle 

itself, however the residual kinetic energy and change in momentum causes relative 

acceleration of the occupants with respect to the spacecraft and their seats. These 

accelerative loads could cause blunt trauma and injuries to the crewmembers (Caldwell, 

Gernhardt et al. 2012). Current systems to protect occupants from the effects of dynamic 

transient loads in spaceflight include the use of a seat belt system and a stiff seat 

(Brinkley, Raddin Jr et al. 1981; Godwin 2003). Seat belt systems currently used in 

spaceflight are designed to reduce occupant excursion and distribute loads over the 

surface of the body using a 4- or 5-point harness (Somers, Gohmert et al. 2014). 

Analysis of these occupant protection systems and resulting injury risks can be 

performed using physical experiments with human volunteers and anthropomorphic test 

devices (ATDs) or simulations using finite element (FE) ATD and human body models 
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(HBMs). FE modeling in the field of injury biomechanics has the benefit of cost and 

time-effectiveness over physical testing, especially in the iterative design phase and 

evaluation of the sensitivity to loading conditions (Danelson, Golman et al. 2015; 

Putnam, Somers et al. 2015). Across multiple fields, computational models of blunt 

trauma, including FE models of the human body and ATDs, have been an important tool 

for improving injury and mortality outcomes (Lawrence, Littell et al. 2009; Newby, Somers 

et al. 2013; Vavalle, Moreno et al. 2013; Danelson, Kemper et al. 2015; Guleyupoglu, 

Koya et al. 2018). However, the sensitivity and extensibility of FE ATD and HBM 

responses has not yet been determined across a full spectrum of possible spaceflight 

loading scenarios. 

Three FE occupant models used for computational simulation of frontal automotive 

crashes include (1) the Hybrid III 50th percentile male ATD, (2) the 50th percentile male 

Test device for Human Occupant Restraint (THOR), and (3) the simplified Global Human 

Body Models Consortium (GHBMC) 50th percentile male simplified occupant (M50-OS). 

The Hybrid III and THOR ATDs have also been used by NASA in experimental tests at 

Langley Research Center to assess occupant protection performance in capsule landings 

(Caldwell, Gernhardt et al. 2012). Recently, each of these FE models was validated in 

loading directions relevant to spaceflight (McNamara, Jones et al. 2018; Gaewsky, Jones 

et al. 2019; Jones, Gaewsky et al. 2019). However, few studies have performed direct 

comparisons between these ATDs and human volunteers, post mortem human subjects 

(PMHS) or FE HBMs, especially in spaceflight relevant loading conditions (Danelson, 

Golman et al. 2015; Albert, Beeman et al. 2018).  
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NASA has described a set of injury assessment reference values (IARVs) across 

multiple body regions in accordance with their defined acceptable risks (DAR) of 

approximately 5% probability of Abbreviated Injury Scale (AIS) 1+ injuries in nominal 

landing conditions and 19% probability of AIS 1+ injuries in off-nominal conditions 

(Somers, Granderson et al. 2011; Somers, Gohmert et al. 2014; Somers, Newby et al. 

2014). Of these NASA IARVs, chest deflection was tied for the lowest confidence levels 

in its ability to be used as a threshold value for spaceflight injury (Somers, Newby et al. 

2014). This is likely a result of the large difference in tolerance to chest injury in the 

automotive environment, where the ATDs were designed to perform, and the aerospace 

environment. NASA performed a probit analysis to estimate AIS 1+ injury risks because 

the National Highway Traffic Safety Administration only provides injury risk functions 

for AIS 2+ for the Hybrid III (Bandak, Eppinger et al. 1999; Somers, Newby et al. 2014).  

A related study compared the thoracic response and injury risks of Hybrid III, 

THOR and PMHS in frontal sled tests (Albert, Beeman et al. 2018). This study used 

external chest bands to identify that Hybrid III had a more biofidelic chest depth 

compression response than THOR, especially considering the lower THOR chest 

response. However, this study fails to inform the aerospace community about chest injury 

risks relevant to spaceflight. The occupants in the sled tests were instrumented in an 

automotive environment with a 3-point belt and subjected only to a uni-axial frontal 

acceleration pulse. This study highlights the value of using FE models to learn about the 

thoracic response in loading conditions that would be difficult or expensive to test in 

physical experiments. 
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The current study used a design of experiments to run an array of loading 

conditions on the Hybrid III, THOR, and GHBMC M50-OS FE 50th percentile male 

occupant models. The independent design variables were categorized as “loading condition 

variables” which described the applied pulse, and “environmental variables” which 

described parameters related to the seat, capsule or restraints. This manuscript details the 

biomechanical responses of the chest in matched simulations across an array of loading 

conditions. The goals of this study were twofold. The first goal was to identify the 

extensibility of each occupant model to predict chest injury metrics in spaceflight loading 

conditions. This was accomplished through comparison of matched simulations between 

each pair of occupant models. It was hypothesized that each of the three occupant models 

would have similar chest responses to the same applied loading conditions. The second 

goal was to determine the sensitivity of chest injury metrics in each occupant model in 

response to applied boundary condition variables. It was hypothesized that the chest injury 

metrics would be more sensitive to loading condition variables than to environmental 

variables for each occupant model.  

2. METHODS 

2.1 Finite Element Models 

Three previously validated human surrogate FE models were evaluated in this 

study using matched boundary conditions. All simulations were performed using the LS-

Dyna R7.2.1 solver (Livermore Software Technology Corporation, Livermore, CA) with 

the FE occupant models seated in a generic seat model. Two FE ATDs, the Hybrid III 

(Humanetics v7.1.8, Plymouth, MI), and the THOR were previously validated in the 

frontal (eyeballs out, -X), rear (eyeballs in, +X), lateral (eyeballs left or right, ±Y), and 
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vertical (eyeballs down, +Z) loading directions against experimental data in the seat 

model used for this study (loading direction orientations in Figure 9) (McNamara, Jones 

et al. 2018; Jones, Gaewsky et al. 2019). Both FE ATDs showed strong correlation with 

experimental results across loading directions. The third human surrogate model used in 

this study was the GHBMC M50-OS. In addition to previous validation in the automotive 

environment (Schwartz, Guleyupoglu et al. 2015; Decker, Koya et al. 2017), this model 

was also recently validated against experimental data involving braced volunteer subjects 

at the Air Force Research Laboratory (Dayton, OH) (Schwartz, Guleyupoglu et al. 2015; 

Decker, Koya et al. 2017; Gaewsky, Jones et al. 2019). 

The seat model used for this study was based on the same rigid 90-90-90 degree 

seat configuration model used in the validation of the three occupant models (Figure 9) 

(McNamara, Jones et al. 2018; Gaewsky, Jones et al. 2019; Jones, Gaewsky et al. 2019). 

The seat model included padding on the head rest and side guards for the head and 

shoulder. The seat model also included rigid side plates at the hip and leg. The occupant 

models were belted using a five-point harness (two shoulder belts, two lap belts, one 

negative-G crotch strap). As described in the validation papers, the occupant models were 

gravity settled (Hybrid III: 150 ms, THOR: 250 ms, GHBMC: 350 ms) into the seat 

during the first stage of each simulation (McNamara, Jones et al. 2018; Gaewsky, Jones 

et al. 2019; Jones, Gaewsky et al. 2019).  
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(a) Hybrid III (b) THOR (c) GHBMC 

Figure 9. (a) Frontal view of the Hybrid III model. (b) Oblique view of the seated, belted 

THOR model. (c) Side view of the seated, belted HBM with acceleration pulse directions 

applied to the seat. 

2.2 Design of Experiments 

A Latin hypercube study (LHS) design of experiments (DOE) was performed to 

analyze the sensitivity of the model inputs on calculated injury metrics and risks for each 

occupant model. The LHS is an effective space filling design used in DOE parameter 

studies, in which each parameter has as many levels as there are experiments in the 

design. The levels are spaced evenly from the lower bound to the upper bound of each 

parameter. Two desirable traits for the design points in the DOE were to: (1) have good 

space filling properties without large gaps in the parameter space and (2) have no 

correlation between parameters. A total of 455 experimental samples using 13 

independent variables were generated for each LHS. The 13 independent variables 

(summarized in Table 2) were categorized into seven “loading condition variables”, 

which were defined during the loading phase of the simulation, and six “environmental 

variables”, which were defined during the settling phase. 
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Table 2. Summary of Input Variables and Ranges for the LHS Simulations 

 
LHS Input 

Variables 
Minimum Maximum 

Derived Analysis 

Variables 

Loading 

Condition 

Variables 

X (longitudinal) 

Pulse Shape 
0 1 

(1) X Pulse Rise Time 

(32.5→120 ms) 

Y (lateral) 

Pulse Shape 
0 1 

(2) Y Pulse Rise Time 

(32.5→120 ms) 

Z (vertical) 

Pulse Shape 
0 1 

(3) Z Pulse Rise Time 

(32.5→120 ms) 

(4) X (longitudinal) 

Direction Component 
-1 

(eyeballs out) 
1 

(eyeballs in) 

Peak X-, Y-, Z- 

Component Acceleration 

(G) 

(5) Y (lateral) 

Direction Component 
0 1 

(6) Z (vertical) 

Direction Component 
-1 

(eyeballs up) 
1 

(eyeballs down) 

(7) Resultant 

Pulse Magnitude 
5 G 25 G 

Environmental 

Variables 

(8) Y-axis Model 

Rotation of the 

Capsule 

-45° 45°  

(9) Z-axis Model 

Rotation of the 

Capsule 

0° 20°  

X-offset of Occupant 

Model from Seat 
0 mm 20 mm Settled Hip/H-Point (10) 

X-location, (11) Z-

location and (12) angle 
Z-offset of Occupant 

Model from Seat 
0 mm 20 mm 

(13) Seatbelt Pre-

tension Force 

5 lbf 

(22.2 N) 

35 lbf 

(155 N) 
 

 

The same set of 455 acceleration pulses was applied to each occupant model. 

Each applied acceleration pulse was described by independent X-, Y-, and Z-components 

that were characterized by a shape and relative direction parameter. The pulse shape was 

characterized by rise time to peak acceleration and ranged from 32.5 ms (pulse shape 0) 

to 120 ms (pulse shape 1). Terms describing the direction cosines of the peak acceleration 

components (-1 to 1 in X and Z, 0 to 1 in Y) were used to specify direction of the applied 

pulses. These directions limit the applied pulses to a hemi-sphere of applied acceleration 

pulses. The remaining loading condition parameter was the resultant peak acceleration of 

the combined acceleration components (ranging from 5 to 25 G). The resulting 250 ms 
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applied acceleration pulse conditions are summarized in Figure 10 and were applied 

directly to the rigid seat model. The pulses were subsequently stratified into six principal 

loading directions for analysis. 

  

 
 

 

(a) (b)  
Figure 10. The full range of input pulses were stratified into +Z (eyeballs down) or -Z 

(eyeballs up) and one of three regions (defined by equal 60-degree sectors) on the X-Y 

plane: principally +X (rear impact), principally -X (frontal impact) or principally Y 

(lateral) acceleration. The full range of input pulses and subclassifications are shown from 

(a) the side and (b) above. 

The remaining six LHS variables were related to the occupant environment. To 

model the effects of wind, waves, and descent trajectory on the orientation of the capsule 

and occupants, pitch and roll angles were varied by altering the gravity vector during the 

acceleration phase of the simulations. Rotation about the local Z-axis and Y-axis of the 

seat models were varied from 0-20° and ±45°, respectively (Figure 11a). The positioning 

of the hip and pelvis within the seat is difficult to reproduce in the setup and settling of 

FE occupant models. To quantify the effects of this uncertainty, perturbation variables for 

the pre-settled location of the occupant models were generated by the LHS. In turn, the 

initial location  of the occupant models before the settling phase of each simulation 

determined three quantifiable variables related to the occupant’s hip position and angle: 
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X-position relative to the seat, Z-position relative to the seat, and hip/femur angle (θ in 

Figure 11b). The final environmental variable was the seatbelt tension force, which 

ranged from 22.2-155.7 N (5-35 lbf) per belt. 

  
(a) (b) (c) 
Figure 11. (a and b) Landing orientation with respect to gravity. (c) X- and Z-offsets 

between the seat and settled hip and the hip angle (θ) were measured in the settled state of 

each occupant immediately before the crash pulse began. 

2.3 Virtual Instrumentation 

Virtual instrumentation for Hybrid III and THOR was based on the sensors 

present in the physical ATDs, while thoracic virtual instrumentation of GHBMC M50-OS 

was based on anatomical measurements (Figure 12). The Hybrid III model was designed 

to measure chest deflection through a potentiometer and slider system between the spine 

box and the interior surface of the sternum (highlighted green Figure 12a). As defined by 

the guidelines in the official FE Hybrid III documentation (Humanetics, Plymouth, MI), 

the rotational output of this potentiometer (discrete element ID 1,550,000) was multiplied 

by -139 to calculate chest deflection in mm. The four infra-red telescoping rods for 

assessment of chest compression (IRTRACC) of THOR, located in the upper left (UL), 

upper right (UR), lower left (LL), and lower right (LR) quadrants were modeled as null 

beam elements (green in Figure 12b). X-, Y- and Z-chest displacements were measured at 

nodes 706378, 706373, 706388, and 706383 with respect to local coordinate systems at 
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the posterior end of the UL, UR, LL, and LR IRTRACCs, respectively. Additionally, 

resultant chest deflection in GHBMC was measured between the anterior surface of the 

sternum (node 419707) and the anterior surface the 8th thoracic (T8) vertebral body (node 

403428) (Figure 12c). Internal deflection measurements for each model had a sampling 

frequency of 10,000 Hz. To compare planar chest deflections across occupants in 

matched loading conditions, the internal measurements from GHBMC and Hybrid III 

were compared to the resultant X-Y displacement of the maximum IRTRACC 

displacement. Additionally, a 3 ms clip of peak resultant chest acceleration was measured 

at the chest accelerometer in the spine box in Hybrid III (node 1500002), an added 

constrained interpolation node at the T6 level in THOR, and a constrained interpolation 

node 438830 on T6 in GHMBC. 

  

   
(a) Hybrid III (b) THOR (c) GHBMC 

Figure 12. (a) The Hybrid III middle chest band was aligned with the potentiometer and 

slider instrumentation. (b) The upper chest band of THOR was aligned to circumnavigate 

at the level of the UR and UL IRTRACCs, while the lower chest band was positioned at the 

level of the LR and LL IRTRACCs. (c) GHBMC chest band heights aligned closely with 

Hybrid III and the top band aligned with the T8-sternum measurement.   

Given the differences in internal chest deflection instrumentation across occupant 

models and no instrumentation to assess lateral deflections, additional chest band 

instrumentation was added to each occupant model. Consistent with previous studies that 
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compared PMHS response to physical versions of these ATDs, three chest bands (upper, 

middle, and lower visualized in Figure 12) defined by nodes circumnavigating the chest 

were sampled every 5 ms during each simulation (Albert, Beeman et al. 2018). The upper 

chest band height on each occupant model corresponded with the level of the upper 

IRTRACCs of THOR and approximately the anterior portion of rib 4 in the GHBMC 

where deflection was measured on the sternum. The middle chest band height was 

intended to correspond to the chest deflection sensor height of the Hybrid III and the 

anterior surface of rib 8 in the HBM. The lower chest band height aimed to match the 

lower IRTRACC height in THOR and approximately rib 10 in the GHBMC. Distances 

between the anterior chest bands and the acromion of each model are summarized in 

Table 3. 

Table 3. Relative chest band heights at anterior surface and deflection chords analyzed 
 Hybrid III 

(mm) 

THOR 

(mm) 

GHBMC 

(mm) 

Acromial Height to Upper Band  101 135 109 

Acromial Height to Middle Band  160 192 165 

Acromial Height to Lower Band  220 240 221 

Seat Bottom to Acromial Height  558 609 540 

 

Upon extraction of the 26-33 nodal time histories forming each chest band in each 

simulation, a 1000-point closed spline was resampled along the 3-dimensional curvilinear 

path of the extracted coordinates. Depth and lateral chest deflections were calculated with 

respect to the contours at the end of the settling phase using chord lengths defined by 

pairs of points on each chest band (Figure 13). Starting at the midsagittal anterior point 

on each chest band, the length of the band was defined as 0%. Circumnavigating around 

the path length of the chest band toward the left side of the chest (25%), the midsagittal 

posterior data point was labelled as 50% (see Figure 13). 
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Figure 13. Example upper and lower chest band contours as viewed from above for a single 

GHBMC simulation at T=135 ms. The band length position increases progressing counter-

clockwise from the midsagittal anterior location. Depth and lateral measurement bounds 

are shown in thin black and red dotted lines, respectively. Thick black and red dashed lines 

correspond to maximum depth and lateral deflection chords within the measurement 

bounds, respectively. At the example time point, peak depth deflection was 25.0 mm and 

peak lateral deflection was 5.6 mm. Measurements at the midsagittal (0%-50%), mid-

coronal (25%-75%), UL, UR, LL, and LR chords are depicted with thin solid lines. 

Lateral and depth deflections were measured using chord lengths defined by pairs 

of points along the chest band length. Depth deflection measurements were centered 

around the 0%-50% chord and extended laterally to the 14%-36% chord and 86-64% 

chord (Figure 13). Lateral deflection measurements measured at chord lengths ranging 

from the 18%-82% chord to the 32%-68% chord. Additional notable chord measurements 

are reported for depth chords 40 mm lateral of the 0%-50% chord on the upper band and 
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85 mm lateral of the 0%-50% chord on the lower band of each occupant model, 

approximately corresponding to the IRTRACC locations in THOR. Three metrics were 

calculated for each chord length: (1) peak deflection (mm), (2) peak rate of deflection 

along the chord length (m/s), and (3) viscous criterion (VC), or the product of the 

compression ratio (peak deflection/initial chord length) and the rate of compression (m/s).  

2.4 Data Analysis 

The data analysis was divided into i) an evaluation of the extensibility of the three 

occupant models to quantify chest injury, and ii) an evaluation of the sensitivity of the 

chest response as a function of the independent variables in this study.  

2.4.1 Extensibility Analysis 

The extensibility analysis for this study first identified loading conditions from 

the LHS simulations that indicated an increased risk of chest injury according to existing 

NASA IARVs for AIS 1+ chest injury. The defined acceptable risk (DAR) of AIS 1+ 

chest injury for NASA is 5% in nominal conditions and 19% in off-nominal conditions, 

which corresponded to 24.6 mm and 32.1 mm of chest depth deflection in GHBMC and 

THOR, respectively (Somers, Newby et al. 2014). The off-nominal threshold was 

compared to data from simulations that normally terminated with all three occupant 

models, while the nominal threshold was compared to a subset of the most probable 

landing orientations, including 46 simulations with applied seat accelerations closest to 

the +X,+Z direction, while also having a smaller Y acceleration component than the 

resultant X-Z acceleration. NASA literature has not set IARVs for chest acceleration or 

lateral chest deflection.  
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The second part of the extensibility analysis quantified the differences in injury 

metrics across matched pairs of occupant models under the same loading conditions. 

Reported injury metric values for each occupant model were linearly regressed against 

the remaining two occupant models with the intercept set through the origin. Similarities 

in reported injury metrics between occupant models were summarized by the regression 

slope and R2. These two measures provided an estimate of how similarly two occupant 

models predict the same injury metric. Additionally, linear regressions were applied to 

each of the six loading regimes described in Figure 10 to understand directionally 

dependent similarities and differences between occupant models. 

2.4.2 Sensitivity Analysis 

 The sensitivity of the models was evaluated by fitting a second order polynomial 

regression equation to each injury metric against the 13 independent input variables 

(Table 2). The second order regression function was chosen to allow for interaction terms 

between input variables, while having meaningful coefficients. For regression fitting, 

variables with all-positive ranges were normalized to values between 0 and 1, while 

variables with variables with positive and negative values (Peak X- and Z-Acceleration; 

Y-Axis Seat Rotation) were normalized from -1 to 1. Regression fitting was performed 

with the Python SciKit-Learn module (Pedregosa, Varoquaux et al. 2011). Least Absolute 

Shrinkage and Selection Operator (LASSO) with cross-validation (25-fold) was used to 

identify terms to drop out from the resulting regression equation and prevent overfitting. 

Sobol total effect-indices, which include information about interactions between input 

variables, were used to quantify the relative effect of each input variable (Sobol 2001). 
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The total effect-indices were normalized to sum to 1 and converted to a percent to 

indicate the total influence of each independent variable on each response injury metric. 

3. RESULTS 

3.1 Extensibility Analysis 

3.1.1 Chest Depth Deflections 

Only loading conditions that normally terminated for all three occupant models 

were used for direct cross-comparison between occupants in matched loading conditions. 

427 of 455 total LHS simulation configurations normal terminated across all occupant 

models with 2 Hybrid III, 2 THOR, and 24 GHBMC simulations error terminating. Most 

simulations that did not normally terminate had a -X component of acceleration. For each 

occupant model, simulated loading conditions were identified where the chest depth 

deflection exceeded the off-nominal (32.1 mm) and nominal (24.6 mm) NASA IARVs 

for AIS 1+ chest injury (Table 4). Because the nominal criteria should be considered only 

for the most probable landing conditions, the 46 (approximately 10%) simulations closest 

to the +X,+Z loading direction were compared to the 24.6 mm threshold. GHBMC had 

the most loading conditions exceeding both IARV values as measured using the standard 

instrumentation and each chest band location. Appendix A includes visualizations of each 

applied acceleration pulse that resulted in one or more occupant model exceeding the 

chest depth deflection IARVs. 
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Table 4. Number of Simulations Exceeding AIS≥1 IARV for Chest Depth Deflection (of 427) 

 

Off-Nominal Depth Deflection 
Criteria  (>32.1 mm) 

Nominal Depth Deflection 
Criteria (>24.6 mm) in All 

Simulations 

Nominal Depth Deflection 
Criteria (>24.6 mm) in 46 

Probable Landing Directions 
 Hybrid III THOR GHBMC Hybrid III THOR GHBMC  Hybrid III THOR GHBMC 

Internal Chest 
Deflection 

0 1 (0.2%) 1 (0.2%) 0 2 (0.5%) 28 (6.6%) 0 
1  

(0.2%) 
3 (0.7%) 

Left Upper 1 (0.2%) 0 6 (1.4%) 7 (1.6%) 4 (0.9%) 12 (2.8%) 0 0 10 (2.3%) 

Right Upper 1 (0.2%) 0 25 (5.9%) 2 (0.2%) 0 46 (11%) 0 0 3 (0.7%) 

Middle Center 0 0 5 (1.2%) 0 0 27 (6.3%) 0 0 9 (2.1%) 

Left Lower 1 (0.2%) 0 1 (0.2%) 6 (1.4%) 1 (0.2%) 22 (5.2%) 0 0 8 (1.9%) 

Right Lower 0 0 6 (1.4%) 2 (0.2%) 0 17 (4.0%) 0 0 2 (0.5%) 

Upper Max 10 (2.3%) 1 (0.2%) 76 (18%) 33 (7.7%) 8 (1.9%) 138 (32%) 0 0 17 (4.0%) 

Middle Max 2 (0.5%) 1 (0.2%) 26 (6.1%) 13 (3.0%) 4 (0.9%) 78 (18%) 0 0 15 (3.5%) 

Lower Max 3 (0.7%) 0 24 (5.6%) 16 (3.7%) 3 (0.7%) 78 (18%) 0 0 15 (3.5%) 

 

Cross-comparisons between the three occupant models for chest depth deflection 

measured using the standard instrumentation of the FE models, and the middle chest band 

are shown in Figure 14a and b. A numerical summary of cross-comparisons between 

occupant models for all reported chest injury metrics are summarized in Appendix B. 

Using both measurement methods, chest depth deflections were greater for GHBMC than 

Hybrid III across most loading directions, with the exception of the +Z/-X loading 

direction (frontal simulations with eyeballs down component). Instrumented internal 

THOR chest depth deflections tended to be higher than instrumented internal Hybrid III 

chest depth deflections in the +X (rear) and Y (lateral) directions, but lower in the -X 

(frontal) direction. Regressions indicated GHBMC depth deflections were approximately 

1.36-4.35 times the THOR depth deflection for matched input conditions, depending on 

the loading direction. 
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(a) Instrumented Internal Chest Depth 

Deflections 

(b) Middle Chest Band Depth Deflection 

Max Chord 

  
 

(c) Middle Chest Band Lateral Deflection 

Max Chord 

(d) Resultant Chest Acceleration 

Figure 14. Linear regressions between occupant models and correlations (R2) split by 

loading direction for (a) chest depth deflection using the standard instrumentation of each 

occupant model (only upper IRTRACCs for THOR), (b, c) maximum chest depth and 

lateral deflection on the middle chest band and (d) resultant chest acceleration. Nominal 

and off-nominal chest depth deflection IARVs are shaded in gray in (a) and (b). 

3.1.2 Lateral Chest Deflections 

Simulations involving Hybrid III had much lower lateral chest deflections than 

THOR or GHBMC (Figure 14c). The 95th percentile of the normally terminated 
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simulations reported maximum lateral chest deflection on the middle chest band of 17.1 

mm for Hybrid III, 52.4 cm for THOR, and 62.6 mm for GHBMC (Figure 15). At each 

chest band level, GHBMC lateral chest deflections were closely correlated to Hybrid III 

deflections, but approximately three to five times (R2=0.37 to 0.79) the magnitude 

depending on loading direction. Lateral chest band deflections were more similar 

between GHBMC and THOR than GHBMC and Hybrid III. Across the six loading 

regimes for the GHBMC-THOR comparison, R2 ranged from 0.65-0.84 and the slope of 

the regression lines ranged from 0.57 to 0.79, indicating that GHBMC estimated lateral 

chest deflections to be 26-75% greater than in THOR, depending on the input seat 

acceleration direction. 

 
Figure 15. Cumulative distribution functions describing the range of injury metrics across 

all completed simulations for each occupant model. Vertical lines represent IARV cutoff 

values. 

 

3.1.3 Chest Accelerations 

The 95th percentile of normally terminated simulations had peak resultant chest 

accelerations of 41 G for Hybrid III, 65 G for THOR, and 46 G for GHBMC (Figure 15). 

GHBMC and Hybrid III chest accelerations were highly correlated across the six loading 

regimes (R2=0.58 to 0.92) with only the +Z/-X (frontal and eyeballs down) loading direction 

estimating >20% difference in chest acceleration (Figure 14d). Matched THOR chest 

accelerations were approximately 20% greater than GHBMC and 38% greater than Hybrid III. 
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3.2 Sensitivity Analysis 

The input loading condition sensitivity values are summarized for selected 

representative chest injury metrics in Table 5. The loading condition variables accounted 

for 76.3-90.9% (mean=85.0%) of the metric responses across the 13 metrics reported in 

Table 5. The depth deflection instrumentation included in each occupant model resulted 

in varying principal sensitivities. Regression of the max deflection of any of the four 

THOR IRTRACCs indicated 40.4% sensitivity to the peak resultant seat acceleration, 

with the loading direction components ranging from 11.6-13.8%. The maximum 

deflection of the upper IRTRACCs was still most sensitive to peak seat acceleration 

(35.4%), but it was much more sensitive to loading in the Z direction (29.1%). On the 

other hand, chest deflection measured by the potentiometer and slider device in Hybrid 

III and the sternum to T6 measure in GHBMC were most sensitive to the loading 

direction and secondarily the peak seat acceleration. 

Chest depth deflection as measured at the middle chest band was sensitive to 

similar input variables as the standard instrumentation. Key differences included an 

increased sensitivity to the Z acceleration component in the THOR chest band measure 

and an increased sensitivity to the resultant seat acceleration in the GHBMC chest band 

measure. Notably, of the selected metrics, the only environmental variables that had >5% 

sensitivity were the influence of the H-point X location and hip angle on the middle 

GHBMC chest band depth deflection. 
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Table 5. Sensitivity to input conditions of representative chest metrics.  Higher sensitivity 

values are shaded darker. 
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    (Loading Condition Variables) (Environmental Variables) 

Chest Deflection Slider Hybrid III 2.3 2.5 2.1 16.1 38.8 11.2 14.9 1.5 4.1 2.0 2.5 2.1 0.0 

Chest Deflection Max IRTRACCs THOR 2.9 1.7 2.1 13.8 11.6 12.4 40.4 3.0 2.9 2.6 1.7 2.2 2.7 

Chest Deflection Max Upper IRTRACCs THOR 3.3 2.8 2.6 6.2 6.7 29.1 35.4 1.4 2.1 3.1 2.4 2.5 2.3 

Sternum - T6 GHBMC 3.7 2.3 2.8 21.7 14.2 24.9 15.0 2.3 2.6 2.8 2.6 2.4 2.8 

Middle Band Depth 
Deflection Max Chord 

Hybrid III 2.5 2.2 1.9 22.7 23.3 12.7 20.2 1.6 3.8 2.1 2.6 2.0 2.5 

THOR 2.0 2.8 4.2 5.0 8.0 45.7 23.4 1.7 1.6 3.5 2.4 0.0 0.0 

GHBMC 0.0 1.5 1.8 20.7 7.0 11.4 33.9 2.5 6.4 1.8 9.2 1.6 2.3 

Middle Band Lateral 
Deflection Max Chord 

Hybrid III 2.6 13.0 2.0 8.8 33.5 4.4 21.2 2.7 1.9 2.4 1.6 2.3 3.5 

THOR 2.7 8.3 2.4 6.1 42.2 3.4 22.3 2.5 2.5 2.5 1.8 0.0 3.4 

GHBMC 2.9 7.8 3.4 8.8 39.3 4.9 16.6 2.0 3.3 1.8 3.3 2.3 3.6 

Chest Acceleration 

Hybrid III 1.7 2.8 8.0 4.8 3.6 8.0 56.1 2.2 2.7 1.7 2.9 2.8 2.7 

THOR 1.8 6.7 2.4 7.9 9.5 5.6 50.7 2.2 3.5 2.7 1.8 2.3 2.8 

GHBMC 1.4 1.7 2.3 12.1 2.7 4.2 58.7 3.0 3.1 2.7 2.7 2.7 3.0 

 

The lateral chest deflections measured in each occupant model at the middle chest 

band were most sensitive to the Y acceleration component magnitude. The second and 

third most sensitive parameters for the lateral chest deflections were peak resultant seat 

acceleration and the time-to-peak parameter for the Y component of the acceleration 

pulse, respectively.  

For each of the three occupant models, more than 50% of the resultant chest 

acceleration metric was attributable to the peak acceleration applied to the seat. The 

second most influential variable on chest acceleration was related to the applied loading 

direction for each occupant, but each model was secondarily sensitive to a different 
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loading direction. Additional sensitivity values for maximum depth and lateral 

deflections and VC for the three chest band levels are presented in Appendix C. 

4. DISCUSSION 

The majority of simulations that resulted in chest depth deflections exceeding the 

32.1 mm off-nominal IARV were in the -X,-Z (frontal, eyeballs up) or +X,+Z (rear, 

eyeballs down) loading directions with an increased Y acceleration component as well. It 

was less common for -X,+Z (frontal, eyeballs down) or +X,-Z (rear, eyeballs up) 

simulations to exceed the IARV. The +X,+Z combination may result in extra chest 

compression when the occupants (especially the more compliant GHBMC) are loaded 

against both the seat bottom and seat back. On the other hand, the -X,-Z loading direction 

will have the greatest combined seat belt loading. At each chest band level, at least 15 of 

the 46 probable nominal loading conditions resulted in GHBMC exceeding the 24.6 mm 

nominal IARV, but neither of the ATDs had any simulations exceeding the IARV. While 

the NASA report establishing THOR IARVs assumed that the THOR chest deflections 

were biofidelic compared to PMHS, there is a notable difference between the chest depth 

stiffnesses of the FE THOR and the GHBMC M50-OS (Somers, Newby et al. 2014). 

While a lateral chest deflection IARV has not been defined by NASA, it was 

notable that the lateral chest band deflection metrics were more highly correlated between 

occupant models than the chest depth deflection metrics (Appendix B). Despite the strong 

correlations, there were large differences in the overall deflection of the matched 

simulation pairs. Hybrid III was very stiff in lateral deflection metrics, rarely exceeding 

20 mm of compression, while THOR and GHBMC were more compliant. There is also 

currently no acceleration-based IARV defined for spaceflight. Because acceleration 
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exposure in spaceflight landings is multidirectional and the human body can tolerate 

greater accelerations in the +X (rear) direction than the -X (frontal) direction, it would be 

difficult to use a single chest acceleration value to quantify injury risk across the loading 

directions (Mertz and Gadd 1971). Across the loading directions >95% of GHBMC and 

Hybrid III simulations had chest accelerations less than 50 G, while the 95th percentile of 

THOR simulations had resultant chest acceleration of 65 G. 

The seven loading condition variables accounted for approximately 85% of the 

chest injury metric sensitivity effects. The low sensitivity of most chest injury metrics to 

the environmental variables indicate that factors like belt tension force and the hip 

orientation with respect to the seat do not play a large role in the resulting injury metrics. 

With this knowledge about variables that have a minimal role in model outcomes, future 

studies may be able to remove some variables from computational design of experiments 

studies and reduce the overall number of simulations and computational costs required to 

generate new insights about spaceflight safety.  

Chest depth deflection in each of the three occupant models was sensitive to 

different loading condition variables. For THOR 46% of the sensitivity was attributed to 

the Z-direction acceleration component and 23% to the acceleration magnitude, while 

Hybrid III had 23% sensitivity for X- and Y-direction components and 20% sensitivity to 

the acceleration magnitude. Meanwhile, the more compliant chest of GHBMC had 34% 

sensitivity to the acceleration magnitude and 21% sensitivity to the X-direction 

component. This important finding indicated that the differences in the chest models have 

notable effects on the mechanical responses that would be difficult to characterize with a 

direct “transfer function” between occupant models. On the other hand, lateral chest 
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deflection in each of the three occupant models were most sensitive to the same five input 

conditions in the following order: (1) Y-direction component, (2) acceleration magnitude, 

(3) Y rise time to peak acceleration, (4) X-direction component, and (5) Z-direction 

component. The sensitivity trends for lateral chest deflection are related to the high 

correlation between occupant models in the extensibility analysis. The coupled nature of 

the occupant models to the seat model accounts for the high sensitivity (>50% for each 

occupant) of resultant chest acceleration to applied seat acceleration. A 5-point harness 

restrained occupant motion in the frontal direction, while the seat back and side guards 

restrained rear and lateral motion.  

One limitation of this study was the use of the simplified rigid seat and a generic 

restraint system. The advantage of the simplified seat model was that it was used in the 

validation of the three occupant models. However, the disadvantage is that it does not 

contour and support the occupants in the same fashion that the Soyuz or modern 

Commercial Crew Program vehicle seats would. The occupant models were also not 

evaluated with helmets or suits, which may affect the dynamic response and distributed 

loads of the head, neck and chest in landing scenarios.  

Despite these limitations, the dataset developed for this study is the largest design 

of experiments to evaluate FE occupant model responses in spaceflight-like loading 

conditions to date. This study provided an extensive comparison of thoracic injury 

metrics in the depth and lateral dimensions for two ATD models and a HBM. 

Additionally, the sensitivity of each occupant model to 13 independent variables was 

quantified in a novel fashion to identify the loading condition parameters that had the 

greatest influence on injury outcomes.  
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5. CONCLUSION 

A Latin hypercube design of experiments assessed the effects and sensitivity of 13 

independent variables relevant to spaceflight landing scenarios on several chest injury 

metrics. 427 matched simulations for each of three 50th percentile male occupant FE 

models (THOR, Hybrid III and GHBMC M50-OS) normally terminated and chest injury 

metrics were compared using linear regressions to correlate each pair of occupant models 

for each injury metric. The injury metrics included chest depth deflection measured using 

existing internal instrumentation for each occupant model, chest bands added to each 

occupant, and chest accelerations. GHBMC chest depth deflections were greater than the 

chest depth deflections measured in the ATD models across the applied loading 

directions. Depending on applied loading direction, GHBMC lateral chest deflections 

were 300-500% greater in the Hybrid III, but only 25-75% greater than in THOR. The 

sensitivity analysis indicated that across the chest injury metrics, an average of 85.0% of 

the sensitivity was attributable to the loading condition variables. Depth deflection 

measures were most sensitive to the X-acceleration (frontal/rear loading) direction 

component and resultant applied seat acceleration magnitude, followed by the Z-direction 

(vertical) component in each of the occupant models. Lateral deflection metrics were 

most sensitive to the Y-acceleration (lateral) direction component, resultant seat 

acceleration magnitude and Y-acceleration time-to-peak acceleration. This sensitivity 

analysis provided insight into the most influential FE simulation parameters on the chest 

response and will inform future occupant modeling projects for in the design of 

spaceflight vehicle seats, including the Commercial Crew Program. 
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Appendix A – Simulations with chest band depth deflection measurements exceeding 

NASA IARV for AIS 1+ Chest Injury 
 

32.1 mm Off-Nominal Depth Chest Deflection IARV (All Complete Simulations, n=427) 

 
Figure A1: Depth Deflection at the internal instrumented locations in each occupant model 

where simulations exceeded Off-Nominal AIS 1+ Chest Deflection IARV (all completed 

simulations). 

 
Figure A2: Depth Deflection at comparable location to THOR Left Upper IRTRACC where simulations exceeded Off-

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A3: Depth Deflection at comparable location to THOR Right Upper IRTRACC where simulations exceeded 

Off-Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 
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Figure A4: Depth Deflection at comparable location to Hybrid III deflection sensor at middle of 

chest where simulations exceeded Off-Nominal AIS 1+ Chest Deflection IARV (all completed 

simulations). 

 
Figure A5: Depth Deflection at comparable location to THOR Left Lower IRTRACC where simulations exceeded 

Off-Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A6: Depth Deflection at comparable location to THOR Right Lower IRTRACC where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations).  
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Figure A7: Maximum Depth Deflection on Upper Chest band where simulations exceeded Off-

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A8: Maximum Depth Deflection on Middle Chest band where simulations exceeded Off-

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A9: Maximum Depth Deflection on Lower Chest band where simulations exceeded Off-

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 
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24.6 mm Nominal Depth Chest Deflection IARV (All Complete Simulations, n=427) 

 

 
Figure A10: Depth Deflection at the internal instrumented locations in each occupant model 

where simulations exceeded Nominal AIS 1+ Chest Deflection IARV (all completed 

simulations). 

 
Figure A11: Depth Deflection at comparable location to THOR Left Upper IRTRACC where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A12: Depth Deflection at comparable location to THOR Right Upper IRTRACC where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 
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Figure A13: Depth Deflection at comparable location to Hybrid III deflection sensor at middle of 

chest where simulations exceeded Nominal AIS 1+ Chest Deflection IARV (all completed 

simulations). 

 
Figure A14: Depth Deflection at comparable location to THOR Left Lower IRTRACC where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A15: Depth Deflection at comparable location to THOR Right Lower IRTRACC where 

simulations exceeded Nominal AIS 1+ Chest Deflection IARV (all completed simulations).  
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Figure A16: Maximum Depth Deflection on Upper Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A17: Maximum Depth Deflection on Middle Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 

 
Figure A18: Maximum Depth Deflection on Lower Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (all completed simulations). 
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24.6 mm Nominal Depth Chest Deflect (Selection of Probable Loading Orientations, n=46) 

 
Figure A19: Depth Deflection at the internal instrumented locations in each occupant model 

where simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most probable 

loading directions). 

 
Figure A20: Depth Deflection at comparable location to THOR Left Upper IRTRACC where 

simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most probable 

loading directions). 

 
Figure A21: Depth Deflection at comparable location to THOR Right Upper IRTRACC where 

simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most probable 

loading directions). 
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Figure A22: Depth Deflection at comparable location to Hybrid III deflection sensor at middle of 

chest where simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most 

probable loading directions). 

 
Figure A23: Depth Deflection at comparable location to THOR Left Lower IRTRACC where 

simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most probable 

loading directions). 

 
Figure A24: Depth Deflection at comparable location to THOR Right Lower IRTRACC where 

simulations exceeded Nominal AIS 1+ Chest Deflection IARV (selection of most probable 

loading directions). 
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Figure A25: Maximum Depth Deflection on Upper Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (selection of most probable loading directions). 

 

 
Figure A26: Maximum Depth Deflection on Middle Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (selection of most probable loading directions). 

 

 
Figure A27: Maximum Depth Deflection on Lower Chest band where simulations exceeded 

Nominal AIS 1+ Chest Deflection IARV (selection of most probable loading directions). 
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Appendix B - Cross Comparison between Occupant Models for Matched Loading 

Conditions 

 

The following color code has been applied to Appendix B tables to highlight high R2 

values for injury metrics that closely matched between pairs of occupant models. 

R2: 
 

Slope: 
 

Table B1. Chest Acceleration and Instrumented Internal Chest Deflection Comparisons 
   GHBMC-Hybrid III THOR-GHBMC THOR-Hybrid III 

    R² Slope R² Slope R² Slope 

Chest Deflection 
Standard Internal 
Instrumentation 

All Sims 0.29 0.49 0.20 0.49 -0.12 0.75 
+Z/+X 0.40 0.19 0.37 0.34 0.70 0.50 
+Z/-X 0.39 0.61 -1.81 0.59 -0.23 0.64 
+Z/Y -0.09 0.29 -0.48 0.46 0.15 0.22 
-Z/+X -1.32 0.47 0.44 0.73 0.10 0.58 
-Z/-X 0.54 0.50 0.61 0.46 0.21 0.94 
-Z/Y 0.55 0.30 0.20 0.49 -0.08 0.61 

Chest Deflection 
Standard Internal 
Instrumentation  
(vs Upper THOR 

IRTRACCs) 

All Sims 

Only Applicable 
to THOR 

0.20 0.44 -0.25 1.00 
+Z/+X 0.53 0.30 0.65 0.58 
+Z/-X 0.72 0.42 0.55 0.35 
+Z/Y 0.23 0.23 -0.04 0.84 
-Z/+X 0.44 0.73 0.10 0.58 
-Z/-X 0.51 0.40 0.10 0.79 
-Z/Y 0.21 0.48 -0.08 0.63 

Chest Deflection 
Standard Internal 
Instrumentation  
(vs Lower THOR 

IRTRACCs) 

All Sims 

Only Applicable 
to THOR 

0.38 0.24 0.35 0.83 
+Z/+X -0.14 0.14 0.08 0.85 
+Z/-X -1.81 0.59 -0.23 0.65 
+Z/Y -0.44 0.31 0.17 0.24 
-Z/+X 0.25 0.11 0.53 0.33 
-Z/-X 0.56 0.37 0.40 0.77 
-Z/Y 0.43 0.19 0.38 0.69 

Chest Acceleration 

All Sims 0.78 0.88 0.68 0.83 0.54 0.72 
+Z/+X 0.79 0.95 0.54 0.78 0.46 0.74 
+Z/-X 0.83 0.71 0.46 0.95 0.55 0.73 
+Z/Y 0.76 0.88 0.78 0.74 0.78 0.64 
-Z/+X 0.92 0.99 0.67 0.94 0.53 0.96 
-Z/-X 0.58 0.87 0.45 0.81 0.41 0.69 
-Z/Y 0.80 0.83 0.68 0.80 0.57 0.66 
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Table B2. Chest Band Comparisons between Occupant Models 
   GHBMC-Hybrid III THOR-GHBMC THOR-Hybrid III 

    R² Slope R² Slope R² Slope 

Upper Band 
Depth Deflection 

Left Chord 

All Sims 0.28 0.87 0.47 0.41 0.15 0.58 

+Z/+X 0.79 0.33 0.50 0.20 0.55 0.62 

+Z/-X 0.13 0.13 -0.06 0.32 0.10 0.17 

+Z/Y -0.02 0.71 0.41 0.12 -0.22 0.20 

-Z/+X -0.33 0.69 0.12 0.70 0.59 0.75 

-Z/-X 0.49 0.96 0.54 0.51 0.17 0.48 

-Z/Y 0.37 0.66 0.72 0.70 0.41 0.88 

Upper Band 
Depth Deflection 

Right Chord 

All Sims 0.14 0.44 0.61 0.22 -0.02 0.48 

+Z/+X 0.77 0.30 0.48 0.19 0.49 0.65 

+Z/-X 0.40 0.78 -0.50 0.01 -0.36 0.04 

+Z/Y 0.36 0.44 -0.02 0.10 -0.28 0.25 

-Z/+X -0.50 0.42 0.41 0.56 0.21 0.67 

-Z/-X 0.37 0.48 0.26 0.13 0.06 0.25 

-Z/Y 0.36 0.27 0.79 0.34 0.31 0.83 

Upper Band 
Depth Deflection 

Max Chord 

All Sims -0.56 0.62 0.39 0.34 0.14 0.61 

+Z/+X 0.47 0.29 0.49 0.19 0.52 0.69 

+Z/-X 0.25 0.82 0.13 0.19 0.19 0.21 

+Z/Y -0.53 0.70 0.27 0.19 -0.59 0.33 

-Z/+X -2.27 0.57 0.33 0.53 0.62 0.87 

-Z/-X 0.30 0.61 0.32 0.34 0.32 0.58 

-Z/Y -0.32 0.47 0.49 0.44 0.48 0.96 

Upper Band 
Depth Velocity 

Max Chord 

All Sims -0.22 0.51 0.40 0.41 0.16 0.87 

+Z/+X 0.85 0.46 0.14 0.39 0.11 0.86 

+Z/-X -0.08 0.49 0.36 0.30 0.14 0.64 

+Z/Y 0.26 0.52 0.28 0.54 0.10 0.92 

-Z/+X 0.12 0.55 0.51 0.52 0.70 0.93 

-Z/-X -0.17 0.54 0.20 0.39 0.39 0.78 

-Z/Y 0.13 0.38 0.44 0.47 0.52 0.74 

Upper Band 
Depth VC Max 

Chord 

All Sims 0.13 0.31 0.33 0.27 -0.28 0.96 

+Z/+X 0.83 0.11 -0.08 0.10 0.17 0.96 

+Z/-X -0.61 0.20 0.48 0.19 -0.47 0.88 

+Z/Y 0.31 0.14 0.49 0.38 0.15 0.35 

-Z/+X -0.45 0.54 0.47 0.37 0.75 0.88 

-Z/-X -0.04 0.36 0.19 0.26 -0.20 0.75 

-Z/Y 0.39 0.20 0.59 0.45 0.09 0.46 

Upper Band 
Lateral Deflection 

Max Chord 

All Sims 0.36 0.24 0.60 0.57 0.15 0.43 

+Z/+X 0.49 0.35 0.69 0.44 0.48 0.80 

+Z/-X 0.69 0.19 0.80 0.57 0.62 0.33 

+Z/Y 0.56 0.21 0.69 0.55 0.40 0.38 

-Z/+X 0.67 0.26 0.69 0.39 0.47 0.70 

-Z/-X 0.61 0.26 0.72 0.73 0.59 0.34 

-Z/Y 0.52 0.20 0.67 0.65 0.50 0.30 
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   GHBMC-Hybrid III THOR-GHBMC THOR-Hybrid III 

    R² Slope R² Slope R² Slope 

Upper Band 
Lateral Velocity 

Max Chord 

All Sims 0.68 0.29 0.73 0.67 0.53 0.44 

+Z/+X 0.49 0.27 0.58 0.42 0.66 0.61 

+Z/-X 0.22 0.31 0.68 0.72 0.36 0.42 

+Z/Y 0.62 0.25 0.70 0.70 0.63 0.36 

-Z/+X 0.81 0.31 0.71 0.49 0.68 0.62 

-Z/-X 0.36 0.34 0.72 0.80 0.38 0.43 

-Z/Y 0.69 0.28 0.82 0.79 0.64 0.36 

Upper Band 
Lateral VC Max 

Chord 

All Sims 0.05 0.12 0.84 0.59 0.07 0.22 

+Z/+X 0.62 0.13 0.70 0.33 0.73 0.36 

+Z/-X -0.66 0.15 0.73 0.60 -0.29 0.34 

+Z/Y 0.53 0.06 0.82 0.58 0.41 0.11 

-Z/+X 0.83 0.10 0.82 0.38 0.65 0.29 

-Z/-X -0.37 0.20 0.67 0.73 -0.25 0.34 

-Z/Y 0.50 0.06 0.84 0.62 0.59 0.09 

Middle Band 
Depth Deflection 

Max Chord 

All Sims 0.07 0.60 0.03 0.29 -0.03 0.59 
+Z/+X 0.58 0.34 0.32 0.17 0.20 0.52 

+Z/-X 0.06 0.58 -0.03 0.08 0.27 0.18 

+Z/Y 0.22 0.44 -0.42 0.30 -0.95 0.70 

-Z/+X -1.00 0.68 0.06 0.55 0.69 0.89 

-Z/-X 0.30 0.72 0.28 0.34 0.42 0.52 

-Z/Y 0.08 0.56 0.39 0.53 0.30 0.95 

Middle Band 
Depth Velocity 

Max Chord 

All Sims -0.06 0.57 0.58 0.46 0.22 0.91 

+Z/+X 0.83 0.49 0.24 0.37 0.15 0.76 

+Z/-X -0.64 0.49 0.08 0.31 -0.31 0.70 

+Z/Y 0.24 0.56 0.37 0.61 0.40 0.84 

-Z/+X 0.12 0.66 0.30 0.52 0.73 0.95 

-Z/-X -0.22 0.63 0.32 0.51 0.35 0.87 

-Z/Y 0.31 0.39 0.59 0.50 0.47 0.74 

Middle Band 
Depth VC Max 

Chord 

All Sims 0.50 0.31 0.14 0.27 -0.07 0.81 

+Z/+X 0.80 0.14 -0.07 0.16 -0.13 0.88 

+Z/-X -0.12 0.09 0.10 0.13 -0.23 0.67 

+Z/Y 0.42 0.15 0.41 0.46 0.41 0.28 

-Z/+X -0.39 0.75 0.29 0.51 0.83 0.75 

-Z/-X -0.35 0.47 0.40 0.37 -0.13 0.79 

-Z/Y 0.61 0.23 0.57 0.54 0.23 0.42 

Middle Band 
Lateral Deflection 

Max Chord 

All Sims 0.72 0.28 0.75 0.73 0.85 0.36 

+Z/+X 0.37 0.28 0.69 0.71 0.59 0.38 

+Z/-X 0.79 0.28 0.79 0.77 0.83 0.35 

+Z/Y 0.65 0.25 0.73 0.76 0.89 0.31 

-Z/+X 0.76 0.25 0.84 0.57 0.70 0.43 

-Z/-X 0.55 0.39 0.65 0.77 0.88 0.43 

-Z/Y 0.73 0.27 0.76 0.79 0.88 0.32 

Middle Band 
Lateral VC Max 

Chord 

All Sims 0.67 0.10 0.86 0.94 0.77 0.10 

+Z/+X 0.43 0.08 0.31 0.45 0.62 0.12 

+Z/-X 0.32 0.10 0.55 0.94 0.30 0.11 

+Z/Y 0.71 0.08 0.79 0.97 0.88 0.07 

-Z/+X 0.70 0.08 0.86 0.73 0.60 0.12 

-Z/-X 0.44 0.18 0.55 0.92 0.39 0.16 

-Z/Y 0.77 0.08 0.87 0.98 0.91 0.07 
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   GHBMC-Hybrid III THOR-GHBMC THOR-Hybrid III 

    R² Slope R² Slope R² Slope 

Middle Band 
Lateral Velocity 

Max Chord 

All Sims 0.73 0.36 0.68 0.77 0.67 0.43 

+Z/+X -0.27 0.26 0.52 0.42 0.66 0.55 

+Z/-X 0.21 0.32 0.51 0.81 0.64 0.35 

+Z/Y 0.33 0.29 0.55 0.81 0.75 0.32 

-Z/+X 0.77 0.37 0.74 0.64 0.65 0.58 

-Z/-X 0.45 0.50 0.60 0.95 0.58 0.49 

-Z/Y 0.75 0.38 0.80 0.99 0.70 0.38 

Lower Band 
Depth Deflection 

Left Chord 

All Sims -0.36 0.69 -0.30 0.33 0.01 0.53 

+Z/+X -1.01 0.12 0.15 0.19 -0.44 0.60 

+Z/-X -0.22 0.76 0.00 0.19 -0.25 0.31 

+Z/Y -0.62 0.29 -0.59 0.40 -1.13 0.52 

-Z/+X -1.42 0.71 -0.67 0.55 0.37 0.75 

-Z/-X 0.12 0.30 -0.02 0.56 0.36 0.32 

-Z/Y -0.35 0.78 0.38 0.88 0.39 1.00 

Lower Band 
Depth Deflection 

Right Chord 

All Sims 0.06 0.93 0.02 0.11 0.46 0.33 

+Z/+X -0.79 0.10 0.43 0.03 0.23 0.38 

+Z/-X -0.04 0.63 0.20 0.06 -0.01 0.11 

+Z/Y -0.24 0.39 0.42 0.03 -0.09 0.12 

-Z/+X -1.97 0.76 -0.06 0.19 0.74 0.76 

-Z/-X 0.22 0.75 -0.23 0.19 0.30 0.29 

-Z/Y 0.07 0.89 0.19 0.29 0.50 0.42 

Lower Band 
Depth Deflection 

Max Chord 

All Sims 0.23 0.69 0.00 0.30 0.27 0.58 

+Z/+X 0.34 0.35 0.31 0.19 -0.42 0.52 

+Z/-X -0.17 0.45 0.17 0.14 -0.05 0.36 

+Z/Y 0.02 0.46 -0.42 0.31 -0.78 0.74 

-Z/+X -1.26 0.67 -0.51 0.50 0.68 0.82 

-Z/-X 0.46 0.99 0.33 0.40 0.54 0.46 

-Z/Y 0.25 0.76 0.46 0.59 0.49 0.88 

Lower Band 
Depth Velocity 

Max Chord 

All Sims 0.24 0.56 0.48 0.51 0.65 0.98 

+Z/+X 0.65 0.50 0.36 0.39 0.13 0.77 

+Z/-X -0.46 0.36 0.07 0.37 0.39 0.84 

+Z/Y 0.42 0.54 0.38 0.68 0.56 0.73 

-Z/+X 0.40 0.65 0.29 0.62 0.65 0.92 

-Z/-X 0.05 0.66 0.43 0.59 0.41 0.94 

-Z/Y 0.45 0.45 0.49 0.48 0.70 0.85 

Lower Band 
Depth VC Max 

Chord 

All Sims 0.54 0.27 0.29 0.28 0.32 0.70 

+Z/+X 0.55 0.17 0.28 0.35 0.42 0.41 

+Z/-X 0.10 0.08 0.42 0.16 0.28 0.42 

+Z/Y 0.67 0.12 0.59 0.41 0.54 0.27 

-Z/+X 0.47 0.37 0.50 0.66 0.73 0.45 

-Z/-X -0.27 0.46 0.49 0.29 0.11 0.81 

-Z/Y 0.55 0.24 0.50 0.42 0.48 0.50 

Lower Band 
Lateral Deflection 

Max Chord 

All Sims 0.56 0.49 0.54 0.90 0.80 0.39 
+Z/+X 0.46 0.61 0.72 0.76 0.66 0.40 
+Z/-X 0.56 0.33 0.70 0.78 0.57 0.42 
+Z/Y 0.77 0.39 0.88 0.89 0.90 0.34 
-Z/+X 0.52 0.50 0.86 0.96 0.60 0.44 
-Z/-X 0.31 0.67 0.48 0.91 0.75 0.49 
-Z/Y 0.58 0.53 0.63 0.72 0.85 0.34 
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   GHBMC-Hybrid III THOR-GHBMC THOR-Hybrid III 

    R² Slope R² Slope R² Slope 

Lower Band 
Lateral Velocity 

Max Chord 

All Sims 0.44 0.52 0.42 1.00 0.50 0.46 

+Z/+X 0.70 0.37 0.63 0.58 0.69 0.61 

+Z/-X 0.21 0.58 0.54 0.83 0.61 0.43 

+Z/Y 0.66 0.39 0.57 0.97 0.79 0.35 

-Z/+X 0.66 0.44 0.81 0.79 0.58 0.57 

-Z/-X 0.12 0.88 0.29 0.81 0.35 0.63 

-Z/Y 0.45 0.54 0.58 0.72 0.63 0.35 

Lower Band 
Lateral VC Max 

Chord 

All Sims 0.37 0.22 0.39 0.71 0.55 0.12 

+Z/+X 0.17 0.11 0.08 0.43 0.67 0.13 

+Z/-X 0.51 0.17 0.63 0.69 0.47 0.11 

+Z/Y 0.70 0.16 0.71 0.57 0.82 0.08 

-Z/+X 0.32 0.17 0.81 0.92 0.40 0.15 

-Z/-X 0.24 0.45 0.19 0.61 0.22 0.23 

-Z/Y 0.40 0.19 0.46 0.52 0.83 0.07 
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Appendix C – Chest Metric Sensitivities 
 

 

Table C1. Sensitivity Values for Chest Injury Metrics. Darker Shades indicate increased sensitivity. 
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    (Loading Condition Variables) (Environment Variables)   

Upper Band Depth 
Deflection Max 

Chord 

Hybrid III 2.3 2.2 1.8 38.6 18.5 9.1 12.1 2.3 3.7 1.9 2.6 2.4 2.6   
THOR 1.9 2.4 3.2 2.8 8.3 42.7 28.7 1.5 0.0 3.1 2.3 3.1 0.0   

GHBMC 3.1 2.1 2.1 21.7 4.3 35.5 16.3 1.6 2.5 2.9 3.1 2.5 2.5   

Upper Band Depth 
VC Max Chord 

Hybrid III 2.6 2.2 2.7 31.1 15.5 10.2 19.9 2.5 3.5 1.7 3.0 2.8 2.4   
THOR 1.8 3.2 2.6 25.4 8.4 4.2 40.4 2.9 2.8 2.3 2.6 0.0 3.4   

GHBMC 1.4 2.0 1.8 35.2 2.8 3.1 35.2 2.3 3.5 3.3 4.2 2.2 2.9   
Upper Band Lateral 

Deflection Max 
Chord 

Hybrid III 3.3 9.6 2.8 11.6 27.7 5.7 21.3 1.8 3.9 3.5 3.9 2.1 2.9   
THOR 2.0 3.8 2.3 14.1 40.6 3.4 18.0 2.5 2.3 2.2 2.4 2.8 3.7   

GHBMC 3.0 5.1 3.1 9.0 44.9 4.7 14.1 2.2 2.9 2.1 2.8 2.4 3.7   

Upper Band Lateral 
VC Max Chord 

Hybrid III 3.5 9.9 2.9 20.1 18.0 8.0 22.9 2.3 2.6 1.6 3.5 2.5 2.1   
THOR 2.4 1.4 2.5 14.6 29.0 4.0 29.0 2.5 3.3 3.1 2.3 2.8 3.2   

GHBMC 2.3 14.0 2.9 8.4 25.1 5.1 27.0 2.6 2.5 2.0 2.5 2.7 2.9   
Middle Band Depth 

Deflection Max 
Chord 

Hybrid III 2.5 2.2 1.9 22.7 23.3 12.7 20.2 1.6 3.8 2.1 2.6 2.0 2.5   
THOR 2.0 2.8 4.2 5.0 8.0 45.7 23.4 1.7 1.6 3.5 2.4 0.0 0.0   

GHBMC 0.0 1.5 1.8 20.7 7.0 11.4 33.9 2.5 6.4 1.8 9.2 1.6 2.3   

Middle Band Depth 
VC Max Chord 

Hybrid III 2.5 2.3 2.6 18.0 18.4 15.0 23.8 3.4 3.8 1.6 3.3 2.5 2.8   
THOR 2.1 5.3 2.2 17.7 20.5 5.5 32.7 3.4 2.8 2.6 2.7 2.5 0.0   

GHBMC 1.9 2.0 2.0 35.0 2.0 14.5 25.6 3.0 2.7 3.4 3.2 1.8 3.0   
Middle Band Lateral 

Deflection Max 
Chord 

Hybrid III 2.6 13.0 2.0 8.8 33.5 4.4 21.2 2.7 1.9 2.4 1.6 2.3 3.5   
THOR 2.7 8.3 2.4 6.1 42.2 3.4 22.3 2.5 2.5 2.5 1.8 0.0 3.4   

GHBMC 2.9 7.8 3.4 8.8 39.3 4.9 16.6 2.0 3.3 1.8 3.3 2.3 3.6   

Middle Band Lateral 
VC Max Chord 

Hybrid III 2.7 20.2 2.1 9.4 7.9 8.5 33.7 2.9 2.7 2.0 3.0 2.5 2.4   
THOR 2.7 18.8 3.0 5.8 25.4 3.0 26.8 2.2 3.0 2.9 1.5 2.4 2.5   

GHBMC 2.7 19.9 4.1 5.9 19.9 4.1 28.8 2.1 2.5 2.0 2.6 2.7 2.8   
Lower Band Depth 

Deflection Max 
Chord 

Hybrid III 3.0 1.8 2.4 19.2 20.8 21.5 15.4 1.7 4.3 2.6 2.9 2.2 2.2   
THOR 1.8 4.1 3.9 8.0 14.6 39.3 12.1 1.9 2.5 3.6 2.7 3.0 2.5   

GHBMC 1.9 1.4 1.6 14.0 14.1 6.4 37.1 0.0 8.3 1.6 9.7 1.6 2.3   

Lower Band Depth 
VC Max Chord 

Hybrid III 3.1 5.3 2.6 19.0 14.3 20.0 20.1 2.2 4.1 1.7 3.1 2.6 2.0   
THOR 2.5 11.8 2.1 8.9 24.7 4.3 31.6 3.7 2.7 2.9 2.2 2.6 0.0   

GHBMC 2.4 5.4 1.9 31.7 2.8 13.6 24.7 3.3 3.0 3.2 2.9 1.8 3.3   
Lower Band Lateral 

Deflection Max 
Chord 

Hybrid III 2.9 11.9 2.0 5.6 29.6 5.2 27.6 2.7 2.1 2.6 2.0 2.4 3.3   
THOR 2.9 11.6 2.5 5.6 38.1 3.1 21.8 2.3 2.6 2.4 1.6 2.3 3.2   

GHBMC 2.7 6.4 3.2 10.2 34.0 9.6 16.8 2.2 3.3 2.0 3.4 2.4 3.7   

Lower Band Lateral 
VC Max Chord 

Hybrid III 2.4 19.7 2.5 6.1 10.4 14.9 30.5 2.4 3.6 2.2 3.1 0.0 2.1   
THOR 2.8 20.3 2.6 5.3 26.2 3.0 25.3 2.0 3.2 2.9 1.4 2.5 2.4   

GHBMC 4.0 18.7 2.7 7.1 13.0 4.1 33.1 2.5 2.7 3.4 2.8 3.0 2.8   
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ABSTRACT 

Human body finite element models (FEMs) have become increasingly detailed, 

both anthropometrically and biomechanically. As different morphologies and postures 

have been modeled, simulations may become more sensitive to predicting specific 

common blunt trauma injuries. The objective of this study was to analyze the chest 

response of the Total HUman Model (THUMS) version 4.01 (v4.01) in reconstructions of 

real-world frontal motor vehicle crashes (MVCs). Eleven MVCs from the CIREN and 

NASS-CDS databases were reconstructed using a previously developed dynamic finite 

element methodology. These MVC reconstructions used scaled versions of the THUMS 

v4.01 and a tuned simplified vehicle model. CIREN radiology and NASS-CDS injury 

reports indicated that seven of eleven driver occupants sustained abbreviated injury scale 

(AIS) 2+ thoracic injuries including rib and sternum fractures and pulmonary contusion, 

pneumothorax, hemothorax, and hemomediastinum. For each reconstruction case, eight 

different variations of the THUMS v4.01 ribcage model were simulated to understand the 

sensitivity to predicting rib fractures using deterministic element deletion models and a 

probabilistic rib fracture framework. The reconstruction case with the real-world 

occupant with the most rib fractures (n=7) predicted the highest probability (78%) and 

counted rib fractures (n=3) in the simulations. Chest accelerations, deflections and 

viscous criterion did not discriminate between injury and non-injury cases, but the values 

were consistent with existing literature involving THUMS version 4.  

 

Keywords: Finite Element Modeling, Injury Biomechanics, Chest Injury, Thorax, Crash 

Reconstruction, CIREN  
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1. INTRODUCTION 

Modern finite element (FE) human body models (HBMs) were developed and 

validated with the goal of understanding common blunt trauma injuries and mechanisms. 

Two finite element models (FEMs), the Total Human Model for Safety (THUMS) (Toyota 

Central R&D Labs, Inc. (TCRDL), Nagakute, Japan) and the Global Human Body Models 

Consortium (GHBMC) aim to predict injuries across the human body in blunt impact 

simulations (Iwamoto, Omori et al. 2003; Shigeta, Kitagawa et al. 2009; Gayzik, Moreno et 

al. 2012). The most recent versions of these models include anatomic and mechanical detail 

of the head and brain, skeletal bones and limbs, and the thoraco-abdominal organs. 

However, each body region, joint, or organ represents a unique set of challenges to 

represent as a computational model capable of predicting injury. 

In motor vehicle crashes (MVCs), thoracic injuries rank second in terms of the 

body region most frequently injured, severity, and overall economic and social cost 

(Cavanaugh 1993; Ruan, El-Jawahri et al. 2003). Thoracic blunt trauma injuries can be 

broadly grouped in two categories that can occur co-morbidly or independently: 1) bony 

or rib fracture injuries and 2) soft tissue injuries (Shorr, Crittenden et al. 1987; Liman, 

Kuzucu et al. 2003). While these two injury modes are often inter-related and can be 

concurrently estimated based on correlative injury metrics including chest deflection, 

force or acceleration, they can also be characterized uniquely by the associated 

mechanical insults (Kuppa and Eppinger 1998; Eppinger, Sun et al. 1999; Gayzik 2009). 

Because rib fractures can be characterized by the mechanical response (i.e. strain), 

several datasets exist for use in the development of the geometry and mechanical 

properties of HBM rib cages across genders and ages (Cormier, Stitzel et al. 2005; 
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Kemper, McNally et al. 2007; Weaver, Schoell et al. 2014). Additionally, several studies 

analyzed the thresholds required for specific HBMs to predict fractures using both 

probabilistic and element deletion methods (Li, Kindig et al. 2010; Forman, Kent et al. 

2012). While there is a wealth of data related to bony thoracic injuries in HBMs, there is 

less existing literature related to prediction of the most common thoracic soft tissue injury 

models in computational models. One of the unique challenges with respect to modeling 

soft tissue thoracic injuries in FEMs is that these injuries are often identified by their 

physiologic response rather than a mechanical failure (Shorr, Crittenden et al. 1987). For 

example, pulmonary contusion (PC) – the most common soft tissue blunt chest injury – is 

primarily characterized by the inflammatory response and edema buildup within the 

lungs, while hemothorax and pneumothorax injuries are characterized by collection of 

blood or air in the pleural space (Allen and Coates 1996; Cohn 1997). Modeling these 

types of injuries requires validation with living human subjects, whom can be studied 

using crash databases like the Crash Injury Research Engineering Network (CIREN) or 

the National Automotive Sampling System’s Crashworthiness Data System (NASS-

CDS). Reconstruction of these real-world MVCs could be used to develop HBM-based 

injury metrics capable of predicting thoracic injuries. 

Several previous studies have used THUMS models to estimate chest injury risks 

in the bony and soft tissues. Studies involving modified versions of THUMS version 3 

(v3) (which does not model thoracic organs) have attempted to study rib fracture risks 

using strain-based metrics at the element level (Mroz, Boström et al. 2010; Forman, Kent 

et al. 2012; Iraeus and Lindquist 2015), and kinematic and kinetic metrics at the regional 

level (Mendoza-Vazquez, Davidsson et al. 2015). THUMS version 4 (v4) was updated to 



108 

 

include anatomic detail of the thoracic and abdominal organs, while THUMS version 

4.01 (v4.01) and 4.02 (v4.02) were updated with a more realistic driving posture. 

Additionally, efforts have been made to quantify the strain distributions within the 

thoracic soft tissues of THUMS v4.0 during impact events in the validation of the model 

(Shigeta, Kitagawa et al. 2009), as well as in reconstruction of real-world lateral MVCs 

(Danelson and Stitzel 2015).  

The objective of this study was to analyze the response behaviors of THUMS v4.01 

chest model to promote further validation of crash induced injuries (CII) and mechanisms 

by leveraging existing real-world MVC data. Based on the analysis of chest responses in 

eleven MVC reconstructions that were documented in MVC databases, (seven with 

Abbreviated Injury Scale (AIS) 2+ thoracic injuries and four without) the extensibility of 

the THUMS v4.01 chest model was evaluated to predict injury in living subjects. 

2. METHODS 

2.1 Reconstruction Case Selection: 

A total of eleven real-world frontal MVCs, documented in either the CIREN or 

NASS-CDS databases, were reconstructed using dynamic FEMs. These cases were 

selected to understand injury patterns across body regions and were also studied in depth 

for the thoracolumbar spine and lower extremity (Ye, Gaewsky et al. 2018; Ye, Gaewsky 

et al. 2018). The selection criteria for the frontal-planar MVC reconstruction cases 

included case vehicles model year 2000 or newer, an event data recorder (EDR) report 

available for download, and delta-V in the approximate range of frontal New Car 

Assessment Program tests (approximately 56 km/h). The selection criteria for this dataset 

has been described in further detail in previous literature (Gaewsky, Weaver et al. 2015; 
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Ye, Gaewsky et al. 2018; Ye, Gaewsky et al. 2018). While all eleven subjects had at least 

one AIS 2+ injury, seven of the eleven MVC subjects sustained AIS 2+ injuries to the 

ribcage or soft thoracic organs. The eleven subjects were split into “injury” and “non-

injury” categories based on the presence of AIS 2+ thoracic injury. Five of the seven 

injury cases included AIS 2+ soft tissue thoracic injuries and three reported rib fractures. 

The vehicle and subject characteristics and injury outcomes for the eleven case 

reconstructions are summarized in Table 6. 

Table 6. Summary of crash characteristics and resulting injury outcomes. Cases were 

categorized by the presence of AIS 2+ chest soft tissue injury. 

 

Case 

Name Vehicle AIS Code – Injury Description Age Gender 

Height 

(cm) 

Weight 

(kg) 

Delta-V 

(km/h) 

Object 

Struck 

C
h

es
t 

In
ju

ri
es

 

Escape 2012 Ford Escape 

 450203.3 -  Rib Fracture  

86 M 175 84 49.6 Vehicle 
(L3-4, R5-7,10) 

 442200.3 -  Right Hemothorax 

 450804.2 -  Sternum Fracture 

Hummer 2007 Hummer H3 

 450203.3 -  Rib Fracture  

50 F 173 86 54.3 Vehicle 

(R 3-9) 

 441402.3 -  Bilateral Pulmonary 

Contusion 

 450804.2 -  Sternum Fracture 

Solara 2007 Toyota Solara 

 450202.2 -  Bilateral 3rd rib  

50 F 173 67 51.1 Vehicle fracture 

 450804.2 -  Sternum fracture 

Malibu 

2006 Chevrolet   450804.2 - Sternum fracture 

69 M 173 82 61.1 Vehicle          Malibu  441004.1 - Minor heart  

contusion 

Cobalt 
2006 Chevrolet   441406.3 -  Left Pneumothorax    

Lung Contusion 
80 M 183 77 43.6 Vehicle 

Cobalt 

Cavalier 
2002 Chevrolet  

 442202.3 -  Pneumothorax 18 M 175 64 49.4 Vehicle 
Cavalier 

Camry 
2010 Toyota 

Camry 
 442208.2 -  Hemomediastinum 21 F 160 64 64 Vehicle 

N
o

n
-I

n
ju

ri
es

 

Corolla 
2007 Toyota  

Corolla 
  57 M 165 71 53.4 Vehicle 

Lexus 2008 Lexus ES350   43 M 175 88 69.8 Vehicle 

Silverado 
2005 Chevrolet  

  23 M 175 79 59.4 
Concrete 

Wall Silverado 

Civic 2012 Honda Civic   67 F 165 66 56.3 Tree 

 

2.2 Case Reconstruction Process:  

Each MVC reconstruction was performed using the Total Human Model for Safety 

(THUMS) version 4.01 (Shigeta, Kitagawa et al. 2009) and a simplified vehicle model 
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(SVM) (Shigeta, Kitagawa et al. 2009; Iraeus and Lindquist 2015).  The original SVM model 

was developed as an average representation of vehicle interiors across an entire fleet of 

vehicles using laser scan data from 15 vehicles (Iraeus and Lindquist 2015). All finite 

element simulations were performed using LS-Dyna r6.1.1 on a cluster computer. Each case 

reconstruction was performed in an automated fashion involving a three step process 

(Gaewsky, Weaver et al. 2015; Jones, Gaewsky et al. 2016): 

Vehicle Model Tuning. The frontal crash response of the SVM was tuned to perform 

similarly to the mechanics of a sister or clone of the vehicle model involved in each 

reconstructed MVC (Anderson 2013). For each case, the HIII FEM (Humanetics, 

Plymouth, MI) was positioned in the SVM according to a frontal New Car 

Assessment Program (NCAP) report. Up to ten mechanical restraint properties of the 

SVM (e.g. seat, seat belt, airbags) were varied using a 200-sample Latin Hypercube 

design (LHD) of experiments (Gaewsky, Weaver et al. 2015; Jones, Gaewsky et al. 

2016). The set of mechanical parameters yielding the most similar crash response, 

according to a Sprague and Geers analysis, were used as the specific tuned SVM 

(Sprague and Geers 2004; Jones, Gaewsky et al. 2016). 

Case Reconstructions. THUMS v4.01 was scaled, modified, and positioned within 

the specific tuned SVMs to model each MVC case subject using the details found in 

the CIREN or NASS databases. For each simulation, the occupant was positioned 

according to the reported longitudinal seat track position, seat back angle, D-ring 

anchor height, steering column position, and steering column angle. The nodal 

coordinates of THUMS were isometrically scaled by the scale factor defined in Eqs 



111 

 

1-3 as an attempt to match occupant height and weight. Occupant positioning, 

scaled size, and rib properties for each case are summarize in Appendix A. 

ℎ𝑒𝑖𝑔ℎ𝑡 𝑓𝑎𝑐𝑡𝑜𝑟 =  
𝑐𝑎𝑠𝑒 𝑜𝑐𝑐𝑢𝑝𝑎𝑛𝑡 ℎ𝑒𝑖𝑔ℎ𝑡

𝑇𝐻𝑈𝑀𝑆 𝑚𝑜𝑑𝑒𝑙 ℎ𝑒𝑖𝑔ℎ𝑡
                                              (Eq. 1) 

𝑚𝑎𝑠𝑠 𝑓𝑎𝑐𝑡𝑜𝑟 =  √
𝑐𝑎𝑠𝑒 𝑜𝑐𝑐𝑢𝑝𝑎𝑛𝑡 𝑚𝑎𝑠𝑠

𝑇𝐻𝑈𝑀𝑆 𝑚𝑜𝑑𝑒𝑙 𝑚𝑎𝑠𝑠

3
                                               (Eq. 2) 

𝑠𝑐𝑎𝑙𝑒 𝑓𝑎𝑐𝑡𝑜𝑟 =  
ℎ𝑒𝑖𝑔ℎ𝑡 𝑓𝑎𝑐𝑡𝑜𝑟+𝑚𝑎𝑠𝑠 𝑓𝑎𝑐𝑡𝑜𝑟

2
                                        (Eq. 3) 

Each of the 11 reconstruction cases was simulated with eight different rib cage 

configurations (Table 7). Four simulations used a probabilistic framework to 

estimate rib fractures in a post-hoc analysis and the remaining four simulations 

included an element deletion model for rib fracture. The mechanical response 

effects of occupant aging were modeled in the rib cage by modifying the ultimate 

plastic strain fracture threshold of cortical rib bone and the cortical bone thickness 

based on relationships used in previous reconstructions of MVCs using THUMS. 

These relationships were developed using data for subjects ranging from ages 25-

85 (Stein and Granik 1976; Kent, Sang-Hyun et al. 2005), therefore case 

occupants falling outside this age range used the corresponding extreme value. 

The probabilistic framework modeled the ribs as an elastic-plastic material 

without an ultimate plastic strain definition, while the element deletion models 

use the same elastic plastic material model with an ultimate plastic strain value 

dependent on the case occupant age according to the regression function in Eq. 4 

(Stein and Granik 1976). Half of the simulations also included a ribcage where the 

cortical thickness of all rib elements was defined as a function of case occupant 

age using Eq. 5 (Golman, Danelson et al. 2014; Golman, Danelson et al. 2016). 
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The other half of the simulations used the default 0.70 mm cortical shell thickness 

for ribs in THUMS. 

Table 7. Summary of eight rib cage models for each reconstruction case. 

Probabilistic Rib Fracture Deterministic Element Deletion Rib 

Fracture 

Aged Cortical Thickness Standard Cortical 

Thickness (0.70 mm) 

Aged Cortical 

Thickness 

Standard Cortical 

Thickness (0.7 mm) 

Uniform 

 Rib 

Modulus 

Partitioned 

Rib  

Modulus 

Uniform 

Rib 

Modulus 

Partitioned 

Rib  

Modulus 

Uniform 

Rib 

Modulus 

Partitioned 

Rib 

Modulus 

Uniform 

Rib 

Modulus 

Partitioned 

Rib 

Modulus 

 

𝑢𝑙𝑡𝑖𝑚𝑎𝑡𝑒 𝑝𝑙𝑎𝑠𝑡𝑖𝑐 𝑠𝑡𝑟𝑎𝑖𝑛 = (−383 ∗ age(𝑦𝑟𝑠) + 37514) / 106 (Eq. 4) 

𝑐𝑜𝑟𝑡𝑖𝑐𝑎𝑙 𝑏𝑜𝑛𝑒 𝑡ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠 (𝑚𝑚) = −0.00578 ∗ age(𝑦𝑟𝑠) + 1.1335 (Eq. 5) 

Previous studies using the THUMS (v3 and v4) ribcage resulted in lower rib 

strains than expected in matched experimental tests. To improve the THUMS 

chest response, several studies, including the study that generated the probabilistic 

rib fracture framework (Forman, Kent et al. 2012), modified the Young’s 

Modulus to 10.2 GPa and yield stress to 65 MPa from 13.0 GPa and 80 MPa, 

respectively. These properties were used for half of the simulations in the 

“Uniform Rib Modulus” simulations. Experimental studies have indicated 

different stress-strain relationships of cortical bone depending on location within a 

rib (Stitzel, Cormier et al. 2003; Kemper, McNally et al. 2007). Based on 

experimental testing, a study using an early version of THUMS modeled the 

elastic modulus of the anterior section of ribs as 7.5 GPa, and the lateral and 

posterior portions as 11.8 GPa and 10.7, respectively (Stitzel, Cormier et al. 

2003). For the simulations in the previous study, all simulations used the same 

0.64% yield strain threshold. Half of the simulations in the current study were 

performed with the modified, partitioned cortical rib moduli in the same fashion 
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as the previous study (Stitzel, Cormier et al. 2003). Rib cortical bone material 

properties are summarized in Table 8 and Figure 16. 

Table 8. Material properties used for cortical ribs. 

Material Property 

Variable 

Uniform Rib 

Material 

Properties 

Partitioned Rib Modulus Models  

(Stitzel, Cormier et al. 2003) 

Anterior 

Average 

Lateral 

Average 

Posterior 

Average 

Elastic Modulus (GPa) 10.2 7.5 11.9 10.7 

Yield Strain (%) 0.64 

Yield Stress (MPa) 65.0 48.3 76.2 68.8 

Yield Modulus (GPa) Nonlinear 2.7 3.0 2.3 

 

 
Figure 16. Stress-strain curve defining mechanical behavior of cortical ribs for 

the uniform and partitioned rib cortices. 

Pulse Application. The longitudinal event data recorder (EDR) delta-V pulse (10 

ms sampling frequency) was extracted from each CIREN or NASS case review. 

Each pulse was used to drive the planar kinematics of the occupant compartment 

using the LS-Dyna keyword *Boundary_Prescribed_Motion. Each crash event 
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was simulated for 180 ms. The applied pulses for each case are summarized in 

Figure 17.  

 

 
(a)  

 
(b)  

Figure 17. (a) Delta-V from EDR for the 11 reconstruction cases. (b) Estimated vehicle 

acceleration history calculated from EDR for the 11 reconstruction cases. 

2.3 Data Analysis: 
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 Several traditional PMHS- and ATD-based chest injury metrics were 

instrumented in the THUMS v4.01 model and extracted for each simulation (Miller, 

Gaewsky et al. 2016). The peak resultant chest acceleration (3 ms clip) and peak chest 

deflection were measured and reported for each simulation. Two measurement methods 

(internal and external) were reported for the chest deflection. The internal measurement 

was taken between the ninth thoracic vertebra (T9) spinous process and the centroid of 

the manubrium. The second was through the use of external chest band instrumentation 

(Pintar 1997). As sagittal planes intersect a chest band contour in the transverse plane, 

chords were defined to measure the depth of the chest (Figure 18). The depth chord with 

the greatest deflection compared to the initial length was reported as an external chest 

depth deflection. The peak chest deflection was reported as a raw measurement, as well 

as a percentage of the initial chord length. The peak viscous criterion (VCmax) was also 

calculated and reported. 

 

 

 

Figure 18. Example of the maximum chest depth compression (55.0 mm) of the upper chest 

band in one case reconstruction simulation. Compression was measured for each anterior-

posterior chord between the depth compression bounds and the most compressed chord was 

identified. 

 A probabilistic framework for estimating the risk of rib fractures, based on peak 

maximum principal strain (MPS) within each rib, was used to estimate the risk of one or 

more and two or more rib fractures in four rib cage models for each case reconstruction 



116 

 

(Forman, Kent et al. 2012). This framework adjusts for occupant age and was designed 

using rib fracture strain data from experiments with cadaveric rib specimens (Kemper, 

McNally et al. 2007). The initial study to validate the probabilistic rib fracture model used 

a modified rib cage in THUMS v3 (Forman, Kent et al. 2012). For comparison with 

existing literature that studied THUMS v4.0 in frontal crashes, elements exceeding 0.725% 

MPS were highlighted for each probabilistic rib cage simulation (Danelson, Golman et al. 

2015). Additionally, for the four rib cage models that modeled rib fracture with element 

deletion in LS-Dyna, the number of fractured ribs and presence of sternum fracture were 

tallied. A “partial sternum fracture” was tallied when four or fewer sternum elements 

failed. 

3. RESULTS 

Kinematic chest injury metrics values varied very little between the eight ribcage 

models used to predict rib fracture in each case reconstruction. Kinematic chest injury 

metrics are reported in Figure 19 for the simulations using the ribcage model with 

element deletion, aged cortical thicknesses and uniform material properties. The metrics 

include 3 ms clip chest acceleration, internal chest compression and VCmax between T9 

and the sternum, and external chest band compression and VCmax. The 11 cases were 

separated by injury status and whether they included rib fractures. The average 3 ms clip 

chest acceleration for the 7 injury cases was 30.9 G compared to 32.7 G for the 4 non-

injury cases. Internal chest deflections ranged from 11.8% to 20.4%, with an average of 

15.6% in injury cases and 18.3% in non-injury cases. While several of these injury 

metrics had greater averaged across the non-injury cases compared to the injury cases, 

there were no statistically significant differences between the two groups across the five 
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metrics reported in Figure 19 for any of the ribcage models tested in this study. Chest 

compression and VCmax measurements using the external chest bands were increased 

compared to the internal measurements because of the soft flesh tissue deformations. 

  
Figure 19. Kinematic chest injury metrics for the 11 reconstruction simulations that used a 

deterministic element deletion model for rib fractures, an aged cortical thickness model, 

and uniform material properties throughout the cortical ribs. Values were categorized by 

the injury status of the real-world case occupants (red vs. gray). Chest acceleration was 

reported as the 3 ms clip of the T6 vertebra. Chest compressions and VCmax were reported 

using the T9-sternum measurement (internal) and as the maximum value from any of the 

three instrumented chest bands. 

Across the eight different ribcage models implemented in the reconstruction of each 

of the real-world crash events, rib strains were low, and therefore rib fracture predictions also 
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tended to be low. For comparison to previous studies using THUMS v4.0, cortical rib 

elements with maximum principal strain exceeding 0.725% are highlighted in Appendix B 

for each case reconstruction. This appendix includes the high strain rib elements from each 

ribcage model that used the probabilistic rib fracture model. It was notable that the high rib 

strains were concentrated on the left side of the ribcage for all simulations. 

Rib fractures were underestimated compared to occupants in the real-world crashes 

using the probabilistic rib fracture prediction framework (Forman, Kent et al. 2012). While 

two of the real-world case occupants had 3 or more rib fractures, the framework never 

predicted a non-zero probability of 3+ rib fractures in any of the cases. Using the ribcage 

models that assumed a uniform cortical rib material model throughout each rib that 

matched the properties in the paper by Forman et al, only the Escape case occupant had a 

non-zero probability of one or more rib fractures (Table 9). This was also the case with the 

oldest occupant, and therefore the lowest required MPS to register a non-zero fracture risk. 

This prediction of increased risk of injury in the Escape case correlated to one of the real-

world cases with the most rib fractures. Using the ribcage models partitioned by cortical rib 

material properties in the anterior, lateral and posterior rib regions, the probability of rib 

fractures was increased. In the models with aged cortical rib thickness and partitioned 

cortical rib material properties the probability of one or more rib fractures ranged from 0 to 

78% across the cases. In these models the average probability of 1+ fractured ribs in the 

seven cases that had any AIS 2+ chest injury was 24% compared to 12% in the four cases 

without chest injury. The four real-world cases with 1+ fracture in the ribcage (ribs or 

sternum) predicted an average 28% probability of 1+ rib fracture compared to 15% for the 

seven remaining cases that no chest injury or only soft tissue injury. When the cortical rib 

thickness was not adjusted for age but was the material properties were partitioned by rib 
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region the probability range of 1+ predicted fractured ribs collapsed to 8-63% across all 

case reconstructions. Using this ribcage model the average probability of a rib fracture in 

cases with chest injury was 30% compared to 26% for non-injury cases.  

Table 9. Rib fractures and rib fracture (Fx) probability in each case reconstruction 

 Rib Fracture Probability 

(Forman et al, 2012) Deterministic Element Deletion 
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1+ 

Fx 

2+ 

Fx 

1+ 

Fx 

2+ 

Fx 

1+ 

Fx 

2+ 

Fx 

1+ 

Fx 

2+ 

Fx 

 

Escape 

Left 3-4 Fx 

Right 5-7, 10 Fx 

Sternum Fx 

33%  17%  78% 22% 63% 13% 
Left 3-4 

Sternum 

Left 3-4 

Sternum 

Left 2-4 

Sternum 

Left 2-4 

Sternum 

Hummer 
Right 3-9 

Sternum Fx 
    17%  33%      

Solara 

Bilateral 3rd Ribs 

Fx 

Sternum Fx 

      8%      

Malibu Sternum Fx     17%  25%      

Cobalt 

Pneumothorax 

Pulmonary 

Contusion 

    47% 4% 47% 4%   
Left Rib 

4 

Left Rib 

4 

Cavalier Pneumothorax     8%  26%      

Camry Hemomediastinum       8%      

Corolla 
 

    39% 3% 47% 4% 
Partial 

Sternum 

Partial 

Sternum 

Partial 

Sternum 

Partial 

Sternum 

Lexus 
 

    8%  42%  
Partial 

Sternum 

Partial 

Sternum 

Partial 

Sternum 

Partial 

Sternum 

Silverado 
 

      8%     
Partial 

Sternum 

Civic        8%  Sternum Sternum Sternum Sternum 

 

In the deterministic element deletion rib fracture models it was rare for MPS 

values in cortical rib elements to exceed the ultimate strain defined for each case 

occupant (Appendix A). Using the relationship for aging the ultimate strain threshold for 
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cortical rib fracture, only the Escape (86 years old) and Cobalt (80 years old) cases 

resulted in rib fractures (Table 9). In addition to rib fractures in these two cases, several 

case reconstructions indicated failure of elements in the sternum.  

Maximum principal strain values for the lungs and heart in simulations using the 

element deletion failure model with uniform cortical rib material and aged cortical rib 

thickness are summarized in Table 10. Across the 11 cases, the peak MPS in the left lung was 

greater than in the right lung or heart. Peak lung strains ranged from 0.76 to 0.98. Except for 

the Escape case, which was the only case with explicit rib fracture in the uniform cortical rib 

material property simulations, the range of peak MPS in the heart part was very similar, 

ranging from 0.67-0.74. The Escape case that predicted multiple rib fractures had a peak 

strain of only 0.52 in the heart. The Camry case, which had the occupant diagnosed with 

hemomediastinum had the second highest heart strain of the 11 reconstruction cases. All 

cases with rib fractures exhibited peak lung strains close to the fracture site, while all cases 

without fracture had peak strains on the anterior aspect of the lung. 

Table 10. Summary of peak MPS values in each lung and the heart of each case 

reconstruction. 

Case 

Real-World Case 

Chest Injuries 

Peak Maximum Principal Strain 

Left Lung Right Lung Heart 

Escape 

Left 3-4 Fx 

Right 5-7, 10 Fx 

Sternum Fx 
0.79 0.62 0.52 

Hummer 
Right 3-9 

Sternum Fx 
0.82 0.67 0.71 

Solara 
Bilateral 3rd Ribs Fx 

Sternum Fx 
0.98 0.70 0.67 

Malibu Sternum Fx 0.79 0.63 0.68 

Cobalt 
Pneumothorax 

Pulmonary Contusion 
0.81 0.59 0.67 

Cavalier Pneumothorax 0.82 0.63 0.67 

Camry Hemomediastinum 0.86 0.64 0.73 

Corolla   0.87 0.84 0.74 

Lexus   0.76 0.66 0.71 
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Silverado   0.95 0.81 0.72 

Civic   0.96 0.78 0.70 

 

 
(a) Escape Case, T=65 ms (b) Cavalier Case, T=75 ms 

Figure 20. MPS for the lungs and heart were fringed for each case using the element deletion 

rib fracture model with uniform cortical rib properties and aged cortical thickness. The 25 

highest strain elements in the left lung fall within the circled regions for two example cases.  

4. DISCUSSION 

4.1 Comparison to Previous Literature 

 The results from the 11 reconstruction cases were directly compared to two 

previous studies involving THUMS v4 in frontal crash simulations (Kitagawa and Yasuki 

2013; Danelson, Golman et al. 2015). Both studies aimed to evaluate the response of 

THUMS in frontal impacts with a test matrix of different restraint systems. The study by 

Danelson et al. aimed to compare injury metrics between THUMS and the Hybrid III 

(Humanetics v.7.1.8, Plymouth, MI) across multiple body regions, while the study by 

Kitigawa et al. focused on chest injury metrics and also included a small female and large 

male occupant. Neither study aimed to reconstruct documented real-world crashes. 
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 Injury metric values in the real-world case reconstructions were more similar to 

the values reported in the Kitigawa study than the Danelson study. The study by Kitigawa 

and Yasuki (2013) included nine THUMS v4 simulations with seatbelt load limiters 

ranking from 2.0 to 6.0 kN and airbag pressures varying up to 40% from a nominal value. 

All simulations were performed with a delta-V of 55 km/h. The chest deflections in those 

nine simulations varied from 19.9% to 23.0% and zero to four rib fractures were 

predicting, all of which were in the left ribs 1-4 region. The real-world crash 

reconstruction cases had chest deflections in the range of 12-20% and rib fractures and 

high strain ribcage elements were concentrated in the left ribs 2-4 across all simulations. 

The high rib strain regions were concentrated on the left side for both studies, compared 

to the presence of some right-sided rib fractures in the real world MVCs. Additionally, 

left lung and heart MPS were comparable between the two studies. The Kitigawa study 

reported left lung MPS ranging from 0.79 to 0.93 in relevant simulations, compared to 

0.76 to 0.98 in the real-world crash reconstruction. Peak MPS in the heart were clustered 

around 0.70 in both studies. 

The THUMS study involving frontal crashes in with several combinations of 

restraint systems by Danelson et al. (2015) used 40 and 50 km/h delta-V crash pulses, 

which were lower in severity than eight of the 11 reconstruction cases. The 11 applied 

crash pulses for this study ranged from 43.6 km/h to 69.7 km/h. Across the different 

restraint conditions for the 50 km/h pulses chest compressions of 50-51.5 mm, VCmax of 

0.256-0.333 m/s, and chest (T6) acceleration of 66.4-73.1 G were reported. It should be 

noted that the accelerations in this study were filtered but not reported with 3ms clip 

values which would contribute to the higher acceleration magnitudes. In the 11 



123 

 

reconstruction cases the maximum chest band compressions ranged from 42 to 69 mm 

which were similar to the data of Danelson et al, considering the differences in crash 

pulse severity. Meanwhile VCmax values were higher for the real-world crash 

reconstructions (0.32 to 0.69 m/s) than the similar simulations from the Danelson et al 

study (0.26 to 0.33 m/s). Additionally, the simulations with a deploying frontal airbag 

and seatbelt in the Danelson et al study indicated a bilateral distribution of high strain rib 

elements, while the cases with only a seatbelt had a unilateral distribution of high strain 

rib elements on the left side. 

4.2 Limitations 

 Previous studies used to validate THUMS and studies that used THUMS to 

predict injury most frequently involve post-mortem human subjects. Alternatively, the 

data set for this study aims to understand the ability of THUMS to predict chest injury in 

living human subjects. In the future, data sets such as these real-world crash 

reconstructions can contribute to the validation of the human body model and future case 

reconstructions could be used to test the predictive ability of the model. However, a 

current limitation of using THUMS v4.01 to predict chest injuries in real world frontal 

crashes was the small sample size in this study. Most cases in the NASS-CDS and 

CIREN databases that fit the selection criteria for reconstruction did not include an EDR 

report with a delta-V history. Because EDRs have become more prevalent in the modern 

vehicle fleets, future crash reconstruction studies would have increased power with more 

real-world cases to augment this study.  

 This study employed several simplifications and assumptions that could be 

improved upon to increase the sensitivity of predicting chest injury in real-world MVCs. 
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The SVM used in this study may have contributed as a source of imprecision in the 

resulting chest injury metrics. For each case reconstruction, the restraint properties were 

tuned to optimize the response of the Hybrid III across multiple loading regions, 

including the head, chest, pelvis, femurs and seatbelts because the data set aimed to study 

injury responses across body regions. For a study aiming to investigate only chest injury, 

each tuned vehicle model could be optimized more specifically for the chest. 

Additionally, a simplistic scaling technique was used for each case occupant rather than 

morphing to a known target anthropometry. Improved fidelity of mass distribution in 

future studies could improve chest kinematics. 

Previous modeling studies involving THUMS, including versions 3 and 4, 

indicated that the strains reported throughout the ribcage may be lower than the strains 

correlated to rib fracture in experimental studies (Danelson, Golman et al. 2015).  The 

ribs have a relatively coarse mesh with only 8 solid elements defining the cross section of 

each rib. Additionally, the ribs of THUMS were defined with a constant shell thickness of 

0.70 mm for all cortical rib elements. Recent anatomical studies have indicated that the 

cortical thickness of ribs ranges between approximately 0.5 and 2.0 mm depending on 

location within the ribcage and age (Kent, Sang-Hyun et al. 2005; Mohr, Abrams et al. 

2007). A ribcage model with increased shell thicknesses on the interior and exterior 

surfaces of the rib compared to the superior and inferior surfaces may be better suited to 

predict rib fracture in finite element reconstructions of real-world crashes because it 

could allow fracture and increased strains to initiate in the weakest spots. Approaches to 

update material properties, cortical thicknesses, and rib shapes have been adopted in 

studies involving THUMS version 3 to replace the existing ribcage. These studies have 
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used a ribcage model with different rib geometries, mapped cortical thicknesses, and 

modified material properties and had better success predicting rib fractures than the 

original ribcage model (Pipkorn and Mroz 2008; Mroz, Boström et al. 2010; Forman, 

Kent et al. 2012; Mendoza-Vazquez, Davidsson et al. 2015). The default THUMS v4 

ribcage shared material properties with THUMS v3. This was a motivating factor in the 

adjustment of the elastic modulus used in the ribs for this study and the updates that have 

been made to the THUMS v3 ribcage could be valuable in improving rib fracture 

prediction in THUMS v4 and v4.01. With improved rib fracture prediction models, the 

HBM would also have increased value in using strain-based metrics to understand soft 

tissue injury mechanisms. 

Additionally, the THUMS v4 chest model response was validated in limited test 

cases. The thorax validation focused on the simulation of three experimental 

configurations including a frontal pendulum hub impact (Kroell, Schneider et al. 1974), a 

lateral pendulum hub impact (Shaw, Herriott et al. 2006), and a shoulder belt table top 

test (Cesari and Bouquet 1990). The real-world crash reconstruction cases in this study 

differ from these validation tests because the occupants experienced combined seatbelt 

and airbag loading, which should cause a more distributed load over the chest. 

It is important to consider the reconstruction of these real-world motor vehicle 

collisions in the context of the overall data set. While there was a mixture of occupants with 

and without chest injuries, all reconstructed cases had at least one AIS 2+ injury in at least 

one body region. This may have caused a bias towards reconstructing events of occupants 

who had higher intrinsic injury risks related to bone density, bone quality, or sarcopenia that 

may not be accounted for in the THUMS development. Despite the relatively low sensitivity 
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and specificity of these reconstructions to predict chest injury and the small sample size, 

previous studies using the same data set have indicated better predictive abilities in the 

lumbar spine and lower leg (Ye, Gaewsky et al. 2018; Ye, Gaewsky et al. 2018).  

4.3 Future Work 

Ultimately the THUMS family of models aims to predict blunt trauma injuries 

and the anatomic details of the model could be used to understand load paths and develop 

new model-based injury metrics for bony and soft tissue injury mechanisms. Future 

updates to the geometry, material properties, and organ interactions of the THUMS chest 

model may result in increased sensitivity to predicting both rib fractures and underlying 

soft tissue. In future model validation it will be important to not only consider PMHS 

experiments, but also to attempt to incorporate data from living human subjects, such as 

CIREN subjects, who can present with inflammatory injury responses like in a 

pulmonary or cardiac contusion. For these inflammatory response injury mechanisms, it 

will be important to consider maximum strains within the tissue and the distribution with 

respect to other soft and bony structures. For these future model validations, this study 

could be used as a framework with to reconstruct more real-world cases, as more vehicles 

in crash databases provide EDR data and FE HBMs become easier to morph to 

individualized human subject anthropometries. 
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Appendix A – Individualized THUMS Properties 
 

Table A1. Summary of Properties and Positioning Variables used for THUMS Model in each 

Reconstruction. 

   Occupant Size 
Thoracic/Rib Bone  

Occupant Positioning 
Aging Properties 

  
Case 
Name 

Subject 
Height/Mass 

(cm/kg) 

Scaled 
Height/Mass 

(cm/kg) 
Subject 

Age 

Aged 
Cortical  

Thickness 
(mm) 

Cortical 
Ultimate 
Plastic 
Strain 

Seat 
Position 

Relative to 
Mid-track 

(mm) 

Seat Back 
Angle 
(Deg) 

D-Ring 
Height 
(mm) 

Steering 
Column 
Position 

(mm) 

Steering 
Column 
Angle 
(Deg) 

C
h

e
st

 In
ju

ry
 C

as
e

s 

Escape 175 / 84 181 / 74 86 0.64 0.50% Rear to Mid 
Slightly 

Reclined 
Full 

Down Fixed Center 

65 12 0 0 20 

Hummer 173 / 86 180 / 74 50 0.84 1.84% Mid 
Slightly 

Reclined Up Fixed Full Up 
19.7 10 15 50 0 

Solara 173 / 67 173 / 71 50 0.84 1.84% Forward Most Upright Fixed 
Full 

Forward 
25 

Full Up 

-80 5 25 25 

Malibu 173 / 82 179 / 73 69 0.73 1.11% Mid 
Slightly 

Reclined 
Full 

Down Fixed 
Full 

Down 

0 16 0 0 23 

Cobalt 183 / 77 182 / 75 80 0.67 0.69% 
Rear to Mid Upright Full Up Fixed Full Up 

20 65 10 75 0 

Cavalier 175 / 64 173 / 71 18 0.99 2.79% Rear Most 
Slightly 

Reclined 
Full 

Down Fixed Full Up 

120 15 0 0 24 

Camry 160 / 64 165 / 68 21 0.99 2.79% 

Forward to 
Mid 

Slightly 
Reclined 

Full 
Down Fixed Full Up 

0 12 0 0 25 

N
o

n
-I

n
ju

ry
 C

as
e

s 

Corolla 165 / 71 171 / 70 57 0.8 1.57% Forward Most Upright Fixed 
Full 

Forward 
25 

Full Up 
29.1 -65 10 25 

Lexus 175 / 88 182 / 75 43 0.88 2.10% Rear Most 
Slightly 

Reclined Full Up Midpoint 
0 

Center 

100 15 75 25 

Silverado 175 / 79 179 / 73 23 0.99 2.79% Mid 
Slightly 

Reclined 
Not 

Spec. 
Not Center 

0 12 Spec. 21 

Civic 165 / 66 169 / 69 67 0.75 1.19% Mid 
Slightly 

Reclined Full Up Fixed Full Up 

0 18 75 0 24 
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Appendix B – Rib elements exceeding 0.725% maximum first principal strain are 

highlighted in red for each reconstruction case.  

Escape Case – 6 Fx Ribs – Right Hemothorax, Sternum Fx 

Uniform Rib Material, Age-adjusted cortical thickness (0.63 mm): 

86 years old / M / 84 kg / 175 cm 

ΔV = 49 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.63 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Hummer Case – 7 Fx Ribs – Bilat. Pulm. Contusion, Sternum Fx 

Uniform Rib Material, Age-adjusted cortical thickness (0.84 mm): 

50 years old / F / 86 kg / 173 cm 

ΔV = 54 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.84 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Solara Case – 2 Fx Ribs – Sternum Fx 

Uniform Rib Material, Age-adjusted cortical thickness (0.84 mm): 

50 years old / F / 67 kg / 173 cm 

ΔV = 51 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.84 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Malibu Case – 0 Fx Ribs – Sternum Fx, Minor Heart Contusion 

Uniform Rib Material, Age-adjusted cortical thickness (0.73 mm): 

69 years old / M / 82 kg / 173 cm 

ΔV = 61 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.73 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Cobalt Case – 0 Fx Ribs – Left Pneumothorax, Pulm. Contusion 

Uniform Rib Material, Age-adjusted cortical thickness (0.67 mm): 

80 years old / M / 77 kg / 183 cm 

ΔV = 43 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.67 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Cavalier Case – 0 Fx Ribs - Pneumothorax 

Uniform Rib Material, Age-adjusted cortical thickness (0.99 mm): 

18 years old / F / 64 kg / 175 cm 

ΔV = 49 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.99 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Camry Case – 0 Fx Ribs - Hemomediastinum 

Uniform Rib Material, Age-adjusted cortical thickness (0.99 mm): 

21 years old / M / 64 kg / 175 cm 

ΔV = 64 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.99 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Corolla Case – 0 Fx Ribs 

Uniform Rib Material, Age-adjusted cortical thickness (0.80 mm): 

57 years old / M / 71 kg / 165 cm 

ΔV = 53 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.80 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Lexus Case – 0 Fx Ribs 

Uniform Rib Material, Age-adjusted cortical thickness (0.88 mm): 

43 years old / M / 88 kg / 175 cm 

ΔV = 70 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.88 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Silverado Case – 0 Fx Ribs 

Uniform Rib Material, Age-adjusted cortical thickness (0.99 mm): 

23 years old / M / 79 kg / 175 cm 

ΔV = 59 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.99 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Civic Case – 0 Fx Ribs 

Uniform Rib Material, Age-adjusted cortical thickness (0.75 mm): 

67 years old / F / 66 kg / 165 cm 

ΔV = 56 km/h 

   

Front View Right View Left View 

Partitioned Rib Material, Age-adjusted cortical thickness (0.75 mm):  

   

Front View Right View Left View 

Uniform Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 

Partitioned Rib Material, Original Rib Thickness (0.70 mm):  

   

Front View Right View Left View 
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Chapter V: Summary of Research 

The research presented in this dissertation has yielded important contributions to the field 

of injury biomechanics and human body finite element modeling, particularly in studying 

spaceflight landing injury risks. The research outlined in this dissertation has fulfilled the 

following aims: 

1. Validate a finite element 50th percentile simplified male model (GHBMC 

M50-OS) against human volunteer data for spaceflight loading simulation. 

2. Evaluation of the extensibility and sensitivity of the chest responses of the 

Hybrid III, THOR, and GHBMC M50-OS in multidirectional loading relevant 

to spaceflight landings. 
3. Evaluation of the extensibility of the chest response of a detailed human body 

model (THUMS) in reconstructions of real-world motor vehicle crashes. 

Research presented in Chapter II is published in the scientific journal listed in Table 11. 

Research presented in Chapters III and IV are expected to be published in the listed 

journals.  

Table 11. Publication plan for research outlined in this dissertation. 

Chapter Topic Journal  

II Modeling Human Volunteers in 

Multidirectional, Uni-axial Sled Tests 

using a Finite Element Human Body 

Model 

Annals of Biomedical 

Engineering** 
https://doi.org/10.1007/s10439-

018-02147-3 

III Sensitivity and Extensibility of Chest 

Responses in Finite Element Occupant 

Models for Spaceflight Loading 

Scenarios 

ASME Journal of 

Biomechanical Engineering* 

IV The Thoracic Response of a Detailed 

Finite Element Human Body Model in 

Reconstructions of Real-World Crashes 

Accident Analysis and 

Prevention † 

*Submitted 

**Published 

†In preparation to be submitted 
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