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Abstract 
 

Head-first impact (HFI) is caused by events such as rollover motor-vehicle accidents, falls, and 

sports, and can impose serious and detrimental hard and soft tissue injuries on the cervical spine. 

HFI is a loading condition which involves direct impact to the head resulting from the person 

(usually in an inverted position) approaching and subsequently impacting a surface. During HFI 

loading, the momentum of the following torso coupled with the relatively stationary head 

impacting a surface act together to compress the cervical spine. Due to the severity of the incurred 

injuries in addition to the complex kinematics of the cervical spine during HFI, several numerical 

and experimental studies have been conducted in order to characterize and investigate the response 

and injury outcome of the cervical spine during HFI loading. However, these experimental and 

numerical studies have several limitations pertaining to quantitatively analyzing the kinematic 

response of the cervical spine, studying soft tissue injury risk, and conducting sensitivity studies 

that identify factors which influence cervical spine response during HFI. Therefore, this study 

aimed to address these experimental and numerical limitations by achieving two objectives: (1) 

validating a biofidelic and detailed finite element head-neck model against two sets of 

experimental data, and (2) conducting a sensitivity study to identify important factors that 

influence the kinematic, kinetic, and injury response of the cervical spine during HFI. The 

kinematic results were the buckling behaviour of the cervical spine (quantified by a variable termed 

the buckling parameter) and the kinetic results were the head contact force and axial neck 

compressive force histories. The hard tissue injury results entailed the onset time and location of 

vertebral fracture and the soft tissue injury results entailed identifying ligament rupture and disc 

avulsion. 

HFI parameters (e.g., initial conditions such as cervical spine curvature prior to impact) were 

identified from literature and varied in a sensitivity study to evaluate the individual effect on 

cervical spine response relative to a reference baseline model. All model configurations (the two 

validation models and the sensitivity study models) were simulated in HFI and quantitatively 

assessed using kinematic response, kinetic response, hard tissue injury, and soft tissue injury. The 

validation results indicated that there was good agreement for the axial neck compressive force 

(less than 500 N difference). Good agreement was not predicted for the head contact force (more 

than 3,500 N difference) because of the different deformation levels observed at the model and 
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experimental impact interfaces. Good agreement was predicted for the cervical spine kinematic 

response (less than 7% difference in buckling parameter) because of the same buckling mode and 

inflection point between the model and the experiments. Moreover, good agreement was observed 

for the hard and soft tissue injury outcomes in terms of onset time (less than 1 ms difference) and 

location of injury occurrence (e.g., C3 and C4 laminar and spinous process fractures as well as 

anterior longitudinal ligament ruptures). The sensitivity study results indicated that the impact 

velocity of the head and neck prior to impact had the greatest influence on the response of the 

cervical spine during HFI, followed by the lateral angle of the impact plate and the anteroposterior 

angle of the head. Quantitatively analyzing the kinematic response of the cervical spine provided 

guidance and information for investigating the kinetic response and the injury risk. It is 

recommended that future numerical research investigating HFI focus on the effects of 

incorporating active and passive musculature on the response of the cervical spine, and to develop 

a hard tissue failure model suitable for predicting and modelling vertebrae fracture initiation and 

propagation. Furthermore, it is recommended for future experimental research to consider the 

effect of freeing the boundary condition applied at the first thoracic vertebra on the resultant 

response and to consider the lateral angle of the impact plate as an important factor in the behaviour 

of the cervical spine under HFI. 
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 Chapter 1: Introduction 

1.1 Motivation for Research 

The cervical spine is mechanically and structurally complex; as such, it is susceptible to a variety 

of injuries depending on the type of loading. Cervical spine injuries (CSI) (AIS3+) due to head-

first impact (HFI) result in a significant individual and financial cost, especially if there is 

associated spinal cord injury [Allen et al., 1982; Ivancic et al., 2008]. The National Spinal Cord 

Injury Statistical Centre (NSCISC) reported that there were approximately 17,900 new spinal cord 

injury cases in 2020 in the United States alone, with associated total annual expenses of $1 million 

USD [NSCISC, 2021]. During HFI, the cervical spine is compressed due to the momentum of the 

following torso and the relatively stationary head impacting a surface, potentially leading to life-

threatening and debilitating injuries such as quadriplegia [Yoganandan et al., 1989; Nightingale et 

al., 2015]. HFI can occur from events such as falls and contact sports, but the plurality of CSI 

occurs due to motor-vehicle accidents (MVA) [Thompson et al., 2009; Hasler et al., 2012]. In the 

United States, CSI due to MVA account for 45% of total CSI [Sekhon et al., 2001]. HFI that occurs 

as a result of rollover MVA accounts for 32% of all fatalities in MVA events [Roberts et al., 2018]. 

Due to the close proximity to vascular, neurological, and respiratory structures, CSI can also be 

associated with spinal cord injury [Sekhon et al., 2001]. In fact, several studies reported that a high 

proportion of acute spinal cord injuries occur in the cervical region (55-58%) [Yoganandan et al., 

1989; Yadollahi et al., 2016].  

Research in HFI has gained traction over the last two decades, and mainly encompasses 

experimental [Saari et al., 2013; Roberts and Kerrigan, 2015] and numerical studies [Halldin et 

al., 2000; Nasim et al., 2021]. There have been several published experimental studies in which 

cadavers were placed in an inverted orientation and dropped on an impact surface. The studies 

conducted drop tests and usually extracted kinetic results (e.g., cervical spine axial force and 

contact force between head and impact surface) and injury data post impact. However, due to the 

associated cost and limited number of specimens, sensitivity/parametric studies have not been 

conducted on an experimental level. Sensitivity studies are useful in understanding the influence 

of certain boundary and initial conditions on the response of the cervical spine and have been 

conducted and reported in some numerical studies [Camacho et al., 1997; Hu et al., 2008]. 

Numerical studies have presented results on model validation against HFI loading, all of which 
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were only based on the experimental results reported in the study by Nightingale [Nightingale et 

al., 1997]. The models previously developed for validation against HFI loading often had the 

cervical vertebrae modelled as rigid bodies, limiting the models to not being able to predict bone 

fracture. The previous models were also limited in having a course mesh density (relative to the 

detailed numerical model used in this study) and not being validated for other loading conditions. 

Moreover, the results reported in the previous numerical studies did not consider soft tissue injuries 

and did not quantify the kinematic response of the cervical spine during HFI loading relative to 

experimental studies. Given the limitations of the previous experimental and numerical HFI studies 

in addition to the complex dynamics of the cervical spine under HFI loading, a biofidelic and 

detailed finite element head-neck model was validated against two experimental HFI studies and 

was used in a sensitivity study as well. This provided relevant knowledge pertaining to the response 

of the cervical spine and informed further research and improvements to protect the population 

against HFI events.  

1.1 Research Objectives and Approach 

The overall goal of this thesis was to validate a detailed finite element head-neck model for HFI 

loading and to assess the effect of the variation of HFI parameters (i.e., boundary and initial 

conditions) on the response of the cervical spine throughout the loading. This approach was useful 

in providing comprehensive data relevant to understanding the behaviour and injury outcome of 

the cervical spine during HFI loading events. 

The first objective of this study was to validate a 50th percentile male detailed finite element head-

neck model against experimental results reported in Saari and Nightingale [Nightingale et al., 

1997; Saari et al., 2013]. The experimental initial and boundary conditions, such as initial cervical 

spine curvature and impact velocity, were replicated in the model. The model validation included 

a comparison of the kinematics and kinetics, and a comparison of the hard and soft tissue injuries 

predicted by the model with the injuries reported by the experimental studies.  

The second objective of this thesis was to perform a sensitivity study in which HFI parameters 

were individually varied to assess the effect on the response of the cervical spine under HFI 

loading. The results extracted from each of the simulations in this study were the same as the 

validation results (kinematics, kinetics, and injury outcome). The study identified the parameters 

that had the greatest or the least influence on the response and injury risk of the cervical spine.    
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1.2 Thesis Organization 

Chapter 2 outlines and summarizes the fundamental anatomy of the cervical spine, describes the 

cervical spine injuries and injury mechanisms resultant from HFI, discusses the previous 

experimental and numerical work that has been done to study HFI, and describes the GHBMC 

model used for validation and analysis. 

Chapter 3 covers the model preparation details necessary to conduct the HFI validation against 

results from the experimental studies. The chapter also presents the sensitivity study structure and 

parameters investigated. 

Chapter 4 outlines the results describing the response of the cervical spine (kinematic, kinetic, and 

injury) for the model validation against Saari and Nightingale and the sensitivity study. The chapter 

also discusses and explains the findings as well as summarizes the sensitivity study results and 

identifies which parameters had the greatest and least influence on the response of the cervical 

spine. 

Finally, Chapter 5 provides the overall conclusions summarizing the key findings from the 

validation and sensitivity study. The chapter also provides recommendations for future research in 

HFI.  
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 Chapter 2: Background 

2.1 Anatomy of the Neck 

2.1.1 Anatomical Terms 

Anatomy is the study concerned with the bodily structure of living things. Anatomical planes and 

directions are used to divide the body into portions and to define conventional nomenclature 

regarding anatomical features (Figure 2-1). The anatomical planes are the frontal, transverse, and 

sagittal planes. The frontal plane divides the body into front and back parts, the transverse plane 

divides the body into top and bottom parts, and the sagittal plane divides the body into right and 

left sides. The intersection of the sagittal and frontal planes creates the superior and inferior 

directions (opposite to each other). The anterior and posterior directions are created by the 

intersection of the sagittal and transverse planes. The medial and lateral directions, created by the 

intersection of the transverse and frontal planes, describe the perpendicular direction towards and 

away from the median, respectively. 

 

Figure 2-1: Anatomical planes and directions 
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The anatomical terms used to describe the bending motion of the neck are flexion, extension, 

lateral bending, and axial rotation (Figure 2-2). Flexion describes the rotation of the head and neck 

about the lateral axis in the sagittal plane such that the head is ‘looking down’. Alternatively, 

extension, which is the motion opposite to flexion, describes the rotation of the head and neck 

(also about the lateral axis in the sagittal plane) such that the head is ‘looking up’. The typical 

cervical spine range of motion in flexion and extension is 80° to 90°, and 70°, respectively [Swartz 

et al., 2005]. Lateral bending describes the bending motion of the head and neck towards the right 

or left side rotating about the anteroposterior axis in the frontal plane, with a typical range of 

motion of 20° – 45°. Axial rotation entails rotating the head and neck around the superior-inferior 

axis, with a typical range of motion up to 90° to both sides. 

 

Figure 2-2: Terms describing motion of the head and neck 

 

2.1.2 Cervical Vertebral Anatomy 

Vertebrae, which are the series of small bones forming the spinal column, form the spinal column 

and are divided into three regions: cervical, thoracic, and lumbar. All vertebrae of the spinal 

column have a centrally located orifice (called the vertebral canal) through which the spinal cord 

passes. The cervical spine, which is the focus of this thesis, consists of seven vertebrae and is 
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commonly divided into three sections: upper cervical spine (C1 and C2), the middle cervical spine 

(C3-C5), and the lower cervical spine (C6-C7) (Figure 2-3) [Cusick and Yoganandan, 2002; 

Mattucci et al., 2012]. The anatomy of the middle and lower cervical spine vertebrae is similar. 

The first thoracic vertebra (T1) is often considered alongside the lower cervical spine (specifically 

for neck models (section 2.4)) it is directly inferior to C7 and consequently forms an intervertebral 

joint with it. The cervical vertebrae are constructed from a soft and porous inner bone core 

(trabecular bone) surrounded by a thin and relatively rigid shell (cortical bone) (Figure 2-4). The 

cortical bone surrounding the vertebral body of the vertebrae is thin (ranging from 0.4 mm to 0.7 

mm thick) [Panjabi et al., 2001]. However, it is much thicker around the posterior elements of the 

vertebrae [Gray, 1918]. The structure of the cortical bone is composed of vertical laminae designed 

to resist compressive forces [Benzel et al., 2005]. The structure of the trabecular bone is composed 

of thick vertical columns sustained by thinner horizontal trabeculae [Kopperdahl and Keaveny, 

1998].  

 

Figure 2-3: Cervical spine division 
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Figure 2-4: Vertebral cortical and trabecular bones [Gray, 1918] 

 

The middle-to-lower cervical spine vertebrae (C3-C7) are comprised of two portions: the anterior 

portion consisting of the vertebral body, and the posterior portion consisting of the vertebral arch 

which is made up of the laminae, the pedicles, the facet joints, and seven processes (Figure 2-5). 

The processes consist of four articular processes, two transverse processes, and one spinous 

process. The transverse processes and the spinous process serve as attachment points for muscles 

and ligaments [Benzel et al., 2005].  

 

Figure 2-5: Anatomy of the middle-to-lower cervical vertebrae (superior view) 
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The transverse processes, formed near the union of the pedicle and the vertebral body at either 

side, contain the transverse foramen, which is a cavity that transmits the vertebral artery. The 

spinous process is formed from the union of the laminae. There is a set of superior and inferior 

articular processes at the right and left sides of the cervical vertebrae, and each set is fused by the 

articular pillar. The surfaces of the articular processes of adjacent vertebrae form facet joints, 

which are synovial joints important for cervical spine stability [Benzel et al., 2005]. The joints are 

comprised of cartilage on the articular surfaces and a gap in between containing synovial fluid 

lubricating the interface (Figure 2-6).  

 

Figure 2-6: Cervical facet joint 

 

The pedicles are short and thick structures that extend dorsolaterally (inferior and lateral direction) 

from the posterolateral margin of the vertebral body. The laminae are elongated plates directed in 

the posteromedial direction from the pedicles, to which they are connected, until they are fused to 

form the spinous process. The posterior elements of the cervical vertebrae are shaped in an arc to 

form the vertebral foramen (biggest cervical orifice) through which the spinal cord passes. The 

vertebral body is the largest structure of the cervical vertebrae and is cylindrically shaped. The 

inferior and superior surfaces of the vertebral body (i.e., endplates) are attached to the 

intervertebral discs.  

The anatomy of the upper cervical spine vertebrae, C1 (atlas) and C2 (axis), are different from the 

structure of the middle-to-lower cervical spine (Figure 2-7). The atlas is ring-shaped and has no 

vertebral body or spinous process; it is comprised of anterior and posterior arches and two lateral 

masses that serve to support the skull (Figure 2-8). There are large concave facets on the superior 
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surfaces of the lateral masses of the atlas that are connected to the occipital condyles of the skull 

forming the atlanto-occipital joint. This joint is responsible for the flexion and extension rotation 

of the head and cervical spine. The facets on the inferior surfaces of the lateral masses of the atlas 

are large and convex, and they are in contact with the superior articular pillar surfaces of the axis 

forming the atlanto-axial joint. This joint is responsible for the axial rotation of the head and 

cervical spine.  

 

Figure 2-7: Upper cervical spine (C1 and C2) (Martini et al., 2017, used with permission from 

Pearson) 

 

 

Figure 2-8: Anatomy of the atlas (inferior view) (Benzel, 2012, used with permission from Wolters 

Kluwer) 
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The axis has a similar structure to the middle-to-lower cervical spine vertebrae (C3-C7) except for 

an odontoid process (also known as dens) protruding superiorly from the C2 vertebral body (Figure 

2-9). There is an articular facet on the anterior surface of the dens for contact with the posterior 

surface of the anterior arch of the atlas. Additionally, the pedicles, laminae, and spinous process 

of the axis are larger than those in the middle-to-lower cervical spine [Gray, 1918].  

 

Figure 2-9: Anatomy of the axis, A) superior view, and B) anterior view (Benzel, 2012, used with 

permission from Wotlers Kluwer) 

 

The cervical spine has a natural curvature called cervical lordosis. Cervical lordosis is the posterior 

concavity of the cervical spine (from T1 to the foramen magnum (hole in the base of the skull 

through which the spinal cord passes) and is important in maintaining forward gaze and upright 

posture of the head [Been et al., 2017]. Moreover, lordosis is crucial for healthy posture and for 

functions such as breathing control, eye movement, and part of the shock-absorbing mechanism 

involved in walking and running [Guo et al., 2018]. In fact, loss of cervical lordosis is associated 

with neck pain and disability. Figure 2-10 shows the lordosis of the cervical spine (in addition to 

the entire vertebral column) relative to the line of gravity (passing through the dens of the axis) 

[Benzel et al., 2005]. The line of gravity only serves to illustrate the lordosis curvature of the 

cervical spine. 
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Figure 2-10: Cervical column showcasing the lordosis of the cervical spine relative to the line of 

gravity (Benzel et al., 2005, used with permission from Elsevier) 

 

2.1.3 Anatomy of the Intervertebral Discs 

The intervertebral discs (IVD) are located in between adjacent vertebral bodies (starting at C2-C3) 

and aid in shock absorption and permit movement between adjacent vertebrae [Moore et al., 2015]. 

There are three major components in IVD: the annulus fibrosus (made of fibrocartilaginous layer 

of alternating collagen fibers), cartilaginous end plates, and the nucleus pulposus (Figure 2-11) 

[Benzel et al., 2005]. At each segment level (e.g., C3-C4 is a segment level), the annulus fibrosus 

binds the adjacent vertebral bodies. The concentric lamellae in the annulus fibrosus are designed 

to withstand tension, shear, and torsion loads [Yoganandan et al., 2001]. The nucleus pulposus, 

consisting of water, proteoglycans (protein chain), collagen, amongst other proteins, is designed 

to sustain compressive loads [Iatridis et al., 1996].  
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Figure 2-11: IVD anatomy, A) isolated IVD, and B) sagittal cross-section 

 

2.1.4 Anatomy of the Cervical Spine Ligaments 

Ligaments are uniaxial structures that only resist tensile forces and connect adjacent vertebrae to 

each other. They are primarily made of elastin and type I collagen and permit normal spinal motion 

while preventing excessive motion [Yoganandan et al., 2001; Benzel et al., 2005]. The major 

ligaments of the cervical spine are the anterior and posterior longitudinal ligaments (ALL and 

PLL), the ligamentum flavum (LF), the capsular ligament (CL), the interspinous ligament (ISL), 

and the nuchal ligament (NL).  

The ALL is a strong fibrous band that is continuous from the vertebral body of the axis across the 

entire spinal column and connects the anterolateral aspects of the vertebral bodies and IVD (Figure 

2-12) [Benzel et al., 2005, Moore et al., 2015]. The ALL is more effective under extension loading 

due to the anterior positioning [Yoganandan et al., 2001]. The PLL, similar to the ALL, extends 

from the axis and continues to span the entire cervical spine. It is slightly weaker than the ALL 

and is situated within the vertebral canal along the posterior margin of the vertebral bodies and 

adhering to the IVD (Figure 2-13) [Moore et al., 2015].  
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Figure 2-12: Anterior view of the anterior longitudinal ligament (ALL) (Ombregt, 2013, used with 

permission from Elsevier) 

 

 

Figure 2-13: Posterior view of the posterior longitudinal ligament (PLL) (Ombregt, 2013, used with 

permission from Elsevier) 

 

The LF extends from either side of the articular process roots to the point where the laminae fuse 

to form the spinous process in order to connect the lamina of two adjacent vertebrae (Figure 2-14). 

It is situated at the posterior wall of the vertebral canal and is the most elastic tissue in the human 
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body [Benzel et al., 2005]. The CL connects the margins of the articular processes of adjacent 

vertebrae and surrounds the facet joints (Figure 2-15).  

 

Figure 2-14: Ligamenta flava (LF), A) mid-sagittal cross-section, and B) posterior view 

 

 

Figure 2-15: Capsular ligament (sagittal view) 

 

The ISL connects the spinous processes of adjacent vertebrae. It is predominantly made of elastin 

and is relatively weaker than the other ligaments (Figure 2-16) [Yoganandan et al., 2001]. The ISL 

forms a membrane that merges with the NL at the posterior end. Unlike the ISL, the NL is strong 
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and made of thickened fibroelastic tissue that extends from the occipital protuberance and posterior 

border of the foramen magnum to the spinous process of the cervical vertebrae (Figure 2-16) 

[Moore et al., 2015].   

 

Figure 2-16: Interspinous and nuchal ligaments (Ombregt, 2013, used with permission from 

Elsevier) 

 

There are additional ligaments at the upper cervical that connect the atlas (C1) to the axis (C2) and 

the atlas to the base of the skull (Figure 2-17). The anterior and posterior atlanto-occipital 

membranes are broad and dense ligaments that connect the anterior and posterior arches of C1 to 

the anterior and posterior margins of the foramen magnum, respectively [Moore et al., 2015]. The 

ligaments that connect the atlas to the axis are called atlanto-axial ligaments: transverse ligament, 

cruciate ligament, alar ligament, and tectorial membrane [Moore et al., 2015]. The transverse 

ligament is the strongest and largest ligament in the cervical spine, and it maintains the contact 

between the dens and anterior arch of C1. The transverse ligament extends from the medial margins 

of the lateral masses of C1 to the posterior surface of the dens. The superior and inferior 

longitudinal bands extend from the transverse ligament to the occipital bone and the vertebral body 

of C2, respectively. The transverse ligament and the superior and inferior longitudinal bands form 

the cruciate ligament due to the resemblance to a cross [Moore et al., 2015]. The alar ligaments 

connect the sides of the dens to the lateral margins of the foramen magnum to prevent excessive 

rotation at the upper cervical spine. The tectorial membrane extends superiorly from the PLL of 

the C2-C3 segment level to the internal surface of the occipital bone.  
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Figure 2-17: Atlanto-occipital and atlanto-axial ligaments (Benzel et al., 2005, used with permission 

from Elsevier) 

 

2.2 Cervical Spine Injury Due to Head-First Impact 

The cervical spine can be subjected to a variety of injuries depending on the loading vector applied. 

This section describes head-first impact (HFI) injury mechanisms and epidemiological data 

covering the occurrence and severity of cervical spine injuries resulting from HFI loading. 

2.2.1 Cervical Spine Injury Classification and Mechanisms During Head-

First Impact 

The cervical spine can sustain hard and soft tissue injuries through a variety of mechanisms, where 

the term mechanism strictly refers to the kinematic behaviour and motion of the cervical spine that 

leads to injury. Hard tissue injury refers to vertebral injury such as fractures, while soft tissue 

injury describes injury or damage to the ligamentous or cartilaginous structures of the cervical 

spine, such as ligament ruptures and disc avulsions. During HFI loading, serious injury (AIS3+) 

can occur as rapidly as 2 to 30 ms after initial impact between the head and the surface [Swartz et 

al., 2005; Yoganandan et al., 2016; Maiman et al., 2018]. This short interval occurs well before 

observable head motion. As the loading progresses and both the head and the impacted surface 

reach their respective absorptive limits, the head begins accelerating in the inferior direction 

towards the cervical spine, thereby compressing the neck from the superior direction (via the head) 
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and the inferior direction (via the following effective torso mass) [Nightingale et al., 1997; Swartz 

et al., 2005].  

Due to the structural and anatomical differences between the upper (C1 and C2) and middle-to-

lower cervical spines (C3-C7), the respective hard and soft tissue injuries incurred are different 

and therefore described separately. The three most common hard tissue injuries sustained by the 

C1 and C2 vertebrae in the upper cervical spine during compressive loading are Jefferson’s 

fracture, Hangman’s fracture, and odontoid fracture [Nightingale et al., 2015]. Jefferson’s fracture 

refers to a 4-part fracture of the atlas: two fracture lines at the anterior arch, and two at the posterior 

arch (Figure 2-18). It is common for this injury to cause fatality and cervical spine instability, 

where the term instability entails significant displacement of the vertebra in addition to the fracture.  

 

Figure 2-18: Superior view of Jefferson's fracture of the atlas (indicated by the red fracture lines) 

 

Hangman’s fracture describes fracture of the pars interarticularis (Figure 2-9) and pedicles of the 

axis (Figure 2-19). This injury is usually attributed to hyperextension of C2 along with a possibility 

of rupture of the C2-C3 IVD, indicating the severity of the injury. The odontoid fracture of C2 is 

another common type of upper cervical spine injury that has the potential for spinal cord 

impingement (AIS3+) as well. This fracture has three types: Type I odontoid fracture entails 

fracture to the superior tip of the dens, type II refers to fracture through the main body of the dens, 

and type III entails fracture of the base of the dens that could potentially extend to the vertebral 

body of C2 (Figure 2-20). While type I and III odontoid fractures are often stable and clinically 

manageable, type II fractures have a high associated chance of nonunion (inability for a fracture 

to heal) that can lead to atlantoaxial dislocation.  
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Figure 2-19: Sagittal view of Hangman's fracture of the axis (indicated by the red fracture line) 

 

 

Figure 2-20: Frontal view of odontoid fractures (Types I, II, and III) of the axis (indicated by red 

fracture lines) 

 

The cervical spine usually undergoes transient deformation, or buckling, during compression, 

which can impose flexion and extension rotations throughout the loading [Swartz et al., 2005]. 

During buckling, the cervical vertebrae experience a combination of anterior displacement and 

either flexion or extension rotation as the cervical spine transitions from one equilibrium 

configuration to another [Nightingale et al., 1997]. An equilibrium configuration refers to an 
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instance where the cervical spine does not displace or rotate and reaches a ‘locked state’. Cervical 

spine buckling has several modes that are directly correlated with the load applied. As the load 

increases, a higher buckling mode is observed. First order (e.g., mode) buckling is the most 

common under compressive loading and entails extension of the upper-to-middle cervical spine 

and flexion of the middle-to-lower cervical spine. Moreover, the anterior-most vertebra is the point 

inferior of which the rotation changes direction from extension to flexion. Higher order buckling, 

which is more unstable than first order buckling, entails flexion of the upper cervical spine, 

extension of the middle cervical spine, and flexion of the lower cervical spine. Figure 2-21 shows 

first order cervical spine buckling along with higher order buckling for comparison.  

 

Figure 2-21: A) First order buckling with C4 being the anterior-most vertebra, and B) higher (and 

more unstable) order buckling (Nightingale et al., 2017, used with permission from SAE 

International) 

 

Compressive loading could be centric or eccentric [Iencean et al., 2013]. The former does not 

cause significant cervical spine rotation, thereby incurring more hard tissue than soft tissue 

injuries, especially if there was an absence of cervical lordosis (i.e., natural curvature) prior to 

impact (Figure 2-22). Eccentric compressive loading leads to cervical spine sagittal rotation (in 

addition to compression) which causes either vertebral extension or flexion. Therefore, 

compressive loading can be isolated (i.e., pure vertical compression) or combined with flexion or 

extension. The severity of these fractures increases when there are associated pedicle and lamina 

fractures, which leads to instability and higher probability of spinal cord injury as well. When there 

is associated flexion and extension of the cervical spine, ligamentous (soft tissue) injuries such as 
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dislocations can occur. Pure dislocations without associated fracture, although rare (accounts for 

only 5% of spinal cord injuries), can be damaging to the cervical spine [Nightingale et al., 2015]. 

For example, bilateral facet dislocations, which have a preponderance for the C6-C7 and C7-T1 

segment levels, can lead to quadriplegia (Figure 2-23) [Bedbrook, 1979]. Another common injury 

at the C6-C7 and C7-T1 segment levels is fracture dislocation. Fracture dislocation is characterized 

by vertebral body fracture along with vertebral displacement (often anterior) (Figure 2-24) 

[Nightingale et al., 2015].  

 

Figure 2-22: Burst fracture of C5 (red arrow) due to vertical compression (Nightingale et al., 2015, 

used with permission from Springer) 

 



21 

 

 

Figure 2-23: Bilateral facet dislocation at C6-C7 (red arrow) with associated 'teardrop' fragment 

(Nightingale et al., 2015, used with permission from Springer) 

 

 

Figure 2-24: Fracture-dislocation of the C7-T1 segment level with translation and vertebral body 

fracture of C7 (red arrow) (Nightingale et al., 2015, used with permission from Springer) 

 

Due to the multitude of injuries and injury mechanisms that can occur at the middle-to-lower 

cervical spine due to HFI, there have been several injury classification systems published to 

provide a comprehensive understanding of the different types of hard and soft tissue injuries that 
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can be incurred. The classification outlined by Allen et al. summarizes and describes middle-to-

lower cervical spine injuries by classifying them according to the mechanism involved [Allen et 

al., 1982]. The relevant mechanisms are compressive flexion, vertical compression, and 

compressive extension. Furthermore, each classification is divided into several stages to describe 

different severity levels. 

Compressive flexion stage 1 (CFS1) injury involves the blunting (pushing in) of the anterior-

superior margin of the vertebral body to a round contour of the inferior vertebra due to compressive 

flexion of the superior vertebra. The CFS1 injury entails no failure of the posterior ligamentous 

complex. CFS2 injury involves vertebral fracture and a deformation of the anterior-inferior corner 

of the vertebral body in addition to the injuries described in CFS1 (Figure 2-25). CFS3 injury, in 

addition to what was described above, has a more pronounced oblique fracture of the vertebral 

body that traverses posteriorly. CFS4 injury involves up to an additional 3 mm posterior 

displacement of the inferior-posterior vertebral corner into the vertebral canal. Finally, CFS5 

injury entails even more posterior displacement of the vertebral body, PLL and posterior 

ligamentous complex failure (rupture), as well as facet joint separation. This injury mechanism 

has a preponderance for the middle-to-lower cervical spine segment levels [Allen et al., 1982]. 

 

Figure 2-25: Compressive flexion stage 1 injury at the middle cervical spine (Allen et al., 1982, used 

with permission from Wolters Kluwer) 

 

Vertical compression stage 1 (VCS1) injury entails centric compressive loading without vertebral 

sagittal rotation and fractures the end plate of either the superior or inferior vertebra without any 

ligamentous injury. VCS2 injury, in addition to the damage incurred in VCS1, involves fracture 
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of both end plates in addition to minimal relative displacement at the segment level. Finally, VCS3 

injury entails fracture of vertebral body, especially the posterior margin, in addition to a possibility 

of rupture of the posterior ligamentous complex. The vertical compression mode of injury has a 

preponderance for the C7-T1 segment level [Allen et al., 1982].  

The compressive extension injury has five severity levels. Compressive extension stage 1 (CES1) 

injury involves unilateral (i.e., on one side of the vertebra) vertebral arch fracture (specifically 

articular process or lamina) with a possibility of anterior displacement of the vertebral body. CES2 

injury entails bilaminar factures at multiple vertebral levels. CES3 injury involves bilateral fracture 

of the lamina, pedicles, and articular processes without anterior displacement of the vertebral body. 

CES4 injury exhibits anterior displacement of the vertebral body. Finally, CES5 injury has even 

more significant anterior displacement of the vertebral body in addition to failure of the anterior 

and posterior ligamentous complex at two segment levels. The compressive extension injury is 

reported to most commonly occurs at the C6-C7 segment level [Allen et al., 1982]. 

2.2.2 Epidemiology 

Axial compressive injuries that occur during HFI can have immediate and devastating 

consequences on the cervical spine. HFI can occur as a result of various events including motor 

vehicle rollovers, falls, sports, and assault, and can injure the cervical spine more than other 

isolated mechanisms such as hyperflexion [Falavigna et al., 2018]. A study that investigated 209 

football-related cervical spine injuries reported that 52% of the injuries were attributed to axial 

loading with only 10% and 3% resulting from hyperflexion and hyperextension, respectively 

[Swartz et al., 2005]. Another study even suggested that the injury incidence due to axial loading 

in football is greater than 52% [Torg et al., 1987]. Motor vehicle accidents (MVA) are the one of 

the leading causes of cervical spine injury (CSI) in the United States, accounting for 45% of 

injuries [Sekhon et al., 2001]. Other studies indicate that almost half (49%) of CSIs occur as a 

result of MVAs [Thompson et al., 2009; Hasler et al., 2012]. The prevalence of MVAs over other 

HFI events is often the case for younger CSI patients (below the age of 35); aged CSI patients (65 

years or older) incur injuries predominantly from falls (21.7%), followed by MVAs (8.5%) [Fredo 

et al., 2012; Peck et al., 2018]. The causes of CSIs vary depending on the country, regions within 

the country, as well as urban versus rural locations. However, on a global level MVAs are 

responsible for the highest incidence of CSIs (50%) [Sekhon et al., 2001]. Rollover MVAs are of 
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particular interest given the nature of HFI that occur during the event. Despite rollover crashes 

only accounting for 1.4% of total crashes in the United States, they result in 32% of all fatalities 

[Roberts et al., 2018]. In Australia, the fatalities due to rollovers are around 20%, and in Europe 

the rate is estimated to be around 10% [Young et al., 2007]. Moreover, a study conducted by the 

National Automotive Sampling System reported that adult, front-row, non-ejected occupants from 

2003 to 2007 demonstrated that 55% of all AIS 3+ injuries incurred in pure rollover crashes were 

primarily to the head and cervical spine, further highlighting the preponderance these accidents 

have for the cervical spine [Ridella et al., 2008; Roberts et al., 2018]. These CSIs become more 

serious when spinal cord injury (SCI) is incurred as well.  

In addition to rollover crashes damaging and injuring the cervical spine, it was found in several 

studies that a high proportion of acute SCIs occur in the cervical region (55-58%) [Yoganandan et 

al., 1989; Yadollahi et al., 2016]. Data from a study investigating spinal trauma patients 

demonstrated that between 19% and 51% of cases involve injuries to the cervical spine [Clayton 

et al., 2012; Hasler et al., 2012]. Serious CSIs (i.e., AIS 3+) were found to be approximately 14 

times greater than those observed in the thoracolumbar spinal cord in MVAs. The cervical spinal 

cord can be injured or damaged during HFI as the continuous compression from the following 

torso could result in significant ligamentous injuries that involve dislocations which could impinge 

on the spinal column and spontaneously reduce it. In fact, high severity neck trauma (AIS 3+) is 

65-77% bone related (hard tissue injury) and 20-23% cervical spinal cord related (soft tissue 

injury) [Yoganandan et al., 1989]. 

HFI loading commonly causes hard tissue injury in the cervical spine. Several epidemiological 

papers report that the middle-to-lower cervical spine is the most susceptible region in HFI events 

[Yoganandan et al., 1989; Ryan et al., 1992; Koivikko et al., 2004; Foster et al., 2012].  However, 

the most commonly injured area or region in the cervical spine varies depending on factors such 

as age for example. Cervical spine hard tissue injuries are reported to be more common in the C5-

C7 vertebrae for younger CSI patients (< 50 years), whereas the C1-C3 vertebrae are more 

susceptible for older CSI patients (> 50 years) [Ryan et al., 1992]. The incidence of C2 fractures 

increases with age, accounting for 43% of spinal fractures in people over the age of 50. 

Alternatively, for subjects under the age of 50, it has been found that the C5-C7 vertebrae account 

for 66% of injuries and that C2 accounts for only 19% of injuries [Winkelstein et al., 1997]. 
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Generally, however, incidence of C4-C5 injuries has been reported to be as high as 61% of total 

CSIs [Yoganandan et al., 1989]. An equally high incidence of injuries in swimming pool diving 

(which entails HFI) patients has been reported for the C5-C6 segment level. In contrast, upper 

cervical spine injuries have been thought to be less common among patients, with an incidence of 

only 17% of CSIs [Winkelstein et al., 1997]. A similar finding was reported in another paper which 

studied 65 shallow water diving CSI patients and reported that C5 was the most commonly injured 

vertebra (56%) followed by C6 (15%) [Aito et al., 2005]. Furthermore, several studies report that 

the most common type of hard tissue injury was vertebral body fractures [McElhaney et al., 1979; 

Sekhon et al., 2001; Ridella et al., 2008].  

Soft tissue injuries involve injuries such as IVD distractions, ligament ruptures/tears, and cervical 

spinal cord lesions. A study which investigated 108 hospital patients reported that 32.4% of them 

had a CSI due to MVA [Martinez-Perez et al., 2014]. The paper reports that the ALL, PLL, and 

LF were disrupted in 52.8%, 58.3%, and 48.1% of the cases, respectively. The IVD was disrupted 

in 57.4% of the cases, and the C5-C6 segment level was the most commonly involved in the MVA 

accidents (28.7%), followed by C6-C7 (22.2%). It was not specified whether those MVAs were 

exclusive to HFI or not. ALL tears, often associated with extension-type mechanisms, and disc 

distractions were the most common injuries reported. 

2.3 Head-First Impact Experimental and Numerical Studies 

This section covers the relevant HFI experimental studies by summarizing and describing the 

cadaveric and drop test setups and reviewing the results. The focus will be on two specific 

experimental papers (used for GHBMC model validation in Chapters 3 and 4): Nightingale et al. 

and Saari et al. [Nightingale et al., 1997; Saari et al., 2013]. This section will also describe the 

work done in current numerical papers, outline key findings, and discuss the limitations and areas 

of improvement that were addressed in this thesis. 

2.3.1 Head-First Impact Experimental Studies 

There are two main categories of cadaveric experiments for HFI: drop tests with whole cadavers 

and drop tests with whole cervical spines. The former group of experiments entailed unembalmed 

inverted specimens dropped onto a surface. Culver et al. performed drop tests with 11 unembalmed 

cadavers impacting a padded surface and found that most injuries occurred in the posterior 
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vertebral elements and that the initial curvature of the cervical spine influenced the injury 

mechanism [Culver et al., 1978]. Nusholtz et al. performed drop tests with 12 unembalmed 

cadavers but using a guided 56 kg impactor (as opposed to the conventional HFI apparatus which 

drops the specimen on an impact surface) [Nusholtz et al., 1981]. They similarly reported that the 

initial cervical spine curvature and orientation influenced the dynamic response of the cervical 

spine and the injuries produced in the specimens, and that head motion was not a good indicator 

of neck response and injury. Yoganandan et al. conducted drop tests on 16 specimens and reported 

that cervical fractures were more common when the head maintained contact with the impact 

surface without significant motion [Yoganandan et al., 1986]. The main limitation identified from 

these studies was the inability to record the forces throughout the cervical spine as this would entail 

compromising the integrity of the structure of the specimens. 

There were several experimental studies that performed drop tests with whole cervical spines 

[Myers et al., 1991; Yoganandan et al., 1991; Pintar et al., 1995]. Two experimental studies in 

particular were isolated for their complete datasets pertaining to kinetic, kinematic, and injury 

results [Nightingale et al., 1997; Saari et al., 2013]. The experimental study performed by Saari et 

al. entailed drop tests with 12 cervical spine specimens. All specimens contained the vertebrae 

from the occiput to T2 and were frozen prior to the experiments. All musculature and the natural 

spinal cord were removed from the specimens. The T1 and T2 vertebrae were potted in dental 

stone such that the C7-T1 intervertebral joint was unrestricted. The drop track apparatus used in 

the experiments constrained the T1 vertebra in all degrees of freedom except for vertical 

translation. An effective torso mass of 15 kg was attached to the mount cup of the specimens to 

which the T1 and T2 vertebrae were potted. All specimens were attached to a surrogate head at the 

occiput and placed in an inverted orientation above a steel platen impact plate (Figure 2-26). The 

surrogate head was made of an aluminum frame with the top consisting of softwood with a layer 

of leather to emulate human skin. Details on the specific geometry and mechanical properties of 

the top of the surrogate head were not available.  
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Figure 2-26: Experimental HFI setup by Saari et al. (Saari et al., 2013, used with permission from 

ASME) 

 

Six of the 12 specimens had a follower load used to simulate in vivo compressive muscle force, 

and the other six did not have a follower load. Follower loads were included in order to evaluate 

the effect of muscle compression (hypothesized to influence cervical spine response) on the 

response and injury of the cervical spine in inverted HFI loading. The non-follower load (NFL) 

specimens were the focus of this thesis and were used for model validation (Chapters 3 and 4). 

The average impact velocity of the six NFL specimens was 2.75 m/s. The individual impact 

velocities of the specimens along with their corresponding sex and age are outlined in Table 2-1. 

A 6-axis load cell was placed at the T1-T2 mount cup in order to measure the cervical spine axial 

force history (labelled in Figure 2-26). Similarly, an axial 3-axis load cell was placed below the 

impact surface in order to measure the head contact force with the steel platen impact plate 

(labelled in Figure 2-26). Figure 2-27 and Figure 2-28 show the head contact force and axial neck 

compressive force history plots of the six NFL specimens, respectively.  
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Table 2-1: Age, gender, and impact velocity of NFL specimens (data adapted from Saari et al., 

2013) 

 

 

 

Figure 2-27: Head contact force history plots of Saari et al. NFL specimens (data adapted from 

Saari et al., 2013) 

 

 

Figure 2-28: Axial neck compressive force history plots of Saari et al. NFL specimens (data adapted 

from Saari et al., 2013) 
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The cervical vertebrae were instrumented with 4 photo-reflective markers used to track the 

kinematic motion of the respective vertebrae throughout the loading. Three markers were placed 

on the vertebral body, while the 4th marker was placed on the lateral mass/articular pillar. The 

specific location on the vertebral body (e.g., anterior-inferior corner) of the three markers placed 

on the vertebral bodies was not reported. However, the anterior-most marker was selected by the 

experimentalists to trace the cervical spine vertebral positions in the sagittal plane. These cervical 

spine vertebral positions were useful in quantifying the cervical spine curvature of the specimens 

and were provided for the entire 30 ms interval of loading (Chapter 3). Figure 2-29 shows the 

cervical spine traces of the six NFL specimens, in addition to the calculated average curve, from 

0-7 ms. Furthermore, high-speed videos (1000 frames per second) of the specimens impacting the 

steel platen were provided by one of the authors of the study. The hard and soft tissue injuries 

sustained in the specimens post impact are summarized in Table 2-2. 
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Figure 2-29: Cervical spine sagittal traces of NFL specimens (data adapted from Saari et al., 2013) 
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Table 2-2: Hard and soft tissue injuries of Saari NFL specimens (data adapted from Saari et al., 

2013) 

 
 

The experimental drop test performed by Nightingale et al. involved 18 head-neck specimens. The 

specimens were comprised of ligamentous spines (occiput to T1) with the human skull, and the 

musculature and natural spinal cord removed (similar to Saari) (Figure 2-30). The purpose of the 

study was to evaluate the effect of rigid vs. padded impact surfaces, and to evaluate the effect of 

sagittal plane orientation of the impact plate on the response of the cervical spine.  
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Figure 2-30: Drop test apparatus from Nightingale et al. A: accelerometer on torso mass, B: optical 

velocity sensor, C: carriage and torso mass, D: six-axis load cell, E: head accelerometer, and F: 

impact plate and three-axis load cell (Nightingale et al., 1997, used with permission from SAE 

International) 

 

Nine of the 18 specimens impacted a rigid and frictionless surface (steel plate with a 3 mm layer 

of Teflon on top), while the remaining nine specimens impacted a padded surface (5 cm of a highly 

deformable, open-cell polyurethane foam). In each of these two groups, three of the specimens had 

the impact plate oriented at 0° in the sagittal plane (vertex impact), three with a plate orientation 

of 15° (anterior impact to the head), and three with a plate orientation of -15° (posterior impact to 

the head). The three specimens impacting the rigid (Teflon) plate with a sagittal orientation of 0° 

were the focus of the model validation (Chapters 3 and 4).  

The T1 vertebra was potted to a mount cup and were constrained in all degrees of freedom except 

for vertical translation. An effective torso mass of 16 kg was attached to the mount cup of the 

specimens. The average impact velocity of the three specimens was 2.96 m/s, and the individual 

impact velocities of the specimens along with their corresponding sex and age are summarized in 

Table 2-3. A data acquisition system was used to obtain the contact force of the head impacting 

the Teflon surface and the axial neck force measured at the mount cup to which T1 was potted. 

Figure 2-31 and Figure 2-32 show the head contact force and axial neck compressive force history 

plots of the three specimens, respectively. 
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Table 2-3: Age, gender, and impact velocity of relevant Nightingale specimens (data adapted from 

Nightingale et al., 1997) 

 

 

 

Figure 2-31: Head contact force history plots of Nightingale specimens N22, N24, and N26 (data 

adapted from Nightingale et al., 1997) 
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Figure 2-32: Axial neck compressive force history plots of Nightingale specimens N22, N24, and 

N26 (data adapted from Nightingale et al., 1997) 

 

The sagittal plane angle of the C7-T1 IVD of the specimens was 25°. This was the only data 

reported pertaining to the initial cervical spine posture of the specimens. Table 2-4 summarizes the 

hard tissue injuries sustained in the three specimens. Soft tissue injuries were not reported, and 

specimen N26 did not incur any injuries.  

Table 2-4: Hard tissue injuries of Nightingale relevant specimens (data adapted from Nightingale et 

al., 1997) 
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Initial cervical spine posture (curvature) was hypothesized by several experimental studies to 

influence the response of the cervical spine during HFI loading [Culver et al., 1978; Nusholtz et 

al., 1981; Yoganandan et al., 2018]. Therefore, it is important to identify literature that quantified 

cervical spine posture in inverted HFI positions; this information was later used in assessing the 

effect of varying the curvature on the cervical spine response and injury outcome. An experimental 

study by Newell et al. determined vertebral alignment and posture when upside down [Newell et 

al., 2013]. This inverted orientation occurs during rollover crashes which are responsible for the 

majority of HFI (subsection 2.2.2). The data reported in this study was important in obtaining the 

range of cervical spine initial postures when upside down to use for model analysis and validation 

(Chapters 3 and 4). The study quantified the posture of nine volunteers in three conditions: upright 

and relaxed posture, inverted and relaxed posture, and inverted and looking forward posture. The 

inverted and relaxed posture was the most representative for HFI analysis. Cervical spine posture 

was quantified using two metrics: the sagittal plane angle of C7, and the curvature index (CI), 

calculated as a percentage (Figure 2-33).  

 

Figure 2-33: Cervical spine quantification metrics from Newell et al. A) C7 angle, and B) curvature 

index (Newell et al., 2013, used with permission from PERGAMON) 

 

The C7 angle was measured between the line collinear with the superior mid-sagittal surface of 

the C7 vertebral body and the true horizontal. A positive angle indicated flexion. The curvature 

index was calculated as a percentage difference between the arc and chord lengths of the cervical 

spine. The arc length is the sum of the straight-line segments passing through the superior and 

inferior midpoints at the mid-sagittal plane of adjacent vertebral bodies from C2 to C7, and the 
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chord length is the distance from the tip of the dens to the inferior mid-point at the mid-sagittal 

plane of the C7 vertebral body. The study reported, for an average of nine volunteers, that the C7 

angle was 25.3° ± 6.5° for an inverted and relaxed posture. The study also reported (for the same 

nine volunteers) that the curvature index was 3.0% ± 1.4% for an inverted and relaxed posture. In 

addition to measuring the cervical spine curvature, the study quantified the sagittal head orientation 

by measuring the head angle using the Frankfort plane (Figure 2-34). 

 

Figure 2-34: Head angle measurement via the Frankfort plane as described in Newell et al. (Newell 

et al., 2013, used with permission from PERGAMON) 

 

The Frankfort plane is defined by a line passing though the tragion and the inferior margin of the 

orbit [Cheng et al., 2012]. Newell reported that the Frankfort plane angle (measured between the 

Frankfort plane and the true horizontal) was -25.2° ± 10.5° for an inverted and relaxed posture. 

The negative sign on the angle corresponded to extension motion of the head. 

2.3.2 Head-First Impact Numerical Studies 

Finite element (FE) models in numerical studies can be a useful tool in further describing the 

intricate response of the cervical spine under certain loading conditions (including HFI). Table 2-5 

outlines seven numerical HFI studies previously conducted to investigate HFI loading through 

developing FE head-neck models. 
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Table 2-5: Summary of numerical HFI studies identified from literature 

 

 

A study by Camacho et al. developed a FE model and validated it for HFI against the experimental 

drop tests performed by Nightingale [Nightingale et al., 1997; Camacho et al., 1997]. The FE 

model in this study had rigid vertebrae with anthropometric properties (mass, mass moment of 

inertia, etc.) representative of a 50th male (Figure 2-35). 
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Figure 2-35: FE model developed by Camacho et al. for HFI validation (Camacho et al., 1997, used 

with permission from SAE International) 

 

The resultant buckling behaviour was qualitatively compared (e.g., visual comparison of buckling 

modes (first vs. higher order buckling)) against the specimen cervical spines for the HFI 

simulations. Good agreement was obtained for the neck force and head contact force histories. 

Additionally, the authors identified that the axial neck force was highly sensitive to changes in 

cervical spine flexion-extension properties, and less sensitive to changes in head mass and 

stiffness. However, the study was limited in not quantitatively analyzing the kinematic response 

(i.e., cervical buckling) and in not identifying and extracting the potential for hard and soft tissue 

injuries. These limitations were addressed in this study. 

Yang et al. developed a FE model to perform validation for HFI loading against the experimental 

results by Nightingale [Yang et al., 1998]. The head-neck model was based on a 50th male, and the 

boundary and initial conditions were applied in accordance with the ones reported in the study by 

Nightingale. The head model had a total 7,351 elements, and the neck model had 11,498 solid 
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elements, 3,071 shell elements, and 108 spring elements. This mesh density was relatively course 

compared to the model used in this study. The model had good kinetic (head contact force and 

axial neck compressive force histories) and kinematic (observing buckling behaviour qualitatively) 

agreement with the respective experimental results. However, there were several limitations 

identified from the study. First, the study reported that there were no guarantees that the 

constitutive laws and material properties of the hard and soft tissues in the model were selected 

accurately. Moreover, the ligament thickness was assumed to be uniform for all ligaments, 

compressive and tensile properties of the intervertebral discs were considered to be constant at all 

levels, and passive muscles were modelled with beam elements. These limitations are addressed 

in the biofidelic model used in this study. Lastly, the study did not quantitatively analyze the 

kinematic response and did not investigate soft tissue injury risk, whereas the work presented in 

this study analyzed these two result metrics.  

The HFI validation process conducted by Halldin et al. entailed qualitative analysis of the buckling 

response, extracting the kinetic response (head contact force and axial neck compressive force 

histories), and predicting the location of hard tissue injury. Additionally, alternate roof structures 

designed to reduce neck load and injury were considered. The neck model consisted of 4,560 solid 

elements, 3,572 shell elements, and 230 spring elements (Figure 2-36). Figure 2-37 shows the 

model of the head with a relatively course mesh.  

 

Figure 2-36: FE neck model developed by Halldin et al. (Halldin et al., 2000, used with permission 

from SAE) 
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Figure 2-37: FE head model developed by Halldin et al. (Halldin et al., 2000, used with permission 

from SAE) 

 

There was good agreement for the kinetic response as the FE model plots were within the reported 

experimental corridors. A good correlation was found between the horizontal velocity of C3 and 

C4 (the anterior-most vertebrae throughout the buckling) and the axial force at T1. As the 

horizontal velocity of the C3 and C4 vertebrae reached a peak value, the T1 axial force was at a 

maximum as well; that was used to predict the onset of buckling. Hard tissue injury was quantified 

using maximum effective stress and it was found that the pedicles of C2 had the highest stress 

which corresponded to Hangman’s fracture, an injury reported experimentally [Nightingale et al., 

1997]. However, similar to the previous numerical studies, this study did not quantitively analyze 

the kinematic response or investigate the potential for soft tissue injury (ligament rupture, 

dislocation, etc.). 

Zhang et al. developed a FE model to validate against the Nightingale experimental results and 

consisted of a total 22,094 elements and 28,638 nodes (Figure 2-38) [Zhang et al., 2005]. Similar 

to previous results, there was good agreement for the kinetic plots and qualitatively extracted 

buckling behaviour. The study also showed good agreement for the range of motion of the neck 

under physiological loading. However, this study did not quantitatively analyze the kinematic 

response of the cervical spine or the hard and soft tissue injury outcome during HFI.  
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Figure 2-38: FE model developed by Zhang et al. for HFI validation (Zhang et al., 2005, used with 

permission from ASME) 

 

Hu et al. developed a FE model to validate against experiment results by Nightingale, and to assess 

the effects of changing the coefficient of friction (COF) between the head and the impact plate, 

impact velocity, padding material thickness and stiffness, anteroposterior impact surface angle, 

and lateral impact surface angle [Hu et al., 2008]. The full head-neck model consisted of 32,135 

elements and 23,933 nodes (Figure 2-39).  

 

Figure 2-39: FE model developed by Hu et al. for HFI validation (Hu et al., 2008, used with 

permission from Wolters Kluwer) 
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The model demonstrated good kinetic agreement for the head contact force and axial neck 

compressive force histories. The study reported a Design of Experiments parametric study which 

revealed that the impact velocity was the most important factor in determining the risk of cervical 

spine fracture. Decreasing the COF decreased the risk of cervical spine injury because it allowed 

the head to escape the axial load path, thereby reducing the compression on the cervical spine. 

Increasing the thickness and decreasing the stiffness of the impact surface reduced the neck 

fracture risk. Although the result published several key findings pertaining to cervical spine 

response under HFI, it had the same limitations as the previous numerical studies. 

A numerical study by Nightingale et al. developed a FE model to assess the effect of three HFI 

parameters: muscle activation, torso constraints, and pre-flexion angle of the cervical spine 

[Nightingale et al., 2016]. The numerical model used was an improved upon version of the FE 

model developed by Camacho et al., but a rigid body formulation was still used to model the 

cervical vertebrae (Figure 2-40) [Camacho et al., 1997].  

 

Figure 2-40: FE model developed by Nightingale et al. for HFI validation (Nightingale et al., 2016, 

used with permission from PERGAMON) 
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The study reported that the simulations with active musculature (relative to simulation without 

active musculature) had higher compressive forces (32%) and greater shear forces (25%) at T1. 

Constraints on torso motion during the early interval of loading increased the average neck 

compression force by only 5%. Moreover, it was found that the peak force and buckling modality 

were very sensitive to changes in pre-flexion angles of the neck; as the pre-flexion angle increased, 

the axial peak and buckling modality increased. Similar to the previous numerical studies, this 

study was limited in not quantitatively analyzing the kinematic response and injury outcome. 

Finally, a recent study by Nasim et al. developed a FE neck model along with a Hybrid III head to 

validate for HFI loading (Figure 2-41) [Nasim et al., 2021]. There was good agreement for the 

buckling results (qualitative) and kinetic plots (quantitative) with the respective experimental 

results. In addition to the Hybrid III head not being a biofidelic representation of the human head 

in terms of material properties and the vast variety of hard and soft tissues it contains, the study, 

similar to the previous numerical studies, did not investigate the kinematic response quantitatively 

and did not investigate the potential for soft tissue injuries. 

 

Figure 2-41: FE model developed by Nasim et al. for HFI validation [Nasim et al., 2021] 
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2.4 The GHBMC Model 

The Global Human Body Models Consortium (GHBMC) model is a biofidelic finite element 

models which has been validated at the full body and cervical spine levels [Barker and Cronin, 

2021]. The 50th percentile young (26-year-old) male (M50) human body model (Version 5.0) 

(focus of this thesis) was geometrically based on magnetic resonance imaging and computed 

tomography of a specific male subject: 26 years old, 78 kg body weight, 174.9 cm tall, with a body 

mass index of 25.7 [Gayzik et al., 2011]. Research and validation against HFI through work in 

numerical studies (subsection 2.3.2) has increased over the last decade. However, the numerical 

studies had limitations and areas of improvement which were addressed through the model 

validation using the GHBMC model. 

The full head-neck model, extracted from the full body model, has all the hard and soft tissues of 

the human head and neck up to and including the first thoracic vertebra (T1) (Figure 2-42), and 

has been validated with various load cases including flexion, extension, axial rotation, and lateral 

bending [Barker et al., 2017]. The full head-neck model has a total 395,803 solid (3D) elements, 

132,283 shell (2D) elements, 4,457 beam (1D) elements, and 508,740 nodes. The soft tissues are 

the flesh and skin of the head and neck, passive musculature, tendons, intervertebral discs, 

ligaments, cartilage found in the joints of the head and neck, and the brain components. The hard 

tissues of the model are the bones such as the vertebrae and the skull. All tissues of the full head-

neck model have been assigned representative constitutive models and failure criteria.  

 

Figure 2-42: A) GHBMC M50 full body model, B) GHBMC M50 full head-neck model (extracted 

from A), and C) mid-sagittal view of GHBMC M50 full head-neck model shown in B 
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2.4.1 Cervical Vertebrae of the GHBMC Model 

The trabecular and cortical bones were modelled using solid and shell elements, respectively 

(Figure 2-43). The constitutive model properties assigned to the trabecular and cortical bones are 

summarized in Table 2-6 [Khor, 2018].  

 

Figure 2-43: C5 cortical and trabecular bones (portion of vertebral body removed for visualization) 

 

Table 2-6: Mechanical properties of the trabecular and cortical bones of the cervical vertebrae 

 

 

The constitutive model that was assigned to the trabecular bone was transversely isotropic, 

crushable, and of low density with no significant Poisson effect (*MAT 

TRANSVERSELY_ISOTROPIC_CRUSHABLE_FOAM). This material model is suitable for 
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energy-absorbing structures such as trabecular bone (subsection 2.1.2). The material model used 

for the cortical bone was orthotropic elastic plastic with an anisotropic yield criterion 

(*MAT_ORTHO_ELASTIC_PLASTIC).  

An additional element erosion card (*MAT_ADD_EROSION) can be used in order to activate 

element erosion once the failure effective plastic strain values for trabecular and cortical bones 

were reached (9.17% and 3.43%, respectively) [Khor, 2018]. With this failure option (i.e., hard 

tissue failure turned on), fracture was indicated by the eroded trabecular (solid) and cortical (shell) 

elements. This failure option is limited because element erosion is not a biofidelic representation 

of bone fracture initiation and propagation; bone fracture does not entail bone fragments 

eroding/deleting. Alternatively, hard tissue failure can be turned off by omitting this card and 

subsequently identifying fracture by observing the trabecular and cortical bone elements that 

surpassed the respective failure effective plastic strain values. However, this failure option is 

limited because model results and response after the first element reaches the respective failure 

strain cannot be used due to the strain accumulation that occurs. 

2.4.2 Soft Tissues of the GHBMC Model 

The main cervical spine ligaments (Figure 2-44 -Figure 2-46)  in the GHBMC M50 full head-neck 

model are ALL, PLL, LF, ISL, CL, as well as the atlanto-axial and atlanto-occipital upper cervical 

spine ligaments. All ligaments had the same non-linear tension-only material formulation 

(*MAT_ELASTIC_SPRING_DISCRETE_BEAM), and each ligament was assigned a tensile 

displacement at failure to define progression element erosion (Figure 2-47) [Mattuci et al., 2012; 

Mattuci and Cronin, 2015].  
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Figure 2-44: Frontal view of ALL and CL shown at the C4-C5 segment level. Beam elements 

thickened for visualization 

 

 

Figure 2-45: Posterolateral view of ISL and LF shown at the C4-C5 segment level. Beam elements 

thickened for visualization 
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Figure 2-46: Superior view of PLL at the C4-C5 segment level. Beam elements thickened for 

visualization 

 

 

Figure 2-47: Ligament failure progression (ALL shown as an example) 

 

The IVD consisted of two components: the annulus fibrosus and the nucleus pulposus (Figure 

2-48). The annulus fibrosus is a composite with the fibre being the annulus fibrosus fibre and the 

matrix is the ground substance. The annulus fibrosus fibres were modelled as five concentric layers 

of quadrilateral shell elements using an orthotropic elastic fabric material formulation 

(*MAT_FABRIC) [Ebara et al., 1996; Holzapfel et al., 2005]. The ground substance was modelled 

with quadrilateral solid elements using a highly compressible foam material formulation 

(*MAT_HILL_FOAM)  that took Poisson’s ratio effectsinto account [Fujita et a., 1997; Kasra et 

al., 2004]. The nucleus pulposus was modelled with quadrilateral solid elements using an elastic 

fluid material formulation (*MAT_ELASTIC_FLUID) [Yang and Kish, 1988; Iatridis et al., 
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1996]. Disc avulsion was defined by a critical stress failure criterion at the interface between the 

disc and the vertebral body [DeWit and Cronin, 2012]. 

 

Figure 2-48: Intervertebral disc components in GHBMC M50 model 
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 Chapter 3: Methods 

3.1 GHBMC Model Positioning and Boundary Conditions for Head-

First Impact (HFI) 

The GHBMC M50 model (version 5-0d) was assessed for Head-First Impact (HFI) loading, and 

the model response was assessed in a sensitivity study where HFI parameters (i.e., boundary and 

initial conditions) were varied in order to evaluate the resultant effect on cervical spine behaviour. 

The model assessment against the experimental studies by Saari and Nightingale (covered in 

sections 3.2 and 3.3) entailed applying the respective initial and boundary conditions reported in 

the studies and subsequently comparing the model response to the respective experimental results. 

The sensitivity study (covered in section 3.4) entailed varying one HFI parameter at a time while 

keeping the rest constant to assess the individual effect on cervical spine response and injury. 

Setting up the GHBMC full head-neck model (extracted from the GHBMC M50 model as 

described in section 2.4) for a HFI configuration involved first removing some of the tissues in 

order to match the specimen preparation details outlined in the experimental studies. The neck 

flesh, active and passive muscles, tendons, hyoid bone and attachments, and active muscle 

attachments were all removed from the GHBMC full head-neck model (Figure 3-1) because Saari 

and Nightingale removed these tissues from their cadaver specimens.  
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Figure 3-1: A) GHBMC full head and neck model, including spinal cord (yellow), neck adipose 

tissue (turquoise), muscles (red), active attachments (pink), and hyoid bone (green). B) GHBMC 

full head and neck model with the tissues mentioned in A) removed 

Two model configurations were created to match the boundary and initial conditions of the Saari 

and Nightingale studies. Both configurations were based on the same extracted GHBMC head-

neck model (Figure 3-1B), and the term ‘configuration’ strictly refers to a unique set of boundary 

and initial conditions (head position, spinal curvature). The two experimental papers reported a set 

of initial and boundary conditions: initial cervical spine curvature, impact velocity, effective torso 

mass, and impact interface details, which were applied to the head and neck finite element model 

(Figure 2). As described in subsection 2.3.1, each of the two studies specifically reported how their 

specimen cervical spine curvatures were measured, and these curvatures were accordingly 

reproduced in the corresponding GHBMC model configurations. In both experimental studies, the 

specimens were dropped with certain impact velocities, and the average impact velocities were 

then calculated and applied to the corresponding GHBMC model configurations. The experimental 

setups added a mass to the T1 vertebra in order to simulate effective torso mass, and the same mass 

was implemented in the model configurations by increasing the mass of the T1 vertebra. 

Additionally, the drop track apparatus used in both experimental tests only allowed for vertical 

translation of the T1 vertebra. This constraint was applied to both GHBMC model configurations 

by assigning a rigid body formulation (*MAT_RIGID) to the T1 vertebra in order to restrict its 

motion to vertical translation only. Finally, the impact interface was re-created for each study. 

Each of the experimental studies had different impact interface details such as material properties 
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of the impact plate, and those were modelled in the corresponding GHBMC model configurations. 

The four HFI configuration parameters applied to the GHBMC model are summarized in Figure 

3-2. In addition to these initial and boundary conditions, the acceleration due to gravity of 9.81 

m/s2 was applied to both configurations in the downward (negative z) direction 

(*LOAD_BODY_Z option in LS-DYNA) to the entire model.  

 

Figure 3-2: Four HFI configuration parameters applied to the GHBMC model: 1) initial cervical 

spine curvature, 2) impact velocity, 3) effective torso mass, and 4) impact interface 

 

3.2 GHBMC Model Assessment and Boundary Conditions Based on 

Saari (2013) Experimental Study 

A GHBMC model configuration, which will henceforth be referred to as GHBMC_Saari, was 

created in order to model the boundary and initial conditions reported in the experimental setup by 

Saari for the non-follower load (NFL) specimens. The GHBMC_Saari model configuration 

(Figure 3-2) included the experimental boundary and initial conditions (labelled in Figure 3-2) 

outlined in the experimental study.  

As described in subsection 2.3.1, the raw kinematic data (photo-reflective marker coordinates) was 

used to quantify and represent the initial cervical spine curvature of the specimens in the sagittal 
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plane. The anterior-most markers on the vertebral bodies of the vertebrae were selected in order to 

trace the cervical spine in the sagittal plane. The initial cervical spine curvature from GHBMC 

M50 was traced in the sagittal plane by selecting a node at the mid-sagittal plane at each of the 

vertebrae from C1 to C7. These seven nodes were each selected to be on the anterior-most margin 

of the vertebral body and were roughly the same distance away from the inferior edge of the 

respective vertebral bodies (Figure 3-3). This node selection was done in order to match the 

experimental procedure where the anterior-most photo-reflective markers were selected to trace 

the specimen cervical spines in the sagittal plane. After the x (anteroposterior) and z (superior-

inferior) coordinates of the nodes were extracted, the cervical spine from GHBMC M50 at t = 0 

ms was plotted and overlaid on top of the specimen data for each of the cervical spines from the 

experimental study (Figure 3-4) in order to compare the curvatures. The anteroposterior (x) and 

inferior-superior (z) distances between the nodes and the corresponding photo-reflective marker 

positions at each vertebral level from Figure 3-4 are outlined in Table 3-1. 

 

Figure 3-3: A) GHBMC M50 mid-sagittal node selection (C2-C7) producing sagittal cervical spine 

trace at t = 0 ms, and B) photo-reflective markers on Saari NFL specimen H1062 - markers selected 

for cervical spine trace are circled in red [Saari et al., 2013] 
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Figure 3-4: Initial (t = 0 ms) cervical spine sagittal (x-z) trace of NFL specimens (grey) and average 

curvature (black) and GHBMC M50 model based on node selection (red) 

 

Table 3-1: X (anteroposterior) and Z (superior-inferior) difference between GHBMC M50 model 

nodes and corresponding vertebral photo-reflective markers from average Saari NFL curve 
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The GHBMC M50 cervical spine was longer than any of the specimen cervical spines (and 

consequently longer than the average spinal length of the specimens) (third column in Table 3-1). 

However, the initial posture of the GHBMC M50 cervical spine was similar to the average 

experimental initial posture (second column in Table 3-1). The x and z coordinates of the model 

and experimental plots were normalized by their respective initial spinal z-lengths in order to better 

visualize the initial postural agreement. For example, the x and z coordinates of all seven vertebral 

points of GHBMC M50 were divided by the initial spinal z-length of GHBMC M50 of 124.8 mm 

(calculated by subtracting the C7 z coordinate from the C1 z coordinate). The normalized plots of 

the model and experiment, overlaid on top of each other in the same graph, are shown in Figure 

3-5. Table 3-2 illustrates the good initial postural agreement between the normalized plots by 

outlining the updated x and z differences between the corresponding vertebral points.  

 

Figure 3-5: Initial (t = 0 ms) normalized cervical spine sagittal traces of Saari NFL specimens (and 

average) as well as GHBMC M50 
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Table 3-2: X (anteroposterior) and Z (superior-inferior) difference between GHBMC M50 model 

nodes and corresponding vertebral photo-reflective markers from average Saari NFL curve 

following normalization 

 
 

The initial impact velocity boundary condition was applied to the head and neck model 

(*INITIAL_VELOCITY_GENERATION option in LS-DYNA) with a vertically downward (-z) 

velocity of 2.75 m/s (average velocity of the six NFL specimens). The effective torso mass 

boundary condition was applied by modifying the density of the rigid T1 vertebra in the GHBMC 

M50 model. The experimental setup reported that an effective torso mass of 15 kg was attached to 

the mount cup to which the T1 vertebra was potted. Consequently, the density of the rigid T1 

vertebra was increased to a calculated value of 72.95 × 10-5 kg/mm3 to account for that mass. 

Lastly, the impact interface boundary condition was addressed by modelling the impact plate 

material and selecting the appropriate coefficient of friction. The experimental study used a 

surrogate head (Figure 2-26) that consisted of an aluminum frame incorporating an impact surface 

of softwood (e.g., pine or spruce) covered with a layer of leather to emulate human skin. There 

was not enough information available regarding the mechanical properties and geometry of the 

surrogate head in order to accurately model it, therefore the GHBMC model head was used for the 

model and the impact interface was designed to provide similar head kinematics to that reported 

in the experimental study. This was the only experimental detail that was not accounted for in 
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GHBMC_Saari, and as a result it was taken into consideration for result analysis and comparison 

during model validation (Chapter 4). The impact plate used in the experimental setup was a steel 

platen and was initially modeled (meshed in a commercial pre-processing software (Hypermesh 

2019, Altair)) as such using the mechanical properties of mild steel. However, a large amount of 

head rebound (i.e., head completely bouncing off the impact plate) was observed after the initial 

impact, which was not reported in the experimental study (Figure 3-6).  

 

Figure 3-6: GHBMC_Saari 8 ms after impacting steel impact plate, gap between head and plate 

corresponds to head rebound 

 

The high-speed videos of the experimental test specimens indicated that there was little to no head 

rebound experienced by the experimental surrogate heads. Unfortunately, detailed information on 

the surrogate head materials was not available, and so an additional impact layer was modelled 

(also meshed in Hypermesh) and added to the impact surface that represented the combination of 

softwood and leather on the physical surrogate head. An assumption was made to use orthotropic 

red pine softwood (a common type) and generic leather properties in an elasto-plastic material 

formulation (*MAT_PIECEWISE_LINEAR_PLASTICITY) with an elastic perfectly-plastic 

stress vs. strain curve [Salman et al., 2020; Kretschmann, 2010; Kennedy, 1965; Kanagy et al., 

1943]. The density used was a calculated average of red pine and leather densities. The addition 
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of the new leather-wood layer provided head kinematics comparable to those measured from the 

high-speed video of the experiments (Figure 3-7).  

 

Figure 3-7: A) GHBMC_Saari setup with additional wood-leather layer (green) on top of initial 

steel plate (blue) at t = 0 ms, and B) GHBMC_Saari at t = 8 ms to showcase that head rebound was 

eliminated by adding the wood-leather which introduced plastic deformation 

 

The surrogate head kinematics were quantitatively obtained by digitizing the high-speed videos of 

the NFL specimens using a freely available tracking software (Tracker, version 5.1.5, Open Source 

Physics). In order to quantitatively compare the head kinematics of GHBMC M50 and the 

experimental surrogate heads, the same point (Point A, Figure 3-8) was tracked in the experimental 

high-speed videos and the model. Point A was chosen to be located on the inferior edge of the 

surrogate head directly superior to the lateral mass marker of C1 (Figure 3-8). This selection was 

replicated in GHBMC M50 as well (Figure 3-9).  
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Figure 3-8: Saari specimen H1062 high-speed video frame as seen in Tracker. Axes (purple) with 

origin coincident on the anterior-superior corner of the mount cup. Calibration stick (blue) to 

establish scale. Point A (red) on the inferior edge of surrogate head directly superior (red dashed 

line) to C1 lateral mass photo-reflective marker [Saari et al., 2013] 

 

 

Figure 3-9: GHBMC M50 point A (red) shown on the close-up on the right directly superior to the 

lateral mass of C1 (blue). Occipital condyle (brown) shown for reference 
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The Tracker software user interface shown in Figure 3-8 also indicated the x-z axes with the origin 

coincident with the anterior-superior corner of the mount cup. This was consistent with what was 

reported in the experimental setup and data acquisition details. In addition, a calibration stick 

(blue) was used in Tracker software in order to establish the correct scale in the provided high-

speed video frames. For specimen H1062 in Figure 3-8, that distance of 100.3 mm was obtained 

through the available photo-reflective marker coordinates. It was ensured that this initial setup 

process in Tracker for head kinematic extraction was performed on the high-speed video frame 

corresponding to the onset of head impact. Following the setup process, the z (vertical) 

displacement was extracted from the NFL specimens (using Tracker software) and GHBMC M50 

(using commercial finite element software (LS-PrePost, LSTC)). The head kinematic results are 

discussed in Chapter 4. 

The coefficient of friction (𝜇) at the interface between the head and the impact plate (i.e., impact 

interface) was based on a published value (𝜇 = 0.6) of leather on steel [Fuller, 1984]. Figure 3-10 

summarizes the boundary and initial conditions applied to GHBMC_Saari. 

 

Figure 3-10: Four HFI configuration parameters applied to the GHBMC_Saari model: 1) initial 

cervical spine curvature, 2) impact velocity, 3) effective torso mass, and 4) impact interface 
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The GHBMC_Saari model had hard tissue failure turned off. With this failure option applied, there 

was no element erosion that occurred once the solid (trabecular bone) and shell elements (cortical 

bone) reached their respective failure thresholds (effective plastic strain values of 9.17% and 

3.43%, respectively); thereby accumulating plastic strain following the onset of hard tissue injury. 

This failure option was considered an upper bound for real-life hard tissue failure (bone fracture) 

because it was limited in not being able to represent bone fracture propagation; the elements just 

accumulated plastic strain. Alternatively with hard tissue failure turned on, element erosion 

occurred once the solid and shell elements reached their respective failure effective plastic strain 

values. This failure option was considered a lower bound for real-life hard tissue failure because 

element erosion, which is not analogous to real-life vertebral fracture propagation, significantly 

transected the axial load path following the first element deletion. Both failure options were 

considered for the model validation in order to bound the response: GHBMC_Saari with hard 

tissue failure turned off, and GHBMC_Saari_failON with hard tissue failure turned on. Both model 

configurations were identical with the only difference being the failure option applied.  

The model validation against the Saari experimental results compared the HFI progression 

(qualitative) and kinematic, kinetic, and injury results. The results were extracted from 

GHBMC_Saari and GHBMC_Saari_failON model configurations.  

The HFI progression entailed visual observation of the mid-sagittal view of the model 

configurations from 0-15 ms (e.g., at 5 ms intervals) in order to qualitatively describe the general 

response of the cervical spine during HFI loading. The kinematic results consisted of the x and z 

coordinates of the vertebral body nodes (Figure 3-3) from 0 ms to 7 ms. Moreover, a proposed 

kinematic metric, termed the buckling parameter, was used to further quantify the buckling 

behaviour of the cervical spine during HFI loading. The buckling parameter, calculated as a 

percentage, was the ratio of the sagitta to the chord length. The sagitta is the difference between 

the x coordinate (anteroposterior) of the anterior-most vertebral node and the x coordinate of the 

C7 vertebral node, and the chord length is the difference between the z coordinate of the C7 

vertebral node and the z coordinate of the C1 vertebral node. This is shown in Equation 1 and 

illustrated in Figure 3-11. The term ‘CX’ in Equation 1 represented the vertebra that had the 

greatest anterior distance from the C7 vertebra at a given time during the impact. The kinetic results 

were the axial contact force between the head and impact plate vs. time, and the axial neck force 
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(measured at C7) vs. time. Additionally, the peak neck and head contact forces, the slope of the 

neck and head contact force rise time, the time from head impact to the peak neck force, and the 

time from head impact to the point where the neck force started to increase were extracted from 

the plots in order to further quantify the kinetic response. The trends in the plots were analyzed to 

understand their relation to the kinematic and injury response. Finally, the hard and soft tissues 

injuries were extracted and compared to reported experimental injuries. Hard tissue injury was 

quantified by extracting the onset times of vertebral fracture across all vertebral levels from 

GHBMC_Saari and GHBMC_Saari_failON, and by identifying the location of hard tissue failure 

within each vertebra (e.g., spinous process, pedicles, etc.) in the models. Soft tissue injury was 

quantified by extracting the onset times of ligament failure (rupture) across all segment levels, 

identifying which ligaments failed across all segment levels (e.g., ALL, CL, etc.), and identifying 

the occurrence of disc avulsion across the C2-C3 to C7-T1 segment levels. Soft tissue injury was 

defined the same way for both model configurations: ligament rupture was defined by the tensile 

displacement at failure, whereas disc avulsion was indicated by the normal failure stress. 

 
𝐵𝑢𝑐𝑘𝑙𝑖𝑛𝑔 𝑝𝑎𝑟𝑎𝑚𝑒𝑡𝑒𝑟 =

(𝐶𝑋 − 𝐶7)𝑥

(𝐶7 − 𝐶1)𝑧
× 100% 

 

(1) 

 

Figure 3-11: Kinematic plot illustrating how the buckling parameter was calculated 
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3.3 GHBMC Model Assessment and Boundary Conditions Based on 

Nightingale (1996) Experimental Study 

A GHBMC model configuration, which will henceforth be referred to as GHBMC_Nightingale, 

was created in order to replicate the boundary and initial conditions described in the experimental 

setup outlined in the study by Nightingale.  

The cervical spine curvature of the specimens was represented in GHBMC_Nightingale. The 

specimen curvatures were quantified in the experimental study through the sagittal plane 

orientation of the C7-T1 intervertebral discs. This was done by ensuring that the AP angle of the 

discs (with respect to the true horizontal) was 25° for all specimens. Unlike the procedure carried 

out to represent the Saari specimen cervical spine curvatures in GHBMC_Saari (section 3.2), there 

was no raw data provided in order to trace the model cervical spine in the sagittal plane and 

compare it to the Nightingale specimens; the only posture information available was the AP angle 

of the C7-T1 disc. The GHBMC M50 model had a C7-T1 disc AP angle of 13°. The AP angle was 

measured at the mid-sagittal plane of the disc. The desired angle of 25° was achieved through the 

use of simulation-based reposturing (Figure 3-12). This was done by first applying a boundary 

condition to fix the head and applying an angular displacement to the T1 vertebra. Specifically, 

the angular displacement was an angle (in degrees) assigned based on the desired disc sagittal 

orientation. Therefore, an angle of 12° (e.g., 25° subtract 13°) was assigned in the curve in order 

to rotate the T1 vertebra (and consequently the C7-T1 disc) in flexion by the desired amount. This 

flexion rotation was applied for a duration one second. Following that, the model was allowed to 

settle for a duration of 1 second. Settling ensured that the model had achieved equilibrium. The 

output cervical spine posture following the reposturing simulation was then extracted and used as 

the stress-free initial posture for the HFI simulation in GHBMC_Nightingale. 
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Figure 3-12: A) Mid-sagittal view of GHBMC M50 model C7-T1 disc orientation (solid yellow line) 

of 13° with respect to the true horizontal (dashed yellow line). B) Mid-sagittal view of 

GHBMC_Nightingale with the repostured C7-T1 disc orientation of 25° with respect to the true 

horizontal 

 

The impact velocity boundary condition was applied using the 

*INITIAL_VELOCITY_GENERATION card and a vertically downward (-z) velocity of 2.96 m/s 

(average velocity of the 3 relevant specimens) was applied on the entire model. The experimental 

setup reported that an effective torso mass of 16 kg was attached to the mount cup to which the T1 

vertebra was potted. The density of the rigid T1 vertebra was accordingly increased to a calculated 

value of 72.945 × 10-4 kg/mm3 in order to account for that mass. 

The experimental setup reported the use of a 3 mm-thick Teflon layer on top of the steel impact 

plate. The Teflon layer (made of solid elements) was meshed in Hypermesh with the desired 3 mm 

thickness. The steel layer (made of shell elements), which was positioned directly below the Teflon 

layer, was also modelled in Hypermesh. The Teflon material model was then applied in LS-DYNA 

using mechanical properties obtained from literature [Rae & Dattelbaum, 2004]. The rigid steel 

plate was assigned a rigid body formulation (*MAT_RIGID) in LS-DYNA. All of the boundary 

conditions and HFI setup details that were accounted for in GHBMC_Nightingale are summarized 

in Figure 3-13.  
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Figure 3-13: Four HFI configuration parameters applied to the GHBMC_Nightingale model: 1) 

initial cervical spine curvature, 2) impact velocity, 3) effective torso mass, and 4) impact interface 

 

The model validation against the Nightingale experimental results included HFI progression 

(qualitative) as well as comparisons of kinetic and injury results. Similar to the validation process 

described for the Saari experimental results (section 3.2), the results were extracted from 

GHBMC_Nightingale and GHBMC_Nightingale_failON (hard tissue failure off and on, 

respectively) in order to compare the response, discuss the respective limitations, and subsequently 

select an appropriate failure option to apply for the sensitivity study. Moreover, kinematic results 

were not extracted for the validation against Nightingale because there was no raw data provided 

that enabled a quantitative kinematic analysis of the cervical spine to better understand the 

buckling behaviour. The kinetic results included the axial contact force between the head and 

impact plate vs. time, the axial neck force (measured at C7) vs. time, as well as the kinetic metrics 

(extracted from the kinetic plots) discussed at the end of section 3.2. The trends in the 

aforementioned plots were analyzed to understand their relation to the kinematic and injury 

response. Finally, the hard and soft tissue injuries were extracted and compared to the reported 

experimental injuries.  
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3.4 Sensitivity Study of Head-First Impact Parameters using the 

GHBMC_Saari Model 

There were several parameters (i.e., initial and boundary conditions) reported in experimental 

studies that influence the response of the cervical spine in terms of kinetics (forces observed), 

kinematics (buckling observed), and injury during HFI. Those parameters were initial cervical 

spine curvature (posture), impact velocity, the anteroposterior (AP) plate angle, the lateral plate 

angle, the coefficient of friction between the head and the impact plate, and the AP head angle. In 

this sensitivity study, one parameter was varied at a time (Figure 3-14) to assess the individual 

effect on cervical spine response during HFI. The model used for this sensitivity study was the 

GHBMC_Saari model (with hard tissue failure turned off) because the Saari experiments (unlike 

Nightingale) included kinematic data at each vertebral body level, which allowed for a quantitative 

kinematic analysis used to better explain the kinetic response and injury outcome of the models. 

The hard tissue failure was turned off for the sensitivity study after the limitations and influence 

on model response were compared against the failure on option (covered in Chapter 4). For each 

of the parameter variations in the sensitivity study, the kinematic, kinetic, and injury results, and 

HFI progressions were extracted from the respective models. As previously discussed (section 

3.2), the kinematic results were the sagittal cervical spine traces from 0-7 ms in addition to the 

buckling parameters, and the kinetic results were the head contact force and axial neck 

compressive force history plots in addition to the extracted kinetic metrics. The hard tissue injury 

results entailed comparing the onset times of vertebral fracture across all vertebral levels and 

identifying the location of injury within the vertebrae (e.g., spinous process, pedicles, etc.). The 

soft tissue injuries were quantified by extracting the onset times of ligament failure (rupture) across 

all segment levels, identifying which ligaments failed across all segment levels (e.g., ALL, CL, 

etc.), and identifying the occurrence of disc avulsion across the C2-C3 to C7-T1 segment levels. 
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Figure 3-14: Sensitivity study simulation chart 

 

3.4.1 Initial Cervical Spine Curvature 

The metrics that were used to quantify cervical spine curvature, as outlined in the volunteer 

experimental study by Newell (subsection 2.3.1), were the curvature index and C7 angle [Newell 

et al., 2013]. The curvature index of the baseline model was 1.4% and the C7 angle was 16.8°. The 

study by Newell reported that, for an average of 9 volunteers, the curvature index was 3.0% ± 

1.4% for an inverted-relaxed posture. The baseline curvature index of 1.4% was slightly less than 

the lower bound of the reported range. For the same 9 volunteers, the C7 angle was 25.3° ± 6.5° 

for an inverted-relaxed posture, where the positive sign of the angle corresponded to flexion. 

Similar to the curvature index, the baseline C7 angle of 16.8° was slightly less than the lower 

bound of the reported range. Based on this information, three additional C7 angles were 

considered: 20°, 25°, and 30°. The reasoning behind incrementing the C7 angles by 5ׄ° was to 

sufficiently cover the range of C7 angles of inverted-relaxed occupants as reported in the study by 
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Newell. Therefore, the C7 angle was accordingly varied using simulation-based reposturing 

(similar to what was implemented in GHBMC_Nightingale). 

Simulation-based reposturing was performed on the baseline model to obtain different model 

configurations with varying curvatures that possess higher C7 angles and, as a result, higher 

curvature indexes. Given the baseline model C7 angle of 16.8° relative to the range of angles 

reported in the study by Newell, three additional postures were created. Each of the newly created 

postures corresponded to a unique model; the models along with the baseline model are outlined 

in Table 3-3 with their corresponding C7 angles and calculated curvature indexes. 

Table 3-3: C7 angles and curvature indexes of baseline model and models with C7 angle variation 

 

 

A boundary condition was applied to fix the head and C1 in all degrees of freedom 

(*BOUNDARY_SPC_SET in LS-DYNA). A loading condition was applied to C7 in order to 

rotate it in the sagittal plane by prescribing an angular displacement which defined the amount, in 

degrees, C7 must rotate in order to achieve the desired angle. For example, an angular displacement 

of 8.2° of flexion rotation was applied to the baseline model (with a C7 angle of 16.8°) to yield the 

Posture3_C7_25° model. The boundary and loading conditions were applied for a duration of 1 

second, followed by a duration of 1 second where the model was allowed to settle. This latter 

settling duration ensured that the model had achieved equilibrium. Following the reposturing 

simulation, the desired orientation (i.e., cervical spine posture) was extracted from the last output 

file of the simulation which contained the updated nodal positions that were to be used as stress-

free initial orientation positions for the subsequent HFI simulations. Figure 3-15 shows the models 

in mid-sagittal view side-by-side for visual comparison.  
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Figure 3-15: A) Baseline model, B) Posture2_C7_20° model, C) Posture3_C7_25° model, and D) 

Posture4_C7_30° model, all with C7 angles and curvature indexes labelled 

 

3.4.2 Impact Velocity 

In rollover crashes, which are the leading cause of cervical spine injuries due to HFI according to 

epidemiology (subsection 2.2.2), impact velocities between the head and the car roof can be 

anywhere between 1 m/s and 5 m/s [Bahling et al., 1990; Hu et al., 2008; Viano et al., 2008]. As 

a result, it was important to consider impact velocity as a factor that could influence the extent of 

hard and soft tissue injuries sustained, as well as cervical spine kinetic and kinematic response 

during HFI loading. The baseline model, as described in GHBMC_Saari (subsection 3.2), had an 

impact velocity of 2.75 m/s. Impact velocities of 1 m/s, 2 m/s, 4 m/s, and 5 m/s were considered 

in order to sufficiently cover the range reported in the aforementioned literature studies. The new 

models along with the baseline model are outlined in Table 3-4 with their corresponding impact 

velocities indicated. 

Table 3-4: Impact velocities of the baseline model and newly created models with velocity variations 
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3.4.3 Anteroposterior Impact Plate Angle 

The AP angle of the impact plate could have an effect on the cervical spine response in terms of 

kinematics, kinetics, and injury risk during HFI loading. It was found that there was a good 

probability of the head impacting a surface at an angle in a real-life scenario of HFI, especially 

during rollover crashes [Bahling et al., 1990]. Moreover, the experimental study conducted by 

Nightingale found that varying the AP angle of the impact plate influenced the response of the 

cervical spine due to the head motion being affected. Therefore, the AP angle of the impact plate 

was considered important in this sensitivity study. The baseline model was setup such that vertex 

HFI (which corresponded to an AP angle of 0°) was occurring. Two additional AP angles were 

considered: 15° and -15°. These angles were chosen to match what was done in the experimental 

study by Nightingale. As a result, two new models were created with the 15° and -15° AP angles: 

Plate_AP_15° and Plate_AP_-15°, respectively. Figure 3-16 shows these models alongside the 

baseline model for reference. 

 

Figure 3-16: A) Baseline model, B) Plate_AP_15° mode, and C) Plate_AP_-15° model 

 

3.4.4 Lateral Impact Plate Angle 

The lateral angle of the impact plate can have an effect on the cervical spine response during HFI 

that is similar to varying the AP angle of the plate. In fact, during rollover crashes, the head can 

impact the roof of the car at a lateral angle that is not necessarily 0° [Bahling et al., 1990]. A lateral 
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plate angle of 0° corresponded to a horizontal orientation in the frontal plane. Moreover, a 

numerical study (subsection 2.3.2) performed a sensitivity analysis with varying the lateral angle 

(e.g., angles of 15° and 30°) of the impact plate as one of the modelling parameters owing to the 

significance of the angle and reported how it had a notable effect on the behaviour of the cervical 

spine during HFI loading [Hu et al., 2008]. As a result, the lateral angle of the impact plate was 

considered as a HFI parameter in this sensitivity study.  

The baseline model had a lateral impact plate angle of 0°. The two additional lateral angles that 

were considered in this study were 15° and 30° (identical to the numerical study by Hu). Due to 

the anatomical symmetry of the GHBMC model about the sagittal plane, the lateral angle 

variations were only applied to one side of the model (Figure 3-17).  

 

Figure 3-17: A) Baseline model, B) Plate_lateral_15° model, and C) Plate_lateral_30° model 

 

3.4.5 Coefficient of Friction between Head and Impact Plate 

The friction between the head and the impact plate could play a role in affecting the response and 

injury risk of the cervical spine during HFI because friction had a direct effect on the motion of 

the head, which was reported to influence the behaviour of the cervical spine under compression 

[Nightingale et al., 1997]. For instance, a high friction at the interface (e.g., 𝜇 = 1) can impede the 
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motion of the head and restrict it more than a frictionless interface (e.g., 𝜇 = 0). As a result, the 

friction between the head and the plate was considered as a HFI modelling parameter in this 

sensitivity study.  

As previously described in GHBMC_Saari (subsection 3.2), the friction between the head and the 

leather layer of the baseline model was 0.6. Two new models were created, COF_0 and COF_1, 

by changing the friction at the impact interface to 0 and 1, respectively. The models were created 

in order to account for impact interfaces with lower and higher friction values (relative to the 

baseline).  

3.4.6 Anteroposterior Head Angle 

During HFI scenarios such as rollover, people can have different pre-impact postures and head 

orientations. Therefore, the AP angle of the head, defined by the Frankfort plane, could play an 

important role in affecting the cervical spine response during HFI loading.  

The Frankfort plane was defined by a line passing through the tragion and the inferior margin of 

the orbit (Figure 3-18). Newell reported that the Frankfort plane angle (measured between the 

Frankfort plane and the true horizontal) was -25.2° ± 10.5° for an inverted-relaxed posture. The 

negative sign on the angle corresponded to extension motion of the head. According to the sign 

convention of the Frankfort plane angle outlined in the study, a 0° Frankfort plane angle meant the 

Frankfort plane was parallel to the anatomical transverse plane (or the line created by the Frankfort 

plane was parallel to the true horizontal) (Figure 3-19). The baseline model had a Frankfort plane 

angle of -5.4°. This angle was less than the range reported in the study, and therefore GHBMC 

model orientations with Frankfort plane angles of -20° and -30° were considered. An additional 

lower bound angle of 0° was also considered. These angles were achieved through the use of 

simulation-based reposturing.  
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Figure 3-18: A) Skull showing the orbital landmark (OI), the tragion landmark (PI), and the 

Frankfort plane (red line), adapted from [Cheng et al., 2012], and B) GHBMC model with nodes 

identifying the orbital and tragion landmarks along with Frankfort plane (red line) 

 

 

Figure 3-19: GHBMC head in different orientations to showcase Frankfort plane angle sign 

convention adopted by [Newell et al., 2013]. A) Frankfort plane angle -20°, B) Frankfort plane 

angle 0°, and C) Frankfort plane angle 20° 

 

The implementation of simulation-based reposturing to achieve the desired Frankfort plane angles 

was similar to what was used in GHBMC_Nightingale, as well as the models with differing 

cervical spine curvatures outlined in subsection 3.2.1. A boundary condition was applied to T1 in 

order to fix it in all degrees of freedom (i.e., no translation or rotation in x, y, z). The loading 

condition was applied to the head in the form of an angular displacement curve prescribing rotation 

about the medial-lateral axis (i.e., sagittal rotation). The rotation values, in degrees, defined in the 

angular displacement curves were calculated based on the desired orientation. For example, an 
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angle of 5.4° was prescribed in the angular displacement curve in order to achieve the 0° Frankfort 

plane angle from the baseline Frankfort plane angle of -5.4°. Similar to previous implementations 

of simulation-based reposturing, the loading conditions were applied for a duration of 1 second, 

followed by a 1 second settling period in order to establish model equilibrium. The final posture 

was extracted from this reposturing simulation as the initial stress-free posture for the HFI 

simulation. As a result of rotating the head in flexion (e.g., going from baseline -5.4° to 0°), the 

cervical spine curvature was reduced, causing a decrease in the curvature index. Alternatively, 

rotating the head in extension (e.g., going from baseline -5.4° to -20° or -30°) resulted in a more 

curved cervical spine with a higher curvature index. Table 3-5 outlines the newly created models 

that corresponded to the Frankfort plane angles of 0°, -20°, and -30°, along with their curvature 

indexes, and Figure 3-20 shows these models in mid-sagittal view side-by-side for a visual 

comparison.  

Table 3-5: Frankfort plane angles and curvature indexes of the baseline model and newly created 

models with varying head inclination 

 

 

 

Figure 3-20: A) Baseline mode, B) Head_angle_0° model, C) Head_angle_20° model, and D) 

Head_angle_30° model 
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 Chapter 4: Results and Discussion 

4.1 Model Validation Against Saari (2013) Experimental Results 

As described in section 3.2, head rebound was eliminated from GHBMC_Saari through the 

addition of the leather-wood layer. The head rebound was eliminated to match the experimental 

response, which showed that head rebound was absent from the NFL specimens (proven through 

the use of Tracker to digitize the high-speed videos). In order to illustrate that head rebound was 

occurring with the initially modelled steel layer and was eliminated from GHBMC_Saari after the 

addition of the leather-wood layer, the z displacement of point A (Figure 3-9) was extracted to 

compare the model head kinematics to the experimental surrogate head kinematics. Figure 4-1 

shows the z displacement vs. time plots of point A of all six NFL specimens, the average of the 

NFL specimens, as well as GHBMC_Saari using the initially modelled steel plate (depicted in 

Figure 3-6). Figure 4-2 shows the same plot but using the additional leather-wood layer that was 

modelled to eliminate head rebound. 

 

Figure 4-1: Point A z displacement of NFL Saari specimens, (with average shown in black) vs. 

GHBMC_Saari with the initially modelled steel layer only 
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Figure 4-2: Point A z displacement of NFL Saari specimens (with average shown in black) vs. 

GHBMC_Saari with the addition of the wood-leather layer 

 

The z displacement plot of point A from GHBMC_Saari (Figure 4-1) demonstrated a different 

response than the experimental plots due to the head rebound that occurred. The head rebound 

response differed greatly from what was seen in point A from the NFL surrogate heads; the head 

deformed axially during the first 3 ms, followed by a plateau region, which indicated that the 

surrogate head was experiencing no rebound. However, in Figure 4-2 the z displacement of point 

A in GHBMC_Saari now plateaued, which indicated that no head rebound occurred. The head 

rebound was eliminated from GHBMC_Saari because the leather-wood layer deformed plastically, 

which in turn resulted in an increased head vertical displacement into the layer. The deformation 

of the leather-wood layer continued until the perfectly-plastic zone (as defined in the material 

model) was reached and the head vertical motion was relatively restricted. The kinematic response 

of the GHBMC_Saari model head with the leather-wood layer was in better agreement (relative to 

the model with the steel plate modelled initially) with the digitized head kinematics of the NFL 

surrogate heads. 

Kinematic, kinetic, and injury results were extracted from the GHBMC_Saari model (hard tissue 

failure turned off) and the GHBMC_Saari_failON model (hard tissue failure turned on). As 

discussed in Chapter 3, results were studied for both configurations to assess the impact the 

respective limitations of the failure options had on the model response. Subsequently, an 
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appropriate failure option (failure off or on) was applied in the sensitivity study that was better 

suited for predicting hard and soft tissue injuries.  

HFI Progression 

The HFI progressions of the GHBMC_Saari and GHBMC_Saari_failON model configurations 

from 0 ms to 15 ms are shown in Figure 4-3 and Figure 4-4, respectively.  

 

Figure 4-3: HFI progression of GHBMC_Saari from 0 ms to 15 ms 

 

 

Figure 4-4: HFI progression of GHBMC_Saari_failON from 0 ms to 15 ms 

 

During the first 5 ms of the HFI progression of the model configurations, the head plastically 

deformed the leather-wood layer, resulting in vertical head displacement into the layer and 

negligible cervical spine deformation (this was later quantified through the kinematic results). 
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Between 5 and 10 ms, cervical spine buckling was observed where C1-C3 rotated in extension, 

and C4-C7 rotated in flexion. The T1 vertebra did not rotate due to the imposed boundary 

condition, and as a result, disc avulsion occurred at the C7-T1 segment level. The rate of change 

of buckling was the highest between 5-10 ms, indicating that most of the buckling occurred during 

that interval. Furthermore, the buckling, as quantified through anterior displacement of the 

vertebrae, was concentrated at the C3 vertebra (i.e., C3 was the inflection point). This 

concentration was due to the direction of rotation of the vertebrae throughout the loading. The C3 

vertebra initially (first 3 ms) rotated in flexion followed by extension. The extension that occurred 

in the upper cervical spine paired with the mixed rotation of C3 made C3 the vertebra at which the 

rotation switched direction. At around 5 ms after head impact, solid and shell elements in 

GHBMC_Saari_failON (corresponding to the vertebrae trabecular and cortical bones, 

respectively) were eroded due to hard tissue failure at the pedicles and dens of C2.  

Kinematic Results 

The GHBMC_Saari and GHBMC_Saari_failON kinematic results, which entailed cervical spine 

sagittal traces from 0-7 ms, were compared against the average experimental trace from the Saari 

specimens in Figure 4-5. The buckling parameter increase throughout the first 7 ms of loading, 

which identified how gradually or abruptly the cervical spine exhibited buckling, is summarized 

in Table 4-1. 
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Figure 4-5: Cervical spine sagittal kinematic plots from 0 ms to 7 ms of GHBMC_Saari, 

GHBMC_Saari_failON, and average Saari NFL specimens, with specimen curves shown in grey 
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Table 4-1: Buckling parameter increase throughout the first 7 ms of loading for GHBMC_Saari 

and GHBMC_Saari_failON models, as well as Saari NFL average and Saari NFL specimen H1062 

 

 

From 0 ms to 4 ms, the cervical spines of both model configurations experienced negligible 

buckling. The negligible buckling was indicated from the buckling parameter values and 

comparing their progression during the first 4 ms of loading. During this period, the leather-wood 

layer was plastically deformed while the head translated downwards, and the load was not yet fully 

transmitted throughout the cervical spine (this was shown in the kinetic results later in the section). 

The GHBMC models had similar values corresponding to the average of buckling parameter 

increases throughout 7 ms of loading (e.g., 2.2% and 2.3%). The cervical spine sagittal traces of 

the two model configurations started to deviate after 4 ms following head impact, which coincided 

with hard tissue failure initiation in the models (covered later in the section). Due to the element 

erosion that occurred predominantly at the upper cervical spine of the GHBMC_Saari_failON 

model, the C2 vertebral point corresponding to that model translated more anteriorly relative to 

the GHBMC_Saari model during the 4-7 ms interval. Additionally, the lower cervical spine of 

GHBMC_Saari_failON did not buckle (anteriorly displace) as much as in GHBMC_Saari due to 

the element erosion predominantly occurring at the upper cervical spine of 

GHBMC_Saari_failON. Due to the higher degree of buckling observed in the 

GHBMC_Saari_failON model, the greatest buckling parameter increase value was higher than that 

of the GHBMC_Saari model (7.7% > 6.8%). The greatest buckling parameter increase occurred 

during the same interval (6-7 ms) for both model configurations. 

The buckling sustained in both models was abrupt relative to the average experimental response 

as all the buckling occurred during the last 3 ms of the interval (i.e., 4-7 ms). Alternatively, the 

buckling sustained in the average experimental response was more gradual as the buckling 

parameter increased consistently throughout the 7 ms of loading. The average of buckling 
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parameter increases as well as the greatest buckling parameter increase corresponding to the 

models were both higher than the respective average experimental values (Table 4-1). Moreover, 

the average experimental time interval corresponding to the greatest buckling parameter increase 

was 4-5 ms (compared to the 6-7 ms interval for the models). This experimental interval (4-5 ms) 

further signified the consistent and gradual increase of the buckling parameter of the specimens 

throughout the loading. Due to the elastic head deformation and plastic leather-wood layer 

deformation that occurred during the first 4 ms after head impact in the models, the cervical spine 

buckling was evident only during the 4-7 ms interval. The buckling was abrupt due to the 

significant extension rotation of the upper cervical spine (C1 and C2) that accentuated the buckling 

at the middle cervical spine (specifically C3). Alternatively, the relatively rigid surrogate head 

attached to the specimens experienced presumably minimal elastic deformation and therefore the 

axial force transmission to the cervical spine was faster. Moreover, the upper cervical spines of the 

specimens did not experience significant extension rotation as was the case in the models. As a 

result, experimental cervical spine buckling was more gradual and occurred over the 7 ms span of 

loading considered.  

Kinetic Results 

The GHBMC_Saari and GHBMC_Saari_failON kinetic results, which entailed investigating head 

contact force and axial neck compressive force history traces, were compared against the 

corresponding experimental force traces. Kinetic metrics such as initial peak force and the slope 

of the initial force rise time were extracted to quantitively study the kinetic response of the cervical 

spine throughout the loading. The head contact and axial neck force history plots are shown in 

Figure 4-6 and Figure 4-7, and the kinetic metrics extracted from the plots are summarized in Table 

4-2 and Table 4-3. 
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Figure 4-6: Head contact force history plots of GHBMC_Saari, GHBMC_Saari_failON, and Saari 

NFL specimens, with initial peak head contact force and initial force load-up labelled 

 

 

Figure 4-7: Axial neck compressive force history plots of GHBMC_Saari, GHBMC_Saari_failON, 

and Saari NFL specimens 



83 

 

Table 4-2: Head contact force metrics for GHBMC_Saari, GHBMC_Saari_failON, Saari NFL 

specimens, and Saari average NFL response 

 

 

Table 4-3: Axial neck compressive force metrics for GHBMC_Saari, GHBMC_Saari_failON, Saari 

NFL specimens, and Saari average NFL response 

 
 

The GHBMC model configurations had the same initial peak head contact force value of 5.9 kN 

and the same slope of initial force rise time of 2.1 kN/ms. Both models reached the peak force 

value 3 ms after head impact. During this initial period, the kinetic response of the models was 

identical because element erosion did not yet occur in the GHBMC_Saari_failON model. The 

model force traces temporarily, and very briefly, reached zero around 5.5-6.0 ms after head impact 

(which was after element erosion took place in GHBMC_Saari_failON). The period when the 

force traces were momentarily zero coincided with when deviation was observed in the model 

traces: the GHBMC_Saari trace had a value of zero for a duration of 1 ms and the 

GHBMC_Saari_failON model for a duration of 2 ms. Following that, the deviation continued 
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where the GHBMC_Saari trace plateaued around 1.5 kN, while the GHBMC_Saari_failON trace 

plateaued relatively uniformly around 1 kN.  

The plots showed that, on average, the experimental force traces had much steeper initial slopes 

following the onset of head impact (e.g., 17.9 kN/ms > 2.1 kN/ms) and higher initial peaks (e.g., 

9.4 kN > 5.9 kN) than both GHBMC model configurations. Moreover, the experimental specimen 

curves showed more sharp and consecutive increases and decreases in force. The steeper slopes 

and higher peaks corresponding to the experimental traces could be a result of the surrogate heads 

experiencing less (if not negligible) plastic deformation upon impact with the plate. The level of 

plastic deformation of the surrogate heads, however, was not conclusive as the high-speed videos 

of the experiments did not have the top of the head or the impact interface in the frame of the 

videos, and therefore any deformation that may have occurred at the interface could not be 

observed. The consecutive force increases and decreases in the experimental trace was a possible 

indication that the surrogate heads experienced several consecutive head rebounds at a rapid rate. 

This finding was not conclusive, however, because the high-speed videos did not have the impact 

interface included in the frame. Another reason for the difference in trends is the significant plastic 

deformation (~ 6 mm) of the leather-wood layer which dampened the impact, thereby reducing the 

peak force and initial slope.  

The GHBMC_Saari_failON axial neck compressive force trace had a lower peak (e.g., 1.5 kN < 

1.9 kN) than the GHBMC_Saari model. The former model had a lower peak force because the 

upper cervical spine experienced element erosion around 5 ms after head impact. The element 

erosion reduced the axial stiffness of the cervical spine, thereby not allowing it to sustain as much 

axial load at the upper cervical spine. As a result, the remainder of the cervical spine (including 

C7 where the force was measured) registered a lower peak force. The model configurations 

showcased a similar trend for the axial neck force history plots where there was an initial rise time 

leading to a peak force, followed by a sharp decrease, a slight increase, and then a plateau.  

During the initial interval of force rise time, the cervical spine axial force increased due to the 

compression of the effective torso mass. The force increase continued for both model 

configurations until the peak force values were reached at 5.0 ms for the GHBMC_Saari model 

and at 5.6 ms for the GHBMC_Saari_failON model. The subsequent force decrease coincided with 

when the extension rotational velocity of C1 plateaued, the extension rotational velocity of C2 
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began to increase, and the anterior velocity of C3 began to reach a peak value. The kinematics of 

these specific vertebrae were investigated because C1 and C2, being the first two vertebrae of the 

cervical spine, experienced significant extension rotation which initiated the buckling, and C3 was 

the anterior-most vertebra throughout the buckling. This series of simultaneous rotations and 

translations at the upper-to-middle cervical spine indicated that buckling started to occur in the 

cervical spine. Therefore, the force decrease that occurred in the models coincided with when the 

upper-to-middle cervical spine experienced buckling, thereby reducing the axial stiffness of the 

spine, which led to a lower axial force at C7 where the force was measured. The subsequent period 

where the force increased coincided with when the anterior velocity of C3 began to rapidly 

decrease. This decrease in anterior velocity indicated that the buckling was slowing down, thereby 

increasing the axial stiffness of the cervical spine and increasing the measured axial force at C7. 

The slopes of the initial rise times of the two GHBMC model configurations (0.5 kN/ms) had a 

good agreement with the reported experimental values (0.8 kN/ms ± 0.4 kN/ms). The initial peak 

axial force of GHBMC_Saari (1.9 kN) was equal to the average initial peak axial force of the Saari 

NFL specimens. The times from head impact to the point where the neck force started to increase 

and to the peak axial force corresponding to the model configurations were higher than the 

respective average experimental values. The delay values of the model configurations were higher 

than the experimental values because the surrogate heads could be more rigid than the GHBMC 

heads and therefore not experience as much elastic deformation, which would lead to faster axial 

force transmission to the lower cervical spine than observed in the models. 

Hard Tissue Injury Risk 

Hard tissue injury in GHBMC_Saari (failure OFF) was defined by the effective plastic strain 

reaching a value of 9.17% for trabecular bone (solid elements), and 3.43% for cortical bone (shell 

elements). For GHBMC_Saari_failON, hard tissue injury was identified by observing the deleted 

solid (trabecular) and shell elements (cortical). Figure 4-8 shows the time of hard tissue failure 

initiation in GHBMC_Saari_failON and Table 4-4 shows the location of hard tissue injury (e.g., 

vertebral body, spinous process, etc.) in GHBMC_Saari_failON. These hard tissue metrics were 

not extracted for GHBMC_Saari because, following the onset of first hard tissue injury, the model 

configuration was not a biofidelic representation of vertebral failure progression (Chapter 3). 
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Figure 4-8: Time of hard tissue failure initiation in GHBMC_Saari_failON 
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Table 4-4: Location of hard tissue injury for GHBMC_Saari_failON 

 
 

The GHBMC model configurations had different hard tissue injury progressions because of their 

failure options (i.e., failure on vs. off), but both started with failure at the cortical bone of C2 4.0 

ms after head impact. Following that onset of hard tissue failure, the GHBMC_Saari_failON model 

predicted failure at the trabecular bones of C1 and C2 as well as the cortical bone of C1 (4.5 ms), 

the cortical bone of C3 (5.25 ms), the trabecular bone of C3 (5.5 ms), and the trabecular and cortical 
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bones of C4 (8.5 ms). The GHBMC_Saari_failON model predicted earlier hard tissue failure times 

at the upper cervical spine than at the middle cervical spine due to the significant element erosion 

at the upper cervical spine. The time corresponding to the onset of hard tissue failure in both 

GHBMC model configurations (4.0 ms) was in good agreement with the reported experimental 

onset of first injury occurrence of the NFL specimens (4.9 ms ± 1.1 ms). The reported 

experimental hard tissue injury results indicated that C3 and C4 were the most commonly fractured 

vertebrae with extension avulsion fracture (associated with ALL rupture) as well as laminar and 

spinous process fractures being the most common injury types. Keeping the element erosion 

limitations associated with the failure on option in mind, GHBMC_Saari_failON produced 

comparable results because C3 and C4 were predicted to fracture as well. Moreover, the model 

predicted laminar and spinous process fractures at C3 and C4 but did not predict vertebral body 

fracture. The extension avulsion fractures were not predicted in the model because when the ALL 

ruptured (covered later in this section), the beam elements were simply deleted and did not induce 

stress at the vertebral body. 

Soft Tissue Injury Risk 

Soft tissue injury, which entailed ligament ruptures and disc avulsions, was defined the same way 

for both GHBMC model configurations. Ligament rupture was defined by the tensile displacement 

at failure, whereas disc avulsion was defined by normal failure stress. Figure 4-9 shows a bar graph 

comparing time of ligament failure in GHBMC_Saari and GHBMC_Saari_failON, Table 4-5 

outlines which ligaments failed at every segment level from C1-C2 to C7-T1, and Table 4-6 

outlines which intervertebral disc avulsed from the C2-C3 segment level to the C7-T1 segment 

level.  



89 

 

 

Figure 4-9: Time of ligament failure at every segment level (C1-C2 to C7-T1) of GHBMC_Saari 

and GHBMC_Saari_failON 

 

Table 4-5: Outline of ligament failure at every segment level for GHBMC_Saari and 

GHBMC_Saari_failON 
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Table 4-6: Outline of disc avulsion at the segment levels C2-C3 to C7-T1 for GHBMC_Saari and 

GHBMC_Saari_failON 

 
 

For the GHBMC_Saari model configuration, the ligaments at C7-T1 failed first at 7.25 ms, 

followed by ligaments at C3-C4 (10.75 ms), C2-C3 (13.5 ms), C4-C5 (17 ms), and C5-C6 (30 ms). 

Most of the ligaments at the C7-T1 segment level ruptured due to the imposed boundary condition 

at T1, which restricted its motion to vertical (z) translation only. The C7 vertebra rotated in flexion 

throughout the loading, and as a result there was a large amount of relative rotation between T1 

and C7, which imposed high levels of tension on the ligaments between those vertebrae and 

causing them to rupture. This significant relative rotation between the vertebrae continued until 

disc avulsion occurred later on at that segment level. The next segment level that experienced 

ligament failure (C3-C4) also had significant relative rotation between the involved vertebrae (e.g., 

C3 rotated in extension while C4 rotated in flexion). No ligaments were predicted to fail at the C1-

C2 and C6-C7 segment levels. For the GHBMC_Saari_failON model configuration, the C7-T1 

segment level, like GHBMC_Saari, experienced ligament failure first (8.25 ms after head impact), 

followed by C3-C4 (13.75 ms), C2-C3 (15.75 ms), C1-C2 (18.25 ms), and C6-C7 (26.75 ms). 

However, disc avulsion was predicted at the C2-C3 segment level (as opposed to the C7-T1 

segment level). The C2-C3 disc avulsion happened because of the element erosion that occurred 

at the tied contact surface between the superior surface of the vertebral body of C3 and the C2-C3 

disc. For this model configuration, there was no predicted ligament failure at the C4-C5 and C5-

C6 segment levels. 
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For the GHBMC_Saari_failON model, ALL rupture at the upper cervical spine (C2-C3) occurred 

because C2 and C3 rotated in extension. Although the vertebrae in the middle and lower cervical 

spines rotated in flexion, ALL rupture was still predicted at the middle cervical spine in 

GHBMC_Saari. ALL rupture occurred in the middle cervical spine because the vertebrae did not 

rotate in flexion by the same amount, thereby causing a relative rotation between consecutive 

vertebrae. For example, at 10 ms after head impact, C4 had rotated in flexion by 17° while C5 

rotated 29°. Due to the inferior vertebra (C5) rotating more than the superior one (C4), the ALL 

was subjected to tension, which ultimately led to ligament rupture.  

The reported experimental soft tissue injury results indicated that the most common injury was 

ALL and ISL rupture at the C3-C4 and C4-C5 segment levels. The soft tissue injuries predicted 

by GHBMC_Saari were comparable with these experimental results as it also produced ALL 

rupture at the C3-C4 and C4-C5 segment levels; this was not predicted by GHBMC_Saari_failON. 

Moreover, the model configurations predicted CL rupture at the upper-to-middle segment levels 

(i.e., C1-C2, C2-C3, and C3-C4) – a soft tissue injury not observed in the specimens. 

Summary of Results and Discussion for Validation Against Saari 

The GHBMC_Saari and GHBMC_Saari_failON models demonstrated an abrupt increase in the 

buckling parameter that occurred during the 4-7 ms interval of loading. The abrupt buckling 

parameter increase corresponding to the models differed from the gradual and consistent increase 

in buckling sustained in the experimental specimens, which occurred over the entire 7 ms interval 

of loading. The difference in buckling could be attributed to the difference at the impact interface 

due to the specimens having a surrogate head that presumably did not experience as much elastic 

deformation, thereby transmitting the axial load faster to the cervical spine. Moreover, the 

significant plastic deformation of the leather-wood layer in the models dampened the impact and 

slowed down the axial load transfer to the cervical spine. 

The upper cervical spine of the GHBMC_Saari_failON model led to more anterior displacement 

(~ 2 mm) than in GHBMC_Saari due to the element erosion that occurred in the former. Due to 

the concentrated buckling at the upper cervical spine of GHBMC_Saari_failON, the lower cervical 

spine did not experience as much buckling, did not register as much force/load, and did not sustain 

as much hard/soft tissue injury. C3 was the anterior-most vertebra (i.e., buckling transition point) 

throughout the buckling in both model configurations, whereas C4 was the anterior-most vertebra 
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throughout the buckling in the experimental specimens. It was then found that the anterior velocity 

of C3 was a useful tool in understanding and measuring the buckling behaviour. As the anterior 

velocity of C3 increased, the cervical spine experienced buckling, and the axial force measured at 

C7 decreased due to the reduced axial stiffness of the cervical spine. Alternatively, when the 

anterior velocity of C3 decreased, the buckling slowed down to an eventual ‘locked’ state of the 

cervical spine, thereby increasing the axial stiffness and the measured axial force at C7.  

For the axial neck compressive force history, both GHBMC model configurations had a good 

agreement in terms of initial peak force as well as the slope of the initial neck force rise time. 

However, the delay from head impact to the initial peak axial neck force and to the onset of neck 

force rise time corresponding to the models were greater than those corresponding to the 

experiment. The longer delay observed in the model response was attributed to the significant 

plastic deformation of the leather-wood layer during the loading, which dampened the impact. For 

the head contact force history, the initial peak head contact force as well as the slope of the initial 

head force rise time of the models were lower than the respective experimental values. The 

difference of the slope and peak head contact force between the models and experiment was 

attributed to the surrogate head and how it experienced a different level of deformation at the 

impact interface relative to the model head.  

Both models had good agreement with the reported experimental range of the onset time of hard 

tissue injury. The GHBMC_Saari_failON model predicted lamina and spinous process fractures 

at C3 and C4, which were reported experimentally as well. Similar to the soft tissue injuries 

sustained in the experimental specimens, both models predicted ALL rupture at the C3-C4 and 

C4-C5 segment levels. The models also predicted CL rupture across several segment levels; an 

injury not observed in the experimental specimens.  

4.2 Model Validation Against Nightingale (1996) Experimental Results 

HFI Progression 

The HFI progressions of the GHBMC_Nightingale and GHBMC_Nightingale_failON model 

configurations from 0 ms to 15 ms are shown in Figure 4-10 and Figure 4-11, respectively. 
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Figure 4-10: HFI progression from 0 ms to 15 ms of GHBMC_Nightingale 

 

 

Figure 4-11: HFI progression from 0 ms to 15 ms of GHBMC_Nightingale_failON 

 

For GHBMC_Nightingale, the general buckling response of the cervical spine entailed C1 and C2 

rotating in extension, C3 initially (0-4 ms) rotating in flexion followed by extension, and C4-C7 

rotating in flexion. The head started to rebound 4 ms after impact with the Teflon plate and 

buckling at the upper-to-middle to cervical spine initiated at 5 ms. The rebound occurred mainly 

due to the elastic energy stored in the head upon impact with the relatively high stiffness Teflon 

layer and steel backing plate. The buckling, which was concentrated (in terms of anterior 

displacement) at the C3 vertebra, was accentuated as the head continued to rebound vertically from 

5-10 ms. During the 10-15 ms interval, the head reached its maximum rebound height and started 

translating back towards the impact plate while the cervical spine continued to buckle. The C7-T1 

intervertebral disc experienced avulsion at 15 ms.  
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For GHBMC_Nightingale_failON, the general buckling response entailed C1 and C2 rotating in 

extension, and C3-C7 rotating in flexion. The cervical spine experienced buckling and the head 

started to rebound off the impact plate during the first 5 ms. The cervical buckling was accentuated 

from 5-10 ms as the head continued to rebound vertically away from the Teflon plate, with minimal 

visible displacement and deformation occurring in the middle-to-lower cervical spine (C4-C7). 

With hard tissue failure initiating around 5 ms, the 10 ms image of GHBMC_Nightingale_failON 

showed element erosion focused on the upper-to-middle cervical spine; specifically; the C2 and 

C3 vertebrae. Cervical spine buckling continued as the loading progressed to 15 ms following head 

impact, and the head continued to rebound vertically away from the impact plate as well. The head 

rebounded to a maximum height almost twice that sustained by the head in GHBMC_Nightingale. 

The significant element erosion which occurred at the upper cervical spine of 

GHBMC_Nightingale_failON reduced the axial stiffness of the cervical spine directly inferior to 

the head. As a result, there was more upper cervical spine buckling (quantified through anterior 

displacement) in the GHBMC_Nightingale_failON model than in the GHBMC_Nightingale 

model. The increased buckling in the former did not restrict the vertical motion of the head as 

much as in the latter, therefore the head rebounded with a greater displacement off the impact plate 

in GHBMC_Nightingale_failON. Moreover, due to the significant element erosion that occurred 

at the upper cervical spine resulted in a straighter lower cervical spine with minimal buckling in 

GHBMC_Nightingale_failON. Unlike the prediction in GHBMC_Nightingale, 

GHBMC_Nightingale_failON did not predict disc avulsion at the C7-T1 segment level.  

Kinetic Results 

Figure 4-12 and Figure 4-13 show the head contact force and axial neck compressive force history 

plots, respectively, and Table 4-7 and Table 4-8 summarize the kinetic data obtained from the 

history plots.  
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Figure 4-12: Head contact force history plot including GHBMC_Nightingale, 

GHBMC_Nightingale_failON, and experimental results [Nightingale et al., 1996] 

 

 

Figure 4-13: Axial neck compressive force history plot including GHBMC_Nightingale, 

GHBMC_Nightingale_failON, and experimental results [Nightingale et al., 1996] 
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Table 4-7: Head contact force metrics for GHBMC_Nightingale, GHBMC_Nightingale_failON, 

Nightingale specimens, and Nightingale average response 

 

 

Table 4-8: Axial neck compressive force metrics for GHBMC_Nightingale, 

GHBMC_Nightingale_failON, Nightingale specimens, and Nightingale average response 

 
 

Both GHBMC model configurations had the same slope of the initial head contact force rise time 

(9.4 kN/ms) and initial peak head contact force (15.2 kN). Due to the head rebound that occurred 

in the GHBMC model configurations, the model head contact force traces went to zero after the 

initial peak force was reached. The second peak observed in GHBMC_Nightingale (red curve) 

corresponded to when the head fell back onto the Teflon plate. A second peak in the 

GHBMC_Nightingale_failON head contact force trace was not observed as the head did not make 

second contact with the impact plate within the given loading interval (30 ms).  

The initial peak head contact force corresponding to the models (15.2 kN) was greater than average 

(8.1 kN ± 0.4 kN) experimental results. The slope of the initial head contact force rise time, as 

predicted by the GHBMC model configurations (9.4 kN/ms), was slightly less than the individual 

and average (10.5 kN/ms ± 0.6 kN/ms) experimental results. Head rebound was not observed in 
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the experimental curves as there was a non-zero plateau following the initial peak. Although the 

experimental results did not report whether the experimental specimens rebounded off the plate 

during testing, the kinetic results suggested that rebound did not occur. The similar slopes of the 

initial head contact force rise time between the models and the experiment indicated a similar level 

of stiffness at the impact interfaces. However, the significantly higher initial peak forces associated 

with the models suggested the presence of high elastic energy, which resulted in the model 

noticeably rebounding off the impact plate. 

For the axial neck compressive force history traces of the GHBMC model configurations, the same 

trend was observed: an initial peak, followed by a sharp force decrease, a second force increase, 

and finally a plateau. The mechanics of the cervical spine that defined this trend were identical to 

the mechanics observed in the validation of GHBMC_Saari and was explained in section 3.2. The 

initial peak axial neck force of GHBMC_Nightingale was greater than that of 

GHBMC_Nightingale_failON (2.1 kN > 1.6 kN); however, both models have the same slope of 

the initial neck force rise time (1.6 kN/ms). The rate of force transmission was the same for both 

models until 3 ms following head impact where element erosion initiated at the cortical bone of 

C2 in the GHBMC_Nightingale_failON model. The element erosion at the upper cervical spine of 

that model reduced the axial stiffness of the cervical spine and cut off the load transmission to C7 

where the axial force was measured. As a result, the force decreased in the model following that 

point but continued to increase in GHBMC_Nightingale due to the absence of element erosion. 

Furthermore, the time from head impact to the initial peak axial neck force was expectedly less for 

the GHBMC_Nightingale_failON model due to the lower initial peak force. Both models, 

however, had the same time from head impact to the onset of the neck force rise time as this 

preceded the initiation of element erosion.  

Specimen N26 did not experience any injury, therefore the axial neck compressive force trace 

corresponding to the specimen did not have the same trend compared to specimens N22 and N24, 

and as a result had a noticeably higher initial peak and a greater time from head impact to that 

initial peak. The absence of injury from specimen N26 was important to consider as it increased 

the average experimental results for those metrics. The initial peak axial neck force of the GHBMC 

model configurations (2.1 kN and 1.6 kN) had a good agreement with the average experimental 

value (2.6 kN ± 1.2 kN). The slope of the initial neck force rise time of the models (1.6 kN/ms) 
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had a good agreement with the respective average experimental results (1.5 kN/ms ± 0.5 kN/ms). 

The delay between head impact and the initial rise in peak axial neck force of the models (4.3 ms 

and 3.1 ms) had a good agreement with the average result of all three experimental specimens (5.3 

ms ± 3 ms). Moreover, the delay from head impact to onset of axial neck force load-up of the 

models (1.9 ms) was slightly greater than the average experimental results (1.3 ms ± 0.4 ms). 

Hard Tissue Injury Risk 

Figure 4-14 shows the time of hard tissue failure initiation in GHBMC_Nightingale_failON and 

Table 4-9 shows the location of hard tissue injury (e.g., vertebral body, spinous process, etc.) in 

GHBMC_Nightingale_failON. These hard tissue metrics were not extracted for 

GHBMC_Nightingale because following the onset of first hard tissue injury, the model 

configuration was not a biofidelic representation of vertebral failure progression (Chapter 3). 

 

Figure 4-14: Onset times of hard tissue failure for GHBMC_Nightingale and 

GHBMC_Nightingale_failON 
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Table 4-9: Location of hard tissue failure of GHBMC_Nightingale and 

GHBMC_Nightingale_failON 

 
 

Similar to the analysis for the validation against Saari (section 4.1), the GHBMC model 

configurations had different hard tissue injury progressions because of their failure options, but 

both had the same onset of hard tissue failure at the cortical bone of C2 3.0 ms after head impact. 

Following the onset of hard tissue failure, the GHBMC_Nightingale_failON model predicted 

failure at the cortical bone of C1 (3.0 ms), the trabecular bone of C2 (3.0 ms), the trabecular bone 

of C1 (3.25 ms), the trabecular and cortical bones of C3 (3.5 ms), the cortical bone of C6 (3.75 

ms), the trabecular bone of C4 (6.25 ms), and the cortical bone of C5 (7.25 ms). The 
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GHBMC_Nightingale_failON model predicted earlier hard tissue failure times at the upper 

cervical spine than at the middle-to-lower cervical spine due to the element erosion at the upper 

cervical spine.  

The time corresponding to first hard tissue injury in the models (3.0 ms) was in between the 

reported experimental times to injury (2.2 ms for specimen N24 and 6.5 ms for specimen N22). 

Moreover, keeping the limitations of element erosion in mind, the hard tissue injuries predicted by 

GHBMC_Nightingale_failON were comparable with the reported experimental injuries as the 

experimental specimens predominantly had C1 comminuted fractures as well as C2 pedicle 

fractures (Hangman’s).  

Soft Tissue Injury Risk 

The soft tissue injury metrics that were extracted from the GHBMC model configurations were 

the onset times of ligament failure at all the segment levels (i.e., C1-C2 until C7-T1) and which 

intervertebral discs experienced avulsion at the C2-C3 to C7-T1 segment levels. Figure 4-15 shows 

the onset times of ligament failure, Table 4-10 summarizes the location of ligament failure (i.e., 

which segment level), and Table 4-11 summarizes the location of disc avulsion (i.e. segment level).  

 

Figure 4-15: Onset times of ligament failure at every segment level for GHBMC_Nightingale and 

GHBMC_Nightingale_failON 
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Table 4-10: Location of ligament failure of GHBMC_Nightingale and GHBMC_Nightingale_failON 

 

 

Table 4-11: Location of disc failure (avulsion) of GHBMC_Nightingale and 

GHBMC_Nightingale_failON 

 
 

Similar to hard tissue injury, the sequence of soft tissue injury was different for each of the two 

model configurations due to the differing failure options embedded. However, both model 

configurations experienced the first ligament failure at the C7-T1 segment level, with 
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GHBMC_Nightingale predicting an earlier failure time (e.g., 5 ms < 6.5 ms). The 

GHBMC_Nightingale_failON model predicted a later ligament failure time for the C7-T1 segment 

level because of the lower load transmission to the lower cervical spine due to the significant 

element erosion at the upper cervical spine (specifically C2). Therefore, the C7-T1 segment level 

was more intact in that model and disc avulsion was not predicted. Moreover, the model also 

predicted a later ligament failure time at the C6-C7 segment level (lower cervical spine) for the 

same aforementioned reason. The model did not predict ligament failure at the C3-C4 to C5-C6 

segment levels. However, due to the element erosion at the upper cervical spine, the model 

predicted ligament failure at the C1-C2 segment level. The GHBMC_Nightingale model, on the 

other hand, predicted ligament failure at all segment levels except for C1-C2. The model predicted 

ALL rupture at the C2-C3 to C5-C6 segment levels, and ISL rupture at the C6-C7 and C7-T1 

segment levels. Additionally, the model predicted CL rupture at the C2-C3 and C3-C4 segment 

levels. The cervical spine mechanism responsible for ALL rupture was explained in 

GHBMC_Saari (section 3.3): when considering two adjacent vertebrae (e.g., C3 and C4), ALL 

rupture occurred either when the superior vertebra rotated with more flexion than the inferior 

vertebra (C3-C4 to C5-C6), or when the superior vertebra rotated in extension while the inferior 

one rotated in flexion (C2-C3). These relative motions acted to increase the anterior gap between 

the adjacent vertebral bodies, thereby imposing tension on the ALL and rupturing them once the 

critical tension value was reached. Alternatively, also when considering two adjacent vertebrae, 

ISL rupture occurred when the opposite motions took place. For example, ISL rupture occurred at 

the C6-C7 segment level because C6 (the superior vertebra) had more flexion rotation than C7 (the 

inferior vertebra); at 10 ms, C6 rotated 28° while C7 rotated 15°. ISL rupture occurred at the C7-

T1 segment level of both models because C7 rotated in flexion and T1 did not rotate in flexion or 

extension (due to the imposed boundary condition). 

Summary of Results and Discussion for Validation Against Nightingale 

The GHBMC model configurations exhibited head rebound during HFI loading. The head in 

GHBMC_Nightingale_failON experienced greater rebound off the impact plate because of the 

significant element erosion that occurred at the C2 vertebra. The element erosion in 

GHBMC_Nightingale_failON reduced the axial stiffness of the upper-to-middle cervical spine, 

thereby increasing the extension rotation of C1 and C2 (relative to GHBMC_Nightingale) and 
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providing greater translational freedom for the head to rebound off the impact plate. Unlike the 

analysis for GHBMC_Saari (section 4.1), head rebound was not eliminated from 

GHBMC_Nightingale because the Nightingale impact interface details (unembalmed head with 

flesh and a 3 mm Teflon impact surface) were completely modelled and represented in 

GHBMC_Nightingale. 

The element erosion reduced axial force transmission to the lower cervical spine, and as a result 

the lower cervical spine registered a lower initial peak axial force, exhibited less deformation, and 

sustained fewer hard and soft tissue injuries. For the comparison of the model and experimental 

axial neck compressive force history plots, there was a good agreement between the initial peak 

axial force, the slope of the initial neck force rise time, and the time from head impact to the initial 

peak axial neck force. The time from head impact to the onset of neck force rise time corresponding 

to the models was greater than the respective experimental values. It should be noted that the 

experimental values that were considered for analysis and comparison were those corresponding 

to specimens N22 and N24; specimen N26 did not experience injury and as a result did not exhibit 

a similar trend in the axial neck compressive force. For the head contact force history plots, there 

was good agreement between the models and the experimental values in terms of the slope of the 

initial head contact force rise time. The initial peak head contact force of the models, however, 

was significantly greater than the experimental values. The greater peak head contact force 

corresponding to the models indicated higher elastic energy at the interface in the models. 

Moreover, due to the head rebound that occurred in the models and not in the experiments, the 

model kinetic response was different than the experimental kinetic response as the model head 

contact force trace went to zero following head impact as the head rebounded off the impact plate.  

There was good agreement between the models and the experiment in terms of hard tissue injury 

because the models predicted the onset of first hard tissue injury to be 3 ms, which was between 

the reported experimental times of 2.2 ms and 6.5 ms. Furthermore, the 

GHBMC_Nightingale_failON model predicted C1 and C2 fracture as well as Hangman’s fracture 

as sustained in the experimental specimens. Soft tissue injuries were not reported in the 

experimental results, and both models had different predicted outcomes. The 

GHBMC_Nightingale_failON model had less middle-to-lower cervical spine ligament failure (due 
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to the element erosion at the upper cervical spine) and did not predict disc avulsion at the C7-T1 

segment level as was the case for the GHBMC_Nightingale model. 

4.3 Sensitivity Study Results of Head-First Impact Parameters 

All the sensitivity study simulations were run with hard tissue failure turned off. The absence of 

element erosion in the failure off option (upper bound of bone fracture prediction) did not 

significantly affect the kinematics of the cervical spine during the time interval of interest (0-7 

ms). However, the failure off option could not be used to predict hard tissue failure after the first 

element (trabecular or cortical) reached the respective failure effective plastic strain value. 

Alternatively with upper cervical spine element erosion in the failure on option (lower bound of 

bone injury prediction), the kinematic response of the cervical spine was affected such that the 

middle-to-lower cervical spine remained relatively intact, and experienced less anterior 

displacement and sustained fewer soft tissue injuries following the onset of hard tissue injury. 

Given the importance of the kinematic results in analyzing the kinetic results and hard and soft 

tissue injury outcomes, the hard tissue failure off option was implemented in the sensitivity study 

simulations. 

Similar to the analysis presented in the model validation, the HFI progressions, kinematic, kinetic, 

and injury results were extracted from all the sensitivity study simulations in addition to the 

baseline model. As previously discussed, the kinematic results described and quantified the 

buckling behaviour of the cervical spine, and the kinetic results described the head contact and 

axial neck compressive force vs. time response of the models. Given that failure was turned off for 

the simulations, hard tissue failure prediction following the onset of injury was not presented as 

the failure option is not a biofidelic representation of injury progression post the first occurrence 

of fracture. As a result, the hard tissue injury results entailed identifying the vertebra, bone type, 

and vertebral region where injury first occurred (e.g., dens of cortical bone of C2), and presenting 

the effective plastic strain contours of that vertebra at the onset of hard tissue injury. Soft tissue 

injury results entailed identifying which ligaments failed and discs avulsed (e.g., ALL rupture at 

C3-C4 segment level). 
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4.3.1 Initial Cervical Spine Curvature: Results and Discussion 

HFI Progression 

The HFI progressions from 0-15 ms, depicted through the mid-sagittal view of the head and 

cervical spine impacting the plate, for the baseline, Posture2_C7_20°, Posture3_C7_25ׄ°, and 

Posture4_C7_30° models are shown in Figure 4-16 Figure 4-19, respectively. 

 

Figure 4-16: HFI progression from 0-15 ms of Baseline model with buckling transition point (C3) 

circled in red 

 

 

Figure 4-17: HFI progression from 0-15 ms of Posture2_C7_20° model with buckling transition 

point (C3) circled in red 
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Figure 4-18: HFI progression from 0-15 ms of Posture3_C7_25° model with buckling transition 

point (C3) circled in red 

 

 

Figure 4-19: HFI progression from 0-15 ms of Posture4_C7_30° model with buckling transition 

point (C3) circled in red 

 

The HFI progression of the baseline model (also Figure 4-3) showed that from 0-5 ms, the cervical 

spine experienced little to no deformation while the head plastically deformed the leather-wood 

layer in the vertical direction. The other GHBMC model configurations experienced minimal 

cervical spine deformation as well as plastic deformation of the leather-wood layer. During the 

time interval of 5-10 ms, cervical spine buckling, concentrated at the C3 vertebra in terms of 

anterior displacement, was observed as the head was restricted by the leather-wood layer for all 

model configurations. During the 10-15 ms time interval, cervical spine buckling continued and 

relative deformation at the C7-T1 segment level was observed. All models demonstrated the same 

general kinematic cervical spine response: C1-C3 rotated in extension (with C3 initially, but very 
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briefly, rotating in flexion followed by extension), and C4-C7 rotated in flexion. Increasing the 

cervical spine curvature had no visual (qualitative) effect on the general kinematic response of the 

cervical spine throughout HFI loading.  

Kinematic Results 

As previously discussed in section 4.1, the cervical spine of the baseline model experienced 

negligible anterior displacement during the first 4 ms. The other model configurations also 

experienced a similar initial response. Moreover, the majority of the buckling occurred during the 

last 3 ms of loading (i.e., 4-7 ms) for all models. Increasing the cervical spine curvature had a 

negligible effect on the overall buckling response of the cervical spine; all models exhibited 

relatively similar buckling throughout the 7 ms of loading (buckling parameter increased by 15.7% 

for all models). Increasing the cervical spine curvature did not significantly affect the kinematic 

response because the cervical spine curvature change was more concentrated at the lower cervical 

spine (i.e., varying the C7 angle) and therefore the overall cervical spine kinematic response was 

unaffected by the change in curvature.  

Kinetic Results 

Figure 4-20 and Figure 4-21 show the head contact force and axial compressive neck force 

histories, respectively. Table 4-12 summarizes the axial compressive neck force metrics obtained 

from the axial neck force history plots.  
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Figure 4-20: Head contact force history plots of the baseline, Posture2_C7_20°, Posture3_C7_25°, 

Posture4_C7_30° models 

 

 

Figure 4-21: Axial neck compressive force history plots of baseline, Posture2_C7_20°, 

Posture3_C7_25°, Posture4_C7_30° models 
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Table 4-12: Axial neck compressive force metrics for the baseline, Posture2_C7_20°, 

Posture3_C7_25°, and Posture4_C7_30° models 

 
 

The initial cervical spine posture had no effect on the initial peak head contact force nor on the 

slope of the initial head contact force rise time. However, the head rebound (corresponding to the 

period where the head contact force is 0 kN) time period increased as the cervical spine curvature 

increased. The head rebound period increased because as the curvature increased, the axial force 

from the cervical spine (particularly T1 where the effective torso mass is) to the head decreased. 

The reduced axial force associated with the higher cervical curvature imposed less compression 

on the head; therefore, the head rebound increased. 

As the cervical spine curvature increased, the initial peak axial force decreased. The slope of the 

initial neck force rise time of all the GHBMC model configurations (0.5 kN/ms) was unaffected 

by the change in cervical spine curvature. The decrease in the initial peak axial force was 

associated with the relatively lower axial stiffness at the lower cervical spine. The stiffness was 

reduced because of the increased curvature, which in turn increased the lateral (x) component of 

the force at C7 and reduced the axial component. The slope of the initial neck force rise time was 

unaffected because the change in curvature at the upper-to-middle cervical spine was minimal, 

thereby not impeding or influencing the rate of axial load transfer to C7. The time from head 

impact to initial peak axial neck force of the GHBMC model configurations generally decreased 

as the cervical spine curvature increased. The times corresponding to the baseline model and 

Posture2_C7_20° model were equal (5.6 ms), and the same was true for the Posture3_C7_25° and 

Posture4_C7_30° models (5.3 ms). The time from head impact to neck force rise time of the 

GHBMC model configurations increased as the cervical spine curvature increased. The delay 

increased because of the reduced rate of axial load transmission to the lower cervical spine due to 

the reduced axial stiffness associated with the higher curvatures. Finally, the same trend was 

observed in the axial neck compressive force history plots of all the GHBMC model 

configurations. The trend involved an increase in force until the initial peak axial neck force, 
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followed by a sharp force decrease, a sharp force increase, and finally a plateau around 1.5 kN. 

This trend was previously explained in section 4.1. 

Hard Tissue Injury Risk 

The onset of failure for all GHBMC model configurations, including the baseline model, was at 

the cortical bone of C2 located at the tip of the dens. Hard tissue injury initiated at the tip of the 

dens due to the impact between the tip and base of the skull resulting from the early extension 

rotation of C2. This is an artifact of the model as this injury has not been reported in 

epidemiological studies. Figure 4-22 shows the effective plastic strain fringe plots of the cortical 

bone of C2 at the onset of injury of all model configurations alongside the baseline model for 

reference. 

 

Figure 4-22: Effective plastic strain fringe plots (superior view) of Baseline, Posture2_C7_20°, 

Posture3_C7_25°, and Posture4_C7_30° models 

 

As the C7 angle increased, the onset of hard tissue injury was delayed. Hard tissue injury was 

delayed due to the reduced axial load associated with the higher cervical spine curvature (Figure 

4-21). The injury location (i.e., tip of the dens of the cortical bone of C2) was not affected by the 

increased cervical spine curvature because the increased curvature was primarily concentrated at 

the lower cervical spine (e.g., C7). 

Soft Tissue Injury Risk 

Figure 4-23 shows the times corresponding to ligament failure initiation for the models as the 

cervical spine curvature was increased, and Table 4-13 outlines the location of ligament failure in 

addition to which ligaments failed. 
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Figure 4-23: Onset times of ligament failure at every segment level for baseline, Posture 

Posture2_C7_20°, Posture3_C7_25°, and Posture4_C7_30° models 

 

Table 4-13: Location of ligament failure of baseline, Posture2_C7_20°, Posture3_C7_25°, and 

Posture4_C7_30° models 

 
 

As the cervical spine curvature increased, the ligament failure initiation time increased at the C2-

C3, C3-C4, C4-C5, and C7-T1 segment levels. Additionally, the models with the highest 

curvatures (Posture3_C7_25ׄ° and Posture4_C7_30°) did not predict injury at the C5-C6 segment 

level. The Posture3_C7_25° model was the only one that predicted ligament failure (ISL) at the 

C1-C2 segment level. ISL failure was predicted at that segment level because the relative extension 
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rotation between C1 and C2 was the greatest in that model. Similarly, the Posture4_C7_30° model 

was the only one that predicted ligament failure (ISL) at the C6-C7 segment level. For the segment 

levels where all of the models predicted ligament failure, the delayed onset of soft tissue injury 

was due to the reduced axial stiffness associated with the greater curvature, which led to a 

decreased axial force and level of injury. However, all of the models predicted the same ligaments 

(ALL, PLL, ISL, CL, and LF) to fail at these segment levels (C2-C3 to C4-C5, and C7-T1). 

Additionally, all models predicted disc avulsion at the C7-T1 segment level. 

Summary of Results and Discussion for Cervical Spine Curvature Variation 

As the cervical spine curvature increased, the buckling response (as quantified by anterior 

displacement and the buckling parameter) was not affected; all models experienced negligible 

cervical deformation during the first 4 ms of loading and exhibited buckling during the 4-7 ms 

interval. Moreover, the increased cervical spine curvature had no effect on the initial peak head 

contact force and the slope of the initial head contact force rise time. However, the head rebound 

period (associated with when the head contact force was zero following the initial peak) increased 

as the cervical spine curvature increased. The head rebound increased because of the increased 

translational freedom the head experienced as a result of the increased curvature. The increased 

curvature meant that the vertebrae were more anterior, which allowed the head to rebound more 

in the inferior direction. Moreover, due to the increased cervical spine curvature, the initial peak 

axial neck force decreased. The axial neck force decreased due to the reduced axial stiffness of the 

lower cervical spine associated with the increased curvature. The reduced axial load associated 

with the higher cervical spine curvature delayed the onset of hard and soft tissue injury in the 

vertebrae. 

4.3.2 Impact Velocity: Results and Discussion 

HFI Progression 

The HFI progressions from 0-15 ms, depicted through the mid-sagittal view of the head and 

cervical spine impacting the plate, for the Impact_velocity_1m/s, Impact_velocity_2m/s, 

Impact_velocity_4m/s, and Impact_velocity_5m/s models are shown in Figure 4-24 -Figure 4-27, 

respectively. 
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Figure 4-24: HFI progression from 0-15 ms of Impact_velocity_1m/s model 

 

 

Figure 4-25: HFI progression from 0-15 ms of Impact_velocity_2m/s model with buckling transition 

point (C3) circled in red 
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Figure 4-26: HFI progression from 0-15 ms of Impact_velocity_4m/s model with s-shape buckling 

mode circled in orange and buckling transition point (C4) circled in red 

 

 

Figure 4-27: HFI progression from 0-15 ms of Impact_velocity_5m/s model with s-shape buckling 

mode circled in orange and buckling transition point (C4) circled in red 

 

As the impact velocity increased, the buckling (e.g., anterior displacement) of the cervical spine 

and the plastic deformation of the leather-wood layer increased. When the impact velocity was 1 

m/s (e.g., Impact_velocity_1m/s), the cervical spine experienced very minimal anterior 

displacement around the C3 vertebra. When the impact velocity was increased to 2 m/s, the 

cervical spine buckling became visually more noticeable around the C3-C4 segment level 10 ms 

after head impact. The HFI progression of the baseline model, with an impact velocity of 2.75 m/s, 

has been described in subsection 4.3.1. When the impact velocity was 4 m/s, the buckling mode 

observed 5 ms after head impact resembled an s-shape with the C4 vertebra being displaced 
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relatively more posterior. The buckling at 10 ms was more pronounced, and the C7-T1 disc 

experienced avulsion at 15 ms. The highest impact velocity of 5 m/s resulted in more cervical spine 

buckling, and earlier disc avulsion (10 ms instead of 15 ms). 

Kinematic Results 

Figure 4-28 shows the cervical spine sagittal traces from 0 ms to 7 ms for all GHBMC model 

configurations along with the corresponding buckling parameters. Table 4-14 indicates the 

buckling parameter increase throughout the first 7 ms of loading for the models. 
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Figure 4-28: Cervical spine sagittal kinematic plots from 0 ms to 7 ms of Baseline, 

Impact_velocity_1m/s, Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s 

models 
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Table 4-14: Buckling parameter increase throughout the first 7 ms of loading for baseline, 

Impact_velocity_1m/s, Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s 

models 

 
 

During the first 2 ms after head impact, all GHBMC model configurations experienced no 

deformation or buckling. During the first 3 ms after head impact, only the Impact_velocity_5m/s 

model started to buckle due to the higher energy; the rest of the models still experienced no 

deformation. As the impact velocity increased, the cervical spine buckling experienced more 

deformation and buckling. As the impact velocity increased, there was an increase in the average 

of the buckling parameter increases. The increase in impact velocity also increased the value of 

the greatest buckling parameter increase. Moreover, the time interval corresponding to the greatest 

buckling parameter increased changed from 6-7 ms to 5-6 ms for the higher impact velocity models 

(Impact_velocity_4m/s and Impact_velocity_5m/s). For the Impact_velocity_1m/s model, the C1-

C2 vertebrae rotated in extension, the C3 vertebra rotated in flexion for the first 7 ms after head 

impact followed by extension, and the C4-C7 vertebrae rotated in flexion. For the rest of the 

models, the C1-C3 vertebrae rotated in extension while the C4-C7 vertebrae rotated in flexion. 

Kinetic Results 

Figure 4-29 and Figure 4-30 show the head contact force history and axial neck compressive force 

history, respectively. Table 4-15 and Table 4-16 summarize head contact force and axial neck 

compressive metrics extracted from the aforementioned plots.  
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Figure 4-29: Head contact force history plots of baseline, Impact_velocity_1m/s, 

Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s models 

 

 

Figure 4-30: Axial neck compressive force history plots of baseline, Impact_velocity_1m/s, 

Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s models 
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Table 4-15: Head contact force metrics of baseline, Impact_velocity_1m/s, Impact_velocity_2m/s, 

Impact_velocity_4m/s, and Impact_velocity_5m/s models 

 

 

Table 4-16: Axial neck compressive force metrics of baseline, Impact_velocity_1m/s, 

Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s models 

 
 

As the impact velocity increased, the initial peak contact force decreased, and the time of head 

rebound (associated with when the head contact force reaches 0 kN) decreased. The head rebound 

period decreased because as the impact velocity increased, the plastic deformation of the leather-

wood layer (from the impact of the head) increased due to the higher energy. The increased plastic 

deformation meant the head translated more into the layer and had more material surrounding it, 

which impeded and restricted the translation even more. The trend of the plots, however, remained 

the same for all impact velocities: a peak followed by a plateau around 2 kN. Moreover, when the 

impact velocity increased, the slope of the initial head contact force rise time increased. The slope 

increased due to the higher impact energy, which transmitted the load at a higher rate.  

The trends observed in the axial neck compressive force history plots were similar for all the 

models except for Impact_velocity_1m/s: an initial peak, followed by a sharp force decrease, a 

force increase, and a plateau around 1.75 kN. The Impact_velocity_1m/s model showed a trend, 

which involved a slow force increase followed by a plateau at 1.25 kN. The slow force increase 

was because the cervical spine of the Impact_velocity_1m/s model experienced the least buckling, 

thereby not influencing the axial force transmission across the cervical spine. As the impact 
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velocity increased the initial peak axial force decreased, and the slope of initial neck force rise 

time increased. Furthermore, when the impact velocity increased, the time from head impact to 

initial peak axial neck force and the time from head to neck force rise time both decreased due to 

the higher impact energy. 

Hard Tissue Injury Risk 

The onset of failure for all GHBMC model configurations was at the cortical bone of C2 located 

at the tip of the dens. As previously discussed (subsection 4.3.1), the tip of the dens experienced 

failure due to the impact with the base of the skull. Figure 4-31 shows the effective plastic strain 

fringe plots of the cortical bone of C2 at the onset of injury of all model configurations alongside 

the baseline model for reference.  

 

Figure 4-31: Effective plastic strain fringe plots (superior view) of Baseline, Impact_velocity_1m/s, 

Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s models 

 

As the impact velocity increased, the onset of hard tissue injury was delayed. The delay was due 

to the reduced axial load associated with the decreased velocity and energy. The injury location 

(i.e., tip of the dens of the cortical bone of C2) was not affected by the increased impact velocity; 

however, the elements generally experienced greater effective plastic strains (indicated by the 

bigger red and blue zones in the strain plots).  

Soft Tissue Injury Risk 

Figure 4-32 shows the failure onset time of ligaments at all segment levels, Table 4-17 outlines 

which ligaments failed at each segment level, and Table 4-18 outlines the occurrence of disc 

avulsion at the C2-C3 to C7-T1 segment levels. 
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Figure 4-32: Onset times of ligament failure at every segment level for baseline, 

Impact_velocity_1m/s, Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s 

models 

 

Table 4-17: Location of ligament failure at every segment level for baseline, Impact_velocity_1m/s, 

Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s models 
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Table 4-18: Location of disc avulsion at C2-C3 to C7-T1 segment levels of baseline, 

Impact_velocity_1m/s, Impact_velocity_2m/s, Impact_velocity_4m/s, and Impact_velocity_5m/s 

models 

 
 

As the impact velocity increased, the onset times of ligament failure increased. Relative to the 

baseline model (which predicted ligament failure at all segment levels except for C1-C2 and C6-

C7), the higher impact velocity models predicted ligament failure at all segment levels. Moreover, 

the ligaments predicted to fail in the baseline, Impact_velocity_4m/s, and Impact_velocity_5m/s 

models were mostly the same. For the C1-C2 segment level, the Impact_velocity_4m/s and 

Impact_velocity_5m/s models were the only ones that predicted ligament failure (ISL). For the 

C2-C3 segment level, the three models predicted CL failure and the Impact_velocity_5m/s model 

also predicted ALL failure. For the C3-C4 to C5-C6 segment levels, the three models had the same 

ligament failure predictions. For the C6-C7 segment level, the baseline model did not predict 

ligament failure, the Impact_velocity_4m/s model predicted only ALL failure, and the 

Impact_velocity_5m/s predicted ALL and ISL failures. The same ligament failure prediction was 

observed at the C7-T1 segment level for the baseline, Impact_velocity_4m/s, and 

Impact_velocity_5m/s models. Moreover, the three aforementioned models all sustained disc 

avulsion at the C7-T1 segment level. Alternatively, the lower impact velocity models predicted 

ligament failure at less segment levels. The Impact_velocity_2m/s model predicted ligament 

failure only at the C2-C3, C3-C4, and C7-T1 segment levels, and the Impact_velocity_1m/s model 

predicted ligament failure only at the C7-T1 segment level. None of the two lower impact velocity 

models predicted ligament failure at the C1-C2 segment level. The ligament failure predictions 

were the same for the C2-C3 (CL) and C3-C4 (ALL and CL) segment levels in the baseline and 
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Impact_velocity_2m/s models; the Impact_velocity_1m/s model did not predict ligament failure 

at those levels. 

Summary of Results and Discussion for Impact Velocity Variation 

As the impact velocity increased, the cervical spine exhibited more deformation and buckling 

throughout the loading and the leather-wood layer experienced greater plastic deformation due to 

the higher energy. The increase in impact velocity also led to a decrease in the head rebound period 

because the head translated more into the leather-wood layer due to the higher energy. Moreover, 

the initial peak head contact force and initial peak axial neck force both increased. Due to the 

increased load and deformation of the cervical spine, more hard and soft tissue injuries were 

sustained with relatively faster onset times of first hard and soft tissue injury occurrence. 

4.3.3 Anteroposterior Impact Plate Angle: Results and Discussion 

HFI Progression 

Figure 4-33 and Figure 4-34 show the HFI progressions of the Plate_AP_15° and Plate_AP_-15° 

models, respectively. During the first 5 ms, the cervical spine in both models experienced minimal 

deformation and buckling. Noticeable buckling occurred between 5 ms and 10 ms for both models 

as well as the baseline model (Figure 4-3). The head in the Plate_AP_15° model slightly rotated 

in flexion (4.3° after 15 ms), and the head in Plate_AP_-15° slightly rotated in extension (6.2° after 

15 ms). For the Plate_AP_15° model, the C1-C3 vertebrae rotated in extension, while the C4-C7 

vertebrae rotated in flexion. For the Plate_AP_-15° mode, the C1 and C2 vertebrae rotated in 

extension, while the C3-C7 vertebrae rotated in flexion. 
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Figure 4-33: HFI progression from 0-15 ms of Plate_AP_15° with buckling transition point (C4) 

circled in red 

 

 

Figure 4-34: HFI progression from 0-15 ms of Plate_AP_-15° with buckling transition point (C3) 

circled in red 

 

Kinematic Results 

Figure 4-35 shows the kinematic plots from 0-7 ms of all the GHBMC model configurations along 

with their corresponding buckling parameters. The buckling parameter increases throughout the 

first 7 ms of loading were extracted from the kinematic plots and are summarized in Table 4-19.  
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Figure 4-35: Cervical spine sagittal kinematic plots from 0 ms to 7 ms of Baseline, Plate_AP_15°, 

and Plate_AP_-15° models 
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Table 4-19: Buckling parameter increase throughout the first 7 ms of loading for baseline, 

Plate_AP_15°, and Plate_AP_-15° models 

 
 

During the first 4 ms, all three models experienced minimal cervical spine buckling (as was 

visually observed through HFI progression). During the 4-7 ms interval, the Plate_AP_15° model 

exhibited the least buckling while the other two models exhibited nearly similar levels of buckling. 

The difference in buckling was attributed to the rotation of the head and upper cervical spine, in 

addition to the anterior velocity of C3 (buckling transition point). The head in the Plate_AP_15° 

model rotated in flexion, which opposed the extension rotation of the upper cervical spine (C1 and 

C2). As a result, the C1 vertebra rotated in extension less than the baseline and Plate_AP_-15° 

models during the 7 ms interval and the anterior velocity of C3 in Plate_AP_15° was less than the 

other models as well. Therefore, due to the head opposing the direction of rotation of the upper 

cervical spine (which initiated the buckling), the overall buckling was less in Plate_AP_15°.  

Kinetic Results 

The head contact force Figure 4-36 and axial neck compressive force histories Figure 4-37 were 

extracted from the models, respectively. Table 4-20 and Table 4-21 summarize head contact force 

and axial neck compressive force metrics extracted from the aforementioned plots, respectively.  
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Figure 4-36: Head contact force history plots of baseline, Plate_AP_15°, Plate_AP_-15° models 

 

 

Figure 4-37: Axial neck compressive force history plots of baseline, Plate_AP_15°, Plate_AP_-15° 

models 
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Table 4-20: Head contact force metrics of baseline, Plate_AP_15°, and Plate_AP_-15° models 

 

 

Table 4-21: Axial neck compressive force metrics of baseline, Plate_AP_15°, and Plate_AP_-15° 

models 

 

 

The trend observed in the head contact force history plots for the three models was the same: a 

force rise time leading to an initial peak, followed by a force decrease and a plateau around 1.5 

kN. When the impact plate was rotated 15° (i.e., Plate_AP_15°), the initial peak force was slightly 

lower relative to the baseline model (e.g., 5.7 kN < 5.9 kN). However, the slope of the initial head 

contact force rise time was the same for those two models. The slope was the same because both 

models experienced similar head vertical displacement into the leather-wood layer (5.5 mm). 

When the impact plate was rotated -15ׄ° (i.e., Plate_AP_-15°), the initial peak force was the lowest 

out of the three models (e.g., 5.0 kN < 5.7 kN < 5.9 kN). The slope of the initial head contact force 

rise time also decreased (e.g., 1.7 kN/ms < 2.1 kN/ms). The decrease in force and slope were 

associated with the greater vertical displacement into the leather-wood layer that resulted in more 

plastic deformation. Moreover, due to that increased displacement into the layer, the head rebound 

period of Plate_AP_-15° was less than that corresponding to the baseline and Plate_AP_15° 

models.  

The trend observed in the axial neck compressive force history plots was the same for all three 

models. Changing the AP angle of the impact plate did not have a significant effect on the axial 

neck force metrics. However, the initial peak axial neck force corresponding to the Plate_AP_15° 

model was slightly less than the other models. Due to the reduced extension rotation of C1 in 
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Plate_AP_15°, the C2 vertebra extension rotation increased (relative to the two other models). The 

rotation increased because the odontoid (which was in contact with the anterior arch of C1) 

experienced less extension, which led to slightly more C2 extension. This increased rotation caused 

slightly more middle-cervical spine flexion rotation, which reduced the axial force component at 

C7 where the force was measured. 

Hard Tissue Injury Risk 

The onset of failure for all GHBMC model configurations was at the cortical bone of C2 located 

at the tip of the dens. Figure 4-38 shows the effective plastic strain fringe plots of the cortical bone 

of C2 with the time corresponding to the onset of hard tissue injury of all the model configurations. 

 

Figure 4-38: Effective plastic strain fringe plots (superior view) of Baseline, Plate_angle_15°, and 

Plate_angle_-15° models 

 

As the AP angle of the impact plate increased from -15° to 0° the onset of hard tissue injury was 

delayed. However, increasing the angle from 0° to 15° did not affect the onset of hard tissue injury. 

The Plate_AP_-15° model predicted a relatively delayed onset of hard tissue injury because the 

head and upper cervical spine rotated more in extension, which slightly alleviated the load at the 

upper cervical spine and resulted in a minimal delay of the onset of injury. The injury location 

(i.e., tip of the dens of the cortical bone of C2) was not affected by the increased AP plate angle 

because, despite the change in AP orientation of the plate, the general kinematic and buckling 

response of the cervical spine (C1-C3 rotated in extension, C3 transition point, and C4-C7 rotated 

in flexion) was not affected. 
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Soft Tissue Injury Risk 

Figure 4-39 shows the onset time of ligament failure for segment levels of the three models, and 

Table 4-22 identifies which ligaments failed at every segment level. 

 

Figure 4-39: Onset times of ligament failure at every segment level for baseline, Plate_AP_15°, and 

Plate_AP_-15° models 

 

Table 4-22: Location of ligament failure at every segment level for baseline, Plate_AP_15°, and 

Plate_AP_-15° models 
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The time of ligament failure predicted in the three models at the C7-T1 segment level (the first 

level that experienced ligament failure) very slightly increased in the Plate_AP_15° and 

Plate_AP_-15° models relative to the baseline model (7.5 ms vs. 7.25 ms). However, the ligaments 

that failed at that level were the same for all three models. The Plate_AP_15° model was the only 

one that did not predict disc avulsion at the C7-T1 segment level. Disc avulsion was not observed 

because the model mainly predicted upper cervical spine soft (and hard) tissue failure (e.g., it was 

the only one to predict ISL failure at the C1-C2 segment level). ISL failure at the C1-C2 segment 

level was predicted due to the head rotating in flexion, opposite to the direction of rotation of the 

upper cervical spine. As a result of that relative rotation, higher strains could have been imposed 

at the upper cervical spine, thereby subjecting it to more hard and soft tissue injury. For the C3-

C4 segment level (which experienced ligament failure right after the C7-T1 segment level), the 

baseline and Plate_AP_15° models had the same onset time of ligament failure (10.75 ms) whereas 

the Plate_AP_-15° model had a slightly delayed time relative to the two other models (11.5 ms). 

Moreover, the Plate_AP_-15° model predicted only ALL failure whereas the other two models 

(baseline and Plate_AP_15°) predicted ALL and CL failure at the C3-C4 segment level. All three 

models predicted ligament failure (CL) at the C2-C3 segment level, with the Plate_AP_15° and 

Plate_AP_-15° models delaying the onset time of ligament failure (15.5 ms) relative to the baseline 

model (13.5 ms). For the C4-C5 segment level, only the baseline and Plate_AP_-15° models 

predicted ligament failure (ALL), wit the latter delaying the onset time of ligament failure relative 

to the baseline (20.5 ms > 17 ms). Finally, none of the three models predicted ligament failure at 

the C6-C7 segment level. Overall, the Plate_AP_15° and Plate_AP_-15° models predicted less 

soft tissue injury across all segment levels relative the baseline model. 

Summary of Results and Discussion for AP Plate Angle Variation 

It was found that the direction of rotation of the head influences the response of the cervical spine 

throughout loading. In the Plate_AP_15° model, the head rotated in flexion, and in the Plate_AP_-

15° model it rotated in extension. The cervical spine in the Plate_AP_15° model exhibited the least 

overall buckling due to the head rotating in a direction opposite to the extension rotation of the 

upper cervical spine, which initiated the buckling. The cervical spine of the baseline and 

Plate_AP_-15° models exhibited similar overall buckling. The reduced buckling predicted in 

Plate_AP_15° resulted in a slightly lower initial peak axial force; the other two models having 
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similar values for the peak axial force. The plot trend, however, was the same for all three models. 

The Plate_AP_-15° had the lowest initial peak head contact force due to the greater head vertical 

displacement into the leather-wood layer, which resulted in more plastic deformation and a shorter 

head rebound period. Due to the relatively greater extension rotation of the head and upper cervical 

spine in Plate_AP_-15°, the load was slightly alleviated at the upper cervical spine and as a result 

the onset of injury was delayed relative to the other models (baseline and Plate_AP_15°). The 

Plate_AP_15° and Plate_AP_-15° models delayed the onset of ligament rupture but did not affect 

the occurrence of disc avulsion. 

4.3.4 Lateral Impact Plate Angle: Results and Discussion 

HFI Progression 

Figure 4-40 and Figure 4-41 show the sagittal view of the HFI progressions from 0-15 ms (at 5 ms 

intervals) of the Plate_lateral_15° and Plate_lateral_30° models, respectively. Additionally, Figure 

4-42 and Figure 4-43 show the frontal views of the aforementioned HFI progressions.  

 

Figure 4-40: Sagittal view of the HFI progression from 0-15 ms of the Plate_lateral_15° model with 

buckling transition point (C3) circled in red 
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Figure 4-41: Sagittal view of the HFI progression from 0-15 ms of the Plate_lateral_30° model with 

buckling transition point (C3) circled in red 

 

 

Figure 4-42: Frontal view of the HFI progression from 0-15 ms of the Plate_lateral_15° model with 

lateral offset between T1 and head vertex (circled in red) illustrated in 15 ms image 
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Figure 4-43: Frontal view of the HFI progression from 0-15 ms of the Plate_lateral_30° model with 

lateral offset between T1 and head vertex (circled in red) illustrated in 15 ms image 

 

The sagittal view of the HFI progression of the Plate_lateral_15° model was similar to that of the 

baseline model: the cervical spine experienced minimal deformation and buckling during the first 

5 ms while the head plastically deformed the leather-wood surface. The cervical spine experienced 

buckling during the 5-10 ms and 10-15 ms intervals, while the head remained relatively stationary 

as it deformed the leather-wood layer. The frontal view of the Plate_lateral_15° model indicated 

that the head slightly rotated counterclockwise during the 10-15 ms interval. As a result, there was 

a lateral offset between the T1 vertebra and the head. The sagittal view of the HFI progression of 

the Plate_lateral_30° model demonstrated the same behaviour as observed in the other two models; 

however, the overall cervical spine buckling was less relative to the two other models. The frontal 

view of the HFI progression of the Plate_lateral_30° model demonstrated more counterclockwise 

head rotation due to the steeper incline of the impact plate. As a result, there was more lateral offset 

between the T1 vertebra and the head. Moreover, the cervical spine experienced axial rotation and 

lateral bending in the Plate_lateral_15° and Plate_lateral_30° models. In fact, the lateral angle of 

the impact plate was the only parameter where cervical spine rotation in planes other than the 

sagittal plane was observed. 

Kinematic Results 

Figure 4-44 shows the kinematic cervical spine plots from 0-7 ms of the three models overlaid on 

the same graph. Table 4-23 summarizes the extracted buckling parameter increases throughout the 

first 7 ms of loading.  
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Figure 4-44: Cervical spine sagittal kinematic plots from 0 ms to 7 ms of baseline, Plate_lateral_15°, 

and Plate_lateral_30° models 
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Table 4-23: Buckling parameter increase throughout the first 7 ms of loading for baseline, 

Plate_lateral_15°, and Plate_lateral_30° models 

 
 

During the first 4 ms of HFI loading, the three models experienced negligible cervical spine 

buckling as indicated visually from the plots and quantitatively from the corresponding buckling 

parameter values. This outcome was consistent with the qualitative findings from the HFI 

progression. During the 4-7 ms interval, it can be noticed that increasing the lateral angle of the 

impact plate to 15° (from the baseline 0°) did not reduce the buckling of the cervical spine; the 

cervical spine buckling of the baseline and Plate_lateral_15° models was the same during that 

interval. Moreover, the average of the buckling parameter increases was the same for both models 

(2.2%), but the greatest buckling parameter increase was slightly less for the Plate_lateral_15° 

model (6.2% < 6.8%). However, increasing the lateral angle of the impact plate to 30° (i.e., 

Plate_lateral_30°) reduced the buckling during the 4-7 ms interval. The buckling was reduced due 

to the significant incline causing lateral deformation of the cervical spine, which alleviated the 

sagittal buckling exhibited (Figure 4-43). The average of the buckling parameter increases and the 

greatest buckling parameter increase were also reduced (e.g., 1.6% < 2.2%, and 5.9% < 6.2% < 

6.8%). All three models experienced the greatest buckling parameter increase during the 6-7 ms 

interval. 

Kinetic Results 

Figure 4-45 and Figure 4-46 show the head contact force and axial neck compressive force plots 

of the three models, respectively. Table 4-24 and Table 4-25 show the head contact force and axial 

neck compressive force metrics that were extracted from the aforementioned plots, respectively.  
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Figure 4-45: Head contact force history plots of baseline, Plate_lateral_15°, and Plate_lateral_30° 

models 

 

 

Figure 4-46: Axial neck compressive force history plots of baseline, Plate_lateral_15°, and 

Plate_lateral_30° models 
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Table 4-24: Head contact force metrics for baseline, Plate_lateral_15°, and Plate_lateral_30° 

models 

 

 

Table 4-25: Axial neck compressive force metrics for baseline, Plate_lateral_15°, and 

Plate_lateral_30° models 

 
 

As the lateral angle of the impact plate increased from 0° to 15° to 30°, the initial peak head contact 

force decreased (e.g., 4.6 kN < 5.7 kN < 5.9 kN). The slope of the initial head contact force rise 

time slightly increased when the lateral angle increased from 0° to 15° (e.g., 2.4 kN/ms > 2.1 

kN/ms) and decreased when the lateral angle was increased to 30° (e.g., 1.8 kN/ms < 2.4 kN/ms 

and 1.8 kN/ms < 2.1 kN/ms). Moreover, following the initial head contact force peak, as the lateral 

angle was increased, the head rebound period decreased and the plateau region became less 

sinusoidal. However, all models still plateaued at around 1.5 kN. With the increased lateral angle, 

the shear (lateral) force increased and the normal force (superior-inferior) force decreased, thereby 

decreasing the head contact force. Additionally, due to the increased surface contact area with the 

increased lateral angle of the plate, more of the head contacted the impact plate, which reduced the 

head rebound period. 

As the lateral angle increased, the initial peak axial neck force decreased (e.g., 1.4 kN < 1.7 kN < 

1.9 kN). This decrease was associated with the increased incline of the impact plate, which caused 

lateral deformation of the cervical spine that reduced the sagittal buckling exhibited. The slope of 

the initial neck force rise time was similar for all three. When the lateral angle was increased from 

0° to 15°, the time from head impact to initial peak axial neck force decreased (4.8 ms < 5.6 ms). 

The time from head impact to initial peak axial neck force corresponding to the Plate_lateral_30° 
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model was slightly greater than that corresponding to the Plate_lateral_15° model (5.2 ms > 4.8 

ms) but less than that corresponding to the baseline model (5.2 ms < 5.6 ms). The times from head 

impact to neck force rise time corresponding to the baseline and Plate_lateral_30° models were 

equal (2.1 ms), but the time corresponding to the Plate_lateral_15° model was slightly less (e.g., 

2.0 ms < 2.1 ms). The trend observed in the axial neck compressive force history plots was the 

same for all models. 

Hard Tissue Injury Risk 

The onset of failure for all GHBM model configurations was at the cortical bone of C2 location at 

the tip of the dens. Figure 4-47 shows the effective plastic strain fringe plots of the cortical bone 

of C2 at the onset of injury of all model configurations.  

  

Figure 4-47: Effective plastic strain fringe plots (superior view) of Baseline, Plate_lateral_15°, and 

Plate_lateral_30° models 

 

As the lateral angle of the impact plate increased, the onset of hard tissue injury was delayed. The 

delay was due to the reduced axial load that was associated with the increased lateral force 

component. The injury location (i.e., tip of the dens of the cortical bone of C2) was not affected 

by the increased lateral angle of the impact plate.  

Soft Tissue Injury Risk 

Figure 4-48 shows the onset times of ligament failure for all segment levels of the three models, 

and Table 4-26 identifies which ligaments failed at every segment level. 
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Figure 4-48: Onset times of ligament failure at every segment level for baseline, Plate_lateral_15°, 

and Plate_lateral_30° models 

 

Table 4-26: Location of ligament failure at every segment level for baseline, Plate_lateral_15°, and 

Plate_lateral_30° models 

 
 

The Plate_lateral_30° model predicted the least soft tissue injury relative to the two other models 

(e.g., Plate_lateral_30° model predicted soft tissue failure at 3 of the 7 segment levels). The C7-

T1 segment level was the first one to experience soft tissue ligament failure in all three models. 
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As the lateral angle increased from 0° to 15° to 30°, the onset of ligament failure was delayed at 

that segment level. Similarly, the onset of ligament failure was delayed at the C3-C4 segment level 

as the lateral angle increased. The Plate_lateral_15° and the Plate_lateral_30° models predicted 

ligament failure at the C1-C2 segment level (ISL). ISL failure was predicted at the C1-C2 segment 

level due to the addition of lateral bending that the upper cervical spine experienced, which 

subjected the ISL at the C1-C2 segment level to more tension, causing it to rupture. ISL rupture at 

the C1-C2 segment level was not predicted in the baseline model because the lateral bending that 

occurred was negligible. In addition to the Plate_lateral_30° delaying the onset of ligament failure 

and reducing the overall occurrence, the model also predicted less ligament failure at the C3-C4 

segment level (ALL vs. ALL and CL for the Plate_lateral_15° and baseline models). All models 

predicted disc avulsion at the C7-T1 segment level.  

Summary of Results and Discussion for AP Plate Angle Variation 

As the lateral plate angle increased, the lateral offset between the head and T1 increased. The 

increase in the lateral angle of the impact plate caused lateral bending, which alleviated buckling 

of the spine, specifically observed in the Plate_lateral_30° model. Moreover, as the lateral angle 

increased, the shear force between the head and the impact plate increased and the normal force 

between the head and the impact plate (head contact force) decreased. The increased surface area 

associated with the higher lateral angle of the impact plate reduced the head rebound period. The 

initial peak axial neck force also decreased due to the increased lateral load and deformation, which 

reduced the axial load. The reduced load associated with the greater lateral angle reduced the 

overall occurrence of hard and soft tissue injuries. Furthermore, the onset time of hard and soft 

tissue injury was delayed. The Plate_lateral_15° and Plate_lateral_30° models, unlike the baseline 

model, predicted upper cervical spine ligament failure (ISL at C1-C2 segment level) due to the 

added lateral bending, which imposed more tension on the ligaments causing them to rupture.  

4.3.5 Friction Between Head and Impact Plate: Results and Discussion  

HFI Progression 

Figure 4-49 and Figure 4-50 show the HFI progression from 0-15 ms of the COF_0 and COF_1 

models, respectively. There was no distinguishable qualitative difference in the behaviour of the 

three models during the first 15 ms of HFI. All cervical spines experienced minimal deformation 
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and buckling during the first 5 ms, and the buckling was more evident during the 5-15 ms interval 

while the head plastically deformed the leather-wood layer. The C1-C3 vertebrae of all models 

rotated in extension (with C3 being the buckling transition point), while the C4-C7 vertebrae 

rotated in flexion.  

 

Figure 4-49: HFI progression from 0-15 ms of the COF_0 model with buckling transition point (C3) 

circled in red 

 

 

Figure 4-50: HFI progression from 0-15 ms of the COF_1 model with buckling transition point (C3) 

circled in red 
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Kinematic Results 

During the first 4 ms, the model cervical spines experienced minimal buckling. During the 4-7 ms 

interval, the COF_1 and baseline models experienced identical buckling behaviour (i.e., the 

respective vertebrae translated anteriorly by the same amount), but the COF_0 model experienced 

slightly less buckling during that interval. The COF_0 model experienced less buckling because 

the head in the model rotated more in extension, which resulted in it translating posteriorly (as 

opposed to anterior translation for the other two models). The posterior translation of the head 

resulted in less anterior translation of C1 and C2 and less extension rotation C2, which led to 

reduced overall buckling of the cervical spine. All three models experienced abrupt buckling (most 

of the buckling occurred during the 5-7 ms interval). 

Kinetic Results 

Figure 4-51 shows the head contact force history plots, and Table 4-27 summarizes the head 

contact force metrics extracted from the plots.  

 

Figure 4-51: Head contact force history plots of baseline, COF_0, and COF_1 models 
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Table 4-27: Head contact force metrics corresponding to baseline, COF_0, and COF_1 models 

 
 

The head contact force plots of the baseline and COF_1 models were identical: both models had 

the same initial peak head contact force (5.9 kN), slope of initial head contact force rise time (2.1 

kN/ms), and the same trend. The same trend was observed because the difference between the 

coefficient of friction at the impact interface between the two models was not significant, therefore 

the head kinematics were similar, which resulted in almost identical head contact force plots. The 

trend entailed an initial peak force followed by a force decrease and a sinusoidal force plateau 

around 1.5 kN. The COF_0 model had a lower initial peak head force (5.2 kN < 5.9 kN) and a 

lower initial head contact force rise time slope (1.6 < 2.1). The lower force and slope were due to 

the lower friction at the impact interface of COF_0 providing more translational freedom to the 

head; the head in COF_0 had more vertical displacement into the leather-wood layer. With the 

increased displacement into the layer, the contact surface increased, which in turn decreased the 

slope of the force rise time (due to the higher plastic deformation) and decreased the initial peak 

head contact force.  

Changing the friction at the impact interface had a minimal effect on the initial peak axial force. 

Moreover, all three models had the same trend, slope of initial axial neck force rise time, and time 

from head impact to the onset of neck force rise time. However, the COF_0 model had a slightly 

lower time from head impact to initial peak axial force (relative to the other two models), which 

can be associated with the reduced overall buckling. 

Hard Tissue Injury Risk 

The onset of failure for all GHBMC model configurations was at the cortical bone of C2 located 

at the tip of the dens. Figure 4-52 shows the effective plastic strain fringe plots of the cortical bone 

of C2 at the onset of injury of all model configurations alongside the baseline model for reference. 
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Figure 4-52: Effective plastic strain fringe plots (superior view) of Baseline, COF_0, and COF_1 

models 

As the friction at the interface increased from 0 (COF_0) to 0.6 (Baseline), the onset of hard tissue 

injury occurred earlier. The earlier injury occurrence was attributed to the slightly lower axial force 

across the cervical spine, which resulted in less stress and injury. As the friction was increased 

further from 0.6 to 1.0 (COF_1), the onset of hard tissue failure was unaffected due to the similar 

kinetic response predicted in both (Baseline and COF_1).  

Soft Tissue Injury Risk 

The C7-T1 and C3-C4 segment levels were the first ones that experienced ligament failure in all 

three models. The COF_0 model slightly delayed the onset of ligament failure at these two segment 

levels relative to the two other models (7.5 ms > 7.0 ms). All models predicted the same ligaments 

to fail at all segment levels, and all predicted disc avulsion at the C7-T1 segment level. Overall, 

changing friction at the impact interface did not have a significant effect on the occurrence and 

timing of ligament failure and disc avulsion. 

Summary of Results and Discussion for Coefficient of Friction between 

Head and Plate Variation 

As friction at the impact interface increased from 0 to 1, the gross kinematic behaviour of the 

cervical spine was unaffected. However, the COF_0 model exhibited slightly less overall buckling 

relative to the other two models. The model experienced less buckling due to the posterior 

translation of the head, which reduced the extension rotation of the upper cervical spine, thereby 

slightly reducing the buckling across the entire cervical spine. There was more plastic deformation 

of the leather-wood layer observed in the COF_0 model, which decreased the slope of the head 

contact force rise time and decreased the initial peak head contact force. The head contact force 
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response of the COF_1 and baseline models were identical. For the axial neck compressive force, 

varying the friction at the interface only reduced the time from head impact to the initial peak axial 

neck force of the COF_0 model relative to the two other models. The time was reduced due to the 

slightly reduced buckling, which altered the axial load transfer across the cervical spine. Moreover, 

due to the slightly lower initial peak axial force, the COF_0 model slightly delayed the onset of 

hard tissue injury. Varying the friction at the interface did not affect the prediction of soft tissue 

occurrence and onset at all segment levels. Additionally, all three models predicted disc avulsion 

at the C7-T1 segment level.  

4.3.6 Anteroposterior Head Angle: Results and Discussion 

HFI Progression 

Figure 4-53 -Figure 4-55 show the HFI progressions from 0-7 ms of the Head_angle_0°, 

Head_angle_20°, and Head_angle_30° models, respectively. There was no distinguishable 

qualitative difference between the HFI progressions of the aforementioned models. The C1-C3 

vertebrae rotated in extension (with the C3 vertebra being the buckling transition point) and the 

C4-C7 vertebrae rotated in flexion for all models. During the first 5 ms, the cervical spines 

experienced minimal buckling while the heads plastically deformed the leather-wood layer. During 

the 5-15 ms interval, cervical spine buckling was more evident (especially around C3) in all three 

models as well as the baseline model. 

 

Figure 4-53: HFI progression from 0-7 ms of Head_angle_0° model with buckling transition point 

(C3) circled in red 
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Figure 4-54: HFI progression from 0-7 ms of Head_angle_20° model with buckling transition point 

(C3) circled in red 

 

 

Figure 4-55: HFI progression from 0-7 ms of Head_angle_30° model with buckling transition point 

(C3) circled in red 

 

Kinematic Results 

Figure 4-56 shows the kinematic plots from 0-7 ms of the model cervical spines overlaid on top of 

the baseline cervical spine for comparison. Table 4-28 summarizes the kinematic data extracted 

from the aforementioned plots pertaining to the buckling parameter increase between every 

consecutive millisecond.  



148 

 

 

Figure 4-56: Kinematic plots from 0-7 ms for the baseline, Head_angle_0°, Head_angle_20°, and 

Head_angle_30° models 
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Table 4-28: Buckling parameter increase throughout the first 7 ms of loading for the baseline, 

Head_angle_0°, Head_angle_20°, and Head_angle_30° models 

 
 

During the first 4 ms after head impact, the model cervical spines did not experience buckling 

(consistent with qualitative findings from HFI progressions). During the 4-7 ms interval where 

buckling occurred, the cervical spine of the Head_angle_30° model experienced the least amount 

of buckling relative to the other models, followed by the Head_angle_20°, baseline, and 

Head_angle_0° models (in that order). There was less buckling observed in the Head_angle_30° 

model due to the head in the Head_angle_0° and baseline models rotating in extension during the 

first 7 ms, which in turn increased the anterior displacement of the upper cervical spine and 

accentuated the overall buckling across the entire cervical spine. The head in the Head_angle_20° 

and Head_angle_30° models did not experience any rotation during the first 7 ms due to their 

initially rotated orientation, which resulted in less anterior displacement of the upper cervical spine 

relative to the other two models and less overall buckling. Moreover, the C2 in the Head_angle_30° 

model experienced less extension rotation than C2 in Head_angle_20°, which led to less buckling 

in the former. The time interval corresponding to the greatest buckling parameter increase was 6-

7 ms for the baseline and Head_angle_0° models (lower head angles) and was 5-6 ms for the 

Head_angle_20° and Head_angle_30° models (greater head angles). These time intervals indicated 

that the increased curvature made the buckling more gradual over the span of 7 ms of loading. The 

buckling was more gradual because as the initial curvature increased with the head angle, 

(Head_angle_20° and Head_angle_30°) the buckling was more distributed across the cervical 

spine thereby not allowing for an abrupt initiation as was the case for the straighter cervical spines 

(Head_angle_0° and baseline). 
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Kinetic Results 

Figure 4-57 and Figure 4-58 show the head contact force and axial neck compressive force history 

plots of the models, respectively. Table 4-29 and Table 4-30 summarize the extracted head contact 

force and axial neck compressive force metrics, respectively.  

 

Figure 4-57: Head contact force history plots of baseline, Head_angle_0°, Head_angle_20°, and 

Head_angle_30° models 
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Figure 4-58: Axial neck compressive force history of baseline, Head_angle_0°, Head_angle_20°, and 

Head_angle_30° models 

 

Table 4-29: Head contact force metrics of baseline, Head_angle_0°, Head_angle_20°, and 

Head_angle_30° models 

 

 

Table 4-30: Axial neck compressive force metrics of baseline, Head_angle_0°, Head_angle_20°, and 

Head_angle_30° models 
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As the head angle increased, the centre of gravity of the head became more posterior relative to 

the centre of mass of T1 (where the effective torso mass was applied). The head centre of mass 

was more anterior than the centre of mass of T1 in all models except for Head_angle_30° (where 

the head was more posterior). The posterior orientation of the head in Head_angle_30° increased 

the extension rotation of C1 after 3 ms relative to the other three models, which provided more 

translational freedom for the head to rebound and thereby reduce the peak load. Moreover, the 

head rebound period corresponding to Head_angle_30° was the longest out of the models. For the 

remainder of the models where the head was more anterior than T1, the Head_angle_20° had the 

highest head contact force peak, followed by the baseline model and the Head_angle_0° model.  

The x (anteroposterior) offset between the centres of mass of T1 and the head for the 

Head_angle_20° model was the least out of the 3 remaining models, which led to a higher peak 

load and reduced head rebound period. The second greatest x offset corresponded to the baseline 

model, leading it to have the second highest peak force. The same applied to the Head_angle_0° 

model. The slopes of the initial head contact force rise time followed the same order as the 

aforementioned initial peak head contact force values.  

As the head angle increased, the initial peak axial force decreased. Moreover, the slope of the 

initial neck force rise time in addition to the time from head impact to initial peak axial neck force 

decreased. This decrease was associated with the higher cervical spine curvature that was resultant 

from the increased head angle. Similar to the discussion for the C7 angle (subsection 4.3.1), as the 

initial cervical spine curvature increased, the axial stiffness of the cervical spine decreased, and 

the shear (anteroposterior) force increased. As a result, the initial peak axial force decreased as the 

head angle and cervical spine curvature increased. Moreover, unlike what was inferred from 

subsection 4.3.1, the slope of the initial neck force rise time decreased with the increasing head 

angle because the increase in curvature affected the entire cervical spine, which in turn reduced 

the axial load transmission. The time from head impact to neck force rise time corresponding to 

the baseline and Head_angle_0° models were equal (2.1 ms), and the same was predicted for the 

Head_angle_20° and Head_angle_30° models.  

Hard Tissue Injury Risk 

Figure 4-59 shows the effective plastic strain fringe plots of the cortical bone of C2 at the onset 

of injury of all model configurations alongside the baseline model for reference. 
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Figure 4-59: Effective plastic strain fringe plots (inferior view) of Baseline, Head_angle_0°, 

Head_angle_20°, and Head_angle_30° models 

 

As the head angle increased, the onset time of hard tissue injury was delayed. The delay in injury 

was in part attributed to the reduced axial load on the cervical spine associated with greater head 

angles. The onset of hard tissue injury occurred at the tip of the dens for the Baseline and 

Head_angle_0° models due to the impact with the base of the skull following extension rotation 

of C2. As the head angle increased (i.e., head rotated in extension), the initial distance between the 

tip of the dens and the base of the skull increased, which reduced the impact force between the tip 

of the dens and the base of the skull. However, contact between the two surfaces still occurred due 

to the extension rotation of C2 (indicated by the blue regions in Head_angle_20° and 

Head_angle_30° in Figure 4-59). As a result of the reduced impact force at the dens-skull base 

interface in the Head_angle_20° and Head_angle_30° models, the onset of hard tissue injury 

occurred at the transverse processes instead (indicated by the red regions in Head_angle_20° and 

Head_angle_30° in Figure 4-59). Hard tissue failure occurred at the transverse processes due to 

the superior articular processes of C3 impacting the transverse processes of C2 later in the loading 

process (roughly 8.0-8.5 ms after head impact). 

Soft Tissue Injury Risk 

Figure 4-60 shows the onset times of ligament failure for all segment levels of the three models, 

and Table 4-31 identifies which ligaments failed at every segment level. 
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Figure 4-60: Onset times of ligament failure of all segment levels for baseline, Head_angle_0°, 

Head_angle_20°, and Head_angle_30° models 

 

Table 4-31: Location of ligament failure at every segment level for baseline, Head_angle_0°, 

Head_angle_20°, and Head_angle_30° models 

 
 

As the head angle increased, the onset time of ligament failure increased only for the C3-C4 and 

C4-C5 segment levels. Moreover, the soft tissue injury predictions at those segment levels were 

the same for all the models (ALL and CL for C3-C4, and ALL for C4-C5). Similar to hard tissue 
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injury, the Head_angle_0° model was the only one that predicted ligament failure at the C1-C2 

segment level (ISL). Increasing the head angle did not have a clear effect on the onset time of 

ligament failure for the remainder of the segment levels. Moreover, all the models predicted the 

same ligaments to fail across the respective segment levels (e.g., all models predicted ALL failure 

for the C5-C6 segment level, etc.). All the models predicted disc avulsion at the C7-T1 segment 

level. 

Summary of Results and Discussion for AP Head Angle Variation 

As the head angle increased, cervical spine buckling decreased due to the reduced anterior 

displacement of the upper cervical spine. Additionally, the buckling associated with the greater 

head angles was more gradual due to the increased cervical spine curvature. Increasing the head 

angle increased the cervical spine curvature, which reduced the axial stiffness of the cervical spine, 

the initial peak axial load, as well as the slope of the initial neck force rise time. The head angle 

did not have a consistent effect on the initial peak head contact force: the Head_angle_20° had the 

highest peak head contact force because of the smallest x offset between the head and T1 (where 

the effective torso mass was applied). The reduced axial force associated with the increasing head 

angle delayed the onset of hard tissue injury and changed the location as well (from dens to 

transverse processes). Varying the head angle did not have a significant effect on the occurrence 

or onset of soft tissue injury, nor on disc avulsion at the C7-T1 segment level; all models predicted 

disc avulsion at that level.  

4.3.7 Sensitivity Study of Head-First Impact Parameters: Summary and 

Discussion 

The impact velocity had the greatest influence on the cervical spine response and injury during 

HFI loading, followed by the lateral impact plate angle, AP angle of the head, cervical spine 

curvature, AP impact plate angle, and the coefficient of friction at the impact interface (in that 

order). The impact velocity had the greatest influence on cervical spine response and injury as it 

was the only parameter that directly changed the input energy, thereby playing an important role 

in the resultant kinetic and kinematic response of the cervical spine. Varying the lateral plate angle 

influenced the kinematic behaviour of the head and introduced lateral deformation and loading 

into the model, which alleviated the buckling and axial loads, leading to fewer hard and soft tissue 

injuries. Changing the head AP angle had a strong effect on the cervical spine response during HFI 
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as it also changed the cervical spine curvature, and as a result affected the load transfer and injury 

occurrence. Changing the cervical spine curvature also had a notable effect on the response and 

injury risk of the cervical spine during loading. The AP plate angle slightly alleviated the axial 

load on the cervical spine and helped delay some hard and soft tissue injuries. Lastly, the friction 

at the interface was not predicted to have a significant effect on the response of the cervical spine 

during HFI loading. The fact that the interface friction was a significant factor like the remaining 

parameters was attributed to the significant plastic deformation of the leather-wood layer that 

restricted the relative motion of the head during impact. 
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 Chapter 5: Conclusion and Recommendations 

5.1 Conclusion 

The GHBMC neck model was developed for occupant safety purposes and was successfully 

adapted for assessment of HFI in this study. Model validation against HFI required the removal of 

certain soft tissues (such as passive musculature and the spinal cord) in order to replicate the 

reported specimen setup details, as well as ensuring other initial and boundary conditions (such as 

initial cervical spine curvature and effective torso mass) were represented in the model. Hard tissue 

failure was defined through two options: failure on and failure off. The failure on option eroded 

solid and shell elements once they reached their respective failure effective plastic strain values, 

whereas the failure off option did not erode the elements upon reaching the threshold values. Both 

failure options were considered for model validation and only the failure off option was 

implemented in the sensitivity study. Ligament rupture was defined by the tensile displacement at 

failure and disc avulsion was defined by the ultimate stress at failure. The validation results 

indicated that the model was suitable in predicting response and injury risk due to HFI and the 

sensitivity study results identified factors that influenced the response and injury risk of the 

cervical spine during HFI loading (which addressed the limitation in previous experimental HFI 

studies). The analysis presented in this study also addressed the limitations in previous numerical 

HFI studies: soft tissue injuries were extracted and analyzed, and the kinematic response was 

quantitatively investigated using the buckling parameter and the sagittal cervical spine traces. 

The model validation entailed result extraction and analysis of the models with hard tissue failure 

turned off (GHBMC_Saari and GHBMC_Nightingale) and hard tissue failure turned on 

(GHBMC_Saari_failON and GHBMC_Nightingale_failON). Both failure options were 

considered in order to bound hard tissue injury prediction (failure off was the upper bound and 

failure on was the lower bound (Chapter 3)), discuss the respective limitations, and subsequently 

select an appropriate failure option to apply for the sensitivity study simulations. The failure off 

option was ultimately selected for the sensitivity study. The key findings from the validation 

against experimental results from Saari and Nightingale as well as the sensitivity study are 

summarized below. 
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5.1.1 Computational Neck Model Validation Summary Using Experimental 

Data from Saari 

Kinetics: Axial Neck Compressive Force 

- Good agreement was predicted because the model and experimental traces had equal 

peak forces (1.9 kN) and comparable slopes of initial neck force rise time (0.5 kN/ms model 

slope vs. 0.8 kN/ms ± 0.4 kN/ms experimental slope), and comparable trends. 

Kinetics: Head Contact Force 

- Poor agreement was predicted because the model traces had lower peak head contact 

forces (more than 3,500 N) and lower slopes of the initial head contact force rise time. 

- The lower force and slope of the models was attributed to the impact interface with the 

leather-wood layer (used to eliminate head rebound) which significantly dampened the 

impact force and consequently impeded the axial load transfer to the head from the cervical 

spine. 

Kinematics 

- Good agreement was predicted because the cervical spine of the models and experiment 

experienced first order buckling with a buckling transition point occurring at the middle 

cervical spine (C3-C4). However, the models experienced abrupt buckling (mostly during 

the 5-7 ms interval) compared to the more consistent experimental buckling (the buckling 

parameter increased at a near constant rate throughout the first 7 ms of loading). 

Hard Tissue Injury Risk 

- Good agreement was predicted because the model and experiment had comparable onset 

time of injury (4.0 ms model time vs. 4.9 ms ± 1.1 ms experimental time) and vertebral 

injury location (laminar and spinous process fractures of C3 and C4). 

Soft Tissue Injury Risk 

- Good agreement was predicted because the model and experiment had comparable 

ligament rupture location (ALL and ISL ruptures at the C3-C4 and C4-C5 segment levels). 
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5.1.2 Computational Neck Model Validation Summary Using Experimental 

Data from Nightingale 

Kinetics: Axial Neck Compressive Force 

- Good agreement was predicted because the model and experimental traces had 

comparable peak forces (2.1 kN model force vs. 2.6 kN ± 1.2 kN experimental force) and 

slopes of initial neck force rise time (1.6 kN/ms model slope vs. 1.5 kN/ms ± 0.5 kN/ms 

experimental slope). 

Kinetics: Head Contact Force 

- Poor agreement was predicted because the peak head contact force of the model was 

higher than the experimental peak force due to the head rebound that occurred in the model 

which indicated the presence of high elastic energy at the interface upon impact. 

Kinematics (qualitative) 

- Poor agreement was predicted because the model rebounded off the impact plate, 

whereas the experimental kinetic plots indicated that head rebound did not occur following 

impact with the plate. 

Hard Tissue Injury Risk 

- Good agreement was predicted because the model and experiment had comparable onset 

time of injury (3.0 ms model time vs. 4.4 ± 3.0 ms experimental time) and vertebral injury 

location. 

Soft Tissue Injury Risk 

- Analysis and comparison were not conducted because experimental soft tissue injuries 

were not reported. 

5.1.3 Summary of Sensitivity Study Results 

The order of HFI parameters from greatest to least influence on cervical spine response (with an 

elaboration of the top 3 parameters) is listed below. 
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1. Impact velocity 

• Increasing the impact velocity from 1 m/s to 5 m/s had the greatest influence as it 

was the only parameter that directly changed the input energy, thereby leading to 

higher loading and more hard and soft tissue injuries  

• Impact velocities up to 2 m/s were predicted to result in minimal hard and soft tissue 

injury during HFI loading 

2. Lateral impact plate angle 

• Increasing the lateral angle of the impact plate (a factor which has not been assessed 

previously in experimental studies) from 0° to 30° introduced lateral (shear) 

deformation into the model which alleviated the buckling (in the sagittal plane) and 

axial load, leading to fewer hard and soft tissue injuries 

• Impacting a surface at a lateral angle greater than 15° (as opposed to vertex impact, 

for example) can reduce the risk of injury due to the lateral component of the load 

3. AP head angle 

• Increasing the AP head angle (the influence of which has not been previously 

quantified) from 0° to -30° (negative sign indicating head extension) increased the 

cervical spine curvature as well, and as a result reduced the axial stiffness of the 

cervical spine and reduced the axial loading and amount of hard and soft tissue 

injury 

• Impacting a surface with the head pre-extended with Frankfort angle greater than 

20° was predicted to reduce the risk of hard and soft tissue injury as well as the 

axial load across the cervical spine and the degree of buckling 

• Alternatively, impacting a surface with the head pre-flexed (Frankfort plane angle 

< 5°) was predicted to increase the risk of injury and loading on the cervical spine 

during HFI 

4. Cervical spine curvature 

5. AP impact plate angle 

6. Coefficient of friction between the head and impact plate 
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HFI has been previously researched and investigated (both numerically and experimentally); 

however, there were associated limitations with these studies which have been addressed in this 

thesis. Important findings from the model validation and sensitivity study are summarized below. 

The findings can serve as additional foundational knowledge that can help characterize the 

complex kinematics of the cervical spine during HFI and inform further research in this field. 

• The buckling parameter (percentage ratio of the sagitta to the chord length of the cervical 

spine) was a useful tool in quantifying and measuring the buckling of the cervical spine 

o It also provided understanding as to how abruptly or gradually the cervical spine 

experienced buckling 

• There was a good correlation between the anterior velocity of the buckling transition point 

and the amount of buckling (quantified by the anterior displacement of the vertebrae and 

the value of the buckling parameter) 

o As the anterior velocity of the buckling transition point increased, the cervical 

vertebrae displaced more anterior and buckling increased 

o As the anterior velocity of the buckling transition point slowed down to a peak 

value (followed by a velocity decrease or plateau), the buckling decreased and 

slowed down and the cervical spine achieved an eventual transient ‘locked state’ 

• Identifying when the buckling occurred (by observing the changes in the buckling 

parameter) helped explain trends in the axial neck compressive force plots 

o When the buckling increased, the axial force decreased (due to reduced axial 

stiffness of the cervical spine associated with the buckling) 

o When the buckling slowed down and the cervical spine reached an eventual locked 

state, the axial neck force trace simultaneously reached a peak value 

• Overall, understanding the kinematic response by quantifying the buckling behaviour 

helped explain the kinetic response of the cervical spine which in turn facilitated 

understanding hard and soft tissue injury outcome 

o Moreover, the kinematic behaviour helped infer why certain ligaments ruptured (by 

observing and identifying the relative extension or flexion rotation of adjacent 

vertebrae) 
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• Contrary to a previous experimental study [Nusholtz et al., 1981], head motion was 

predicted to play an important role in the response of the cervical spine during HFI (as was 

shown for the lateral plate angle and AP head angle parameters) 

 

5.2 Recommendations 

Although this study provided additional information to better characterize the complex kinematic 

response of the cervical spine during HFI, there were model limitations that must be addressed and 

recommendations (based on the limitations) to be made.  

 

The development of a failure model for predicting hard tissue failure, particularly for visualizing 

and representing vertebral fracture initiation and propagation, is recommended to extract hard 

tissue injury from numerical models and understand the overall hard tissue injury outcome during 

HFI loading. The development of such a failure model is important as the failure options 

implemented in this study had their respective limitations for accurately predicting hard tissue 

injury risk. 

 

The GHBMC_Nightingale model predicted head rebound at the impact interface between the head 

and steel impact surface. The GHBMC_Saari model predicted significant plastic deformation (~ 6 

mm) of the leather-wood layer that was modelled to eliminate head rebound. Therefore, 

investigation into controlling or dissipating the elastic energy at the interface that leads to head 

rebound without significantly dampening the impact is recommended. 

 

The biggest discrepancy in the validation against the Saari experimental results was that the 

surrogate head used in the drop tests was not modelled. The surrogate head was not modelled 

because the full information/data required to do so was not available. The absence of the surrogate 

head in the model affected the impact at the interface and the resultant response of the cervical 

spine during HFI. 

 

The effect of active and passive musculature should be investigated owing to their anatomical and 

structural importance and how that can play a role in affecting the response of the cervical spine 
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during HFI loading. Active and passive musculature were removed from the GHBMC model in 

accordance with the specimen preparation details reported in the experimental studies by Saari and 

Nightingale. However, the inclusion of active muscles changes the pre-impact cervical spine 

curvature [Newell et al. 2013]. Passive muscles, on the other hand, can play a role in stabilizing 

the cervical spine during HFI, which would in turn limit the buckling due to the tissue directly 

surrounding the vertebrae and consequently influence the kinetic response and injury outcome. 

The inclusion of muscles provides a more accurate representation of occupants in real-life HFI 

scenarios and can help explain the high incidence of injuries reported epidemiologically (such as 

fracture dislocations at the lower cervical spine) which have not been predicted numerically in this 

study [Sekhon et al., 2001]. 

In addition to the numerical recommendations, there are potential areas of further experimental 

research as well. Experimental studies always used a constant effective torso mass (e.g., 15 kg for 

Saari specimens) for all specimens regardless of anthropometrics (e.g., age, sex, etc.). It is 

therefore recommended, wherever possible, to vary the mass depending on the anthropometric 

properties of the specimens as this is predicted to have an effect on the response of the cervical 

spine due to the direct influence on compressive force.  

Experimental studies usually constrain the motion of the T1 vertebra to vertical translation only 

(due to potting to the mount cup). This boundary condition is an important factor that significantly 

affected the response of the cervical spine. However, a HFI experimental study using full body 

cadavers performed by Roberts et al. suggests that the T1 vertebra experiences rotation and 

translation in other degrees of freedom. Therefore, in pursuit of better representing real-life HFI 

scenarios, modifying the T1 boundary condition such that the vertebra has more degrees of 

freedom is recommended.  

The lateral angle of the impact plate is a factor that has not been previously varied or investigated 

experimentally. However, the work presented in this thesis indicated that the lateral angle of the 

impact plate is an important factor that has a significant influence on the response of the cervical 

spine during HFI. Therefore, further research and investigation pertaining to the lateral angle of 

the impact plate and how it influences the response and injury outcome of the cervical spine during 

HFI loading is recommended.  
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