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Abstract

Rear-end vehicle collisions may lead to whiplash-associated disorders (WADs), comprising a variety
of neck and head pain responses. The source of WADs is an active area of research, but the facet joints,
cervical spine ligaments, neck muscles, nerve roots, vertebral arteries, and intervertebral discs have
been postulated to be potential injury sources. While most investigations focus on whiplash injuries in
neutral position impacts, front-seat vehicle occupants tend to spend a significant amount of time outside
the neutral axial head position. Multiple cervical tissues can experience increased mechanical loads
and, consequently, higher injury risks during head-rotated impacts. Given the limited experimental data
for non-neutral position rear impacts, computational human body models (HBMs) can inform the
potential for tissue-level injury. Previous studies have considered external boundary conditions to
reposition the head axially but were limited in reproducing a biofidelic movement for a detailed finite
element (FE) head and neck model. The objectives of this study were to implement a novel head
repositioning method using soft tissue stress initialization to achieve targeted axial head rotations,
validate the model intervertebral motion against experimental data, and simulate neutral and non-

neutral rear impacts to assess the model tissue-level response and quantify the injury risk.

The head and neck model was extracted from the detailed commercial Global Human Body Models
Consortium (GHBMC) M50-O FE model, representing a 50" percentile male occupant. The
repositioning used a novel method to achieve equilibrium in the target axial rotations of 24.5°, 33.5°,
42.5°, 51.5°, and 60.5°, by pre-stretching the neck soft tissues. The head-rotated models underwent
verification tests to ensure the target positions and equilibrium were achieved, and the method was
validated by comparing spinal rotations to experimental results. A neutral position and five head-rotated
models were evaluated at three rear impact severities (4g, 7g, and 10g) with and without muscle
activation. Head motion, ligament distractions, muscle strains, nerve root compressions, and annulus

fibrosus (AF) strains were assessed and compared with physiological limits to estimate the injury risks.

The repositioning method was able to rotate the head to the five target positions, showing general
agreement with reported intervertebral rotations. Under the rear impact scenarios, higher axial head
rotations increased the combined three-plane rotations experienced by the head. Increasing head
rotations led to higher ligament distractions and muscle strains during rear impacts, increasing their
potential for injury. The trends for AF strains varied depending on the muscle activation, with peak
strains being observed for initial rotations of 0° and 60.5° without muscle contraction and only for 0°
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with muscle contraction. Overall, muscle activation decreased ligament displacements, muscle strains,
and AF strains, while higher impact severity increased the injury risk for these same tissues. Nerve root
compression was minimally affected by head rotation, muscle activation, and impact severity. The
models predicted injury potential for the ligaments and muscles starting at a 4g rear impact acceleration
and for the AF starting at 7g, particularly under high head rotations. Therefore, the proposed
repositioning method introduced in this study enabled the model to achieve steady head rotations with
realistic cervical spine movements, increasing the biofidelity of non-neutral rear impact simulations.
The tissue-level assessment revealed the effect of varying head rotations, muscle activation, and impact
severities on cervical tissues, allowing for a comprehensive estimation of injury thresholds across
ligaments, muscles, nerve roots, and AFs. The results of this study can be applied to future assessments

and design of head restraints and protection systems.
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Chapter 1

Introduction

1.1 Research Motivation

Whiplash injuries are the most frequent injury resulting from a motor vehicle crash (Berglund et al.,
2003). The annual societal cost of whiplash-associated disorders (WADs) was estimated to reach $28
billion in the United States (Freeman, 1998), £3.1 billion in the United Kingdom (Galasko et al., 2002),
and €10 billion in Europe (Richter et al., 2000). An evidence synthesis performed between 1980 and
2007 showed that the occurrence of WADs has considerably increased over these three decades in
Western countries (Holm et al., 2009). The annual incident in North America and Western Europe was
estimated to be more than 300 per 100,000 inhabitants (Holm et al., 2009). In Canada, the incidence of
WADs can vary considerably depending on the province. A study in Quebec showed an occurrence
rate of 70 whiplash compensations per 100,000 inhabitants in 1987 (Spitzer et al., 1995). In
Saskatchewan, the annual incidence of insurance claims for whiplash injuries was 677 per 100,000
inhabitants between 1994 and 1995 (J. D. Cassidy et al., 2000). Whiplash injuries accounted for 68%
and 83% of insurance claims for traffic injuries in British Columbia and Saskatchewan, respectively (J.
D. Cassidy et al., 2000; Giroux, 1991). The recovery rates of whiplash patients have been estimated to
be around 50%, meaning that approximately half of the individuals continue to experience symptoms
in the long term (Carroll et al., 2008; Gargan & Bannister, 1994). Patients with a decrease in symptoms
during the first 3 months are more susceptible to fully recovering (Kamper et al., 2008). High initial
pain and disability, older age, and worse psychological health have been consistent factors for a poor

prognosis of WADs (Carroll et al., 2008; Kamper et al., 2008).

The majority of whiplash studies were performed evaluating the occurrence of soft tissue injuries when
the occupant had a neutral position with their head facing forward. In real life, drivers are required to
scan the surroundings through eye and head movements in many driving situations. For example,
driving safely through an intersection requires a large amplitude of gaze in the axial plane (Kito et al.,
1989). In-car pilot studies observed that drivers spent 13.0% of the time outside the neutral axial head
position with average peak angles of 35.7° (+ 14.2°) and 42.5° (+ 18.0°) for left and right cervical axial
rotation (Shugg et al., 2011). Non-neutral positions for front-seat passengers happen even more
frequently than for drivers, with axial head rotation occurring for 33% of the travel time (Reed et al.,
2020). The axial rotation of the head modifies the alignment of the cervical spine, which redistributes

the forces across active and passive neck structures. Non-neutral head and neck positions increase the
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postural load, causing local muscle fatigue and discomfort (Lutz et al., 2001). During vehicle collisions,
the combination of non-neutral occupant positions with impact forces can amplify the strains in the
cervical soft tissues and potentialize the whiplash injury risk (Ivancic et al., 2006; Siegmund et al.,

2008; Tominaga et al., 2006).

Current experimental testing of non-neutral rear impacts is limited to simplified cadaveric models,
which may not accurately represent the in vivo biomechanical responses. In addition, human volunteer
testing is restricted to non-injurious impact scenarios due to ethical concerns about human safety and
well-being. In this context, numerical human body models (HBMs) can inform the potential for tissue-
level response and injury risk. Although human neck rotations are achieved using muscle activation,
reproducing axial rotation in a finite element (FE) model is a complex task. Due to insufficient data for
defining realistic activation levels for the muscles, several authors have considered alternative head
repositioning methods, such as external rotation boundary conditions. Previous numerical studies on
head-rotated impacts have prescribed relative rotations between bony structures to achieve non-neutral
head positions in FE head and neck models (Palepu, 2013; Shateri, 2012; Shateri & Cronin, 2015;
Storvik & Stemper, 2011). These models have predicted increased ligament strains during head-rotated
impacts, aligning with experimental findings. However, the head repositioning using external rotations
has generated unrealistic intervertebral motion in some models. The absence of three-dimensional
musculature and other soft tissues has also limited the biofidelity during impact scenarios. Therefore,
the numerical repositioning studies have been limited in achieving a static head and neck non-neutral

position with realistic intervertebral motion for a detailed HBM.

1.2 Research Objectives

The proposed research aimed to evaluate the potential for soft tissue injury during non-neutral position
rear impacts using a detailed FE head and neck model. To achieve this goal, three objectives were
defined: (1) implementing a novel computational head repositioning method using soft tissue stress
initialization, (2) achieving targeted axial head rotations, verifying the model equilibrium, and
validating the model intervertebral motion against experimental data, and (3) simulating neutral and

non-neutral rear impacts to assess the tissue-level responses and quantify the injury risks.

The first objective was to develop a novel repositioning method using a stress initialization approach.
A comprehensive literature review was performed on available computational repositioning methods
and non-neutral position FE human models tested in whiplash-type impact simulations, identifying the
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limitations of the available techniques. The requirements for a biofidelic head repositioning were listed
and used to define the verification and validation metrics. Soft tissue pre-stretching was implemented
in a detailed FE head and neck model, which generated initial stresses in the passive muscle, adipose

tissue, and skin to rotate the head to stable non-neutral positions.

The second objective was to verify and validate the proposed repositioning method. In-car driving
studies were used to define the typical non-neutral axial rotations of front-seat occupants, and five target
head positions were selected based on these measurements. The detailed FE head and neck model used
the proposed repositioning method to achieve the five target axial head rotations. The head-T1 rotations
were tracked to verify the convergence to the target axial positions and the equilibrium of the
repositioned head and neck model. With the models in steady non-neutral positions, the intervertebral

motion of one of the models was monitored for each spinal level and compared to experimental data.

The third objective was to simulate rear impact scenarios with neutral and non-neutral position
occupants to calculate the soft tissue responses and estimate the injury potentials during these
conditions. After the verification and validation tests, the neutral and non-neutral position models were
subjected to three different rear impact conditions to simulate their dynamic responses during rear-end
vehicle collisions. The effect of muscle contraction was tested using two muscle activation schemes,
which were adjusted to start with the impact conditions. An initial analysis of the head rotational motion
was performed to identify the stages of whiplash and contribute to the successive tissue-level
evaluation. The main sources of whiplash pain during non-neutral rear impacts were used to define the
injury mechanisms to be studied in the FE model. The soft tissue responses during the rear impacts
were monitored and compared with physiological limits to quantify the risk of injury in different impact
conditions. The effects of head rotation, muscle activation, and impact severity on soft tissue responses

were analyzed by comparing results from different cases.

1.3 Thesis Organization

This thesis is organized into seven chapters. Chapter 1 outlines the research problem and objectives.
Chapter 2 provides background information necessary for understanding the subsequent sections of the
thesis. Chapter 3 describes the methodology for developing the repositioning method, verifying and
validating the head-rotated models, simulating rear impact conditions, and assessing the tissue-level
responses and injury potentials for each simulation. Chapter 4 reports the repositioning and impact
results, including verification of head stabilization, validation of intervertebral rotations, head
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kinematics evaluation, neck soft tissue responses, and injury risks. Chapter 5 discusses the repositioning
results, the influence of head position, impact severity, and muscle activation on the impact simulations,
and the study limitations. Chapter 6 summarizes the research findings and presents the conclusions.

Chapter 7 provides recommendations for future studies based on the research findings.



Chapter 2
Background

2.1 Human Neck Anatomy

2.1.1 Anatomical and Motion Terminologies

The definition of reference position, planes and directions is essential to standardize the description of
human anatomy. The anatomic position of a human describes a reference posture where the individual
is standing upright with arms and legs extended, and the head, palms of the hands, and toes are facing

forward (Standring, 2016) (Figure 2-1).
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plane >:< plane
-
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1 N
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. . \
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/ Anterior
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l Inferior
Figure 2-1: Anatomical planes and directions.
Note. Adapted from CFCF. (2014, June 9). Anatomical Planes. Wikimedia Commons.

https://commons.wikimedia.org/wiki/File: Anatomical Planes.svg.

Three orthogonal planes and their respective directions are defined in the anatomic position (Standring,
2016). The coronal (frontal) plane divides the body vertically into front and back sections. The anterior

(ventral) and posterior (dorsal) directions are orthogonal to the coronal plane and point towards the



front and back of the body, respectively. The sagittal (median) plane divides the body vertically into
left and right sections. Orthogonal to the sagittal plane, the lateral (distal) and medial directions point
away from and towards the same plane, respectively. The axial (transverse) plane divides the body
horizontally into top and bottom parts sections. The superior (cranial) and inferior (caudal) directions

are orthogonal to the axial plane and point upwards to the head and downwards to the feet, respectively.

The primary motion of the head and neck can be divided into four basic movements, including flexion,
extension, axial rotation, and lateral bending (Standring, 2016) (Figure 2-2). Flexion and extension
refer to head and neck rotations around the lateral direction in the sagittal plane. Flexion is used for the
anterior bending of the head, and extension is used for the posterior bending of the head. Axial rotation
refers to the head and neck rotation around the superior-inferior direction in the axial plane. Lateral

bending refers to the head and neck rotation around the anterior-posterior direction in the coronal plane.

Extension Right Left

— Flexion » TN\

AT

Flexion and extension Axial rotation Lateral bending

Figure 2-2: Primary neck motion terminology.
Note. Adapted from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe, B.,
Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax, Rice

University. Access for free at openstax.org.

2.1.2 Vertebrae

The vertebral column is a curved structure composed of bones called vertebrae, extending from the
neck to the lower back (Standring, 2016). Its main functions are to protect the spinal cord and nerve
roots, to mechanically support the head and upper body, and to enable smooth movement through its
various components. There are usually thirty-three vertebrae in the human body, being divided into five

regions (cervical, thoracic, lumbar, sacral, and coccygeal) according to their curvatures and positions
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in the vertebral column (Figure 2-3). In general, an adult human body has seven cervical (C1-C7),
twelve thoracic (T1-T12), five lumbar (L1-L5), five sacral (S1-S5), and four coccygeal (Col-Co4)
vertebrae. Each vertebra is named as a concatenation of letters denoting its region, C, T, L, S, or Co,
and a number indicating its position, starting from one and ascending in the inferior direction
(Standring, 2016). The occipital bone in the skull is also referred to as CO due to its connection with

the first cervical vertebra (C1).

Cervical vertebrae

Thoracic vertebrae

Lumbar vertebrae

Sacrum

r Coccyx

Figure 2-3: Lateral view of the human vertebral column and its regions.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The shape and size of the vertebrae vary depending on the function and position (Standring, 2016). The
cervical spine has small and flexible bones to allow for an extensive range of motion for the head and
neck. In contrast, thoracic and lumbar vertebrae are larger and more stable as they support more weight

than the cervical portion. The sacral and coccygeal bones have the most distinct shapes as they are
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merged into single structures, the sacrum and coccyx, to provide stability to the pelvic region
(Standring, 2016). The presacral vertebrae (C1-L5) have similar features to facilitate their connections
and the circulation of the central nervous system. The vertebral foramina are central openings in these
vertebrae that align to form the vertebral canal, where the spinal cord is located. Similarly, the
intervertebral foramina (IVFs) are lateral openings between adjacent vertebrae to allow the passage of
the spinal nerves. The intervertebral discs can also be found between two subsequent presacral

vertebrae, with the exception of the two first cervical segments (Standring, 2016).

The cervical segments can be divided into two groups. The upper cervical spine encompasses the first
two vertebrae, C1 and C2, while the lower cervical spine considers the other five vertebrae, from C3 to
C7 (Standring, 2016). In addition to their location, this division is based on the similarities in the general
structure of the vertebrae. The lower cervical vertebrae are small and broad, being composed of a body,
an arch, and seven processes (Standring, 2016) (Figure 2-4). The vertebral body is a large load-bearing
structure located in the anterior portion of the vertebra. The anterior and posterior surfaces of the body
provide attachment points to longitudinal ligaments, while the superior discal surface is saddle-shaped
to prevent gliding movements between adjacent vertebrae. The vertebral arch connects the body and
the processes through the pedicles and laminae. Pedicles are short and thick structures that attach to the
sides of the vertebral body, while laminae are long and thin plates that connect to the pedicles and
merge in the midsection, forming the posterior arch. The body and arch form the triangular-shaped

vertebral foramen to accommodate the spinal cord (Standring, 2016).

Superior view Lateral view

Body

Transverse
process

Superior articular

Transverse surface

foramen

Articular pillar

Pedicle

Superior articular
process

Anterior tubercle
of anterior process
Vertebral
foramen

Inferior articular
process

Spinous
process

Posterior tubercle / Inferior articular
of anterior process surface

Spinous
process

Figure 2-4: Typical structure of a cervical vertebra (superior and lateral views).

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.



A lower cervical vertebra has one spinous, two transverse, and four articular processes (Standring,
2016). The spinous process emerges posteriorly from the laminae junction and acts as a lever arm for
attached muscles that can control the vertebral movement. The transverse processes also connect to
muscles and ligaments, being located anteriorly to the articular processes and laterally to the pedicles.
The superior and inferior articular processes emerge from the connection of pedicles and laminae with
the function of aligning and articulating adjacent vertebrae. Their superior and inferior surfaces, where
adjacent vertebrae connect, are denoted articular facets. The transverse process and pedicle form the

transverse foramen on each side to accommodate the vertebral artery (Standring, 2016).

In contrast to the lower cervical spine, the upper cervical segments have unique features. The first
cervical vertebra, commonly referred to as the atlas, supports and facilitates the rotation of the skull
(Standring, 2016) (Figure 2-5). The atlas does not have a vertebral body, which results in the absence
of intervertebral discs connected to this bone. The ring-shaped vertebra comprises two lateral structures
connected by the anterior and posterior arches. Each lateral structure is formed of a transverse foramen
surrounded by the medial articular processes and the distal transverse process. The superior articular
facets are shaped to accommodate the occipital condyles on the skull. The vertebral foramen is larger
in the atlas, divided by the transverse ligament (TL) into an anterior compartment for the protuberance

from the second vertebra and a posterior compartment for the spinal cord (Standring, 2016).

Anterior tubercle Outline of axis dens

Anterior arch

Superior articular
process

Vertebral foramen Posterior arch

Posterior tubercle

Figure 2-5: Structure of the first cervical vertebra (superior view).

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The second cervical vertebrae, also referred to as the axis, is coupled with the atlas to assist the
rotational motion of the head (Standring, 2016). The main feature of this vertebra is the strong odontoid

process (dens), located superiorly to the vertebral body (Figure 2-6). Apical and alar ligaments are



connected to the dens, whose movement is restricted by the TL and anterior arch of the atlas. Compared
to the lower cervical segments, the axis has thicker pedicles, laminae, and spinous process, but smaller

transverse processes (Standring, 2016).

Superior view Lateral view

Odontoid process

Attachment for alar ligaments Odontoid process

Attachment for transverse ligament
Superior articular surface Groove for

transverse ligament Articular facet

Transverse foramen for atlas

Spinous process

Inferior articular surface

Spinous process

Figure 2-6: Structure of the second cervical vertebra (superior and lateral views).

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

Vertebrae are composed of a core of trabecular (cancellous) bone encompassed by a layer of cortical
(compact) bone (Standring, 2016) (Figure 2-7). The vertebral body contains the most trabecular bone
in the vertebra, while the arch and processes have thicker shells of cortical bone. Cortical bones have
dense structures with elevated strength and stiffness, showing linear behavior under compression and
bilinear under tension along the longitudinal direction (Morgan et al., 2018). In contrast, trabecular
bones have a highly porous structure with a lower density, presenting a non-linear viscoelastic response
(Morgan et al., 2018). The trabecular bone has lower mechanical strength than the cortical bone but can
resist higher strains before failing. Both materials are anisotropic with the highest strength in

compression (Morgan et al., 2018).
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Trabecular bone

Cortical bone

Figure 2-7: Vertebra bone composition (section view).

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

2.1.3 Intervertebral Discs

The intervertebral discs are the main joint between adjacent vertebral bodies from the second cervical
segment to the first sacral segment (Standring, 2016). They are attached to the vertebrae through the
vertebral endplates, which are thin layers of cartilage located longitudinally to the vertebral body. The
intervertebral discs are also supported by longitudinal ligaments in their anterior and posterior surfaces.
The anterior heights of the cervical discs are higher than the posterior dimensions, contributing to the
lordotic curvature of the cervical spine (Standring, 2016). The intervertebral discs have the
complementary roles of mechanical support by resisting compressive load and absorbing shock while

assisting the mobility of the vertebral column.

Each intervertebral disc is composed of two main structures: the nucleus pulposus (NP) and the annulus
fibrosus (AF) (Figure 2-8). The NP is a hydrated gel located internally within the disc, composed mainly
of water, type-II collagen fibers, and proteoglycans (Standring, 2016). Due to its soft structure, the NP
is highly deformable and mainly contributes to load distribution across the surfaces of the vertebra
bodies. The AF is a fibrous ring that surrounds the NP in the intervertebral disc (Standring, 2016). Its
structure consists of fifteen to twenty-five concentric sheets of collagen, known as lamellae. Adjacent
laminae have alternating orientations to their collagenous fibers, usually aligned at + 65° to the vertical.
The outermost layers are harder and primarily composed of type-I collagen, while the innermost layers
are softer and composed of type-II collagen (Standring, 2016). The orientation and composition of the

fibrous layers allow for a combination of multidirectional load resistance, stiffness, and flexibility.
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Figure 2-8: Location and structure of the intervertebral disc.
Note. Reproduced from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe,
B., Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax,

Rice University. Access for free at openstax.org.

2.1.4 Facet Joints

The facet (zygapophysial) joints are bilateral synovial joints connecting articular processes of adjacent
vertebrae (Standring, 2016) (Figure 2-9). The articulating surfaces, which are the superior and inferior
articular surfaces, are covered in slippery and smooth hyaline cartilages to reduce friction between the
bones. The facet joint is surrounded by the fibrous capsule, a thin fibrous membrane that seals and
provides stability to the joint (Standring, 2016). The synovial membrane is attached to the inner surfaces
of the fibrous capsule and the articulating cartilages, being responsible for synthesizing the synovial
fluid. This fluid is viscous due to the presence of hyaluronic acid and has the primary function of

lubricating the joint to reduce friction between the articular surfaces (Standring, 2016).
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Figure 2-9: Typical structure of a synovial joint.
Note. Reproduced from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe,
B., Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax,

Rice University. Access for free at openstax.org.

The main functions of the facet joint are distributing the compressive load in the articular processes and
limiting the relative movement between vertebrae, especially flexion and axial rotation (Yoganandan
et al., 2001). The shape and orientation of the facet joints are highly affected by the vertebrae geometry
and, consequently, by the spinal level (Nowitzke et al., 1994). The elliptical surfaces of the cervical
facet joints form mean angles between 30° and 60° with the axial plane and 5° to 30° with the sagittal
plane (Panjabi et al., 1993). These orientations create a coupled movement between axial rotation and

lateral bending in the cervical spine (Bogduk & Mercer, 2000).

2.1.5 Ligaments

Ligaments are dense connective tissues that attach two bones together to provide joint stability and
support (Standring, 2016). They are generally ribbon-shaped, but their structures are adapted to their
function and position in the body. In the vertebral column, ligaments connect adjacent vertebrae and

contribute to the spinal alignment and ranges of motion. Due to the unique vertebra features and absence
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of intervertebral discs, the upper cervical spine ligaments differ considerably from the lower cervical

spine and the rest of the vertebral column (Standring, 2016).

The longitudinal ligaments are strong bands connecting longitudinally the vertebral column. These
multi-layered ligaments are attached to the surfaces of vertebral bodies and intervertebral discs
(Standring, 2016). The anterior longitudinal ligament (ALL) connects the anterior surfaces of vertebral
bodies and extends from the occipital bone to the upper sacrum (Figure 2-10). Between the skull and
the axis, the ALL is attached to the anterior tubercle of the atlas. Conversely, the posterior longitudinal
ligament (PLL) connects the posterior surfaces of the vertebral bodies from the axis to the sacrum
(Figure 2-10). While both longitudinal ligaments assist in spine stabilization, the ALL and PLL have

the specific roles of restricting neck extension and flexion, respectively.
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Figure 2-10: Lateral section view of the spinal ligaments.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The capsular ligament (CL) is attached peripherally to each articular process of adjacent vertebrae,
enclosing the facet joint (Figure 2-10). The CL is the thickening of the fibrous capsule, being present
in all intervertebral levels between the skull and the first sacral vertebra (Standring, 2016). While their
primary functions are to seal and protect the articulation, the CL also resist excessive axial rotation and
flexion of the spine. The ligamenta flava (LF) are located posteriorly to the vertebral canal, connecting
the laminae of adjacent vertebrae from the axis to the sacrum (Figure 2-10). They are divided into two

symmetric portions for each intervertebral level, extending from the articular to the spinous processes
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of each lamina (Standring, 2016). Due to their posterior location in the vertebra, the LF can restrict the

movement between subsequent laminae and resist neck flexion.

The interspinous ligament (ISL) is composed of thin sheets connecting the spinous processes of
adjacent vertebrae from the atlas to the first sacral segment (Figure 2-10). The ISL extends from the
root to the apex of each spinous process, connecting anteriorly with the LF and posteriorly with the
nuchal ligament in the cervical region and with the supraspinous ligament in the thoracic and lumbar
regions (Standring, 2016) (Figure 2-11). The ISL restrict the movement between subsequent spinous
processes and limits neck flexion. The ligamentum nuchae (LN), also known as the nuchal ligament,
has a unique membranous structure that connects the external occipital protuberance with the C7
spinous process (Figure 2-11). The LN is attached to the ISL and supraspinous ligaments, creating a
midline partition for the left and right neck muscles (Standring, 2016). Apart from resisting neck

flexion, the LN also provide a midline attachment for the muscles.
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Nuchal
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Figure 2-11: Lateral view of the spinal ligaments.
Note. Reproduced from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe,
B., Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax,

Rice University. Access for free at openstax.org.
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The upper cervical spine ligaments can be divided according to their attachments with the skull, atlas,
and axis. The atlanto-occipital ligaments connect the atlas to the skull (Standring, 2016). The anterior
atlanto-occipital membrane (AA-OM) attaches the anterior arch of the atlas to the foramen magnum in
the skull (Figure 2-12). Conversely, the posterior atlanto-occipital membrane (PA-OM) connects the
posterior arch of the atlas to the foramen magnum (Figure 2-13). Due to the absence of an atlantal
vertebral body, the AA-OM and PA-OM perform analogous functions to the ALL and PLL in resisting
extension and flexion, respectively. The ALL, CLs, and LN also connect the atlas to the skull.

Occipital bone

Anterior atlanto-occipital
membrane (AA-OM)

C1 vertebra

Anterior atlanto-axial
membrane (AA-AM)

C2 vertebra

Anterior longitudinal ligament (ALL
C3 vertebra 8 & (ALL)

Figure 2-12: Anterior view of the occipital-atlanto-axial ligaments.
Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.
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Figure 2-13: Posterior view of the occipital-atlanto-axial ligaments.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The atlanto-axial ligaments connect the atlas to the axis (Standring, 2016). The anterior atlanto-axial
membrane (AA-AM) attaches the anterior arch of the atlas to the anterior surface of the axial vertebral
body (Figure 2-12). The posterior atlanto-axial membrane (PA-AM) connects the posterior arch of the
atlas to the axial laminae, acting as a continuation of the LF (Figure 2-13). The two atlanto-axial
membranes have the main function of limiting neck motion, while the PA-AM also contributes to
protecting the spinal cord. The transverse ligament (TL) connects the two lateral surfaces of the atlantal
lateral masses, dividing the vertebral foramen into two compartments (Figure 2-14). The TL stabilizes
the axial dens in the posterior compartment, especially during rotational movements. Two longitudinal
bands arise from the middle of the TL, connecting to the occipital bone and to the posterior axial surface
(Standring, 2016). The union of the TL with the superior and inferior longitudinal fibers constitutes the
cruciform ligament (Figure 2-14). While the main portion of the alar ligaments connects the skull and
the axis, individuals may have fibers connecting the anterior surface of the atlas with the anterior

atlantal arch (Standring, 2016). The ALL, CLs and LN also connect the atlas to the axis.
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Figure 2-14: Posterior section view of the occipital-atlanto-axial ligaments.
Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The last group of upper cervical spine ligaments connect the axis and the skull (Standring, 2016).
Located inside the vertebral canal, the tectorial membrane (TM) connects the posterior surface of the
axial body to the occipital bone (Figure 2-15). The TM acts as a continuation of the PLL and forms a
protective layer between the cruciform ligament and the spinal cord. The occipital pair of the alar
ligaments attach the lateral surfaces of the dens to the medial side of the occipital condyles, limiting
the flexion, axial rotation and lateral bending of the neck (Figure 2-14). Located between the alar
ligaments, the apical ligament connects the apex of the axial dens to the foramen magnum and provides

stability to the odontoid process (Figure 2-15). The ALL and LN also connect the axis to the skull.
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Figure 2-15: Lateral section view of the occipital-atlanto-axial ligaments.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

Ligaments are formed of parallel bundles of type-I collagen and elastin proteins that have
complementary roles in their mechanical response (Standring, 2016). Collagen fibers are viscoelastic
and provide increased tensile strength, while elastin is hyperelastic and can withstand elevated
deformations before failure. Therefore, ligaments exhibit a hyper-viscoelastic behavior, which varies
according to the percentual of collagen and elastin in their composition (Yoganandan et al., 2001).
Depending on their function and position, ligaments can have bundles oriented in a range of directions
to allow for a multidirectional motion of the attached bones (Yoganandan et al., 2001). The force-
displacement curve of a ligament is usually divided into four regions: toe, linear, traumatic, and post-
traumatic (Standring, 2016; Yoganandan et al., 2001) (Figure 2-16). The toe region is an initial non-
linear region with low stiffness, where the crimped collagen fibers are straightened. The linear region
is the subsequent region with a linear stiffer behavior, where the straight fibers are stretched. The
traumatic region refers to the stretch beyond the linear limit, where plastic deformation starts due to the
rupture of some ligament fibers. Lastly, the post-traumatic (failure) region happens after the ultimate
tensile force is reached and multiple fiber fail, leading to the ligament tear (Standring, 2016;

Yoganandan et al., 2001).
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Figure 2-16: Typical mechanical response of ligaments with their different response regions.

2.1.6 Spinal Cord and Nerves

The spinal cord is part of the central nervous system, while its nerves are part of the peripheral nervous
system (Standring, 2016). The spinal cord is elongated and resides in the vertebral canal, extending
from the brain to a conical extremity at the beginning of the lumbar region (Figure 2-17a). Its structure
is formed of a butterfly-shaped core of grey matter containing neuronal cell bodies and an outer layer
of white matter encompassing bundles of axons (Standring, 2016) (Figure 2-17b). Three protective
layers (meninges) encapsulate the spinal cord: the dura mater, the arachnoid, and the pia mater. The
dura mater is the outermost layer, consisting of a thick and robust membrane. The arachnoid is a thin
sheath that lies inside the dura mater and separates from the pia mater by a cavity filled with
cerebrospinal fluid. The pia mater is a thin and fibrous structure that adheres to the surface of the spinal

cord and connects to the dura mater by the denticulate ligaments (Standring, 2016). The primary

Displacement

function of meninges is to protect and support the vascularization of the spinal cord.
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(a) Lateral scheme of the spinal cord and nerves (b) Superior section view of the spinal cord and the
associated nerve roots
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Figure 2-17: Lateral scheme (a) and superior section view (b) of the spinal cord and nerves.

Note. Figure 2-17a adapted from Sheryl, T., Faull, L., & Curtis, A. (2022, September 13). Spinal cord
details. Wikimedia Commons. https://commons.wikimedia.org/wiki/File:Spinal cord details.jpg.
Figure 2-17b adapted from Time3000. (2006, December 20). Spinal cord direv. Wikimedia Commons.
https://commons.wikimedia.org/wiki/File:Spinal cord direv.svg CFCF. (2014, June 9). Anatomical

Planes. Wikimedia Commons. https://commons.wikimedia.org/wiki/File: Anatomical Planes.svg.

The spinal nerves emerge from the spinal cord, carrying signals between the central nervous system
and the body (Standring, 2016). The pair of nerves are categorized according to their spinal level
(cervical, thoracic, lumbar, sacral, and coccygeal), extending from the first cervical to the first
coccygeal vertebra (Figure 2-17a). The cervical nerves are generally referenced according to the
vertebra located inferiorly to the root (e.g., the C4 nerve is located between C3 and C4), while the
nerves from other spinal regions are designated by their superior vertebrae (e.g., the TS5 is located
between TS5 and T6). Each nerve has a dorsal and a ventral root, which consists of bundles of nerve
fibres. The dorsal root is characterized by the presence of a distinguished oval swelling, the ganglion.
The dorsal root ganglion is a cluster of neurons that enlarge the diameter of the root and usually lies in
the IVF (Standring, 2016). The dorsal root merges with the ventral root inside the subarachnoid cavity

to form a spinal nerve and exit the dura mater (Figure 2-17b).
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2.1.7 Muscles

The muscle tissues can be categorized into skeletal, cardiac, and smooth, according to their function,
structure, location, and contraction type (Standring, 2016). The skeletal muscles are striated with
voluntary contraction, attached to bones through tendons, and responsible for body support and
movement. The cardiac muscles are striated with involuntary contraction, located in the walls of the
heart, and are essential for pumping blood around the body. The smooth muscles are non-striated with
involuntary contraction, located in the walls of other visceral organs and throughout blood vessels, and

function to regulate and control the multiple body systems (Standring, 2016).

The neck musculature is formed of thirty-one layered skeletal muscles that generate forces to support
and protect the cervical spine and to stabilize and move the head and neck (Standring, 2016). They are
connected to the bones through the tendons, which are dense fibrous structures similar to the ligaments.
The attachment points at the end of muscles are referred to as origin and insertion, depending on which
part moves during contraction. The origin stays stationary while the insertion moves during muscle
activation. The neck muscles are symmetrical around the sagittal plane and can be divided into anterior
and posterior regions. The anterior portion encompasses the sternocleidomastoid, hyoid, anterior
vertebral, and lateral vertebral muscles, while the posterior portion comprises the scapular, splenius,

erector spinae, transversospinal, and suboccipital muscles (Standring, 2016).

The sternocleidomastoid is the superficial neck muscle that arises from the sternum and the clavicle
(two heads) and inserts into the mastoid process (Standring, 2016) (Figure 2-18). Due to the connection
between the anterior and posterior portions of the neck, the sternocleidomastoid performs the axial
rotation (unilateral activation), lateral bending (unilateral activation), and flexion (bilateral activation)

of the head (Standring, 2016).
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Figure 2-18: Lateral view of the neck muscles.
Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The hyoid muscles in the human neck are attached to the hyoid bone, being subdivided into suprahyoid
and infrahyoid (Standring, 2016). The suprahyoid group is located superiorly to the hyoid bone,
comprising the digastric, geniohyoid, mylohyoid, and stylohyoid (Figure 2-19). They originate either
from the mandible or the skull, contributing to the deglutition process by elevating the hyoid bone and
the floor of the mouth (Standring, 2016). The infrahyoid group is located inferiorly to the hyoid bone,
including the sternohyoid, omohyoid, sternothyroid, and thyrohyoid (Figure 2-19). The sternohyoid
originates from the medial end of the clavicle and inserts into the hyoid bone. The omohyoid is divided
into an inferior belly, connecting the medial end of the clavicle to the intermediate tendon, and a
superior belly, continuing from the intermediate tendon to the hyoid bone. The sternothyroid arises
from the sternum and the cartilage of the first rib, being inserted into the thyroid cartilage. The
thyrohyoid acts as a continuation of the sternothyroid, connecting the thyroid cartilage (origin) with the
hyoid bone (insertion). The infrahyoid muscles are responsible for lowering the hyoid bone after

elevation and moving the larynx during swallowing or speaking (Standring, 2016).
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Figure 2-19: Anterior view of the neck muscles.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The anterior vertebral muscles consist of two rectus capitis (anterior and lateral) and two longus (capitis
and colli) on each side (Figure 2-20). The rectus capitis muscles originate from the transverse process
of the atlas and are inserted into the occipital bone. The rectus capitis anterior portion contributes to
atlanto-occipital flexion, while the rectus capitis lateral performs the lateral bending in the same joint
(Standring, 2016). The longus capitis arises from the anterior tubercles of the transverse processes of
the vertebrae between the C3 and C6, being inserted into the occipital bone. The longus colli originates
from the vertebral bodies of the segments between C3 and T3, being connected to the transverse
processes of C2 and C6 and the anterior arch of the atlas. Both longus muscles contribute to head

flexion, while the longus colli also axially rotate the head (Standring, 2016).
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Figure 2-20: Anterior view of the anterior and lateral vertebral muscles.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The lateral vertebral muscles include the scalenus anterior, medius and posterior (Figure 2-20). The
scalenus anterior arises from the transverse processes of vertebrae between C3 and C6 and is inserted
into the first rib. The scalenus medius originates from the transverse processes of vertebrae between C2
and C6, being attached to the first rib. The scalenus posterior attaches C4, C5, and C6 transverse
processes to the second rib. The three scaleni produce the flexion and lateral bending of the cervical
vertebral column (Standring, 2016). The combination of the anterior and lateral vertebral muscles forms

the prevertebral group of the neck musculature.

The scapular muscles are the neck posterior musculature inserted into the scapula and comprise the
trapezius, levator scapula, and rhomboid minor (Figure 2-21). The trapezius is a superficial muscle that
arises from multiple attachments, including the external occipital protuberance, the LN, and the spinous
processes between 7 and T12. The trapezius moves and stabilizes the scapula but can also assist in head
extension (Standring, 2016). The levator scapulae originate from the transverse processes of the first
two cervical vertebrae, contributing to scapula elevation and lateral bending (Standring, 2016). The
rhomboid minor arises from the lower LN and the spinous processes of C7 and T1, performing scapular

and shoulder retraction (Standring, 2016).
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Figure 2-21: Posterior view of superficial neck muscles.

Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The splenius capitis arises from the mastoid process and inserts into the spinous processes and
interspinous ligaments located between C7 and T3 (Figure 2-21). The splenius capitis contributes to
the axial head rotation when activated unilaterally and to head extension when activated bilaterally
(Standring, 2016). The splenius cervicis arises similarly from the transverse processes of C1 and C2
and the posterior tubercle of C3, attaching to spinous processes between T3 and T6 (Figure 2-21). The
splenius cervicis contributes to axial rotation (unilateral activation) and extension (bilateral activation)

of the head (Standring, 2016).

The erector spinae in the neck consists of the longissimus capitis, longissimus cervicis, and iliocostalis
cervicis (Figure 2-22). The longissimus capitis originates from the mastoid process and connects to the
transverse processes of vertebrae from C5 to T4. The longissimus cervicis arises from the transverse
processes of C2 to C6 vertebrae and inserts into the transverse of the first four thoracic segments. The
iliocostalis cervicis originates from the C4, C5, and C6 transverse processes and is inserted in the third
to sixth ribs. While the force capacity of the cervical and capital erector spinae is limited, these muscles

can contribute to the extension and axial rotation of the head (Standring, 2016).
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Figure 2-22: Posterior view of deep neck muscles.
Note. Adapted from Gray, H. (1918). Anatomy of the Human Body (20th ed.). Lea & Febiger.

The transversospinal group in the neck includes the muscles that connect the transverse and spinous
processes of vertebrae, encompassing the multifidus, semispinalis cervicis, and semispinalis capitis
(Figure 2-22). The multifidus arises from the lateral surfaces of the spinous process and is inserted into
the articular processes of vertebrae from lower levels. The semispinalis cervicis originates from the
spinous processes of C2 to C5, being attached to the transverse processes of T1 to T6 vertebrae. The
semispinalis capitis arises from the occipital bone and inserts into the articular processes of C4 to C7
and the transverse processes of T1 to T6 vertebrae. Due to their longitudinal fiber orientation, the

transversospinal muscles primarily contribute to the extension of the origin bone (Standring, 2016).

The suboccipital muscles originate from the first two cervical vertebrae and insert into the occipital
bone, including the rectus capitis posterior (major and minor) and the obliquus capitis (inferior and
superior) (Figure 2-22). The rectus posterior capitis major arises from the spinous process of the axis,
contributing to the head extension and axial head rotation (Standring, 2016). The rectus capitis posterior
minor originates from the posterior process of the atlas and is responsible for head extension. The
oblique capitis inferior arises from the lateral process and lamina of the axis, performing extension and
axial rotation of the head (Standring, 2016). The oblique capitis superior originates from the transverse

process of the atlas, contributing to the extension and lateral bending of the head.
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The skeletal muscle features a well-organized hierarchical structure, being divided from the whole
muscle down to the individual contraction units (Standring, 2016) (Figure 2-23). The whole muscle
comprises fascicles and their associated blood vessels, surrounded by a dense connective tissue sheath
called epimysium. Each fascicle is composed of multiple muscle fibers enclosed by a similar sheath
called perimysium. The muscle fiber is a long, cylindrical structure containing myofibrils, nuclei,
mitochondria, and nerves, covered by a thin connective tissue called endomysium. An individual
myofibril is composed of myofilaments and is surrounded by the sarcoplasmic reticulum, which is a

complex network responsible for the regulation of the concentration of calcium ions (Standring, 2016).
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Figure 2-23: Hierarchical structure of skeletal muscles.
Note. Adapted from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe, B.,
Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax, Rice

University. Access for free at openstax.org.
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Myofilaments are the essential protein for muscle contraction, being organized in periodic contractile
units called sarcomeres (Standring, 2016). Each sarcomere is composed of thin (actin) and thick
(myosin) filaments that are aligned longitudinally (Figure 2-24). The longitudinal boundaries of the
sarcomere are delimitated by thin transverse dark segments (Z-lines), while its center is delimited by a
transverse visible material that connects the thick ligaments (M-line). The A-band encompasses the
whole length of the myosin filaments, while the I-band consists of actin filaments of adjacent
sarcomeres that are not overlapped by myosin. The H-zone is the central portion of the A-band that is

not penetrated by actin filaments (Standring, 2016).
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Figure 2-24: Arrangement of actin and myosin filaments in the sarcomere.
Note. Reproduced from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe,
B., Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax,

Rice University. Access for free at openstax.org.

The process of muscle contraction begins with the arrival of neural stimulation at the neuromuscular
junction, causing acetylcholine to be released (Standring, 2016). Signal receptors bind this
neurotransmitter and cause a local depolarization of the sarcolemma, a specialized membrane beneath

the endomysium. The action potential is promptly transmitted to the whole fiber through the
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sarcolemma extensions (T-tubules), triggering the release of calcium from the sarcoplasmic reticulum.
The calcium ions bind to troponin C, which are calcium-sensitive switches in actin filaments, inducing
changes in the actin proteins (Gash et al., 2018). The modified actin shapes allow for connections with
myosin heads, forming the cross-bridges and causing the filaments to slide past each other to initiate
the contraction (Figure 2-25). The I- and H-bands drastically shorten during this process, while the A-
band remains approximately the same. When the excitation ceases, the sarcolemma repolarizes, and the
calcium ions return to the sarcoplasmic reticulum. The actin bindings are covered, causing the myosin

filaments to slide back into the relaxed position (Standring, 2016).

T T T
Lighter | band Darker A band Lighter | band

Figure 2-25: Sliding actin and myosin filaments during muscle contraction.
Note. Reproduced from Betts, J. G., Desaix, P., Johnson, E., Johnson, J. E., Korol, O., Kruse, D., Poe,
B., Wise, J. A., Womble, M., & Younge, K. A. (2022). Anatomy and Physiology (2nd ed.). OpenStax,

Rice University. Access for free at openstax.org.

The mechanical response of the muscles is slightly different from the other soft tissues due to the
influence of contraction, being a combination of passive and active components. The passive behavior
of the muscle tissues can be described as non-linear and viscoelastic, with extended elongations before

failure (Best et al., 1995; Morrow et al., 2010). This portion represents the properties of a relaxed
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muscle that does not experience any level of contraction. In contrast, the active behaviour is a function
of the activation level and current mechanical state (length and velocity) of the muscle (Winters &
Woo, 1990). The generation of active force increases the stiffness and reduces the elongation before

the failure of the muscles (Hasselman et al., 1995).

2.2 Whiplash-Associated Disorders

The concept of whiplash was initially introduced to describe a neck injury occurring from a sudden
acceleration or deceleration due to external loads (Crowe, 1928, 1964). After appearing in the first
medical publication (A. G. Davis, 1945), the term was rapidly adopted for decades to refer to the injury,
its mechanism and even its symptoms. The Quebec Task Force identified this ambiguity and redefined
the meaning of whiplash as “an acceleration-deceleration mechanism of energy transfer to the neck”
(Spitzer et al., 1995, p. 22S). Whiplash injuries were defined as the bony or soft-tissue injuries
consequence of whiplash, while whiplash-associated disorders (WADs) were adopted to describe the

variety of clinical entities associated with those injuries (Spitzer et al., 1995).

2.2.1 Symptoms and Classification

The symptoms of a whiplash injury include neck and shoulder pain, headache, visual and auditory
obstructions, dizziness, dysphagia, paresthesia, and cognitive and psychological alterations (Barnsley
et al., 1994; Norris & Watt, 1983; Spitzer et al., 1995). While their source may be unclear, the initial
symptoms are hypothesized to have an organic basis (Siegmund et al., 2009). These symptoms can be
divided into acute and chronic, depending on the residual effects after a defined period of time. Acute
pain is short-term (lasting less than 3 months), while chronic pain is long-term (persisting for more than
3 to 6 months) and more difficult to resolve (Niv & Devor, 2007). In addition to headaches, neck and
shoulder pains are the most frequent acute and chronic symptoms when multiple whiplash studies are

considered (Bogduk, 2006).

Due to the extensive list of symptoms and their durations, the definition of consistent scales to
standardize the injury severity was necessary for precise assessments and appropriate treatments.
Developed by the Association for the Advancement of Automotive Medicine, the abbreviated injury
scale (AIS) is an international grading system for anatomic injuries under each specific body system
(Committee on Medical Aspects of Automotive Safety, 1971). The ranking defines six severity rates,

varying from AIS 1 (minor) to AIS 6 (fatal). The AIS injury scale of the cervical spine can be used to
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assess the severity of whiplash injuries (Association for the Advancement of Automotive Medicine,
2008), which are usually classified as AIS 1 and 2 (Table 2-1). To complement the AIS, the Injury
Severity Score (ISS) was introduced to provide a combined severity score for patients with multiple

injuries around the body (Baker et al., 1974).

Table 2-1: AIS injury scale and examples for the cervical spine.

AIS Code Injury Examples

1 (minor) Spinous ligament injury, strain (acute) with no fracture or dislocation

Disc injury, dislocation (no cord involvement, no fracture), fracture of the
2 (moderate) spinous process, transverse process, facet, lamina, pedicle (no cord
involvement), nerve root contusion or laceration

Cord contusion, odontoid fracture, bilateral facet dislocation, vertebral body

3 (serious) burst fracture (>20% loss of anterior height)

4 (severe) Incomplete cord syndrome
5 (critical) Complete cord syndrome (C4 or below), cord laceration (C4 or below)
6 (fatal) Complete cord syndrome (C3 or above), cord laceration (C3 or above)

Note. Reproduced from Association for the Advancement of Automotive Medicine. (2008). The

Abbreviated Injury Scale 2005 Update 2008. AAAM, Des Plaines, Illinois.

The classification of whiplash injuries with the AIS scale can be broad as it may not consider different
symptoms related to soft tissue injuries in the neck and their durations. The Quebec Classification of
Whiplash-Associated Disorders, proposed by the Quebec Task Force, categorizes WADs according to
clinical-anatomic and time references. The clinical classification divides the clinical entities into five
grades of severity (Table 2-2). The time classification was defined to guide the clinical management,
and patients were graded based on the duration of their symptoms: less than 4 days, from 4 to 21 days,

from 22 to 45 days, from 46 to 180 days, and more than 6 months (Spitzer et al., 1995).
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Table 2-2: Clinical classification of WADs.

Grade Clinical presentation

0 No complaint about the neck
No physical sign(s)

I Neck complaint of pain, stiffness, or tenderness only
No physical sign(s)

I Neck complaint and musculoskeletal sign(s)*

I Neck complaint and neurological sign(s)T

v Neck complaint and fracture or dislocation

* Musculoskeletal signs include decreased range of motion and point tenderness.

T Neurologic signs include decreased or absent deep tendon reflexes, weakness, and sensory
deficits.

Symptoms and disorders that can be manifested in all grades include deafness, dizziness, tinnitus,
headache, memory loss, dysphagia, and temporomandibular joint pain.

Dotted lines indicate limits of terms of reference of Task Force

Note. Reproduced from Spitzer, W. O., Skovron, M. L., Salmi, L. R., Cassidy, J. D., Duranceau, J.,
Suissa, S., Zeiss, E., Weinstein, J. N., & Nogbuk, N. (1995). Section 3: Consensus Findings. In
Scientific monograph of the Quebec Task Force on whiplash-associated disorders: Redefining

“Whiplash” and its management. Spine, 20(8).

2.2.2 Impact Direction and Severity Thresholds

When considering the initial symptoms, several factors have been investigated and associated with an
increased occurrence of WADs, including the impact direction and crash severity. Among the types of
vehicle collisions, epidemiological data suggest that whiplash injuries are predominant in rear impacts,
followed by frontal (Berglund et al., 2003; Kullgren et al., 2013; Martin et al., 2008). Evaluating crash
severities in rear impacts helps correlate impact kinematics, such as velocity and acceleration, with the
risk of WADs. A study with the crash pulses from 66 rear impacts verified that for mean acceleration
between 6 g and 7 g, all cases experienced WADs within the first month, with over 80% having
symptoms for more than one month (Krafft et al., 2002). In contrast, no individual sustained WADs for
more than one month when the mean impact acceleration was lower than 3 g (Krafft et al., 2002). The
average change in velocity and mean acceleration to cause whiplash symptoms for more than one month
were found to be 20.0 km/h and 5.3 g (Table 2-3). According to the Quebec Classification of Whiplash-

Associated Disorders, occupants sustained WAD grades 0, 1, and 2+ with average peak accelerations
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of 6.7 g, 8.6 g, and 10.1 g, respectively (Kraftt et al., 2002). Another study with 207 occupants in 150
rear-end vehicle collisions correlated different whiplash injury risks with changes in velocity and mean
accelerations (Krafft et al., 2005). The risk of whiplash symptoms for more than one month was 50%
at a change in velocity of 23 km/h and a mean acceleration of 6.1 g (Krafft et al., 2005). The study also

confirmed that for accelerations under 3 g, no symptoms were expected one month after the accident.

Table 2-3: Average change in velocity, mean acceleration and peak acceleration for different

injury classifications.

Injury No. of Chang.e in Mean' Peak .
classification Category cases velocity  acceleration acceleration
(km/h) (8 (®

All 94 10.4 (£ 2.0) 3.6 (£0.3) 7.9 (*0.7)
Reporting No reported neck injury 53 7.7 (£ 1.2) 3.0(=x0.3) 6.7 (£0.7)
Reported neck injury 41 13.9 (£ 2.6) 44(£0.4) 9.5(x1.0)

Duration of WADs  Less than 1 month 26 103 (£2.1) 3.9=0.5) 8.7(x1.3)
More than 1 month 15 20.0 (=4.8) 53(0.6) 10.8(x1.4)

More than 6 months 11 20.7 (£ 6.2) 55x0.7) 11.1(x1.6)

WAD category WAD 0 53 7.7 (*1.2) 3.0(£0.3) 6.7 (£ 0.8)
WAD 1 20 10.1 (£2.3) 3.9(=0.6) 8.6 (£1.5)

WAD 2 and 3 18 16.2 (£3.8) 48(x0.6) 10.1(x=1.5)

Note. Reproduced from Krafft, M., Kullgren, A., Ydenius, A., & Tingvall, C. (2002). Influence of crash
pulse characteristics on whiplash associated disorders in rear impacts-crash recording in real life

crashes. Traffic Injury Prevention, 3(2). https://doi.org/10.1080/15389580212001

2.2.3 Pain Sources

The pain originating from whiplash injuries can be classified into two different pathophysiology forms,
somatic and radicular, according to its source. Somatic pain is generated from musculoskeletal
structures when their tissues are damaged. This pain is caused by electrical signals generated in the
nociceptors of the affected tissue and transmitted along their nerves to the central nervous system
(Bogduk, 2003). Referred somatic pain is a subcategory of somatic pain that is sensed in a region of
the body different from its primary source. Pain occurring from neck soft tissues may also be perceived
in the head, shoulder, upper limbs, and chest walls (Bogduk, 2003). Radicular pain originates from

compression and subsequent inflammation of the spinal nerves or nerve roots. This pain is caused by
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abnormal electrical impulses in the nociceptors of the dorsal root ganglion or the affected nerve roots
(Bogduk, 2003). Alternative symptoms, such as paresthesia, may appear with radicular pain and are the
consequence of neurological signs produced by the blocking axon conduction, restriction of blood
supply, or compression of nociceptors. Similar to the referred somatic pain, radicular symptoms may

also be perceived in other regions of the body (Bogduk, 2003).

The source of initial WADs can be uncertain (Binder, 2007), but multiple cervical sites have been
postulated to be potential injury sources. The list is composed of innervated structures, including the
facet joints, cervical spine ligaments, neck muscles, nerve roots, vertebral arteries, and intervertebral

discs (Bogduk, 2003; Siegmund et al., 2009).

Facet Joints

The cervical facet joints have been identified as the most common source of neck pain, accounting for
54% to 60% of chronic whiplash injuries (Aprill & Bogduk, 1992; Barnsley et al., 1994, 1995; Lord et
al., 1996). Barnsley et al. (1995) and Lord et al. (1996) studied double-bind diagnostic anesthetic blocks
in groups of 68 and 50 whiplash patients with chronic neck pain, respectively. Both studies
demonstrated that most patients experience pain relief with the facet blocks, while the latter also
verified that C2-C3 and C5-C6 were the spinal levels with the highest frequency of facet joint
symptoms. Facet joints are highly innervated, and several studies demonstrated the presence of

nociceptors in their cervical portion (Giles & Harvey, 1987; Inami et al., 2001; Kallakuri et al., 2004).

Many authors investigated the motion of the articular processes and facet capsules during whiplash
(Cusick et al., 2001; Pearson et al., 2004; K. H. Yang & King, 2003). Considering the results of those
studies, two injury mechanisms have been proposed for the facet joints: the compression of the synovial
fold and excessive strain of the CLs (Siegmund et al., 2009). The compression of the synovial fold was
initially hypothesized by investigating the response of the cervical spine segments during whiplash,
which demonstrated vertebral rotations beyond their ranges of motion (Kaneoka et al., 1999; Ono et
al., 1997). This abnormal movement generated elevated compression in the facet joints of lower
cervical segments, causing their center of rotation to move upwards. This could cause the inferior
articular facet to collide with the superior articular facet, which was suggested to pinch the synovial
fold and cause the pain process (Kaneoka et al., 1999; Ono et al., 1997). While nociceptors were found
in the synovial folds (Inami et al., 2001), no further investigation has confirmed the mechanism that

activates those pain receptors (Siegmund et al., 2009).
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Conversely, the excessive strain of the facet capsules has been widely investigated and proposed as a
primary injury mechanism of the facet joints during whiplash impacts (Panjabi et al., 1998; Pearson et
al., 2004; K. H. Yang & King, 2003). The combined effect of axial compression and shear force was
first suggested to contribute to large strains in the facet joint capsule (K. H. Yang et al., 1997). This
initial hypothesis was further investigated in a series of experiments with cadaveric specimens that
confirmed elevated stretching of the CLs during whiplash (Panjabi et al., 1998; Pearson et al., 2004).
Panjabi et al. (1998) measured in situ CL elongations in fresh cadavers during whiplash impacts and
verified peak strains up to 29.5% (6.5 g) and 35.4% (10.5 g) at the C6-C7 level. Pearson et al. (2004)
performed a similar study with a cervical spine model and measured a maximum C6-C7 capsule strain
0f'39.9% for an acceleration of 8 g. These studies showed that the peak strains were higher in the lower
cervical spine and exceeded the physiological values for multiple spinal levels (Panjabi et al., 1998;
Pearson et al., 2004). The measured cervical facet capsular strain for partial rupture ranged between
35% and 65%, indicating that CLs may experience sub-catastrophic failure during whiplash (Siegmund
et al., 2001; Winkelstein et al., 2000). Another cadaveric experiment used pretorque on cervical spine
motion segments to simulate head-rotated impacts and assess the effect of head position on facet
capsule strains (Siegmund et al., 2008). Results showed that peak capsule strains with pretorque, 34%,
were double the values for models without pretorque, 17%, and close to partial failure thresholds
(Siegmund et al., 2008). These findings suggest that head rotation can potentialize the effect of

whiplash-type impacts on the capsular ligaments and increase their risk of injury.

Facet capsules contain nerve fibers that transmit nociceptive signals, reinforcing the theory that
extensive CL elongation can cause pain (Cavanaugh, 2000). Lu et al. (2005a, 2005b) studied the effect
of mechanical load on afferent signalling experienced in caprine facet capsules. The model identified
low threshold receptors, starting at 10% strain and saturating at 34% to 44% strain, and high threshold
receptors, saturating at 47% strain. The low threshold receptors were hypothesized to activate
mechanoreceptors and warn for potential injury, while the high threshold receptors would activate
nociceptors and initiate the pain process (Lu et al., 2005a, 2005b). These results indicate that the pain
(44% strain) may occur before the sub-catastrophic failure (35% to 65% strain) of the facet capsules.
The intensity and duration of pain are affected by the mechanical load in the facet capsule, and sub-
catastrophic failure strain was associated with persistent sensitivity in rodent models (Lee et al., 2004;
Quinn et al., 2007). A similar level of strain can also disorganize the orientation of collagen fibers in

the CLs (Quinn et al., 2007).
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Ligaments

Ligamentous injuries in whiplash patients have been mainly identified through magnetic resonance and
autopsy examinations (Jonsson et al., 1991; Kaale et al., 2005a, 2005b; Krakenes & Kaale, 2006). These
studies verified that whiplash impacts caused structural damage in upper cervical spine ligaments,
especially the alar ligaments. Similar to the CLs, the other cervical ligaments are highly innervated with
mechanoreceptive and nociceptive endings (Kojima et al., 1990; Siegmund et al., 2009). Injury in the
cervical ligaments and their innervations may cause whiplash symptoms and instabilities in the cervical

spine (Siegmund et al., 2009).

To further understand the injury locations and thresholds, the ligament motions during whiplash were
investigated in whole cadaveric cervical spine models (Ito et al., 2004; Ivancic et al., 2004, 2005;
Panjabi, Pearson, et al., 2004). The spinal models were tested in rear impact scenarios and predicted
increased ALL strains for higher impact severity, reaching a peak value of 29.3% at 8 g (Ivancic et al.,
2004). The ALL strains were the highest in the lower cervical spine but mainly below the failure
threshold (Ivancic et al., 2004). The intervertebral levels with injured ligaments also experienced an
increase in the neutral zone and ranges of motion, indicating that ligamentous injury generates
instabilities in the spine (Ito et al., 2004; Ivancic et al., 2004). The extension neutral zone started to
have a significant increase (39.8%) for rear impact severities of 5 g, indicating a possible injury
threshold acceleration (Ito et al., 2004). For frontal impacts, the cervical spine models experienced
elevated LF and ISL strains with peak values at C3-C4 (Panjabi, Pearson, et al., 2004). These ligaments
exceeded the physiologic limit at a 4g impact, while the PLLs did not experience strains outside of the

physiological motion for any severity (Panjabi, Pearson, et al., 2004).

The effect of head positioning on the cervical ligaments was studied initially in a comparison of
magnetic resonance imaging (MRI) of several whiplash patients (Kaale et al., 2005a). Individuals with
the head rotated prior to impact experienced more severe injuries in the alar and TL ligaments than the
ones with the head in the neutral position. The TM had a modest increase in the occurrence of severe
lesions with head rotation, while the PA-OM did not show a statistically significant difference (Kaale
et al., 2005a). Whole cervical spine models were used to simulate head-rotated rear impacts and to
reproduce similar injuries in the upper cervical ligaments (Maak et al., 2006). The experiments did not
detect injuries in the alar, TL, and apical ligaments for any impact condition up to 8 g. In addition, the

peak strains of these ligaments did not show significant increases with impact severity (Maak et al.,
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2006). These findings suggest that the reported ligamentous injuries may have occurred in head-rotated

impacts with accelerations higher than 8 g.

Muscles

Muscle pain in the neck is frequent in whiplash patients (Evans, 1992). The increased number of the
enzyme creatine kinase in the muscle was suggested to be a sensitive indicator of muscle damage
(Sarichter et al., 1995). Some patients with whiplash injuries experienced a rise in serum creatine kinase
in the first 24 hours after the accident, but the enzyme concentration returned to normal after 48 hours
(S. Scott & Sanderson, 2002). The direct injury mechanism of neck muscles happens from eccentric
contractions, which involve excessive stretching during muscle contraction (Siegmund et al., 2009).
Kinematic and electromyography (EMGQG) studies verified the active lengthening of the neck muscles
during whiplash (Brault et al., 2000; Vasavada et al., 2007). The sternocleidomastoid actively stretched
during the retraction phase of whiplash (Brault et al., 2000), while the splenius capitis, semispinalis
capitis, and trapezius actively stretched during the rebound phase (Vasavada et al., 2007). The splenius
and semispinalis capitis had, respectively, peak strains up to 21% and 17.9% while activated, which
exceeded the injury threshold for eccentric contraction (Hasselman et al., 1995; Vasavada et al., 2007).
These findings suggest that acute injury in the neck muscles may occur following whiplash events, but
no clinical evidence indicates that muscle injury may lead to chronic neck symptoms. The effect of
head position on the occurrence of muscle injury has not been assessed, but the elevated strains added

from rotation may increase the effect of whiplash and the risk of tissue damage.

Nerve Roots

The nerve roots and ganglia may be injured following a vehicle collision, which could explain some
whiplash symptoms, such as headache, vertigo, and vision disturbance (Siegmund et al., 2009).
Increasing sensitivity to pain and widespread referred pain are often documented in whiplash patients,
suggesting possible damage to local sensory processing (Greening et al., 2005; Koelbaek Johansen et
al., 1999; D. Scott et al., 2005). Two mechanisms have been proposed as potential sources of pain
response in the nerve roots: pressure change in the spinal canal and transverse compression (Siegmund
et al., 2009). The rotation of the cervical spine can change the volume of the spinal canal, which can
induce a pressure change between the inside and outside regions during rapid whiplash-type movements
(Aldman, 1986; Siegmund et al., 2009). Whiplash studies monitoring the pressure of the spinal canal

pressure of anesthetized porcine subjects confirmed the pressure gradients and injuries to the spinal
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ganglia (Svensson et al., 2000). Cadaveric rear impact studies also reported the pressure pulses of the
cerebrospinal fluid (Eichberger et al., 2000), but the correlation between these pressure effects and

injuries in the nerve roots and ganglia could not be proved.

Alternatively, many authors have suggested that IVFs could change their shapes and compress the nerve
roots during whiplash (Carter et al., 2000; Yoo et al., 1992). Whole cervical spine models were used to
track the narrowing of the IVFs in head-forward and head-rotated rear impacts (Panjabi, Maak, et al.,
2006; Tominaga et al., 2006). During head-forward impacts, the foraminal width and area narrowing
started to be statistically significant for an acceleration of 3.5 g (Panjabi, Maak, et al., 2006). The study
indicated a great potential for ganglion compression at C5-C6 and C6-C7, and nerve root impingement
at C5-C6 (Panjabi, Maak, et al., 2006). When the head was rotated, the models predicted a significant
foraminal height and width reduction for accelerations of 5 g and 8 g, respectively (Tominaga et al.,
2006). The investigation confirmed a high potential for ganglion compression at C5-C6 and C6-C7,
while C3-C4 and C4-CS5 levels represented particularly increased potentials for injury when compared
to head-forward impacts (Tominaga et al., 2006). Further studies in rodent specimens applied transient
compressive loads and verified increased pain symptoms (Hubbard et al., 2008; Hubbard &
Winkelstein, 2005; Rothman et al., 2005). These findings support that nerve root impingement is

directly associated with pain response.

Vertebral Arteries

The vertebral arteries enter the spine bilaterally at C6 and travel superiorly through the transverse
foramina to C1 (Standring, 2016). After exiting the spine, they travel around the lateral mass of C1 and
enter the skull through the foramen magnum. The vertebral artery has a viscoelastic structure, with the
main function of providing blood supply to the brain (Standring, 2016). The positioning of the vertebral
arteries contributes to the hypothesis that injury can be caused by the coupled extension and axial
rotation of the cervical spine (Barton & Margolis, 1975; Chung & Han, 2002; Dobrin, 1978). Stretching
the vertebral artery reduces the vasculature diameter through Poisson’s effect, which could alter the
vessel pressure and compromise the blood flow pattern (Dobrin, 1978). Alternatively, head rotation can
induce partial or total obstruction of the vertebral artery at C1-C2 (Barton & Margolis, 1975). These
alterations in the vertebral artery may cause headache, dizziness, vertigo, tinnitus, and other whiplash

symptoms (Barton & Margolis, 1975; Siegmund et al., 2009).
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Whole cervical models were used to investigate the elongation of the vertebral artery in frontal, side,
and rear impacts (Carlson et al., 2007; Ivancic et al., 2006). The highest elongation between C6 and
occiput during the frontal impact, 2.5 mm, did not exceed the physiological limit of 7.1 mm (Carlson
et al., 2007). In contrast, the peak vertebral artery elongations measured in the side impact started
exceeding considerably the physiological limit at 5 g and had a maximum value of 17.4 mm (Carlson
et al., 2007). For the rear impact study, the effect of head position was tested by comparing head-
forward and head-rotated experiments (Ivancic et al., 2006). The head-forward models experienced
peak vertebral artery elongations up to 5.8 mm and did not exceed the physiological limit of 8.1 mm.
In contrast, the maximum elongations during head-rotated rear impacts were significantly
unphysiological from a 5 g acceleration and had a peak value of 30.5 mm (Ivancic et al., 2006). These
findings suggested that vertebral artery injuries are more likely to occur in side impacts compared to

frontal and rear impacts and in non-neutral head positions compared to head-forward cases.

Intervertebral Discs

Clinical and radiographic examinations have suggested that intervertebral disc injury is a source of
chronic neck pain in whiplash-type impacts (Jonsson et al., 1994). MRI studies performed on thirty-
nine whiplash patients identified that thirteen of them (33%) experienced moderate to severe disc
herniation (Pettersson et al., 1997). Five of six patients with severe herniation (grade 3) had persistent
symptoms two years after the accident. Autopsy studies have identified additional disc lesions
following vehicle collisions, including AF ruptures and vertebral endplate separations (Drottning et al.,

2002; Jonsson et al., 1991; Taylor & Twomey, 1993).

Cervical spinal models were tested in rear and frontal impact scenarios to quantify the intervertebral
disc strains (Ito et al., 2005; Panjabi, Ito, et al., 2004). During rear impacts, AF strains exceeded the
physiologic limits during an acceleration of 3.5 g, with the highest values being located at C5-C6
(Panjabi, Ito, et al., 2004). These strains happened in the posterior portion of the disc and increased for
higher impact severities, reaching a maximum of 51.4%. The AF shear strains had unphysiological
values at C5-C6 during a 3.5 g impact and at most levels during a 5 g impact (Panjabi, Ito, et al., 2004).
For frontal impacts, peak AF strains first exceed their physiological ranges at C4-C5 during a 4 g
acceleration and at most spinal levels during a 10 g acceleration (Ito et al., 2005). The disc shear strains
experienced abnormal values at C5-C6 during a 3.5 g impact, and both the fiber strain and disc shear

strain were located posteriorly to the disc (Ito et al., 2005). These findings suggested that sub-

40



catastrophic failure of the discs was caused by the combination of flexion/extension movements and

shearing of the intervertebral discs caused sub-catastrophic failure.

2.3 Non-Neutral Position Impact Scenarios

2.3.1 Head Positions of Front-Seat Occupants

A pilot study was performed on eleven subjects driving along a specific route around Guelph in Ontario,
Canada (Shugg et al., 2011). The investigation aimed to evaluate the range of axial head rotation and
duration of non-neutral neck positions during various in-car driving conditions. Drivers spent around
13.0% of the travel time outside of the neutral axial position, which the author defined as any position
where axial angles were lower than 15° (Shugg et al., 2011). The percentage of time spent with non-
neutral head positions was the highest in residential areas (19.1%), followed by thruways (10.5%) and
highways (9.3%). The average peak angles were 35.7° (£ 14.2°) and 42.5° (+ 18.0°) for left and right
cervical axial rotation, respectively (Shugg et al., 2011). Another naturalistic driving study was
performed with inertial sensors on twenty drivers along a defined route between Richmond and
Vancouver in British Columbia, Canada (Fice et al., 2018). The study intended to quantify head
positions during specific driving tasks, such as shoulder and mirror checks. The peak axial head
rotations were 81.5° and 84.3° for left and right shoulder checks, 34.3° and 42.1° for left and right
mirror checks, 16.2° for rearview mirror checks, and 58.2° for passenger looks (Fice et al., 2018).
Drivers spent 10.2% of the travel time performing one of these movements, with longer durations when
the vehicle was stationary (17.5%) than when moving (8.2%). The average values for peak axial
rotation angles were 40.8° (left) and 43.9° (right), consistent with the pilot measurements from Shugg
et al. (2011). The occurrence of non-neutral positions also extends to front-seat passengers, happening
mainly from interactions with the driver or hand-held devices (Reed et al., 2020). During the study, the
passengers had their heads axially rotated for 33% of the travel time and flexed for 29% of the travel
time. The torso was axially rotated and flexed for approximately 10% of the time (Reed et al., 2020).

2.3.2 Whiplash Injuries in Non-Neutral Position Impacts

Head rotation can affect the risk and persistency of AIS 1 neck injury during vehicle collisions
(Jakobsson, 2004; Sturzenegger et al., 1994, 1995). A cohort study with 137 whiplash patients from
multiple impact directions identified that 27.7% of individuals had their heads axially rotated at the

moment of the accident (Sturzenegger et al., 1994). Non-neutral head positions were reported to
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increase the frequency of multiple symptoms, including headache and neck pain. Rear-end collisions
were also associated with a higher incidence of initial symptoms, especially neural irritations
(Sturzenegger et al., 1994). A consecutive study performed with 117 whiplash patients extended the
analysis to long-term symptoms (Sturzenegger et al., 1995). A total of 61.9% of head-rotated impacts
resulted in symptoms over a year, while only 12.5% of head-forward impacts resulted in persistent
symptoms. Another field analysis was performed with 1,608 front-seat occupants involved in rear-end
vehicle collisions between 1999 and 2002 (Jakobsson, 2004). From a subset of 980 individuals without
prior neck injuries, 25.1% had the head axially rotated at the impact. The occurrence and persistency
of WAD were higher for non-neutral head position impacts when compared to head-forward cases.
Initial symptoms happened for 40.2% of head-turned impacts and 26.3% of head-forward impacts,
while chronic symptoms occurred for 13.8% of head-turned impacts and 5.4% of head-forward impacts
(Jakobsson, 2004). Therefore, the axial head rotation from the neutral position has been consistently

associated with increasing incidence and persistency of neck symptoms.

Considering this trend, the anatomical sites and injury mechanisms affected by head position during
impacts have been investigated. An early study reported that axial head rotations of 45° decrease the
physiological range of extension by 50%, which can facilitate injury in the posterior joints during rear
impacts (Macnab, 1971). The TL and alar ligaments were hypothesized to be overstretched or even
ruptured during combined head rotation and impact load during whiplash events (Saldinger et al.,
1990). MRI examinations confirmed that whiplash patients had more frequent and severe injuries in
the TL and alar ligament when the head was rotated at the collision (Kaale et al., 2005a). Following the
trend of upper cervical spine ligaments, a cadaveric study with cervical motion segments verified that
CLs doubled their strains in simulated head-rotated impacts compared to the neutral position impacts
(Siegmund et al., 2008). The effect of head rotation on other pain sources has been investigated using
whole cervical spine models in simulated rear impact conditions (Ivancic et al., 2006; Tominaga et al.,
2006). IVF narrowing was higher from C3-C4 and C4-C5 in head-rotated impacts than in head-forward
impacts, indicating an increased potential for nerve root impingement (Tominaga et al., 2006). The
peak elongations of vertebral arteries were significantly higher during head-rotated impacts, exceeding
physiological limits from 5 g impact accelerations (Ivancic et al., 2006). Thus, MRI and cadaveric
studies have suggested that neck ligaments, nerve roots, and vertebral arteries can experience increased

mechanical loads during head-rotated impacts, potentially resulting in tissue damage and neck pain.
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2.4 Human Body Models

Human body models (HBMs) are physical or numerical representations of the human body. The main
objective of HBMs is to mimic the biomechanical and physiological behavior of the body to estimate
its response to various loading events (K. H. Yang, 2018). In the automotive industry, these responses
of HBMs can be used to enhance safety systems and vehicle design to reduce the risk of injury in typical
impact situations. Three main inputs are necessary for any type of HBM: anatomical geometry, material
properties, and loading conditions (Cronin, 2011; K. H. Yang, 2018) (Figure 2-26). The proper
definition of anatomical or anthropometric shapes and dimensions (geometry), constitutive laws and
material data (material properties), and external forces and constraints (loading) are crucial for a

biofidelic response of the model. The kinetic and kinematic responses of the HBMs are the primary

outputs and can be used to calculate injury potentials (K. H. Yang, 2018).

Loading
(Boundary Conditions)

Anatomical Geometry
(Shape and Dimensions)

Model Scale
Response . .
_ (Kinematics and Kinetics) e oo et

Material Properties
(Constitutive Models)

Figure 2-26: Relations between HBM inputs (blue) and outputs (orange) to estimate injury

potential.
Note. Adapted from Cronin, D. S. (2011). Explicit finite element method applied to impact
biomechanics problems. 2011 IRCOBI Conference Proceedings - International Research Council on

the Biomechanics of Injury.

2.4.1 Anthropomorphic Test Devices

HBMs can be divided into physical and numerical surrogates. Physical surrogates include dummy and
post-mortem human subject (PMHS) models, while numerical surrogates include finite element (FE)
and multi-body dynamic models (Cronin, 2011). Anthropomorphic test devices (ATDs), also referred

to as crash-test dummies, are human surrogates engineered to replicate the physical response of the
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human body during vehicle collisions (Mertz, 1993; K. H. Yang, 2018). To reproduce the behavior of
a human body, ATDs have their geometry and material properties based on a specific portion of the
population (e.g., 50™ percentile or average stature male). The first crash-test dummies were created in
the 1950s, with the development of the Hybrid III by General Motors in the 1970s being the basis for
safety vehicle testing (Cronin, 2011). In general, these devices are designed to be seated in or standing
outside a vehicle to simulate accident scenarios. Transducers are positioned in their exterior and interior
to measure relevant loadings and kinematics, such as acceleration in the head center of gravity (Mertz,
1993). The measured forces, accelerations, and deformations are compared with standardized injury
criteria to estimate the risk of injury in different body parts. Due to the lack of individual organs, the
crash-test dummies are restricted in investigating the response of global body regions and cannot
directly estimate tissue-level injury (K. H. Yang, 2018). In addition, these devices cannot simulate

multidirectional impact scenarios as they are optimized for unidirectional testing.

2.4.2 Finite Element Human Models

Due to the rapid improvement in computational processing, numerical surrogates have become more
popular (Cronin, 2011). Numerical surrogates intend to solve multiple partial differential equations that
represent the physics of a biomechanical problem. These series of equations are often nonlinear and
multidimensional, requiring considerable computational resources for their numerical solutions
(Cronin, 2011). The first computational HBMs used elastic elements, such as springs, to connect rigid
elements and create multi-body models to simulate the general response of a body part. While being
computationally efficient, the multi-body models lack the ability to assess the mechanical response at
the tissue level (Cronin, 2011). To address this issue, FE models with improved tissue representations
have been developed. Early FE human models focused on the development of individual ribs and
lumped viscoelastic organs, validating the predictions with PMHS tests (Huang et al., 1994; Plank &
Eppinger, 1989). Later, researchers implemented elastic bodies in an FE thorax model (Happee et al.,
1998). This model was validated in both frontal and rear impact scenarios, demonstrating the potential

for numerical HBMs to predict occupant responses in multiple directions.

Modern FE human models have increased levels of detail and biofidelity due to accurate anatomical
geometries defined from MRI scans, robust material models obtained from tissue testing, and the
implementation of muscle activation. These improvements allow the current computational HBMs to

provide consistent tissue-level injury assessments of the most complex loading scenarios. At present,
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three FE human models have been adopted worldwide: the Global Human Body Model Consortium
(GHBMC ) (Gayzik et al., 2011; Schwartz et al., 2015), the Total Human Model for Safety (THUMS)
(Iwamoto et al., 2015; Kato et al., 2018), and the Virtual Vehicle-Safety Assessment (ViVA) (Osth et
al., 2016, 2017). The GHBMC is an international consortium focused on the development of FE HBMs
to predict and prevent crash-induced injury) (Gayzik et al., 2011; Schwartz et al., 2015). The GHBMC
family of models include two male adults, two female adults, and a six-year-old child in occupant and
pedestrian postures (Combest, 2018). The THUMS consists of FE HBMs created by Toyota Motor
Corporation and Toyota Central R&D Labs., Inc. (Iwamoto et al., 2015; Kato et al., 2018). The THUMS
has a wide range of occupant and pedestrian models, varying in age, physique, and posture (Kato et al.,
2018). The ViVA model is an open-source FE HBM of a 50" percentile female created to evaluate
whiplash injuries and safety systems (Osth et al., 2016, 2017). The average-stature female occupant is

the base model, being used to obtain male and standing derivative models (John et al., 2022).

2.5 Numerical Modelling of Non-Neutral Position Impacts

The experimental testing of non-neutral position rear impacts and their implications in neck soft tissue
injuries is currently limited to simplified cadaveric models, such as ligamentous cervical spines and
motion segments. These models can provide an isolated study of some injury mechanisms under
specific load conditions, but the lack of interactions with other anatomical sites can directly affect the
representation of the biomechanical response and, consequently, injury prediction. In addition, in vivo
testing of injurious impact scenarios is restricted due to ethical considerations regarding the safety and
well-being of human subjects. In this context, the numerical modelling of whiplash scenarios is crucial
to understanding the human body response during impact conditions. These simulations must be
precisely designed to incorporate biofidelic HBMs and appropriate loading conditions. For a non-
neutral position scenario, the repositioning method raises an additional challenge as it should accurately

simulate the dynamics of a realistic head and neck rotation.

2.5.1 Experimental Rear Impact Studies for Boundary Conditions

To simulate a rear impact scenario, the kinematics of volunteer or cadaveric subjects exposed to similar
rear impact conditions can be used as the boundary conditions of the numerical HBM. The vehicle
acceleration profile during a crash can be prescribed to a seat model, which accommodates a full-body

model, to reproduce the impact scenario. Alternatively, the measured kinematics of the T1 vertebra is
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often prescribed to the same segment of a head and neck model to simulate its dynamic response with

a reduced computational cost (Barker & Cronin, 2021, 2022).

Volunteer Test Data

Subjecting human volunteers to sled impacts can provide an accurate representation of the in vivo
kinematics during a vehicle collision. Twelve male volunteers were subjected to low-speed rear impacts
to simulate the effect of rear-end vehicle collisions (Ono et al., 1997). Three changes in speed (4 km/h,
6 km/h, and 8 km/h) were performed using the test setup, consisting of the human subjects seated on
an inclined sled without a headrest. The impacts generated a maximum sled acceleration of 3.77 g, and
the head and spinal kinematics were tracked with biaxial accelerometers and high-speed video cameras.
Eleven human volunteers were subjected to twenty-three rear-end impact simulations in another sled
study (Davidsson et al., 2001). The subjects were seated in a bullet sled with a head restraint, hitting a
stationary target sled to generate changes in velocity (acceleration) of 5 km/h (3.1 g) and 7 km/h (3.9
g). Head and thoracic acceleration were measured using uniaxial accelerometers and high-speed
cameras. Six human volunteers (four males and two females) were seated in a rigid sled without
a headrest and subjected to low-impact horizontal rear impacts (Ono et al., 2006). The change in
velocity of 6 km/h generated a maximum sled acceleration of 4.3 g, and head and thoracic kinematics
were monitored to evaluate neck injury risk. A more recent study reanalyzed some of the earlier rear-
impact sled tests (Ono et al., 1997, 2006) with the addition of eight female subjects that were not
previously published (Sato et al., 2014). The combined test series registered maximum sled
accelerations of 2.75 g and 3.77 g for impact velocities of 6.2 km/h and 7.9 km/h, respectively. Although
these volunteer experiments report the motion of the T1 vertebra to be used in numerical head and neck

models, they are limited to low velocities (up to 10 km/h) due to safety and ethical reasons.

PHMS Test Data

To simulate impacts in which injuries are more likely to occur, head and neck motion data from PHMS
impact tests can be used. Six whole-body PHMS specimens were subjected to twenty-six rear impact
tests using an HY GE-type mini-sled (Deng, 1999). The maximum sled accelerations ranged from 4.99
g1t0 9.76 g, and peak impact velocities varied from 4.91 km/h to 15.48 km/h. A head restraint was used
in twelve impact tests, and a seatback angle of 20° was used in fifteen tests. The head and thoracic

kinematics were processed from accelerometers and lateral target rotations captured by a high-speed
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camera. This series of experiments can be used in FE head and neck models to reproduce the T1

boundary condition of injurious rear impact scenarios with velocities up to 15.48 km/h.

2.5.2 Computational Repositioning Methods

Numerical HBMs are designed with initially neutral postures, so computational methods are required
to reposition these models to non-neutral positions. Reproducing the accurate kinematics of in vivo
repositioning can be challenging due to the complexity of biomechanical interactions and individual
variabilities. In this context, multiple repositioning methods have been proposed, being divided into

forward-dynamic and inverse-dynamic approaches (Hadagali, 2024) (Figure 2-27).

(a) Forward-dynamic repositioning (b) Inverse-dynamic repositioning

Experimental data
(EMG and kinematics)

U

Model optimization in a
non-neutral position

o -

Calculation of muscle
activation levels

Predefined external |:> Equilibrium in a I_\:"> Repositioning to a steady
boundary condition non-neutral position non-neutral position

Figure 2-27: Forward-dynamic (a) and inverse-dynamic (b) repositioning approaches.

The forward-dynamic approaches use a predefined boundary condition, typically pre-determined loads
or prescribed kinematics, to simulate the motion of the model to the target non-neutral position
(Alizadeh, Knapik, et al., 2020; Hadagali, 2024). In head and neck FE models, the setting often consists
of constraining the T1 vertebra and applying a moment or rotation in the skull to generate a relative
movement between these parts (Barker & Cronin, 2021; Hadagali & Cronin, 2023; Palepu, 2013;
Shateri, 2012; Shateri & Cronin, 2015; Storvik & Stemper, 2011). This method represents a practical
solution to reposition a numerical HBM while retaining the stresses and strains in the tissues but may
not reproduce a biofidelic motion and loading. The inverse-dynamic methods utilize experimental data
from tissue kinematics and EMG activity to calculate some model parameters, such as muscle activation

levels, to reproduce a specific movement (Alizadeh, Knapik, et al., 2020; Faber et al., 2018; Hadagali,
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2024). This calculation involves the use of static optimization tools to estimate the forces to balance
the model and achieve a stable non-neutral position (Alizadeh, Aurand, et al., 2020; Cazzola et al.,
2017; Hadagali, 2024; Mortensen et al., 2018). The inverse-dynamic approach generally provides a
more biofidelic representation of the human body motion due to its ability to reproduce real-life loading
conditions. However, the inverse-dynamic method can be complex to implement in FE models and may

be restricted to specific body movements due to the limited in vivo repositioning experiments.

2.5.3 Non-Neutral Position Rear Impact Studies

A limited number of studies assessed the non-neutral HBM positions during rear impact simulations.
Storvik & Stemper (2011) verified the effect of axial head rotation on the CL strains during low-speed
rear impacts in a simplified occupant model. The head and neck model used Hill-type muscle elements
and was repositioned with the prescription of C1-C2 joint rotation. The model predicted increasing CL
strains between C3-C4 and C6-C7 for higher head rotations, with magnitudes increasing by 47 to 196%
for a 60° head rotation (Storvik & Stemper, 2011). However, imposing an axial rotation in the C1-C2
joint generated a concentration of the cervical spine rotation at the same spinal level (between 86% and
94% of the total rotation). These values were considerably higher than reported cadaveric studies

(Panjabi, Ivancic, et al., 2000).

Palepu (2013) developed an osseoligamentous FE human model to evaluate the effect of different
occupant positions during rear impact scenarios. In the case of an axial head rotation, the author
constrained the T2 vertebra and prescribed the desired rotation in the skull. Non-neutral positions
increased the ranges of motion and mechanical load in the cervical spine, with a particular increase in
CL and alar ligament strain during axial head rotation (Palepu, 2013). The distribution of axial rotation
through the cervical spinal levels improved compared to the previous study, having an adequate
correlation with experimental data. The main limitation of the model was the lack of muscle
representation in both active and passive configurations, which affected the response of other neck soft

tissues during whiplash simulations.

Another non-neutral position rear impact study was performed in a detailed FE head and neck model
with the neck musculature being represented as Hill-type axial elements (Shateri, 2012; Shateri &
Cronin, 2015). Upper cervical spine ligament laxities were implemented in the original model to
improve the representation of joint kinematics and load distribution. To simulate non-neutral head

position scenarios, the T1 vertebra was constrained, and an axial skull rotation around the occipital
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condyle was prescribed. The non-neutral position impact simulations verified an increase in ligament
strains compared to neutral position cases, especially in the CL and alar ligaments. Muscle activation
reduced the neck motion and the upper cervical spine ligament strains, while impact severity increased
the potential for ligament injury. The addition of laxity to the HBM showed an improved agreement
with experimental cadaveric data for axial rotation (Panjabi, Ivancic, et al., 2006). While showing
realistic intervertebral rotations and considering muscle activation, this model used an axial

implementation of muscles that oversimplifies the stress distribution and force generation.

In summary, the numerical non-neutral position whiplash studies have focused on applying an external
boundary condition to enforce a relative rotation between two bony structures of an FE human model.
The representation of the neck musculature has been limited to unidimensional Hill-type elements, and
the interaction with other soft tissues (adipose tissue and skin) has not been considered. The
repositioned models have been validated against axial rotation data from cadaveric experiments,
showing better agreements when the imposed rotation happens between the skull and a thoracic
vertebra. Finally, the whiplash injury studies to date have focused mainly on evaluating cervical

ligament strain, indicating increasing values for head-rotated models.

Current Limitations

In vivo physiologic head repositioning initiates with the contraction of the neck muscles to rotate the
head from the neutral position. The active tensile forces generated by the muscles are then balanced
with reactive compressive forces and moments from other tissues of the cervical spinal, which stabilizes
the head in a desired position (Barrett et al., 2020; Straker et al., 2009). Therefore, numerical
repositioning should focus on reproducing similar configurations regarding load distribution and
vertebral kinematics. Retaining stresses and strains is essential for the kinetics, kinematics, and tissue-

level responses of repositioned models in a subsequent analysis (Boakye-Yiadom & Cronin, 2018).

The in vivo head rotation can be better represented with inverse-dynamic repositioning methods, using
optimization to calculate the tissue forces in the model. However, the insufficient experimental data for
defining muscle activation levels during axial head rotation is an obstacle to implementing realistic
muscle-based repositioning. External boundary conditions have been extensively used to reposition the
head in numerical HBMs, but this approach may not precisely represent the in vivo motion in the FE
model. Imposing a rotational displacement for a specific model part constrains its movement, affecting

the head kinematics and tissue-level response during the impact scenario. In addition, the previous non-
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neutral position rear impact studies have used simplified models and have not considered the
contribution of the 3D musculature and other neck soft tissues. Therefore, numerical studies have been
limited in achieving a static head and neck non-neutral position with biofidelic intervertebral

movements for a detailed FE head and neck model.

2.6 GHBMC Human Body Models

The GHBMC 50" percentile male occupant model (M50-O) was developed based on a 26-year-old
male volunteer with a height of 174.9 cm and a weight of 78.6 kg (Figure 2-28). The M50-O geometry
was created using the segmentation of medical images generated from MRI and computed tomography
(Gayzik et al., 2011; Schwartz et al., 2015). The M50-O full-body model consists of 1,851,181 solid
elements, 740,789 shell elements, and 16,593 beam elements. The HBM development was divided into
five body regions: head, neck, thorax, abdomen, and plex (pelvis and lower extremity). Each body
region model was engineered and validated by a different institution around the world, referred to as
the Center of Expertise (COE). These body regions were then integrated into the full-body model and

further validated with experimental data from frontal, rear, side, and oblique impact tests.

Whole model Skeletomuscular components

Figure 2-28: GHBMC MS50-O full-body model.
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2.6.1 Description of GHBMC M50-O Neck Model

The neck region of the GHBMC M50-O was developed by the COE of the neck model at the University
of Waterloo, Ontario, Canada (DeWit & Cronin, 2012; Fice et al., 2011). The M50-O neck model
comprises vertebrae, ligaments, intervertebral discs, cartilages, spinal cord, muscles (active and
passive), tendons, adipose tissue, and skin (Figure 2-29). The M50-O neck model, not including the
head, has a total of 241,433 solid elements, 62,969 shell elements, and 13,355 beam elements.

Anterolateral view Lateral section view

Figure 2-29: GHBMC MS50-0O head and neck model.

Vertebrae

Each vertebra is modelled as three distinct parts: trabecular bone, cortical bone, and vertebral body

endplates (Figure 2-30). The inner core of trabecular bone was modelled with hexahedral solid
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elements, while the outer layers of cortical bone and body endplates were modelled with quadrilateral

shell elements (DeWit & Cronin, 2012).

Isometric view Lateral section view
Cartilage endplates Trabecular bone
(2D shell elements) (3D solid elements)

Cortical bone
(2D shell elements)

Figure 2-30: GHBMC MS50-O vertebral model.

The vertebra was represented with linear-plastic constitutive models, including plastic strain-based
failure mechanisms (Barker et al., 2017). The trabecular bone used an isotropic elastic-plastic material
model (*MAT_ISOTROPIC_ELASTIC PLASTIC), while the cortical bone and endplates used an
isotropic elastic-plastic material model with kinematic hardening (*MAT_ PLASTIC KINEMATIC).
The failure strains of trabecular and cortical bone were specified as 9.5% and 1.78%, respectively. The
failure and mechanical properties of the three vertebral components were defined from experimental
studies of the bone (Barker et al., 2017; Best et al., 1995; Keaveny et al., 2001; Lindahl, 1976; Reilly
et al., 1974) (Table 2-4).

Table 2-4: Mechanical properties of the vertebral components in the GHBMC M50-O model.

Vertebral Part Trabecular bone Cortical bone Endplates
Elastic modulus (GPa) 0.442 18.4 5.6
Poisson’s ratio 0.30 0.28 0.30
Yield stress (GPa) 0.00283 0.190 0.0367
Plastic modulus (GPa) 0.030 1.25 0.298
Failure strain 0.095 0.0178 -
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Intervertebral Discs

The intervertebral discs were divided into the NP, AF ground substance, and AF fibers (Figure 2-31).
The NP and AF ground substance were modelled using hexahedral solid elements to represent the inner
and outer portions of the disc, respectively. Embedded in the AF ground substance, the AF fibers were
modelled as five concentric layers of quadrilateral shell elements. Each layer comprises a pair of
superimposing shells with a thickness of 0.27 mm, representing the lamellae with different fiber
orientations. The ten layers of lamellae and the ground substance are connected through shared nodes

(DeWit & Cronin, 2012).

Isometric view Lateral section view
Nucleus pulposus Annular fibers
(3D solid elements) (2D shell elements)

Annular ground substance
(3D solid elements)

Figure 2-31: GHBMC MS50-O intervertebral disc model.

Due to their distinct compositions, each part of the intervertebral disc used a different constitutive
model. The NP used an elastic fluid material model (*MAT_ELASTIC FLUID) with a bulk modulus
of 1.72 GPa (Barker et al., 2017; K. H. Yang & Kish, 1988). The AF ground substance used a highly
compressible foam material model based on the Hill strain energy density function
(*MAT HILL FOAM) (Barker et al., 2017; Hill, 1979). The Hill strain energy density function (W)
is given by Equation 2-1 in terms of principal stretches (44, 4,, and 43) and material constants (C;, b;

and n). Radial and compressive experimental test data were used to fit the strain energy density function

and obtain the material constants (Fujita et al., 1997; latridis et al., 1998) (Table 2-5).

mCJ
sz_[ +}L —34 = (] nb}—l)] n=2;m=3; ] =A41,43 (2-1)
=17
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Table 2-5: Material constants for the annular ground substance model.

Index G A
1 - 0.895 MPa -2
2 2.101 MPa -1
3 0.115 MPa 4

The AF fibers used a non-linear anisotropic elastic material model (*MAT_ FABRIC) with mechanical
properties obtained from tensile test data (Barker et al., 2017; Ebara et al., 1996; Holzapfel et al., 2005;
Skaggs et al., 1994). The fiber orientation of each lamina was modelled using the material angles with
respect to the axial plane, varying from + 25° (outermost layer) to £ 45° (innermost layer) with
increments of 5° (J. J. Cassidy et al., 1989; Wagner & Lotz, 2004) (Figure 2-32). For each concentric

layer, the two laminae had opposite angles to simulate the alternating pattern of the AF.

Layer 1 Layer 2 Layer 3 Layer 4 Layer 5
(outermost) (innermost)
Fiber A Fiber A Fiber A FlberA FlberA
525 C 30° C 35° 40° 45ﬂ
Fiber B Fiber B Fiber B Fiber B Fiber B
255 -30° > -35° > -40° -45°

Figure 2-32: GHBMC MS50-0 annular fiber orientations for the five concentric layers.

The superior and inferior surfaces of the discs were connected to the vertebral endplates using a tiebreak
interface (*CONTACT AUTOMATIC_ONE_WAY SURFACE TO SURFACE TIEBREAK). The
contact constraints two surfaces until a failure criterion is reached and the bonds are released. To
simulate the intervertebral disc avulsion from the vertebral endplates, a failure stress of 0.03 GPa was

calculated with the average contact area and the experimental failure force (Kasra et al., 2004).
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Ligaments

The cervical ligaments were modelled using a series of unidimensional beam elements to represent
their fibers (Figure 2-33). The beam representation allowed for the distribution of total force sustained
by a ligament through the axial elements and their attachment points (DeWit & Cronin, 2012). The
attachment points were defined according to the anatomic insertion with a minimum distance between
nodes of 1 mm. The exception for the beam implementation was the cruciform ligament, modelled with

two-dimensional quadrilateral shell elements due to its complex shape.

Lateral section view Anterior section view
(spinal ligaments) (occipital-atlanto-axial joint)

Figure 2-33: GHBMC M50-O ligament models.

The unidimensional ligament parts used a non-linear elastic spring material model with damping
(*MAT _ELASTIC SPRING DISCRETE BEAM). Their mechanical responses were defined by
force-displacement curves with strain rate effects based on tensile tests on young human cervical spine
ligaments (Mattucci et al., 2012, 2013). A failure displacement value that would cause element erosion
was defined for each ligament model. The cruciform ligament shell used a non-linear anisotropic elastic
material model (*MAT FABRIC). The mechanical responses were based on stress-strain curves
calculated from tensile experiments in the transverse and longitudinal fibers of the cruciform ligament,

respectively (Mattucci et al., 2013).
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Musculature

The implementation of the neck musculature in the GHBMC M50-O was divided into passive and
active muscle elements (Figure 2-34). The passive portion was modelled with hexahedral solid
elements, while the active portion was modelled with two-node beam elements (Barker & Cronin,
2021). The physiologic cross-section area (PCSA) was assigned to each muscle beam according to
reported values (Panzer, 2006; Van Ee & Nightingale, 2000). The active beam elements were embedded

in the passive solid elements to create this hybrid approach.

Passive muscle implementation Active muscle implementation Hybrid muscle implementation for
(3D solid elements) (1D Hill-type elements) the sternocleidomastoid

Passive solid
elements

Active Hill-type
elements

Figure 2-34: GHBMC MS50-O passive and active muscle models.

The passive elements of the muscle used a hyperelastic rubber and foam material model with strain
effects (*MAT_SIMPLIFIED RUBBER/FOAM). Stress-strain curves were defined for six strain rates,
from 0.01 s to 1000 s7!, to reproduce their mechanical behavior (Gierczycka et al., 2021). These curves
were calculated from interpolations of tensile test data at 0.001, 1, and 25 s™! rates (J. Davis et al., 2003;
Myers et al., 1998) and compression test data at 0.01 and 1000 s™! rates (Van Sligtenhorst et al., 2006).
The active elements of the muscle used a Hill-type muscle material model (*MAT MUSCLE). In this
formulation, the stress generated in the beam is the sum of the stresses generated by the muscle
activation, the passive component and the damping component. The passive and damping components
were neglected in the current modelling due to the presence of solid elements that represent the passive

behavior of the musculature. The activation stress (o,) is given by Equation 2-2 in terms of the
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maximum isometric stress (0,45 ), activation level (a), the force-stretch scaling factor (f), and the
force-strain rate scaling factor (g). The maximum isometric stress of the muscle was defined as 0.5
MPa based on values from literature (Panzer, 2006; Winters & Stark, 1988). The muscle activation

level and scaling factors are further explained in Section 2.6.3.

Oact = O-maxa(t)f(l)g(é) (2-2)

Adipose Tissue and Skin

The adipose tissue was modelled with hexahedral solid elements, while the skin was modelled with
quadrilateral shell elements (Gierczycka et al., 2021) (Figure 2-35). The outer surface of the adipose

tissue shared nodes with the skin to generate the connection between these two soft tissues.

Frontal view Lateral section view

Adipose tissue
(3D solid elements)
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Figure 2-35: GHBMC M50-0 adipose tissue and skin models.

The adipose tissue used a hyperelastic rubber and foam material model with strain effects
(*MAT_SIMPLIFIED RUBBER/FOAM). Stress-strain curves were defined for six strain rates, from
0.002 s to 250 s, based on experimental compressive tests (Comley & Fleck, 2012; Gierczycka et
al., 2021). The skin used a hyperelastic rubber model with strain rate effects based on the Ogden strain
energy function (*MAT _OGDEN _ RUBBER) (Gierczycka et al., 2021). The Ogden strain energy
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density function (W) is given by Equation 2-3 in terms of principal stretches (4;) and material constants
(U}, @;, and K). The shear moduli (G;) and decay constants () were also required to account for strain

rate effects. Tensile and compressive skin test data were used to fit the strain energy function and obtain

the coefficients (Gierczycka et al., 2021; Lim et al., 2011; Shergold et al., 2006) (Table 2-6).

3 n
u
W = ZZ—’( T 1)+ KU -1-1n)) ;] = LA (2-3)
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Table 2-6: Material constants for the skin Ogden model.

Index Ai a; G; B;
1 -0.601 MPa -0.971 1.347 MPa 0.307 s
2 0.473 MPa -2.393 24.08 MPa 16.7 s
3 -0.143 MPa - 3.845 97.73 MPa 79.67 st
4 - - 839.1 MPa 1246 s

2.6.2 Validation of GHBMC M50-O Neck Model
The biofidelity of the GHBMC M50-O neck model was assessed through multi-level validations against

experimental human volunteer and PMHS test data, varying from single-element material testing to
the full neck kinematic evaluation. The implementation of each material model was followed by single-
element test cases to reproduce the experimental setup and validate its mechanical response. The spinal
motion segments, also known as functional spinal units, were then assembled with two adjacent
vertebrae and associated soft tissues for CO-C1 to C7-T1. The upper cervical spine motion segments
(CO-C1 and C1-C2) were validated against experimental tests for flexion, extension, lateral bending,
and axial rotation (Lasswell et al., 2017). The lower cervical spine motion segments (C2-C3 to C7-T1)
were tested for flexion, extension, lateral bending, and axial rotation in quasi-static and dynamic
loading and validated against experimental data (Barker et al., 2017). The following step included
validating the ligamentous cervical spine model, assembled with the motion segments, for axial
rotation, axial tension, 8 g frontal impact, and 8 g rear impact against cadaveric spine specimens (Barker
& Cronin, 2021). The final step to validate the GHBMC M50-O neck model was integrating all
components into the full neck model and testing its dynamic response for multiple impact conditions.

The model kinematics were validated against human volunteer and PHMS tests for frontal impacts at
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2 gto 15 g, lateral impacts at 4 g to 7 g, oblique impacts at 4 gto 11 g, and a rear impact at 7 g (Barker
& Cronin, 2021, 2022).

2.6.3 Muscle Activation in the GHBMC M50-O Neck Model

During impact scenarios, the motion and tissue-level response of the model can be influenced by the
activation levels of the musculature. The detailed neck model of the GHBMC M50-O included a total
of twenty-seven pairs of muscles, represented by three-dimensional solids and one-dimensional Hill-
type beams. The solid elements of the musculature, comprising most of the neck volume, represented
its passive behavior with a hyper-viscoelastic mechanical response that does not depend on the muscle
activation levels. In contrast, the Hill-type beam elements represented the active muscle response,
considering the activation dynamics (peak isometric stress and response curves) and the PCSA of each
muscle. Due to the complexity of defining the activation level for each muscle, the muscles were
grouped into the following four quadrants: right extensors, left extensors, right flexors, and left flexors
(Correia et al., 2021) (Figure 2-36). The quadrant division assumed that the muscles of each group
would follow the same activation profile, which simplifies the real-life scenario where individual motor

units from each muscle activate independently (Correia et al., 2021).
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Figure 2-36: Quadrant division for the GHBMC M50-O active muscle elements.
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Activation Strategies for Neutral Position

Due to the lateral symmetry of frontal and rear impact situations, the activation strategy can usually be
reduced to two muscle groups: extensors and flexors (Panzer et al., 2011). Considering this division,
various muscle activation schemes have been investigated in neutral position HBMs. Panzer et al.
(2011) and Fice et al. (2011) implemented muscle activation in a detailed FE head and neck model to
investigate the influence of muscle activation in rear impact scenarios. The proposed activation levels
of 100% for extensors and 70% for flexors were based on normalized EMG data from unaware
volunteers undergoing whiplash impacts (Siegmund et al., 2003). These studies were pioneers in
investigating the effects of muscle activation on reducing ligament strains during simulated impacts,

but the activation strategy generated head overextension compared to volunteer data.

The original activation scheme for the GHBMC models was based on an activation pulse of 100% for
both extensor and flexor muscles (Shen & Cronin, 2017). This strategy, also known as Maximum
Muscle Activation (MMA), generated a maximum activation of 0.871 (Happee, 1994) and used an
onset time of 74 ms (Siegmund et al., 2003). A more recent study optimized the muscle activation of
the GHBMC MS50-0O in frontal impact scenarios (Correia et al., 2020). In addition to MMA, three
activation schemes were defined: No Muscle Activation (NMA) with extensors and flexors at 0%, Co-
contraction Muscle Activation (CMA) with extensors at 20% and flexors at 100%, and Optimized
Muscle Activation (OMA) with a variation of onset time and the group activation level. The last scheme
was optimized to the head motion compared to reported volunteer data, and the responses of the model

under nine different frontal impact severities were assessed.

The models with OMA had increasing activations for higher severities and improved agreements with
measured kinematics compared to the MMA scheme. The NMA cases also performed better than
MMA, but not considering muscle activation does not mimic what happens in real life. Compared to
CMA, the OMA scheme had, on average, an increase of only 6% in the correlation rating. This indicates
that a single scheme considering activations of 20% for extensors and 100% for flexors can represent
an adequate approximation of the muscle response during neutral position impact scenarios. In addition,
this division of muscle activations could maintain the head in a steady neutral position when no external

loading was applied.

60



Activation Curves and Parameters

The activation scaling for each muscle group is one of the variables considered for implementing
muscle contraction in an HBM (Equation 2-2). The curve profile, including the onset time and
maximum activation state, needed to be defined. The muscle activation onset time comprises the delay
that the occupant experiences between the beginning of the impact and the initiation of muscle
contraction. The baseline value used for the GHBMC models, 74 ms, was based on the average reported
values for human volunteer experiments (Ono et al., 1997; Siegmund et al., 2003; Szabo & Welcher,
1996). The general shape of the muscle activation curve over time was based on two first-order
differential equations used to describe neural excitation and active state dynamics (Happee, 1994). The
maximum value of the activation function, 0.871, and the time to achieve the peak value, 100 ms, were
also obtained from this study. These curves were scaled according to the muscle group to obtain the

activation level over time for the beam elements of each muscle (Figure 2-37).
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Figure 2-37: Muscle activation curve for the extensor (20%) and flexor (100%) muscles.

The mechanical responses, including the current stretch and strain rate, of the Hill-type elements also
affect the active muscle force. Muscles achieve their peak force for a stretch of approximately 1.05 and
have reduced capabilities for shorter or longer lengths (Winters & Woo, 1990). The relationship
between muscle force and stretch was described as a Gaussian function (Figure 2-38a). Regarding the
strain rate effects, the active force is considerably reduced when muscle fibers are shortening (Winters

& Woo, 1990). In contrast, muscle lengthening can increase the active force up to 130% depending on
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the deformation rate (Winters & Woo, 1990). The relationship between muscle force and strain rate
was described as a continuous curve with two distinct hyperbolic regions for tensile and compressive

strain rates (Figure 2-38b).

(a) Stretch effect (b) Strain rate effect
1.2 , L4
a 8
& 10 @ 12 ff
[o} —_
3 3 1.0
E 0.8 8
w0 & 0.8
3 06 $
S 5 06
2 04 z
2 £ 04
a a
.OZJ 0.2 .g 0.2
B ©
< 0.0 < 00
0.0 0.5 1.0 1.5 2.0 -1 -0.5 0 0.5 1 1.5 2
Stretch Ratio Normalized Strain Rate

Figure 2-38: Scaling factor of the muscle activation based on the stretch (a) and strain rate (b).

2.7 Stress Initialization in Finite Element Models

The accurate definition of the FE model geometries is essential to realistically represent the physics of
the problem (Cronin, 2011; K. H. Yang, 2018). The initial geometries are typically defined as stress-
free positions, meaning that the model begins the simulations with all elements in a completely relaxed
state. If no external load is applied, the model maintains this relaxed state without deformation.
However, in real-life scenarios, the materials often experience initial stresses due to various loading
conditions or interactions preceding their current loading. In crash dummies, elastic deformations that
occur during positioning and pre-loaded components introduced during assembly are the primary
sources of initial stresses (Franz et al., 2004). In the human neck, cadaveric dissections verified that
muscles in situ also present a level of deformation (Borst et al., 2011), which influence their mechanical
properties during various movements. Therefore, numerical models need to account for the initial

stresses of components to accurately simulate their behavior under subsequent loading conditions.

The implementation of initial stresses in an FE model can be performed using different techniques,
being divided into implicit and explicit approaches (Franz et al., 2004; J. Yang et al., 2020). Usually,
the stress initialization methods consider two simulations: the initial analysis to define the pre-stretch
of the material and the subsequent dynamic analysis of interest. The dynamic relaxation method
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approximates a dynamic problem to static by applying artificial damping to reach a steady pre-stressed
state (J. Yang et al., 2020). The explicit dynamic relaxation, applicable to elastic materials with small
initial deformation, uses an initial analysis until convergence to pre-deform the material and proceed to
the dynamic analysis. The initial dynamic relaxation can also be solved implicitly, addressing larger
initial deformations and highly non-linear problems. Another implicit method involves the generation
of stress and strain files from the initial implicit simulation to be used in a subsequent dynamic analysis
to pre-stretch the model (Franz et al., 2004; J. Yang et al., 2020). In contrast, the reference geometry
method uses an undeformed geometry to initialize the stresses in an FE model, being particularly useful

for hyperelastic materials (Franz et al., 2004).

Pre-Stretching Using Reference Geometry

Reference geometry is a predefined deformed configuration (set of nodal positions) used to update the
undeformed state in specific parts of an FE model. This definition is valuable for cases when the initial
geometry of the model does not represent the undeformed configuration. Consequently, the initial
geometry becomes a deformed configuration, having its stresses initialized at the start of the simulation.
In the case of hyperelastic materials, the stresses only depend on the deformation gradient matrix

(Livermore Software Technology Corporation, 2016). Equation 2-4 shows the deformation gradient

matrix, F;;, in terms of the deformed configuration, x;, and the undeformed configuration, X;.
F. = d X
ij= a_X] (2-4)

The reference geometry method offers one of the most straightforward implementations for numerical
stress initialization, as the deformed geometries are typically obtained without multiple iterations. The
low-complexity approach is particularly advantageous in large-scale FE models where computational
efficiency must also be considered. Figure 2-39 compares a model without stress initialization to one
using the reference geometry pre-stretching. In the model without stress initialization, no deformation
occurs in the absence of an external load. In contrast, the pre-stretched model shows initial stresses that
deform the material even before any external load is applied, reflecting its natural response to return to

the relaxed position.

63



(a) Model without stress initialization (b) Model with stress initialization

Initial geometry Reference geometry Initial geometry
Stress-free position Stress-free position Initial stress

Element does not deform Element deforms without
without any external load any external load

Figure 2-39: Comparison between models without (a) and with (b) stress initialization using

reference geometry.
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Chapter 3
Methods

The main goal of the current study was to assess the soft tissue injury risk during non-neutral position
rear impacts using a detailed FE HBM. The head and neck model was extracted from the detailed
commercial FE model GHBMC M50-O v6.0f, representing a male occupant of average stature (50
percentile). A repositioning study was then conducted in the extracted model, including the
implementation of a novel stress initialization methodology, definition of target positions, verification
of head equilibrium, and validation of intervertebral kinematics. A reference geometry approach was
used to pre-stretch the muscle, adipose and skin tissues so the head could achieve an equilibrium
condition in the target axial rotations of 24.5°, 33.5°, 42.5°, 51.5°, and 60.5°. The models underwent
rotational and stability verifications to confirm that the target non-neutral positions were achieved and
that the head and neck were approximately in equilibrium after repositioning. Finally, the repositioning

method was validated by comparing intervertebral rotations with experimental results.

The next step was simulating rear impact scenarios on occupant models with neutral and head-rotated
positions. A total of six head positions were evaluated in three impact conditions considering two
muscle activation schemes. The neutral position model was based on the initial position of the extracted
model, and the non-neutral position models had axial head rotations of 24.5°, 33.5°, 42.5°, 51.5°, and
60.5° using the proposed reference geometry approach. Rear impact boundary conditions, including
translational and rotational motions, were applied to the T1 vertebra of the models at 4g, 7g, and 10g
severities. The influence of muscle activation on injury outcomes was evaluated by assessing each
model with and without muscle contraction during the impact. Table 3-1 lists the thirty-six simulations,

combining six head positions, three impact severities, and two muscle activation schemes.

Table 3-1: Summary of rear impact simulations.

Gl‘Ollp Rear i[n.pact Muscle activation Initial axial head rotations
severity scheme 0° | 24.5° | 33.5° | 42.5° | 51.5° | 60.5°
1 4g Non-activated v v v v v v
2 Activated v v v v v v
3 7 Non-activated v v v v v v
4 Activated v v v v v v
5 10g Non-activated v v v v v v
6 Activated v v v v v v
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The models were solved using commercial explicit FE software (LS-DYNA MPI version 9.2 single-
precision) on an MPP heterogeneous cluster (Graham cluster from the Digital Research Alliance of
Canada at the University of Waterloo) using 16 cores. An initial analysis of the head kinematics was
performed, followed by a tissue-level assessment of the neck. Ligament distractions, muscle strains,
nerve root compressions, and AF distractions were monitored through the impact and compared with
physiological limits from the literature. The dynamic response of the models and the soft tissue
evaluations were visualized and performed using commercial post-processing software (LS-PrePost
version 4.9.5). Finally, these results were used to evaluate which tissues potentially experience pain or

failure and how head position, impact severity, and muscle activity affected these predictions.
3.1 Implementation and Verification of a Novel Head Repositioning Method

3.1.1 Development of a Reference Geometry-Based Repositioning

A new iterative method for repositioning the head in axial rotation was developed to simulate head-
turned rear impacts, so the model was required to stabilize and achieve equilibrium in target head-
rotated positions. In addition, it was desirable to retain stresses and strains occurring due to the head
rotation as it was hypothesized that pre-stretch of tissues could contribute to injury. Based on these
requirements, a repositioning method using reference geometries was proposed to pre-stretch the neck
soft tissues (passive muscle, adipose tissue, and skin) and achieve an equilibrium position that would

generate a target head rotation.

The repositioning method aimed to define reference geometries for the neck soft tissues, being divided
into two stages: prescribing an axial head rotation to define reference nodal positions and pre-stretching
the soft tissues to reposition the head (Figure 3-1). In Stage 1, an axial rotation was prescribed to the
skull to achieve a head rotation greater than the target and obtain the nodal positions of the soft tissues.
In Stage 2, the model was initialized from a neutral position with the calculated reference nodal
positions, causing the head and neck model to axially rotate and achieve equilibrium while generating
deformations in the soft tissues. These tissues interacted with other neck parts, such as vertebrae, which
did not have their stresses initialized so the model would reach equilibrium between the neutral position
and the prescribed rotation. The method was iterative, as several axial head rotations needed to be

prescribed in Stage 1 to obtain the desired axial rotation in Stage 2.
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Stage 1: Generation of soft tissue nodal Stage 2: Head repositioning using reference

positions using a prescribed head rotation geometry to pre-stretch soft tissues
Prescribed axial rotation to determine target soft Reference geometry (x;) applied to soft tissues and simulation
tissue deformed positions (x;). run to achieve equilibrium in head rotated position.

Initial deformation

Axial head rotation
performed by the
initial stresses

Initial geometry Reference geometry Initial geometry (soft tissue nodes X;)
(soft tissue nodes X;) (soft tissue nodes x;) with pre-stretched soft tissue elements

Figure 3-1: Implementation of the reference geometry-based head repositioning: prescribed skull
rotation to define reference geometry (Stage 1) and model repositioning to a head-turned

equilibrium position resulting from soft tissue pre-stretching (Stage 2).

The current study focused on assessing the influence of axial head rotation in vehicle collisions, so in-
car driving measurements were considered to define target positions. The previously discussed pilot
investigation (Shugg et al., 2011) showed peak angles of 35.7° (£ 14.2°) and 42.5° (+ 18.0°) for left
and right cervical axial rotation during driving in various routes. The following five right axial rotations
were defined as the target head positions based on the right cervical measurements and half a standard
deviation from the previous findings: 24.5°, 33.5°, 42.5°, 51.5°, and 60.5°. This division allowed for a

sensitivity study between several rotations based on mean peak angles measured in real life.

After defining the target axial rotations, the first stage of the repositioning was implemented. A
sigmoidal curve with a peak of 150° was prescribed as the right axial rotation of a skull rigid part
(Figure 3-2). The prolonged and elevated rotation allowed sets of nodes to be obtained at various
intermediate rotations from the same simulation, reducing the computational effort of Stage 1. Since
the equilibrium was based on complex interactions between the head and neck parts, the target rotations
were obtained by an iterative process. Sets of nodes from different positions in Stage 1 were iteratively

tested until reaching the desired rotation in Stage 2.
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Figure 3-2: Prescribed axial rotation for the skull (Stage 1 of repositioning).

The next stage of repositioning was performed by implementing the soft tissue nodal coordinates as the
reference geometries. This configuration defined the coordinates as the new stress-free state for the soft
tissues, which initialized the stresses in the model. In LS-DYNA, an initial foam reference geometry
configuration (*INITIAL FOAM REFERENCE GEOMETRY) was specified. To ensure a smooth
movement in this stage, two additional boundary conditions were defined for the initial 100 ms (Figure
3-3). A skull rotation was prescribed to enable the head to converge to the target position, and damping

was applied to the model to reduce oscillations during repositioning.
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Figure 3-3: Additional boundary conditions: axial rotation of the skull rigid part (a) and global
damping (b).
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3.1.2 Verification of Head Stabilization and Validation of Intervertebral Rotations

To guarantee that the equilibrium position was reached, the axial rotation, lateral bending, and flexion
of the skull needed to be monitored. A stability criterion was used to define when the model achieved
equilibrium within a prescribed tolerance. For the repositioning simulations, each C0O-T1 rotation of the
model was required to remain within a maximum variation of 5% of the target value to be considered
in equilibrium. In addition, the final CO-T1 axial rotation was compared with the nominal target angle

to verify if the model achieved the target non-neutral position within the same 5% tolerance.

To validate the axial repositioning method, the spinal kinematics of the head-rotated model were
compared with reported intervertebral ranges of motion from human ligamentous cervical spine models
subjected to pure axial moments (Ivancic, 2013) (Table 3-2). The average experimental range of motion
between the head and T1 was 53.3° (£ 14.2°) for the right axial rotation, so the 51.5° head-rotated

model had the closest CO-T1 rotation and was selected for the physiological evaluation.

Table 3-2: Average range of motion (standard deviation) for each spinal level for the ligamentous

spine models undergoing right and left axial rotation (Ivancic, 2013).

Level | C0-C1 | C1-C2 | C2-C3 | C3-C4 | C4-C5 | C5-C6 | C6-C7 | C7-T1 | CO-T1

Right | 5.1° | 277° | 2.9° | 37° | 3.8 | 3.6° | 3.0° | 33° | 53.3°
Rotation | (2.0°) | (7.4°) | (2.0° | (2.9°) | (1.3°) | (1.3°) | (1.5°) | (1.8%) | (14.2°)

Left 50° | 351° | 29° | 37° | 38 | 3.6° | 3.0° | 33° | 632°
Rotation | (2.0°) | (8.5°) | (2.0° | (2.9°) | (1.3°) | (1.2°) | (1.5°) | (1.8°) | (18.1°)

To obtain the relative rotation between the vertebrae, the measurement method reported in the
experiments was implemented in the model. The motion measurements were relative to the directly
inferior segment, meaning that the superior vertebra kinematics were expressed in terms of the local
coordinate system of the inferior one. The coordinate system of each vertebra was defined by two local
directions that expressed the z-axis (horizontal and positive forward) and x-axis (horizontal and positive
to the left). The local y-axis was obtained by the cross-product of these two vectors, being vertical and
positive upward. After obtaining the relative movement of each intervertebral level, the Euler angles

were calculated in the sequence x-y-z (roll-pitch-yaw) based on the transformation in Equation 3-1.
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Where a, B, and y are the roll, pitch, and yaw angles, Ry, Ry, and R, are the Euler rotation matrices,
and R is the relative rotation matrix. In the current model, the R matrix was obtained by solving a linear
system between the global rotation matrices of subsequent vertebrae. The Euler angles were calculated
from the R matrix from each time step, and the final axial rotation (pitch angle) of each intervertebral
level was compared with the experimental values (Table 3-2). The temporal variations of the roll, pitch,
and yaw angles between CO and T1 were used to verify the repositioning equilibrium according to the
stabilization criterion previously defined. Figure 3-4 illustrates the process of calculating the Euler
angles between the skull and T1, which was used for rotational and equilibrium verifications. The same

procedure was applied between subsequent vertebrae to validate the intervertebral motion.

For each time step:

Mco: skull local Obtaining the orientations of the local
coordinate system coordinate system for the skull and T1
MCO* MTl

U

Calculating the relative rotation matrix
between skull and T1
Mco =R Mpy

™~ Y
Z/Al\x
\ ! )
z)}|\‘x Calculating the roll, pitch, and yaw

angles from the relative rotation matrix

My, T1 local a, By
coordinate system

Figure 3-4: Calculation of Euler angles representing the relative rotation between the skull and

T1 vertebra.

3.2 Assessment of Neutral and Non-Neutral Head Position Models in Rear Impact

Scenarios

After completing previous tests and verifications, the steady head-rotated models could be simulated in

rear impact scenarios. One neutral position and five non-neutral position models (head rotations of 0°,
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24.5°, 33.5°, 42.5°, 51.5°, and 60.5°) were evaluated in three rear impact scenarios and two muscle
activation schemes. The resulting head kinematics and tissue-level responses of the thirty-six

simulations were calculated to evaluate the injury risk for neck soft tissues.

3.2.1 Rear Impact Boundary Conditions

While full-body models utilize sled pulses to reproduce vehicle impact conditions, T1 boundary
conditions reported from voluntary and cadaveric studies can be used to simulate the impact scenarios
using a head and neck model (Barker & Cronin, 2021, 2022). The T1 motion during rear impacts,
consisting of two translational accelerations (anterior and superior) and one rotational displacement
(lateral), was obtained for impact severities of 4g, 7g, and 10g. To facilitate T1 constraining during the
repositioning phase, the acceleration profiles were double-integrated into displacement inputs. The T1
vertebra was fully constrained during the repositioning phase and partially constrained in the lateral

(translation), anterior (rotation), and superior (rotation) directions during the impact phase.

4g Rear Impact Boundary Conditions

The T1 boundary conditions for the 4g rear impact were obtained from the rear impact study performed
on human volunteers using a sled with a maximum impact speed of 7.9 km/h and a peak acceleration
of 3.77 g (Ono et al., 1997; Sato et al., 2014). The head and T1 kinematics were calculated by tracing
the motion recorded using a high-speed video camera. The average T1 motion was described

immediately after the sled pulse for a total of 250 ms (Figure 3-5).
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Figure 3-5: Experimental T1 kinematics (a) and integrated T1 inputs (b) for a 4g rear impact

scenario (Ono et al., 1997; Sato et al., 2014).
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7g Rear Impact Boundary Conditions

The T1 boundary conditions for the 7g rear impact were obtained from the group of rear-end impact
experiments using PMHS specimens (Deng, 1999). The T1 motion from a subject with a peak sled
acceleration of 8.20 g was selected to describe the 7g rear impact condition (Figure 3-6). This profile

had a total duration of 300 ms, with the sled pulse starting at 62 ms.
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Figure 3-6: Experimental T1 kinematics (a) and integrated T1 inputs (b) for a 7g rear impact

scenario (Deng, 1999).

10g Rear Impact Boundary Conditions

The T1 boundary conditions for the 10g rear impact were obtained from the same set of PMHS
experiments (Deng, 1999). To simulate this impact, the acceleration and rotational profiles were used
from specimens undergoing peak sled accelerations of 9.76 g and 9.36 g, respectively. Two different
experiments were used due to the unrealistic rotations reported for the first case (sled pulse of 9.76 g),
showing a need for an alternative T1 rotational profile. The subject used to obtain the linear
accelerations experienced a T1 peak extension of nearly 70°, which was substantially higher than the
20° to 40° range reported in other experiments. The combined T1 motion had a total duration of 300

ms, with the sled pulse starting at 52 ms (Figure 3-7).
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Figure 3-7: Experimental T1 kinematics (a) and integrated T1 inputs (b) for a 10g rear impact
scenario (Deng, 1999).

3.2.2 Muscle Activation Schemes

For each rear impact scenario, the effect of muscle activation was evaluated by implementing and
comparing the NMA and CMA schemes in the neutral and non-neutral position models. The NMA
scheme (extensors and flexors at 0%) was used to simulate cases without muscle activation, while the
CMA scheme (extensors at 20% and flexors at 100%) was used to reproduce the muscle contraction in
the models. The activation curves and parameters were maintained as the baseline for the GHBMC
head and neck models. To synchronize the muscle contraction with the impact conditions, the sled pulse
delays were used to offset the muscle activation curve start (Figure 3-8). For the head-rotated models,

the offset time also included the time required to reposition the model to a stable non-neutral position.
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Figure 3-8: Adapted muscle activation curves for the non-neutral position impact simulations.

3.2.3 Kinematics Comparison

While the primary goal of the rear impact models was to evaluate the potential for injury in the neck
soft tissues, the head motion was used to identify trends across the different phases of whiplash and
enhance the understanding of the subsequent tissue-level assessment. The head movement remained in
the sagittal plane during neutral position impacts but became more complex due to the asymmetry
added in the repositioned cases. Therefore, the head-T1 roll (flexion/extension), pitch (axial rotation),
and yaw (lateral bending) angles were calculated using Euler angles in the sequence x-y-z (roll-pitch-
yaw) (Figure 3-4). This definition enabled consistent rotation measurements, aligning with prior

verifications and validations using Euler angles.

3.2.4 Soft Tissue Injury Evaluation

The tissue-level response and injury potential were evaluated in the neck soft tissues clinically
associated with pain response during whiplash. The ligament distraction, muscle strain, nerve root

compression, and AF strain were investigated and compared with physiological limits.

Ligament Distraction

Most ligaments were implemented as 1D tension-only elements in the neck model (Figure 3-9), so their
displacements were tracked as the change in distance between their two nodes. The displacement profile

of each 1D element was averaged within each ligament group to represent its general response and
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minimize the effect of any elements with abnormally high displacements. The maximum values

experienced during the impact phase were reported for each case.
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Figure 3-9: Neck ligament implementation, including 1D tension-only and 2D shell elements.

Unlike the other ligament groups, the CL displacement profiles can have significant variations
depending on the beam positions, so averaging their curves may compromise the ligament assessment.
Instead, a quadrant evaluation was proposed based on the division of the CL elements into eight regions
(Figure 3-10a). The displacement profiles were averaged for beam elements inside the same region,

and the curve with the highest displacements was selected for the subsequent injury assessment.
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(a) Quadrant division of the capsular ligaments (b) 1D simplification of the cruciform ligament

Anterior Top

Posterior Bottom

Figure 3-10: Displacement evaluation of capsular (a) and cruciform (b) ligaments.

The exception for the 1D tension-only implementation was the cruciform ligament, formed of 2D shell
elements due to its complex shape. While being a combination of the TL with the superior and inferior
longitudinal fibers, the load-bearing function of the crux is concentrated in its lateral portion (TL). By
concentrating the study on this portion, the ligament considerably reduced its shape complexity and
could be simplified to a 1D evaluation. Therefore, the TL displacements were calculated as the change
in distance between the innermost and outermost nodes (Figure 3-10b). Note that this assumption was

only valid for low displacements.

The ligament injury risk was evaluated by comparing the maximum averaged displacement with their
measured response regions. Converting displacement to strain was not necessary since the response
regions were obtained from force-displacement curves (Mattucci et al., 2012, 2013). The displacement
threshold for the toe, linear, traumatic, and post-traumatic regions was obtained from ligament data and

used to evaluate the potential for pain response and tissue failure (Figure 2-16).

Muscle Strain

The muscle failure strain is significantly higher in the transverse direction (Morrow et al., 2010), so the
fiber-direction strain is critical for the injury analysis considering the isotropic implementation in the
current model version. Considering that the complex muscle structure is simplified as solid hexahedral
elements, obtaining the strain in the direction of the fibers can be challenging. The main problem is the

definition of the fiber direction of each element, which varies depending on its local coordinate system.
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To obtain the fiber-direction strain for all hexahedral muscle elements, a Python script was developed
to identify the element edges that align best with the closest 1D beam element of the muscle (Figure
3-11). First, for each solid element of a specific muscle, the code went through all beam elements for
that same muscle and identified the closest beam element to the solid element. The closest beam had
its direction calculated to represent the fiber direction of the element and was used to find the edges
that were best aligned with the fibers. The edges whose directions had the highest dot product (best
alignment) with the fiber direction were selected. The length variation of these edges was obtained and
used to calculate the stretches. Finally, the stretches were averaged and converted to true strain,
representing the fiber-direction strain component of the element. The Python script was tested and
assessed for several muscle elements during a rear impact condition, showing an adequate

correspondence with the fiber-direction strains calculated from LS-PrePost.
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Figure 3-11: Schematic of the method to obtain the strain in the direction of the fibers for each

muscle solid element.

The 95™ percentile strain was then calculated for each muscle by sorting the peak strains and identifying
the value that was exceeded by 5% of the elements. The 95" percentile was selected to remove the
effect of any spurious high-strain elements. The calculated fiber-direction strains were compared with

measured muscle failure values, which varied depending on the specimen and the muscle contraction.
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Studies have reported failure strains between 0.35 and 0.40 for non-active muscles (Best et al., 1995;

Morrow et al., 2010) and between 0.21 and 0.30 for active muscles (Hasselman et al., 1995).

Nerve Root Compression

The current model lacks an explicit implementation of nerve roots, so their transverse compression
could be estimated by tracking the narrowing of the IVF space. Studies have investigated the potential
for nerve root impingement by measuring the change in the height and width of the IVF and comparing
the peak narrowing with a baseline (Panjabi, Maak, et al., 2006; Tominaga et al., 2006). Following
these experimental procedures, a cross-section was defined at 45° to the midsagittal plane to determine
the nodes used to track the change in IVF height and width for each intervertebral level (Figure 3-12).
Considering the variation during the impact phase, the maximum reduction values for IVF heights and
widths were obtained and compared with reduction thresholds. These reference values were calculated
by subtracting the initial value of the IVF dimensions and the reported dimensions of the nerve root

(Alleyne et al., 1998).

Frontal view

Section view

Figure 3-12: Definition of the section and nodes to obtain the foramen height (h) and width (w)

between two vertebrae of the model.
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Table 3-3: IVF height and width reduction thresholds based on the experimental dimensions of
the nerve root (Alleyne et al., 1998).

teet | VB | IVE | Nerveroot | Nerveroot | opocion | reduction
threshold threshold
C2-C3 12.82 mm 9.32 mm 5.3 mm 3.8 mm 7.52 mm 5.52 mm
C3-C4 10.35 mm 9.2 mm 5.1 mm 3.4 mm 5.25 mm 5.8 mm
C4-C5 11.63 mm 8.43 mm 5.8 mm 3.8 mm 5.83 mm 4.63 mm
Cs-Co6 11.48 mm 8.05 mm 6.6 mm 4.4 mm 4.88 mm 3.65 mm
Ce-C7 9.55 mm 10.67 mm 7.3 mm 5.7 mm 2.25 mm 4.97 mm
C7-T1 9.06 mm 11.26 mm 6.7 mm 4.6 mm 2.36 mm 6.66 mm

Annulus Fibrosus Strain

The layers of annular collagen fibers, represented using 2D shell elements in the model, had their fiber-
direction strains calculated throughout the impact for each intervertebral level. The implementation of
the annular material (*MAT_FABRIC) allowed for a quick definition of the orientation of the collagen
fibers and, consequently, the measurement of the strains in these directions (Figure 3-13). Fiber-
direction strains were expected to vary across the annular collagen fibers based on their position.
Therefore, the AF elements were divided into four quadrants and had their strains averaged for each
section. The maximum strain among all quadrants was obtained for each intervertebral level and
compared with measured failure values from experiments that tested annular specimens along the fiber

orientation (latridis et al., 2005).

79



Step 1: Calculating the fiber-direction strains Step 2: Averaging the strains for each quadrant

Figure 3-13: Calculation of the average fiber-direction strains for each quadrant of the annular

Fiber-direction strains

Efiby
Efib,

Two shell
elements sharing
the same nodes

collagen fibers.
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Chapter 4
Results

4.1 Reference Geometry-Based Head Repositioning

4.1.1 Head Repositioning to Target Rotations

After obtaining the results of the initial nine tests, it was possible to correlate the head rotations in Stage
1 that would generate target rotations in Stage 2 using a logarithmic fit (Figure 4-1). The curve shows
that the model needs exponentially more rotation in Stage 1 to obtain higher axial rotations in Stage 2.
This fit was a reasonable estimation for obtaining a specific head rotation using the reference geometry-

based head repositioning, avoiding additional iterations in future simulations.
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Figure 4-1: Correlation to estimate the initial head rotation (Stage 1) that would rotate the model

to a target position using soft tissue pre-stretching (Stage 2).

Using the logarithmic fit, it was possible to obtain the axial head rotations needed to define the soft
tissue nodes in Stage 1 and the target positions achieved through soft tissue pre-stretching in Stage 2
(Table 4-1). The five head and neck models achieved the target head-T1 axial rotations of 25.6°, 33.8°,
43.0°, 51.6°, and 60.5°, each within a 5% tolerance of the nominal target angles (Figure 4-2).
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Table 4-1: Axial head rotations used in soft tissue nodal selection (Stage 1) to achieve the target

rotations using reference geometries (Stage 2) and the differences from the nominal target angles.

Axial head rotation Axial head rotation Relative difference

Nominal target | during the selection of after the reference between calculated

rotation soft tissue nodal geometry-based and nominal target
positions (Stage 1) repositioning (Stage 2) angle
24.5° 59.0° 25.6° 4.5%
33.5° 75.6° 33.8° 1.0%
42.5° 96.8° 43.0° 1.1%
51.5° 120.3° 51.6° 0.3%
60.5° 146.1° 60.5° 0.0%

24.5° rotation 33.5° rotation 42.5° rotation 51.5° rotation 60.5° rotation

Figure 4-2: Head and neck models repositioned to the five target head rotations using the

reference geometry approach.

4.1.2 Verification of Head Stabilization

The axial head-T1 rotations of the five models were monitored throughout the repositioning simulations
(Figure 4-3). The head and neck models had maximum variations of 0.50° (24.5°), 0.50° (33.5°), 0.52°
(42.5°), 0.53° (51.5°), and 0.64° (60.5°) in their axial rotations. These values represented variations of
2.0%, 1.5%, 1.2%, 1.0%, and 1.1%, respectively, indicating that the models reached equilibrium

according to the predefined stabilization criterion of 5% of the target rotation. While being secondary
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in the analysis, the variation of the lateral bending and flexion was tracked and indicated equilibrium
according to the same criteria (Figure 4-4). In the figures, the positive Y-axes correspond to right axial
rotation, right lateral bending, and flexion. The simulation time required for all three rotations to
achieve equilibrium within the specified criterion was 150 ms, which was used to offset the T1 impact

boundary conditions for the non-neutral position models.
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Figure 4-3: Axial head-T1 rotation for the five repositioned models during the stabilization phase.
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Figure 4-4: Lateral bending (a) and flexion/extension (b) between head and T1 for the five
repositioned models during the stabilization phase.
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Observing the path of the head until it achieves a steady position, it was possible to verify that the
additional boundary conditions helped reduce the oscillations for the initial 100 ms, and the final steady
state was achieved at a simulation time of 150 ms. The axial rotation value at a time of 150 ms was
used to verify that the nominal target values were achieved. The other two rotational profiles also
showed some interesting responses during the repositioning. Both lateral bending and flexion increased
for higher axial rotation values, achieving angles of 21.8° and 14.1° for an axial rotation of 60.5° (Table
4-2). While these values were lower than the axial rotations for all cases, they still contributed to a

combined rotation of the model.

Table 4-2: Head-T1 rotation values (150 ms), their maximum variation (between 150 and 250

ms), and the stabilization threshold for the head-rotated models.

Nominal target Axial rotation | Lateral bending Flexion Stabilization
rotation (max variation) | (max variation) | (max variation) threshold
24.5° 25.6° (0.5°) 4.5°(1.2°) 3.1°(0.3°) 1.3°
33.5° 33.8°(0.5°) 6.7° (1.2°) 4.6° (0.7°) 1.7°
42.5° 43.0° (0.5°) 9.5°(0.6°) 6.7° (0.6°) 2.1°
51.5° 51.6° (0.5°) 13.4°(1.9°) 10.0°(2.3°) 2.6°
60.5° 60.5° (0.6°) 21.8°(2.6°) 14.1° (0.9°) 3.0°

4.1.3 Validation of Intervertebral Rotations

The model with an axial head rotation of 51.5° was selected for the validation of the intervertebral
kinematics. The calculated rotation of the model, 51.6°, was 3.2% lower than the average axial right
rotation in the experiment, 53.3°. This indicates that the differences in head-T1 rotations between the
models were statistically negligible (less than 5%) and had a minimal effect on the cervical spine motion
comparison. The intervertebral measurements in the model generally agreed with the reported
experimental axial rotation (Figure 4-5). C1-C2 and all intervertebral levels between C3 and C7 had
axial rotations similar to the experimental values for a right axial head rotation. In contrast, C7-T1
showed the highest difference compared to the experimental range, being overpredicted by 3.4°. CO-
C1 and C2-C3 rotations were also outside the measured ranges of motion with values of 0.9° and 0.4°

below the lower measured boundary.
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Figure 4-5: Intervertebral axial rotation comparison between the model with a 51.5° head

rotation and the experiment with a 53.3° head rotation (Ivancic, 2013).

4.2 Neutral and Non-Neutral Head Position Models in Rear Impact Scenarios

After obtaining the five steady head-rotated models, the non-neutral position rear impact simulations
could be performed and compared with the neutral position model. To facilitate the comparison
between the head-rotated and neutral position cases, the results were synchronized with the beginning
of the sled pulse at 0 ms. Therefore, the non-neutral position simulations were divided into the
repositioning phase (initial 150 ms) and the impact phase (final 250-300 ms), while the neutral position
simulations only had the impact phase (final 250-300 ms). Figure 4-6 shows the response of the head

and neck models without muscle contraction during the 7g rear impact conditions.
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0° head rotation 24.5° head rotation

t=105ms

33.5° head rotation

t=105ms

51.5° head rotation 60.5° head rotation

t=0ms t=105ms t=210ms t=0ms t=105ms t=210ms

Figure 4-6: Motion sequence of the head-rotated models during a 7g rear impact scenario without

muscle activation.

4.2.1 Kinematics Comparison

The head-T1 axial rotation, lateral bending and flexion were obtained to complement the initial graphic
evaluation of the different head positions undergoing rear impact conditions (Figure 4-7, Figure 4-8,
Figure 4-9, Appendix A). In the figures, the positive Y-axes correspond to right axial rotation, right
lateral bending, and flexion. The neutral position cases had their head movements restricted to the
sagittal plane, meaning that only the flexion angle varied over time. This response was expected due to
the geometric symmetry and T1 motion restriction around the same plane. In contrast, the head-rotated
models did not experience pure extension during the rear impact scenarios, as the axial rotation and
lateral bending variations became relevant. The geometric asymmetry added by the initial head

rotations generated complex rotations throughout the impact simulations.
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Figure 4-7: Head-T1 axial rotation under a 7g rear impact, without and with muscle activation

for five head axial rotation positions.
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Figure 4-8: Head-T1 lateral bending under a 7g rear impact condition, without and with muscle

activation for five head axial rotation positions.
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Figure 4-9: Head-T1 flexion/extension under a 7g rear impact condition, without and with muscle

activation for five head axial rotation positions.

The head-T1 axial rotations were similar for all impact severities and muscle activation schemes,
having the lowest variations among the three angles. The models without muscle activation had slight
oscillations around the initial head rotations, while those with muscle activation had consistent
decreases in the axial angle. The lateral bending angles experienced significant reductions throughout
the impact and were affected by the different conditions, especially muscle activation. When muscle
activation was not used, the models had smaller decreases in the lateral bending and ended with positive
values (right lateral bending) for all three impact severities. The models using the CMA scheme

experienced high reductions in lateral head bending, converging to values close to 0°.

The flexion angles had the most complex behavior, as their variations were highly affected by the initial
axial head rotation, impact severity, and muscle activation. As a general trend, the head and neck
models experienced a reduced level of flexion followed by a high extension. For the 10g rear impact,
the hyperextension was followed by a rebound phase, characterized by a decrease in extension followed
by another extension peak. The 10g impact severity also showed sooner hyperextension peaks than the
4g and 7g cases, which had similar profiles. Muscle activation caused the head responses to converge
to a similar path during hyperextension regardless of the initial head position. In contrast, the groups

without muscle activation had much sparser responses for different head positions. The influence of the
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initial head position could be verified by the initial flexion added to the impact phase. The cases with
higher head rotations initially had higher flexion levels followed by lower extension levels. Therefore,

models with lower head rotations had higher hyperextension peaks.

4.2.2 Ligament Distraction Evaluation

The cervical spine ligaments had different displacement patterns depending on their locations in the
neck, with some head-rotated models exhibiting values close to the linear limit. The CLs had maximum
quadrant displacements located between the middle and the end of the linear region for the most severe
cases. The highest displacements happened for lower cervical levels (below C3), with C3-C4 and C5-
C6 having the most severe outcomes. As a general trend, the CL ligament distractions were
substantially affected by the head position and showed increasing values for higher rotations (Figure
4-10, Appendix B). The 60.5° head-rotated impact experienced the highest quadrant distractions, being
close to the linear limit for up to six levels (from C1-C2 to C6-C7). A head rotation of 51.5° also
generated elevated displacements during the impact conditions, being located between the middle and
the end of the linear region for up to two levels (C3-C4 and C5-C6). The models with rotations between
24.5° and 42.5° had moderate distractions, without any quadrant value close to the linear limit. The

neutral position case had the lowest CL displacements with maximum values entering the linear region.
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Figure 4-10: Maximum quadrant displacement of capsular ligaments during a 7g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012, 2013) for each intervertebral level.
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The head repositioning also changed the location where the maximum displacements occurred due to
the asymmetry added. While the neutral position model experienced CLs with peak displacements
mainly on the frontal and lateral parts, the repositioned cases had a concentration of critical ligaments
in the lateral portion of the facet joints. Muscle activation induced a slight reduction in the quadrant
displacements for all levels except C1-C2, which had the opposite trend with increased distractions.
Impact severity also increased ligament distractions, especially in cases without muscle activation.
Higher impact severities generally increased the CL distractions, with the 10g impact condition

generating the highest displacement values.

The ISLs had distinct injury potentials depending on the spinal level (Figure 4-11, Appendix B). Models
with high head rotation experienced elevated C1-C2 distractions, representing a high risk of tissue pain.
In contrast, the distractions for all the other levels were low and located inside the toe region,
representing a considerably reduced injury risk. Similar to the CLs, the distractions were higher for
increasing head rotations. The exceptions were some low cervical spine cases that had abrupt
displacement growths with muscle activation. In general, muscle contraction contributed to slight
displacement reductions and had a higher influence on the upper levels. Increasing the impact severity

also had limited effects on these ligaments, with more relevant increases between 7g and 10g.
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Figure 4-11: Average displacement of interspinous ligaments during a 7g rear impact scenario
without and with muscle activation compared with the response regions (Mattucci et al., 2012)

for each intervertebral level.

The ALLs had moderate to high displacements during the rear impact scenarios, primarily located in

the linear response region (Figure 4-12, Appendix B). C4-C5 and C5-C6 were the critical levels, with
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values close to the linear limit for some head-rotated models without muscle activation. The other
cervical levels had moderate displacements, at most in the middle of the linear region, and did not
represent an elevated risk of pain response. In general, increasing head rotations slightly increased
ligament displacements, with the highest values happening for the 60.5° case. However, muscle
activation reduced those differences and even changed the trend for some impact scenarios, with the
peak values happening for the neutral position. Muscle activation also reduced ligament distractions

during rear impacts, especially for the most severe levels (below C4).
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Figure 4-12: Average displacement of anterior longitudinal ligaments during a 7g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.

The PLLs had lower distractions compared to the ALLs, with values below 1.5 mm (Figure 4-13,
Appendix B). All ligaments were inside the toe region for 4g and 7g severities, representing a low
injury risk. Some models undergoing a 10g rear impact condition had their ligaments entering the linear
region, slightly increasing the risks of pain. Muscle activation contributed to a general reduction in
distractions while increasing impact severity generated higher ligament outcomes. Located in the
posterior portion of the cervical spine, these ligaments were substantially affected by the rebound phase

and, consequently, by the 10g rear impact condition.
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Figure 4-13: Average displacement of posterior longitudinal ligaments during a 7g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.

The LF had low displacements, situated generally at the beginning of the toe region (Figure 4-14,
Appendix B). The head positioning and the impact conditions had limited influence on these ligaments,
with minimal risk of damage. The overall trend followed the other ligaments and showed increased
displacements for higher head rotations. Apart from some neutral position cases, muscle activation
reduced the ligament distractions during the impact scenarios. The increase in impact severity had a

limited effect between 4g and 7g but generated higher displacement values for the 10g rear impact.
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Figure 4-14: Average displacement of ligamenta flava during a 7g rear impact scenario without
and with muscle activation compared with the response regions (Mattucci et al., 2012) for each

intervertebral level.
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The remaining ligaments in the upper cervical spine had different behaviors depending on the impact
condition (Figure 4-15, Appendix B). For the 4g and 7g impact severities, all these ligaments had low
distraction and were located inside the toe region. The 10g rear impact cases had several ligaments

entering the linear region, including alar, apical, and TM.
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Figure 4-15: Average displacement of upper cervical spine ligaments during a 7g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2013) for each ligament.

The effect of the head position was diverse among the upper cervical spine ligaments. The AA-AM,
PA-AM, and alar ligament experienced increasing displacement values for higher head rotations.
Conversely, the TM and apical ligament experienced their highest displacements with the limit cases
(rotations of 0° and 60.5°) during 4g and 7g rear impacts. The 10g severity had a different influence on
those ligaments, with lower displacements being experienced for increasing head rotations. The AA-
OM, PA-OM, and TL had reduced values and showed no clear trend when varying head positions. The
use of muscle activation had a high effect in reducing ligament distractions. Regarding the effect of
impact severity, few differences were verified between the 4g and 7g cases. However, the increase in
impact severity to 10g highly affected some ligaments, such as alar and apical, due to the rebound phase

being considered in this condition.
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4.2.3 Muscle Strain Evaluation

The fiber-direction strain evaluation indicated that some muscles had elevated deformations while
undergoing rear impact scenarios (Figure 4-16, Appendix C). Rectus capitis lateral, omohyoid,
sternohyoid, sternocleidomastoid, levator scapula, and scalenus medius experienced the highest fiber-
direction strains, exceeding damage thresholds for multiple cases. Considering that the injury threshold
is lower for activated muscles, the models using muscle contraction had significantly more muscles
with strains entering the damage region. For all groups, the models with a 60.5° head rotation had the

highest fiber-direction strains and, consequently, the highest risk of muscle damage.

Bar legends (head rotations): Fiber-direction failure strain region:
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Figure 4-16: 95" percentile muscle fiber-direction strains during a 7g rear impact scenario
without muscle activation compared with the failure region for non-activated muscles (Best et al.,

1995; Morrow et al., 2010).
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Bar legends (head rotations): Fiber-direction failure strain region:

I 0° N 24.5° W 33.5° 42.5° I 51.5° W 60.5° Failure strains for activated muscles
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Figure 4-17: 95" percentile muscle fiber-direction strains during a 7g rear impact scenario with

muscle activation compared with the failure region for activated muscles (Hasselman et al., 1995).

As they were crucial to the head rotation movement, the muscles had their fiber-direction strains highly
affected by head position. Higher fiber-direction strains were experienced with increasing head
rotations, reaching a maximum for 60.5° axial head rotation. The neutral position cases had the lowest
muscle fiber-direction strains, which mostly did not reach the damage region. In contrast, the model
with a head rotation of 60.5° had at least seven muscles that exceeded the failure strain threshold for
all impact severities and muscle activation schemes. The number of affected muscles increased to
seventeen when considering muscle activation, due to the decrease in the damage threshold. The head
rotations between 0° and 60.5° showed intermediate behaviors to those two cases. However, even for

low head rotations, the model predicted high strains that could potentially damage the muscles.

The addition of muscle activation to the models had different effects on each muscle, depending on the
head position. For elevated head rotations, the activation scheme had a low effect on the muscle
outcomes and did not affect the injury evaluation. Conversely, the models with low head rotations
experienced strain reductions for most muscles when contracted. The exceptions were the rectus capitis

anterior and omohyoid, having a considerable strain increase for all head rotations. Regarding the
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change in impact conditions, the cases with higher head rotation also had slight differences for
increasing severities. The impact severity had more visible effects for lower head rotations, with higher

fiber-direction strains being experienced for increasing impact conditions.

4.2.4 Nerve Root Compression Evaluation

The reduction of the IVF heights (Figure 4-18, Appendix D) and widths (Figure 4-19, Appendix D)
was small for all head rotations, impact severities, and activation schemes. The IVF height reduction
was generally below 2 mm for C2-C3 and below 1 mm for all lower levels. While the upper levels had
higher height reductions, they also had increased threshold values and low risks of nerve root
impingement. The IVF widths had even smaller reductions, with maximum values of 0.8 mm and higher
variations for lower intervertebral levels. Multiple cases did not experience any width reduction, and

the changes in this IVF dimension also showed low risks of impingement.

Models without muscle activation (NMA) Models with muscle activation (CMA)

Intervertebral foramen height reduction (mm)
Intervertebral foramen height reduction (mm)

0
C2-C3 C3-C4 C4-C5 C5-Cé C6-C7 C7-T1 C2-C3 C3-C4 C4-C5 C5-Cé C6-C7 C7-T1
Bar legends (head rotations): Intervertebral foramen reduction limit:
N 0° W 24.5° mmm 33.5° 42.5° Il 51.5° 60.5° Height reduction threshold

Figure 4-18: Maximum intervertebral foramen height reductions during a 7g rear impact

scenario without and with muscle activation compared with the threshold values.
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Models without muscle activation (NMA) Models with muscle activation (CMA)

Intervertebral foramen width reduction (mm)
Intervertebral foramen width reduction (mm)

n - | | [ ] - | & 0 I. I
C2-C3 C3-C4 C4-C5 C5-Cé C6-C7 C7-T1 C2-C3 C3-C4 C4-C5 C5-Cé6 C6-C7 C7-T1
Bar legends (head rotations): Intervertebral foramen reduction limit:
N 0° W 24.5° 33.5° 42.5° mEM 51.5° 60.5° Width reduction threshold

Figure 4-19: Maximum intervertebral foramen width reductions during a 7g rear impact

scenario without and with muscle activation compared with the threshold values.

Comparing the IVF height variations for different head rotations, two opposite trends could be verified
depending on the intervertebral level. Lower cervical levels experienced decreases in height reduction
for higher head rotations, while C2-C3 and C3-C4 mostly had the highest reductions for intermediate
rotations. While few changes in the IVF widths were noticed, their reductions were generally lower
with increasing head rotations. The impact severity also seemed to have a low effect on the width
variation, with small increases in C6-C7 and C7-T1 levels. The IVF height reduction also had minor
increases with increasing impact severity. Muscle activation further reduced the IVF space and slightly

increased the chance of nerve root impingement.

4.2.5 Annulus Fibrosus Strain Evaluation

The evaluation of the quadrant fiber-direction strain of the AF showed differences depending on the
intervertebral level (Figure 4-20, Appendix E). C5-C6 was the region that generally showed the highest
strains, entering the damage region for some 7g and 10g rear impact cases. The spinal levels above C5-
C6 experienced intermediate strains in most cases. The exceptions were some models undergoing the
10g rear impact using muscle activation with quadrant strains reaching the reported failure strain. The
levels below C5-C6 showed low strain values during the impact, mostly below 20%, and did not enter

the damage region for the AF.
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Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure 4-20: Maximum quadrant fiber-direction strain of annulus fibrosus during a 7g rear
impact scenario without and with muscle activation compared with the failure corridor (Iatridis

et al., 2005) for each intervertebral level.

The effect of head rotation in the fiber-direction strain of the AF was also mixed with different trends
for each region and group. For models without muscle activation, the lowest strains generally happened
with intermediate head rotations, meaning that peak strains occurred for head rotations of 0° and 60.5°.
The opposite trend was observed for the C4-C5 level as the peak strains were identified for head
rotations between 33.5° and 51.5°. These responses caused some intermediate cases, such as a head
rotation of 42.5°, to not experience injurious strains for any impact severity or muscle activation
scheme. Alternatively, the limit cases (0° and 60.5° head rotation) had at least one level experiencing
strains that could damage the fibers when the model underwent impact severities of 7g and 10g. The
AF quadrants with the highest displacements were generally the same for different head positions, and
the peak C5-C6 strains were concentrated in the right portion of the disk. Some spinal levels, such as

C2-C3 and C7-T1, had a transition of the critical regions from the longitudinal to the lateral sections.

In general, muscle activation helped to reduce the maximum strains and the risk of tissue damage in
the AFs. These reductions also made the models behave more similarly for different head rotations. In
contrast, models with low head rotation experienced substantial increases in strain for C2-C3 and C3-
C4 when using the CMA scheme, which made those regions have a strain reduction for increasing head
rotation. Lastly, increasing the impact severity gradually increased the AF outcomes, and the maximum

fiber-direction strain values were achieved for the 10g rear impact scenarios.
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Chapter 5

Discussion

5.1 Head Equilibrium and Intervertebral Kinematics in Reference Geometry-Based

Head Repositioning

5.1.1 Development of a Novel Repositioning Method

The main goal of the study was to simulate non-neutral position rear impact scenarios and calculate the
injury risk in different neck soft tissues. To achieve a biofidelic representation of such impacts, the
head repositioning needed to realistically mimic the in vivo neck movements and interactions. Previous
numerical studies have been limited in achieving a stable head and neck non-neutral position with
biofidelic intervertebral movements for a detailed FE human model. A novel repositioning method
using stress initialization was proposed to pre-stretch neck soft tissues and rotate the head to a desired
non-neutral position. The method was divided into an initial model to obtain the new stress-free
positions of the soft tissues (Stage 1) and a final model to reposition the model to a desired orientation

with the stress initialization of these soft tissues (Stage 2).

The reference geometry-based repositioning method was iterative, so several simulations needed to be
tested before achieving the desired rotations. After obtaining the results of the initial repositioning
models, a logarithmic fit was used to estimate the head rotations required in Stage 1 to obtain the target
rotations in Stage 2 (Figure 4-1). This correlation verified that the models needed to use soft tissue
reference geometries from head rotations that were considerably higher than the target positions. Using
the logarithmic fit, the five axial head rotations of 24.5°, 33.5°, 42.5°, 51.5°, and 60.5° were achieved
within the 5% predefined tolerance. To achieve these head rotations, the repositioning method used
rotations of up to 146.1° to obtain the soft tissue nodal positions in Stage 1. This rotation was close to
the maximum axial head rotation that the GHBMC M50-O neck model supported, so a head rotation
of 60.5° represented the upper limit of the method.

The head and neck stabilization was verified during repositioning by tracking the variation of head-T1
axial rotation, lateral bending and flexion/extension. For all five target rotations, the models reached
equilibrium after a simulation time of 150 ms. The neck model comprises multiple non-linear elastic
structures, which were susceptible to high oscillations after stress initialization. The additional

boundary conditions, including axial skull rotation and damping, were fundamental to reducing the
99



oscillations and, consequently, the time for equilibrium. During the repositioning, the head-T1 axial
rotation movement was coupled with lateral bending and flexion. An in vivo experiment investigated
the intervertebral motion during axial head rotation, verifying that lateral bending occurred in the same
direction as axial rotation for all intervertebral levels (Ishii et al., 2004). Extension was reported for the
spinal levels between C2-C3 and C4-C5, while flexion occurred for the spinal levels between C5-C6
and C7-T1 in slightly lower angles. Another similar study confirmed coupled flexion-extension angles
with intervertebral axial rotations and verified that upper cervical levels experienced lateral bending in
the opposite direction of the axial rotation (Salem et al., 2013). The current models experienced head-
T1 lateral bending angles of up to 21.8° and flexion angles of up to 14.1°, indicating an agreement for
lateral bending and some differences for flexion when compared to in vivo motion. The lower cervical
spine of the model contributed the most to the right lateral bending and flexion, while the upper cervical

spine had lower coupled rotations.

5.1.2 Validation against Experimental Intervertebral Motion

To evaluate the biofidelity of the reference geometry-based repositioning method, the intervertebral
kinematics of the model with an axial head rotation of 51.5° was compared with the values from a
cadaveric experiment in ligamentous cervical spine models (Ivancic, 2013). In this assessment, most
intervertebral levels showed axial rotations close to the experimental values. The level that contributed
the most to the head axial movement, C1-C2, had approximately the same rotation as the experimental
average. This trend is also consistent with in vivo studies, which have identified this spinal level as the
main contributor to axial head rotation (Guo et al., 2021; Salem et al., 2013). Given that the primary
function of the atlanto-axial joint is to facilitate axial rotation, the C1-C2 motion served as a crucial
validation of the head-rotated model. In contrast, C7-T1 axial rotation, 8.5°, was considerably above
the measured value, 3.3°. This intervertebral rotation was particularly high compared to the other lower
cervical levels, which may be explained by the T1 constraints during the simulations. As this vertebra
was restricted from rotating axially, the relative difference between the C7 and T1 axial rotations was
increased. Consequently, the evaluation of ligaments, nerve roots, and AFs at this spinal level may have
been affected by the additional deformations added prior to the impact condition. The other two levels
outside the measured ranges of motion, CO-C1 and C2-C3, had smaller differences than C7-T1. Their
axial rotations were less than 1° below the lower measured boundaries, showing acceptable differences
when accounting for experimental variability. Therefore, the reference geometry-based repositioning

method demonstrated a biofidelic axial head rotation by accurately representing intervertebral motion.
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5.2 Head Motion Analysis in Neutral and Non-Neutral Position Rear Impact Scenarios

The comparison of head-T1 rotations provided an initial evaluation of the models with different head
positions undergoing rear impacts. The differences during the hyperextension phase were particularly
relevant to understanding the variations in injury risk in these scenarios. For all impact severities and
muscle activation schemes, the peak extension value during hyperextension reduced with increasing
axial head rotations (Figure 5-1). This trend was in accordance with previous studies that reported that
axial head rotations decrease the physiological range of extension (Macnab, 1971). The initial
deformations generated by axial head rotation increased the overall stiffness of the neck, reducing the
extension range for the same impact load. In addition, the initial flexion generated by the head
repositioning creates additional resistance to the hyperextension of models with higher head rotations.
Models with head rotations up to 33.5° had decreased peak extensions with the addition of muscle
activation during the impact conditions. These reductions happened due to the increased muscle
stiffness generated during contraction. In contrast, models with head rotations from 42.5° experienced
higher peak head-T1 extensions with muscle activation, reducing the differences to the neutral position
values in all three impact severities. While the muscles had increased stiffness, the lateral bending of

these repositioned models was considerably reduced, contributing to a decrease in global neck stiffness.

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure 5-1: Peak head-T1 extension for the three impact severities, without and with muscle

activation.
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Due to the greater accelerations acting on the head and neck, increasing impact severities were expected
to increase peak head extension and reduce the time to reach this peak. In general, the peak extension
of the model increased with impacting severity, and the models had the highest angles for the 10g rear
impact scenario (Figure 5-1). The maximum extension was limited to approximately 42°, meaning that
the increased neck stiffness restricted further movement beyond this point. As a result, no further
increase in peak extension was observed in the neutral position model between 7g and 10g rear impacts,
as the maximum value had already been reached at 7g. Regarding the time for peak extension, the
results varied depending on the impact conditions. Among the three scenarios, the models undergoing
an impact of 10g experienced the soonest hyperextension phase, happening at simulation times of 133
to 143 ms. These values were considerably lower than the peak times for 7g (203 to 208 ms), which
agrees with the initial expectations. In contrast, the hyperextension peak happened at similar times for
the 4g (195 to 200 ms) and 7g (203 to 208 ms) rear impacts. A possible explanation for this behavior
may be the experiments used to obtain T1 boundary conditions, as the 4g and 7g inputs used data from
different subjects (Deng, 1999; Ono et al., 1997; Sato et al., 2014). The volunteer and cadaveric subjects

may have responded differently to the sled impacts due to their distinct biomechanical properties.

The head-T1 lateral bending was significantly affected by the initial head rotation since higher axial
rotations induced higher lateral bending during repositioning. The general trend for the repositioned
models was reducing the lateral bending during the hyperextension phase of whiplash. Models with
higher axial head rotations had higher reductions due to their initial level of lateral bending (Figure
5-2). The variations in the lateral bending were even higher with the use of muscle activation during
the impacts. The CMA scheme was designed for neutral position impacts and, therefore, caused the
neck muscles to contract and further rotate the head back to the sagittal plane in non-neutral position

impacts. The impact severity had minimal effect on the maximum variation in the head lateral bending.
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Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure 5-2: Maximum variation in head-T1 lateral bending for the three impact severities,

without and with muscle activation.

The head-T1 axial rotations, which were the target positions at the beginning of the sled pulses, did not
vary significantly throughout the impact scenarios. While the axial rotation profiles also showed
decreases during the hyperextension phase, the variations were limited when compared to the initial
axial head rotation. Similar to lateral bending, the variations in the axial rotation angles were higher
with muscle activation (Figure 5-3). The CMA scheme contributed to rotating the head back to the
sagittal plane and reducing the level of axial rotation, but the effect was again reduced when compared
to the initial axial head rotation. The impact severity increased the variation of axial rotation when

muscle activation was considered.
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Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure 5-3: Maximum variation in head-T1 axial rotation for the three impact severities, without

and with muscle activation.

5.3 Tissue-Level Response in Neutral and Non-Neutral Position Rear Impact Scenarios

Thirty-six rear impact simulations were performed to verify the effect of the initial head position,
muscle activation, and impact severity on the tissue-level neck responses. Four soft tissues frequently
associated with pain occurrence during whiplash were investigated. The injury assessments were
performed by directly calculating deformation components or indirectly estimating changes in the
tissue dimensions. The ligament displacements were calculated and compared with their measured
response regions to obtain the potentials for pain and failure. Similarly, the muscles and AFs had their
strains calculated in the fiber direction and assessed with reported failure strains. In contrast, nerve root
compressions were estimated by evaluating the dimension reductions of the IVF spaces and comparing

them with narrowing thresholds calculated from experimental dimensions of the nerve roots.

5.3.1 Influence of Initial Head Position on Soft Tissue Responses

Among the injury mechanisms investigated during rear impacts, ligament distractions and muscle
strains were affected the most by the initial head position. Regarding the cervical ligaments, the study
demonstrated that higher CL displacements were experienced with increasing axial head rotation. This
trend agreed with in-vitro tests in cervical spine motion segments that observed significant increases in

the facet capsule strains for non-neutral posture rear impacts (Siegmund et al., 2008). The intervertebral
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levels and facet joint regions with elevated displacements also corresponded well with experimental
data. For a similar rear impact severity of 8g, Panjabi et al. (2006) verified a significant increase in
three-plane injury potentials for the lower cervical spine levels (below C3) when the head was rotated.
The CL responses confirmed this behavior by showing that these same regions had the highest
sensitivity to head rotation. Regarding the critical location of the facet joint, Siegmund et al. (2008)
found that turning the head during rear impact increased the capsular ligament strains further on the
side toward the cervical rotation. For the right axial head rotation, the model successfully predicted

increased ligament distractions in the right portion of the facet joints.

The ISL, ALL, AA-AM, and alar ligaments also showed consistent increases in displacement with
increasing axial head rotation. Among them, the C1-C2 ISL had the most substantial growths, varying
from the beginning of the toe region (neutral position) to the linear limit (60.5° head rotation). This
trend can be explained by the elevated axial rotation experienced in the atlanto-axial joint, which
induced shearing effects in the ISL. Regarding the alar ligament, the displacement increases agreed
with previous MRI studies that verified more severe injuries in the alar and TL ligaments for head-
rotated whiplash patients (Kaale et al., 2005a). This trend was not verified in the TL, which experienced
minimal displacements for all cases. The PLL, LF, and the other upper cervical spine ligaments had the
lowest differences in distraction for different head rotations. These ligaments are positioned closer to
the axial rotation axis of the vertebrae, which minimizes the movement of their attachments and

consequently reduces their displacements.

Higher axial head rotations significantly increased strains in the neck muscles along the fiber directions.
The head repositioning pre-stretched the neck muscles to desired orientations, which increased their
baseline strains before the impact phase. Consequently, these baseline strains underwent further
deformations during whiplash, increasing the peak strains experienced. Therefore, the strain increases
during the rear impacts were particularly expected in muscles with the highest contributions to the axial
head rotation, which was verified for the sternocleidomastoid, levator scapula, and scalenus medius.
These muscles had some of the highest increases, varying from low to medium strains in neutral

position models to injurious values in the models with a 60.5° head rotation.

The head position had a limited effect on the two other injury mechanisms, nerve root compression and
AF strain. The IVF height reduction slightly decreased with increasing head rotations, indicating a

higher potential for nerve root compression for the neutral position. The exceptions were some upper
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cervical spine levels that showed the highest reductions for intermediate rotations. In contrast, the IVF
width reduction was minimal and did not experience considerable changes with the initial head position.
These findings differ from previous experiments with whole cervical spine models that reported
significant IVF height and width reductions for 5 g and 8 g accelerations when the head was rotated,
respectively (Tominaga et al., 2006). The lack of musculature and other soft tissues may have decreased
the neck stiffness in the experimental model, inducing greater intervertebral motion and higher IVF
narrowing. The AF strains also did not show a consistent trend regarding the axial head rotation. For
the models without muscle activation, the maximum AF strains usually occurred for head rotations of
0° and 60.5°. Considering muscle activation, the models experienced reduced strains for higher head

rotation, indicating that non-neutral positions could mitigate injury at some spinal levels.

5.3.2 Influence of Muscle Activation on Soft Tissue Responses

The addition of muscle contraction during the rear impact simulations had different effects for each
injury mechanism. In general, the cervical ligament displacements and muscle strains decreased when
the muscle activation scheme was changed from NMA to CMA. The contraction stress from the 1D
Hill-type elements increased the stiffness of the whole muscle and, consequently, the neck. The
increased stiffness assisted in neck stabilization and reduced head extension, which also decreased
ligament and muscle deformations. The anterior cervical ligaments, including the ALL, AA-AM,
apical, and alar (occipital portion), had the highest reductions as their primary function is to control
neck extension. The influence of muscle activation was more significant for models with lower head
rotations, so the neutral position cases generally had the highest reductions in ligament displacements
and muscle strains. The muscle activation stresses generated from 1D Hill-type elements were highly
dependent on the stretches experienced by the muscle elements (Equation 2-2, Figure 2-38a). Therefore,
models with high head rotations already experienced elevated muscle deformations prior to the impact

phase, which scaled down the muscle active stress (Figure 5-4).
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Figure 5-4: Stretching of Hill-type muscle elements reducing the effect of muscle activation on

models with high head rotation.

The AF strains mainly followed the same trend from the ligaments and muscles, with decreasing values
for the CMA schemes. The main differences happened in the C2-C3 and C3-C4 levels during a 10g
rear impact condition, where muscle activation increased the AF strains for low head rotations. The
additional stiffness in the neck increased the local flexion peak during the rebound phase for models
with axial head rotations up to 24.5°. This alteration modified the loading mechanism in the AF, so the
portion responsible for limiting the flexion was more affected and had increasing strains. The IVF space
had the opposite trend from the other soft tissues, with increasing risks of injury when using muscle
contraction. The IVF heights had the highest increases in narrowing, particularly in the C2-C3 and C3-
C4 levels. The previous three injury mechanisms are triggered when the soft tissue is stretched beyond
a specific tensile strain. In contrast, nerve root injury occurs due to excessive compression, estimated
by the reduction in the IVF space. As a result, muscle contraction brings neck structures closer together,

further narrowing the foraminal space and increasing the risk of nerve root impingement.

5.3.3 Influence of Impact Severity on Soft Tissue Responses

As a general trend, increasing the severity of the rear impact generated higher deformations in the
studied soft tissues. Higher impact accelerations increased the head peak extension during whiplash,
which amplified soft tissue strains and raised injury risks. The ligament displacements and muscle
strains generally increased with impact severity, achieving peak values for the 10g rear impact
condition. Most ligaments had progressive displacement variations with similar increases between 4g

and 7g and between 7g and 10g. The exceptions were the PLL, alar, apical, and TM ligaments, which
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had considerably higher increases from a 7g to 10g rear impact. The main reason for these differences
was the inclusion of the rebound phase in the T1 boundary conditions for the 10g rear impact scenario.
Therefore, ligaments more affected by flexion, such as the PLL, had increasing strains during this
phase. These increases in cervical ligament displacements agreed with in vitro whiplash simulations
that verified higher CL, ALL, TL, alar, and apical ligament strains for increasing rear impact
accelerations (Ivancic et al., 2004; Maak et al., 2006; Panjabi et al., 1998; Pearson et al., 2004). The
muscles also exhibited a progressive increase in strain with higher rear impact severities, having a more
significant effect in models with lower head rotations. The strain contribution during the repositioning
phase was higher than the one added during the impact for some muscles in models with higher head

rotations, reducing the strain growth with the impact severity.

The AF showed consistent strain increases with impact severities for all head positions. For the neutral
position case, the trend was in accordance with rear impact tests performed in osseoligamentous
cervical spine models that verified increases in peak AF strains for increasing impact accelerations
between 3.5 g and 8g (Panjabi, Ito, et al., 2004). While most cases showed progressive increases in
strain, some spinal levels had particularly high increases between 7g and 10g impact severities when
muscle activation was used. Finally, the IVF height and width reductions were the least affected by the
variation of impact severity among the injury mechanisms studied. Cadaveric experiments with cervical
spine models also did not verify relevant changes in IVF narrowing with increasing rear impact

severities between 2g and 8g (Panjabi, Maak, et al., 2006; Tominaga et al., 2006).

5.3.4 Evaluation of Soft Tissue Injury Risks

The ligaments, muscles, and AFs were the soft tissues with the highest potential for injury during rear
impact scenarios (Table 5-1). Following the trends from the previous analyses, the model with a head
rotation of 60.5° undergoing a 10g rear impact had the highest risks. While none of the cases had
ligaments entering the post-traumatic region, several models had CLs, ISLs, and ALLs with
displacements reaching the end of the linear region. Experimental studies in the facet capsules verified
that the activation of nociceptors can occur before the sub-catastrophic failure, leading to the initiation
of the pain process (Lu et al., 2005a, 2005b). Therefore, ligaments close to their linear limit had a high
chance of experiencing pain. In the current study, the CLs (at C3-C4 and C5-C6) and the ALLs (at C4-
C5 and C5-C6) had displacements close to their linear limit for axial head rotations starting from 51.5°

and rear impact severities from 7g. The C1-C2 ISLs for a head rotation of 60.5° under all impact
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severities had the closest displacements to the linear limit and the highest risks of pain among the
cervical ligaments. Previous in vitro studies verified that CLs exceeded physiological strains starting at
2.5 g rear impacts, particularly in the lower cervical spine (Panjabi et al., 1998; Pearson et al., 2004).
The current evaluation complemented this experiment by indicating that the risk of pain response
started to be relevant at an impact severity of 7g. Another cadaveric study verified that the alar, TL,
and apical ligaments did not experience injuries for any impact condition up to 8 g (Maak et al., 2006).
This behavior was verified in the present analysis, and all ligaments from the occipital-atlanto-axial
joints had low risks of injuries for impact severities up to 10g. Therefore, these results showed that a
4g rear impact severity was sufficient to generate injurious ligament displacements when the occupant

experienced an elevated head rotation.

Table 5-1: Summary of neck injury evaluation.

Mechanism Injury assessment Locations with higher risks

CL (C3-C4 and C5-C6) and ALL (C4-CS5 and C5-C6)
for high head rotations at 7g and 10g impact

ISL (C1-C2) for high head rotations

Ligament

distraction High risk of injury

Rectus capitis lateral, omohyoid, sternohyoid,
sternocleidomastoid, levator scapula, and scalenus
medius for high head rotations at all impacts

Muscle strain High risk of injury Rectus capitis lateral, sternohyoid, and

sternocleidomastoid for non-neutral positions at 7g and

10g impacts
Nerve root Low risk of injury | No location with significant risk
compression
C5-C6 at 7g and 10g impacts
AF strain High risk of injury

C2-C3 and C3-C4 at 10g impact

The 95" percentile fiber-direction strain of the muscle indicated that up to seven muscles exceeded the
failure strain during non-neutral position rear impacts. The failure strain threshold was reduced when
muscle activation was considered, which increased the number of muscles that entered the damage
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region up to seventeen. The models with head rotations higher than 33.5° experienced injurious strains
for at least two muscles during all impact conditions. In contrast, a head rotation of 24.5° just induced
injurious strains for impact severities starting at 7g. Considering the selection of the 95™ percentile
values, the results showed multiple muscles with approximately 5% of their volume experiencing
strains higher than the damage threshold. These findings indicated an elevated potential for injury in
the neck muscles. Regarding the injury locations, the muscles that collaborated with the axial head
rotation had some of the highest strains and, consequently, elevated risk of damage. However, the
muscle with the highest strains was the rectus capitis lateral. This muscle collaborates mainly with
the lateral bending of the head, and its excessive strain values were associated with its size. The rectus
capitis lateral is the smallest neck muscle with a volume fifty times lower than the average neck muscle
volume. Therefore, the 95" percentile strain of this muscle represents a strain experienced by a reduced
number of elements, which increased the strain value compared to other muscles. In contrast,
the sternocleidomastoid and levator scapula are large muscles with volumes higher than the average
muscle volume for the neck. This indicates that these muscles had a considerably higher number of

elements experiencing injurious strains when compared to small muscles.

The current model lacked an explicit implementation of nerve roots, so it could not identify the
mechanical changes in the spinal canal. Therefore, the evaluation of nerve root injury was limited to
the compression mechanism, estimated by tracking the variation in IVF heights and widths. The IVF
space narrowing was reduced and considerably lower than the dimension reduction thresholds for all
spinal levels and models, representing a low risk of injury. These results contradict previous tests with
whole cervical spines that verified a high potential for nerve root compression between C3-C4 and C6-
C7 in head-forward and head-rotated rear impacts (Panjabi, Maak, et al., 2006; Tominaga et al., 2006).
A possible explanation for this difference is that the osseoligamentous cervical spine models in the
experiment may not have captured the effect of musculature and other neck soft tissues, which
decreased the neck stiffness and contributed to higher dimension reductions. In addition, these studies
used literature values for the IVF dimensions to estimate the narrowing threshold, while the current

assessments used the same model to obtain the IVF dimensions and estimate its reductions.

Lastly, the AF had the maximum fiber-direction strains concentrated in the C5-C6 spinal level. This
region had strains exceeding the experimental failure threshold for models with axial head rotations of
0° and 60.5° starting at an impact severity of 7g. The models had AF strains at C5-C6 reaching the

damage region for all head rotations during 10g rear impacts, indicating a high potential for injury at
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this intervertebral level. The models with low head rotations also showed AF strains exceeding the
failure threshold for C2-C3 and C3-C4 during the 10g impact severity when muscle activation was
considered. Neutral position rear impact tests with cervical spine models showed that AF strains started
to exceed physiologic limits for accelerations of 3.5 g and had their highest values located at C5-C6
(Panjabi, Ito, et al., 2004). The present findings agreed with this experimental study, verifying that the

AF with the highest strains is C5-C6, and accelerations of 7g start to generate annular fiber failure.

5.4 Study Limitations

While most intervertebral levels rotated according to the expected range of motion after repositioning,
the model overpredicted C7-T1 kinematics. This may have affected the deformations of soft tissues
located in this spinal region during the impact. Despite raising concerns about influencing the injury
evaluation, the models did not predict high potentials for soft tissue injuries in the C7-T1 region.
Another limitation was that the detailed FE model was validated against cadaveric osseoligamentous
spine specimens (Ivancic, 2013). The validation case was one of the most complete experiments
available that measured intervertebral motion between CO and T1, showing similar trends to in vivo
studies (Guo et al., 2021; Salem et al., 2013). However, the differences between cadaveric and in vivo
tissue properties, combined with the absence of neck musculature, may have contributed to variations

in the overall response dynamics of the experimental models during axial rotation.

The proposed repositioning method was appropriate to simulate the hyperextension phase of non-
neutral position rear impacts but was limited to modelling the rebound phase. The soft tissue
deformation leading to the axial reposition of the head was maintained throughout the simulation, so
the head could not return to the neutral position after the impact. Some specific cervical ligaments, such
as the PLLs and TMs, showed to have considerably higher increases in displacements with the addition
of the rebound phase from 7g to 10g rear impact conditions. These findings highlighted the importance
of improving the representation of all phases of whiplash since each can uniquely affect different parts

of the cervical spine and result in distinct potentials of injury.

Another aspect for improvement was the T1 boundary conditions and constraints during the non-neutral
position rear impacts. The simulation of the impact scenarios used T1 kinematics from volunteer and
cadaveric specimens subjected to head-forward rear impacts (Deng, 1999; Ono et al., 1997; Sato et al.,
2014). As discussed in the current study, the initial head position considerably affects the motion of the
cervical vertebrae during whiplash. While the same sled acceleration could generate distinct T1 motion
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profiles during head-forward and head-rotated impacts, the current simulations only considered inputs
from neutral position experiments. In addition, the T1 movement was constrained around the sagittal
plane, which was a reasonable assumption for approximately symmetric load cases such as the head-
forward rear impacts. However, for the increasing asymmetry around the sagittal plane added by the
head-rotated cases, the T1 motion can be more complex and involve other anatomical planes. A similar
adaptation was performed to implement muscle activation in the non-neutral position models. The
current activation strategies for the GHBMC models were developed and tested for neutral position
frontal and rear impacts (Correia et al., 2020). The CMA scheme used in the current simulations was
based on the division of muscles into extensors and flexors, showing an appropriate correlation with
real-life scenarios. This activation scheme was not validated in head-rotated impacts and, therefore,
used as an approximation for all the head positions. For higher asymmetry added by the initial position,

the muscles in the same group tend to activate differently when reacting to whiplash.

For the head rotation of 60.5°, some muscles also experienced injurious strains before the impact phase,
meaning that the head repositioning would be able to cause injury. An axial rotation of 60.5° is inside
the head-T1 range of motion for humans (Ferrario et al., 2002) and should not initiate injury in the neck
muscles. These results indicated a potential disagreement between the calculation of the muscle fiber-
direction strains and the reported failure values from the literature. The muscle lengths from the neutral
position model were assumed to be the neutral muscle lengths to calculate the stretches in the model.
However, the neck muscles can already be elongated or slightly contracted during the neutral position,
which can lead to the overestimation of strains during head repositioning. In addition, the repositioning
method may have been limited to simulating some muscle movements for the highest target rotation

due to the unphysical position used to obtain the reference nodes.
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Chapter 6

Conclusions

A novel repositioning method was proposed to pre-stretch the neck soft tissues of a detailed FE head
and neck model, achieving equilibrium in a non-neutral head position. The method was able to axially
rotate and maintain the head in five target positions, defined from in-car studies to represent deviations
from the neutral driving position. The models reached equilibrium in their target positions, within the
prescribed tolerance, at a simulation time of 150 ms. The model with a 51.5° axial head rotation was
used to validate the repositioning against an in vitro experiment, demonstrating a general agreement in
intervertebral motion. Therefore, the reference geometry-based repositioning resulted in realistic head

rotation movements and, consequently, biofidelic simulations of head-rotated rear impacts.

Thirty-six rear impact simulations were conducted to evaluate the influence of initial head position,
impact severity, and muscle activation on head motion and tissue-level responses. Increasing axial head
rotations reduced the peak extension during the hyperextension phase of whiplash, while higher impact
severities showed the opposite effect. Muscle activation had mixed effects on peak extension: decreased
for low head rotations and increased for high head rotations. The head-T1 lateral bending was
significantly influenced by axial head rotation, with higher lateral bending angles induced by the
repositioning having higher variations during the impact. The assessment of head kinematics revealed

that higher axial head rotations increased the combined three-plane rotation during rear impacts.

Head position significantly affected ligament distractions and muscle strains during rear impacts, with
increased axial head rotation leading to higher deformations. The IVF heights slightly decreased with
head rotations, while the IVF widths showed minimal variations. The trends for AF strains were also
mixed: peak strains were observed at 0° and 60.5° for models without muscle activation and only at 0°
for models with muscle activation. Muscle activation generally decreased ligament distractions and
muscle strains, especially in locations most affected by head extension and in models with lower head
rotations. The AF strains followed the same trend, except for C2-C3 and C3-C4 during the 10g rear
impact condition. In contrast, the IVF space experienced increasing narrowing with muscle activation,
slightly raising the risk of nerve root impingement. Impact severity also affected the soft tissue
deformations, with higher impact accelerations causing increased risks of injury for the ligaments,
muscles, and AFs. Some specific ligaments, including the PLLLs, TM, alar, and apical, demonstrated a

particular increase with the addition of the rebound phase between 7g and 10g rear impact conditions.
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The IVF dimensions showed minimal sensitivity to impact severity, consistent with findings from

cadaveric studies with cervical spine models.

The ligaments, muscles, and AFs had the highest potentials for injury during rear impacts, especially
at high head rotations and impact severities. The ISL at C1-C2 had displacements close to the linear
limit for a head rotation of 60.5°, indicating an increased risk of pain for all impact severities. The CLs
at C3-C4 and C5-C6 and the ALLs at C4-C5 and C5-C6 had high risks of pain for axial head rotations
starting from 51.5° and impact accelerations from 7g. The potential for muscle injury was elevated for
head rotations higher than 33.5° during all impact severities and for a rotation of 24.5° during severities
of 7g and higher. The model with a 60.5° head rotation experienced the highest strains, with at least
seven muscles exceeding the failure threshold. The AF exhibited the highest risk of injury at C5-C6 for
all head positions, reaching failure strains for impact severities starting at 7g. Models with low head
rotations had AF strains entering the failure regions at C2-C3 and C3-C4 during 10g rear impacts when
muscle activation was considered. Lastly, the risk of nerve root impingement was low as the narrowing

of the IVF dimensions was significantly below the compression threshold across all spinal levels.

The rear impact results highlight the complex interactions of initial head position, muscle activation,
and impact severity on head kinematics and tissue-level responses. Increasing impact severity leads to
increased deformations of neck soft tissues, often exceeding injury thresholds. Muscle contraction can
reduce tissue deformations, mitigating the injury risks. Head rotation introduces initial deformations in
the soft tissues that lead to even greater deformations during impact. The impact response is not a pure
superposition of the effect of these three factors, but increased head rotations generally lead to increased

tissue deformation and a higher risk of injury, as reported in epidemiology.
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Chapter 7

Recommendations

Based on the repositioning and rear impact results, several recommendations can be proposed to
improve the biofidelity of the repositioning models, extend the soft tissue injury analysis, and test safety
measures. Future work should conduct in vivo tests with volunteer subjects undergoing the targeted
axial rotations to obtain the intervertebral motion between C0-C1 and C7-T1 and compare it with the
repositioned models. The experiment should also monitor the flexion/extension and lateral bending to
verify if the coupled movements are being captured in the model. This step will enhance the validation
of the head-rotated model and increase the biofidelity of the subsequent impact analysis. Another source
of improvement is the muscle activation scheme, which can be changed from an open-loop to a closed-
loop approach. The muscle contraction levels should vary with the initial head position, so using pre-
determined activation profiles for the head-rotated cases may reduce their effectiveness during impact
conditions. A closed-loop scheme can improve the muscle activation representation by continuously
adjusting muscle contraction levels based on the model responses. For the tissue-level evaluation, the
nerve roots and vertebral arteries should be implemented in the model to investigate additional sources
of whiplash injuries. While nerve root compression could be estimated by tracking the variation of IVF
dimensions, adding this soft tissue to the model can help investigate other types of injuries in the
nervous system, such as pressure changes. Additionally, the vertebral artery models can be used to
calculate their elongations and evaluate the risk of injury, which was reported to increase during non-

neutral position rear impact experiments.

With improved muscle activation strategies and soft tissue representations, the head repositioning and
rear impact simulations can be extended to include age- and gender-specific FE human models. These
additional HBMs can be used to better understand the variability in whiplash injury risks across
different populations during non-neutral position impacts. Aged subjects, for example, may raise a
particular concern due to their altered tissue properties and reduced ranges of motion. Finally, future
studies should test mechanisms to mitigate injury in rear impacts, including adding head restraints and
improving the seat design. These mechanisms should be optimized to reduce the potential for soft tissue

damage in both neutral position and non-neutral position impacts.
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Appendix A

Rear Impact Kinematics

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure A-1: Head-T1 axial rotation under a 4g rear impact condition without and with muscle

activation for each head position.

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure A-2: Head-T1 axial rotation under a 10g rear impact condition without and with muscle

activation for each head position.
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Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure A-3: Head-T1 lateral bending under a 4g rear impact condition without and with muscle

activation for each head position.
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Figure A-4: Head-T1 lateral bending under a 10g rear impact condition without and with muscle

activation for each head position.
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Figure A-5: Head-T1 flexion/extension under a 4g rear impact condition without and with muscle

activation for each head position.
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Figure A-6: Head-T1 flexion/extension under a 10g rear impact condition without and with

muscle activation for each head position.
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Appendix B

Ligament Distraction Results

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure B-1: Maximum quadrant displacement of capsular ligaments during a 4g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012, 2013) for each intervertebral level.
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Figure B-2: Maximum quadrant displacement of capsular ligaments during a 10g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012, 2013) for each intervertebral level.
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Figure B-3: Average displacement of interspinous ligaments during a 4g rear impact scenario
without and with muscle activation compared with the response regions (Mattucci et al., 2012)

for each intervertebral level.
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Figure B-4: Average displacement of interspinous ligaments during a 10g rear impact scenario
without and with muscle activation compared with the response regions (Mattucci et al., 2012)

for each intervertebral level.
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Figure B-5: Average displacement of anterior longitudinal ligaments during a 4g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.
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Figure B-6: Average displacement of anterior longitudinal ligaments during a 10g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.
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Figure B-7: Average displacement of posterior longitudinal ligaments during a 4g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.
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Figure B-8: Average displacement of posterior longitudinal ligaments during a 10g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2012) for each intervertebral level.
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Figure B-9: Average displacement of ligamenta flava during a 4g rear impact scenario without
and with muscle activation compared with the response regions (Mattucci et al., 2012) for each

intervertebral level.
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Figure B-10: Average displacement of ligamenta flava during a 10g rear impact scenario without
and with muscle activation compared with the response regions (Mattucci et al., 2012) for each

intervertebral level.
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Figure B-11: Average displacement of upper cervical spine ligaments during a 4g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2013) for each ligament.
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Figure B-12: Average displacement of upper cervical spine ligaments during a 10g rear impact
scenario without and with muscle activation compared with the response regions (Mattucci et al.,

2013) for each ligament.
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Appendix C

Muscle Strain Results

Failure strains for non-activated muscles

Fiber-direction failure strain region:
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without muscle activation compared with the failure region for non-activated muscles (Best et al.,

Morrow et al., 2010).
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Failure strains for activated muscles

Fiber-direction failure strain region:

42.5° I 51.5° W 60.5°

Bar legends (head rotations):
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muscle activation compared with the failure region for activated muscles (Hasselman et al., 1995).
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Failure strains for non-activated muscles

Fiber-direction failure strain region:

42.5° I 51.5° W 60.5°

Bar legends (head rotations):
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Failure strains for activated muscles

Fiber-direction failure strain region:

42.5° I 51.5° W 60.5°

Bar legends (head rotations):
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muscle activation compared with the failure region for activated muscles (Hasselman et al., 1995).
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Appendix D

Intervertebral Foramen Height and Width Reduction Results

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure D-1: Maximum intervertebral foramen height reductions during a 4g rear impact scenario

without and with muscle activation compared with the threshold values.
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Figure D-2: Maximum intervertebral foramen width reductions during a 4g rear impact scenario

without and with muscle activation compared with the threshold values.
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Figure D-3: Maximum intervertebral foramen height reductions during a 10g rear impact

scenario without and with muscle activation compared with the threshold values.

Models without muscle activation (NMA) Models with muscle activation (CMA)

Intervertebral foramen width reduction (mm)
Intervertebral foramen width reduction (mm)

[ | - - - - iy, | 0!
C2-C3 C3-C4 C4-C5 C5-Cé Cé6-C7 C7-T1 C2-C3 C3-C4 C4-C5 C5-C6 C6-C7 C7-T1

Intervertebral foramen reduction limit:
Width reduction threshold

Bar legends (head rotations):
I 0° I 24.5° mmm 33.5° 42.5° I 51.5° B 60.5°

Figure D-4: Maximum intervertebral foramen width reductions during a 10g rear impact

scenario without and with muscle activation compared with the threshold values.
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Appendix E

Annulus Fibrosus Strain Results

Models without muscle activation (NMA) Models with muscle activation (CMA)
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Figure E-1: Maximum quadrant fiber-direction strain of annulus fibrosus during a 4g rear
impact scenario without and with muscle activation compared with the failure corridor (Iatridis

et al., 2005) for each intervertebral level.
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Figure E-2: Maximum quadrant fiber-direction strain of annulus fibrosus during a 10g rear
impact scenario without and with muscle activation compared with the failure corridor (Iatridis

et al., 2005) for each intervertebral level.
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