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Abstract 

Athletes participating in contact sports can experience severe impacts with unique 

loading mechanisms. The Centers for Disease Control and Prevention estimates that 1.6 

million to 3.8 million concussions occur in sports annually, with the majority occurring in 

American Football. However, contact sports are not the only sport with injury risk. Within 

motorsports, drivers can be subjected to high severity impacts which have been shown to 

result in injury to the driver. Modern innovations in motorsport safety has reduced the risk 

for drivers but there are challenges in estimating and preventing injury risk for these multi-

variable crash environments. Traditional methods of testing have been a cornerstone to the 

enhancement of safety in these sports. However, simulation-based approaches through 

finite element analysis provide researchers with added flexibility to study these impact 

environments and develop effective countermeasures.  

A validated finite element helmet model could be used in further study of head 

injury to mitigate the toll of concussions in American football. The goal was to develop an 

accurate and representative helmet model (Schutt Air XP Pro) and validate it through a 

series of 67 representative impacts similar to those experienced by a football player. The 

kinematic and kinetic response between the model and the physical tests were 

quantitatively evaluated using CORelation and Analysis (CORA), resulting in an overall 

CORA score of 0.76.  

In order to further study the loading mechanisms and resulting injury risk of drivers 

during motorsport crash events, a parametric study was designed to integrate a family of 

human body models into a motorsport environment and simulate a series of representative 



xiv 

 

impacts. The goal of this project was twofold. First, analyze the injury risk of a 50th 

percentile male occupant through these impacts using a set of PMHS-derived injury risk 

functions. Second, use risk estimates from the M50-OS as a baseline in order to correlate 

how enhanced helmet systems and body size affect risk, by analyzing changes in the 

underlying injury metrics. HBM parametric studies such as this may provide an avenue to 

assist injury detection for motorsport incidents, improve triage effectiveness, and assist in 

the development of safety standards. 
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Chapter I: Introduction and Background 

I.  SPORTS INJURIES  

Sports-related head injury is a growing concern within the United States, where the 

Centers for Disease Control and Prevention estimates that 1.6 million to 3.8 million 

concussions occur in sports annually (Baugh, et al., 2015). The majority of concussions are 

reported from American Football, which has approximately 4.2 million total football 

participants in the United States each year (Dompier, et al., 2015; Kucera, 2017). Helmet 

safety has improved greatly in the past decade, largely due to more rigorous testing and 

grading systems. These include the independent Summation of Tests for the Analysis of 

Risk (STAR) evaluation system (Rowson, et al., 2015; Rowson, et al., 2011), the National 

Operating Committee on Standards for Athletic Equipment (NOCSAE)(NOCSAE, 2009), 

and annual testing by the National Football League (Funk, et al., 2017; Pellman, et al., 

2006; Viano, et al., 2012). Traditionally, head injury biomechanics research has relied on 

metrics to determine the likelihood of injury. These injury metrics utilize external 

measurements including kinematics and kinetics to estimate the internal response of the 

body. 

There are approximately 18,000 professional drivers throughout all NASCAR 

series’. Modern improvements in motorsport safety have drastically reduced injury and 

fatality rates among drivers. This improvement is due to safety innovations such as SAFER 

(Steel And Foam Energy Reduction) barriers (Faller, et al., 2006), energy-absorbing 

material within the vehicle, certified motorsports helmets, and driver restraint system. 

NASCAR (National Association for Stock Car Auto Racing, Inc) safety regulations require 
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national series drivers to wear an approved helmet and use a 7-point safety belt system with 

a head and neck restraint (HANS) device (Patalak et al., 2013). 

I.  MOTIVATION FOR FINITE ELEMENT MODELING IN SPORTS  

Increased awareness of injury risk within sports has led to a greater need for tools 

to study the various mechanisms of injury and develop effective countermeasures. 

Computational tools such as finite element (FE) models provide a cost-effective avenue for 

researchers to study, and potentially optimize safety tools, such as helmets. Finite element 

models for personal protective equipment (PPE) have been developed such as motorcycle 

helmets (Brands, et al.; Scott, 1997) and military helmets (Aare, et al., 2007; Tan, et al., 

2012; Zhang, et al., 2013), however, there is a relative lack of football helmet models 

available given the scope of their usage (Zhang, et al., 2003). Additionally, these FE models 

include computational human body models (HBMs) which can be used as tools to study 

injury prediction in accelerative loading environments.  

While well-protected through a variety of safety countermeasures, motorsports 

drivers can be exposed to a large variety of crash modes and severities. This, coupled with 

the driver restraint system, provides a unique challenge for researchers to identify at-risk 

crash scenarios. Furthermore, NASCAR drivers vary in terms of size, stature, and sex. 

Variation in occupant anthropometry has been shown to affect kinematics and kinetics but 

this effect has yet to be studied in motorsport crashes. Additionally, helmets are being 

outfitted with external attachments, such as visor mounted cameras, which may influence 

driver head kinematics. The effect that these enhanced helmet systems (EHS) have on 

injury risk is unknown. 
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I.  GLOBAL HUMAN BODY MODELS CONSORTIUM (GHBMC) 

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

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

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

2014). The Global Human Body Models Consortium (GHBMC) is a family of HBMs used 

to assess occupant and pedestrian safety for crash response in production vehicles. The 

GHBMC is an industry-sponsored and government-supported consortium with the aim of 

developing computational human models for the blunt injury environment. The family of 

GHBMC models includes 13 HBMs with various body sizes, postures, and complexity 

(Gayzik, et al., 2011; Schwartz, et al., 2015). The GHBMC average male occupant (M50-

O v4.4) finite element model is the 50th percentile male occupant model which has been 

validated at regional e.g. (DeWit, et al., 2012; Li, et al., 2010; Shin, et al., 2012; Soni, et 

al., 2015) and full-body levels e.g. (Hayes, et al., 2014; Toyota, 2010; Yang, et al., 2006). 

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

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

(174.9 cm) and weight (78.6 ± 0.77 kg), described by Gayzik et al. (Gayzik, et al., 2011; 

Gayzik, et al., 2012). The family of simplified occupant models (-OS) were developed as 

faster-running alternatives to the detailed models with a focus of outputting comparable 

kinematics and kinetics during blunt impact loading scenarios. The -OS models retain the 

same body habitus and bony structures as the detailed occupant models (-O) but have 

simplified soft tissue structures and reduced mesh density. Studies have shown a 32-fold 

reduction in runtime with minimal differences in head kinematics and chest compression 

when compared to the –O models (Decker, et al., 2017).  



4 

 

I.  DEVELOPMENT OF SPORTS PPE FINITE ELEMENT MODELS 

A representative finite element model of an American Football helmet was 

developed that could be used in further study of head injury to mitigate the toll of 

concussions in contact sports. The targeted helmet to model was a Schutt Air XP Pro 

football helmet and was developed through three major steps: geometry development, 

material characterization, and model validation. The fully assembled helmet model was fit 

onto a Hybrid III dummy head-neck model and NOCSAE head model and validated 

through a series of 67 representative impacts similar to those experienced by a football 

player. A visual overview of the development process for the helmet model can be seen in 

Figure 1. The kinematic and kinetic response of the model was compared to the response 

of the physical experiments, which included force, head linear acceleration, head angular 

velocity, and carriage acceleration. The outputs between the model and the physical tests 

were quantitatively evaluated using CORelation and Analysis (CORA). This helmet model 

has been released to the public as open source and is currently being used by researchers 

as a building block for innovation in the field of head safety. 

   
A B C 

Figure 1. A) Sagittal cross-section of a CT scan donned on a custom 3-D printed 

NOCSAE head form replica B) Rendered view of the CT scan of the full helmet C) 

Split view of the different components of the helmet mesh.  
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I.  HUMAN BODY MODELS IN MOTORSPORTS ENVIRONMENT 

Crashes in motorsports and NASCAR, in particular, are traditionally high severity 

impacts, meaning that any small change could have a significant impact on driver safety. 

Computational human body models (HBMs) are a form of finite element models that can 

be used as a tool to investigate injury mechanisms for complex loading environments. 

Although traditionally utilized for the assessment of occupant safety in production 

vehicles, HBMs have been used to analyze occupant safety in stock car auto racing 

(Katsuhara, et al., 2017; Patalak, et al., 2018). The advantages of the family of GHBMC 

simplified occupant models (-OS) afford themselves to be used in large scale parametric 

studies, as well as motorsport environments (Gaewsky, et al., 2019). Additionally, the 5th 

percentile female (F05-OS), 50th percentile male (M50-OS), and 95th percentile male 

occupant models (M95-OS) provide a representative range for the size and sex of drivers 

in NASCAR’s racing series’. The goal of this study was to integrate the family of –OS 

models into a NASCAR motorsport environment using a simulation-based approach and 

provide quantitative data on relative risk for on-track motorsport crashes. The family of –

OS models in the motorsport environment can be seen in Figure 2. A series of 

representative impacts, developed from real-world crash data, of varying severity (10kph 

≤ ∆V ≤ 100kph) and impact direction (~ 290° ≤ PDOF ≤ 20°) were conducted, resulting in 

45 total simulations. Kinematic and kinetic data from the human body models were output 

from each of the simulations and used to calculate AIS 1+, 2+, and 3+ injury risk through 

a variety of injury criteria and injury risk functions. Trends in injury metrics were analyzed 

among factors such as PDOF, ΔV, occupant size, and EHS.  
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F05-OS M50-OS M95-OS 

 

 
 

Figure 2. The three simplified occupant GHBMC human body models integrated 

into the motorsport environment.  
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I.  CHAPTER SUMMARIES 

Chapter II: Development and Multi-Scale Validation of a Finite Element Football 

Helmet Model 

Increased awareness of head injury risk within American Football has led to a 

greater need for tools to study head injury. Computational tools such as finite element (FE) 

models provide an avenue for researchers to study, and potentially optimize safety tools, 

such as helmets. A validated finite element helmet model could be used in further study of 

head injury to mitigate the toll of concussions in American football. The goal of this chapter 

was to develop an accurate and representative helmet model that could be used in further 

study of head injury to mitigate the toll of concussions in contact sports.  

Chapter III: Integration of a Family of Simplified Human Body Models into a 

Motorsport Environment 

While well-protected through a variety of safety countermeasures, motorsports 

drivers can be exposed to a large variety of crash modes. Computational human body 

models are currently used to assess occupant safety in production vehicles but have proven 

to be useful tools in studying non-traditional crash modes as well. However, there are 

numerous challenges associated with repositioning and integrating Finite Element Human 

Body Models (HBMs) into detailed crash environments. This chapter presents a procedure 

to integrate three HBMs into a NASCAR driver environment in preparation for large-scale 

simulation study. 

Chapter IV: Simulation-Based Assessment of Injury Risk for an Average Male 

Motorsport Driver 

Driver safety in NASCAR is currently performed through a series of ATD sled 

tests. Localized loading and corresponding injury risk of a driver during on-track impacts 
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has yet to be fully understood. Human body models have the ability to study this in detail 

and simplified human body models have the runtime efficiency needed to perform a 

parametric study. This chapter details a simulation-based approach to study injury risk 

through a series of representative impacts using a 50th percentile male human body model.  

Chapter V: Effect of body size and enhanced helmet systems (EHS) on risk for 

motorsport drivers 

The effect of driver anthropometry and enhanced helmet systems, including 

peripheral helmet add-ons, have on injury risk in motorsports is unknown. A simulation-

based approach can provide quantitative data on relative risk and can yield accurate 

estimates of which crash scenarios negatively affect NASCAR driver safety. The proposed 

suite of simulations will inform the design of subsequent laboratory tests. 

Table 1. Publication summary.  

Chapter Topic Journal Status 

II 
Development and Multi-Scale Validation of 

a Finite Element Football Helmet Model+ 

Annals of 

Biomedical 

Engineering 

Published 

IV 

Simulation-Based Assessment of Injury 

Risk for an Average Male Motorsport 

Driver 

Traffic Injury 

Prevention 
Accepted 

V 

Effect of body size and enhanced helmet 

systems (EHS) on risk for motorsport 

drivers 

Annals of 

Biomedical 

Engineering 

To be 

submitted 

* 

Evaluation of finite element human body 

models for use in a standardized protocol 

for pedestrian safety assessment+ 

Traffic Injury 

Prevention 
Published 

+Athanasiou Student Paper Award 
*Papers accepted during PhD tenure, not included in dissertation 
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II.  ABSTRACT 

Head injury is a growing concern within contact sports, including American 

football. Computational tools such as finite element (FE) models provide an avenue for 

researchers to study, and potentially optimize safety tools, such as helmets. The goal of this 

study was to develop an accurate representative helmet model that could be used in further 

study of head injury to mitigate the toll of concussions in contact sports. An FE model of 

a Schutt Air XP Pro football helmet was developed through three major steps: geometry 

development, material characterization, and model validation. The fully assembled helmet 

model was fit onto a Hybrid III dummy head-neck model and NOCSAE head model and 

validated through a series of 67 representative impacts similar to those experienced by a 

football player. The kinematic and kinetic response of the model was compared to the 

response of the physical experiments, which included force, head linear acceleration, head 

angular velocity, and carriage acceleration.  The outputs between the model and the 

physical tests were quantitatively evaluated using CORelation and Analysis (CORA), 

amounting to an overall averaged score of 0.76. The model described in this study has been 

extensively validated and can function as a building block for innovation in player safety. 
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II.  INTRODUCTION 

Sports-related head injury is a growing concern within the United States, where the 

Centers for Disease Control and Prevention estimates that 1.6 million to 3.8 million 

concussions occur in sports annually.(Baugh, et al., 2015) Most of the public attention 

regarding this issue has been focused on American football. There are approximately 4.2 

million total football participants in the United States each year among youth, high school, 

collegiate, professional, and other organized organizations, which equates to one of the 

highest participation rates of sports in the United States.(Dompier, et al., 2015; Kucera, 

2017) Public attention on football is justified, as it has one of the nation’s highest risks of 

concussion among sports.(Baugh, et al., 2015; Covassin, et al., 2003; Daneshvar, et al., 

2011; Lincoln, et al., 2011; Marar, et al., 2012; Powell, et al., 1999; Shankar, et al., 2007) 

The increased awareness of concussion risk has translated to a greater emphasis on 

technique (e.g. head-up tackling rather than head-first tackling)(Covassin, et al., 2012), rule 

changes (e.g. penalties for helmet-to-helmet contact), and engineering research and 

development focused on protective equipment.(Rowson, et al., 2011; Viano, et al., 2012) 

Helmet safety has improved greatly in the past decade, largely due to more rigorous 

testing and grading systems, such as the independent Summation of Tests for the Analysis 

of Risk (STAR) evaluation system(Rowson, et al., 2015; Rowson, et al., 2011), the 

National Operating Committee on Standards for Athletic Equipment 

(NOCSAE)(NOCSAE, 2009), and annual testing by the National Football League.(Funk, 

et al., 2017; Pellman, et al., 2006; Viano, et al., 2012) Two forms of STAR equations have 

been developed: the original Football STAR, which utilized a series of 24 drop tests to 

correlate peak resultant linear head acceleration to concussion incidence throughout a full 



4 

 

season (Rowson, et al., 2011), and the Hockey STAR, which analyzed both linear and 

angular head acceleration through a series of 12 pendulum impacts to predict concussion 

incidence.(Rowson, et al., 2015) NOCSAE certification tests helmets through a series of 

drop tests similar to the original STAR, where linear acceleration must fall below a certain 

threshold for the helmet to be certified.(NOCSAE, 2009) The NFL linear impactor helmet 

test encompasses 24 linear ram impacts to a helmeted Hybrid III (HIII) head-neck, with a 

neck attached to a sliding table. An injury risk metric (Combined Metric) was developed 

to rank overall helmet performance, which relates peak rotational head acceleration, peak 

rotational head velocity, and head injury criterion (HIC) across all 24 test conditions.(Funk, 

et al., 2017; Viano, et al., 2012)  

Traditionally, head injury biomechanics research has relied on metrics to determine 

the likelihood of injury. These injury metrics utilize external measurements including 

kinematics and kinetics to estimate the internal response of a body.(Funk, et al., 2006; 

Greenspan, et al., 1985; Rowson, et al., 2013; Rowson, et al., 2011; Takhounts, et al., 2013; 

Viano, et al., 2007; Viano, et al., 2005) Computational tools, such as finite element (FE) 

models, allow researchers to directly analyze the internal complex behavior of a system 

responsible for injury.(Takhounts, et al., 2008; Viano, et al., 2005) There are FE models of 

the human brain(Dixit, et al., 2017; Giudice, et al., 2018; Kang, et al., 1997; Mao, et al., 

2013; Miller, et al., 2019; Miller, et al., 2016; Miller, et al., 2017; Takhounts, et al., 2003; 

Willinger, et al., 1999), full body(Davis, et al., 2016; Gayzik, et al., 2012; Iwamoto, et al., 

2002), and anthropomorphic test dummies (ATD).(Noureddine, et al., 2002; Yu, et al., 

2004) All these models can be used to study injury but in different ways. In the ATD 

models, simulations can be used to calculate head injury metrics from the motion of the 
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head, like what is done with physical ATD’s. These injury metrics include head injury 

criterion (HIC) based on head CG linear acceleration(NHTSA, 1995) and brain injury 

criteria (BrIC) based on head CG rotational velocity.(Takhounts, et al., 2013), as well as 

other more recent studies including diffuse axonal multi-axis general evaluation 

(DAMAGE).(Gabler, et al., 2018) Human body FE models enable the study of the localized 

tissue response of vital organs (e.g. strain history within the brain) during an impact, which 

has been correlated to injury using metrics such as cumulative strain damage measure 

(CSDM)(Bandak, et al., 1994; Takhounts, et al., 2003) and the universal brain injury 

criterion (UBrIC).(Gabler, et al., 2018)  

Along with validated head models and injury prediction tools, there is a need for 

validated helmet models to more fully exploit modeling and simulation in the study of head 

injuries in contact sports. Because helmet rating agencies and head injury metrics both rely 

on head kinematics to determine injury risk, it is important to use kinematics to validate 

finite element models of helmets. Such finite element models will provide an avenue for 

researchers to study, and potentially optimize helmet performance.  

Finite element models for personal protective equipment (PPE) have been 

developed such as motorcycle helmets(Brands, et al.; Scott, 1997) and military 

helmets(Aare, et al., 2007; Tan, et al., 2012; Zhang, et al., 2013), however, there is a 

relative lack of football helmet models available given the scope of their usage.(Zhang, et 

al., 2003) The goal of this study was to develop an accurate representative helmet model 

that could be used in further study of head injury and broaden the ability of engineers and 

public health scientists to mitigate the toll of concussions in contact sports. The particular 

helmet modeled in this study was the Schutt Air XP Pro. The helmet was developed as part 
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of the National Football League (NFL) Engineering Roadmap and is one of a suite of open 

source computational helmet models and boundary conditions.(Giudice, et al., 2018) 

II. MATERIAL AND METHODS 

The FE model of a Schutt Air XP Pro football helmet (SEI 789102) was developed 

through five major steps: geometry extraction and development, finite element meshing, 

material characterization, model assembly, and multi-scale model validation. Five physical 

Schutt Air XP Pro helmets were acquired for scanning, material analysis, and general 

assembly reference.  

Scanning and Segmentation 

The geometry of the helmet was developed using various scanning, segmentation, 

and geometry processing techniques. Computed Tomography (CT) scanning was 

performed on a 64-slice GE VCT scanner (GE Healthcare, Milwaukee, WI). A variety of 

scans were obtained with the helmet fully assembled, fully disassembled, and fully 

assembled fit with a 3D-printed NOCSAE head form replica that was free of any metal to 

avoid artifact. All scans were performed at 0.6 mm cubic voxel resolution. Care was taken 

to remove and replace any metal components such as screws with nylon counterparts to 

minimize scanner artifact. Scan data of the fully assembled helmet was segmented part by 

part using the image segmentation software Mimics (v19.0, Materialise, Leuven, Belgium). 

The disassembled and fully assembled fit with a 3D head form scan data were utilized 

throughout the process as supplemental resources for component dimension and helmet fit 

verification.  
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Geometry and Mesh Development 

Segmentations were manually cleaned and saved as stereolithography files (.stl). 

These .stl files were imported and smoothed in Geomagic Studio (2014, 3dsystems, Rock 

Hill, South Carolina), were fit with CAD geometries if needed in Rhinoceros (v5.0, Robert 

McNeel & Associates, Seattle, Washington), and meshed using Hypermesh (2016, Altair 

Engineering, Troy, Michigan). Each part was split along the center sagittal plane in order 

to retain symmetry during development. A goal of the project was to be able to simulate a 

helmet impact on a personal computer within a reasonable amount of time. The various 

components of the helmet were meshed as 1D, 2D, or 3D elements to optimize 

effectiveness and efficiency of each part. Optimal element size for each component of the 

helmet was estimated by a simple timestep analysis prior to model development, which 

analyzed the timestep from a simple shape mesh of various element densities. The 

minimum allowable timestep was determined to be 5.0E-4 ms in order to target a total 

helmet runtime of 1 hour for a 50 ms simulation.  

   
A B C 

Figure 3. A) Sagittal cross-section of a CT scan donned on a custom 3-D printed 

NOCSAE head form replica B) Rendered view of the CT scan of the full helmet C) 

Split view of the different components of the helmet mesh.  
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A midline surface of the helmet shell was obtained from the segmentation data and 

re-meshed directly in Hypermesh with 2D quad elements. The facemask was created by 

fitting one-dimensional lines through evenly distributed midpoint measurements along the 

scan surface, which was then meshed as 1D elements. The two thicknesses of the facemask 

rails were modeled as two independent parts. The thickness of the facemask was measured 

at the underlying metal and can be found in the Appendix. The facemask was coated in a 

rubber material measuring 0.77 mm thick and was not included in the thickness of the 

facemask parts. This extra thickness was accounted for as a contact thickness. The conical 

absorbers were meshed with 2D quad elements of edge length 1 mm. The connecting ribs 

of the conical absorbers were modeled as their own component. Most elements within the 

model we allocated to the absorbers because they were deemed to have the highest 

importance in terms of energy absorption. Five different types of foam were found within 

the padding which were meshed with 3D hexahedral elements. The vinyl coating 

surrounding the foams was modeled with 2D quad elements along the coincident nodes of 

the outer surface of the foams. The thickness of the vinyl in the cheek pads was found to 

be 0.6 mm, where the rest of the vinyl was 0.5 mm and was modeled as such. Connections 

with the vinyl between foams made up five different pad components (Anterior, superior, 

posterior, and bilateral cheek pads). The chin cup and chin strap were meshed as 2D quad 

elements with a 1D beam connection of the distal ends of the strap connecting to the helmet 

shell at the respective locations of the chin strap buttons.  

Material Characterization 

Material characterization of the helmet was performed with tensile coupon testing and 

cylindrical compression testing. Tensile testing was performed across various strain rates 



9 

 

of 0.001/s (quasi-static) to upwards of 550/s. Slower rate tests under 100/s were performed 

on a custom device that allowed displacement-controlled conditions, and dynamic rate tests 

over 100/s were performed on a custom device that allowed for much higher strain rates 

with no displacement control. Digital image correlation was used to measure strains for all 

rates of testing. The tensile testing was performed using ASTM D368 Type V dogbone 

specimens on the materials shown in Table 2. Compression testing was performed on the 

helmet shell and foams. All conducted material testing was performed under uniaxial 

loading. Material characterization of the blue TPU conical absorber was limited due to the 

lack of adequate thickness required to measure compressive stresses. Instead, material 

properties of the conical absorber material were back-calculated using single cone finite 

element simulations matched to experiments. These single cones were subjected to two 

rates of axial compression, with a maximum displacement of approximately 10%, which 

was held for 10 seconds prior to unloading, performed on a custom test device (Veryst 

Engineering, Needham Heights, MA).  For the cones, the initial fit response, while true to 

the data was found to not adequately capture the full component response of the cones 

within the helmet. Because of this, an extra step was required to tune the material to better 

capture the response of the cones post-buckling.  More on this process can be found in the 

Results and Discussion.  A total of 9 material characterization tests were complete and are 

summarized in Table 2. Note that environmental factors such as temperature and humidity 

were not considered during model development. Material characterization was performed 

at Veryst Engineering, Needham Heights, MA. 
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Table 2. Material level validation cases.  

Test 
Mode and 

Evaluation 
Rate(s) Material Model Experiment 

Thermoplastic 

Outer Shell 

Tension 

𝜎 vs. 𝜀 

Monotonic: 

0.001/s, 

100/s, 430/s 

Johnson_Cook 
 

Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s 

Cyclic: 

0.1/s  

Conical 

Absorber 

Compression A 

F vs. D 

Monotonic: 

0.1 mm/s,  

50 mm/s 

Viscoelastic 

 

Vinyl Foam 

Covering 

Tension 

𝜎 vs. 𝜀 

Monotonic: 

0.05/s, 400/s 
Fabric 

 

Black Foam 
Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s, 430/s 
Fu_Chang_Foam 

 

High-Density 

Grey Foam 

Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s, 600/s 
Fu_Chang_Foam 

 

Low-Density 

Grey Foam 

Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s, 550/s 
Fu_Chang_Foam 

 

Yellow  

Foam 1 

Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s, 650/s 
Fu_Chang_Foam 

 

Yellow  

Foam 2 

Compression 

𝜎 vs. 𝜀 

Monotonic: 

0.1/s, 600/s 
Fu_Chang_Foam 

 

Chinstrap 
Tension 

𝜎 vs. 𝜀 

Monotonic: 

0.0005/s 
Elastic 

 
𝜎 – Engineering Stress, 𝜀 – Engineering Strain, F – Force, D – Displacement 
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Material models were created for each component using MCalibrate (Veryst 

Engineering, Needham Heights, MA) by matching single-element LS-Dyna (Livermore 

Software Technology Corporation, Livermore, CA) simulations to experimental results. 

Resulting material models minimized the normalized mean absolute difference between 

the simulation and the experimental evaluation criteria. Material models utilized in the 

helmet model can be found in Table 2, with the full validation data in the included 

appendix. Complete details of these materials can be found within the model itself (See 

download location in the Acknowledgments). 

The mass of the assembled helmet model was compared on a component level to 

the physical helmet measurements, with the total mass of the model within 2.5% of the 

physical helmet. This comparison, as well as the thicknesses of each model component, is 

shown in the Appendix. The model was developed and tested with specific time step targets 

for explicit time integration. To accomplish this, mass scaling was performed to a time step 

of 0.5 μs, which resulted in less than 5% added mass of the helmet. Without mass scaling, 

the time step of the model is 0.18 μs. 

Helmet Assembly 

The assembly of the physical helmet used a variety of fixation methods including 

screws, brackets, buttons, and Velcro. In order to replicate these in the finite element 

model, we used a variety of modeling techniques including constrained nodal rigid bodies 

(CNRB), tied contacts, and surface contacts. The facemask was attached to the helmet shell 

with CNRBs where physical plastic connections were present (Anterior and lateral). An 

automatic beam to surface contact was also utilized here for severe impacts where the 



12 

 

facemask comes in contact with the helmet shell. Within the physical helmet, the conical 

absorbers were attached to the helmet shell by screws, buttons, and Velcro attachments. 

Screw and button attachments were replicated within the model with CNRBs, while Velcro 

attachments were modeled as tied contacts. The padding components of the physical helmet 

were attached with Velcro to the conical absorbers, which were modeled with tied contacts 

within the model. Automatic single surface contacts were utilized for contact with the 

helmet shell, conical absorbers, and padding.  

The padding components within the physical helmet encompassed airflow systems 

that were categorized as open or closed air systems. The open systems contain air vents on 

the inferior portions of the vinyl which allow air to exit the system during compression, 

whereas, the closed systems are fully enclosed vinyl and can be inflated with a pump for 

fitting purposes. Numerical airbags were implemented to represent the air component of 

these padding systems. These airbags provide a control volume approach in relating 

pressure and volume. The venting of the pad systems was defined as a cross-sectional area, 

which was optimized to match component level pad response (Defined in Sub-Assembly 

Component Testing). 
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Figure 4. Assembled helmet model front view (Left), side view (Right), and sagittal 

cross-section view (Bottom). 

Sub-Assembly Component Testing 

A series of component level validation tests were performed at the sub-assembly 

level of the helmet. These tests include the previously described single cone compression, 

full padding compression, helmet shell compression, and facemask compression. Quasi-

static and dynamic compression testing was performed on both open and closed padding 

systems at 1 mm/s and 100 mm/s. The bottom plate of the testing setup was designed to 

allow to airflow to exit the vent openings of the open system. The closed pad system was 

tested at 0 psi. Quasi-static testing of the helmet shell and facemask was performed with 

an MTS Landmark Servohydraulic Test System at a speed of 0.1 mm/s. The helmet shell 



14 

 

was compressed in three directions: anterior-posterior, superior-inferior, and lateral, while 

the facemask was compressed in the anterior-posterior and lateral directions. Each 

component level test was replicated through simulation and compared to the experimental 

force-deflection data.  

Table 3. Shows the various component level testing setups.  

Test 
Mode and 

Evaluation 
Rate(s)  Simulation Experiment 

Meso-scale 
foam 

Compression 

F vs. D 

1 mm/s,  

100 mm/s 

 
 

 

Helmet 
Thermoplastic 

Shell 

Compression 

(A-P, S-I, 

Lateral) 

F vs. D 

0.1 mm/s 

  

Facemask 

Compression 

(A-P, 

Lateral) 

F vs. D 

0.1 mm/s  

  

QS – Quasi-static, Dyn – Dynamic, F – Force, D – Displacement, A – Anterior, P – 

Posterior, S – Superior, I – Inferior  

 

Helmet Donning 

The helmet model was donned on an FE model of a HIII head and neck and 

NOCSAE head form(Giudice, et al., 2018), which was then used for the respective impact 

test matrix shown in Table 4. The pre-fit helmet was first positioned on each head form 

using a variety of measurements including nose to helmet distance, despite mesh overlap 

of the components. Once in the desired position, the head form was uniformly scaled down 

until no longer intersecting with the helmet and gradually expanded through simulation to 

the original shape using the boundary prescribed final geometry function in LS-Dyna. Mid-
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plane nodes of the helmet model were constrained laterally and vertically to keep the 

helmet in place during the fitting simulation and to allow natural deformation. The process 

of fitting the helmet onto a head form can compress the foam components to a high degree. 

The stress of the deformed foam components was retained for further simulation using the 

initial foam reference geometry. This uses the pre-fit nodal locations of the foam to 

calculate the stress of the foams at the initial state of the simulation. The chinstrap was fit 

onto the NOCSAE and HIII head forms prior to the validation simulations. The chinstrap 

was defined in contact with the helmet shell, but not the cheek pads, in order to simplify 

this system and maximize stability. 

Validation Method 

All simulations were run in LS-Dyna (v7.1.2)(LSTC, 2014) on the Distributed 

Environment for Academic Computing (DEAC) high-performance computational cluster 

at Wake Forest University. The fully assembled helmet model was validated for the 

following three impact conditions: Pendulum Impact (PI), Linear Impact (LI), and Drop 

Impact (DI). The LI and PI conditions were performed with a Hybrid III head form, while 

the DI condition was performed with both a Hybrid III and NOCSAE head form. The 

Hybrid III and NOCSAE head forms were developed by the University of Virginia, Center 

for Applied Biomechanics and were modeled with a deformable head skin and rigid 

skull.(Giudice, et al., 2019) The DI conditions were modeled with a rigid neck, while the 

LI and PI conditions utilized the Hybrid III head-neck with a deformable neck system. The 

pendulum impact followed protocol per the current Star rating system developed at 

Virginia Tech(Rowson, et al., 2015; Rowson, et al., 2011) and was modeled with a 

deformable nylon impacting surface, while the LI condition was modeled with a 
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deformable nylon cap attached to a cylinder of vinyl nitrile foam.(Giudice, et al., 2019) 

The DI condition was model as a rigid connection between the head form neck and a drop 

carriage and a drop plate modeled with a deformable pad on the surface of a rigid plate. 

Each loading condition was performed at varying impact locations with a set of prescribed 

velocities, which are shown in the Appendix (Table A2 – A5). The final test matrix 

consisted of 12 VT pendulum tests, 24 linear impactor tests, 19 drop impact tests with the 

NOCSAE head form, and 12 drop tower tests with the HIII head form. Each simulation 

was run for 40 ms and a total of 67 simulations were performed and are described in Table 

4. The test data for the Schutt Air XP Pro was provided by Virginia Tech for the pendulum 

impacts, and Biomechanical Consulting and Research, LLC (Biocore) for the drop impacts 

and linear impacts. Details regarding each impact case can be found in Table 4 and a visual 

comparison of the test is shown in Figure 5. Further details regarding the development and 

use of the impactor models can be seen in Giudice et al. 2019.(Giudice, et al., 2019)  

The helmet model was validated through these impact conditions by comparing 

various kinematic and kinetic response to the physical experimental response, which 

included force, head linear acceleration, head angular velocity, and carriage acceleration 

(Table 4). A quantitative comparison of these measures was conducted using CORelation 

and Analysis (CORA)(Gehre, et al., 2009; Thunert, 2012), which is a widely used tool to 

validate computational FE models vs experimental data. This study utilized the cross-

correlation score which evaluates how similar two time-history curves match by comparing 

their phase, magnitude, and slope, and assigns a relative score from 0 to 1 where 1 

represents a perfect match. This method was applied for any desired directional measure 

for all test cases. CORA scores were calculated using default parameters from time 0 – 30 
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ms. The corridor rating was not used. A detailed explanation for the mathematical 

calculation of CORA can be referenced in the CORA user manual (Thunert, 2012 – 

Partnership for Dummy Technology and Biomechanics).(Thunert, 2012) Weighting factors 

based on experimental peak magnitude values were applied to calculate an average rating 

for a signal with orthogonal components. This weighting factor is referred to as the Test 

Magnitude Factor, or TMF, which is calculated by normalizing the peak value for each 

orthogonal signal of a single sensor (e.g. the X, Y, and Z signals) by the sum of peaks for 

each orthogonal signal as per Equation 1.(Rowson, et al., 2011) Weighting was only 

applied to the orthogonal component signals from the same sensor. 

𝑇𝑀𝐹 =
𝑅𝑖

𝑅𝑥 + 𝑅𝑦 + 𝑅𝑧
 (1) 

The peak value of the test trace of a given signal is defined as Ri was applied to the 

orthogonal component signals from the same sensor. The magnitude factor is then applied 

to the CORA score for each respective orthogonal signal and the sum of these magnitude 

weighted signals yield a final CORA score for the sensor. An overall score for a given 

impact condition is obtained by averaging the scores of all test sensors. The overall score 

of helmet validation is the mean of all tests conducted.  
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Table 4. Summary of the impact conditions and outputs used for helmet validation.  

Impact 

Condition 

Dummy 

Head 

Form 

Impact 

Location 

Impact Velocity 

(m/s) 
Outputs 

Pendulum 

Impact 
HIII 

Back, Front,  

Front Boss, 

Side 

3.0; 4.6; 6.1 
CA (X), HLA (X,Y,Z), 

HAV (X,Y,Z) 

Linear 

Impactor 
HIII 

A, AP, B, C,  

D, F, R, UT 
5.5; 7.4; 9.3 

F (X,Y,Z), CA (X), 

HLA (X,Y,Z), HAV 

(X,Y,Z) 

Drop 

Impact 

HIII 
Back, Front,  

Side, Top 
2.9; 4.9; 6.0 

F (X,Z), CA (Z), HLA 

(X,Z) 

NOCSAE 

Back, Front, 

Mask, Side, 

Top 

2.9; 3.7; 4.9; 6.0 
F (X,Z), CA (Z), HLA 

(X,Z) 

F – Force, CA – Carriage Acceleration, HLA – Head Linear Acceleration, HAV – Head 

Angular Velocity 

 

Pendulum Impact Linear Impact Drop Impact 

   

Figure 5. Visual overview of the three impact conditions used for helmet validation. 

HIII head form is shown. 

II.  RESULTS 

Material Characterization 

The tension stress-strain response of thermoplastic outer shell was most comparable 

for the dynamic tests of 100/s and 430/s, while the monotonic and cyclic quasi-static 

compression tests showed good peak response comparison but did not capture the 

relaxation phase of the experimental response (Figure A1). Regarding the foam material 
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characterization, monotonic compression response matched well for each of the foams and 

the foams themselves exhibit a stable response. The stability of these foams was considered 

a high priority as they would experience severe deformations and would be the most likely 

cause for simulation error terminations. During the cyclic quasi-static compression tests, 

the simulation matches the loading portion shape and peak response of the experimental 

data but did not completely capture the unloading portion of the test data (Figure A3). 

Tensile response of the vinyl padding covering matched well between the simulation and 

experimental data in the 400/s rate and overestimated stiffness the quasi-static response. 

This is due to the lack of rate dependency for the *Mat_Fabric material model used for the 

vinyl padding. It was fit to the high rate tension data because it was closer to the rates that 

we would expect the material to undergo during an impact (Figure A3).  

Initial single cone compression results for the simulation (not shown) matched the 

experimental data but the full helmet response in all tests when donned with a head form 

underestimated the observed impact forces.  Thus a tuned response was used to match the 

full helmet response.  This overestimated both the dynamic (50 mm/s) and quasi-static (0.1 

mm/s) rates (Figure A5).  This was justified because the cones were not tested at rates and 

deflection values approaching those experienced in full-helmet simulations (e.g. 3 – 10 

m/s) based on test equipment limitations. While the single cone controlled testing here 

overestimated the structural response, the response begins to approach the data from quasi-

static to dynamic rates. It’s possible that at higher rates and greater buckling it would 

continue to approach the true response.  More on this specific point can be found in the 

Discussion. Chinstrap material response was very similar between the simulation and 

experiment up to 5% strain, which is similar to the maximum chinstrap strain that we 
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observed in the full-helmet impacts.  Plots of the material level validation for each 

component of the helmet model can be found in the Appendix. 

Sub-Assembly Component Testing  

Compression response of the facemask was comparable between simulation and 

experiment for both the anterior-posterior and lateral compression (Figure A8). The 

simulation underestimated stiffness of the thermoplastic outer shell for each direction of 

compression but the shape of the curves are similar. These component tests were only 

performed at quasi-static rates due to equipment restrictions. The complex nature of 

positioning the helmets and modeling the friction of the contact surfaces for these tests may 

explain this discrepancy (Figure A9). The simulation response of both the open and closed 

foam component compression tests was similar to the experimental data in the loading 

regime. The open foam simulation results over-estimate peak force, while the closed foam 

is similar to the experiment. The unloading portion of the closed foam more closely 

represents the data than the open foam response. Both the open and closed foam 

components show rate dependency (Figure A10). Plots of the component level validation 

for each component of the helmet model can be found in the Appendix. 

Full Helmet Response 

The helmet model presented in this work is freely available via download along 

with the previously published head forms (See Acknowledgements). The total number of 

simulations run to develop and validate the helmet model, from material validation to full 

helmet impacts, amounted to 96 simulations. The helmet model was validated against a 

series of 67 experimental impacts including 12 VT pendulum tests, 24 linear impactor tests, 
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19 drop impact tests with the NOCSAE head form, and 12 drop tower tests with the HIII 

head form. Each of these full-helmet simulations normal terminated. Validation criteria 

included various outputs which varied between the test setups and can be seen in Table 4. 

Simulation kinematics and force outputs were generally comparable to experimental data 

for the varying test setups. A complete collection of trace comparisons may be found in the 

referenced data repository. Each helmet simulation was compared to the experiment 

quantitatively, with CORA, and qualitatively by trace comparison and visual time histories. 

This was to ensure that the resulting scores were achieved through expected and repeatable 

response of the helmet model. (i.e. that the model behaved similarly to the physical helmet 

during impact.) An example of this process is shown in Table 5.  
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Table 5. Example comparison for each of the boundary condition setups for a single 

trace within the given boundary condition at a set impact speed and location. The 

CORA score provided was calculated from the provided trace. A visual comparison 

of the model and experiment is shown as well. Note that there was no recorded video 

for the pendulum impactor experiments.  
 Trace Comparison Simulation Experiment 

L
I:

 A
 5

.5
 m

/s
 

 
CORA=0.874   

N
O

C
S

A
E

 D
I:

 F
ro

n
t 

6
.0

 m
/s

 

 
CORA=0.936   

H
II

I 
D

I:
 F

ro
n
t 

4
.9

 m
/s

 

 
CORA=0.982   

P
I:

 S
id

e 
6
.1

 m
/s

 

 
CORA=0.926  

NA 

NA - Video was not available for comparison from the physical pendulum impact tests. 
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Overall CORA scores and standard deviations for each impact condition are shown 

in Table 6. Total CORA scores ranged from 0.7 – 0.8, which is analogous to other helmet 

models(Bustamante, et al., 2019) or finite element validation studies in general.(Davis, et 

al., 2016; Decker, et al., 2017; Giudice, et al., 2019; Pietsch, et al., 2016; Vavalle, et al., 

2015) Scores for individual output traces ranged from 0.5 to 0.95. Head kinematics of the 

simulations generally followed the shape of the experimental traces, even with more 

complex bi-modal responses. Peak forces aligned well in most simulations, but varied in 

accuracy within certain test setups, with the HIII drop impacts showing the most variability. 

Carriage accelerations showed high levels of agreement. Further details on CORA and the 

calculation of these values can be found in the methods section. A complete breakdown of 

the CORA results including all the impact locations and speeds, as well as scores for the 

individual outputs, can be found in the Appendix.  

Table 6. Overall CORA score averages and standard deviations for all of the 

simulations within each impact condition.  

Overall Weighted 

CORA Score 

Drop Tower 

NOCSAE 

Drop Tower 

HIII 

Linear 

Impactor 
Pendulum 

0.785 ± 0.081 0.709 ± 0.09 0.779 ± 0.049 0.781 ± 0.102 

 

II.  DISCUSSION 

A finite element model of an American football helmet was developed and 

validated through a rigorous series of impact conditions, including material and component 

level validation. Physical measurements such as size, shape, and mass of the individual 

components, along with the fully assembled helmet, were within reasonable tolerances. 

The model has shown the ability to obtain kinematic and force response comparable to 
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experimental data through many different directional loading scenarios.  Given existing 

ATD and human body models, and established injury criteria based on acceleration or 

strain, this model can be viewed as another tool for engineers and biomechanists to advance 

head injury research. 

The two different ATD head forms did not have a definitive impact on comparisons. 

The drop tests with the NOCSAE head showed better correlation than the HIII head, while 

the linear impactor and pendulum tests both used the HIII head and showed similar scores 

to the NOCSAE head drop tests. Impact response had some degree of sensitivity to the 

position of the helmet on the head form and the same helmet fit was used for all HIII test 

cases. Slight differences in the position of the helmet between experimental test setups and 

individual loading scenarios may have some influence in the differences seen in the 

response comparison. Within the NOCSAE head form drop impact test matrix, the back 

and facemask impacts were used to test robustness and were not used for CORA evaluation. 

This is due to excessive rotation in the nominally rigid connection during testing, which 

could not be captured in the model. Additionally, the NOCSAE head form facemask drop 

was only tested at 2.9, 3.7, and 4.9 m/s.  

There were some limitations during the modeling and validation process. In the 

physical helmet, the foam for the helmet pads are free-floating within the grey vinyl. The 

modeling approach of meshing the 2D vinyl along coincident nodes of the 3D foam was 

chosen to minimize contacts and maximize the stability of the model. Material testing data 

for the vinyl foam covering was gathered and an initial hyperelastic material model was 

developed. However, in order to use this covering to model the air component of these pads 

using airbags, the vinyl was assigned a fabric material.  
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The force response of the helmet impacts appeared to rely heavily on the buckling 

properties of the conical absorbers, which were seen to not plastically deform when fully 

compressed in physical testing. This buckling response appeared during impacts a 5 m/s 

and above generally, which encompasses over half of the simulated impacts. The cone 

material characterization test did not reach this level of deformation, and thus did not 

capture this buckling behavior, so we were unable to compare the response of the cones 

post-buckling between the simulation and experimental data. In the Appendix, we have 

provided a visual comparison of the cone buckling between the single cone compression 

test and two full-helmet impacts (Figure A6). We have also provided stress heat map 

images for the components of the helmet during an impact (Figure A12). While a single 

cone was tested, in the helmet design there are several unique anatomical features of the 

conical absorbers (e.g. interconnects and variable cones sizes) which presented a challenge 

to develop a characteristic material model. A constitutive model that fit the cone 

characterization test well, provided much too soft of a macro response in the full helmet 

impacts. Therefore, the material of the cones was chosen that would not plastically deform, 

capture reasonable pre-buckling behavior in the cone compression tests, and retain enough 

stiffness post-buckling to achieve realistic response in full-helmet impacts. We decided 

that a tuned response of a complex geometry was better than a fundamentally flawed 

material response (plastic deformation after impact). It should also be noted that the conical 

absorber component of the helmet is composed of over a hundred individual cones, most 

of which are not aligned perfectly normal to the shell of the helmet. This yields a much 

more complex system for loading than a single cone axial compression test. Off-axis and 
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shear testing of the cones would have been useful data to validate with the simulation but 

was not performed due to equipment limitations.  

During the simulation, the helmet model had 3% added mass total, 55% of which 

came from the conical absorbers, equating an 8% increase in the conical absorbers 

themselves. These are tolerable values and are to be expected when the conical absorbers 

have the smallest timestep and the most elements of any part in the helmet.  

There were two cases where the time interval for CORA was altered from the first 

30 ms to 20 ms. The experimental traces of the 6.1 m/s side and back pendulum impacts 

displayed a noisy increase in carriage acceleration from 20 – 30 ms. The behavior of the 

helmet during this noise could not be determined due to the lack of video recordings. 

However, it occurs after the impact and was determined to be reasonable to exclude from 

the CORA evaluation. Regarding the linear impactor frontal impacts, video from the 

physical test showed that the nylon cap – vinyl nitrile foam interface separated from the 

impactor after impact with the helmet. This behavior was not possible in the simulations 

as these components were fixed together. This could influence the results since the 

impactor may restrict the helmet/head motion in FE simulation. Also, note that the 1D 

component of the chinstrap is defined as an elastic spring discrete beam and has a default 

initial force of 40 N. This is to ensure that the chinstrap is snug with the head form prior to 

impact. Environmental factors such as temperature and humidity were not considered 

during model development. It should be noted that a goal of the project was to be able to 

simulate a helmet impact on a personal computer within a reasonable amount of time. We 

found that a 30 ms simulation with this helmet model could run in approximately 3 hours 
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on a desktop workstation (Intel Core i7-4790K, 16 GB memory), however, performance 

will vary among computers.  

Head injuries in contact sports, particularly American football occur at relatively 

high rates in comparisons to other sports and helmets are the player’s primary source of 

head protection(Caccese, et al., 2016; Rowson, et al., 2015; Rowson, et al., 2011). Finite 

element computational models provide a tool for researchers to study and potentially 

optimize helmet designs for better player protection. This finite element helmet model can 

be used in conjunction with ATD and human body models to study the relationship 

between helmet characteristics and head injury prevalence. This can help streamline the 

process of designing and testing helmets, which in turn may help reduce cost and improve 

helmet performance. The modeling processes shown here may also help influence the 

development of helmets in other applications such as other sports and motorsports.  

In conclusion, the model described in this study has been extensively validated and 

can function as a building block for innovation in player safety. These publicly available 

FE models will function as a platform and baseline resource for injury prevention research 

in order to stimulate the development of novel, effective helmet designs. 
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II. APPENDIX 

Physical Measurement Comparison 

Table A1. Physical thickness of model components and a mass comparison between 

the model and physical helmet. 

Component 
Thickness 

(mm) 
Measured Mass (kg) Model Mass (kg) 

Facemask 5.19 / 6.15 0.451 0.452 

Outer Shell 3.55 0.673 0.673 

Conical Absorbers 1.09 0.281 0.292 

Vinyl Foam 

Covering 
0.50 / 0.60 

0.203 0.26 

Foams 7.5 – 11.9 

Chin Cup/Strap 2.00 0.062 0.035 

Total ~ 1.670 1.712 
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Material Testing Validation 

 

  

  

 

Figure A1. Material testing validation for the thermoplastic outer shell. 
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Figure A2. Visualizes the position of each type of foam tested relative to the helmet.  
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Figure A3. Material testing validation for the foam. 

 

 

  

Figure A4. Material testing validation for the vinyl padding covering. 

 

 

-0.6

-0.5

-0.4

-0.3

-0.2

-0.1

0

-0.8 -0.6 -0.4 -0.2 0

En
gi

n
ee

ri
n

g 
St

re
ss

 (
M

P
a)

Engineering Strain

Cyclic Compression 0.1/s

-6

-5

-4

-3

-2

-1

0

-0.8 -0.6 -0.4 -0.2 0

En
gi

n
ee

ri
n

g 
St

re
ss

 (
M

P
a)

Engineering Strain

Monotonic Compression 600/s

0100
0 0.05 0.1

E n
…

Engineering Strain
Uniaxial Tension …Test Sim

0

2

4

6

8

10

12

14

16

0 0.2 0.4 0.6 0.8 1

St
re

ss
 (

M
P

a)

Strain

Monotonic Tension 0.05/s

0

2

4

6

8

10

12

14

16

0 0.2 0.4 0.6 0.8 1

St
re

ss
 (

M
P

a)

Strain

Monotonic Tension 400/s

0100
0 0.05 0.1

E n
…

Engineering Strain
Uniaxial Tension …Test Sim



38 

 

  

Figure A5. Material testing validation for the conical absorbers. 
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Figure A6. Shows varying degrees of conical absorber buckling between the single 

cone compression test and the full-helmet 4.9 m/s frontal Hybrid III drop test. A) 

Single cone compression test at max deflection B) Compression of the conical 

absorbers at the start of the simulation C) Compression of the conical absorbers at 
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10 ms. Note that parts of the helmet have been visually hidden to highlight the 

conical absorber response.  

 

 

 

 
Figure A7. Material testing validation for the chinstrap. 
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Component Testing Validation 

 

  
Figure A8. Component level testing validation for the facemask. 

 

  

 
Figure A9. Component level testing validation for the thermoplastic outer shell. The 

data begins after an initial preloading. 
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Figure A10. Component level testing validation for the meso-scale padding. High 

rate 10 m/s filtered 10,000 Hz SAE ms. 
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Validation Test Overview 

Table A2. Linear impactor (LI) validation tests. 

Impact 

Configuration 
Evaluation Criteria 

Simulation Experiment 

 

Impact 

Velocity 

[m/s] 

Force 

versus 

Time 

Linear 

Acceleration 

versus Time 

Angular 

Velocity 

A 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

AP 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

B 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

C 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

D 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

F 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

R 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 
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UT 

5.5 

7.4 

9.3 

Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

  

 

Table A3. Drop tower (DI) validation tests with NOCSAE head form. 

Impact 

Configuration 
Evaluation Criteria 

Simulation Experiment 

 

Drop 

Height 

[ft] 

Force 

versus 

Time 

Linear Acceleration 

versus Time 

Back* 

1.6 

2.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(X) 

Carriage 

Acc. Z 

  

Front 

1.6 

2.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XZ) 

Carriage 

Acc. Z 

  

Mask* 

1.6 

2.6 

4.6 

Contact 

Force 

(XZ) 

Head CG 

(X) 

Carriage 

Acc. Z 

  

Side 

1.6 

2.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(YZ) 

Carriage 

Acc. Z 

  

Top 

1.6 

2.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XZ) 

Carriage 

Acc. Z 
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Table A4. Drop tower (DI) validation tests with HIII head form. 

Impact 

Configuration 
Evaluation Criteria 

Simulation Experiment 

 

Drop 

Height 

[ft] 

Force 

versus 

Time 

Linear Acceleration 

versus Time 

Back 

1.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XYZ) 

Carriage 

Acc. Z 

  

Front 

1.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XYZ) 

Carriage 

Acc. Z 

  

Side 

1.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XYZ) 

Carriage 

Acc. Z 

  

Top 

1.6 

4.6 

7.0 

Contact 

Force 

(XZ) 

Head CG 

(XYZ) 

Carriage 

Acc. Z 
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Table A5. Pendulum impact (PI) validation tests. 

Impact 

Configuration 
Evaluation Criteria 

Simulation 

 

Impact 

Velocity 

[m/s] 

Force 

versus 

Time 

Linear Acceleration 

versus Time 

Angular 

Velocity 

Front 

3.0 Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

 

4.6 

6.1 

Front 

Boss 

3.0 Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

 

4.6 

6.1 

Side 

3.0 
Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

 

4.6 

6.1 

Back 

3.0 Contact 

Force 

(Impact 

direction) 

Head 

CG 

(XYZ) 

Impactor 

(Impact 

direction) 

Head CG 

(XYZ) 

 

4.6 

6.1 
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Figure A11. Fitting of helmet onto a HIII head form. 

 

 
A 

 
B 

 
C 

 
D 

Figure A12. Visual heat map of first principle stress experienced by A) 

Thermoplastic outer shell, B) Conical absorbers, C) Foam, D) Chinstrap in the 6.1 

m/s front boss pendulum impact.  
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Table A6. Breakdown of the various helmet components in terms of element type, 

size, and total element number. 

Component Element Type 
Element Edge 

Length (Approx.) 
# Elements 

Facemask 1D Beam 10 mm 202 

Helmet Shell 2D Quad 3 mm 22,418 

Conical 

Absorbers 
2D Quad 1 mm 225,673 

Vinyl Covering 2D Quad 3.5 mm 12,926 

Foams 3D Hexahedral 3 – 3.5 mm 13,284 

Chin Cup 2D Quad 3 mm 780 

Chin Strap 
2D Quad / 1D 

Beam 

3.1 mm / single 

beam 
870 / 4 

Full Helmet   276,157 

*Vinyl covering shares coincident nodes with underlying foam. 
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Correlation Analysis 

Table A7. CORA scores for the pendulum impact (PI) with hybrid III head form. 

Pendulum Impact (PI) 

CORA Carriage_Accel Accel Ang_Vel Total 

Front_1 0.821 0.756 0.543 0.706 

Front_2 0.629 0.695 0.647 0.657 

Front_3 0.535 0.649 0.646 0.610 

Front_Boss_1 0.758 0.582 0.720 0.687 

Front_Boss_2 0.778 0.645 0.833 0.752 

Front_Boss_3 0.662 0.603 0.753 0.672 

Back_1 0.804 0.822 0.836 0.820 

Back_2 0.946 0.894 0.868 0.902 

Back_3 0.860 0.780 0.894 0.845 

Side_1 0.839 0.815 0.865 0.840 

Side_2 0.922 0.893 0.906 0.907 

Side_3 0.926 0.871 0.904 0.900 
    0.775 

 

  



49 

 

Table A8. CORA scores for the linear impact (LI) with hybrid III head form. 

Linear Impact (LI) 

CORA Carriage_Accel Head_Lin_Accel Head_Ang_Vel Force Total 

AP_5 0.862 0.741 0.707 0.726 0.759 

AP_7 0.757 0.721 0.832 0.755 0.766 

AP_9 0.882 0.793 0.832 0.852 0.840 

A_5 0.864 0.805 0.676 0.792 0.784 

A_7 0.917 0.761 0.720 0.816 0.804 

A_9 0.567 0.775 0.689 0.777 0.702 

B_5 0.930 0.866 0.821 0.719 0.834 

B_7 0.917 0.865 0.874 0.741 0.850 

B_9 0.933 0.862 0.881 0.787 0.866 

C_5 0.871 0.835 0.740 0.866 0.828 

C_7 0.869 0.818 0.738 0.822 0.812 

C_9 0.872 0.812 0.724 0.825 0.808 

D_5 0.825 0.779 0.896 0.665 0.791 

D_7 0.831 0.784 0.905 0.655 0.794 

D_9 0.728 0.789 0.875 0.663 0.764 

F_5 0.645 0.673 0.641 0.728 0.672 

F_7 0.838 0.671 0.668 0.783 0.740 

F_9 0.649 0.796 0.724 0.676 0.711 

R_5 0.865 0.804 0.687 0.772 0.782 

R_7 0.861 0.791 0.738 0.780 0.793 

R_9 0.825 0.813 0.790 0.812 0.810 

UT_5 0.750 0.752 0.821 0.679 0.750 

UT_7 0.766 0.769 0.760 0.660 0.739 

UT_9 0.588 0.768 0.769 0.694 0.705 
     0.779 
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Table A9. CORA scores for the drop impact (DI) with NOCSAE head form. 

Drop Impact NOCSAE (DI) 

CORA Carriage_Accel Accel Force Total 

Front_1 0.980 0.820 0.838 0.879 

Front_2 0.899 0.829 0.789 0.839 

Front_3 0.854 0.850 0.798 0.834 

Front_4 0.882 0.805 0.827 0.838 

Top_1 0.753 0.531 0.712 0.665 

Top_2 0.689 0.626 0.508 0.608 

Top_3 0.816 0.633 0.711 0.720 

Top_4 0.872 0.618 0.789 0.759 

Side_1 0.889 0.567 0.810 0.755 

Side_2 0.956 0.719 0.871 0.848 

Side_3 0.973 0.702 0.906 0.860 

Side_4 0.954 0.625 0.864 0.814 
    0.785 

 

Table A10. CORA scores for the drop impact (DI) with Hybrid III head form. 

Drop Impact Hybrid III (DI) 

CORA Carriage_Accel Accel Force Total 

Front_1 0.851 0.808 0.805 0.821 

Front_3 0.897 0.837 0.911 0.882 

Front_4 0.911 0.774 0.885 0.857 

Back_1 0.808 0.578 0.689 0.692 

Back_3 0.752 0.648 0.680 0.693 

Back_4 0.691 0.669 0.728 0.696 

Top_1 0.665 0.539 0.551 0.585 

Top_3 0.790 0.600 0.597 0.662 

Top_4 0.697 0.573 0.654 0.641 

Side_1 0.682 0.588 0.614 0.628 

Side_3 0.798 0.576 0.725 0.699 

Side_4 0.726 0.534 0.704 0.654 
    0.709 
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Figure A13. Histogram showing the distribution of CORA scores for each boundary 

condition setup by number of simulations for each range of CORA scores. 
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III.  MOTORSPORT ENVIRONMENT SETUP 

A multi-step process was utilized to integrate the F05-OS, M50-OS, and M95-OS 

into a motorsport environment to represent a seated driver. This included meshing and 

assembling the various components of the environment, fitting a motorsport helmet model 

onto the HBMs, settling the HBMs into the appropriate posture, and simulating a poured 

foam insert around the body. The finite element mesh of the seat and steering wheel were 

created using CAD provided by the sponsor. Three components make up the driver’s seat: 

structural carbon fiber shell, inner foam, and head surround. Two-dimensional triangular 

elements were utilized for the carbon fiber shell, while the inner foam and head surround 

were modeled with three-dimensional tetrahedral elements. The inner foam and head 

surround shared nodes at the connecting boundary with the carbon fiber shell and were 

defined with the same foam material. More details regarding the testing and specific 

properties of this foam material can be found in the SFI foam spec sheet referenced in the 

bibliography (SFI Foundation, 2013).  

A portion of the inferior part of the carbon fiber shell was defined as rigid and 

constrained to a rigid sled base. This base acted as the source of motion for the simulation, 

which all rigid parts were constrained to. The steering wheel was modeled as four 

components: rigid steering column, spokes constrained to the steering column, U-shaped 

rim nodally connected to the spokes, and rim foam covering. The steering column, spokes, 

and rim were modeled using two-dimensional quad elements, while the foam was 

comprised of three-dimensional hexahedral elements that were created by extruding the 

mesh of the rim outwards. A steel material with a thickness of 3.048 mm was used for the 

spokes and rim, while a simple elastic material was used for the rim foam covering. 
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Additionally, a simplified leg enclosure was created using basic mesh functions and acted 

as an approximation of what is physically in the vehicle. This included left and right rigid 

leg extensions, footpan, and toe board to prevent the feet from flailing. Lateral foam was 

created off of the leg extensions and a knee knocker was modeled with a central rigid plate 

constrained to the sled base with foam extending from the left and right sides of the plate 

2.5 cm.  

III.  HELMET DONNING 

Prior to the gravity settling, a motorsport helmet model, provided by the sponsor, 

was donned onto the head of the three HBMs. Physical helmet size was matched for each 

HBM by correlating the head circumference to helmet size using a sizing chart. According 

to this, the M95-OS would fit a large, the M50-OS fit a medium, and the F05-OS fit an 

extra-small. Several motorsport helmet manufacturers utilize the same outer shell across 

helmet size and vary the amount of foam fill within the helmet to accommodate for 

different sized heads. In light of this, any void space between EPS foam and the head was 

numerically filled, with the assumption that the helmet fits well on the head of the driver. 

This was accomplished using a standardized fitting procedure defined by previous studies 

using American Football Helmets (Decker, et al., 2020). This includes positioning the pre-

fit helmet onto the HBM head, then scaling down the head until no longer intersecting with 

the internal helmet components, and ultimately expanding the head back to its original 

position through simulation using the boundary prescribed final geometry function in LS-

Dyna. This simulation gradually expands the inner components of the helmet outward as 

the head expands, resulting in a helmet that is form-fit to the head. The stress of the 

deformed foam components of the helmet was retained for future simulations using the 
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initial foam reference geometry function in LS-Dyna. The pre-fit nodal locations of the 

foam are used to calculate the stress of the foam at the initial state for any additional 

simulation. A chinstrap was also fit under the chin following the fitting process. 

Three EHS helmet configurations were created: 1) a helmet with no attachments 

(Bare), a helmet with a visor (Visor), and helmet with a visor and camera (Visor+Camera). 

These helmet configurations can be seen in Figure 17. The visor and camera were meshed 

with 2D elements from CAD data and the deformable visor was defined as an elastic 

material model. Both the CAD and material model were provided by the sponsor. The visor 

was connected to the face shield by two numerical joints, whose rotational stiffness was 

defined to match that of the screw connection on the physical helmet. The camera was 

defined as a rigid part with a centrally constrained mass node representing the mass of in-

use cameras. The camera was rigidly mounted to the visor and has a camera wire defined 

as a 1D beam attached to the helmet shell. Implementation of these add-ons was done after 

settling and belting to ensure that all aspects of the matched-pair simulations were the same 

with the exception of the helmet configuration. 

Bare Visor Visor+Camera 

   

Figure 6. Motorsport helmet models with Enhanced Helmet Systems (EHS).  
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III.  HBM INTEGRATION 

Following helmet donning, the HBMs were gravity-settled into a seated driver 

position. The complex geometry of the inner seat foam would not allow for traditional 

gravity settling. A simplified contour of the inner seat foam mesh without lateral supports 

was created specifically for this settling purpose. Nodes from the settled model were 

extracted at the state where the flesh under the buttocks and back was fully engaged with 

the seat. This was approximately 170 ms of gravity settle simulation time. The family of -

OS models has a built-in pre-simulation positioner which allows the movement of the 

extremities without simulation (Schwartz, et al., 2015). Using this functionality, the legs 

were positioned to match the thigh-knee-foot angle of 120⁰ and the arms were positioned 

for each steering wheel orientation so that the hands rested slightly above the steering 

wheel spokes. Intersections between the HBMs and the motorsport environment were 

avoided during the positioning process. A one-dimensional beam connecting the trapezium 

bone of the hand to the steering wheel rim was modeled with a breaking force of 490 N, 

780 N, 980 N for the F05, M50, and M95 respectively. This was to represent the breakaway 

strength of the hands during an impact (Somers, et al., 2017). As previously mentioned, 

the inner seat foam is specific for each driver and is a poured SFI 45.2 foam to match the 

geometry of the driver’s body (SFI Foundation, 2013). This process was simulated by 

projecting surface nodes of the foam to the body geometry, smoothing the foam interface, 

and using the boundary prescribed final geometry function in LS-Dyna to expand the foam. 

Gaps between the foam and the shoulders, helmet, and HANS device were kept to realistic 

distances observed with drivers.   
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III.  BELTING 

Once the seat foam was form fit to the body, the HBMs were belted with a 7-point 

harness, consisting of two shoulder belts, two lap belts, and two anti-submarine belts with 

a width of 4.5 cm wide, and one negative-G belt with a width of 2.5 cm. Each of the belts 

was modeled with two-dimensional shell elements and one-dimensional seatbelt elements, 

which connect the shell elements to a camlock and to rigid termination points within the 

seat. The shoulder belts were routed over the HANS device and into the rigid termination 

points at a width of 20 cm apart. Numerical seatbelt retractor systems were implemented 

for the shoulder and lap belts and were pretensioned to 44.5 and 164.6 N respectively. This 

pretension force was used to simulate the tightening of the belts to the driver. Pretension 

was applied to the model during the first 40 ms of the simulation, at which point the 

retractors would lock and prevent any belt payout. The belt system used in this study was 

adopted from previous motorsports simulation work (Patalak, et al., 2018). An additional 

belt system was implemented for the HANS device to replicate the tether that runs through 

guides on the back of the device and connects to the helmet. This was modeled using one-

dimensional seatbelt elements which pass through three numerical slip rings constrained to 

the HANS device and terminate on the outer shell of the helmet. This tether is traditionally 

45.7 cm for an average-sized male and is slack to allow for the driver to move their head. 

To account for this in the model, slack was numerically defined for the two bilateral 

elements connected to the helmet shell so that the fully extended tether equals 45.7 cm.  

III.  STEERING WHEEL ORIENTATION 

Steering wheel orientation, defined by the angle from the horizontal plane and 

distance from seat back, was determined from a survey conducted at Charlotte Motor 
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Speedway during a NASCAR event. Angle was measured relative to the horizontal plane 

and distance was measured from the inner seat foam at shoulder height to the hub of the 

steering wheel. A visual comparison of the three steering wheel orientations is shown in 

Figure 7. 

SW1 SW2 SW3 

   
Figure 7. The different orientations for the three steering wheel positions (SW1 – 

SW3). M50-OS is shown.   

From this data, the 5th, 50th, and 95th percentile of data were chosen to create 3 

discrete steering wheel orientations and were implemented to account for variability in 

driver preference. These variations of steering wheel orientation (SW1 – SW3) are as 

follows: 63.8 cm and 67.7⁰, 58.7 cm and 71.2⁰, 53.3 cm and 74.8⁰. Additionally, the vertical 

height of the wheel was controlled so that the distance between the most inferior portion 

of the steering wheel to the thigh flesh measured 2.5 cm in the vertical direction. The 

simulation setup with the three HBMs settled and belted is shown in Figure 8. 
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F05-OS M50-OS M95-OS 

 

 
 

Figure 8. The three simplified occupant GHBMC human body models integrated 

into the motorsport environment.  
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IV.  ABSTRACT 

Objective 

While well-protected through a variety of safety countermeasures, motorsports drivers can 

be exposed to a large variety of crash modes and severities. Computational human body 

models (HBMs) are currently used to assess occupant safety for the general driving public 

in production vehicles. The purpose of this study was to incorporate an HBM into a 

motorsport environment using a simulation-based approach and provide quantitative data 

on relative risk for on-track motorsport crashes. 

Methods 

Unlike a traditional automotive seat, the NASCAR driver environment is driver-

customized and form-fitting. A multi-step process was developed to integrate the Global 

Human Body Models Consortium 50th percentile male simplified occupant into a 

representative motorsport environment which includes a donned helmet, a 7-point safety 

belt system, head and neck restraint (HNR), poured-foam seat, steering wheel, and leg 

enclosure. A series of 45 representative impacts, developed from real-world crash data, of 

varying severity (10kph ≤ ∆V ≤ 100kph) and impact direction (~ 290° ≤ PDOF ≤ 20°) were 

conducted with the Global Human Body Models Consortium (GHBMC) 50th percentile 

male simplified occupant (M50-OS v2.2). Kinematic and kinetic data, and a variety of 

injury criteria, were output from each of the simulations and used to calculate AIS 1+, 2+, 

and 3+ injury risk. All simulations were conducted in LS-Dyna R. 9.1. 

Results  

Injury risk of the occupant using the previously mentioned injury criteria was calculated 

for the head, neck, thorax, and lower extremity, and the probability of injury for each region 
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was plotted. Of the simulated impacts, five had a maximum AIS 1+ injury risk >20%, six 

had a maximum AIS 2+ injury risk >10%, and no cases had a maximum AIS 3+ injury 

>1%. The greatest risk for AIS 1+ injury was 28.9% for chest injury in a high severity left 

oblique frontal pulse, whereas, the highest risk for AIS 2+ injury was 28.6% for mTBI in 

a high severity right oblique frontal pulse. Overall, injury risk estimates were reasonable 

compared to on-track data reported from (Patalak, et al., 2020).  

Conclusions 

Beyond injury risk, the study is the first of its kind to provide mechanical loading values 

likely experienced during motorsports crash incidents with crash pulses developed from 

real-world data. Given the severity of the crash pulses, the simulated environments 

reinforce the need for the robust safety environment implemented by NASCAR. 

Keywords: Motorsport injury risk, computational human body modeling, GHBMC, 

simplified occupant model 
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IV.  INTRODUCTION 

Motorsports offer fans a diverse array of racing series’ ranging from open-wheel 

Formula-One to stock cars. While well-protected through a variety of safety 

countermeasures, motorsports drivers can be exposed to a large variety of crash modes and 

severities. This, coupled with the driver restraint system, provides a unique challenge for 

researchers to identify at-risk crash scenarios. Modern improvements in motorsport safety 

related to the vehicles, race tracks, and restraint systems have drastically reduced injury 

and fatality rates. SAFER (Steel And Foam Energy Reduction) barriers incorporate energy-

absorbing foam blocks between two layers of steel tubes and concrete walls. These 

reinforcements were shown to reduce peak chassis accelerations by 30-80 percent and 

increase crash time durations (Faller, et al., 2006). Improvements to the racecars 

themselves include increased structural supports, anti-lift roof flaps, energy-absorbing 

material, and improvements to the driver restraint system.  

NASCAR (National Association for Stock Car Auto Racing, Inc) safety regulations 

require national series drivers to wear an approved helmet and use a 7 or 9-point safety belt 

system with a head and neck restraint (HNR) (Patalak et al., 2013). The HANS device is 

the most common HNR revolutionized head-neck safety by coupling the helmet to the 

restraint system to limit forward head excursion and prevent flexion-distraction injuries. 

There have been none of these such injuries in professional auto racing since the HNR has 

been deemed mandatory (Kaul, et al., 2016). NASCAR seats are typically constructed with 

a reinforced carbon fiber outer shell with an energy-absorbing foam liner and padded head 

surround. The same foam lines the bilateral leg extensions to restrain lower extremity 

motion and a knee knocker to prevent the knees from hitting. Incident data recorders (IDR) 
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were implemented in NASCAR in 2002 and have allowed researchers to study crash 

severity and direction of on-track collisions. These IDRs are mounted to the chassis of the 

vehicle and record acceleration data in the x, y, and z directions (Patalak, et al., 2011). Any 

injuries sustained by these impacts were reported and categorized by body region and 

severity. The most commonly injured regions were the head, thorax, and extremities, with 

the majority of injuries categorized as AIS 1 (Patalak, et al., 2020). Motorsport dummy 

sled testing is often conducted using SFI specifications which dictate a 39 mph and 68 peak 

G acceleration time history for head and neck restraint testing (SFI Foundation, 2015). 

Additionally, previous studies developed injury risk functions (IRF) to estimate the 

probability of AIS 1+ injuries from on-track collisions using chassis acceleration data 

gathered from IDRs. This paper expands on that study by analyzing the probability of 

injury in specific regions of the body using computational modeling.  

Computational human body models (HBMs) are a form of finite element models 

that can be used as a tool to investigate injury mechanisms for complex loading 

environments. Although traditionally utilized for the assessment of occupant safety in 

production vehicles, HBMs have been used to analyze occupant safety in stock car auto 

racing (Katsuhara, et al., 2017; Patalak, et al., 2018). The Global Human Body Models 

Consortium (GHBMC) is a family of HBMs used to assess occupant and pedestrian safety 

for crash response in production vehicles. The GHBMC is an industry-sponsored and 

government-supported consortium with the goal to develop biofidelic HBMs for the 

prediction and evaluation of blunt force-induced injuries. The family of GHBMC models 

includes 13 HBMs with various body sizes, postures, and complexity (Gayzik, et al., 2011; 

Schwartz, et al., 2015). The family of simplified occupant models (-OS) were developed 
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as faster-running alternatives to the detailed models with a focus of outputting comparable 

kinematics and kinetics during blunt impact loading scenarios. The -OS models retain the 

same body habitus and bony structures as the detailed occupant models (-O) but have 

simplified soft tissue structures and reduced mesh density. Studies have shown a 32-fold 

reduction in runtime with minimal differences in head kinematics and chest compression 

when compared to the –O models (Decker, et al., 2017). The advantages of the -OS models 

afford themselves to be used in large scale parametric studies, as well as non-traditional 

crash environments such as astronaut water landings (Gaewsky, et al., 2019). Additionally, 

the 50th percentile male simplified occupant model (M50-OS) height (174.9 cm) and mass 

(77.4kg) are comparable to that of an average NASCAR driver (175.2 cm, 80.7 kg) 

according to (Patalak, et al., 2013). The goal of this study was to 1. integrate the M50-OS 

v2.2 into a NASCAR motorsport environment, 2. simulate a series of 45 representative 

impacts, 3. analyze injury probability through various injury metrics, and finally, 4. to 

characterize the loading vis a vis biomechanics data. 

IV.  METHODS 

Design of Experiments (DOE) 

IDR data from 2011 to 2018 was analyzed for the top two NASCAR series’ to 

isolate all on-track incidents. This resulted in 2,065 total IDR data files (excluding rollovers 

and incidents with ∆V < 5 mph) which were processed to determine the change in velocity 

(∆V) and principal degrees of freedom (PDOF) for each crash pulse. PDOF was calculated 

by fitting a linear regression to a plot of longitudinal ∆V versus lateral ∆V (Patalak, et al., 

2020). It was noted during analysis of real-world NASCAR incidents that the acceleration 

pulse was shaped differently based on PDOF. Therefore, three unique mean velocity curves 
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were created for frontal (F), right lateral (RL), and left lateral (LL) impacts, using sampled 

acceleration data from high severity impacts at these similar PDOFs. Specifically, the mean 

velocity pulses were created from 7 F incidents with PDOFs between 350⁰ and 10⁰, 5 RL 

incidents with PDOFs between 55⁰ and 70⁰, and 7 LL incidents with PDOFs between 270⁰ 

and 315⁰. Rear impacts were not analyzed due to the lower frequency of injuries for those 

impacts. Each individual incident set was phase-shifted prior to calculating the mean curve 

and the mean velocity curves were normalized (Patalak, 2019).  

For this study, a series of 45 representative impacts, defined as longitudinal and 

lateral ∆V, were derived from the on-track IDR data using a Latin Hypercube Design 

(LHD) (Stocki, 2005). Three variables were modified over 45 simulations to represent 

major crash characteristics: PDOF, ∆V, and steering wheel orientation. ∆V was varied 

between 25 and 125 kph, PDOF was limited to 280°→80°, and one of three discrete 

steering wheel orientations was assigned for each simulation. Following the random 

sampling, the distribution was skewed towards right-side impacts such that 70% of the 

simulations represented right-side impacts, which better represents real-world NASCAR 

collisions. This equated to 26 frontal impacts (315⁰ to 45⁰), 14 right lateral impacts (45⁰ to 

80⁰), and 5 left lateral impacts (280⁰ to 315⁰). The PDOF bounds for these quadrants act as 

general groupings to define a frontal, left lateral, and right lateral impact. Each of the 

observed on-track incidents and representative impacts is plotted in Figure 9. Longitudinal 

and lateral ∆V values determined from the LHD were applied to the corresponding 

normalized quadrant pulse as scale factors for the motion of the sled, where the 

longitudinal, lateral and vertical vehicle axes are denoted by X, Y, Z respectively. Steering 

wheel orientation, defined by the angle from the horizontal plane and distance from seat 
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back, was determined from a survey conducted at Charlotte Motor Speedway during a 

NASCAR event. Angle was measured relative to the horizontal plane and distance was 

measured from the inner seat foam at shoulder height to the hub of the steering wheel. A 

visual comparison of the three steering wheel orientations is shown in the Appendix in 

Figure 15. From this data, the 5th, 50th, and 95th percentile of data were chosen to create 

3 discrete steering wheel orientations and were implemented to account for variability in 

driver preference. These variations of steering wheel orientation (SW1 – SW3) are as 

follows: 63.8 cm and 67.7⁰, 58.7 cm and 71.2⁰, 53.3 cm and 74.8⁰. Additionally, the vertical 

height of the wheel was controlled so that the distance between the most inferior portion 

of the steering wheel to the thigh flesh measured 2.5 cm in the vertical direction. 

HBM Integration 

A multi-step process was utilized to integrate the M50-OS into a motorsport 

environment to represent a seated driver. This included meshing and assembling the 

various components of the environment, fitting a motorsport helmet model onto the M50-

OS, settling the M50-OS into the appropriate posture, and simulating a poured foam insert 

around the body. The finite element mesh of the seat and steering wheel were created using 

CAD provided by the sponsor. Three components make up the driver’s seat: structural 

carbon fiber shell, inner foam, and head surround. Two-dimensional triangular elements 

were utilized for the carbon fiber shell, while the inner foam and head surround were 

modeled with three-dimensional tetrahedral elements. The inner foam and head surround 

shared nodes at the connecting boundary with the carbon fiber shell and were defined with 

the same foam material. More details regarding the testing and specific properties of this 

foam material can be found in the SFI foam spec sheet referenced in the bibliography (SFI 
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Foundation, 2013). A portion of the inferior part of the carbon fiber shell was defined as 

rigid and constrained to a rigid sled base. This base acted as the source of motion for the 

simulation, which all rigid parts were constrained to. The steering wheel was modeled as 

four components: rigid steering column, spokes constrained to the steering column, U-

shaped rim nodally connected to the spokes, and rim foam covering. The steering column, 

spokes, and rim were modeled using two-dimensional quad elements, while the foam was 

comprised of three-dimensional hexahedral elements that were created by extruding the 

mesh of the rim outwards. A steel material with a thickness of 3.048 mm was used for the 

spokes and rim, while a simple elastic material was used for the rim foam covering. 

Additionally, a simplified leg enclosure was created using basic mesh functions and acted 

as an approximation of what is physically in the vehicle. This included left and right rigid 

leg extensions, footpan, and toe board to prevent the feet from flailing. Lateral foam was 

created off of the leg extensions and a knee knocker was modeled with a central rigid plate 

constrained to the sled base with foam extending from the left and right sides of the plate 

2.5 cm.  

Prior to the gravity settling, a motorsport helmet model, provided by the sponsor, 

was donned onto the head of the M50-OS. This was accomplished using a standardized 

fitting procedure defined by previous studies using American Football Helmets (Decker, 

et al., 2020). This includes positioning the pre-fit helmet onto the M50-OS head, then 

scaling down the head until no longer intersecting with the internal helmet components, 

and ultimately expanding the head back to its original position through simulation using 

the boundary prescribed final geometry function in LS-Dyna. This simulation gradually 

expands the inner components of the helmet outward as the head expands, resulting in a 
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helmet that is form-fit to the head. The stress of the deformed foam components of the 

helmet was retained for future simulations using the initial foam reference geometry 

function in LS-Dyna. The pre-fit nodal locations of the foam are used to calculate the stress 

of the foam at the initial state for any additional simulation. A chinstrap was also fit under 

the chin following the fitting process. According to helmet sizing charts, size large fits a 

head with a circumference of 60 – 61 cm, while the M50-OS has a head circumference of 

57.8 cm and would require a size small/medium-sized helmet. Several motorsport helmet 

manufacturers utilize the same outer shell across helmet size and vary the amount of foam 

fill within the helmet to accommodate for different sized heads. In light of this, any void 

space between EPS foam and the head was numerically filled, with the assumption that the 

helmet fits well on the head of the driver. 

Following helmet donning, the M50-OS was gravity-settled into a seated driver 

position. The complex geometry of the inner seat foam would not allow for traditional 

gravity settling. A simplified contour of the inner seat foam mesh without lateral supports 

was created specifically for this settling purpose. Nodes from the settled model were 

extracted at the state where the flesh under the buttocks and back was fully engaged with 

the seat. This was approximately 170 ms of gravity settle simulation time for the M50-OS. 

The family of -OS models has a built-in pre-simulation positioner which allows the 

movement of the extremities without simulation (Schwartz, et al., 2015). Using this 

functionality, the legs were positioned to match the thigh-knee-foot angle of 120⁰ and the 

arms were positioned for each steering wheel orientation so that the hands rested slightly 

above the of the steering wheel. Intersections between the M50-OS and the motorsport 

environment were avoided during the positioning process. A one-dimensional beam 
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connecting the trapezium bone of the hand to the steering wheel rim was modeled with a 

breaking force of 780 N to represent breakaway strength of the hands during an impact 

(Somers, et al., 2017). As previously mentioned, the inner seat foam is specific for each 

driver and is a poured SFI 45.2 foam to match the geometry of the driver’s body (SFI 

Foundation, 2013). This process was simulated by projecting surface nodes of the foam to 

the body geometry, smoothing the foam interface, and using the boundary prescribed final 

geometry function in LS-Dyna to expand the foam. Gaps between the foam and the 

shoulders, helmet, and HNR were kept to realistic distances observed with drivers.   

Belting 

Once the seat foam was form fit to the body, the M50-OS was belted with a 7-point 

harness, consisting of two shoulder belts, two lap belts, and two anti-submarine belts with 

a width of 4.5 cm wide, and one negative-G belt with a width of 2.5 cm. Each of the belts 

was modeled with two-dimensional shell elements and one-dimensional seatbelt elements, 

which connect the shell elements to a camlock and to rigid termination points within the 

seat. The shoulder belts were routed over the HNR and into the rigid termination points at 

a width of 20 cm apart. Numerical seatbelt retractor systems were implemented for the 

shoulder and lap belts and were pretensioned to 44.5 and 164.6 N respectively. This 

pretension force was used to simulate the tightening of the belts to the driver. Pretension 

was applied to the model during the first 40 ms of the simulation, at which point the 

retractors would lock and prevent any belt payout. The belt system used in this study was 

adopted from previous motorsports simulation work (Patalak, et al., 2018). An additional 

belt system was implemented for the HNR to replicate the tether that runs through guides 

on the back of the device and connects to the helmet. This was modeled using one-
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dimensional seatbelt elements which pass through three numerical slip rings constrained to 

the HNR and terminate on the outer shell of the helmet. This tether is traditionally 45.7 cm 

for an average-sized male and is slack to allow for the driver to move their head. To account 

for this in the model, slack was numerically defined for the two bilateral elements 

connected to the helmet shell so that the fully extended tether equals 45.7 cm. The 

simulation setup with the M50-OS settled and belted is shown in Figure 10. All simulations 

were conducted in LS-Dyna R. 9.1.  

Injury Risk Functions (IRF) 

Kinematic and kinetic data from the human body model were output from each of 

the simulations and were used to calculate a variety of injury criteria. A series of AIS IRFs 

correlated these results to injury probability and were analyzed across ∆V, PDOF, and 

steering wheel orientation to identify potential trends. The M50-OS has been validated in 

head-neck kinematics (Decker, et al., 2017), chest compression (Schwartz, et al., 2015), 

and has displayed similar lower extremity loads to the both PMHS data (Kuppa, et al., 

1998) and the GHBMC occupant model in a frontal sled (Shaw, et al., 2009). Head injury 

risk was quantified using two IRFs: combined concussion risk function (Bland, et al., 

2020), which correlates maximum head acceleration and angular velocity to the probability 

of concussion, and mild traumatic brain injury (mTBI) risk function (Funk, et al., 2017), 

which is a function of HIC15 and was developed from on-field football impacts. Both of 

these IRFs were developed to predict head injury in football but have shown usefulness in 

bicycle helmet impacts and NASA landing/crash scenarios, respectively. According to the 

Abbreviated Injury Scale 2015 (AAAM, 2018), mTBI and concussion are classified as AIS 

2+ injuries, thus, risk from these IRFs will be classified as such. Neck injury risk was 
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quantified using IRFs developed by (Somers, et al., 2014) using data from (Philippens, et 

al., 2011), which correlated upper neck tension force to PMHS injuries. Observed injuries 

from the PMHS ranged from AIS 1 – 5+, with AIS 1+ representing the majority, such as 

neck muscle strain indicated by hemorrhages.  

Chest injury risk was quantified with a sternal compression IRF developed by 

(Somers, et al., 2014) using data from (Mertz, et al., 1997), which correlated sternum 

compression to PMHS injury. The PMHS data used to create these IRFs is originally from 

the study (Kroell, et al., 1971) and has been reanalyzed multiple times since. Sternum 

deflections for the M50-OS were defined as the average deflection between two pairs of 

points: center of gravity (CG) of the sternum to the seventh thoracic vertebrae (T7) and 

superior sternum to fourth thoracic vertebrae (T4). This was done to account for any 

variation in compression along the sternum due to the loading of the HNR.  

Lower extremity risk was quantified for AIS 2+ injuries in the knee-thigh-hip and 

lower leg, using a femur axial force IRF (Laituri, et al., 2006) and tibia axial force IRF 

respectively (Kuppa, et al., 2001). The femur IRF was created from a literature-based 

PMHS dataset (n=140) consisting of 49 cases involving fractures. Observed injuries were 

mainly in the knee and distal femur, however, acetabular, femoral neck, and femoral head 

fractures were all observed. PMHS responses were normalized to 50th percentile male 

height (175.5 cm) and mass (74.4 kg) which agree with the height and mass of the M50-

OS. Aged curves were also developed, of which we chose to use the young male (15-39 

years) since that encompasses most active NASCAR drivers. The tibia IRF was created 

from a combined data set (n=52) by (Yoganandan, et al., 1996). Lower tibia axial force is 

used as the input for the IRF and was found to be a good predictor of injury (p-value = 
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0.0001). Additionally, the most common tibia injuries are located in the lower third of the 

tibia (Ivarsson, et al., 2008) which is the location of the lower tibia load cell used to extract 

force from the M50-OS. Additional references can be found in the bibliography in the 

Appendix. 

As an initial check for the efficacy of using PMHS risk curves to predict risk in 

HBMs, sternum AIS 1+ injury risk calculated from the M50-OS was compared to the 

predicted chest AIS 1+ risk from (Patalak, et al., 2020) using the corresponding simulation 

pulse ΔV values as inputs. The chest AIS 1+ curve was chosen for this comparison because 

the only AIS 1+ risk curves that we are using with the M50-OS are neck tension and 

sternum deflection. It did not seem appropriate to compare to the overall AIS 1+ prediction 

curves in (Patalak, et al., 2020) since the effects from body regions not studied for AIS 1+ 

risk would be unaccounted for. Only frontal impacts were used for the AIS 1+ chest risk 

curves from (Patalak, et al., 2020), thus we excluded side impacts for this analysis. 

IV.  RESULTS 

A series of 45 load cases, representative of on-track NASCAR incidents, were run 

on 12 cores with an average simulation time of 6 hours and 12 minutes. All simulations ran 

to normal termination. The highest probability for AIS 1+, 2+, and 3+ injuries was plotted 

versus resultant ∆V for all simulated cases (Figure 11). Maximum AIS 1+ risk for upper 

neck tension and sternum deflection was plotted for each simulation in terms of 

longitudinal and lateral ∆V, shown in Figure 12a. The larger data points indicate a higher 

probability of injury and are color-coded to represent the body region where the highest 

risk occurred. A similar plot was created for maximum AIS 2+ injury risk, which includes 

additional metrics: combined concussion, mTBI, axial femur force, and lower axial tibia 
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force. The size of the data points is scaled the same for both plots, where the largest possible 

data point would be a risk of 100%. The grey points illustrate this size scale.  

The greatest individual peak head linear acceleration and angular velocity for all 

simulations was 73.7 g and 24.7 rad/s, respectively, and the largest HIC 15 value was 522.6. 

This HIC 15 value corresponded to 28.6% risk for mTBI and was a high severity frontal 

right oblique pulse (Lateral ΔV = -65.7 kph, Longitudinal ΔV = -105.1 kph). The largest 

concussion risk was found to be 6.1% and was calculated from a peak head linear 

acceleration of 68.2 g and a peak angular head velocity of 24.7 rad/s. This pulse was located 

in the left quadrant. Neck tension force indicated low injury risk across all simulated cases, 

with virtually no risk of AIS 2 or 3+ injuries. Maximum neck tension was observed in a 

left lateral impact with a peak force of 0.753 kN which corresponded to 1% risk of an AIS 

1+ neck injury. This pulse was the same pulse that showed the highest risk of concussion. 

Maximum sternum deflection was 35.1 mm, which corresponded to 28.9% risk of an AIS 

1+, 2.3% risk of an AIS 2+, and 0.4% risk of an AIS 3+ chest injury. These estimates were 

observed in a high severity left oblique frontal pulse (Lateral ΔV = 44.9 kph, Longitudinal 

ΔV = -109.8 kph). Risk estimates from femur force were consistently low with a maximum 

femur force of 1.9 kN, corresponding to 0.8% risk of AIS 2+ knee-thigh-hip injury. Lower 

tibia force risk was slightly higher with a maximum force of 1.3 kN, corresponding to 2.4% 

risk of AIS 2+ lower leg injury. Both of these peak lower extremity risks came from a high 

severity frontal pulse (Lateral ΔV = -20.3 kph, Longitudinal ΔV = -112.5 kph). Additional 

data is reported in the Appendix. Injury risk estimates for each simulation can be found in 

Table 7, Table 8, and Table 9. Peak data and additional metrics such as Nij and BrIC are 
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reported for all simulations in Table 10 and Table 11. Peak belt loads and contact forces 

between the M50-OS and motorsport environment are shown in Table 12 – Table 14. 

The comparison between the M50-OS sternum AIS 1+ injury risk and the AIS 1+ 

chest prediction from (Patalak, et al., 2020) is shown in Figure 13, presented as a risk vs 

crash pulse ΔV. Injury risk from the M50-OS for each simulation is represented by the blue 

points overlaid on the crash pulse risk curve with 95% confidence intervals. Additionally, 

the average difference between the risk prediction from the M50-OS and the crash pulse 

was found to -5.0% ±8.1%. The full set of data for this comparison is reported in Appendix 

Table 16. 

IV.  DISCUSSION 

Localized M50-OS chest injury risk was compared to the estimated risk from crash 

pulse ΔV as an additional check for the validity of our findings. Visually, the M50-OS 

sternum risk appears to follow the general trend of the crash pulse risk curve, under 

predicting risk slightly. This, coupled with an average difference of -5%, leads us to believe 

that the injury risk estimates obtained from M50-OS aren’t unreasonable.  

Calculated injury probability was dependent on available and relevant IRFs, and 

thus, varied by body region. Injury risk was reported for AIS 1-3 injuries as these are the 

levels of injuries that are seen in NASCAR. AIS 1+ injuries are difficult to study in PMHS 

and difficult to develop IRFs, but these are by far the most common injuries in NASCAR 

and need to be quantified from these simulations (Patalak, et al., 2020). Due to the lack of 

existing PMHS experimental evidence, AIS 1+ injury risk was not calculated for the head 

and lower extremity. While upper extremity injuries occur in NASCAR, they are limited 
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to AIS 1 levels of severity, which are classified as joint sprains and finger fractures 

(AAAM, 2018). These injuries are not possible to measure with the M50-OS and were thus 

not reported for this study. A limitation of the AIS 1+ sternal compression IRF is that the 

PMHS classified with AIS 1 injuries, used to create the AIS 1+ IRF, were originally 

reported with an AIS rating of 0. However, these PMHS were impacted under severe 

conditions which produced injury ratings up to 6 in other subjects. Because of this, the 

injury rating for these PMHS was changed to AIS 1 injuries by (Neathery, 1974) who 

reanalyzed the original data. After performing a literature review, we came to the 

conclusion that this was the best set of IRFs to predict chest injury in the M50-OS. It was 

also deemed necessary to report AIS 1+ risk wherever possible, provided that the 

limitations of the data be reported. Regarding the anthropometry of the M50-OS, GHBMC 

occupant human body models were created from anthropometry to match measurements 

from (Gordon, et al., 1989) which had a mid-size male chest depth of 242 mm. PMHS used 

to create the sternum deflection IRF had an average mass of 65.8 ±12 kg and a chest depth 

of 226 ±23.9 mm, whereas the GHBMC M50-OS v2.2 has a mass of 77.4 kg and chest 

depth of 240.7 mm. Therefore, we did not deem it necessary to transform the data. 

The results from Figure 12 allow us to analyze which regions are most at risk for 

the different quadrants. Frontal impacts showed the highest probability for AIS 1+ injuries 

in the chest and the highest probability for AIS 2+ injuries in the head. Frontal pulses with 

a ΔV greater than 100 kph corresponded to the highest mTBI risk. The highest risk for 

concussion was observed in the lateral high severity pulses and right oblique frontal pulses. 

The IRF used to calculate concussion takes both linear and angular head motion into 

account. With this in mind, it is understandable that simulations with large ΔV and contact 
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between the helmet and head surround would yield higher risk. The lateral impact 

quadrants showed the highest neck tension values, however, these were still low injury risk 

levels. This minimal risk was for neck injury can be attributed to the HNR for limiting 

forward head excursion and the head surround for limiting force. This finding is consistent 

with motorsport field evidence (Kaul, et al., 2016). However, vertical motion was not 

simulated and can occur on-track during severe impacts and roll-over events. Chest injury 

risk was highest for frontal pulses with ΔV greater than 100 kph, with five cases of at least 

20% risk of AIS 1+. More severe chest injuries had low risk estimates, with six cases 

between 1% and 2% risk of AIS 2+ injury, and no cases exceeding 1% risk of AIS 3+ 

injury. Lateral impacts showed little risk for chest injury which would be expected since 

injury was determined by sternum compression. Lateral chest compression was measured 

for each impact (Appendix Table 10) but was not analyzed for injury risk. The risk of AIS 

2+ knee-thigh-hip injury was minimal across all load cases due to the lack of direct knee 

impact. Axial femur force was used as the injury predictor so this can be expected. Right 

femur forces were highest for right oblique frontal pulses, while left femur forces were 

highest for left oblique frontal pulses. Future work may be to look into how the upper leg 

and hip complex respond to lateral impacts. Lower leg AIS 2+ risk calculated from axial 

tibia force was fairly consistent among all simulations, usually ranging between 1% and 

2% risk. The greatest risk for lower extremity injury was observed in the pulse with the 

greatest longitudinal ΔV (-112.5 kph), so it is clear the lower extremity risk is a function 

of frontal crash severity. Foot pedals were not modeled in the simulation setup and the feet 

were positioned flush with the footwell. In reality, the driver’s feet would be positioned on 

the pedals, a greater a distance from the footwell. Furthermore, the footwell in motorsports 
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vehicles is outfitted with a layer of energy-absorbing foam to reduce leg loads but was not 

modeled in this study. Steering wheel orientation did not appear to have any noteworthy 

impact on the risk of injury but the closest steering wheel position (SW3) did have some 

cases where the camlock of the belt system made contact with the steering wheel. Future 

studies could test if steering wheel position has any effect on an increased risk of abdominal 

injury. Contact between the helmet and the steering wheel did not occur in any of the 

simulations.    

Overall, calculated risk estimates for this study were low and compared reasonably 

to NASCAR field data (Patalak, et al., 2020). Safety countermeasures in NASCAR, and 

motorsports in general, are effective at mitigating injury risk to the driver, especially given 

the extreme level of severity for these crash scenarios. Two main advantages are provided 

by taking a computational approach to this study. First, the human body modeling approach 

is well suited for the custom design of professional motor-sports cockpits. HBMs provide 

the ability to generate biomechanical data that would otherwise be challenging to collect 

via anthropometric test dummies (ATDs) or post-mortem human subjects (PMHS), given 

the tight integration of the body into the cockpit and PPE required for these simulations. 

The computational modeling approach also enables large scale biomechanical data and 

injury risk data generation vs. running an equivalent number of physical tests, which would 

be significantly more time and resource consuming. Nonetheless, the results of this study 

may assist in assessing driver injury risk as well as correlating ATD test results to injury 

prediction. Beyond injury risk, the study is the first of its kind to provide mechanical 

loading values likely experienced during motorsports crash incidents with crash pulses 

developed from real-world data. Future work can look at additional variations in the 
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motorsport environment and the effect of different body sizes. HBM parametric studies 

such as this may provide an avenue to assist injury detection for motorsport incidents, 

improve triage effectiveness, and assist in the development of safety standards. Simulation 

database technology such as this has already begun testing for production vehicles and 

could be the next frontier for motorsport safety. 
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Figure 9. Shows the total number of observed impacts on track and the derived 

simulation matrix. Steering wheel orientation (SW1-3) is also noted for each 

simulation pulse.   

 
Figure 10. Motorsport simulation environment with M50-OS after gravity settling. 

A – Helmet, B – Head surround, C – Knee knocker, D – Lateral foam, E – Leg 

enclosure, F – Carbon fiber shell, G – Inner foam, H – Seat belt harness, I – Steering 

column, J – Sled base. 
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Figure 11. Injury probability for AIS 1+, 2+, and 3+ plotted against peak resultant 

∆V. 

 
 A B 

Figure 12. Maximum AIS 1+ and AIS 2+ risk for each impact in the simulation 

matrix for the different regions of the HBM. 
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Figure 13. Comparison between calculated AIS 1+ injury risk from M50-OS 

sternum deflection and the AIS 1+ injury risk function from (Patalak, et al., 2020) 

which uses ΔV as a predictor for chest injury. Mean difference (Mean Diff) and 

standard deviation (St Dev) are reported as well. The dotted lines represent 95% 

confidence intervals from (Patalak, et al., 2020). 
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IV.  APPENDIX 

Table 7. AIS 1+ probability for all measured HBM metrics. Individual impacts 

(Pulse) are denoted by a letter and number corresponding to the impact quadrant: 

F – Front, R – Right, L – Left, and identifier for the impact within that quadrant. 

Steering wheel orientation for the simulations is as follows: SW1 (F1-F10, R1-R4, 

L1), SW2 (F11-F17, R5-R10, L2-L3), SW3 (F18-F26, R11-R14, L4-L5). 

AIS 1+ Probability 

Pulse Neck Tension Sternum Compression 

F1 0.0% 19.5% 

F2 0.0% 0.0% 

F3 0.0% 1.0% 

F4 0.0% 0.0% 

F5 0.0% 24.9% 

F6 0.0% 0.2% 

F7 0.0% 1.4% 

F8 0.0% 5.3% 

F9 0.0% 11.1% 

F10 0.0% 0.1% 

F11 0.0% 0.0% 

F12 0.0% 0.0% 

F13 0.0% 0.0% 

F14 0.0% 0.0% 

F15 0.0% 0.1% 

F16 0.0% 14.9% 

F17 0.0% 0.6% 

F18 0.0% 0.7% 

F19 0.0% 0.0% 

F20 0.0% 25.7% 

F21 0.0% 0.0% 

F22 0.0% 28.9% 

F23 0.0% 0.1% 

F24 0.0% 0.0% 

F25 0.0% 0.2% 

F26 0.0% 0.0% 

R1 0.0% 0.0% 

R2 0.0% 0.0% 

R3 0.0% 0.0% 

R4 0.0% 0.0% 

R5 0.1% 0.0% 

R6 0.0% 0.4% 



86 

 

R7 0.0% 8.1% 

R8 0.0% 0.5% 

R9 0.0% 21.7% 

R10 0.0% 1.1% 

R11 0.0% 0.7% 

R12 0.1% 7.8% 

R13 0.0% 21.6% 

R14 0.0% 0.0% 

L1 0.0% 0.0% 

L2 1.0% 0.0% 

L3 0.0% 0.0% 

L4 0.3% 0.0% 

L5 0.0% 0.0% 

 

Table 8. AIS 2+ probability for all measured HBM metrics. Individual impacts 

(Pulse) are denoted by a letter and number corresponding to the impact quadrant: 

F – Front, R – Right, L – Left, and identifier for the impact within that quadrant. 

Steering wheel orientation for the simulations is as follows: SW1 (F1-F10, R1-R4, 

L1), SW2 (F11-F17, R5-R10, L2-L3), SW3 (F18-F26, R11-R14, L4-L5). 

AIS 2+ Probability 

Pulse 
HIC 15 

mTBI 

Combined 

Concussion 

Neck 

Tension 

Sternum 

Compression 

Femur 

L 

Femur 

R 

Lower 

Tibia L 

Lower 

Tibia R 

F1 28.6% 3.9% 0.0% 1.1% 0.0% 0.0% 1.7% 1.6% 

F2 0.0% 0.2% 0.0% 0.0% 0.0% 0.0% 1.0% 1.3% 

F3 0.1% 0.1% 0.0% 0.0% 0.0% 0.0% 1.5% 1.4% 

F4 0.0% 0.2% 0.0% 0.0% 0.0% 0.0% 1.2% 1.1% 

F5 14.8% 1.1% 0.0% 1.7% 0.1% 0.0% 2.3% 2.4% 

F6 0.7% 0.8% 0.0% 0.0% 0.0% 0.0% 1.3% 1.2% 

F7 4.1% 1.7% 0.0% 0.0% 0.0% 0.0% 1.1% 1.5% 

F8 5.2% 1.1% 0.0% 0.1% 0.0% 0.0% 1.6% 1.7% 

F9 1.1% 0.4% 0.0% 0.4% 0.0% 0.0% 1.6% 1.6% 

F10 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.2% 1.3% 

F11 1.3% 0.4% 0.0% 0.7% 0.0% 0.0% 1.5% 1.6% 

F12 4.7% 1.5% 0.0% 0.0% 0.0% 0.0% 1.3% 1.2% 

F13 0.1% 0.3% 0.0% 0.0% 0.0% 0.0% 1.4% 1.4% 

F14 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.3% 1.2% 

F15 16.7% 1.4% 0.0% 1.8% 0.1% 0.0% 2.1% 2.4% 

F16 0.0% 0.2% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

F17 18.2% 2.0% 0.0% 2.3% 0.0% 0.0% 1.5% 2.0% 

F18 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

F19 2.9% 1.0% 0.0% 0.0% 0.0% 0.0% 1.3% 1.1% 

F20 2.6% 0.6% 0.0% 0.2% 0.0% 0.0% 1.7% 1.6% 
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F21 0.0% 0.2% 0.0% 0.0% 0.0% 0.0% 1.4% 1.4% 

F22 5.9% 1.0% 0.0% 1.3% 0.0% 0.0% 2.1% 2.4% 

F23 0.1% 0.2% 0.0% 0.0% 0.0% 0.0% 1.5% 1.4% 

F24 0.3% 0.6% 0.0% 0.0% 0.0% 0.0% 1.3% 1.2% 

F25 0.9% 0.5% 0.0% 0.2% 0.0% 0.0% 1.3% 1.5% 

F26 24.1% 2.9% 0.0% 1.3% 0.0% 0.0% 1.8% 1.8% 

R1 0.0% 0.3% 0.0% 0.0% 0.0% 0.0% 1.1% 1.4% 

R2 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.1% 

R3 0.0% 0.4% 0.0% 0.0% 0.0% 0.0% 1.2% 1.1% 

R4 3.1% 2.4% 0.0% 0.0% 0.0% 0.0% 1.3% 1.3% 

R5 13.6% 3.9% 0.0% 0.0% 0.0% 0.0% 1.5% 1.2% 

R6 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

R7 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

R8 0.0% 0.4% 0.0% 0.0% 0.0% 0.0% 1.1% 1.4% 

R9 0.0% 0.5% 0.0% 0.0% 0.0% 0.0% 1.3% 1.1% 

R10 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.1% 

R11 0.0% 0.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.1% 

R12 9.9% 3.0% 0.0% 0.0% 0.0% 0.0% 1.4% 1.2% 

R13 0.0% 0.2% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

R14 0.0% 0.5% 0.0% 0.0% 0.0% 0.0% 1.2% 1.2% 

L1 0.0% 0.4% 0.0% 0.0% 0.0% 0.0% 1.1% 1.2% 

L2 4.8% 6.1% 0.0% 0.0% 0.0% 0.0% 1.1% 1.5% 

L3 0.0% 0.3% 0.0% 0.0% 0.0% 0.0% 1.0% 1.2% 

L4 0.7% 3.0% 0.0% 0.0% 0.0% 0.0% 1.0% 1.3% 

L5 0.0% 0.4% 0.0% 0.0% 0.0% 0.0% 1.0% 1.2% 

 

Table 9. AIS 3+ probability for all measured HBM metrics. Individual impacts 

(Pulse) are denoted by a letter and number corresponding to the impact quadrant: 

F – Front, R – Right, L – Left, and identifier for the impact within that quadrant. 

Steering wheel orientation for the simulations is as follows: SW1 (F1-F10, R1-R4, 

L1), SW2 (F11-F17, R5-R10, L2-L3), SW3 (F18-F26, R11-R14, L4-L5). 

AIS 3+ Probability 

Pulse 
Neck 

Tension 

Sternum 

Compression 

F1 0.0% 0.1% 

F2 0.0% 0.0% 

F3 0.0% 0.0% 

F4 0.0% 0.0% 

F5 0.0% 0.3% 

F6 0.0% 0.0% 

F7 0.0% 0.0% 

F8 0.0% 0.0% 
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F9 0.0% 0.0% 

F10 0.0% 0.0% 

F11 0.0% 0.1% 

F12 0.0% 0.0% 

F13 0.0% 0.0% 

F14 0.0% 0.0% 

F15 0.0% 0.3% 

F16 0.0% 0.0% 

F17 0.0% 0.4% 

F18 0.0% 0.0% 

F19 0.0% 0.0% 

F20 0.0% 0.0% 

F21 0.0% 0.0% 

F22 0.0% 0.2% 

F23 0.0% 0.0% 

F24 0.0% 0.0% 

F25 0.0% 0.0% 

F26 0.0% 0.2% 

R1 0.0% 0.0% 

R2 0.0% 0.0% 

R3 0.0% 0.0% 

R4 0.0% 0.0% 

R5 0.0% 0.0% 

R6 0.0% 0.0% 

R7 0.0% 0.0% 

R8 0.0% 0.0% 

R9 0.0% 0.0% 

R10 0.0% 0.0% 

R11 0.0% 0.0% 

R12 0.0% 0.0% 

R13 0.0% 0.0% 

R14 0.0% 0.0% 

L1 0.0% 0.0% 

L2 0.0% 0.0% 

L3 0.0% 0.0% 

L4 0.0% 0.0% 

L5 0.0% 0.0% 

 

Table 10. Results for HBM metrics in the head, neck, and chest regions. Individual 

impacts (Pulse) are denoted by a letter and number corresponding to the impact 

quadrant: F – Front, R – Right, L – Left, and identifier for the impact within that 
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quadrant. Steering wheel orientation for the simulations is as follows: SW1 (F1-F10, 

R1-R4, L1), SW2 (F11-F17, R5-R10, L2-L3), SW3 (F18-F26, R11-R14, L4-L5). 

Injury Metric Results 

Pulse 

Peak Linear 

Acceleration 

(g) 

Peak Angular 

Velocity 

(rad/s) 

Clip 3ms HIC 15 HIC 36 BrIC Nij 
Neck 

Tension (kN) 

F1 72.990 21.070 65.566 522.607 725.425 0.503 0.095 0.421 

F2 34.957 11.803 29.328 67.227 87.887 0.299 0.063 0.303 

F3 47.326 7.823 34.924 123.366 189.307 0.155 0.029 0.113 

F4 35.909 13.151 26.745 53.958 64.359 0.323 0.051 0.242 

F5 73.055 13.989 54.097 439.950 744.487 0.284 0.054 0.221 

F6 52.235 16.939 45.269 216.419 307.255 0.394 0.069 0.362 

F7 59.234 19.392 52.600 323.501 534.249 0.449 0.092 0.470 

F8 63.884 15.733 55.241 342.393 475.964 0.384 0.061 0.282 

F9 58.031 11.957 44.675 237.231 404.137 0.213 0.044 0.154 

F10 37.837 7.412 24.813 54.388 69.455 0.168 0.031 0.128 

F11 55.707 12.691 46.753 249.065 434.739 0.271 0.083 0.362 

F12 60.717 18.514 56.337 334.489 497.843 0.431 0.086 0.448 

F13 50.966 11.399 35.871 148.826 209.141 0.268 0.050 0.236 

F14 31.123 9.389 15.988 25.065 30.931 0.237 0.038 0.189 

F15 70.973 15.629 57.314 453.574 785.235 0.337 0.062 0.251 

F16 37.096 11.417 23.803 39.812 49.306 0.284 0.056 0.271 

F17 68.954 18.143 60.782 463.838 808.063 0.429 0.107 0.465 

F18 30.105 12.179 24.825 42.643 54.959 0.295 0.060 0.289 

F19 58.473 16.898 53.852 297.289 455.596 0.410 0.084 0.441 

F20 62.043 13.455 49.210 289.836 444.913 0.343 0.058 0.269 

F21 44.867 9.849 30.519 109.550 151.217 0.238 0.039 0.185 

F22 67.622 14.506 49.918 352.549 681.431 0.272 0.056 0.219 

F23 48.904 10.606 34.886 136.808 192.434 0.253 0.047 0.223 

F24 49.039 15.491 40.517 176.381 248.896 0.357 0.067 0.349 

F25 54.514 14.131 43.676 225.557 371.310 0.341 0.086 0.395 

F26 73.674 19.238 63.775 499.098 723.172 0.466 0.068 0.332 

R1 42.926 13.628 39.462 101.618 212.852 0.357 0.111 0.524 

R2 23.140 11.372 21.859 21.590 35.510 0.285 0.051 0.254 

R3 37.091 16.053 29.387 73.110 120.519 0.400 0.072 0.360 

R4 66.990 19.730 52.623 303.082 377.754 0.491 0.103 0.521 

R5 73.458 21.048 63.152 430.830 540.054 0.527 0.112 0.571 

R6 27.887 10.099 25.745 30.082 43.542 0.249 0.057 0.282 

R7 35.371 9.834 32.104 53.795 79.904 0.250 0.065 0.310 

R8 43.802 14.469 38.411 109.609 213.617 0.377 0.107 0.515 

R9 41.892 16.538 31.735 93.394 135.776 0.405 0.079 0.410 
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R10 15.993 10.373 15.628 10.099 13.940 0.269 0.042 0.185 

R11 17.640 12.730 17.146 12.874 24.336 0.316 0.049 0.249 

R12 71.598 19.838 60.085 398.594 547.388 0.499 0.119 0.606 

R13 30.168 13.152 26.696 37.426 72.221 0.327 0.075 0.374 

R14 46.823 15.365 36.650 112.632 209.585 0.393 0.102 0.506 

L1 38.296 15.624 36.465 82.229 123.155 0.391 0.078 0.375 

L2 68.188 24.680 51.781 336.044 473.315 0.588 0.146 0.753 

L3 38.950 14.691 36.267 78.572 105.625 0.366 0.078 0.365 

L4 57.033 22.948 45.246 216.135 339.196 0.549 0.128 0.660 

L5 32.736 16.596 30.571 59.721 112.780 0.412 0.076 0.407 

 

 

Table 11. Results for HBM metrics in the lower extremity. Units for each metric: 

compression (mm), force (kN). Individual impacts (Pulse) are denoted by a letter 

and number corresponding to the impact quadrant: F – Front, R – Right, L – Left, 

and identifier for the impact within that quadrant. Steering wheel orientation for 

the simulations is as follows: SW1 (F1-F10, R1-R4, L1), SW2 (F11-F17, R5-R10, L2-

L3), SW3 (F18-F26, R11-R14, L4-L5). 

Injury Metric Results 

Pulse 

Sternum 

Compressio

n 

Lateral Chest 

Compression 

Viscou

s 

Criteria 

Femur 

Force 

L 

Femur 

Force 

R 

Upper 

Tibia 

Force 

L 

Upper 

Tibia 

Force 

R 

Lower 

Tibia 

Force 

L 

Lower 

Tibia 

Force 

R 

F1 32.128 11.429 0.071 1.571 0.998 1.043 0.390 0.734 0.687 

F2 5.350 25.086 0.013 0.412 0.646 0.232 0.471 0.001 0.334 

F3 17.944 9.807 0.012 0.826 0.801 0.501 0.318 0.548 0.421 

F4 8.425 11.211 0.009 0.805 0.304 0.616 0.269 0.293 0.124 

F5 33.906 8.916 0.052 1.826 1.609 0.490 0.387 1.203 1.274 

F6 12.938 13.932 0.012 1.092 0.660 0.901 0.322 0.396 0.208 

F7 19.222 27.400 0.032 0.925 1.027 0.384 0.613 0.088 0.623 

F8 24.816 8.731 0.034 1.444 0.847 0.684 0.461 0.693 0.745 

F9 28.614 8.690 0.017 1.166 1.333 0.519 0.294 0.684 0.669 

F10 9.423 8.706 0.009 0.489 0.653 0.412 0.277 0.231 0.326 

F11 30.394 11.010 0.027 1.031 1.493 0.530 0.240 0.536 0.699 

F12 16.025 15.212 0.049 1.280 0.741 1.035 0.354 0.416 0.238 

F13 16.489 8.709 0.010 1.054 0.641 0.486 0.363 0.518 0.499 

F14 7.115 8.478 0.006 0.623 0.292 0.427 0.255 0.388 0.256 

F15 34.161 8.668 0.049 1.853 1.598 0.494 0.400 1.112 1.317 

F16 7.395 18.544 0.009 0.349 0.673 0.240 0.391 0.042 0.281 

F17 35.088 17.472 0.050 1.171 1.731 0.517 0.386 0.602 1.016 

F18 5.737 21.157 0.009 0.363 0.628 0.224 0.441 0.048 0.288 

F19 14.812 16.368 0.048 1.167 0.662 1.007 0.336 0.395 0.154 
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F20 26.882 10.800 0.034 1.393 0.930 0.541 0.439 0.790 0.683 

F21 15.267 8.666 0.009 0.874 0.627 0.506 0.327 0.518 0.423 

F22 32.888 10.849 0.046 1.696 1.730 0.494 0.282 1.069 1.300 

F23 18.097 9.210 0.010 1.001 0.644 0.473 0.329 0.530 0.444 

F24 16.850 13.389 0.017 1.023 0.589 0.821 0.313 0.310 0.182 

F25 26.714 16.486 0.023 0.891 1.258 0.420 0.228 0.334 0.585 

F26 32.864 11.735 0.063 1.566 1.099 0.906 0.434 0.883 0.888 

R1 3.166 46.249 1.112 0.793 0.290 0.928 0.194 0.150 0.474 

R2 4.560 22.410 0.007 0.633 0.208 0.641 0.162 0.107 0.165 

R3 2.161 24.205 0.012 0.718 0.355 0.805 0.249 0.255 0.137 

R4 5.379 28.890 0.089 0.880 0.501 1.049 0.345 0.405 0.304 

R5 11.489 42.859 0.163 0.879 0.545 1.096 0.362 0.564 0.262 

R6 5.891 23.729 0.006 0.646 0.197 0.675 0.127 0.083 0.182 

R7 12.573 32.637 0.703 0.709 0.195 0.761 0.113 0.128 0.278 

R8 2.328 48.216 0.059 0.809 0.310 0.943 0.214 0.174 0.469 

R9 4.651 20.470 0.037 0.756 0.376 0.865 0.283 0.324 0.156 

R10 4.492 15.343 0.006 0.519 0.159 0.397 0.139 0.059 0.135 

R11 8.262 15.255 0.008 0.593 0.241 0.500 0.200 0.145 0.162 

R12 5.137 36.905 0.135 0.872 0.497 1.118 0.351 0.449 0.260 

R13 3.000 22.671 0.014 0.672 0.272 0.764 0.186 0.129 0.239 

R14 7.223 27.160 0.037 0.803 0.321 0.956 0.228 0.214 0.296 

L1 11.668 40.050 0.137 0.299 0.584 0.243 0.585 0.053 0.219 

L2 6.063 36.030 0.250 0.650 0.860 0.385 0.814 0.093 0.573 

L3 2.232 36.804 0.154 0.263 0.580 0.230 0.557 0.038 0.244 

L4 3.587 34.020 0.216 0.563 0.677 0.346 0.746 0.029 0.359 

L5 6.786 32.708 0.110 0.349 0.556 0.272 0.552 0.018 0.207 

 

Table 12. Results for belt loads (kN). Individual impacts (Pulse) are denoted by a 

letter and number corresponding to the impact quadrant: F – Front, R – Right, L – 

Left, and identifier for the impact within that quadrant. Steering wheel orientation 

for the simulations is as follows: SW1 (F1-F10, R1-R4, L1), SW2 (F11-F17, R5-R10, 

L2-L3), SW3 (F18-F26, R11-R14, L4-L5). 

 Shoulder Belt Lap Belt Anti-Submarine Belt 
Neg G Belt 

HANS Belt 

Pulse L R L R L R L R 

F1 5.113 7.712 5.745 2.649 1.357 1.407 0.064 1.833 1.944 

F2 2.702 2.064 0.818 1.898 0.380 0.502 0.025 0.865 0.902 

F3 3.594 3.607 2.138 1.857 0.809 0.946 0.025 1.284 1.314 

F4 2.077 2.514 1.678 0.829 0.481 0.437 0.061 0.802 0.850 

F5 6.397 7.165 5.191 4.224 1.936 2.237 0.047 2.080 2.164 

F6 3.314 4.746 3.560 1.459 0.886 0.907 0.037 1.371 1.331 

F7 5.794 3.817 1.837 4.385 0.849 1.186 0.036 1.590 1.558 
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F8 4.507 6.012 4.266 2.191 1.196 1.221 0.045 1.707 1.781 

F9 5.122 4.934 3.048 2.967 1.331 1.515 0.032 1.675 1.689 

F10 2.539 2.225 1.069 1.260 0.482 0.538 0.025 0.997 0.977 

F11 5.591 4.911 2.675 3.596 1.362 1.561 0.039 1.677 1.671 

F12 3.937 5.486 4.426 1.763 1.042 0.998 0.027 1.527 1.474 

F13 3.261 4.033 2.519 1.575 0.885 0.804 0.038 1.301 1.490 

F14 1.556 1.862 1.070 0.655 0.369 0.338 0.038 0.735 0.844 

F15 6.566 7.155 5.377 4.217 1.980 2.213 0.060 2.072 2.143 

F16 2.280 1.764 0.762 1.414 0.392 0.428 0.037 0.933 0.765 

F17 7.577 5.635 3.474 5.432 1.541 1.938 0.033 2.096 2.055 

F18 2.258 1.802 0.738 1.555 0.346 0.467 0.061 0.781 0.765 

F19 3.553 4.806 4.049 1.513 0.926 0.859 0.077 1.373 1.311 

F20 4.294 5.593 3.542 2.086 1.295 1.295 0.035 1.649 1.779 

F21 2.882 3.302 2.059 1.423 0.696 0.729 0.031 1.169 1.308 

F22 6.123 6.150 3.802 3.560 2.005 2.232 0.028 1.934 1.988 

F23 3.142 3.746 2.418 1.553 0.790 0.823 0.032 1.254 1.446 

F24 3.105 4.125 3.033 1.389 0.828 0.766 0.028 1.231 1.212 

F25 5.115 3.872 1.958 3.158 1.005 1.153 0.028 1.618 1.549 

F26 5.207 6.809 5.037 2.490 1.471 1.544 0.036 1.829 1.972 

R1 1.866 2.512 2.648 0.761 0.568 0.161 0.492 0.708 0.512 

R2 0.946 1.064 1.216 0.447 0.304 0.179 0.061 0.210 0.223 

R3 2.046 2.560 2.304 0.821 0.494 0.377 0.044 0.905 0.753 

R4 3.265 4.751 4.052 1.277 0.735 0.536 0.046 1.609 1.251 

R5 3.271 5.412 4.673 1.338 0.845 0.465 0.086 1.609 1.453 

R6 0.814 0.988 1.066 0.412 0.312 0.124 0.082 0.148 0.074 

R7 0.854 1.174 1.296 0.484 0.364 0.097 0.226 0.180 0.084 

R8 1.804 2.640 2.603 0.814 0.624 0.188 0.478 0.724 0.572 

R9 2.173 2.930 2.393 0.917 0.568 0.412 0.054 0.960 0.869 

R10 0.836 0.790 0.834 0.422 0.227 0.155 0.045 0.212 0.241 

R11 1.150 1.123 1.194 0.528 0.326 0.230 0.060 0.363 0.395 

R12 2.712 5.040 4.383 1.221 0.850 0.402 0.188 1.516 1.238 

R13 1.251 1.602 1.612 0.581 0.443 0.204 0.037 0.433 0.352 

R14 1.597 2.792 2.703 0.819 0.578 0.244 0.357 0.863 0.604 

L1 2.018 1.237 0.588 1.980 0.207 0.475 0.159 0.412 0.447 

L2 5.319 2.992 1.290 4.025 0.504 0.886 0.056 1.372 1.663 

L3 1.675 1.212 0.534 1.698 0.177 0.392 0.366 0.255 0.296 

L4 4.236 2.477 1.040 3.403 0.408 0.844 0.036 1.186 1.367 

L5 2.092 1.467 0.600 1.883 0.254 0.515 0.061 0.540 0.530 
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Table 13. Results for various contact forces (kN) between the HBM and motorsport 

environment. Individual impacts (Pulse) are denoted by a letter and number 

corresponding to the impact quadrant: F – Front, R – Right, L – Left, and identifier 

for the impact within that quadrant. Steering wheel orientation for the simulations 

is as follows: SW1 (F1-F10, R1-R4, L1), SW2 (F11-F17, R5-R10, L2-L3), SW3 (F18-

F26, R11-R14, L4-L5). 

Pulse Footpan 

Leg & Shoes 

– 

Leg 

Enclosure 

Leg – 

Foam 

Leg – 

Leg 

HBM – 

Foam 

HANS – 

HBM 

Camlock – 

HBM 

F1 2.554 5.335 3.413 0.206 18.299 6.522 0.852 

F2 0.602 2.359 1.838 0.010 8.819 2.745 0.435 

F3 1.188 2.378 0.116 0.005 8.134 3.669 0.538 

F4 0.730 2.435 1.634 0.014 6.928 2.623 0.402 

F5 3.434 4.146 0.629 0.030 14.451 7.427 0.876 

F6 1.094 4.140 3.024 0.039 13.738 4.328 0.613 

F7 1.505 4.866 3.627 0.064 16.375 4.943 0.781 

F8 2.273 3.603 2.123 0.047 14.170 5.449 0.721 

F9 2.223 2.597 0.207 0.017 11.380 5.002 0.706 

F10 0.965 1.379 0.305 0.000 5.365 2.450 0.357 

F11 2.016 2.709 0.789 0.043 11.895 5.571 0.766 

F12 1.361 5.075 3.728 0.086 16.916 4.976 0.708 

F13 1.345 2.328 0.849 0.040 8.858 3.699 0.547 

F14 0.649 1.262 0.392 0.000 4.914 1.937 0.260 

F15 3.468 4.246 0.890 0.053 14.759 7.595 0.923 

F16 0.523 1.487 0.907 0.001 5.905 2.341 0.344 

F17 2.803 4.871 2.601 0.104 15.576 7.515 0.978 

F18 0.474 1.820 1.356 0.006 6.849 2.328 0.373 

F19 1.115 5.191 3.784 0.069 16.362 4.611 0.645 

F20 2.058 3.523 1.694 0.057 12.747 4.971 0.864 

F21 1.141 2.030 0.338 0.016 7.337 3.055 0.485 

F22 3.459 3.942 0.426 0.047 13.389 7.207 1.013 

F23 1.286 2.237 0.571 0.028 8.404 3.437 0.513 

F24 1.069 3.929 2.741 0.055 12.145 3.941 0.564 

F25 1.597 3.163 1.442 0.072 11.553 4.489 0.808 

F26 2.880 4.984 2.867 0.064 17.323 6.182 0.959 

R1 0.288 7.782 6.574 0.666 15.980 3.119 0.589 

R2 0.208 3.932 3.542 0.015 8.210 1.638 0.285 

R3 0.759 5.129 4.317 0.068 11.166 2.998 0.506 

R4 1.186 6.759 5.385 0.130 15.380 4.504 0.692 

R5 1.313 8.190 6.670 0.153 18.301 4.900 0.827 

R6 0.153 4.734 4.249 0.370 9.088 1.477 0.253 
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R7 0.174 6.009 5.257 0.633 11.568 1.703 0.288 

R8 0.363 7.528 6.374 0.733 15.564 3.182 0.556 

R9 0.697 4.761 3.956 0.064 11.383 3.187 0.532 

R10 0.210 1.828 1.709 0.000 5.768 1.287 0.212 

R11 0.274 2.195 1.978 0.000 7.001 1.692 0.302 

R12 0.918 9.124 7.511 0.516 19.454 4.915 0.734 

R13 0.251 5.240 4.612 0.245 10.795 2.152 0.378 

R14 0.393 7.123 6.026 0.752 15.011 3.385 0.548 

L1 0.467 4.842 4.313 0.884 12.144 2.613 0.429 

L2 1.285 6.890 5.382 0.133 15.994 4.662 0.811 

L3 0.360 4.711 4.176 0.615 12.000 2.237 0.384 

L4 1.405 5.970 4.932 0.112 14.634 3.984 0.700 

L5 0.259 4.236 3.792 0.494 10.966 2.588 0.431 

 

 

Table 14. Results for various contact forces (kN) between the HBM and motorsport 

environment. Individual impacts (Pulse) are denoted by a letter and number 

corresponding to the impact quadrant: F – Front, R – Right, L – Left, and identifier 

for the impact within that quadrant. Steering wheel (SW) orientation for the 

simulations is as follows: SW1 (F1-F10, R1-R4, L1), SW2 (F11-F17, R5-R10, L2-L3), 

SW3 (F18-F26, R11-R14, L4-L5). 

Pulse 
Helmet – 

Foam 

Helmet & HANS – 

Foam 

Hands – 

SW 

HBM – 

SW 

Camlock – 

SW 

F1 2.163 2.163 0.303 1.837 0.000 

F2 1.151 1.151 0.498 0.640 0.000 

F3 0.309 0.309 0.228 1.020 0.000 

F4 0.799 0.813 0.214 0.731 0.000 

F5 0.751 0.751 0.289 2.489 0.000 

F6 1.652 1.652 0.238 1.383 0.000 

F7 1.964 1.964 0.271 1.448 0.000 

F8 1.518 1.518 0.262 1.569 0.000 

F9 0.000 0.236 0.251 2.475 0.000 

F10 0.342 0.342 0.204 0.609 0.000 

F11 0.674 0.674 0.330 2.892 0.000 

F12 2.249 2.249 0.292 1.875 0.000 

F13 0.781 0.781 0.450 1.944 0.000 

F14 0.537 0.562 0.651 0.703 0.000 

F15 0.950 0.950 0.243 2.752 0.000 

F16 0.766 0.776 0.734 0.488 0.000 

F17 1.528 1.528 0.243 2.888 0.000 

F18 0.899 0.899 0.850 0.712 0.000 

F19 2.372 2.372 0.320 1.911 0.004 
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F20 1.275 1.275 0.216 2.657 0.774 

F21 0.632 0.632 0.530 2.597 0.000 

F22 0.189 0.241 0.377 2.802 1.817 

F23 0.742 0.742 0.202 2.786 0.000 

F24 1.546 1.546 0.289 1.325 0.000 

F25 1.097 1.097 0.543 2.501 0.521 

F26 2.038 2.038 0.292 2.508 0.949 

R1 2.468 2.669 1.082 0.139 0.000 

R2 1.358 1.387 0.624 0.782 0.000 

R3 1.676 1.686 0.287 0.597 0.000 

R4 2.810 2.810 0.375 0.714 0.000 

R5 3.421 3.421 0.511 1.491 0.000 

R6 1.568 1.610 0.454 0.452 0.000 

R7 1.973 2.036 0.677 0.259 0.000 

R8 2.469 2.600 0.697 0.371 0.000 

R9 1.727 1.727 0.809 1.120 0.000 

R10 0.967 1.003 0.466 0.442 0.000 

R11 1.042 1.083 0.486 0.355 0.000 

R12 3.692 3.692 0.527 1.924 0.000 

R13 1.700 1.746 0.649 0.569 0.000 

R14 2.504 2.530 0.459 1.241 0.000 

L1 2.315 2.484 0.906 0.107 0.000 

L2 2.835 2.899 0.401 1.918 0.000 

L3 2.296 2.461 0.598 0.392 0.000 

L4 2.530 2.737 0.578 1.696 0.000 

L5 2.010 2.173 0.812 0.917 0.000 

 

 

Table 15. Simulation pulses defined by steering wheel position (SW Pos) and ΔV 

(kph) in the lateral and longitudinal components, as well as the resultant ΔV and 

principle degrees of freedom (PDOF). Individual impacts are denoted by a letter 

and number corresponding to the impact quadrant: F – Front, R – Right, L – Left, 

and identifier for the impact within that quadrant. 

Pulse SW Pos Lateral ΔV Longitudinal ΔV Resultant ΔV PDOF (degrees) 

F1 1 -65.69 -105.13 123.97 32.0 

F2 1 33.81 -34.25 48.13 315.4 

F3 1 -3.94 -50.75 50.91 4.4 

F4 1 -19.86 -32.52 38.10 31.4 

F5 1 -15.81 -109.29 110.43 8.2 

F6 1 -48.23 -63.11 79.43 37.4 

F7 1 65.81 -78.73 102.61 320.1 
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F8 1 -38.72 -83.32 91.88 24.9 

F9 1 -0.41 -76.97 76.98 0.3 

F10 1 4.03 -30.52 30.78 352.5 

F11 2 13.74 -80.26 81.43 350.3 

F12 2 -66.09 -79.07 103.05 39.9 

F13 2 -16.03 -51.62 54.05 17.3 

F14 2 -9.87 -23.42 25.42 22.9 

F15 2 -20.33 -112.51 114.33 10.2 

F16 2 16.12 -28.71 32.93 330.7 

F17 2 44.93 -109.78 118.62 337.7 

F18 3 23.49 -30.31 38.35 322.2 

F19 3 -68.50 -70.88 98.57 44.0 

F20 3 -28.98 -79.36 84.49 20.1 

F21 3 -10.91 -44.46 45.78 13.8 

F22 3 -5.05 -106.96 107.08 2.7 

F23 3 -13.80 -50.32 52.18 15.3 

F24 3 -42.14 -57.95 71.65 36.0 

F25 3 25.11 -71.14 75.44 340.6 

F26 3 -58.85 -105.57 120.87 29.1 

R1 1 -87.41 -20.70 89.83 76.7 

R2 1 -35.86 -19.65 40.89 61.3 

R3 1 -50.04 -37.18 62.34 53.4 

R4 1 -77.33 -54.75 94.75 54.7 

R5 2 -97.41 -57.09 112.90 59.6 

R6 2 -42.54 -14.20 44.85 71.5 

R7 2 -58.77 -10.88 59.77 79.5 

R8 2 -84.84 -25.65 88.63 73.2 

R9 2 -47.23 -41.70 63.00 48.6 

R10 2 -21.41 -18.05 28.01 49.9 

R11 3 -25.20 -24.66 35.26 45.6 

R12 3 -106.83 -50.30 118.08 64.8 

R13 3 -51.03 -24.56 56.63 64.3 

R14 3 -80.07 -30.22 85.58 69.3 

L1 1 68.41 -21.80 71.80 287.7 

L2 2 87.68 -64.18 108.66 306.2 

L3 2 66.10 -17.90 68.48 285.1 

L4 3 80.50 -52.59 96.16 303.2 

L5 3 60.11 -28.72 66.62 295.5 
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Figure 14. The normalized acceleration and velocity pulses that were used to drive 

the simulations. The various ΔV for each pulse was applied as a scale factor to the 

normalized velocity pulse. 
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Figure 15. The different orientations for the three steering wheel positions (SW1 – 

SW3). 
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Table 16. Data comparison between calculated AIS 1+ injury risk from M50-OS 

sternum deflection and the AIS 1+ chest injury risk function from (Patalak, et al., 

2020) which uses ΔV as a predictor for chest injury. Mean difference (Mean Diff) 

and standard deviation (St Dev) are reported as well. 

Pulse M50-OS Sternum AIS 1+ AIS 1+ Thorax Diff 

F1 19.5% 44.8% -25.3% 

F2 0.0% 1.3% -1.3% 

F3 1.0% 1.5% -0.5% 

F4 0.0% 0.7% -0.7% 

F5 24.9% 27.9% -3.0% 

F6 0.2% 6.6% -6.4% 

F7 1.4% 20.2% -18.7% 

F8 5.3% 12.3% -7.0% 

F9 11.1% 5.9% 5.2% 

F10 0.1% 0.5% -0.4% 

F11 14.9% 7.3% 7.6% 

F12 0.6% 20.5% -20.0% 

F13 0.7% 1.7% -1.1% 

F14 0.0% 0.4% -0.3% 

F15 25.7% 32.4% -6.7% 

F16 0.0% 0.6% -0.5% 

F17 28.9% 37.7% -8.8% 

F18 0.0% 0.8% -0.7% 

F19 0.4% 16.8% -16.4% 

F20 8.1% 8.6% -0.5% 

F21 0.5% 1.1% -0.7% 

F22 21.7% 24.4% -2.7% 

F23 1.1% 1.6% -0.5% 

F24 0.7% 4.4% -3.7% 

F25 7.8% 5.4% 2.4% 

F26 21.6% 40.6% -19.0% 

  Mean Diff -5.0% 

  St Dev 8.1% 
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V.  ABSTRACT 

Objective 

Computational modeling has been shown to be a useful tool for simulating representative 

motorsport impacts and analyzing data for relative injury risk assessment. Previous studies have 

used computational modeling to analyze the probability of injury in specific regions of a 50th 

percentile male driver. However, NASCAR drivers can represent a large range in terms of size and 

female drivers are becoming increasingly more common in the sport. Additionally, motorsport 

helmets can be outfitted with external attachments, or enhanced helmet systems (EHS), whose 

effect is unknown relative to head and neck kinematics. The current study expands on this previous 

work by incorporating the F05-OS and M95-OS into the motorsport environment in order to 

determine correlations between metrics and factors such as PDOF, resultant ΔV occupant size, and 

EHS. 

Methods 

A multi-step computational process was used to integrate the Global Human Body Models 

Consortium family of simplified occupant models into a motorsport environment. This family 

included the 5th percentile female (F05-OS), 50th percentile male (M50-OS), and 95th percentile 

male (M95-OS), which provide a representative range for the size and sex of drivers seen in 

NASCAR’s racing series’. A series of 45 representative impacts, developed from real-world crash 

data, and set of observed on-track severe impacts were conducted with these models. These 

impacts were run in triplicate for three helmet configurations: bare helmet, helmet with visor, 

helmet with visor and camera. This resulted in 450 total simulations. A paired t-test was initially 

performed as an exploratory analysis to study the effect of helmet configuration on 10 head and 

neck injury metrics without adjusting for the other variables of the study. A mixed-effects model 
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with unstructured covariance matrix was then utilized to correlate the effect between five 

independent variables (resultant ΔV, body size, helmet configuration, impact quadrant, and 

steering wheel position) and a selection of 25 metrics. All simulations were conducted in LS-Dyna 

R. 9.1. 

Results and Conclusions 

Risk estimates from the M50-OS with bare helmet were used as reference values to 

determine the effect of body size and helmet configuration. The paired t-test found significance 

for helmet configuration in select head-neck metrics, but the relative increase in these metrics was 

low and not likely to increase injury risk. The mixed-effects model analyzed statistical 

relationships across multiple types of variables. Within the mixed-effects model, no significance 

was found between helmet configuration and metrics. The greatest effect was found from resultant 

ΔV, body size, and impact quadrant. Overall, smaller drivers were found to be at lower risk while 

larger drivers were found to be at higher risk. Lateral impacts showed the greatest effect on neck 

metrics and, on average, showed decreases for head metrics related to linear acceleration and 

increases for head metrics related to angular velocity. HBM parametric studies such as this may 

provide an avenue to assist injury detection for motorsport incidents, improve triage effectiveness, 

and assist in the development of safety standards.  
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V.  INTRODUCTION 

Modern improvements in motorsport safety have drastically reduced injury and fatality 

rates among drivers. This improvement is due to safety innovations such as SAFER (Steel And 

Foam Energy Reduction) barriers (Faller, et al., 2006), energy-absorbing material within the 

vehicle, certified motorsports helmets, and driver restraint system enhancements. NASCAR 

(National Association for Stock Car Auto Racing, Inc) safety regulations require drivers to wear a 

Snell or FIA approved helmet and use a 7 or 9-point safety belt system with a head and neck 

restraint (HNR) device (Patalak et al., 2013). The HANS device is the most common HNR and 

revolutionized head-neck safety by coupling the helmet to the restraint system to limit forward 

head excursion, effectively eliminating the occurrence of flexion-distraction injuries in 

professional auto racing (Kaul, et al., 2016). NASCAR seats are typically constructed with a 

reinforced carbon fiber outer shell with energy-absorbing foam lining the inner side of the seat, 

padded head surround, bilateral leg extensions, and knee knocker. While well-protected through 

these various safety countermeasures, motorsports drivers can be exposed to a large variety of 

crash modes and severities. Incident data recorders (IDR) were implemented in NASCAR in 2002 

and have allowed researchers to study crash severity and direction of on-track collisions. Any 

injuries sustained by these impacts were reported and categorized by body region and severity. 

The most commonly injured regions were the head, thorax, and extremities, with the majority of 

injuries categorized as AIS 1 (Patalak, et al., 2020). 

Previous studies were able to analyze the probability of injury in specific regions of the 

body using computational modeling (Decker, 2020). This work focused on integrating a 50th 

percentile male occupant human body model into a motorsport environment and simulating a series 

of 45 representative impacts in order to analyze injury probability through a variety of injury 
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metrics and risk functions. While the average NASCAR cup driver mass (80.7 kg) and height 

(175.2 cm) compare closely to a 50th percentile average male (74.4 kg, 175.5 cm), drivers are 

various sizes, ranging from 157 cm (Danica Patrick) to 195 cm (Michael Waltrip). Furthermore, 

NASCAR has experienced a large increase in female driver participation over the last decade. 

Variation in occupant anthropometry has been shown to affect kinematics and kinetics but this 

effect has yet to be studied in motorsport crashes. Additionally, helmets are being outfitted with 

external attachments, such as visor mounted cameras, which may influence driver head kinematics. 

The specific influences that these enhanced helmet systems (EHS) may have on injury risk is 

unknown.  

Computational human body models (HBMs) are a form of finite element models that can 

be used as a tool to investigate injury mechanisms for complex loading environments. Although 

traditionally utilized for the assessment of occupant safety in production vehicles, HBMs have 

been used to analyze occupant safety in stock car auto racing (Katsuhara, et al., 2017; Patalak, et 

al., 2018). The Global Human Body Models Consortium (GHBMC) is an industry-sponsored and 

government-supported consortium with the goal to develop biofidelic HBMs for the prediction 

and evaluation of blunt force-induced injuries. The family of GHBMC models includes 13 HBMs 

with various body sizes, postures, and complexity (Gayzik, et al., 2011; Schwartz, et al., 2015). 

Specifically, the simplified occupant models (-OS) were developed as faster-running alternatives 

to the detailed models with a focus of outputting comparable kinematics and kinetics during blunt 

impact loading scenarios. These models have shown a 32-fold reduction in runtime with minimal 

differences in head kinematics and chest compression when compared to the detailed models 

(Decker, et al., 2017). The advantages of the -OS models afford themselves to be used in large 

scale parametric studies, as well as motorsport environments (Gaewsky, et al., 2019). Additionally, 
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the 5th percentile female (F05-OS), 50th percentile male (M50-OS), and 95th percentile male 

occupant models (M95-OS) provide a representative range for the size and sex of drivers seen in 

NASCAR’s racing series’ (Patalak, et al., 2013). The M95-OS was morphed from the M50-OS to 

a 95th percentile male occupant size, while the F05-OS was developed from the 5th percentile 

detailed female occupant model (F05-O), using the same procedures and guidelines as the M50-

OS. The M50-OS has been validated in head-neck kinematics (Decker, et al., 2017), chest 

compression (Schwartz, et al., 2015), and has displayed similar lower extremity loads to the both 

PMHS data (Kuppa, et al., 1998) and the GHBMC detailed occupant model in a frontal sled (Shaw, 

et al., 2009). The F05-OS and M95-OS utilize the same modeling procedures as the M50-OS and 

are therefore treated as accurate representations of the same model but in other body sizes.   

Risk Estimate for 50th Male 

A previous study looked into determining injury risk for an average male motorsport driver 

with the M50-OS through a variety of injury risk functions (IRF) (Decker, 2020). Head injury risk 

was estimated from two IRFs: one which correlates HIC 15 to mild traumatic brain injury (mTBI) 

(Funk, et al., 2007), and another which correlates peak linear head acceleration and angular 

velocity to concussion probability (Bland, et al., 2020). Neck injury risk was calculated from an 

IRF which correlated upper neck tension force to PMHS injuries (Somers, et al., 2014), and chest 

injury risk was quantified from a sternal compression IRF developed by (Somers, et al., 2014) 

using data from (Mertz, et al., 1997). The calculated risk from M50-OS sternum compression was 

then compared to the predicted chest AIS 1+ risk using an IRF developed from on-track data which 

relates pulse resultant ΔV to injury risk (Patalak, et al., 2020). On average, these two risk estimates 

were within 5% of each other. Lower extremity risk was calculated from axial force IRFs of the 

femur (Laituri, et al., 2006) and tibia (Kuppa, et al., 2001). Moment was not used to calculate 
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injury risk for the lower extremity as preliminary tests revealed that the M50-OS underestimated 

M50-O moment response. The current study expands on this previous work by incorporating the 

F05-OS and M95-OS into the motorsport environment in order to determine correlations between 

metrics and factors such as PDOF, resultant ΔV occupant size, and EHS. Risk estimates from the 

previous study will be used as a baseline for correlating how EHS and body size affect risk, by 

analyzing changes in the underlying injury metrics. 

V.  METHODS 

HBM Integration 

The F05-OS and M95-OS were integrated into the motorsport environment using a multi-

step process previously used to integrate the M50-OS. This environment includes a carbon fiber 

outer shell with energy absorbing inner foam, head surround, steering wheel, leg enclosure, knee 

knocker, and sled base (Patalak, et al., 2013). The motorsports helmet was donned onto each of 

the three HBMs using a standardized, simulation-based fitting procedure (Decker, et al., 2020). 

Physical helmet size was matched for each HBM by correlating the head circumference to helmet 

size using a sizing chart. According to this, the M95-OS would fit a large, the M50-OS fit a 

medium, and the F05-OS fit an extra-small. Several motorsport helmet manufacturers utilize the 

same outer shell across helmet size and vary the amount of foam fill within the helmet to 

accommodate for different sized heads. In light of this, any void space between EPS foam and the 

head was numerically filled by expanding the mesh, with the assumption that the helmet fits snugly 

on the head of the driver.  

Following helmet donning, each of the HBMs was gravity-settled into a seated driver 

position. The legs were positioned to match the thigh-knee-foot angle of 120⁰ and the arms were 

positioned for each steering wheel orientation so that the hands rested slightly above the of the 
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steering wheel spokes. A one-dimensional beam connecting the trapezium bone of the hand to the 

steering wheel rim was modeled with a breaking force of 490 N, 780 N, 980 N for the F05, M50, 

and M95 respectively. This was to represent the breakaway strength of the hands during an impact 

(Somers, et al., 2017). The SFI seat foam is specific for each driver and is a poured SFI 45.2 foam 

to match the geometry of the driver’s body (SFI Foundation, 2013). The process of custom poured 

SFI foam was simulated by projecting surface nodes of the foam to the body geometry. Gaps 

between the foam and the shoulders, helmet, and HANS device were kept to realistic distances 

observed with drivers, approximately 2.5 cm. Each HBM was belted with a 7-point harness, 

consisting of two shoulder belts, two lap belts, two anti-submarine belts, and one negative-G belt. 

Each of the belts was modeled with two-dimensional shell elements and one-dimensional seatbelt 

elements, which connect the shell elements to a camlock and to rigid termination points within the 

seat. Numerical seatbelt retractor systems were implemented for the shoulder and lap belts and 

were pretensioned to 44.5 and 164.6 N respectively. This pretension force was applied during the 

first 40 ms of the simulation and then locked, and was used to simulate the tightening of the belts 

to the driver (Patalak, et al., 2018). An additional belt system was implemented for the HANS 

device to replicate the tether that runs through guides on the back of the device and connects to the 

helmet. Steering wheel orientation was determined from a survey conducted at Charlotte Motor 

Speedway during a NASCAR event. The orientation was defined as the angle relative to the 

horizontal plane and distance from the inner seat foam at shoulder height to the hub of the steering 

wheel. Three discrete steering wheel orientations were created from the 5th, 50th, and 95th 

percentile of data and were implemented to account for variability in driver preference. These 

variations of steering wheel orientation (SW1 – SW3) are as follows: 63.8 cm and 67.7⁰, 58.7 cm 

and 71.2⁰, 53.3 cm and 74.8⁰. The vertical height of the wheel was also controlled so that the 
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distance between the most inferior portion of the steering wheel to the thigh flesh measured 2.5 

cm in the vertical direction. A visual comparison of the three steering wheel locations can be bound 

in the Appendix in Figure 15. The simulation setup for each model settled and belted is shown in 

Figure 16.  

F05-OS M50-OS M95-OS 

 

 
 

Figure 16. The three simplified occupant GHBMC human body models integrated into the 

motorsport environment.  

Helmet Configurations 

After settling, the EHS helmet configurations were created: 1) a helmet with no 

attachments (Bare), a helmet with a visor (Visor), and helmet with a visor and camera 

(Visor+Camera). These helmet configurations can be seen in Figure 17. The visor and camera 

were meshed with 2D elements from CAD data and the deformable visor was defined as an elastic 

material model. Both the CAD and material model were provided by the sponsor. The visor was 

connected to the face shield by two numerical joints, whose rotational stiffness was defined to 

match that of the screw connection on the physical helmet. The camera was defined as a rigid part 

with a centrally constrained mass node representing the mass of in-use cameras. The camera was 
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rigidly mounted to the visor and has a camera wire defined as a 1D beam attached to the helmet 

shell. Implementation of these add-ons was done after settling and belting to ensure that all aspects 

of the matched-pair simulations were the same with the exception of the helmet configuration. 

Bare Visor Visor+Camera 

   

Figure 17. Motorsport helmet models with Enhanced Helmet Systems (EHS).  

Design of Experiments 

Three “design of experiments” (DOE) suites of simulations were ran using the family of –

OS models. The DOEs were run in triplicate for helmet configuration: Bare, Visor, and 

Visor+Camera. Each DOE varied driver size (F05, M50, M95), steering wheel orientation, PDOF, 

and ΔV, consisting of 150 simulations each and thus totaling 450 simulations. A series of 45 

representative impacts, defined as longitudinal and lateral ∆V, were derived from the on-track IDR 

data using a Latin Hypercube Design (LHD). Three variables were modified over 45 simulations 

to represent major crash characteristics: PDOF, ∆V, and steering wheel orientation. ∆V was varied 

between 25 and 125 kph, PDOF was limited to 280°→80°, and one of three discrete steering wheel 

orientations was assigned for each simulation. Following the random sampling, the distribution 

was skewed towards right-side impacts such that 70% of the simulations represented right-side 

impacts, which better represents real-world NASCAR collisions. This equated to 26 frontal 

impacts (315⁰ to 45⁰), 14 right lateral impacts (45⁰ to 80⁰), and 5 left lateral impacts (280⁰ to 315⁰). 

In addition to the representative impacts, acceleration pulses from 5 severe on-track impacts were 

simulated and are referred to as “boundary cases”. These cases used the closest steering wheel 
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location (SW3) in order to represent worst-case-scenario impacts. Each of the observed 

representative impacts and boundary cases are plotted in Figure 18.  

 
Figure 18. Distribution of representative impacts overlaid over on-track incidents, along 

with simulated boundary cases circled in red.  SW1-3 refers to steering wheel position.  

Longitudinal and lateral ∆V values determined from the LHD were applied to the 

corresponding normalized quadrant velocity pulse as scale factors for the motion of the sled, where 

the longitudinal, lateral and vertical vehicle axes are denoted by X, Y, Z respectively. These 

normalized pulses were previously derived from on-track IDR data from 2011 to 2018 (Patalak, 

2019). The motion of the simulation was applied to the rigid sled base, of which all rigid parts 

were constrained to. All simulations were conducted in LS-Dyna R. 9.1. 

Statistical Analysis 

Two types of statistical analyses were conducted on the simulation results.  A paired t-test 

was initially performed as an exploratory analysis to study the effect of helmet configuration using 

the 150 matched-pair simulations. Two comparisons were made: Helmet with visor to bare helmet, 

and helmet with visor and camera to bare helmet. This analysis was stratified by body size in order 
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to compare the effect of the helmet for each driver size. Differences in 10 injury metrics for the 

head and neck were analyzed for significance.  

Next, a mixed-effects model with unstructured covariance matrix was utilized to correlate 

the effect between five independent variables and the selected metrics. One of these independent 

variables was a continuous measure (resultant ΔV) and four were categorical measures (body size, 

helmet configuration, impact quadrant, and steering wheel position). Helmet configuration acted 

as a repeated measure since we ran the same set of impact scenarios with three helmet 

configurations. A total of 25 metrics were analyzed (Table 17). The mixed-effects model was 

defined by two comparisons: an overall type III analysis and a detailed regression analysis. The 

type III analysis was performed to see overall effects for each independent variable, where each 

variable is tested in light of all other variables. The detailed regression analysis determines 

significance among individual groups of categorical variables. If a categorical variable was found 

to be significant within the type III analysis, then the detailed regression analysis can be used to 

identify directionality among groups within that variable. Directionality within the categorical 

variables was determined by comparing individual groups to a reference group, represented as 

mean difference. The reference groups were determined as the baseline/majority for NASCAR 

impacts (M50-OS, Bare Helmet, Front Quadrant, Steering wheel orientation 1). The M50-OS most 

closely matches average driver size, the bare helmet represents the baseline helmet, the majority 

of impacts are frontal, and steering wheel orientation 1 is positioned furthest from the driver. A 

mixed-effects model was chosen for this analysis due to the correlated structure associated with 

the three helmet configurations.  
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Table 17. Overview of the metrics used for analysis categorized by body region and the 

seating environment. Metrics labeled as “contact” signifies peak contact force between the 

listed entities. Kinematic and kinetic data were reported as peak values.   

Region Metrics 

Head 
Linear 

Acceleration 

Angular 

Velocity 
3ms Clip HIC 15 HIC 36 BrIC 

Neck Nij 

Neck 

Tension 

Force 

    

Chest 
Sternum 

Compression 

Lateral 

Compression 
    

Lower 

Extremity 
Femur Force 

Upper & 

Lower Tibia 

Force 

Upper & 

Lower 

Tibia 

Bending 

Moment 

Upper/Lower 

Revised TI 
  

Environment Belt Forces 

Helmet – 

Foam 

Contact 

HBM – 

Foam 

Contact 

Helmet – 

SW Contact 

HBM – 

SW 

Contact 

Arms – 

SW 

Contact 

Environment 

Cont. 

Footpan 

Force 

Legs – 

Enclosure 

Contact 

Leg – Leg 

Contact 

Camlock – 

HBM 

Contact 

Camlock – 

SW 

Contact 

 

TI – Tibia Index, SW – Steering Wheel. 

V.  RESULTS 

A total of 450 representative load cases were run on 12 cores with an average simulation 

time of approximately 6 hours. All simulations ran to normal termination. A total of 25 data points 

from the HBM and motorsport environment were extracted from each simulation and can be found 

in Table 17. Data filtering followed SAE guidelines. Head metrics were measured at peak levels 

of: 103.2 g, angular velocity: 38.0 rad/s, 3ms clip: 92.4, HIC 15: 1114.1, HIC 36: 1597.8, and 

BrIC: 0.852. These peak head metric values were all observed in the M95-OS. The greatest levels 

of linear acceleration, angular velocity, and BrIC values were observed in a left lateral boundary 

case (Lateral ΔV = 129.4 kph, Longitudinal ΔV = -58.4 kph), while peak 3ms clip, HIC 15, and 

HIC 36 were observed in a left oblique frontal boundary case (Lateral ΔV = 64.8 kph, Longitudinal 
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ΔV = -122.5 kph). Conversely, neck metrics were low for most simulations, with peak levels of 

Nij: 0.27 and neck tension force: 1.21 kN (Eppinger, et al., 1999; Somers, et al., 2014). All other 

simulations had neck tension force values below 0.8 kN. Peak Nij was observed for the F05-OS 

and peak neck tension force for the M95-OS, both in the same impact as the peak linear 

acceleration, a left lateral boundary case (Lateral ΔV = 129.4 kph, Longitudinal ΔV = -58.4 kph). 

Chest metrics were measure at moderate levels with peak sternum compression: 35.8 mm and 

lateral chest compression: 59.4 mm. Peak sternum compression was observed in the M50-OS for 

a left oblique frontal boundary case (Lateral ΔV = 64.8 kph, Longitudinal ΔV = -122.5 kph), while 

peak lateral chest compression was observed in the M95-OS for a right lateral pulse (Lateral ΔV 

= -87.4 kph, Longitudinal ΔV = -20.7 kph). Lower extremity load levels were observed to be 

consistently low throughout the simulations, with peak femur force: 2.59 kN, upper tibia force: 

1.62 kN, and lower tibia force: 2.75 kN. All peak lower extremity forces were observed for the 

M95-OS. Peak femur and lower tibia force were observed in a frontal pulse (Lateral ΔV = -20.3 

kph, Longitudinal ΔV = -112.5 kph), while peak upper tibia force was observed in a right lateral 

pulse (Lateral ΔV = -106.8 kph, Longitudinal ΔV = -50.3 kph). Lower leg bending moment and 

tibia index levels were low to moderate across body size, with peak values seen in the M95-OS. 

Peak upper tibia bending moment and tibia index were observed in a left lateral boundary case 

(Lateral ΔV = 129.4 kph, Longitudinal ΔV = -58.4 kph) and were 118.5 N*m and 0.58, 

respectively. Peak lower tibia bending moment (22.8 N*m) was observed in a left oblique frontal 

boundary case (Lateral ΔV = 64.8 kph, Longitudinal ΔV = -122.5 kph) and peak lower tibia index 

(0.31) was observed in a frontal pulse (Lateral ΔV = -20.3 kph, Longitudinal ΔV = -112.5 kph).  
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Paired T-test for Helmet Configuration 

Significance was found for helmet configuration within the paired t-test for many of the 

analyzed head and neck metrics. Results from the paired t-test are shown in the Appendix in Table 

20 - Table 22, which are stratified by body size. For each table, there are two comparisons: 

comparing the helmet with visor to the bare helmet (Visor – Bare), and comparing the helmet with 

visor+camera to the bare helmet (Visor+Camera – Bare). The mean difference and standard 

deviation are reported for each metric and the cells are highlighted blue if there was statistical 

significance. Positive mean values indicate an increase in the metric for the EHS (Visor & 

Visor+Camera), while negative values indicate a decrease in the metric. Significance was observed 

for many metrics but was more prevalent in the male body sizes than the female. For 

“Visor+Camera – Bare” comparison, 3 out of 10 metrics were significant for the F05-OS, 6 out of 

10 metrics for M50-OS, and 6 out of 10 for M95-OS. However, the mean difference and standard 

deviation values were low relative to metric values seen during the impacts.  

Mixed Effects Model: Overall Type III Analysis  

Statistical significance and f-ratio were reported for each independent variable across all 

measured metrics. A p-value of <0.05 indicates statistical significance for that comparison and can 

be investigated further with the detailed analysis to identify average difference and directionality 

within categorical variables. Furthermore, the f-ratio can be understood as the amount of variation 

of a metric between groups within a categorical variable, where greater values indicate a larger 

variation. This is directly linked to p-value but is easier to see where variation was largest. Body 

size was found to be significant for all measured metrics and had the highest variability in neck 

tension, lower extremity force, belt loads, and HBM contact forces. Helmet configuration was not 

significant for any analyzed metrics within the mixed-effects model. Impact quadrant showed 
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significance for all but one metric (3ms clip) and exhibited a high degree of variability across all 

metrics. Steering wheel position was statistically significant for head acceleration and HBM 

contact forces, including helmet to steering wheel, arms to steering wheel, HBM to steering wheel, 

and seatbelt camlock contacts. Pulse ΔV was significant for all metrics except helmet to wheel 

contact. Pulse ΔV also had the largest f-ratio of all independent variables for most metrics, meaning 

that it had the greatest effect. An example of results from this overall type III analysis are shown 

for the head metrics in Table 18.  

Table 18. Overview of the mixed-effects model results for the head metrics. Significant p-

values are highlighted in blue. Variable degrees of freedom (DF), f-ratio, and p-values are 

all reported.  

  Peak Linear 

Acceleration 

Peak Angular 

Velocity 
3ms Clip HIC 15 HIC 36 BrIC 

Source DF f-ratio p-value f-ratio p-value f-ratio p-value f-ratio p-value f-ratio p-value f-ratio p-value 

Size 2 78.8 0.000 78.2 0.000 78.5 0.000 68.4 0.000 76.5 0.000 54.3 0.000 

Helmet 2 0.1 0.941 0.1 0.894 0.0 0.970 0.0 0.964 0.0 0.999 0.1 0.888 

Quadrant 2 4.1 0.018 72.7 0.000 0.6 0.580 10.6 0.000 25.0 0.000 74.1 0.000 

SWPos 2 3.1 0.047 0.4 0.690 4.1 0.017 0.7 0.513 1.0 0.390 0.4 0.708 

Res ΔV 1 1336.1 0.000 498.9 0.000 2032.3 0.000 1100.6 0.000 1482.6 0.000 383.1 0.000 

 

Mixed Effects Model: Detailed Regression Analysis 

For each group within a categorical variable, statistical significance was determined and 

the mean difference was calculated relative to the reference group (M50-OS, Bare Helmet, Front 

Quadrant, Steering wheel orientation 1). Bar chart comparisons for mean differences are reported 

for a select few metrics in Figure 19. Consolidated mean difference results for all metrics can be 

found in the Appendix Table 24 and Table 25. The mean difference for the head metrics can be 

found in  
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Table 19. Additionally, peak values were reported for M50-OS metrics in order to 

contextualize mean difference values and assess whether changes could correlate to an increase in 

injury risk. The greatest mean difference in head linear acceleration was found in the F05-OS (-

6.41 g), while the M95-OS showed an increase (+5.26 g). The greatest mean difference in angular 

velocity was observed in impacts of the left lateral quadrant (+5.62 rad/s). The F05-OS did not 

show significance for angular head motion metrics, while the M95-OS showed a statistical 

increase. Lateral impacts showed the greatest effect on neck and chest metrics, with an increase in 

neck metrics, decrease in sternum compression, and increase in lateral chest compression. On 

average, the F05-OS saw an increase in sternum compression but a decrease in lateral chest 

compression, while the M95-OS saw an inverse relationship. On average, femur force decreased 

with body size and in lateral impacts, while tibia metrics were affected by impact quadrant the 

most. The largest change in mean difference for upper tibia force was in right impacts for left tibia 

and left impacts for right tibia. Lower tibia force showed significant reductions for lower tibia 

force bi-laterally. The F05-OS showed significant increases in upper tibia bending moment but 

only small reductions in lower tibia bending moment. Overall, belt forces decreased as body size 

decreased and in lateral impacts, whereas contact forces decreased as body size decreased. Closer 

steering wheel positions (SW2, SW3) showed significant increases in the steering wheel and 

camlock contacts. Lateral impacts showed the greatest increase in contacts with the seat.  
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Figure 19. Graphical comparison of mean difference for groups within categorical 

variables. Results are shown for peak linear head acceleration, neck tension force, sternum 

compression, and lower tibia force R. Error bars represent standard error.  

Table 19. Comparison of mean differences, relative to reference group, for head metrics 

across the measured variables. Statistical significance is denoted if the cell is colored blue.  

 
Linear Head 

Acceleration (g) 

Angular Head 

Velocity 

(rad/s) 

3 ms Clip HIC 15 HIC 36 BrIC 

F05 -6.41 0.04 -1.81 -84.70 -98.40 0.00 

M95 5.26 4.18 6.88 45.83 96.11 0.09 

Visor -0.29 -0.06 -0.12 -0.90 -0.22 0.00 

Visor+Camera -0.02 -0.18 -0.18 -2.99 -0.16 0.00 

Quadrant L 3.08 5.62 0.86 -49.27 -117.00 0.14 

Quadrant R -0.33 2.09 -0.15 -40.32 -76.60 0.07 

SWPos 2 0.93 -0.24 0.54 13.96 22.66 0.00 

SWPos 3 -1.39 0.09 -1.50 7.38 7.79 0.01 

Res ΔV 0.44 0.11 0.42 4.83 7.78 0.00 

Peak Values 

M50-OS 
93.72 28.94 87.92 1018.53 1369.37 0.65 
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V.  DISCUSSION 

Results from the mixed effect model showed that occupant size and quadrant had the 

greatest effect on metrics. In general, the larger occupants exhibited greater head and neck metric 

values while the F05 exhibited lower values. Neck metrics showed only minor changes across all 

variables. One interesting finding was that even though the helmet of the F05-OS was heavier due 

to the increased amount of foam, neck tension still decreased for the F05-OS. The added mass of 

the helmet could be the cause of inflated head angular velocity values since there was no significant 

decrease in this measure from the M50-OS to the F05-OS. The relationship between lateral chest 

compression and body size was expected, but the sternum compression results had an opposite 

relationship. Traditionally, a larger size male would exhibit greater sternum compression than a 

small female, but this was not the case. However, this was not a traditional chest loading scenario. 

The sternum is not directly loaded during an impact with a motorsport belt system but is indirectly 

loaded through the HANS device. The HANS device was found to disproportionally displace 

upper portions of the sternum, which is why sternum displacement was calculated as the average 

of two pairs of points measuring the superior and middle portions of the sternum to the spine 

(Decker, 2020). HANS devices are customized for specific body size and the size of the HANS 

relative to the body may have an effect on sternal loading and could have influenced this measure. 

The F05-OS did show significant increases in right upper tibia force and upper tibia bending 

moment. The footpan of the environment was positioned to be as close to the feet as possible. 

However, during the seat pouring process, the drivers position their leg in wide open throttle 

position which makes the right leg sit in the seat a little lower than the left. Because of this, the left 

foot of the HBMs rested at a small distance from the footpan. This can help explain why forces 

may have had different significance from left to right side of the legs and why the moment of the 
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upper left tibia was more significant than the upper right (since no friction could resist the left leg 

from moving right). The shorter legs of the F05-OS may have extrapolated this, causing more 

variation than the other body sizes. Belt loads and HBM contact force are directly related to mass 

and had a high degree of variability within body size. 

Left quadrant impacts showed a significant increase in head linear acceleration but a 

significant decrease in HIC 15 and HIC 36, which are calculated from head linear acceleration. 

Contact between the helmet and head surround produced head accelerations with shorter duration 

peaks, which was more common in lateral impacts. Both left and right quadrants showed 

statistically significant increases in peak angular velocity and BrIC. The variation in findings 

between linear and angular head kinematics support the argument that using a variety of injury 

metrics is the best approach to estimate head injury in motorsport crashes. A large amount of 

variability among impact quadrant means reinforces the idea that specific injuries are highly 

dependent on PDOF (i.e. greater neck tension in frontal impacts and greater lower extremity 

moment in lateral impacts).  

Directionality and the levels of mean difference from steering wheel position were mixed 

across metrics. Steering wheel position was modeled as a discrete variable and was not analyzed 

for each position in each impact. This may have influenced associations with the position of the 

steering wheel. Closer steering wheel positions were observed to have a higher chance of 

impacting the HBM and helmet. Contact between the helmet and steering wheel was rare, but did 

occur, and only in impacts with the closest steering wheel position (SW3). These contacts were 

likely the cause of significance between steering wheel position and head linear acceleration. 

According to the mixed-effects model results, pulse resultant ΔV had the greatest significance 

which supports the notion that ΔV is highly correlated to injury (Patalak, et al., 2020). The only 
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metric that resultant ΔV was not significant was helmet to steering wheel contact, which was only 

found in impacts of the frontal quadrant. Therefore, it seems reasonable to state that helmet contact 

cannot be predicted purely off resultant ΔV. Reported Nij and neck tension values were low for 

all simulations (maximum values: 0.18 & 1.2 kN respectively). The highest metric values were 

observed in the 5 severe boundary cases. 

Findings from this study are of most value when analyzed with respect to injury risk 

estimates from the M50-OS with a bare helmet (Decker, 2020). The IRFs from that study were not 

used to calculate injury risk for the F05-OS and M95-OS because the PMHS data would not align 

with these body sizes. The various metrics would require an assortment of scaling techniques to 

apply them to these IRFs. Instead, the M50-OS risk estimates were used as reference values for 

analyzing trends among changes in the underlying metrics. Injury risk calculations for the M50-

OS showed overall low injury risk for the neck (<1% AIS 1+) and lower extremity (<2% AIS 2+) 

and moderate injury risk for the chest (<30% AIS 1+) and head (<29% AIS 2+). Trends from the 

mixed-effects model lead us to believe that the F05-OS and M95-OS risk would fluctuate around 

the M50-OS values.  

The paired t-test and mixed-effects model appeared to show conflicting results related to 

helmet configuration, where the former found significance for many metrics and the latter found 

no significance. The paired t-test was performed as an exploratory analysis in order to see 

relationships with the helmet configuration without adjusting for the other variables of the study. 

While many t-test metrics showed statistical significance for helmet configuration, the relative 

change in magnitude was negligible. The most notable change was observed in the M95 helmet 

with visor+camera for HIC 15, which showed a mean difference of -10.261. However, since the 

value is negative it actually corresponds to lower HIC 15 values so an increase in injury risk would 
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not be expected. The mixed-effects model has the benefit of being able to analyze statistical 

relationships across multiple types of variables. Observed differences between the two analyses 

exist because the paired t-test does not adjust for other covariates within the experimental design. 

These factors have the ability to confound the results which is why the mixed effect model reported 

no significance, while the paired t-test reported significance. Additionally, the paired t-test was 

stratified by body size, which was not done with the mixed-effects model.  

A series of 50 load cases, representative of on-track NASCAR incidents, were simulated 

across three body sizes and three helmet configurations, totaling 450 simulations. A large-scale 

parametric study such as this was made possible by utilizing a computational approach where 

biomechanical data generation is possible in less time and with fewer resources. The –OS HBM 

family has been validated through a variety of biomechanical loading scenarios and represents the 

anthropometry variability seen in NASCAR. A previous study calculated relative injury risk of the 

M50-OS through 45 representative impacts, using the same motorsport environment and bare 

helmet. Those 45 simulations are included in this study, where the risk calculations are used as 

reference values to determine the effect of body size and helmet configuration. A change in the 

loading metric used to calculate risk would indicate a change in relative risk for that metric. 

Overall, smaller drivers were found to be at lower risk while larger drivers were found to be at 

higher risk. However, it needs to be stated that safety countermeasures in NASCAR are effective 

at keeping loading levels low for all tested variables. HBM parametric studies such as this may 

provide an avenue to assist injury detection for motorsport incidents, improve triage effectiveness, 

and assist in the development of safety standards. 
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V.  APPENDIX 

Table 20. Paired t-test results for the F05-OS.  

F05-OS 

 Visor - Bare Visor+Camera - Bare 

Metrics Mean Diff  St Dev Mean Diff  St Dev 

Peak Linear Acceleration (g) -0.433 0.710 0.103 1.781 

Peak Angular Velocity (rad/s) -0.026 0.166 0.000 0.378 

3ms Clip -0.318 0.725 -0.147 1.048 

HIC 15 -1.378 3.398 0.985 7.071 

HIC 36 -0.620 3.372 2.599 6.563 

BrIC -0.001 0.004 -0.001 0.009 

NIJ 0.000 0.005 0.001 0.007 

Neck Tension Force (kN) 0.001 0.012 0.000 0.014 

HANS L (kN) 0.000 0.027 0.019 0.033 

HANS R (kN) 0.000 0.023 0.021 0.029 

 

Table 21. Paired t-test results for the M50-OS. 

M50-OS 

 Visor - Bare Visor+Camera - Bare 

Metrics Mean Diff  St Dev Mean Diff  St Dev 

Peak Linear Acceleration (g) -0.135 0.883 0.295 1.311 

Peak Angular Velocity (rad/s) -0.115 0.225 -0.286 0.551 

3ms Clip 0.112 0.611 0.022 0.999 

HIC 15 -0.169 3.186 0.320 7.719 

HIC 36 0.114 1.981 0.771 6.816 

BrIC -0.003 0.004 -0.007 0.009 

NIJ 0.001 0.002 0.003 0.004 

Neck Tension Force (kN) 0.003 0.010 0.013 0.018 

HANS L (kN) 0.005 0.022 0.032 0.036 

HANS R (kN) 0.003 0.022 0.023 0.040 
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Table 22. Paired t-test results for the M95-OS. 

M95-OS 

 Visor - Bare Visor+Camera - Bare 

Metrics Mean Diff  St Dev Mean Diff  St Dev 

Peak Linear Acceleration (g) -0.302 0.948 -0.450 2.092 

Peak Angular Velocity (rad/s) -0.052 0.196 -0.252 0.370 

Clip 3ms -0.145 0.583 -0.403 1.427 

HIC 15 -1.163 3.078 -10.261 10.253 

HIC 36 -0.167 2.615 -3.852 7.211 

BrIC -0.002 0.005 -0.006 0.008 

NIJ 0.000 0.002 0.000 0.003 

Neck Tension Force (kN) 0.000 0.016 0.006 0.021 

HANS L (kN) 0.008 0.026 0.031 0.040 

HANS R (kN) 0.010 0.021 0.023 0.035 

 

   

Figure 20. Cross-plot of HIC 15 for comparing the helmet configurations Visor+Camera to 

Bare helmet. R-squared values of linear regression are shown.   
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Figure 21. The normalized acceleration and velocity pulses that were used to drive the 

simulations. The various ΔV for each pulse was applied as a scale factor to the normalized 

velocity pulse.  

SW1 SW2 SW3 

   

Figure 22. The different orientations for the three steering wheel positions (SW1 – SW3). 

M50-OS is shown.   
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Table 23. Metric name key for mean difference tables. 

1 Peak Linear Acceleration 

2 Peak Angular Velocity 

3 Clip 3ms 

4 HIC 15 

5 HIC 36 

6 BrIC 

7 NIJ 

8 Neck Tension 

9 Sternum Compression 

10 Lateral Chest Compression 

11 Femur Force L 

12 Femur Force R 

13 Upper Tibia Force L 

14 Upper Tibia Force R 

15 Lower Tibia Force L 

16 Lower Tibia Force R 

17 Upper Tibia Bending Moment L 

18 Upper Tibia Bending Moment R 

19 Lower Tibia Bending Moment L 

20 Lower Tibia Bending Moment R 

21 Upper Revised Tibia Index L 

22 Upper Revised Tibia Index R 

23 Lower Revised Tibia Index L 

24 Lower Revised Tibia Index R 

25 Shoulder Belt L 

26 Shoulder Belt R 

27 Lap Belt L 

28 Lap Belt R 

29 Anti Sub Belt L 

30 Anti Sub Belt R 

31 Neg G Belt 

32 HANS L 

33 HANS R 

34 Footpan 

35 Leg+shoes - leg enclosure 

36 Leg - Leg 
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37 HBM - Foam 

38 Camlock - HBM 

39 Helmet - Foam 

40 Helmet - Wheel 

41 Hands - Wheel 

42 HBM - Wheel 

43 Camlock - Steering wheel 
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Table 24. Mean difference values for metrics 1 to 22. Comparisons that were statistically significant are highlighted blue. The 

reference groups within each categorical variable are highlighted grey. Corresponding names for each metric can be found in 

Table 23.  

Metric 1 2 3 4 5 6 7 8 9 10 11 12 13 14 15 16 17 18 19 20 21 22 

Intercept 16.36 4.98 9.00 -143.73 -248.40 0.12 0.00 0.06 7.70 9.44 0.49 0.34 0.26 0.16 0.16 0.11 -8.71 -2.81 3.18 3.76 -0.01 0.00 

F05 -6.41 0.04 -1.81 -84.70 -98.40 0.00 0.01 -0.20 3.20 -7.25 -0.31 -0.15 0.03 0.17 -0.15 -0.19 14.28 7.93 -1.63 -2.38 0.06 0.05 

M95 5.26 4.18 6.88 45.83 96.11 0.09 -0.01 0.01 -2.25 2.14 0.28 0.26 0.17 0.08 0.40 0.35 9.20 4.77 1.66 0.04 0.05 0.03 

M50                       

Visor -0.29 -0.06 -0.12 -0.90 -0.22 0.00 0.00 0.00 0.01 0.00 0.00 0.00 0.00 0.00 0.00 0.00 0.01 0.05 0.02 -0.05 0.00 0.00 

Visor+Camera -0.02 -0.18 -0.18 -2.99 -0.16 0.00 0.00 0.01 -0.05 -0.03 0.00 0.00 0.00 0.00 0.00 0.00 0.01 0.00 0.00 0.02 0.00 0.00 

Bare                       

quadrant L 3.08 5.62 0.86 -49.27 -117.00 0.14 0.04 0.23 -15.43 17.66 -0.71 -0.34 -0.24 0.27 -0.55 -0.35 -4.95 27.29 -7.01 -2.09 -0.04 0.14 

quadrant R -0.33 2.09 -0.15 -40.32 -76.60 0.07 0.02 0.14 -12.95 13.37 -0.24 -0.60 0.23 -0.04 -0.36 -0.37 21.77 -0.92 -1.86 -4.07 0.11 -0.01 

quadrant F                       

SWPos 2 0.93 -0.24 0.54 13.96 22.66 0.00 0.00 0.00 0.81 -1.35 0.02 0.08 0.00 0.00 0.03 0.06 -1.76 -0.53 0.44 0.49 -0.01 0.00 

SWPos 3 -1.39 0.09 -1.50 7.38 7.79 0.01 0.00 0.01 0.38 -3.43 -0.02 -0.02 -0.01 0.00 -0.02 -0.03 -1.51 -0.14 -0.55 -0.30 -0.01 0.00 

SWPos 1                       

Res_deltaV 0.44 0.11 0.42 4.83 7.78 0.00 0.00 0.00 0.16 0.09 0.01 0.01 0.00 0.00 0.01 0.01 0.21 0.13 0.07 0.07 0.00 0.00 
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Table 25. Mean difference values for metrics 23 to 43. Comparisons that were statistically significant are highlighted blue. The 

reference groups within each categorical variable are highlighted grey. Corresponding names for each metric can be found in 

Table 23. 

Metric 23 24 25 26 27 28 29 30 31 32 33 34 35 36 37 38 39 40 41 42 43 

Intercept 0.03 0.02 0.85 0.88 0.18 0.21 0.14 0.26 0.01 0.45 0.48 0.24 -0.19 0.00 1.33 0.08 -0.05 -0.03 0.29 0.35 -0.46 

F05 -0.02 -0.03 -1.21 -1.16 -0.82 -0.62 -0.21 -0.43 -0.03 -0.39 -0.40 -0.34 -1.28 -0.15 -3.50 -0.11 -0.26 0.04 -0.19 -0.08 0.29 

M95 0.04 0.03 0.83 0.77 0.62 0.53 0.53 0.37 0.08 0.15 0.14 0.72 1.19 0.00 4.33 0.16 0.41 0.00 -0.01 0.55 0.43 

M50                      

Visor 0.00 0.00 0.01 0.00 0.00 0.00 0.01 -0.01 0.00 0.00 0.00 0.00 0.00 -0.02 0.00 0.00 0.01 0.00 0.00 0.00 0.00 

Visor+Camera 0.00 0.00 0.03 0.03 -0.01 -0.01 0.01 -0.01 0.00 0.03 0.02 0.00 0.00 -0.02 -0.01 0.00 0.02 0.01 0.00 0.00 0.00 

Bare                      

quadrant L -0.08 -0.04 -1.31 -2.89 -2.54 0.25 -1.01 -0.53 0.12 -0.57 -0.55 -1.58 1.50 0.26 1.62 -0.17 1.56 -0.04 0.32 -0.89 -0.46 

quadrant R -0.04 -0.05 -2.14 -1.62 -0.14 -1.58 -0.48 -0.84 0.11 -0.53 -0.61 -1.44 1.73 0.17 2.45 -0.16 1.35 -0.02 0.33 -0.94 -0.39 

quadrant F                      

SWPos 2 0.00 0.01 0.22 -0.10 -0.13 0.17 0.05 0.07 0.00 0.00 0.01 0.09 -0.09 -0.01 -0.41 0.01 -0.01 0.01 -0.07 0.31 0.12 

SWPos 3 0.00 0.00 -0.10 -0.32 -0.47 -0.25 0.00 -0.01 -0.03 -0.04 -0.02 -0.04 -0.09 0.00 -0.56 0.08 0.00 0.04 -0.04 0.62 0.89 

SWPos 1                      

Res_deltaV 0.00 0.00 0.04 0.05 0.04 0.03 0.01 0.01 0.00 0.01 0.01 0.02 0.05 0.00 0.13 0.01 0.01 0.00 0.00 0.01 0.00 
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Chapter VI: Conclusion 

Head injuries in contact sports, particularly American football occur at relatively 

high rates in comparisons to other sports and helmets are the player’s primary source of 

head protection. Finite element computational models provide a tool for researchers to 

study and potentially optimize helmet designs for better player protection. A finite element 

model of an American football helmet was developed and validated through a rigorous 

series of impact conditions, including material and component level validation. Physical 

measurements such as size, shape, and mass of the individual components, along with the 

fully assembled helmet, were within reasonable tolerances. The model has shown the 

ability to obtain kinematic and force response comparable to experimental data through 

many different directional loading scenarios. It can be used in conjunction with ATD and 

human body models to study the relationship between helmet characteristics and head 

injury prevalence. This can help streamline the process of designing and testing helmets, 

which in turn may help reduce cost and improve helmet performance. The modeling 

processes shown here may also help influence the development of helmets in other 

applications such as other sports and motorsports.  

While well-protected through a variety of safety countermeasures, motorsports 

drivers can be exposed to a large variety of crash modes and severities. Computational 

human body models (HBMs) are currently used to assess occupant safety for the general 

driving public in production vehicles but have proved to be useful in other non-traditional 

crash environments such as motorsports. NASCAR motorsport safety regulations require 

national series drivers to wear a helmet and use a 7 or 9-point safety belt system with a 

head and neck restraint device. Unlike a traditional automotive seat, the NASCAR driver 
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environment is driver-customized and form-fitting. A multi-step process was developed to 

integrate the Global Human Body Models Consortium family of simplified occupant 

models (5th percentile female, 50th percentile male, 95th percentile male) into a 

representative motorsport environment. This included meshing and assembling the various 

components of the environment, fitting a motorsport helmet model onto the M50-OS, 

settling the M50-OS into the appropriate posture, and simulating a poured foam insert 

around the body. The finite element mesh of the seat and steering wheel were created using 

CAD provided by the sponsor. Three components made up the driver’s seat: structural 

carbon fiber shell, inner foam, and head surround. Additionally, a simplified leg enclosure 

was created using basic mesh functions and acted as an approximation of what is physically 

in the vehicle. This included left and right rigid leg extensions, footpan, and toe board to 

prevent the feet from flailing. The motorsports helmet was donned onto each of the three 

HBMs using a standardized, simulation-based fitting procedure. Physical helmet size was 

matched for each HBM by correlating the head circumference to helmet size using a sizing 

chart. Following helmet donning, each of the HBMs was gravity-settled into a seated driver 

position. The legs were positioned to match the thigh-knee-foot angle of 120⁰ and the arms 

were positioned for each steering wheel orientation so that the hands rested slightly above 

the of the steering wheel spokes. 

Overall, calculated risk estimates for the M50-OS were low and compared 

reasonably to NASCAR field data. Localized M50-OS chest injury risk was compared to 

the estimated risk from crash pulse ΔV as an additional check for the validity of our 

findings, and was found to have an average difference of -5%. Safety countermeasures in 

NASCAR, and motorsports in general, are effective at mitigating injury risk to the driver, 
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especially given the extreme level of severity for these crash scenarios. Two main 

advantages are provided by taking a computational approach to this study. First, the human 

body modeling approach is well suited for the custom design of professional motor-sports 

cockpits. HBMs provide the ability to generate biomechanical data that would otherwise 

be challenging to collect via anthropometric test dummies (ATDs) or post-mortem human 

subjects (PMHS), given the tight integration of the body into the cockpit and PPE required 

for these simulations. The computational modeling approach also enables large scale 

biomechanical data and injury risk data generation vs. running an equivalent number of 

physical tests, which would be significantly more time and resource consuming. 

Nonetheless, the results of this study may assist in assessing driver injury risk as well as 

correlating ATD test results to injury prediction. Beyond injury risk, the study is the first 

of its kind to provide mechanical loading values likely experienced during motorsports 

crash incidents with crash pulses developed from real-world data.  

NASCAR drivers are not only representative of 50th percentile male, but having 

varying anthropometry such as small females and large males. Additionally, motorsport 

helmets can be outfitted with external attachments, or enhanced helmet systems (EHS), 

whose effect is unknown relative to head and neck kinematics. The current study expands 

on this previous work by incorporating the F05-OS and M95-OS into the motorsport 

environment in order to determine correlations between metrics and factors such as PDOF, 

resultant ΔV occupant size, and EHS. A series of 50 load cases, representative of on-track 

NASCAR incidents, were simulated across three body sizes and three helmet 

configurations, totaling 450 simulations. A large-scale parametric study such as this was 

made possible by utilizing a computational approach where biomechanical data generation 
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is possible in less time and with fewer resources. A previous study calculated relative injury 

risk of the M50-OS through 45 representative impacts, using the same motorsport 

environment and bare helmet. Those 45 simulations are included in this study, where the 

risk calculations are used as reference values to determine the effect of body size and 

helmet configuration. A change in the loading metric used to calculate risk would indicate 

a change in relative risk for that metric. Overall, smaller drivers were found to be at lower 

risk while larger drivers were found to be at higher risk. However, it needs to be stated that 

safety countermeasures in NASCAR are effective at keeping loading levels low for all 

tested variables. HBM parametric studies such as this may provide an avenue to assist 

injury detection for motorsport incidents, improve triage effectiveness, and assist in the 

development of safety standards. 

Future work will focus on incorporating the NFL helmet model into studies with 

HBM models of both simplified and detailed nature. On-field impacts can be reconstructed 

through simulation and the internal mechanics of the finite element brain can be analyzed 

for possible injury. Within the motorsport analysis, other injuries including regions such 

as the pelvis may be examined in the future. 
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