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Abstract

In this thesis an integrated biomechanical framework was developed and applied for
the investigation of catastrophic cervical spine injuries in rugby. The main aims of the
thesis were to identify the primary injury mechanism of the commonly observed bilat-
eral facet dislocations and secondly highlight the implications of technique on cervical
spine injury risk during misdirected impacts. The integrated framework combined ex-
perimental in vitro and in vivo data that guided in silico methodologies to provide the
most realistic representation of the injurious events. Firstly impact specific passive joint
parameters (stiffness and damping) were estimated that described the cervical spine’s
response to axial loads representative of misdirected rugby impacts. Results showed a
larger increase in axial joint stiffness compared to damping which was representative of
the rate dependant loading response of intervertebral discs. Secondly a MRI-informed
musculoskeletal model was developed and used for the estimation of neck muscle re-
cruitment patterns experienced by players prior to rugby contact events. Knowledge
of how muscles activate prior to impacts is crucial to describe the dynamic response of
the cervical spine to misdirected loading. An EMG-assisted optimisation methodology
was applied for the analysis of in vivo staged tackles and scrums in order to estimate
neck muscle activations using the MRI-informed model. The EMG-assisted method
tracked experimental neck joint moments (RMSE = 0.95-1.07 Nm; R? = 0.90-0.95)
whilst generating physiological muscle activation patterns (RMSE < 0.1; R? > 0.8)
and maintaining experimental co-contraction ratios. Finally and in order to answer the
original research questions the passive parameters were included in the MRI-informed
musculoskeletal model which was then used in theoretical simulations. Estimated in
vivo neck muscle activations and kinematics during rugby tackles were prescribed to
the model and in vitro impact forces were applied to seven skull locations. The initial
neck angle of the model was changed trough 5° increments to investigate the effect of
tackling technique. Results showed that initial neck flexion angles and cranial head
impact locations had the largest effects on maximal compression, anterior shear and
flexion moment loads. The pattern and combination of these loads in the lower cervical
support buckling as the primary injury mechanism for rugby injuries and highlights the
importance of correct tackling technique to reduce injury risk. In conclusion, this the-
sis provided the first evidence-based biomechanical evaluation of rugby spinal injuries
within an injury prevention research model. This framework can inform future neck

and head injury prevention policies in rugby and other impact sports.
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taken on the right shoulder which can be seen by the different levels ot

the model’s muscle activations (red — maximum, blue — minimum). |
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62

A) Resultant impact force signals collected at two different impact speeds

between the tackle simulator (mass = 40 kg) and the ATD. B) Cranial

(left) and lateral (right) loading conditions applied to the skull (CA —

Cranial Anterior; CC — Cranial Central; CA — Cranial Anterior; LP —

Lateral Posterior; LMP — Lateral Mid Posterior; LMA — Lateral Mid

Anterior; LA — Lateral Anterior). These were identified in Matlab by

defining a grid of parallel transverse (n=2) and frontal (n=5) planes at 30

mm intervals to the skull segment’s geometry. The intersecting locations

of the planes with the skull’s geometry defined tour rectangular regions

on the right side of the skull. Each parallelogram can be thought of an

impact area on the musculoskeletal model skull to which a new plane

was fitted. The point of impact force application for each of the tour

areas defined by the rectangular regions was the projected midpoint of

the fitted plane onto the skull geometry. The directional vector was the

normal vector of the fitted plane directed into the skull.| . . . . . . . ..

[6-3

Workflow of integrated experimental and theoretical framework used to

investigate cervical spine injury mechanism in rugby tackles. Experimental:

in viwo data (neck muscle EMG and joint angles and velocities) were

collected during stage tackling laboratory trials using a tackle simula-

tor (mass= 40 kg; velocity = 2.0-2.5 and 3.1-3.6 m/s). in vitro data

(force magnitude and loading rate) was collected from the Anthropo-

metric Test Device (ATD) during simulated misdirected impacts to the

head. Theoretical: for each of the 1638 simulations an initial neck angle

configuration combining Flexion/Extension, Lateral Bending and Axial

Rotation angles (g;, n=117) taken from ranges in the literature was pre-

scribed to the model. wn mwo data at the time of impact were used to

inform then initial neck joint angular velocities (¢) and joint angles of

the torso and upper limbs. Level of neck muscle activations («) at the

time of impact derived from EMG-assisted analysis of the staged tack-

ling trial were applied to the model’s muscles to be constant throughout

the 50 ms simulations. For each initial neck angle configuration (g;)

~lmp
J

external loading conditions were applied (F;"", n=14) replicating dif-

ferent impact locations on the head at two difterent speeds. The points

of application and direction of the loading conditions were defined us-

ing the model’s skull geometry in Matlab. The magnitude and loading

rate characteristics were taken from the first 50 ms of the n vitro ATD

impact forces| . . . . .. oL




[6-4 Patterns of maximal compression (left) and anteroposterior shear (right)

loading sustained during the 50 ms simulations across all simulated ini-

tial neck angles for cranial loading conditions. Column represents an

individual loading condition (Cranial Posterior — left columns; Cranial

Central — centre columns and Cranial Anterior — right columns). Rows

represent the cervical spine levels from C3-C4 (top) to C6-C7 (bottom).

The cubic grids of each subplot represents the initial neck angle (°)

in Flexion/Extension (FE), Lateral Bending (LB) and Axial Rotation

(AR). Magnitude of maximal loading (Newton) in the 50 ms simula-

tions is represented with the colour bars. Note compression are only

positive values and anteroposterior shear positive and negative values to

represent direction with anterior and posterior respectively.| . . . . . ..

65

Maximal compressive joint loads (Newton) of C3-C4 (top row) to C6-C7

(bottom row) intervertebral joints plotted against 5° changes in Flexion(-

)/Extension(+) (left column), Lateral Bending (centre column) and Ax-

ial Rotation (right column) during the cranial loading conditions (Cra-

nial Posterior, Cranial Central and Cranial Anterior). First order poly-

nomial lines of best fit are plotted to highlight the effect of joint angle on

compressive joint loads for each loading condition (dashed lines). In each

subplot data points are spread slightly in each 5° bin on the horizontal

[ axesfor better visualisationJ. . . . . . . . . .. .. .. ... ... ...

6-6

Maximal anteroposterior shear joint loads (Newton) of C3-C4 (top row)

to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in

Flexion(-)/Extension(+) (left column), Lateral Bending (centre column)

and Axial Rotation (right column) during the cranial loading conditions

(Cranial Posterior, Cranial Central and Cranial Anterior).First order

polynomial lines of best fit are plotted to highlight the eftect ot joint angle

on compressive loint loads for each loading condition (dashed lines).

In each subplot data points are spread slightly in each 5° bin on the

xi



6-7

Mean and standard deviation values for maximal compression (left col-

umn), anteroposterior (centre column) and flexion moment (right col-

umn) of all initial neck angle conditions plotted against changes in neck

flexion (negative) and extension (positive) angles for cranial loading con-

ditions. Estimated injury thresholds trom the literature for the entire

cervical spine are also presented with the horizontal lines for compres-

sion and anteroposterior shear and subjective thresholds of “mazimum

voluntary contraction” are presented for flexion moment.|. . . . . . . . .

117

6-3

Mean and standard deviation values for maximal compression, antero-

posterior and flexion moment of all initial neck angle conditions plotted

against changes in neck flexion (negative) and extension (positive) an-

gles for lateral loading conditions. Estimated injury thresholds from the

literature are presented with horizontal lines.| . . . . . . ... ... ...

AT

Changes in model MTU maximal isometric force values (F'?° ) informed

from segmented muscle volumes. Grey bars represent individual MTU

F?%°  values and black bars estimated values from MRI information.

Multiple MT'U under brackets are sub regions of an individual anatom-

ical muscle (e.g. trap_acr and trap_cleid are both constituents of the

trapezius). Naming of MTUs consistent with OpenSim models.| . . . . .

BT

Maximal flexion moment joint loads (Newton-meter) of C3-C4 (top row)

to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in

Flexion(-)/Extension(+4) (left column), Lateral Bending (centre column)

and Axial Rotation (right column) during the cranial loading conditions

(Cranial Posterior, Cranial Central and Cranial Anterior). In each sub-

plot data points are spread slightly in each 5° bin on the horizontal axes

B2

Maximal compressive joint loads (Newton) of C3-C4 (top row) to C6-C7

(bottom row) intervertebral joints plotted against 5° changes in Flexion(-

)/Extension(+) (left column), Lateral Bending (centre column) and Ax-

ial Rotation (right column) during the cranial loading conditions (Lateral

Posterior, Lateral Mid Posterior, Lateral Mid Anterior and Lateral An-

terior). In each subplot data points are spread slightly in each 5° bin on

xii



[B-3  Maximal anteroposterior shear joint loads (Newton) of C3-C4 (top row)

to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in

Flexion(-)/Extension(+) (left column), Lateral Bending (centre column)

(Lateral Posterior, Lateral Mid Posterior, Lateral Mid Anterior and Lat-

I
I
| and Axial Rotation (right column) during the cranial loading conditions
I
I

eral Anterior). In each subplot data points are spread slightly in each

[B-4 Maximal flexion moment joint loads (Newton-meter) of C3-C4 (top row)

to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in

Flexion(-)/Extension(+) (left column), Lateral Bending (centre column)

(Lateral Posterior, Lateral Mid Posterior, Lateral Mid Anterior and Lat-

|
|
| and Axial Rotation (right column) during the cranial loading conditions
|
|

eral Anterior). In each subplot data points are spread slightly in each
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Chapter 1

Introduction

This thesis investigates the biomechanics of cervical spine injuries observed in the game
of rugby during contact events. An integrated methodological framework is presented
that combines in vivo, in vitro and in silico biomechanical analyses, with the final aim
of providing the best representation of injurious events, specifically during tackling.
The framework allows for the prediction of potential "what if” injurious scenarios and
their effect on internal loads experienced by the cervical spine joints that are impossible
to investigate through experimental methods alone. The overarching goal of this work
is to provide quantitative information that can be used to inform injury prevention

policies and practices in the game of rugby.

1.1 The game of rugby

The game of Rugby union, commonly known as rugby, is a full contact field-based team
sport. The latest annual report by the game’s international governing body (World
Rugby) stated that rugby is played across 124 countries (105 member unions and 19
associate unions) with a total of 9.6 million participating players across member unions.
This was a 0.5 million increase from the previous year which included 0.3 million female
players (World Rugby 2019 Annual Report [160]). The traditional form of the game
is comprised by two teams of 15 players that run with the ball in hand with the aim
of gaining territory on the field of play and scoring points through tries and kicks at
goal. One of the key features of rugby is the physical contest for possession of the ball
between players of the two opposing teams (Figure . Contests occur throughout
the 80 minutes of play in different forms such as in tackles during open play and during

scrums, lineouts, kick-offs and kicks to restart play.



Figure 1-1: Contact events in the game of rugby (union). Scrum set-piece (left) and
open play tackling (right) during professional (above) and community (below) levels of
the game.

The physically demanding nature of the game requires frequent exertions of high inten-
sity activity in open play, such as running, sprinting, jumping and change of direction,
as well as during contact, such as tackling, scrummaging, rucking and mauling. This
combination of high physical demands and exposure to contact events during the game
of rugby carries with it an inherent risk of injury. Rugby has one of the highest reported
incidences of match injuries amongst any professional sport, comparable however to
other contact sports such as ice hockey and American football [48, [ITT]. The incidence
of rugby injuries differs by factors such as the type (e.g. neural, musculotendinous,
structural and laceration), the location (head and neck, trunk, lower and upper limb
etc.) and the inciting event (tackle, scrum, collision, ruck, maul, lineout etc.) where
the injury occurred [159] (Figure . Understandably different combinations of these
factors will lead to varying levels of injury severity for the players involved. This thesis
will investigate the biomechanical mechanisms of acute catastrophic injuries sustained
by the neck, specifically by the cervical spine, for the purposes of injury prevention

strategies during rugby tackling. The epidemiology of catastrophic cervical spine in-
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Figure 1-2: Incidence rates of rugby injuries by location (above) and inciting event
(below). Recreated from a meta-analysis by Williams et al. (2013) [159].

1.2 Injury prevention in sport

Injuries are, and are likely to forever be, an inherent risk associated with sporting par-
ticipation and physical activity. Injury prevention strategies aim to understand their
causes and mitigate the risk of injury to within acceptable levels. Models of sport injury
prevention provide a research framework where theorised strategies that aim to reduce
an identified injury risk can be translated into practice. The first widely adopted sport

specific injury prevention model was the four stage model by van Mechelen et al. in



1992 [149]. In 2006 two more stages were proposed by Finch (2006) [45] through the
TRIPP six-staged approach. The four main features of both of these models are first
the identification of the problem (injury surveillance), establishment of the aetiology
and mechanisms of injury, development of preventative measures and their final intro-
duction into practice and evaluation. Injury surveillance data is largely based on the
statistical evaluation of observed injuries which is crucial for informing and guiding the
appropriate response needed to mitigate the associated injury risks. Too often than not
however injury prevention strategies are tested or trialled in gameplay situations with-
out adequate consideration for the underlying biomechanical mechanisms of the injury
or the possible unintended consequences of the proposed interventions. This effectively
bypasses Stage 2 of the van Mechelen [I49] and the TRIPP models [45] (Figure [1-3).
Biomechanical research is highlighted as an important aspect of these multidiscipline
stages as such research can provide quantitative information for the external and re-
sulting internal loads experienced by athletes [I53]. Importantly correct biomechanical
analysis can provide a detailed description of the inciting injury event which is a key
element in the understanding of the situations injuries occur in [9]. In the past this
area of research has been expensive, time consuming and often not highly represen-
tative of the situations in which these injuries occur due to necessary experimental
simplifications. Unfortunately, these challenges have often detracted injury prevention

researchers from investing in biomechanical research.
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7

van Mechelen Model

1. Establishing the extent of
the sports injury problem 2. Establishing aetiology and
* Incidence mechanism of injuries
= Severity

4. Assessing their
effectiveness by
repeating step 1

3. Introducing
preventative measures

TRIPP Model

1. Injury surveillance

2. Establish aetiology and
mechanisms of injury

3. Develop preventative
measures

4. “ldeal conditions” / scientific
evaluation

5. Describe intervention
context to inform
implementation strategies

6. Evaluate effectiveness of
preventative measures in
implementation context

Figure 1-3: The van Mechelen (above) and TRIPP (below) injury prevention models.
Dashed lines represent the practice usually observed in injury prevention research where
Stage 2 is often skipped. Recreated and adapted from van Mechelen et al. (1992) [1]9]
and Finch (2006) [43].

In the case of cervical spine injuries biomechanical studies have been critical in sport
policy changes to increase player safety. For example, in 1976 and 2012 sporting law
changes took place to reduce incidence rates of severe cervical spine injuries during

spear tackling in American football [142] and rugby scrummaging [24, [104] respec-



tively. These events are characterised by impulsive impacts to the head and neck area
of the athletes. Biomechanical research of impact injuries is regarded as an essential
element in the prevention of acute trauma [I53]. Therefore injuries of the complex cer-
vical spine system within the dynamic rugby environment emphasise the necessity of
correct biomechanical research inform the second stage of injury prevention models and
complete the cycle. With the advent of increased computational power, applied ques-
tions in the context of sporting injuries regarding injury mechanisms, biomechanical
responses to impact and impact tolerance levels can be investigated to a deeper degree
than pure experimental methods through validated computational models. Biomechan-
ical models can inform injury prevention strategies by identifying possible cause and
effect relationships that may predispose or shield athletes from injuries [45]. The use of
biomechanical models through computer simulations therefore provides an added ad-
vantage that cannot be obtained through experimental biomechanical, epidemiological

or cohort studies alone.

1.3 Aims

The aim of this thesis is to develop, validate and utilise an integrated framework that
utilises experimental and computational biomechanical methodologies. The framework
will be used to profile internal cervical spine joint loads experienced during misdirect
rugby impacts in order to understand the injury mechanisms commonly observed during

these events. This will be attempted through answering the following research questions

(Figure [1-4):

e How does the multi-level cervical spine respond to dynamic axial loads represen-
tative of misdirected rugby impacts. What are the structural parameters that
can characterise the passive response of cervical spine joints to such loads in a

musculoskeletal biomechanical model?

e What are the neck muscle recruitment patterns experienced by a rugby player

before making contact during a tackle or a scrum?

e What are the implications to injury risk during misdirected or mistimed rugby

tackles and what is the primary mechanism that causes them?

e How are specific aspects of technique associated with internal loads experienced
by the cervical spine during these misdirected or mistimed impacts and how can

this knowledge be translated into coaching?
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1.4 Thesis structure

Chapter |1} provided an introduction to the topic of rugby and injury prevention re-
search. The aims and objectives of this thesis were stated which will be answered

through the investigation of acute cervical spine injuries observed in rugby.

Chapter [3, presents an anatomical overview of the human neck and cervical spine
injuries. The theorised mechanisms that cause the acute neck injuries observed in rugby

are presented and the biomechanical research used to investigate them is discussed.

Chapter 3, reviews available biomechanical methods used to investigate cervical spine
injury mechanisms and identifies aspects of models and biomechanical methods that

influence the development of computational models in injury prevention research.

Chapter[§), investigates how the multi-level cervical spine responds to impact loads rep-
resentative of those experienced in rugby contact events. Novel structural viscoelastic
parameters are identified through an optimisation methodology that characterise the
passive response of the intervertebral joints to axial impulses. A sensitivity analysis is

also performed on these parameters and a verification procedure is carried out.

Chapter [J, investigates how neck muscles are activated prior to rugby contact events.
The first MRI-informed musculoskeletal model of a rugby athlete is developed and
used in an EMG-assisted framework. The incorporation of the model within the EMG-
assisted framework provides the first physiological estimates of neck muscle recruitment
strategies prior to impact events (tackling and scrummaging) that match experimental

net joint moment equilibrium across the cervical spine.

Chapter |6, examines the internal loading experienced by the cervical spine during mis-
directed impacts representative of the conditions expected during rugby tackling. This
is the first study within an injury prevention context to provide a complete biomechan-
ical evaluation of injury mechanism analysis that is representative of the events under
investigation. The impact specific viscoelastic parameters from Chapter [{] are imple-
mented within the MRI-informed model and the neck muscle activations from Chapter
[9] to investigate the injury mechanisms and how tackling technique can affect internal

loads.

Chapter[7, provides a summary and discussion of the work completed in this thesis that
investigated acute cervical spine injuries in the game of rugby. Future recommendations
for further injury prevention research are made based on the novel methods and results

of the thesis and their potential impact on rugby injury prevention policies.



How does the cervical spine respond
Chapter 3 to axial impacts representative of
rugby contact events?

|

Impact specific cervical spine joint passive properties —

How do neck muscles
Chapter 5 activate prior to rugby
contact events?

|

MRI informed musculoskeletal model and muscle recruitment
patterns prior to rugby tackles and scrums

|

What is the internal loading experienced at
Chapter 6 cervical spine joints during misdirected
rugby impacts?

Effect of Implications to Primary
technique on injury risk during injury
internal loads  misdirected tackles mechanism

A

Figure 1-4: Flowchart illustrating the structure of the research chapters in thesis in-
cluding the main research questions and outputs of each chapter.
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Chapter 2
Background

This chapter will provide a brief anatomical overview of the osteology, myology and
neurology of the human neck after which cervical spine injuries caused by acute trauma
will be discussed together with the research that has aimed to identify causal injury

mechanisms.

2.1 Anatomy of the cervical spine

The human spine extends from the neck to the coccyx and is one the most complex
neuromusculoskeletal systems in the human body. As part of the axial skeleton it
supports the weight of the head, torso and upper limbs by providing attachment points
for many muscles and bones, its large flexibility allows for the generation of movement
and it also houses and protects the spinal cord. The spinal column is comprised,
cranially to caudally, of seven cervical, twelve thoracic, five lumbar, five fused sacral
and three to four coccyx vertebrae (Figure .
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Figure 2-1: The human spinal column is comprised of the cervical, thoracic, lumbar
and sacral regions. The lordotic curvature of the cervical and lumbar regions as well
as the kyphotic curvature of the thoracic region can be identified. From Gray (1918).

2.2 The neck

The neck extends from the base of the head, caudally to the thorax, and laterally
to the shoulders. It has four compartments housed by an outer musculofacial collar.
These are the vertebral compartment containing the cervical vertebrae and muscula-
ture, the visceral compartment containing parts of the respiratory and digestive tracts
and endocrine system and two vascular compartments bilaterally containing major neu-
rovascular vessels (Figure. This thesis studies the biomechanics of sporting injuries

to components of the vertebral compartment.
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Figure 2-2: Transverse cross-section at the level of the C6 vertebrae. From Gray (1918).

2.2.1 Skeletal anatomy
2.2.1.1 Cervical vertebrae

The seven cervical vertebrae (C1 to C7) form the main skeletal structure of the neck
(Figure . Each vertebra, other than C1, consists anteriorly of the vertebral body
and posteriorly of the vertebral arch. The vertebral body is the major load bearing
element of the cervical vertebrae. Their size increases inferiorly representing the in-
creased load bearing in the lower cervical spine. The vertebral arch forms the lateral
and posterior parts of the vertebral foramen through which the spinal cord passes. Con-
nection between the vertebral arch and the vertebral body is made via the pedicles.
From the region of the pedicles superior and inferior articular processes are projected
that articulate with the inferior and superior articular processes of the adjacent ver-
tebrae respectively. The laminae are flat sheets of bone that extend posteriorly from
the pedicles and converge to form a junction from which the spinous process projects

posteriorly and inferiorly.
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Figure 2-3: Skeletal anatomy of the C1 (top), C2 (middle) and C7 (bottom) vertebrae.
From Gray (1918).

2.2.1.2 Intervertebral discs and ligaments

Between two adjacent cervical vertebrae (except between C1 and C2) lies an interver-
tebral disc. The role of the intervertebral discs is primarily to support the weight of
adjacent vertebrae by absorbing compression forces and to a lesser degree to allow for
intervertebral motion. Intervertebral discs consist of an outer annulus fibrosus which
surrounds the central nucleus pulpusus. The annulus fibrosus consists of an outer ring
of collagen that surrounds fibrocartilage layers arranged in a lamellar configuration.

The nucleus pulpusus is a gelatinous substance that fills the area within the two adja-
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cent vertebrae and the outer annulus fibrosus. Each disc is connected to the superior
and inferior vertebral bodies via thin layers of hyaline cartilage called vertebral carti-

laginous endplates which help maintain disc homeostasis.

Numerous ligaments provide support to intervertebral joints by spanning two or more
cervical vertebrae. The anterior and posterior longitudinal ligaments are attached to
the anterior and posterior aspects of the vertebral bodies respectively and span the
length of the spinal column. Attaching to the posterior tips of the cervical spinous
processes the ligamentum nuchae is an anatomically distinct portion of the supraspinous
ligament that, like the longitudinal ligaments, spans the length of the spine. The
ligamentum flavum and interspinous ligaments pass between the laminae and spinous
processes of adjacent vertebrae. The intervertebral discs and ligaments together provide
the passive structural stability of the cervical spine (Figure .
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Figure 2-4: Passive structures of the ligaments and intervertebral discs across two spinal
vertebrae (functional spinal unit). From Gray (1918).
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2.2.2 Intervertebral joints

Vertebrae of the sub-axial cervical spine (C3 to C7) articulate with their adjacent
vertebrae through two major types of joints. These are the symphyses between vertebral
bodies as well as synovial joints between superior and inferior articular surfaces of
adjacent vertebrae. For each joint the symphysis includes the intervertebral discs and
is located anteriorly to the synovial joints. The synovial joints between the superior
and inferior articular processes are the zygapophysial joints, also called facet joints.
In the cervical spine the facet joints are inclined inferiorly from anterior to posterior
allowing for a large range of motion in the sagittal plane. The atlas (C1) and axis
(C2) differ from the sub-axial vertebrae (C3 to C7) and allow for head movement. The
atlas lacks a vertebral body and articulates with the head via the atlanto-occipital
joint. From the axis a bony projection called the dens articulates with the atlas via the
atlanto-axial joint. Each intervertebral joint from C1-C2 to C7-T1 which includes the
two adjacent vertebrae and their intermediate intervertebral disc is characterised as a

functional unit.

2.2.3 Musculature

The vertebral compartment of the neck includes over 25 pairs of muscles organised into
superficial and deep groups (Figure . Muscles unlike the aforementioned structures
of the vertebrae, intervertebral discs and ligaments are active structures of the neck.
Their functional role is to produce head movement and also stabilise the head and
cervical spine column. Motion and stabilisation of the cervical spine is produced by
muscles crossing single or multiple intervertebral joint levels generating complex lines of
action to actuate the joints. Superficial neck muscles include the trapezius and levator
scapulae that attach the head and cervical spine to the shoulder girdle to produce neck
extension, lateral bending and shoulder elevation. Anteriorly the sternocleidomastoid
muscle originates from the sternum and clavicle. It inserts into the mastoid process
and the superior nuchal line to produce neck flexion, lateral bending and axial rotation.
These superficial muscles are multiarticulate, have large moment arms about the joints
and have large force generating capacities. Deep muscles are smaller and have less force
generating capacity but provide stability and control to the intervertebral joints whilst
also mobilising them. Larger deep muscle groups include the splenius capitis, semispinal
capitis, semispinalis cervical, longus capitis and longus colli that are multiarticulate.
The smaller muscle bundles of the multifidus can span one to three intervertebral
joint levels. The suboccipital muscles are a small group of deep muscles in the upper

cervical spine region that connect the atlas (C1) to the axis (C2) and both to the
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base of the skull to extend the head. The neck musculature also helps to maintain the
natural lordosis of the cervical spine and through passive muscle tone contributes to

its structural stability.

Figure 2-5: Lateral view of the neck with superficial musculature (left) and anterior
view of the cervical spine with deep musculature of the neck (right). From Gray (1918).

2.2.4 Neurology

The spinal cord passes through the vertebral canal formed by the vertebral foramina of
all the spinal vertebrae. Its function is to transmit efferent and afferent nerve signals
from the central nervous system to the peripheral nervous system and receive sensory
stimuli respectively. It is also the centre for reflex generation. The spinal cord is not
uniform in diameter across the length of the spine but has two enlargements. A cervical
enlargement occurs between the regions where the C5 and T1 spinal nerves originate

which innervate the upper limbs. The second enlargement is in the lumbar region.

Eight cervical nerves (C1 to C8) emerge from the vertebral canal above their respective
vertebrae. In the cases of the C8 nerves emerge from the vertebral canal between the
C7 and T1 vertebrae. The C1 to C4 nerves form the cervical plexus that supplies
the neck musculature and diaphragm. The C5 to C8 nerves form the brachial plexus
that innervate the upper limb and parts of the cervical musculature. Musculoskeletal

injuries that damages the spinal cord or cervical nerves in the neck region can result
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in the complete or partial impairment of motor and sensory function below the level
of injury. The extent of the impairments depends on the severity of the injury to the
spinal cord or cervical nerves. Injuries to the neural tissue do not allow nerve signals to
pass beyond the level of injury and prohibit efferent commands reaching their targets

or afferent stimuli to be processed in the brain.

2.3 Cervical spine injuries

Spinal cord injuries in the cervical spine area can occur during leisure, automotive
and sporting accidents. These accidents may happen during diving, riding, surfing,
motor vehicle rollovers , underbody blasts in the military, and sporting events such as

American football, gymnastics, martial arts and rugby.

Spinal cord injuries are relatively rare, with total global prevalence of cases ranging
between 28 and 130 per 100,000 of the population [99]. Although not all injuries are
fatal they are life altering and can lead to dramatic reduction in the individual’s quality
of life. Furthermore, the direct and indirect socioeconomic costs to the injured and the
immediate society are considerable. A recent collaborative report from the World
Health Organisation and the International Spinal Cord Society [99] reported direct
costs of approximately 750,000 to 1,000,000 USD during the first year of tetraplegic
spinal cord injury and 110,000 to 180,000 USD for subsequent years. Life time indirect
costs of all spinal cord injuries are estimated to be much greater with conservative
estimates of 3.0 to 6.0 billion USD in the United States [46] and 1.4 billion GBP in
the United Kingdom [74]. These values do not include cost estimates due to loss of
productivity which is considerable as injuries predominantly occur in earlier age groups
[99].

2.3.1 Types of cervical spine injuries

Common fracture and dislocation patterns differ between the upper (Skull to C2) and

lower (C3 to C7) cervical spine. The main classifications are outlined below.

2.3.1.1 Upper cervical spine (C1 and C2)

Damage to the spinal cord at this level affects neurological pathways to the upper limbs
and vital organs resulting in severe loss of function, such as tetraplegia, or death. A
Jefferson fracture is often described as the multipart fracture of the atlas (C1) [62]
(Figure . The spinal instability at this level of the spinal cord caused by these

fractures results in high levels of fatality [I57]. The Hangman’s fracture referrers to
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the traumatic posterior motion of the axis (C2) over the subjacent C3 (Figure 2-6).
Posterior spondylolisthesis of the C2 results in the fracture of the C2 pedicles disrupting
the vertebral arch of the C2. This injury also is linked with instability and as its name
suggests has historically been linked to fatal outcomes. An odontoid fracture is an
injury to the on odontoid or dens of the C2. These are also inherently unstable fractures
that can lead to atlanto-axial joint (C1-C2) dislocations and impingement of the spinal
cord. Depending on the severity of damage to the C2 vertebra they are classified into

three groups.
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Figure 2-6: Jefferson fracture of the atlas (C1) (above) and Hangman’s fracture of the
axis (C2) (below). Adapted from Gray (1918).

2.3.1.2 Lower cervical spine (C3 to C7)

Spinal cord injuries at this level do not typically result in fatalities however can cause
complete or partial impairment of lower limb motor control (paraplegia) and physiolog-
ical functions of the lower body, partial impairment of the upper limbs can also result
from these injuries. Dislocations of lower cervical spine joints occur when the verte-

bral body of a vertebra is sublaxed anteriorly relative to the inferior vertebral body
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(anterolisthesis) (Figure 2-7)). Anterior translation of the superior body results in the
dislocation of the inferior facet joints as the inferior articular processes of the vertebra
is moved anteriorly over the superior articular process of the inferior vertebra. This
dislocation of the facet joints results in the locking of the articular processes between
each other which can occur on a single side, called a unilateral facet dislocation, or

both sides called a bilateral facet dislocation.

Burst fractures are caused by the failure of the posterior and anterior cortices of the
vertebral body and often accompanied with loss of disc height (Figure . Fracture
through both cortices of the vertebral body often results in damage to the lamina and
facet joints. The posterior expulsion of cortical bone fragments caused by vertebral
body fractures can damage the spinal cord. Complete failure of the vertebral structure
and disruption of the facet joints results in these being unstable injuries. Teardrop
fractures are the avulsion of the superior or inferior edges of the anterior aspect of the
vertebral body. If in isolation and not in conjunction with burst fractures the risk of
posterior expulsion of vertebral fragments into the spinal canal is reduced. However due
to the observed variation in the severity of teardrop fractures their relation to cervical

spine stability and risk to spinal cord injury is unclear [I41].

2.3.1.3 Acute cervical spine injuries in rugby

The most recent review of the literature compiled fourteen clinical observation studies
from 1952 to 2010 and concluded that lower cervical spine (C4-C5 and C5-C6 level)
bilateral facet dislocations were the most common catastrophic injuries in rugby [67]
(Figure . The average incidence rates for these acute cervical spine injuries have
been reported to range from 0.89 to 13 per 100,000 players per year [47]. Incidence
rates range between countries and epidemiological studies due to differences in clinical
reporting of the injuries and methods of statistical reporting respectively [18] 47, [48].
Although the absolute number of the incidence rates fall within the ”acceptable risk”
(2-100 per 100,000 per year) of the United Kingdom’s Health and Safety Executive [47]
the resulting effects of a cervical spine injury have major detrimental impact on the
individual, wider society and the reputation of the sport. For example, for individuals
injured at the age of 25 resulting in quadraplegia life-time care and treatment costs
can reach 4.6 million US$ [105] [99]. Other than secondary societal costs due to lack of
productivity neurological damage can lead to secondary factors such as physical and
mental health issues, discrimination and in cases suicide [105]. Therefore, sporting
governing bodies should ensure player welfare and safety during rugby participation

by providing players adequate protection through rules and laws. The van Mechelen
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Figure 2-7: MRI stills of C7 burst fracture caused by a motor-bike fall (left) and severe
anterior dislocation with fracture caused by automotive roll-over crash (right). Damage
to the spinal cord (dark grey shade) can be seen in both accidents. Images obtained
from radiopedia.org.

and TRIPP injury prevention models (Chapter Figure which are informed
by biomechanical data (Stage 2) aim to support the development of sport safety. The
reduction of catastrophic injuries is crucial for maintaining rugby’s popularity and
participation in nations where it is a premier sport (i.e. England, New Zealand, Fiji
and South Africa) but also expanding the sport’s reach to other nations (e.g. Japan

and Argentina).

Cervical spine injuries were most common in the scrum (42%) and tackle (38%) phases
on play followed by the ruck, maul and unclear impacts [I8] [67]. However a recent
epidemiological analysis of cervical spine injuries in France stated that since 2010 “sig-
nificantly more catastrophic cervical spine injuries have occurred in backs (player po-
sition in rugby), notably during tackling or tackled activities” [109]. The increase of
these injuries during tackling had also been noted in the review by Kuster et al. (2012)
[67]. The review by Kuster et al. (2012) [67] and the subsequent editorial response of
Dennison et al. (2012) [40] has since lead to the debate as to what injury mechanism

causes the bilateral facet dislocations observed during acute cervical spine injuries in
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rugby. The cause for the debate is due to the discrepancy between an intuitive ex-
planation of the observed injuries, which is often supported by qualitative information
of the inciting events (e.g. video footages and testimonies), and quantitative experi-
mental evidence which is explained bellow. One of the aims of the thesis is to help
settle the debate using an approach that brings together as much information as possi-
ble from currently available methods in an integrated experimental and computational

biomechanical framework.

Figure 2-8: Acute cervical spine injury during a rugby tackle sustained by the ball
carrier (blue jersey). Images obtained from dailymail.co.uk.
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2.4 Injury mechanisms of the lower cervical spine

Injury mechanisms describe the mechanical changes that result in anatomical and func-
tional damage to systems and structures of the human body [I53]. Knowledge of cervi-
cal spine injury mechanisms is crucial to reduce their occurrence by correctly informing
specific interventions or policy changes. The importance of correctly identifying injury
mechanisms and their aetiology is an integral part of injury prevention models (van
Mechelen and TRIPP - Chapter. Unfortunately, injury prevention research rarely
investigates in depth the biomechanical mechanisms as their study can be difficult,
time consuming and often not representative of the injurious events due to experimen-
tal and computational limitations. Since our ability to closely predict failure of the
cervical spine is not possible, the study of injury mechanisms can help characterise the

circumstances under which cervical spine injuries occur.

In the case of bilateral facet dislocations, which are predominant causes of spinal cord
injury in rugby [67], the two main theorised injury mechanisms are hyperflexion and
buckling of the cervical spine (Figure . Hyperflexion is the isolated flexion of the
neck that results in the forward rotation of the head towards the torso, exceeding the
physiological range of cervical spine motion. This theory is an intuitive explanation of
the injury it describes, which has led to its adoption into clinical and epidemiological
literature. Additionally, case studies based on video analysis, eye witness accounts
and injured player reports of the injurious event have supported hyperflexion as the
predominant injury mechanism in rugby [117, [67]. However, as also described in a
recent review of bilateral facet dislocations these injuries have been difficult to produce

by applying pure flexion moments to the cervical spine [92].
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Figure 2-9: Theorised mechanisms that occur in rugby cervical spine injuries. Adapted
from Dennison et al. (2012) [40].

Anterior bilateral facet dislocations of the lower cervical spine have been primarily
reproduced in experiments where the spinal column is loaded in axial compression.
Early studies of human cadavers observed that local flexion was produced in the lower
region of the intact cervical spine column by compression loads generated when the
head impacts a rigid surface [11], [56]. These studies however did not produce bilateral
facet dislocation injuries but theorised that compression-flexion type injuries, such as
anterior facet dislocations, could occur without hyperflexion based on the resulting pre-
injury kinematics of the spine. During cranial impacts the momentum of the head is
arrested by the impact surface and the cervical spine is forced to handle the momentum
of the following body which leads to buckling of the cervical spine column. Buckling
is the rapid transition from an initial spinal configuration of equilibrium to another
through a combination of local flexion and extension in the cervical spine column
[94, 95] (Figure [2-10). First order buckling results in extension of the mid cervical
spine region (C3-C4 to C4-C5) and flexion of the lower cervical spine (C5-C6 to CT7-

T1). Second order buckling is an unstable state that has been observed to occur prior
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to first order buckling and usually observed in the straightened cervical spine. Similar
to first order buckling second order buckling exhibits flexion in the lower cervical spine
and extension in the mid region but also flexion in the upper cervical spine (Skull-C1
to C2-C3). These studies showed that the buckled cervical spine does not necessitate
structural failure (fracture or dislocation) and can still accept load which can result in
local injuries that are representative of the local spinal configuration generated by the
buckling [11, 56].

The buckling phenomenon is theorised to be the reason why a poor relationship has
existed between had motion caused by impacts and clinically observed injuries. During
cadaveric drop tests of 22 specimens by Nightingale et al. (1997) [04] bilateral facet
dislocations and burst fractures occurred within the first 30 ms of impact. It was
reported that neck flexion angles greater than 20° were produced between 20 and 100
ms after impact and flexion angles larger than 90° after 90 ms. Ivancic (2012) [59]
also reproduced anterior bilateral facet dislocations within 20 ms of axial compression
impacts. It should be noted that these experimental studies did not include initial
angular or translational velocities other than the 3.14 m/s vertical velocity of the drop
test [94] and 4.10 m/s horizontal velocity of the sled test [59]. In contact sports (e.g.
rugby) and leisure activities (e.g. diving) players likely duck or rotate their heads to
shield their face away from the oncoming impacts. Initial angular velocities of the head
at the time of impact could alter the dynamic response of the head and produce large
angular displacements of the neck earlier. The effects of initial angular velocities during
impacts however have not yet been investigated. To summarise, these experiments have
shown the complex kinematic response of the cervical spine column to dynamic loading

and why variations exist in clinically observed injuries.

Investigations of cervical spine injury mechanisms have also shown that the response
of the cervical spine to dynamic axial loading is affected by neck pre-flexion angle on
impact, impact load characteristics, endpoint constraints and simulated muscle forces.
Saari et al. (2013) [113] applied experimental follower loads to cadaveric drop tests
and observed increased cervical column stiffness and closer axial coupling between
measured head and neck loads. The follower loads were applied by tensioned cables
(101 N) placed bilaterally to the the specimens. Although replication of muscle forces
experimentally is a gross simplification of the physiological loading experienced in vivo
this study verified the hypothesis that muscles play a crucial role in compressive injury
mechanisms by stiffening the cervical spine. The role of muscles was further supported
by a computational study that applied forces from 23 pairs of active neck muscles

during simulated drop tests [96], and found that the critical buckling load of the cervical
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Figure 2-10: The initial posture of the cervical spine together with its configuration
after first order buckling occurred during experimental drop tests (above). An example
of the variation in local forces as result of continued load acceptance after buckling
occurs (below). The compressive impact force (P) is shown as components of com-
pression (P.) and shear (Ps) on the end plates of C3 and C7 vertebrae. Adapted from
Kuster et al. (2012) [67].

column increased which resulted in larger peak compressive forces than when no muscles
forces were simulated. Experimental studies identified that padded surfaces [94] and
head endpoint conditions [93] increased the risk of cervical spine injury. Compliant

impact surfaces apply shear loads at the contact interface with the head that resist head
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deflection, which results in the neck being axially loaded by arresting the momentum of
the oncoming torso. The ability of the head to escape (i.e. no endpoint constraint) has
been shown to significantly reduce the axial loading of the spine during compression
[93]. Energy dissipation properties and reductions in surface friction of the impact
surface could allow the head to be deflected during impacts near or posterior to the
vertex of the head. This was shown in a parametric computational study by Camacho
et al. (2001) [22]. Finally neck flexion angles that align the head, neck and torso with
the impact force vector direction, usually when the neck is flexed and the head impacted
posterior to the vertex, increase the risk of sustaining bilateral facet dislocation and
compression injuries [92 [95]. This can also be understood by the level of eccentricity

between the impact force vector and the cervical spine column.

In the context of rugby impacts, such as tackles or scrums, surface interactions between
a player’s head and the impact surface (another player or the playing field) as well as
players’ technique, classified as neck and torso angles, are modifiable risk factors of
cervical spine injuries. These factors can be linked to mechanistic parameters affecting
injury such as the effects of impact padding as well as the alignment of the head, neck
and torso through the angular configuration of the body. A player’s tackling technique
affects the positioning of their head with respect to the oncoming ball carrier. Correct
technique would allow for the tackle impact to be accepted onto the tackler’s shoulder,
whilst poor technique could misdirect the impact onto the tackler’s head. Technique
also relates to the tackler’s body position in the tackle with the alignment of the head,
neck and torso. This will be dependent of relative direction of the tackle (e.g. front-on,
oblique etc.) and the approach speeds of the colliding players. These technique factors
will affect the direction, magnitude and loading rate of the impact force onto the head
as well as the transfer of the force through the cervical spine. Another factor includes
the interaction between the head and the impact surface that will affect the constraints
applied to the head during the impact. Misdirected impacts onto soft tissue areas such
as the stomach, an area commonly targeted in the tackle, could pocket the tackler’s head
and not allow the head to deflected away from the oncoming torso. Additionally, use
of equipment (e.g. head gear) and weather conditions could also alter the interaction
between the head and impact surface. For example, whilst scrummaging front row
players’ head and neck are constrained by other players’ bodies which restricts their
mobility and forces players’ necks into flexion. If in the event of a collapsed scrum
a front row player’s neck impacts the surface of the playing field factors such as the
condition of the field (e.g. muddy, hard packed) are likely to place additional end

condition constraints on the head other than those imposed by other players’ bodies.
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It is clear that as the field’s fundamental understanding of spinal injuries is increasing
the questions that spinal injury research is being asked to answer are becoming more
applied. These applied questions, as shown in the context of rugby injuries, are in-
fluenced by many factors and parameters which are challenging to directly investigate
experimentally without losing the transferability and practical application of the re-
sults to the question at hand. The reason being that although experimental studies are
essential in providing fundamental knowledge of biomechanical principles they include
inherent limitations that may reduce their real-world validity. Computational biome-
chanical models, which also include their own limitations, have helped improve the
field of injury biomechanics to better understand the fundamental principles of injury
and explore more applied settings by providing an alternative to and complimenting
experimental research respectfully. In the following Chapter computational models will
be discussed as well as their validity and applicability to answer applied rugby injury

analysis questions.
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3.1 Introduction

Rugby is a full contact sport interspersed by game specific contact events [112]. Studies
have analysed the external loads placed on players during scrummaging and tackling
through in vivo |25, 24], 53, [64] [104], 119| 130}, 135], in vitro [57] and in silico method-
ologies [137, 138, 139, 140]. These studies have quantified the kinematics and biome-
chanical loads placed on players during simulated gameplay but also offer insight into
situations with potential for injury. However, such experimental studies are unable to
reliably determine the internal loading placed on anatomical structures of the cervical
spine that may lead to injuries. Therefore, there is the need for an integrated approach
and more specifically of a computational method that allows for the establishment of

cause-effect relationships between external and internal loading.

Computational models are often used in injury prevention research for conducting
biomechanical analysis and evaluating how external forces and segmental motions af-
fect internal loads of the body’s structures. Such models are also used in forward
simulations with the final aim of exploring how external loads and muscles contribute
to intervertebral joint loading experienced during “what if” scenarios. The reason for
utilising these methodologies is to determine the internal loads of the cervical spine
during normal and injurious scenarios representative of rugby gameplay. By under-
standing the physiological demands and risks to the neck under rugby specific external
loads necessary precautions can be taken by governing bodies for player conditioning

and injury risk reduction.

3.2 Computational pathways for biomchanical investiga-

tion

The main pathways used in biomechanical research to investigate the dynamics of
the human musculoskeletal system are inverse analyses and forward simulations us-
ing computational models. Inverse kinematic analyses are performed when a model
tracks experimental motion data to generate model generalised coordinates which are
differentiated to obtain velocities and accelerations. Experimental motion data of body
segments are commonly obtained from marker based motion capture systems (MoCap)
or markerless wearable sensors such as inertial measurement units (IMUs). The inverse
kinematic procedure tracks experimental motion data by calculating generalised coor-
dinates which pose the model in a specific kinematic configuration that best matches
the experimental data whilst satisfying the model’s kinematic constraints. This inverse

kinematic procedure is executed through a weighted least squares quadratic optimisa-
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tion problem which minimises both marker and coordinate errors (Equation [3.1)):

markers coordinates
minimise: Z wil|2{™P — 2i(q)|* + Z wi(q;xp—qj)Q (3.1)
i J

Where ¢ is the vector of the model’s generalised coordinates being solved for, w; is the
weight factor for the 7" marker error term, x{"" is the experimental motion marker
position, x;(q) is the corresponding model motion marker position depending on the
coordinate values, w; is the weight factor for the 4t coordinate error term, q;-”‘rp is the
experimental coordinate and g; is the corresponding model coordinate. Marker error
is the three dimensional difference between the experimental and model markers. Co-
ordinate error is the difference between experimental coordinate values (only if known

a priori and the calculated model coordinates by the inverse kinematic procedure.

With knowledge of the kinematics and the external loads applied to the model from
experimental measurements, the multibody dynamics equations of the modelled system

can be solved for the unknown generalised joint forces using inverse dynamics (Equation

32):

M(q)i+C(q,4) +G(q) =7 (3.2)

Where M (q) is the system mass matrix, C(q, ¢) is the vector of Coriolis and centrifugal
forces, G(q) is the vector of gravitational forces, ¢ are the generalised positions, ¢ are
the generalised velocities ¢ are the generalised accelerations and 7 are the generalised

joint forces.

The kinematics of the model resulting from the generalised coordinates outputted by
the inverse kinematics algorithm aim to be dynamically consistent with the external
load applied to the system during inverse dynamics analyses. However, due to ex-
perimental errors and modelling assumptions which reflect the inconsistencies between
the kinematics, external loads, and the modelled system dynamic consistency does not
always exist producing force and moment residuals. For these reasons, kinematic and
kinetic data has historically been collected in a laboratory environment to ensure accu-
racy, whilst biomechanical models must undergo validation and verification procedures
before use [64]. With the advancement of wearable sensors, such as inertial measure-
ment units, more representative data collections in real world scenarios are beginning

to be used for these analyses.
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In contrast to inverse dynamics where experimental body kinematics are used to esti-
mate the generalised joint forces, forward dynamic simulations generate new kinemat-
ics given the internal and external forces applied to the system. Forward simulations
achieve this by integrating the system dynamics equations forward through time to
generate the new body segment motion (Equation :

i =[M()]"{C(q,4) + G(q) + F} (3.3)

Where [M(q)] " is the inverse mass matrix of the system, C(q, ¢) is the vector of Coriolis
and centrifugal forces, G(q) is the vector of gravitational forces, g are the generalised
positions, ¢ are the generalised velocities ¢ are the generalised accelerations and F' are

the forces applied to the model.

The resulting motion of the model is dynamically consistent with the applied loads and
constraints of the multibody system under investigation. However, forward dynamics
simulation are sensitive to the initial conditions. For this reason, careful application of
initial positions, velocities, loads and integrator settings must be completed to avoid
unstable and divergent results. In injury biomechanics forward dynamic simulations
are a valuable tool for injurious scenarios that are often challenging to replicate exper-

imentally.

3.3 Computational models of the cervical spine

Computational modelling of biomechanical systems is an advanced method that allows
for the estimation of in vivo internal loads when direct measurements are not viable.
These models, which are a mechanical representation of the investigated physiological
system using mathematical formulations, can be used in an inverse and forward sense
as previously described. Currently the two modelling approaches that aim to describe
the mechanics of a biomechanical system are the discrete multibody mechanics method
often termed musculoskeletal (MSK) models, and the continuum mechanics method
using finite element (FE) models. It is often regarded that the benefits of one approach

are the limitations of the other.

3.3.1 Finite element models

Finite element models can represent with a high level of detail the anatomy (i.e. geome-
try) and tissue (i.e. material) properties of the neck. These FE models have allowed for

the study of cervical spine injury mechanisms during dynamic impacts representative
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compressive [22 [50), 58] and inertial loading [43] B3]. Material properties can be spec-
ified for individual structures of the cervical spine (e.g. ligaments, annulus fibrosus,
nucleus pulposus, cortical and cancellous bone) which provide high resolution stress
and strain patterns on the structures under load. Individualised and high resolution
material responses therefore can be helpful for the investigation of injury mechanisms

and the identification of structures likely to be injured.

Investigations of compression head-first impacts using FE models have been limited
[22, 50, 58, [96] compared to the many computational studies of whiplash related injuries.
Camacho et al. (1997) [22] developed a FE model of the head-neck system to study
the dynamic response of the cervical spine to near vertex head impacts. This model
simplified the vertebrae as rigid bodies and used non-linear spring and damper elements
to represent the lumped behaviour of the intervertebral joints. The multibody neck
was connected to a finite element head model and validated against human cadeveric
experiments of near vertex head impacts [95]. The model predicted similar resultant
neck forces, head impact forces and resulting neck kinematics. An updated version of
this model which included muscle elements was used by Nightingale et al. (2016) [96]
to investigate the effects of muscle forces and neck pre-flexion angles during head-first
impacts. Although these models could not identify sites of possible injury (i.e. material
failure) as they included simplified rigid vertebrae and lumped dynamic intervertebral
elements they did reproduced cervical spine buckling representative of experimental
head-first drop tests. Halldin et al. (2000) [50] developed a linear elastic finite element
model of the head and cervical spine that was able to predict injury in the cervical
spine by local stress thresholds during compressive impacts of vehicle rollovers. This
was the first in silico study to reproduce in vitro experimental injuries sustained during
compressive axial impacts. However they were able to only predict Hangmans’ fractures
just prior to buckling of the cervical column unlike injuries in the lower cervical spine
which were also reported in the experimental tests being validated against. The results
of Halldin et al. (2000) were able to inform the design of car roofs that would cause head
and neck flexion upon head impact in a vehicle rollover that reduced the neck loads by
27%. A similar study investigating factors affecting cervical spine injuries in rollover
crashes by Hu et al. (2008) [58] used a non-linear finite element model of the head
and neck. Simulations varied impact velocity, impact surface angles as well as surface
padding thickness, stiffness and coefficient of friction. By comparing the maximal
principal strain in regions of the cervical spine they were able to identify that the
coefficient of friction had the largest influence on on neck fracture injury risk followed
by impact velocity. Through their results they were able to recommend seatbelt design

that reduced head-to-roof impacts and minimising the coefficient of friction of vehicle
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roof padding would reduce cervical spine injury risk in vehicle rollover crashes.

Although finite element studies investigating compressive injury mechanisms have also
included muscle elements [58, [96] they are limited to applying muscle forces that may
not be representative of the situations they are simulating. This is because unlike front
or rear vehicle collisions [33], where the neuromuscular response can be measured ex-
perimentally with volunteers at low impact speeds, muscle recruitment strategies used
in simulations investigating compressive neck loading during rollover are challenging
to validate. Recent highly controlled experiments [90] [91] on human participants in-
verted to simulate the alignment of the cervical spine and the response of the muscles
in vivo could provide valuable insight into their function during in these events. How-
ever extracting information regarding the configuration of the neck and muscle forces
directly from in vivo experimental or even real-world situations and applying them
directly as input for finite element boundary conditions is challenging. Therefore to
provide information that is representative of the state of the neck system (i.e. vertebral
kinematics and muscle forces) prior to injury during impacts, such as rugby tackles, an
initial analysis stage should be undertaken that can better utilise information gathered
in vivo. Musculoskeletal models, as discussed in the following section, are capable of
performing inverse analyses of data collected in experimental or real world settings.
Outputs from these inverse analyses such as neck joint positions and accelerations as
well as neck muscle forces that cause the kinematics can then be used forward dy-
namic simulations to investigate theoretical injurious situations. Another approach
is the combination of finite element and musculoskeletal models to generate hybrid
finite element-multibody (musculoskeletal) models. Hybrid approaches maintain the
relatively low computational cost and higher stability of multibody musculoskeletal
models whilst incorporating detailed finite element components for areas of the system
where higher accuracy is required. This powerful approach allows for complex anatomic
structures, such as the intervertebral discs, ligaments and facet joints, to be analysed
using accurate representations of their material properties during dynamic simulations
of the entire system [63]. Such multi-scale [154], [I55] couplings can provide valuable
information on the complex biomechanical response of non-linear spinal tissues (such
as intervertebral discs) or vertebral areas of interest during injurious events. The re-
mainder of this chapter will focus primarily on multibody musculoskeletal models and
the following studies presented in this thesis will utilise musculoskeletal models. In-
verse analyses will be executed to obtain neck joint kinematics and muscle forces from
experimental in vivo data which will then be used in forward simulations to investigate
the kinematic and dynamic response of the cervical spine to compressive impacts to

identify cervical spine injury mechanisms in rugby.
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3.3.2 Musculoskeletal models

Musculoskeletal models are multi-body systems made up of rigid anatomical segments,
which are interconnected by joints actuated by Hill-type muscles, and constrained by
kinematic couplings or viscoelastic elements representing passive internal structures
(e.g. ligaments and intervertebral discs). Musculoskeletal models of the cervical spine

have been created for the biomechanical analysis of functional neck movements [146,

23, 38|, 133}, [152] and cervical spine injuries during impact events [21], 37, [511 [66] 96].

Cazzola et al. (2017) Mortensen et al. (2018)

Figure 3-1: Musculoskeletal models used for injury and functional movement analysis.
Adapted from de Bruijn et al. (2016) [37]; Nightingale et al. (2016) [96]; Vasavada et
al. (1998) [152]; Cazzola et al. (2017) [23] and Mortensen et al. (2018) [86].
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Table 3.1: Multibody models used for functional and injury analysis

Study Model type Muscle elements Muscle geometry Passive joint elemetns Analysis

Vasavada et al. (1998) [152] MSK - Kinematic 52 Linear N/A - kinematic coupling Functional
Suderman and Vasavada (2017) [133] MSK - Kinematic 52 Curvilinear N/A - kinematic coupling Functional
Cazzola et al. (2017) [23] MSK - Dynamic 78 Linear N/A - kinematic coupling Functional
Mortensen et al. (2018) [86] MSK - Dynamic 72 Linear Lumped parameter Functional /Injury
Kuo et al. (2019) [66] MSK - Dynamic 84 Linear Individual elements Injury

de Bruijn et al.(2016) [37] Hybrid MSK/FE - Dynamic 258 Linear Lumped parameter Injury
Nightingale et al. (2016) [96] Hybrid MSK/FE - Dynamic 81 Curvilinear Lumped parameter Injury
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3.3.2.1 Muscle modelling

The Hill-type muscle is a phenomenological non-dimensional model of muscle contrac-
tile dynamics [164]. It consists of a contractile element connected in parallel and in
series with two elastic elements (Figure . The contractile element aims to replicate
the muscle’s active behaviour whilst the parallel and in series elastic elements represent

the passive properties of the muscle and the tendon respectively.
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Figure 3-2: Hill-type muscle model (above) with the muscle force-length (below - left),
force-velocity (below - centre) and tendon-strain (below - right) curves. CE = contrac-
tile element; springs = passive elements; I = muscle length; [ = tendon length; (M7
= muscle-tendon unit length; o = pennation angle; Fd\/l = muscle force; FOT = tendon
force. Adapted from Thelen (2003) [130)].

Physiological neck muscle paths better represent muscle function through correct mo-
ment arms and generate appropriate muscle force estimation which results in more
physiological intervertebral joint loads. Earlier functional and impact specific models
represented muscle lines of action as linear elements with static path constraints (via
points) between origin and insertion points on model segments [37, 38, [152]. Via points

aim to maintain physiological muscle moment arms about the neck joints as the origin
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and insertion points of the muscle translate with the range of motion of the neck [3].
More recently dynamic path constraints (wrapping surfaces) have been utilised to bet-
ter represent the complicated muscle paths of the neck [66, 132, 133, 151]. Wrapping
surfaces are frictionless parametric geometries (spheres and cylinders) that generate
curvilinear muscle paths if a muscle line of action crosses them as the head and neck
move through their range of motion. The first study to use wrapping surfaces for neck
musculature in MSK models was Vasavada et al. (2008) [I51] and later extended by
Suderman and Vasavada (2017) [133] with moving muscle points linked to each ver-
tebra. They defined wrapping surfaces in their neck model that generated curvilinear
muscle paths (sternocleidomastoid and semispinalis) that minimised the deviation from
segmented muscle centroid paths from magnetic resonance imaging (MRI) of partici-
pants. These surfaces maintained extension moment arms for the semispinalis muscle
and ipsilateral lateral bending moment arms for the sternocleidomastoid during sagittal
and frontal plane neck rotations respectively. This was a significant contribution as the
moment arms of linear muscles in the model significantly differ from the physiological
moment arms observed in vivo, however the use of these wrapping surfaces has not
been adopted in models since. Recently Kuo et al. [66] defined a wrapping surface
between the caudal region of the sternocleidomastoids and the lower cervical spine to
maintain the muscles’ flexion moment arms about the lower cervical joints during large

neck extension movements.

Biofidelic muscle representations in MSK models of the cervical spine is critical as
neck musculature is also an important structural element of the cervical spine. This
has been clearly shown also in experimental studies where the application of forces
simulating the effect of muscles increased the spine’s structural stability and altered
its failure mechanisms [96] [95] 113]. The force a Hill-type muscle model can generate
in a given state is dependent on parameters such as the maximal isometric force (force
generating capacity), length, contraction velocity and level of activation [2} [72] [78] [136].
Maximal isometric force, force-length and force-velocity relationships are muscle model
parameters than can be scaled linearly based on a subject’s anthropometry or estimated
using measurements obtained from medical imaging (Figure . Both approaches can
be also be calibrated with numerical optimisation strategies guided by experimental
data to allow for more accurate joint moment predictions during inverse and forward
simulations [79, 103, 122]. The ability of neck MSK models to generate sufficient
moments to match experimental values is sensitive to correct definition of these muscle
elements and maximal isometric force in particular [I52] [I50]. This however introduces
a trade-off between either increasing maximal isometric forces of functional muscle

groups (e.g. extensors, flexors etc.) to represent the strength of other muscles not
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Figure 3-3: Wrapping surfaces applied to the line of action for the semispinalis capitis
(above - left) and sternocleidomastoid (above - right) muscles in Vasavada et al. (2008).
Original linear (below - left) and curvilinear muscle paths (below - right) generated by
moving muscle via-points in Suderman and Vasavada (2017). Adapted from Vasavada
et al. (2008) [151] and Suderman and Vasavada (2017) [133].

modelled or including those muscles as new elements. Although the first method is
not an accurate physiological representation of the system it does not increase the
complexity of the system by including more muscle elements. This was reported by
Cazzola et al. (2017) [23] who generated a rugby population specific MSK model and
used maximal force scaling factors for extensor (1.9) and flexor (2.7) muscle groups in
order to match experimental isometric neck strength measurements. A similar problem
in an average population model [23] which built upon the original Vasavada et al. (1998)
[152] neck model was accounted for by including the hyoid muscle group [86]. The
inclusion of the hyoids, which are small anterior neck muscles attached to the hyoid bone

with large moment arms, improved the flexion moment generating capacity in dynamic
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simulations of the head and neck. A later investigation using this model showed that
increasing the maximal isometric strength of the muscles significantly reduced head
accelerations during impacts replicating concussion events in American football [87].
However, it should be considered that although stronger muscles can generate moments
that reduce inertial loading (accelerations and decelerations) they also increase the
intervertebral joint loads which in the case of compressive impacts could overestimate
proximity to critical injury thresholds. Therefore correct identification of model muscle
parameters is important for the appropriate estimation of internal joint loads during

cervical spine injury analysis.

As previously mentioned a process used to overcome limitations associated to scaling
models is the utilisation of medical imaging data, such as magnetic resonance imag-
ing (MRI) and computed tomography (CT). Such imaging approaches are key for the
measurement and definition of subject specific parameters in MSK models [115] [144].
MRI has been frequently used when creating MSK models based on subject specific
skeletal geometry and muscle parameters in the lower limbs [I3], 14} [79] and cervical
spine [132, 133] [151] due to better muscle structure visibility and no radiation exposure
compared to CT imaging. The majority of studies adopting the use of subject specific
modelling focuses on the lower limbs and clinical populations (e.g. cerebral palsy, os-
teoarthritis). Despite the increase of computational power and accessibility to medical
imaging a standardised methodology of creating subject specific models has not been
established. This is due to the difficulty of developing a standardised pipeline that can
efficiently overcome bottlenecks relating to execution time but also be flexible enough
for a variety of applications across research centres. The lack of reproducibility and high
expertise needed is also reflected by the low adoption rates in clinical musculoskeletal

practices.

Studies evaluating the sensitivity of subject specific musculoskeletal models to measure-
ments associated with model creation have concluded that they are more accurate than
generic scaled models for the investigation of joint function and pathological conditions
[115, 134, [145]. Others however have not found any increased model performance with
MRI informed maximal isometric force [36]. Due to the nature of rugby and its physical
demands it is key to realistically model the anatomical and physiological characteris-
tics of players’ necks, something that is currently missing in the field of sport injury
biomechanics. A cross sectional radiographic study of recently retired (5.8 years) rugby
players and matched controls showed significant skeletal (foraminal stenosis and verte-
bral canal narrowing) geometric differences between the two groups [16]. Additionally,

former rugby players displayed significantly larger physiological cross sectional areas of
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the neck muscles compared to the general population. The physiological cross sectional
area of a muscle is typically used for estimates of maximal isometric strength [97]. In
rugby and other impact events, where high dynamic perturbations risk to destabilise the
cervical spine, the importance of correctly estimating muscle moment arms and maxi-
mal force generating capacity based on correct physiological measurements is therefore
emphasised. This thesis will aim to address the lack of a detailed musculoskeletal model

of a rugby player through the creation of one with MRI information.

Figure 3-4: Axial MRI images and photographs showing differences in neck muscle
volume and fat depositss (C6-C7 level) between matched controls (A) and former in-
ternational forward (above) and back (below) rugby player. Adapted from Brauge et

al. (2015) [16].
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3.3.2.2 Redundancy problem

The force distribution problem of the musculoskeletal system, resulting from “motor
redundancy” as first described by Bernstein (1967) [12] or “motor abundance” being
termed more recently [68, [69], only allows for muscle force estimation using compu-
tational strategies. At present two methods have been utilised in MSK models to
estimate neck muscle forces during inverse analyses [4]. These are pure optimisations

and electromyography (EMG) informed methods.

Pure optimisation methods (Equation |3.4) estimate neck muscle activations needed to
produce the required muscle forces that generate moments that satisfy the generalised
joint forces of the model from the inverse dynamics by minimising or maximising an

objective criterion (cost function).

minimise or maximise: J = f(ay,)

subject to: fo(F, L, U, G )72, = 77 (3.4)

0<a,<1

Where f(ap,) is the linear or non-linear function being minimised or maximised ,
Fm(FL Ly, U, am) is the vector of muscle forces at a given level of activation (a,,),
maximal isometric force (F9), fibre length (I,,) and contraction velocity (vm), iy is
the vector of muscle moment arms that cross the j* joint and 77 is the generalised
force acting about the j* joint. The criterion (J) can be mechanical (e.g. maximal
force production, maximal joint stiffness etc.) or metabolic (e.g. minimisation of energy
expenditure). Estimated activations produced from these optimisation techniques how-
ever are frequently characterised by poor agreement with experimental muscle EMG
measures and lack the stabilising effect of muscle co-contraction [15] 28] observed in
neck musculature during flexion/extension and lateral bending motions [126]. Addition-
ally, the resulting muscle forces are highly dependent on the chosen objective criterion
of the optimisation [85]. EMG-informed methods combine experimental EMG signals
with optimisation procedures to estimate muscle activations and subsequent muscle
forces. These methods can provide estimations representative of measured experimen-
tal EMG signals and co-contraction estimates as the estimates are implicitly guided by
the experimental measures. A limitation for the use of EMG-informed estimations of
spinal muscle activation however is the inaccessibility to deep muscle layers to obtain
experimental EMG measurements. For this reason, EMG-assisted approaches have

generated deep muscle activation patterns with the combination of optimisation meth-
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ods [27, 28, 29, 30]. In situations such as sporting collisions when the neuromuscular
objective is not clear EMG-assisted approaches could help provide an initial insight
on muscle recruitment strategies. For example, a player may want to tense their neck
enough to brace for impact whilst maintaining adequate mobility to position their head
correctly and maintain good technique by avoiding a misdirected impact to the head.
This thesis will investigate the use of EMG-assisted models to investigate their appli-
cability to rugby specific impact situations in order to gain physiological estimations

muscle recruitment strategies.

During forward simulations that investigate injury scenarios, muscles can be con-
strained to follow activation signals determined a priori to generate desired internal
loading conditions in the neck. These predetermined activation patterns are usually
derived from estimation methods, such as EMG-assisted or pure optimisation meth-
ods, during non-injurious events [26], [41), [06]. For example, Nightingale et al. (2016)
[96] applied activation patterns to the muscles of a model during drop test simulations
which were derived from maintaining the head in equilibrium under the effect of grav-
ity [41]. However, the application of these relaxed muscle activations during head first
drops could be questioned as larger contractions in some muscles would be expected
in a fall as a protective or reflex mechanism. A more physiological solution could be
generated with the incorporation of closed-loop feedback controllers or optimal control
theory. Happee et al. (2017) [5I] showed that vestibulocollic and cervicocollic reflexes,
which physiologically originate from the inner ear and neck muscle spindles respectively,
could maintain the stability of a MSK model’s cervical spine when tracking head os-
cillations between 0.3 and 8 Hz. This approach however has not been attempted in
forward simulations. Recent advancements in optimal control theory have been able to
produce predictions of human gait from neuropathological conditions such as cerebral
palsy [42] 102]. Optimal control methods are used to identify optimal control signals
that cause the modelled system to behave in a way that minimises or maximises a
performance criterion whilst satisfying task requirements and model constraints. Such
techniques could be valuable in spinal research to determine if certain muscle activation
patterns can maintain stability after a perturbation and even predispose or protect the

neck from injury.

Additionally, stability of the cervical spine is likely not only contributed to by point
loads, simulated by muscle elements in musculoskeletal models, but also surface pres-
sures generated between skeletal and muscular tissues in the neck. Modelling the
interactions between muscle surfaces would also allow for better representation of neck

muscle moment arms and reduce the need for wrapping surfaces. Such models have

41



begun to emerge using FE methods in the lower limbs [I10]. However, their valida-
tion and application to the cervical spine has not been attempted possibly due to the

complicated geometry of neck structures and very advanced methods needed.

3.3.2.3 Representation of passive joint properties

The kinematics of the multilevel cervical spine are inherently complex and pose a con-
siderable modelling challenge. As well as the geometry of the cervical spine structures
their passive properties highly influence the resulting kinematics. For MSK models
investigating functional movements [23] 86, [152] total neck motion is defined by six
rotational degrees of freedom describing the relative position of the head with respect
to the trunk. These allow for independent motion of the upper (skull-C1 and C1-C2)
and lower (C2-C3 to C6-T1) cervical spine in the three planes of motion. Each inter-
vertebral joint motion is specified about three fixed instantaneous rotational axes as a
percentage of the total neck motion (head with respect to the trunk). These percent-
ages represent how the total neck angle in each plane is partitioned into intervertebral
joint motions [125] [152] based on cadaveric experiments [I57]. This method provides
a stable kinematic solution for intervertebral joint angles during head and neck move-
ments as the passive properties of the entire cervical spine are implicitly accounted
for in the percentage distribution of the total neck angles to the intermediate inter-
vertebral joints. Although such kinematic couplings with fixed instantaneous centres
of rotation are valuable for stable kinematic solutions of functional neck motions (pre-
dominantly during inverse analyses), they may not best represent the effects of high
dynamic loading. Dynamic loading such as impacts can result in non-linear responses
of intervertebral rotations and translations which cannot be accounted for with kine-
matic couplings and fixed centres of rotation. Viscoelastic elements are implemented
into MSK models to better understand the resulting intervertebral forces and motions
during these events. However parameter values for viscoelastic elements representative
of the dynamic loading of the entire cervical spine column, which would happen in
misdirected rugby tackles, are not available. Finally, it should be noted that these
kinematic coupling constraints should not be used in conjunction with viscoelastic el-
ements (discussed in the next paragraph) as the resulting joint kinetics will not be
dynamically consistent. The correct practise of removing the constraints whilst adding
viscoelastic elements was observed in Kuo et al. (2019) [66] but not in the study by
Mortensen et al. (2018) [85].

Musculoskeletal models used for cervical spine injury analysis of impact scenarios have

incorporated two methods for representing intervertebral joint passive properties using
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viscoelastic elements. Lumped parameter models use a single six degree of freedom vis-
coelastic element, or bushing, at each intervertebral joint [31, 37, [96]. These represent
the passive contribution of the ligaments, intervertebral disc and facet joints along and
about the three translational and three rotational degrees of freedom respectively of
each intervertebral joint (Equations and . Passive stiffness and damping prop-
erties are represented mechanically via 6-by-6 stiffness and damping matrices which

generate forces based on the generalised positions and and velocities of the joint.

F/ = Kq; + Bg;, or (3.5)
-fiw- (kiy k12 ki ki ks kil -(1?- b1y by bis b bis big] -q'fx-
bid kot koo kos koa kos kos| |l bar ba bag boy bos bog q'fy
z k k k k k k iz b b b b b b itz
F/ = fzz _ ks ka2 ka3 ksa ks ke qiz 4 |bsr sz bss bss b s qiz (3.6)
I kar kao ka3 kaa Kus Fae i byr bao baz bas bys Dbas H
14 ksi ksa ksz ksa kss kse| |q;” bsi bs2 bsz bsa bss bse| |G;Y
\1; | |ke1 ke2 kes kes kes kes| |¢;7]  |ber be2 bes bes bes bes| |di |

Where F{ is the vector of the generalised forces (f#, f/ and f7) and moments (47,
p! and pf) for the ith joint, K and B are the 6-by-6 stiffness and damping matrices
respectively with ¢; and ¢; being the 6-by-1 vectors of generalised joint positions and
velocities for the i*" joint’s translational (superscripts tx, ty and tz) and rotational

(superscripts rz, ry and rz) degrees of freedom.

Additionally, coupled spinal motions observed between intervertebral joint degrees of
freedom can be represented using this method [31], [84], O8]. Spinal motion coupling is
achieved by including off-diagonal elements in the bushing stiffness matrix. The stiff-
ness and dampening parameters of the bushings which characterise the passive prop-
erties of the joint, are derived from static, quasi-static or in some instances dynamic
loading tests using in vitro spinal specimens (Table [34] R4l 10§]. These in wvitro
tests have have identified large variations in measured joint stiffness values. Moroney
et al. (1988) [84] found cervical spine motion segment (vertebra-disc-vertebra) stiffness
ranges of 116-3924 kN/m and 29-631 kN /m for compression and anterior shear respec-
tively. The same study observed a decrease up to 50% in all degrees of freedom once
the posterior elements of the vertebrae were removed. Variability observed in this and
similar studies is theorised to be caused by differences in applied loading rates, age and

levels of degeneration of the in vitro specimens. Furthermore differences in specimen
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preparation (multi-level, motion segment or isolated disc) and the spinal level tested
also seem to affect stiffness calculations [84]. Due to the variability of stiffness and
damping parameters caused by their specificity to testing protocols their incorporation
into musculoskeletal models has to be representative of the task under analysis. For
this reason, in the development of new models often direct validation of viscoelastic
parameters is undertaken which are specific to the task or event being analysed. This
was one of the rationales for the identification of new parameters representative of the

cervical spine’s response to loading representative of rugby impacts.
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14

Table 3.2: Stiffness values of cervical spine segments about their six degrees of freedom

. Max Max Preload Specimen . CMP SHR FL EX LB AR
Study NS Loading Rate () (Nm) () Type  SPRALY ov/m)  aN/m) NN NS (N
. 29-631 (Ant.)
gggi Eﬁ;gg FSU 116-3924  25-96 (Post.) 0.10-0.83  0.26-1.80  0.19-1.58 0.64-2.02
73.6 (CMP) CA.05 (net) 28-226 (Lat.)
Moroney et al. (1988) [8f] 35  Static 2.16 49 CA-C5 (n=1)
39 (SHR) C6-CT (n=6) Dise 12-317 (Ant.)
C7-T1 (n=4) segment 58-2060 13-169 (Post.) 0.05-0.65 0.06-0.78 0.09-0.91  0.23-0.93
eme 17-267 (Lat.)
Quasi-static . i 5 (FL) o . .
Shea et al. (1991) [IZ]] 27 (rSOmm/s 1)88 Eg}g)) N/A ég;l’ g;vss 957 + 244 328 i égg E?:;B 113 £0.68 1.74 £ 093 N/A N/A
5°/s) 3.5 (EX)
203 34 (Ant.)
Pangjabi et al. (1986) [100] 18  Static approx. 25 N/A N/A to C7-T1 FSU 141 53 (Post.) N/A N/A N/A N/A
53 (Post.)

NS: Number of specimens tested
CMP: Compression

SHR: Shear

FL: Flexion

EX: Extension

LB: Lateral Bending

AR: Axial Rotation

N/A: Data not Available

NB: Data ranges reported as presented in original manuscripts



A second method to represent the passive properties of cervical spine intervertebral
joints in MSK models is to define ligaments and intervertebral discs as separate vis-
coelastic elements [66]. In Kuo et al. (2019) eleven cervical spine ligament groups were
represented using 80 individual linear elements. The non-linear toe, linear and yield
regions of the ligaments’ force-length relationship were defined using piecewise linear
functions used to fit their model to previous experimental values from the literature.
Additionally, the annulus fibrosus of each the intervertebral disc was attempted to be
represented with two elements. The study reported that the passive elements signifi-
cantly contributed in the reduction of head angular accelerations after impulses were
applied to the head. Although it is clear that a significant volume of work was com-
pleted for this study the question of parameter overfitting in the MSK model’s passive
parameters could be accounted for directly with the use of an FE or hybrid FE-MSK
model. Thus the decision to represent the passive properties of each cervical spine
intervertebral joint as either a lumped parameter or individual elements (i.e. interver-
tebral discs and ligaments) in musculoskeletal models should be made with caution. As
the complexity of the representation increases the inclusion of additional parameters
could lead to overfitting or generate multiple solutions when identifying their values
that make the practical interpretation of the results difficult. For this reason this thesis
will focus on the use of lumped parameter models (i.e. bushings) for the representation

of the intervertebral joint passive properties.

3.4 Summary

The aim of this chapter was to provide an overview of available musculoskeletal methods
used to investigate cervical spine injury mechanisms. Aspects of models and methods
that influence the development of computational injury prevention research were also

identified. The main aspects of the review are summarised below:

e Multibody musculoskeletal and finite element models can be used for cervical
spine injury analysis. Each provide different scales of resolution with their re-
spective benefits and limitations. Their use in hybrid multi-scale models would
be beneficial in future research to investigate intervertebral disc responses. How-
ever, at the present the relative ease of muscle representation in musculoskeletal
over finite element models during dynamic simulations and their integration with
experimental data due to fewer boundary conditions remains a strong argument
for their use. This thesis will use musculoskeletal models to investigate cervical
spine injuries during axial compressive impacts in the applied setting of rugby.

The musculoskeletal modelling approach was not only chosen for the above rea-
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son to link it with experimental data to obtain initial conditions but also that
previous computational neck injury studies have utilised similar musculoskeletal
approaches. Camacho et al. (1998) and Nightingale et al. (2016) had a combined
finite element model of the head connected to rigid vertebrae with six degree
of freedom bushing elements to investigate similar head first axial compressive
impacts. As the kinematic response of the cervical spine column to this loading
modality which is theorised to precede the observed lower cervical spine anterior
dislocations in catastrophic rugby accidents musculoskeletal models were deemed

an appropriate tool for thex investigation.

Inverse analyses can provide information during measurable non-injurious neck
experiments whereas forward simulations can be used to investigate theoretical
impact scenarios. The studies presented in this thesis will utilise inverse analyses
to gain estimates of neck joint motion and muscle activation that cannot be
measured directly though experiments. This data will then be used to inform
forward simulations of injurious events of misdirected impacts to the head that

are not ethically or experimentally feasible.

Biofidelic representation of neck muscle paths and maximal isometric strength are
important in simulating the cervical spine’s response to impacts. This is empha-
sised in athletic populations, such as rugby or American football players, where
muscle morphology can be significantly different form the average population.
For this reason, MRI data of a rugby player will be used to inform the creation

of musculoskeletal model.

Pure optimisation methodologies can estimate neck muscle activation patterns
however EMG-assisted methods can be used to better elucidate muscle recruit-
ment strategies during impacts as the neuromuscular recruitment objective is not
clear. The exploration of if pure optimisation or EMG-assisted methods are best

suited for the analysis of rugby impacts will be completed.

Variability in the measurement of intervertebral joint passive properties necessi-
tates appropriate selection of model viscoelastic or kinematic coupling parameters
whilst considering the type of computational investigation being conducted with
the model. For this reason, novel intervertebral joint viscoelastic properties will
be estimated that are representative of the loads experienced during rugby im-
pacts. Kinematic coupling and passive parameters will be used appropriately
within the integrated framework presented in this thesis to estimate and predict

the response of the cervical spine to external and internal loads.
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Chapter 4

Musculoskeletal modelling of the
human cervical spine for the
investigation of injury

mechanisms during axial impacts

Pre-chapter commentary

This chapter includes an investigation into the passive response of the multi-level cer-
vical spine to axial impacts. Correct description of the cervical spine’s intervertebral
joints response to impacts representative of loads experience during rugby tackling is
an important step in being able to create a musculoskeletal model to investigate injury
mechanisms. This first study of the thesis describes an in vitro and in silico inves-
tigation to estimate viscoelastic joint parameters that can be used in impact specific

musculoskeletal models.
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4.1 Abstract

Head collisions in sport can result in catastrophic injuries to the cervical spine. Muscu-
loskeletal modelling can help analyse the relationship between motion, external forces
and internal loads that lead to injury. However, impact specific musculoskeletal models
are lacking as current viscoelastic values used to describe cervical spine joint dynamics
have been obtained from unrepresentative quasi-static or static experiments. The aim
of this study was to develop and validate a cervical spine musculoskeletal model for
use in axial impacts. Cervical spine specimens (C2-C6) were tested under measured
sub-catastrophic loads and the resulting 3D motion of the vertebrae was measured.
Specimen specific musculoskeletal models were then created and used to estimate the
axial and shear viscoelastic (stiffness and damping) properties of the joints through
an optimisation algorithm that minimised tracking errors between measured and sim-
ulated kinematics. A five-fold cross validation and a Monte Carlo sensitivity analysis
were conducted to assess the performance of the newly estimated parameters. The
impact-specific parameters were integrated in a population specific musculoskeletal
model and used to assess cervical spine loads measured from Rugby union impacts
compared to available models. Results of the optimisation showed a larger increase of
axial joint stiffness compared to axial damping and shear viscoelastic parameters for all
models. The sensitivity analysis revealed that lower values of axial stiffness and shear
damping reduced the models performance considerably compared to other degrees of
freedom. The impact-specific parameters integrated in the population specific model
estimated more appropriate joint displacements for axial head impacts compared to

available models and are therefore more suited for injury mechanism analysis.
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4.2 Introduction

The worldwide reported incidence for traumatic cervical spine injuries is 15 to 39 cases
per million [35] [71]. Spinal injuries associated with permanent neurological damage
have devastating consequences on the quality of life of the individual and can result
in individual lifetime costs rising to $3 million [I05]. Neurological damage can reduce
quality of life and lead to secondary factors such as discrimination, depression, and
suicide [I05] with wider societal costs of up to $9.7 billion [I]. In sporting activities,
cervical spine injuries are more common during high energy contact sports such as
American football and Rugby union, where the incidence rates of catastrophic cervical
spine injuries range from 2 to 10 per 100,000 players per year for American football
[111] and Rugby union [I8] respectively. A better understanding of injury mechanisms
is key to educate coaching and conditioning as well as to inform possible changes to
the governing rules of contact sports. In silico approaches allow the estimation of
measures such as internal joint loads and muscle forces that are extremely difficult and
impractical to safely measure in sporting conditions. Also, they give the opportunity to
explore ranges of theoretical scenarios [40] and thus understand how changes in impact
conditions (e.g. external load, movement technique) and neuromusculoskeletal char-
acteristics (e.g. muscle activation patterns) may affect injury factors. The reliability
of such computational approaches is strongly dependent on the models used and their
rigorous validation [54]. Although a lot of work has been produced to investigate the
mechanisms of cervical spine injury in impact events, such as motor vehicle accidents
and falls [37, 906], application of musculoskeletal models in sporting neck injury research

is lacking.

Musculoskeletal models of the cervical spine have been created for the biomechani-
cal analysis of functional neck movements [38, 133, [152] and impacts [21], 37, 5], 06].
Multibody musculoskeletal modelling can estimate system dynamics during sport im-
pact events and, if rigorously validated, provide a viable approach to test fundamental
principles and investigate their injury mechanisms [54]. This approach also enables a
practical and direct use of experimental data as inputs for musculoskeletal analyses
[123], and allows simulations to be run at low computational cost compared to detailed
finite element models. Furthermore, musculoskeletal simulation results can be used as
boundary conditions to finite element models [I54], which can then provide a more
detailed description of the stress and strain patterns experienced by specific spinal
structures [63]. Musculoskeletal models of the cervical spine have incorporated biome-
chanical properties of the intervertebral disc to investigate and better understand head

and neck injury mechanisms during dynamic loading scenarios such as motor vehicle
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collisions and falls [21], 37, [41], 51], [06], 148]. By approximating the complex dynamic be-
haviour of spinal joints the resulting joint motions can be estimated providing valuable

information for injury mechanism analysis.

The viscoelastic behaviour of the intervertebral disc [34], [10§] in musculoskeletal mod-
els has been represented with the Kelvin-Voight model of a parallel arrangement of a
spring and a damper, which is referred to as a “bushing element” in the automotive
sector [5 [70]. The stiffness and damping values of the bushings are obtained from
in vitro experimental studies on human and animal (e.g. porcine, bovine) specimens
which are implemented in musculoskeletal models [21], 37, [41], [51] 83, 96, 131]. Some
of these musculoskeletal models have been used to analyse the internal loading of the
cervical spine during axial compressive loading [21), [96], however the in vitro experi-
mental procedures used to extract cervical joint stiffness values [93] were not conducted
under conditions that correctly reflect the scenarios the models are used to evaluate
[21L 96]. For example, the model initially developed by Camacho et al. (1997) [2I] and
later updated and used by Nightingale et al. [96] is used in the analyses of axial head
impacts with peak forces of 2 kN being reached within 5 to 10 ms of loading. These
values are an order of magnitude higher to what the study of Nightingale et al. (1991)
[93] used, with peak loads of near 200 N reached in 2 s, to calculate joint stiffnesses
and are not representative of high energy collisions occurring in sport. In fact, cervical
spine injuries experienced during sport impacts are often caused by loads characterised

by a high rate and magnitude of loading [40, [67].

From an experimental point of view, in vitro tests have often investigated the loading
response of intervertebral discs using single motion segments (vertebra-disc-vertebra)
under static or quasi-static loading conditions [84, 101} 124 157]. However, the be-
haviour of the entire cervical spine as a multi-segmented beam with interactions be-
tween joints is too complex to be modelled as the sum of individual joint responses
to loading [93, I13]. The lack of a model that is representative of the cervical spine
behaviour under impulsive axial loads is likely to be due to technical limitations in
both experimental and computational approaches. The reliable estimation of individ-
ual joint stiffness of a multi-level cervical spine under such conditions would require
experimental rigs capable of applying high load-controlled impulses whilst measuring
individual vertebral motion. Currently experimental designs that can load a multi-
level cervical spine specimen and measure individual joint displacements mechanically
is challenging. However, combining subject specific modelling with high speed motion
capture [59, T3] can be used to measure vertebral motion without the need for highly

technical experimental rigs.
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Therefore, the aim of this study was to: (a) estimate the viscoelastic properties of in-
dividual joints of multi-jointed cervical spines under loading conditions representative
of sport impacts; (b) create and validate the first musculoskeletal model of the cervical
spine that efficiently and reliably enables the estimation of compressive and shear joint
forces and resulting motions via linear bushing (Kelvin-Voight) elements during impul-
sive loads; and (c) evaluate the newly developed model’s behaviour during an injurious

sporting scenario.

4.3 Materials and Methods

In vitro experimental data and in silico methods were used to estimate the viscoelas-
tic properties of the cervical spine’s joints. Representative loads of sub-catastrophic
sporting impacts were applied to porcine cervical spine specimens (C2-C6) which were

used as human specimen surrogates during experimental testing.

4.3.1 In vitro experiments

Six porcine cervical spine specimens (C2-C6) were excised from pigs aged between 8
and 12 months at the time of slaughter (Larkhall Butchers, Bath, UK). Surrounding
musculature was removed, facet capsules and ligaments were maintained apart from
the anterior longitudinal ligament. Specimens were secured in a neutral position into
nylon pots with bone cement (CMW, DePuy Int. Ltd., Leeds, UK). Motion capture
markers (9 mm diameter) were glued using epoxy adhesive and allowed to become secure
(approximately 10 minutes) in a non-collinear arrangement to the anterior surface of
the vertebral bodies. Specimens were then wrapped in paper towels, sprayed with
0.9% saline solution, sealed in plastic bags and frozen at -24°C . Each frozen specimen
underwent 0.1 mm resolution micro-computed tomography (uCT) scans (XT225 ST,
Nikon Metrology, UK) prior to impact testing. The mass and height of each specimen
were recorded and are presented in Table

On the day of testing each specimen was left to thaw at room temperature (21 +
2°C) whilst kept hydrated by applying saline solution to the surface of the wrapped
specimens. The specimens did not undergo any preconditioning prior to impact testing.
Motion capture tracking clusters were placed posteriorly to each transverse process of
the C3, C4 and C5 vertebrae (Figure and rigidly secured to the bony segments by
means of a self-tapping screw. The specimen was mounted in a impactor [57] and was
preloaded with 152 N via two constant force springs (51 N bilateral to the specimen)
and the weight of the impact plate (50 N cranial to the specimen) [57, 113]. The

53



Table 4.1: Descriptive data of porcine cervical spine segments (C2-C6).

Specimen number Mass (kg) Height (m)
S1 0.378 0.203
S2 0.444 0.215
S3 0.396 0.202
S4 0.375 0.199
S5 0.358 0.202
S6* 0.570 0.223
Mean + SD 0.390 £ 0.033 0.204 + 0.006

* The mass and height of Specimen 6 (S6) are only shown for comparison and not
included in the average values of the specimens as it sustained fractures at the C2, C3
and C4 vertebral levels.

experimental configuration constrained C2 to one DoF (axial translation) and C6 to
zero DoF. This left the C3 to C5 vertebrae (C3-C4 and C4-C5 joints) unconstrained

and able to move in a more physiologically manner.

A load of 80 N was dropped from a height of 0.5 m to the impact plate on the cranial
aspect of the specimen to simulate peak forces measured during sub-catastrophic rugby
tackles [104], 119]. Two 22 kN load cells (Model SLC41/005000, RDP Electronics Ltd.,
UK) were used to collect cranial and caudal force data at 1 MHz using an analogue
to digital converter (TiePie Handyscope HS5 USB Oscilloscope, TiePie Engineering,
Koperslagersstraat, Netherlands). Synchronised kinematic data were recorded by a five-
camera motion capture system (Oqus, Qualisys, Sweden) at 4 kHz. Following impact

testing specimens were uCT scanned to ensure the impact was sub-catastrophic.

Impact force data were filtered with a zero-lag fourth-order low-pass Butterworth filter
with a cut-off frequency of 5 kHz (Matlab 2017a, The Mathworks, Natick, MA, USA).
Kinematic marker data were filtered using the same filter with a cut-off frequency of
150 Hz after a power density analysis was performed on the raw kinematic data (Matlab
2017a). For both sets of data the time of impact was identified when the cranial load
cell measurement exceeded 200 N [57, [113].

4.3.2 Musculoskeletal model creation

The pre-impact uCT images were segmented (ScanIP M-2017.06, Simpleware, UK)
to obtain specimen specific geometries of the cervical spine vertebrae. The MeshLab
v2016.12 [32], NMSBuilder 2.0 [144] and OpenSim 3.3 [39] software packages were used
to create specimen specific musculoskeletal models analogous to conventional methods
used [80].
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Figure 4-1: Experimental set up of the spinal specimen positioned in the impact rig
(left) and digital representation as a specimen specific model with virtual registered
markers (right). Markers secured to the anterior aspect of the specimen and the cranial
and caudal pots were used for the registration process during model creation. The
markers of the cranial pot and the clusters secured to the C3, C4 and C5 vertebrae
were used as tracking markers in the optimisation

Joint frame origins were located at the center of the intervertebral mid-planes between
the inferior surface of the cranial segment and superior surface of the caudal segment
for each of the four joints [121I]. The anterior-posterior (x-axis) and medio-lateral (z-
axis) axes were defined parallel to the superior surface of the caudal vertebrae with
the superior-inferior (y-axis) axis normal to this plane Figure Six degree of free-
dom viscoelastic bushing elements comprised of a linear spring and damper in parallel
(Kelvin-Voight model) were defined through the OpenSim 3.3 Matlab API to be coin-
cident with the joint frames origins to overcome dynamic errors [31]. Reference values
from the literature [37] were used to initialise all degrees of freedom of the four bushing
elements. The OpenSim models were then constrained to replicate the experimental
set up. Virtual markers were created in the same relative position as the experimental
tracking markers to the cervical vertebrae by registering their position to the segmented

static marker positions measured from the uCT scans.
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Figure 4-2: Joint and coincident 6 DOF viscoelastic bushing element locations. Only
axial (F, - left) and anteroposterior (F, - right) viscoelastic elements were optimised,
the parameters of the remaining four degrees of freedom remained at their initialised
values.

4.3.3 Optimisation Pipeline

A dynamic optimisation pipeline Figure [4-3| was developed to identify the optimal com-
pressive (superior-inferior) and shear (anterior-posterior) viscoelastic bushing parame-
ters. Simulations were performed up to 5 ms after the time of impact, which contained
the cranial load peaks. A genetic algorithm (Matlab 2017a) was used to investigate
the parameter space and identify the optimal viscoelastic bushing parameters (n=16)
by minimising the root mean square error (RMSE) between measured and simulated

3D marker kinematics over the 5 ms simulation window.

4.3.4 Validation and sensitivity analysis

A five-fold cross validation was completed by applying the median value of the identified
parameters obtained from four of the five spines to the model of the fifth spine iteratively
a total of five times. The new combination of model and parameters was then used in
the forward dynamic section of the previous pipeline Figure and evaluated against
the experimental kinematic data of remaining fifth model, which was not included in

the calculation of the parameters median value.

The 16 optimised parameters of each spine were grouped into four sets of four parame-

ters dependent on their functionality: axial stiffness (k, = [k‘yc 203, kf 3C4, kyo 4C5, kyc 5C6])

€203 10304 1,CACS 1,C5C6
by =7, by oY, by by )

)
, shear stiffness ( k, = [k$203, kC3C4)

€203 0304 1CACS 1 C506
bl‘ ? bl‘ ’ b.’L‘ ? bI ])

axial damping (b, = |

kC4C5 kC5CG] )

and shear damping (b, = | , where k is stiff-

56

1137

1138

1139

1140

1141

1142

1143

1144

1145

1146

1147

1148

1149

1150

1151

1152

1153

1154

1155



k
ky D—Iil—o A Experimental Experimental
by b | Impact Marker
SSM Load Displacements
: |
| OpensSim 3.3 API Simulated
. Marker
Sim Displacements g?‘gi:t:’;s
gzggiits; Update SSM Forward Trsanc::; q P
k; & b; D i
Matrix it ynamies Problem

Genetic Algorithm (MATLAB)

Figure 4-3: Optimisation pipeline used to estimate specimen specific model viscoelastic
joint parameters. Literature values [37] (k1 and b1) were used to initialise the 6 DoF
viscoelastic bushing elements of the specimen-specific models (SSM). A total of 16
optimised stiffness (kop:) and damping (byy) for axial and shear degrees of freedom
were estimated.

1156 ness, b is damping, subscripts indicate direction (y compressive and = shear) and super-
1157 scripts show the joint level. Model sensitivity to individual parameter set uncertainty
1158 was also assessed by varying individual sets from 50% to 150% of their identified opti-

1159 mum value.

1160 To assess model sensitivity to combined changes in the four parameter sets a 1000 sam-
1161 ple Monte Carlo analysis (Matlab 2017a) was performed by randomly perturbing axial
162 stiffness, axial damping, shear stiffness and shear damping simultaneously with a uni-

11es  form distribution between 50% and 150% of their identified optimum value (Equation

11ee |4.1)):

pi=p+rp (4.1)

11es Where p is the entire set of optimised parameters p = [ky, by, kz,bs], 7 = [—0.5,0.5]
11e6 is the coefficient used to induce the parameter perturbations and p; is the i** set of

1167 perturbed parameters of the sensitivity analysis. Third degree polynomial surfaces
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were then fitted to the six pairs of parameter combinations to better asses their effect

on RMSE change. Changes in the RMSE during the perturbations were evaluated as

(Equation [4.2)):

ARMSE = RMSEpe; — RMSEqp (4.2)

Where RM SE,., and RMSE,,; are the RMSE between experimental and simulated
marker kinematics of the i*" parameter set perturbation simulation of the Monte Carlo

analysis and identified optimum parameter sets respectively.

Similarly, the joint frame position (JFP) on the intervertebral mid-planes was program-
matically varied between -0.02 m and 0.02 m in the anteroposterior direction on all four
joints simultaneously (Equation [4.3)):

JFPF = JFP" + dx (4.3)

Where JFP* is the anteroposterior joint frame positions for the four cervical spine
joints C2-C3, C3-C4, C4-C5, C5-C6, d, = [—0.02,0.02] is the displacement in meters
applied to the joint frame locations and JF PP is the newly defined anteroposterior

position of the joint frames.

4.3.5 Application to an injurious sporting scenario

The viscoelastic parameters estimated in this study, and previously used viscoelastic
parameters from the literature [37] were then integrated in a population specific model
(i.e. “Rugby Model”, [23]) to evaluate their behaviour during a sporting injurious
scenario. This analysis was based on the comparison between three different models: i)
the original “Rugby Model” [23] that utilises kinematic constraints [I52], ii) a version
implemented with the 6 DoF bushings from de Bruijn et al. (2016) [37] updated
with the median values of the C3-C4 and C4-C5 joints for axial and shear viscoelastic
parameters estimated in this study (hence referred to as impact-specific), and iii) the
“Rugby Model” integrated with the original de Bruijn et al. (2016) [37] viscoelastic

parameters (hence referred to as quasi-static).

The models response was compared during a simulated head-first impact in rugby,
and consisted in the analysis of the cervical spine joint kinematics and reaction forces.
Forward dynamic simulations (OpenSim 3.3) were used for the analysis and driven by
a set of pure axial loads applied to the skull segment (Figure 1%t row). Existing
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muscle actuators of the “Rugby Model” were included but no activation was prescribed
to them. The external load profile used as input for the forward dynamics simulations
was taken from dummy head forces (Hybrid III, Humanetics, Germany) measured

during live scrum trials against an instrumented scrum machine [128§].
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Figure 4-4: Axial loads measured at the cranial load cell during the experiments. The
initial 5 ms (segmented vertical line) of the load traces were used to drive the forward
dynamics simulations by applying them to the centre of mass of the C2 segments of
the models. The legend denotes specimens S1 to S5.

4.4 Results

Peak cranial loads measured experimentally ranged from 3.0 to 4.8 kN (Figure El[)
with maximal axial displacements of 1.2 to 7.5 mm. One of the six tested specimens
(S6) suffered vertebral body fractures at the C2, C3 and C4 levels and was not included
in the report of the final parameter values. The genetic algorithm evaluated 100 sample
populations over 15 generations of the parameter space with an approximate run time
of 10 hours (real-time) per model on a 3.00 GHz v6 Xeon processor with 32 GB RAM.

Overall, the estimated values for axial stiffness, axial damping shear stiffness and shear
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damping across the four joints increased with respect to the initialised values taken
from the literature, and ranged between 2.2 to 26.6 MN/m, 2.4 to 6.1 kNs/m, 28.4
to 91.2 kN/m and 0.6 to 1.5 kNs/m respectively (Figure Tables and [4.3).
The average RMSE of the five models was 0.46 mm across the 5 ms between the
simulation and measured kinematics (Table . The five-fold cross validation showed
that interchanging bushing parameter values between models closely replicated model
kinematics as tracking errors increasing by 2.5 to 6.4% for specimens S1, S3, S4 and
S5, whilst specimen S2 showed a 35.4% increase compared to optimised tracking errors
(Table 4.4)).
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Figure 4-5: Parameter values identified by the optimisation procedure. Axial stiffness
(top left), shear stiffness (top right), axial damping (bottom left) and shear damping
(bottom right). Values are shown for each of the cervical spine joints identified by the
two red coloured vertebrae on the horizontal axis and for each of the five specimens
identified by the legends. The legend denotes specimens S1 to S5.
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Table 4.2: Axial stiffness (k) and damping (b) parameter values identified for each specimen specific model of the spinal specimens
(S1-S5).

C2-C3 C3-C4 C4-C5 C5-C6
Axial Stiffness (k) Damping (b) Stiffness (k) Damping (b) Stiffness (k) Damping (b) Stiffness (k) Damping (b)
N/m Ns/m N/m Ns/m N/m Ns/m N/m Ns/m
Imt‘j‘;ii‘:i 1.1x106 103 1.1x106 10 1.1x100 10 1.1x106 10

S1 22.2x10° 3.1x103 25.0x10° 6.1x103 15.2x106 2.0x10° 2.7%x10° 2.2x10°

S2 29.4x 108 1.8x103 19.7x106 5.5%x103 24.4x108 2.2x10° 2.2%x10° 1.8x103

S3 25.2x10° 3.9x10°% 38.2x 106 7.3%x10° 19.9x106 3.6x10% 1.2x106 4.0x10°%

S4 26.0x10° 5.7x103 26.3x10° 3.0x103 33.3x106 2.4x103 2.7x106 2.6x103

S5 22.2x10° 1.4%103 35.2x109 8.9%103 14.4%106 7.7x103 1.7x10° 3.0x103
Median 25.2x10° 3.1x103 26.3x10° 6.1x103 19.9x106 2.4x10° 2.2x10° 2.6x10°

Initialised values used at the start of the optimisation are presented in the first row.
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Table 4.3: Shear stiffness (k) and damping (b) parameter values identified for each specimen specific model of the spinal specimens
(S1-S5).

C2-C3 C3-C4 C4-C5 C5-C6
Shear Stiffness (k) Damping (b) Stiffness (k) Damping (b) Stiffness (k) Damping (b) Stiffness (k) Damping (b)
N/m Ns/m N/m Ns/m N/m Ns/m N/m Ns/m
Imt‘j;ii‘:i 63.0x103 103 63.0x 103 103 63.0x103 103 63.0x103 103

S1 28.4x10° 0.5%x103 69.0x10° 1.5x10° 53.3x10% 1.4x10° 75.3x10° 1.4x10°

S2 80.6x103 1.3x103 76.4%103 1.3x103 75.5%103 1.4x103 77.8%103 1.1x103

S3 5.5%103 0.5%x103 96.1x10° 0.8x103 38.5x103 1.4x10° 92.0x103 1.5x10?

S4 89.7x103 0.7%x103 61.3x103 1.5x10° 78.6x103 0.9%x103 93.5x10% 1.5x10°

S5 14.5x103 0.6x103 88.0x103 1.4x103 84.5%103 1.4x103 91.2x103 1.5x103
Median  28.4x103 0.5%x103 76.4x10° 1.4x10° 75.5x10° 1.4x10° 91.2x10° 1.5x10°

Initialised values used at the start of the optimisation are presented in the first row.
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Table 4.4: Root mean square errors (RMSE,,; — Column 2) across the 15 tracking
markers between measure and simulated kinematics during the optimisation procedure.
Errors are also presented for the five-fold cross validation (RMSE,,; — Column 3) and
model evaluations using joint viscoelastic values from the literature [37] that were used
to initialise the models at the start of each optimisation (RMSE;;; — Column 4). The
calibration error of the motion capture system for each experimental measurement is
presented for comparison (Column 5).

Specimen RMSE,,; RMSE,,, RMSE,; Calibration error

number (mm) (mm) (mm) (mm)
S1 0.46 0.47 2.59 0.24
S2 0.33 0.45 2.28 0.12
S3 0.58 0.59 2.08 0.17
S4 0.51 0.53 2.60 0.50
S5 0.44 0.46 2.30 0.29

The models showed a similar response to individual and combined parameter variations
during the sensitivity analysis (Figure[4.4)). Changing shear damping and axial stiffness
parameters in isolation resulted in the largest increases of RMSE by 0.2 to 0.4 mm.
When shear damping and axial stiffness were concurrently perturbed models showed
the largest combined effect on RMSE ranging between 0.4 and 0.6 mm (Figure
1st and 2nd rows). Perturbations in anteroposterior joint locations resulted in RMSE

increases <0.1 mm.

The model comparison showed a similar response during the sub-injurious scenarios,
whilst the injurious scenario highlighted a different behaviour. The impact specific
model and the original “Rugby Model” yielded similar peak joint loads, whilst the
quasi-static model estimated 13 to 15% higher compressive loads for the three tested
impact conditions (Figure : 2nd row). The resulting joint compressions of the
bushing model with the new parameters allowed smaller displacements (<0.1 mm)

compared to the model implemented with the previous parameters (0.4 to 1.5 mm)

(Figure 3rd row).
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Figure 4-6: Results of the 1000 sample Monte Carlo sensitivity analysis for the
five specimen-specific models. Results are presented in order of their effect on the
ARMSE = RMSE,, (largest to smallest). The axonometric view (central column)
shows the response of the five models as the interpolated 3rd degree polynomial surfaces
between the six possible parameter combinations. Left and right columns show the pro-
jection of each axis of the parameter variation against the ARMSE = RMSE,., on
their respective sides for specimen S1 as an example of the response.
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Figure 4-7: Forward dynamic results of theoretical injurious sporting scenario. Com-
parison of internal joint loads (Row 2) and resulting joint displacements (Row 3) cal-
culated from the three versions of the musculoskeletal model and across three loading
conditions (Row 1). Only joint loads are displayed for the Rugby Model (RM) as the
kinematic constraints do not allow for joint translation which is displayed for Impact
Specific (IS) and Quasi-Static (QS) versions of the model.
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4.5 Discussion

The purpose of this study was to identify and validate cervical spine viscoelastic joint
parameters under impulsive axial impact conditions, and integrate them in a muscu-
loskeletal model for the analysis of injury mechanisms. Specimen specific musculoskele-
tal models of porcine cervical spines were used as surrogates to human specimens to
estimate joints’ axial and shear viscoelastic values. Combined in vitro and in silico ap-
proaches allowed to identify the parameters that describe the viscoelastic response of
individual cervical joints, and successfully apply them for the analysis and simulation

of sporting scenarios.

4.5.1 Viscoelastic paramter estimation

The estimated stiffness values for axial compression increased by one order of magnitude
from the initialisation values for all joints except the most caudal (C5-C6). Compressive
damping as well as shear stiffness and damping also showed an increasing trend but
remained within the same order of magnitude as the initialising values [37]. The large
increase of axial stiffness values is likely to be related to the high impulsive load applied
to the spine. The viscoelastic behaviour of the intervertebral disc has been characterised
by its non-linear response to loading especially in axial compression which is a degree
of freedom highly affected by the poroelastic properties of the disc [34] 108, 124, [161].
In wvitro studies have measured increased apparent stiffness of intervertebral discs and
functional units when subjected to higher loading rates indicating grater energy storage

than energy dissipation under these conditions [34, [108].

The musculoskeletal models of the presented study used a parallel arrangement of linear
stiffness and damping elements (Kelvin-Voight model) to approximate the dynamics of
the spine. This representation of the intricate dynamic behaviour of the intervertebral
disc has been utilised previously [37, [06] and its ease of implementation into muscu-
loskeletal models provides an added benefit for their use. More complex viscoelastic
models of the intervertebral disc may be used in musculoskeletal models, however the
inclusion of additional parameters over multiple levels of the spinal structure could lead
to overfitting or generate multiple solutions that make the interpretation of the results
difficult. There is potential that in future studies more detailed viscoelastic models can
be explored however this initial use of a simple Kelvin-Voight model resulted in good

estimation of the general intervertebral disc properties under dynamic loads.

Linear bushings, however, only approximate regions of the inherent non-linear be-

haviour of the intervertebral disc’s force-displacement curves. Thus, the higher esti-
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mated values represent a steeper portion of the force-displacement curve of the interver-
tebral discs caused by the high loading rate of sporting collisions. Median compressive
stiffness values of the C2-C3 to C4-C5 joints were within similar values of 19.9 to 26.3
MN/m compared to the stiffness for the C5-C6 joint of 2.2 MN/m. The lower axial
stiffness values found at the most caudal joint (C5-C6) are attributed to the experi-
mental and computational constraints during the experiments as well as the relative
position of the joint with respect to the axial force vector applied at the C2 vertebra
of the specimen. Full kinematic constraints on the C6 body of the models may have
neglected small motions experienced in the experiment, and thus underestimated the
joint stiffness. Additionally, the caudal section of the cervical spine displays greater
lordosis which cause a rotation of the joint reference system in the sagittal plane (Fig-
ure and directs the vector of the axial force at a more of a shear angle to the
C5-C6 joint. The effect of such anatomical change would be to transfer the load in
a more anterior direction with respect to the joint. Similarly, optimal values in the
shear direction were within closer ranges for the C3-C4 to C5-C6 joints compared to
the C2-C3 joint. The constraints of the most cranial (C2) and caudal (C6) segments
of the specimens allowed the intermediate vertebrae to be loaded in a more physiologic
manner as they were experimentally unconstrained. This resulted in two joint levels
C3-C4 and C4-C5 to be displaced with no experimental constraints acting on any of
their segments. Therefore, due to the large sagittal angle of the C5-C6 joint to the ax-
ial force vector, it is suggested that the median values of the C3-C4 and C4-C5 joints’
axial and shear viscoelastic parameters estimated in this study, should be used across
cervical spine joints in multibody models investigating impulsive axial impacts to the
head. This strategy was adopted in the analysis of joint loads by implementing the
stiffness and damping values in bushing parameters at the cervical spine joints of the
validated “Rugby Model” [23].

Investigations on the dynamic stiffness of individual joint levels of multi-jointed cervical
spines have been limited. The increased compressive stiffness estimated for these speci-
mens under the large impulsive loads logically follow results from static and quasi-static
experiments on single joint units [84, 100, 124]. The studies by Panjabi et al. (1986)
[100] and Moroney et al. (1988) [84] used incremental static loads up to a physiological
loading range of 50 N to study the stiffness of cervical motion segments. Stiffness val-
ues from the two studies differed substantially with 141 vs 1318 kN/m and 34 vs 131
kN/m for axial compression and anteroposterior shear respectively. The static results
of Moroney et al. (1988) [84], however, closely matched the quasi-static stiffnesses by
Shea et al. (1991) [124] obtained from loads up to 2000 N. Both of these studies re-

ported large variability in stiffness between specimens. This suggests that the range

67



of viscoelastic parameter values found in this study could be caused primarily by the
physiological inter- and intra-specimen variability rather than the optimisation search.
Musculoskeletal models of the human neck used in automotive research [37) [61], [147]
have used the compressive stiffness values of these experimental studies when investi-
gating injuries during collisions. However, the applicability of these values from static
and quasi-static experiments to analyses of dynamic events remains an open question.
Damping values of 1000 Ns/m were selected to sufficiently attenuate head acceleration,
however it was believed these values may still be too low [61], which supports the larger

damping values estimated in this study.

The experimental set-up of this study applied a higher compressive preload (152 N) to
the physical specimens compared to previous experiments of 10 N and 42 N [84] [I00].
A larger preload, more representative of that experienced in-vivo, does stiffen the
cervical spine specimen prior to impact compared to specimens impacted without a
preload /follower-load [I13]. The higher preload [57, 113] together with the impulsive
loading would support the significantly higher compressive stiffness increase compared
to damping of the intervertebral discs that was estimated. This was supported by the
sensitivity analysis where lower axial stiffness values resulted in higher tracking errors.
Investigations of intervertebral disc mechanical response over increased loading rates
have demonstrated that energy dissipation decreases at higher rates compared to en-
ergy storage caused by the fluid-solid phase of the disc [34] 108, 161]. However, the
fluid-solid phase of the disc as a function of disc deformation is difficult to examine
due to its complex tissue matrix structure, internal and peripheral fluid flow and end-
plate diffusion. The significantly increased compressive stiffness over shear stiffness is
supported because the axial compression degree of freedom is a disc deformation mode

where fluid flow effects are greater than in shear [34].

An acceptable parameter fit tested by the five-fold cross validation displayed signifi-
cantly closer tracking results (RMSE,,;) compared to when the models were evaluated
using parameter values from the literature (RMSE;;;) [37] (Table [£.4). The smaller
increase of RMSE,,; compared to RMSE;;; from RMSE,,; supports previous findings
that during impulsive axial loading the cervical spine responds in a stiffer manner. The
Monte Carlo analysis also showed that models’ responses were sensitive to decreases
in axial stiffness (k,). Perturbations in shear damping (b,) combined with axial stiff-
ness (Figure Row 1) resulted in the largest relative increases in tracking errors
(ARMSE). Lower shear damping appears to have a large effect on the models’ perfor-
mance (Figure Row 1). During these impulsive axial impacts the cervical spines

showed a rapid but non-injurious anterior buckling response as previously observed by
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Nightingale et al. (1996) [95]. The anterior shear motion of the vertebrae caused by the
buckling of the specimens, however, did not lead to injuries because the applied load
was chosen to be sub-catastrophic. This also indicates that the energy transmitted from
the axial impact causing the anterior vertebral motion was dissipated quickly. These
results highlight the importance of anterior-posterior joint damping parameters used
in musculoskeletal models analysing cervical spine injury mechanisms of axial impacts.
In fact, the inclusion of lower values of shear damping in the models may result in an
excessive anterior motion of the vertebrae, and in a subsequent erroneous prediction of

the injurious events (i.e. joint dislocation).

4.5.2 Model comparisons and application to injury prevention analy-
sis

A reliable estimation of joint loads and resulting joint kinematics during impacts is
key for the analysis of the injury mechanisms and estimation of injury risk. This be-
comes extremely important in sporting scenarios where real-world interventions, which
aim to minimise injury occurrence, are informed by the output of injury mechanisms
analyses. There is therefore a pressing need to use accessible computational tools, such
as musculoskeletal models, capable of estimating internal joint loading and simulating
injurious scenarios without adding excessive complexity. In fact, it is very challenging
to directly integrate conventional in vivo measurements of sporting activities with fi-
nite element analyses. Currently more detailed finite element analyses are often driven
by in vitro experimental loads and kinematics that do not adequately describe the in
vivo behaviour during these impact events. Therefore musculoskeletal modelling is a
valuable link between real-world measurements and more complex structural analyses

and provides appropriate boundary conditions for finite element analyses [63].

The viscoelastic parameters estimated in this study, and their integration in a previ-
ously validated musculoskeletal model (i.e. the “Rugby Model”), provide a valid and
accessible tool for such analyses. In fact, the comparison with previous models clearly
shows the importance of using impact-specific bushing parameters to estimate realistic
joint loads and simulate injurious events. The three versions of the “Rugby Model”
tested under axial impacts revealed differences in their simulated kinematics but com-
parable loading patterns. Similar peaks of compressive load between the impact-specific
“Rugby Model” and the original “Rugby Model” are expected. This is due to the high
axial stiffness value mimicking the response of the translationally constrained joints of
the “Rugby Model”. The higher peak loads showed by the non-impact-specific “Rugby

Model” could be attributed to a larger effect of the damping component and lower
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stiffness values. This illustrates the benefit of using impact-specific parameters com-
pared to bushings validated in quasi-static conditions when used in impulsive events.
From a joint displacement perspective, the model using quasi-static bushing parame-
ters showed joint displacements which were near failure values of 0.84 mm [106]. As a
result, the use of bushing parameters not validated for the analysis of impact events can
misrepresent the resulting joint kinematics due to lower stiffness values, and therefore

indicating erroneous injury mechanisms.

4.5.3 Limitations

The experimental and modelling assumptions of this study must be highlighted. Firstly,
the simulations were driven only by a compressive axial load applied at the C2 ver-
tebrae as the experimental load cell was uniaxial and the applied load was delivered
primarily in the axial direction via the impactor. This may have neglected anteropos-
terior or medio-lateral shear loads that were not measured by the load cell. Cyclic
preconditioning, such as series of lower magnitude axial loads, was not performed in
case of specimen damage. Such preconditioning would affect the fluid content of the
intervertebral discs and possibly influence the response of the spine under axial load.
Preconditioning is commonly done under similar loads to the ones used for testing,
however in the presented experiment a series of lower magnitude axial loads would
have the potential to weaken the specimens prior to testing. Another source of error
was potentially introduced by the natural resonant frequency of the tracking clusters
due to their lever arms. The virtual markers were positioned at constant distances from
the geometry of the models however, the experimental clusters may have experienced
lag between the vertebral movement and the tracking cluster displacement during im-
pact. The genetic algorithm minimised the tracking errors between the measured and
simulated marker kinematics by optimising the 16 axial and shear joint stiffness and
damping parameters of the models (Table . The similarity of this problem with
automotive suspension design problems [I0}, [88] and the genetic algorithm’s ability to
search the parameter space for solutions was the reason the algorithm was chosen.
Finally, porcine specimens have been evaluated as surrogates to human specimens in
injury mechanism studies |20} 116, [158]. Furthermore, they provide a more homoge-
neous sample allowing for a better controlled experimental design without the effect of
confounding factors such as age and level of degradation [I61]. This is important for
injury mechanism analysis as these factors can influence the effects of rapidly applied
loads experienced by a young sporting population. However, the use of porcine spec-
imens for the investigation may not be entirely representative of the functional joint

behaviour of human specimens.
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4.6 Conclusion

This is the first study providing cervical spine joints (C2-C6) viscoelastic parameters for
the analysis of injury mechanisms during axial impacts. The bushing (Kelvin-Voight)
parameters were estimated via combined in vitro experimental and in silico muscu-
loskeletal modelling approaches. Specimen-specific cervical spine models were created
and validated against in vitro 3D kinematic data of high impact loading situations.
Results showed higher values of axial stiffness in unconstrained joints compared to pre-
vious values found in the literature derived from static and quasi-static experiments.
Researchers should also be aware of the sensitivity of spinal models to low values of
axial stiffness and shear damping when investigating axial impacts to the spine. Fi-
nally, this study provides the first proof-of-concept that a musculoskeletal modelling
approach can be used to analyse cervical spine injury mechanisms by allowing the
estimation of internal joint loads and simulating realistic joint kinematics during in

sporting scenarios.
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Chapter 5

EMG-assisted models estimate
physiological muscle activations
and moment equilibrium across

the neck before impacts

Pre-chapter commentary

This chapter explores the use of EMG-assisted models to estimate neck muscle ac-
tivations during dynamic pre-impact rugby events (tackling and scrummaging). Ex-
perimental studies investigating cervical spine injury mechanisms in vitro have shown
that the application of representative muscle forces (i.e. follower loads) to the speci-
mens changes their dynamic response. Musculoskeletal models include muscle elements
that produce force dependant in part on the level of their activation. Complete de-
scriptions of neck muscle activations during dynamic motions are infeasible to measure
experimentally n vivo. For this reason computational methods are regularly needed
to estimate the neuromuscular state of the neck system guided by experimental muscle
activation data during the analysed tasks. This second study of the thesis conducts an
in vivo and in silico investigation to quantify levels of neck muscle activations based
on physiological measurements of rughy tackles and scrums. Estimation of neck mus-
cle activations was achieved through a combined inverse-forward modelling approach.
Firstly in vivo experimental kinematics were analysed through inverse kinematics and
inverse dynamics using a MRI-informed musculoskeletal model to obtain generalised

joint coordinates and joint moments. An EMG-assisted optimisation is then used to
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compute muscle excitations that generate muscle forces and thus moments about joints
that match generalised joint moments computed through inverse dynamics. The EMG-
assisted optimisation computes the levels of excitations of muscles that could not be
collected in vivo providing physiological constraints based on EMG measurements. The
computed excitations are then integrated in a forward at each timestep through an ac-
tivation dynamic model to provide muscle activations which are sequentially used in a
musculotendon dynamics model to produce muscle force and moments about the joints.
The levels of activation and subsequent muscle forces can be used to provide a complete

dynamic representation of the cervical spine prior to impacts.
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5.1 Abstract

Understanding neck muscle activation strategies prior to automotive and contact sport
impacts is crucial for investigating mechanisms of severe neck injuries. However, mea-
surement of muscle activations during impacts is experimentally challenging and com-
putational estimations are often not guided by experimental measurements. We aimed
to investigate neck muscle activations prior to impacts with the use of electromyography
(EMG)-assisted models. Kinematic data and EMG recordings from four major neck
muscles of a rugby player were experimentally measured during rugby activities. A
musculoskeletal model was updated with hyoid muscles, wrapping surfaces and muscle
strengths from MRI measurements. The model was used in the Calibrated EMG-
Informed Neuromusculoskeletal Modelling toolbox to compare three neural solutions:
i) static optimisation (SO), ii) calibrated EMG-assisted (EMGa) and iii) calibrated
MRI-informed EMG-assisted (EMGaMRI) in tracking experimental cervical joint mo-
ments (CO-C1 to C6-C7) and muscle excitation patterns. EMGaMRI outperformed
EMGa when tracking joint moments (RMSE range: 0.95 — 1.07 vs 1.35 — 2.07 Nm; R?
range: 0.90 — 0.95 vs 0.67 — 0.84) with both generating physiological muscle activation
patterns (RMSE:<0.10; R? >0.8) whilst maintaining experimental co-contraction ra-
tios. SO tracked moments correctly (RMSE range: 0.84 — 2.32 Nm; R? range: 0.87 —
0.89) however generated activations characterised by saturation and non-physiological
“on-off” patterns (RMSE:0.15 - 0.62; R? >0.25). This study showed for the first time
that physiological neck muscle activations can be estimated without assumed a prior:
mechanical objective criteria during impact events whilst maintaining moment equilib-

rium for all cervical spine joints.
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5.2 Introduction

The human cervical spine is a highly complex neuromusculoskeletal system that is sus-
ceptible to injuries under various loading conditions. Severe cervical spine injuries are
commonly caused during automotive [118] 162] and sporting incidents [40]. Accidents
that lead to neurological impairment at the level of the cervical spine are relatively
rare, 40 to 80 per million annually [99], but associated with large socioeconomic bur-
dens [105]. Lifetime costs can rise to between 2.3 and 4.6 million US$ for those injured
at the age of 25 [99]. Therefore, to reduce these injuries biomechanical investigations

are of principal importance to inform and develop injury prevention strategies.

Experimental [57), [95] and computational [37, [96] investigations have analysed cervical
spine injury mechanisms identifying the importance of muscles in injury analysis. Neck
muscles not only mobilise the head and neck, but also alter vertebral alignment and
loading [91]. Experimental in-vitro studies have underlined the importance of repli-
cating the contribution of the neck muscles as these can alter the ultimate load [113]
and load transmission across vertebrae [95]. Similarly, the inclusion of muscle forces
in numerical models of the neck has been shown to affect both intervertebral loading
[96] and the resulting kinematics [41], [85] caused by impacts. These studies provide
a strong rationale for considering muscle contribution when investigating neck injury
mechanisms, but little is still known about how neck muscles are activated in-vivo be-
fore impacts. This is an important consideration as understanding the effect of muscle
forces prior to impacts is critical to fully inform neck injury mechanism research and

design preventative measures.

Intramuscular electrodes for electromyography (EMG) have been used to investigate
static and quasi-static tasks [15] 91], but the invasive nature of the measurement has so
far limited investigations of dynamic movements (e.g. collisions) to highly controlled
conditions neck [126, 127]. These studies have highlighted that muscle groups work
synergistically, and that, prior to collisions, muscles are unlikely to activate maximally,
which is instead frequently prescribed in modelling studies as an a priori criterion to
estimate muscle forces. From a sports biomechanics perspective, the use of EMG on the
neck region during dynamic events is even more limited due to ethical and experimental
constraints (i.e. invasiveness of intra-muscular electrodes or interference with task
performance). Thus, a combination of experimentally viable and computationally valid
methods is currently the only practicable strategy to gain insight into the function of

neck musculature during dynamic events.

In neuromusculoskeletal modelling, EM G-assisted methods combine experimental EMG
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signals with optimisation procedures to generate muscle excitation patterns that sat-
isfy both experimental muscle EMG signals and joint moments [29, [103], 114]. These
methods have primarily been applied successfully to single intervertebral joint lev-
els (e.g. C4-C5 or L5-Sacrum) of the spine region during static and functional tasks
[27, 28, 29, 30, 82]. However, the use of calibrated EMG-assisted methods for the
entire cervical spine and intervertebral joints to model dynamic tasks representative
of contact sports associated with traumatic neck injuries have not been investigated.
Importantly, EMG-assisted methods, to a certain extent, can circumvent the challenge
of defining objective criteria adopted by the neuromuscular system during these events,
and assist in the identification of muscle recruitment strategies that are not constrained

to a priori defined physiological or mechanical criteria.

The aims of this study were twofold. First, we created a calibrated EMG-assisted
neuromusculoskeletal model with MRI-informed neck musculoskeletal anatomy. This
model would permit the estimation of physiologically plausible neck muscle excitations
and moments across all intervertebral joints of the cervical spine in rugby impacts. Sec-
ond, we assessed the effects of level of subject-specificity (personalised musculoskeletal
anatomy and muscle activation patterns) on the model’s ability to generate physiolog-
ically plausible results, i.e. reproduce experimental joint moments and muscle activa-
tions. It was hypothesised that increasing subject-specificity by using EMG-assisted
neural solutions and/or MRI derived muscle strengths generates simulated activations
that successfully replicated the experimental EMG data and net joint moments, whilst
methods that purely use mathematical optimisation would provide less physiologically
acceptable muscles activation patterns but better match the experimental net joint

moments.

5.3 Materials and Methods

A case study comprising multiple trials on a single rugby athlete was used. A neu-
romusculoskeletal modelling pipeline was created wherein the ability of the model to
reproduce experimental joint moments and muscle activation patterns was tested. Two
neuromuscular solution modalities were assessed: static optimisation and EMG-assisted
methods. Additionally, the level of subject specificity of the model and its performance
was assessed by incorporating MRI derived information into the model when using the
EMG-assisted methods.
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5.3.1 Participant

One professional academy-level front-row rugby player (male, 22 years, 1.824 m, 113.7
kg) participated in this study. Ethical approval was obtained from the Research Ethics
Approval Committee for Health of the University of Bath and the participant provided

written informed consent prior to data collection.

5.3.1.1 Medical imaging

The participant underwent isotropic T1-weighted magnetic resonance imaging (MRI)
(Skyra, SIEMENS, Germany) scans of the neck and upper shoulders (occiput to T1
level) with a slice thickness of 1 mm. Musculoskeletal structures (skull to C7 vertebrae
and muscles) were identified to inform the creation of the subject specific musculoskele-
tal model used in the study. Thirteen bilateral muscle pairs (Figure S1 — Supplementary
Material) that were clearly identifiable in the MRI images were semi-automatically seg-

mented in Mimics (v22 ,Materialise, Belgium) guided by musculoskeletal atlases[7), [81].

Segmented muscle volumes and 3D centroid paths were then derived from the identified
muscles using existing Mimics v22 algorithms. Muscle maximal isometric forces were

calculated from the segmented muscle volumes based on the relationship (Equation

51):

Fiso —g— (5.1)

Where o is the muscle’s specific tension set to 55 N/cm? [97], v™

is the segmented
muscle volume and ] is the muscle’s optimal fibre length from the scaled model [23]

subsequently discussed. Further details are presented in the Supplementary Material.

5.3.2 Experimental methods

To test the performance of the proposed neuromusculoskeletal method in pre-impact
events the participant performed laboratory-based machine scrummaging [24], [104] and
staged tackling [119] trials on the same day as the MRI scans. Neck functional move-
ment in the three cardinal planes of motion against no resistance were also performed.
Three successful trials were collected for each dynamic condition (i.e., scrummaging,
front and side on tackling) as a best compromise between representativeness, expo-
sure to multiple impacts and reducing the effects of fatigue. Full body kinematics [23]
(Oqus, Qualysis, Sweden) and bilateral EMG (Trigno, Delsys, USA) of the sternoclei-
domastoid and upper trapezius muscles [23, [119] were collected at 250 Hz and 2500 Hz,
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respectively. Maximum voluntary isometric contractions (MVIC) were also performed
following established methods [25]. Due to the large hypertrophy of rugby athletes’
neck musculature, radiographically observed by Brauge et al. [16] and in this study,
only the two major bilateral flexors and extensors could be reliably measured with sur-
face electromyography without crosstalk from other. Additionally, the dynamic nature
of the simulated rugby tasks involves direct forceful contact with participants’ neck area
making the use of intra-muscular electrodes considerably challenging and unadvisable

for ethical reasons (risk for the participant).

Experimental marker trajectories were low-pass filtered with a fourth-order zero-lag
Butterworth filter at 6 Hz in Matlab R2017a (The Mathworks Inc., Natick MA, USA).
EMG signals were band-pass filtered (10-250 Hz), full wave rectified, low-pass filtered
at 6 Hz [72] with the same filter, then amplitude normalised to the maximum recorded
value identified in the MVIC or dynamic trials prior to impact to create EMG linear

envelopes

5.3.3 Musculoskeletal modelling

The population specific Rugby Model [23] was updated and used as the baseline model
for this study. The hyoid muscle group was added to the Rugby Model to improve its
physiological fidelity [86] increasing the number of MTUs that actuated the cervical
spine to 96 (64 extensors and 32 flexors). The musculoskeletal model was then linearly
scaled in OpenSim 3.3 [39] to the participant’s dimensions using anatomical markers
and vertebrae measurements from the segmented MRI images. MTU attachment sites

were not changed due to difficulties identifying muscle attachment locations in the
MRI.

Six parametric muscle wrapping surfaces (Figure were also included in the mus-
culoskeletal model to better replicate muscle line of action in the cervical spine: i)
a cylinder anterior to the lower cervical spine registered to the C6 vertebra [66]; ii)
a sphere originating and registered to the C2 vertebra; iii) two bilateral cylinders at
the posterior of the upper cervical spine also registered to the C2 vertebra; iv) lastly
two bilateral tori at the lower cervical spine registered to the C7 vertebra. All wrap-
ping surfaces were constrained to move with their registered bodies. The choice of
parameters and position used to define the model’s wrapping surfaces were informed
by Vasavada et al. (2008) [I5I] and measurements taken from the segmented MRI
images of the rugby player participant. Further details of these procedures are given in
the Supplementary Material. The Rugby Model is available from the SimTK repository
(https://simtk.org/projects/csibath).
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Functional movement and dynamic rugby trials (500 ms preceding impact) were anal-
ysed via inverse kinematics, inverse dynamics and muscle analyses using the OpenSim
3.3 Matlab API to calculate joint kinematics, net joint moments (hence called exper-
imental joint moments), as well as MTU kinematics and moment arms during the
experimental. During inverse kinematics the model’s intervertebral joint motions were
driven by coordinate coupler constraints [125] that partitioned the measured relative
angle of head with respect to the trunk to the internal coordinates [I52]. Kinematic
constraints were only used during inverse kinematics to obtain intervertebral joint an-
gles. The kinematic coupler constraints were not applied for inverse dynamics and
muscle analysis as they would interfere with the estimation of experimental joint mo-
ments and MTU kinematics in OpenSim. No reserve actuators were included in the

model during the inverse dynamics stage.
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A Anterior

B

Figure 5-1: Representation of the three main steps to update the OpenSim Rugby
Model’s muscles paths: A) high resolution (1 mm isotropic) MRI scans of a rugby
forward player’s neck and upper-shoulder region were segmented yielding muscle and
bone geometries together with muscle volume and centreline information; B) muscu-
loskeletal geometries (a) and muscle centroid paths () were imported into Matlab and
parametric surfaces (7)) were estimated based on [I51]; C) parameters were used for
the generation of wrapping surfaces in the OpenSim model (here only the muscles con-
strained by the defined wrapping surfaces are presented in the model and the scapulae
removed for better visualisation of muscles).
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5.3.4 Neuromuscular modelling

The estimation of the model’s 96 muscle activation patterns was solved using the Cali-
brated EMG-Informed Neuromusculoskeletal Modelling (CEINMS) OpenSim Toolbox
[103, 114] that minimised the following cost function (Equation [5.2)):

F =aFEy + BEs.2 +vE. (5.2)

Where FEj; was the sum of the squared differences between the estimated and ex-
perimental net joint moments from the inverse dynamics (sagittal and frontal plane
moments of the C0-C1 through to C6-C7 joints), Ey,.2 was the sum of the squared
synthesised excitations for all MTUs, and E, was the sum of the differences between
the adjusted model excitations and experimental excitations. Factors «, 8 and v were
non-negative weightings for each term of the cost function. Activation dynamics were
characterised by a critically damped linear second-order differential system [72], [103].
It was assumed that the MTU tendons of the model were stiff due to their short length

and function in the neck.

Three neural solution methodologies were assessed in their ability to track experimental
neck net joint moments and EMG excitation signals of the experimental trials (Figure
5-2]):

e Static optimisation (SO): an uncalibrated model was used through a static op-
timisation algorithm to estimate muscle activation patterns by minimising both

the net joint moments errors and the sum of activations squared;

o EMG-assisted (EMGa): a calibrated model was used along with an EMG-assisted

approach to estimate muscle activation patterns;

o MRI-informed EMG-assisted (EMGaMRI): EMG-assisted approach was used to
estimate muscle activation patterns and included MRI derived F ¢ values within

the calibration;

5.3.5 Calibration

Calibration in CEINMS was completed through an EMG-driven procedure, where ex-
perimental muscle excitations (i.e. EMG linear envelopes) were prescribed to the
model’s MTUs that generate moments about the cervical joints for a set of calibra-
tion trials [103]. Musculotendon and activation dynamic parameters [72), [103] were

optimised within chosen physiological bounds (Table by minimising the sum of
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Figure 5-2: Schematic overview of computational pipeline used in the study. The
scaled musculoskeletal model was used in the analysis of calibration and execution
trials with Inverse Kinematic, Inverse Dynamic and Muscle Analysis in OpenSim 3.3.
The outputs of these analyses were then used in the CEINMS framework for all Static
Optimisation (SO) and EMG-assisted (EMGa and EMGaMRI) neural solutions. For
both the EMG-assisted solutions the model underwent the same calibration procedures
with the exception of the EMGaMRI that derived muscle maximal isometric forces from
the segmentation of muscles identifiable in the MRI. Calibration was completed on a
set of dynamic and functional trials that was distinct from the execution trials (tackling
and scrummaging) that were analysed with the three neural solutions.

1e61  squared differences between the predicted and the experimentally measured joint mo-
1ee2  ments for all analysed degrees of freedom (DoF') across the calibration trials. Calibrated
1663 musculotendon parameters included tendon slack length (I%), optimal fibre length (1),
1664 a strength coefficient to scale the F5¢ of the MTU whilst activation dynamics pa-

1665 rameters were two recursive coefficients (C7 and C2) and a non-linear shape factor (A)
1666 [72, [103].

1667 'To overcome the high level of redundancy present in the model’s neck region, the
1e68  model underwent two calibrations (intermediate and final) in a three-stage process in
160 CEINMS . This allowed for an intermediate stage where unknown MTU excita-
1670 tions could be estimated using the four available EMG linear envelopes. Two functional

1671 movement trials (flexion/extension and left/right lateral bending), one scrummaging
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Table 5.1: Neuromuscular parameters optimised in CEINMS calibration stage. For
detailed explanation on these musculotendon and activation dynamics parameters refer
to Lloyd and Besier [72] and Pizzolato et al. [103].

Parameter Range
C1 [-0.95 0.05]
Co [-0.95 0.05]

Shape Factor (A) (-3 0)

Tendon Slack Length (1)  [0.8 1.2]*
Optimal Fibre Length (IJ*)  [0.8 1.2]*
Strength Coefficient (0.6 2.6]

* Indicates the range was relative to the model’s initial parameter value.

and one tackling trial were selected for the calibration process. This combination of
movements was considered to mobilise the model through a sufficient range of motion.
Only the 14 DoF’s corresponding to flexion/extension and left/right lateral bending
of the intervertebral neck joints were considered when minimising the error between

experimental (i.e. inverse dynamics) and estimated net joint moments.

The three stages of the calibration process (Figure for the EMGa and EMGaMRI

were:

Stage 1 calibrated neuromuscular parameters (Table of the model resulting in
an intermediate calibrated model. The 96 MTUs of the uncalibrated musculoskeletal
model were separated into functional quadrants (right /left flexion, right/left extension)
(Figure and Table [Appendix [A]). The MTUs of each quadrant were mapped
and constrained to their respective experimental EMG signals (right/left sternoclei-
domastoid, right/left upper trapezius). This assumed that MTUs of each functional
quadrant were activated identically to the experimental excitation signals. For the
EMGa solution, the strength coefficient of all MTUs ranged between the minimum
(60%) and maximum (260%) differences identified between the MRI derived and base-
line model F59, values (Figure [A-1). In the EMGaMRI solution, the F59, of the 44
MTUs that constituted the 26 segmented muscles were updated to the MRI derived
values. The strength coefficients of these 44 MTUs were set equal to 1 and not varied
during the calibration process. The strength coefficients of the remaining MTUs could

range between 60 and 260%.

Stage 2 estimated the 86 unknown muscle excitations of the calibration trials using
the intermediate calibrated model. For each trial the MTUs were again separated into

functional quadrants and mapped with their respective experimental EMG signals as
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in Stage 1. However, this differed by only constraining excitation signals to the flexion
(n=6) and extension (n=4) MTUs corresponding to measured muscle EMGs (Table
S1). The remaining 86 unknown MTU excitations were estimated by adjusting their
mapped initial excitation input to generate joint moments that matched experimental
joint moments whilst minimising the estimated excitations’ deviation from their input

signals.

Stage 3 further calibrated the intermediate model’s parameters by mapping and con-
straining each MTU with excitation signals. This time initial excitation signals of all
model MTUs were mapped from either measured excitations, again constrained to the
ten corresponding MTUs (as in Stage 1), or individual estimated excitations (from
Stage 2), constrained to the remaining 86 MTUs in the EMG-driven calibration.
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______________________________________________________________________________________________

Stage 1 Uncalibrated model

Frixur: CEINMScCalibration (1)
Calibration trials (n=4) — | « EMG-driven mode
+ 96 MTUs constrained to
experimental excitations

Functional distribution of four
experimental excitation signals ——»
to all MTUs

Intermediate
calibrated model

CEINMSExecution

« EMG-assisted mode
Calibration trials (n=4) ——|* 10 _MTUs constrained to
Functional distribution of four respective  experimental

experimental excitation signals —»|  €xcitations
to all MTUs + 86 MTUs allowed to vary

from respective
experimental excitations

Estimated
excitation signals
for 86 MTUs

CEINMSCalibration (2)

*  EMG-driven mode

« 10 MTUs constrained to
respective experimental | +—
excitations

! Calibration trials (n=4) ——»
“One-to-one” distribution of
experimental and estimated — |, 85 MTUs constrained to
excitation signals to all MTU estimated excitations

|

Final
calibrated model

Figure 5-3: Flowchart showing the inputs and resulting outputs for the two calibrations
via a three stage process used for the EMGa and EMGaMRI solutions. For both EMGa
and EMGaMRI the calibration procedure was the same apart from EMGaMRI where
in Stage 1 F5%. of the model’s MTUs (n=44) were updated from segmented muscles
volumes (n=26).
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Left

Sternocleidomastoid

EMG

Flexors
(Anterior)

Right
Sternocleidomastoid
EMG

Left
Upper Trapezius
EMG

Extensors
(Posterior)

Right
Upper Trapezius
EMG

Figure 5-4: Representation of how the 96 muscles of the model were separated into
functional quadrants of left flexion (16 muscles), right flexion (16 muscles), left ex-
tension (32 muscles) and right extension (32 muscles). The separation of the muscles
into functional quadrants allowed for the prescription of the experimental EMG signals

(right/left sternocleidomastoid, right/left upper trapezius) to the respective functional
muscle groups in the EMG-assisted methods.
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5.3.6 Data analysis

Experimental trials (distinct from the calibration trials) were analysed with the SO
method by setting the CEINMS weighting factors of Equation 2 to a=1, =1 and
~v=0. This equally weighed the tracking of estimated intervertebral joint moments
(a=1) and the minimisation of the excitations squared term (8=1) whilst neglecting
the estimation of muscle excitations from experimental EMG measurements (y=0). For
EMGa and EMGaMRI methods, the excitations squared term was neglected (8=0) and
the measured excitations tracking term engaged (v > 0). In this muscle excitations were
either constrained or adjusted from measured EMG linear envelopes depending on their
function and if experimental measurements existed (Table in order to minimise
errors between experimental and estimated intervertebral joint moments. For this the
a and ~factor values were optimised to balance the error between the minimisation
of tracking experimental joint moments and EMG linear envelopes [114] then slightly
adjusted to increase weighting on moment tracking (a=>50 and y=50). To evaluate the
performance and the level of physiological agreement of the three neural solutions (SO,
EMGa and EMGaMRI), experimental and simulated net joint moments and muscle
excitations were compared using the root mean squared error (RMSE) and coefficient
of determination (R?). Net joint moments RMSE were normalised to the range of
their respective experimental joint moment (from Inverse Dynamics) as the magnitude
of moments increased from CO-C1 to C6-C7. Co-contraction indices [52] of estimated
excitations were calculated and compared to experimental EMG signals for flexion-
extension (Equation and lateral bending (Equation . For flexion-extension
the excitations of the model” flexors (Af)and extensors (A.) were separately grouped
and averaged then compared to the average flexor (sternocleidomastoids) and extensor
(upper trapezius muscles) EMG. Similarly for lateral bending left (A;;) and right
(A1) lateral bending excitation averages were calculated and compared respectively
to the left (sternocleidomastoid and upper trapezius) and right (sternocleidomastoid

and upper trapezius) EMG signals:

A

ocI 1-— Ti’ A < A
T ALy 4,<a >3

flf ) f= f

1— 4 Ay, < A,
CCILp = O (5.4)

A
A =1, A <A
These ratios provide the relative amount of muscle co-contraction for flexion-extension
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1736 and lateral bending across the whole cervical spine. A value near 0 represents higher
1737 levels of co-contraction, near 1 is higher extension or right lateral bending and near -1

1738 higher flexion or left lateral bending excitations.

e H.4  Results

1740 The average moment RMSE across all trials and joint levels showed that EMGaMRI
1741 (RMSE = 0.95 £ 0.75 Nm) neuromuscular solutions tracked experimental flexion/extension
1742 net joint moments more accurately than SO (RMSE = 2.32 + 1.84 Nm) and EMGa
1743 (RMSE = 1.35 + 1.05 Nm) (Figure[5-5)). In lateral bending SO had lower RMSE than
1744 EMGaMRI (0.84 + 0.60 Nm vs. 1.07 £ 0.90 Nm) with EMGa showing the largest
1745 errors (RMSE = 2.07 £ 1.38 Nm). Normalised RMSE and R2 values showed net joint
1746 moments in the upper cervical spine region (C0-C1 through to C3-C4 level) were not
1747 tracked as well as the lower cervical spine (C4-C5 through to C6-C7) for all methods

1728 (Figures and [5-6)).

1749 Tracking of experimental excitations for the ten MTUs corresponding to the four mea-
1750 sured muscles was better with EMGa and EMGaMRI (RMSE: < 0.10 and R?: > 0.82)
75t than SO (RMSE: 0.15 - 0.65 and R?: < 0.25) (Figure [5-7). The activations of the re-
1752 maining 86 MTUs maintained a similar pattern to the initial prescribed signals (Figure
1753 . In contrast SO was not able to reproduce the experimental signal patterns across
i75a. MTUs with low R? average values (Figure .
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Figure 5-5: RMSE (top) and R? (bottom) from the neuromusculoskeletal model with
different neural solutions tracking inverse dynamics (ID) flexion/extension joint mo-
ments across different joints and trials. These are shown in violin plots that present
individual (solid marker), mean (white marker) and density (coloured area shape) trial
performance for SO (blue), EMGa (orange) and EMGaMRI (green) solutions. RMSE
of each estimated joint moment is normalised to the range of the experimental joint
moment (ID) of the respective joint and trial.
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performance for SO (blue), EMGa (orange) and EMGaMRI (green). RMSE of each
estimated joint moment is normalised to the range of the experimental joint moment
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There were clear differences in the MTU recruitment patterns between the SO and
the two EMG-assisted solutions (Figure [5-8)). The SO solution created high frequency

¢

transitions in activation levels with distinguishable “on-off” phases and frequent satu-
ration. The estimates from the two EMG-assisted solutions showed muscle activations
followed the pattern of experimental EMG input signals with individual muscle groups
(e.g. multifidus, erector spinae) varying the signal for their constituent MTUs. This
resulted in a closer approximation of experimental co-contractions nearer to the time

of impact in both flexion-extension and lateral bending.
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5.5 Discussion

This study created a cervical spine neuromusculoskeletal model and assessed how the
level of model subject-specificity affected the generation of physiologically plausible
neck muscle activation patterns in the preparatory phase of rugby impacts. Rugby
activities were chosen as a case study and a combination of experimental and modelling
approaches were adopted to provide physiological and reliable estimation of neck muscle
activation patterns during impact events. A musculoskeletal model of a rugby forward
player was created and its ability to generate required neck joint moments was assessed
through three neural solutions with increasing levels of subject-specificity. For the
first time, we showed that an MRI-informed EMG-assisted solution can both generate
neck muscle activations that closely match experimental excitations, and replicate the
required mechanical demands across the cervical spine (i.e. net joint moments) of an

impact event.

The ability of neuromuscular models to simulate physiological muscle activation pat-
terns and concurrently reproduce the experimental net joint moments is key to accu-
rately estimate joint internal loading and investigate injury mechanisms. As shown in
our study, a pure optimisation method (SO) was able to accurately track the net joint
moments, but poorly replicated the physiological muscle activation patterns (Figures
. In fact, the assumption of a priori criteria in objective functions
used to guide the estimation of muscle activations may not be the best approach due
to our current lack of understanding of how the muscles behave to control the neck in
preparation of impacts. Mortensen et al. (2018) [85] illustrated that metabolic and
mechanical static optimisation objective functions produced different neck kinematics
under the effect of gravity. The objective criteria used in that study maximised joint
stiffness or joint moment generation capacity which resulted in the smallest neck angle
displacement. Although this may be favourable during a direct perturbation to the
head, it may not be applicable in situations where adequate neck mobility is required
to safely position the head in preparation for impact, such as the preparatory phase of
rugby tackling (Figure . In our study, the use of EMG-assisted solutions success-
fully tracked experimental net joint moments whilst concurrently estimating unknown
muscle activations from experimental muscle excitations. The ability of the EMG-
assisted solutions to reproduce two experimental variables (i.e. net joint moments and
muscle excitations) and reach physiologically acceptable solutions across the cervical
spine with no assumption of a priori objectives (metabolic or mechanical) supports the
validity of the presented methods during dynamic neck motions. Our study extends

these EMG-assisted methods to the entire cervical spine as the results are in line with
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previous studies investigating the upper [65] and lower [36] 55] limbs as well as a single

joint level of the lumbar spine [82].

The additional incorporation of MRI derived neck muscle strengths in the EMGaMRI
solution further improved the tracking of experimental net joint moments especially in
the upper cervical spine compared to the EMGa solution. Assigning accurate muscle
strength values for the set of 44 MTUs in EMGaMRI assisted the calibration and
illustrates the importance of future detailed models describing the complexity of the
neck region. The incorporation of personalised musculoskeletal anatomy information
with EMG-assisted neural solutions was shown to improve tracking of net moments
and experimental excitations in the lower limbs of children [36]. This may suggest that
in populations where musculoskeletal characteristics (e.g. strength and anatomy) are
significantly different than the average populations, such as rugby athletes [16] and
children [36], personalised models used for investigations can improve the accuracy of

the results.

For the first time our neuromusculoskeletal models concurrently generated moment
equilibrium across all the cervical spine joints (C0-C1 through to C6-C7), in two motion
planes for different dynamic neck motions. This is an advancement over previous
studies that solved for moments across a single cervical or lumbar joint level [6] 27,
28, [82] which has also been supported in the lumbar region [49]. Solving moment
equilibrium across cervical spine levels is important as many major spinal muscles
are multi-articulate (span multiple joint levels), and apply loads to multiple cervical
joint levels. Characterisation of the entire cervical spine’s internal loading caused by
muscles is paramount in injury mechanism analysis during dynamic events (e.g. inertial
loading or direct impacts) as it influences the propagation of external forces down the

intervertebral joint levels which has already been highlighted in the literature [37].

Muscle co-contraction is an important neural strategy used to stabilise spinal joints
[15] 28]. We found that the SO did not track the experimental co-contraction indices,
whereas the EMG-assisted solutions preserved neck muscle co-contraction by replicat-
ing experimental co-contraction indices. This is an important factor for the analysis of
spinal injury mechanism as muscle forces highly influence net joint loading [96]. Pre-
vious studies have shown that EMG-assisted models replicate muscle co-contractions
when assessed against experimental measures [49, 55, 65]. Models that correctly re-
produce muscle co-contractions have been shown to produce more physiologically valid
estimates of muscle forces and resulting joint loads [I56]. Our findings support the use
of EMG-assisted approaches as a starting point to estimate neck muscle function during

dynamic tasks of the head and neck until viable experimental methods are identified
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or computational estimations using a priori cost functions are verified further.

5.5.1 Limitations

The following limitations of this study should be considered. Firstly, our musculoskele-
tal model of the cervical spine is still a simplification of the anatomical complexity
of the physical system. The addition of wrapping surfaces, updated muscle strengths
and region-specific scaling of the cervical vertebrae based on the participant’s MRI
measurements aimed to address this issue. The availability of four measured excita-
tion signals as inputs for the EMG-assisted analyses, when 96 MTUs were included
in the model, required a number of assumptions that may oversimplify the contribu-
tion of individual muscles, especially in deep areas. The positive results provided in
Moroney et al. (1988) [75], that also grouped neck muscles, along with our findings,
suggest that such a grouping method is a viable initial approach given the limitations
associated with applied studies of the neck during impacts. Additionally McGill et
al.[75] have shown that surface EMGs could represent deeper muscle excitations within
15% degree of error in the lumbar spine. In our study the muscle activations that
were measured experimentally could be modulated in order to generate the required
forces. Similar approaches have been used previously [0, 28, [75] which we deemed as
a reasonable approach based on these assumptions. The single subject EMG-assisted
analysis provided subject and task specific muscle excitation estimates that matched
experimental moment and EMG measures during representative rugby scrummaging
and tackles. The estimated excitations are not intended to provide a definite char-
acterisation of the recruitment pattern the nervous system adopts during these rugby
tasks but gives an indication of what can be expected based on available experimental
data. However, this consideration has not been seen as a major limitation in previous
research estimating spinal muscle activations [0, [146]. Finally experimental EMG mea-
surements were conducted in a single data collection on a single subject. The inherent
variability of EMG measurements poses a risk of inconsistency and misrepresentation
of the neural state on neck muscles during simulated rugby contact events. To account
for this familiarisation trial were conducted during the participant warm-up during
which EMG electrode positions were adjusted to obtain the clearest signal to noise
ratio. Additionally multiple trials of three different impact conditions were collected
(scrummaging, side-on and frontal tackling) whose EMG signals were normalised to
the maximal level of muscle excitation which accounts for intra-subjected variability
of EMG signals. Future studies could apply this method to neck EMG measurements
from multiple participants to asses further the effect of EMG variability and investigate

the EMG-assisted estimations of neck muscle activations by including mechanical ob-
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jective criteria, such as load protection mechanisms [146], based on observations from

experimental studies.

5.6 Conclusion

In conclusion, this study shows for the first time that both experimental net joint
moments across the entire cervical spine and neck muscle activation patterns during
dynamic tasks can be reproduced using MRI-informed EMG-assisted models. The abil-
ity of the EMG-assisted models to reproduce net joint moments with MTU activations
that i) track experimental EMG measurements, ii) do not saturate, iii) do not dis-
play high frequency activation and deactivation phases, iv) closely follow experimental
co-contraction ratios and v) are estimated with no a priori objective function, is a
key step forward to investigate cervical spine injury mechanisms during impact events.
The results presented here are not intended to provide a definitive answer on how the
neck neuromuscular system functions during dynamic tasks as further investigation is
needed for these scenarios. They do, however, illustrate that the presented methods
better estimate the neuromuscular state of the entire neck prior to impacts based solely
on experimental data (kinetics and muscle excitations) compared to previous numerical

methods.
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Chapter 6

An integrated experimental and
modelling approach indicates
that buckling is the primary
mechanism of cervical spine

injury in rugby tackling

Pre-chapter commentary

This final investigative chapter of the thesis studies the effects of theoretical head
impacts on cervical spine loading as a result of misdirected rugby tackles. For under-
standable ethical reasons injurious scenarios cannot be studied directly through in vivo
experiments involving athletes. On the other hand in vitro experiments allow for the
direct study of injuries but can lack the representation of the system and environment
in which they occur. Applied in silico investigations however, can combine in vivo
and in vitro data to create and drive computational models circumventing some of the
limitations associated with each separate approach. Such applied in silico investiga-
tions require validated models appropriate for the event or task being study and careful
replication of the environment and initial conditions of the injurious event. This study
integrates the impact specific viscoelastic joint parameters from Chapter {4 into the
MRI-informed rugby player musculoskeletal model from Chapter [5| Forward dynamic
simulations using the new model are driven by muscle activation, joint kinematic and

impact force data from Chapter [5] representative of misdirected rugby tackles. These
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closely representative simulations of misdirected tackle are used to investigate the ef- 1915
fect of specific tackling technique on intervertebral joint loading and the primary injury 1s1e

mechanism that caused lower cervical spine dislocations in these events. 1917
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6.1 Abstract

Catastrophic neck injuries in rugby tackling are rare (2 per 100,000 players per year)
with 38% of these injuries occurring in the tackle. The aim of this study was to
determine the primary mechanism of cervical spine injury during rugby tackling and
to highlight the effect of tackling technique on intervertebral joint loads. In vivo and
in vitro experimental data were integrated to generate realistic computer simulations
representative of misdirected tackles. MRI images were used to inform the creation of a
musculoskeletal model. In vivo kinematics and neck muscle excitations were collected
during lab-based staged tackling of the player. Impact forces were collected in wvitro
using an instrumented anthropometric test device during experimental simulations of
rugby collisions. Experimental kinematics and muscle activations were prescribed to the
model and impact forces applied to seven skull locations (three cranial and four lateral).
To examine the effects of technique on intervertebral joint loads the model’s neck
angle was altered in steps of 5° about each rotational axis resulting in a total of 1,623
experimentally informed simulations of misdirected tackles. Neck flexion angles and
cranial impact locations had the largest effects on maximal compression, anterior shear
and flexion moment loads. During posterior cranial impacts compression and flexion
moments increased from 1500 to 3200 N and 30 to 60 Nm respectively between neck
angles of 30° extension and 30° flexion. This was more evident at the C5-C6 and C6-
C7 joints. Anterior shear loads remained stable throughout neck angle ranges however
in anterior loading conditions they were directed posteriorly in flexed neck angles.
The combination of estimated joint loads in the lower cervical spine support buckling
as the primary injury mechanism of anterior bilateral facet dislocations observed in
misdirected rugby tackles and highlights the importance of adopting a correct tackling

technique.
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6.2 Introduction

Rugby is a full contact field sport with the tackle resulting in a high proportion of head,
neck and shoulder injuries [17) [48], [143]. Recently epidemiological and biomechanical
injury prevention research has focused on the reduction of concussion risks in rugby
with the primary suggestion being reducing the legal tackle height [137, 140} 143].
Tackling however carries with it a high proportion (>30%) of all catastrophic cervical
spine injuries in rugby [19]. Although the likelihood of sustaining a catastrophic injury
is rare (2-10 per 100,000 players per year) compared to that of concussion in the tackle
(8.9 per 1000 hours), the reduction on quality of life as well as associated financial
costs are far greater [99]. There is, therefore, a pressing need to accurately and reliably
investigate neck injury mechanism with the final aim to appropriately inform injury

prevention interventions to increase the safety of rugby [9].

The main theorised cervical spine injury mechanisms in rugby are buckling [67] and
hyperflexion [40]. Buckling is caused by a compressive axial load applied to the cer-
vical spine column that results in the combination of flexion and extension across the
intervertebral joints [95] [163]. Hyperflexion is the excessive posterior to anterior head
motion resulting in intervertebral joints exceeding their physiological flexion range. The
catastrophic cervical spine dislocations observed in rugby accidents are predominately
anterior bilateral facet dislocations in the lower cervical spine (C4-C5 to C6-C7) [67].
Hyperflexion was maintained as the primary injury mechanism during rugby activities
by Dennison et al. (2012) [40], supported by player recollections [8] and video analysis
of the inciting events. Such evidences were used to draw a cause-effect relationship
with clinically observed spinal injuries and together with a lack of in vivo evidence led
the authors to believe that buckling was not likely to occur in vivo. However, cervical
spine buckling had been recreated during quasi-static and dynamic in vitro cadaveric
experiments [60, 59, 93], 95]. These experimental studies showed that cervical spine
buckling is sensitive to neck pre-flexion angles (geometric alignment), simulated muscle
forces (internal stability), impact load characteristics and interaction with impacted
surface (endpoint constraint) [92] 93] 94 95| 113]. The rationale for questioning buck-
ling as the primary injury mechanism in rugby was firstly that highly controlled in vitro
experiments differ greatly from the real in vivo dynamics of rugby tackles. Secondly
qualitative data from video analysis and personal accounts of injured players supported

hyperflexion as the mechanism of injury.

Computer simulations have since proven a valuable method in being able to recre-

ate with high fidelity the internal (i.e. muscle forces) and external loading condi-
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tions during which cervical spine injuries occur under inertial and compressive loading
[26, 37, 411 51 96]. In-silico simulations using musculoskeletal and finite element mod-
els have strengthened the theory that muscle forces affect resulting head and neck
dynamics during injurious scenarios (whiplash and axial impacts). Furthermore, neck
models validated for dynamic loading have been able to characterise the internal loading
patterns of cervical spine structures sustained during impacts which is not achievable
in vitro and in vivo. Computational investigations [96] have supported the theorised
decoupling between externally observed head and neck kinematics and the internal
dynamic response of the spine during axial loading injuries [60}, 05, 163]. These have
supported buckling over hyperflexion as the main injury mechanism under compressive
impacts to the head [96], 92].

However, a rugby tackle is a very dynamic event, characterised by extremely variable
and intense external loading conditions and a high-level of spinal muscle co-contraction
[120]. Also, it is very challenging to measure accurate rugby tackling forces in vivo to
inform and drive computational studies. For these reasons, a rugby-specific theoreti-
cal modelling study has not yet been conducted to specifically evaluate if buckling is
the predominant cervical spine injury mechanism observed during tackling. A rugby-
specific theoretical study would aim to replicate high risk impact scenarios associated
with catastrophic neck injuries occurring in gameplay situations and relate them to

applied aspects such as players technique and governing laws of the game.

Therefore, we conducted an in silico investigation, informed and driven by a combi-
nation of in vitro and in vivo data, to examine the dynamic response of the cervical
spine to loading conditions representative of misdirected rugby tackles. The aims of
the study were firstly to determine the primary cervical spine injury mechanism dur-
ing rugby tackling, and secondly to highlight the effect of tackling technique on the

intervertebral loading experienced during high fidelity musculoskeletal simulations.

6.3 Materials and Methods

6.3.1 Experimental data
6.3.1.1 In vivo

One professional academy-level front-row rugby player (male, 22 years, 1.824 m, 113.7
kg) participated in this study. Ethical approval was obtained from the Research Ethics
Approval Committee for Health of the University of Bath and the participant provided

written informed consent prior to data collection. Full body kinematics (Oqus, Qualy-
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sis, Sweden) and bilateral EMG (Trigno, Delsys, USA) of the sternocleidomastoid and
upper trapezius muscles were collected at 250 Hz and 2500 Hz, respectively during
laboratory-based staged tackling trials with a tackle simulator (mass = 40 kg) [23] [120]
as described in Study 2 (9.3.4). Kinematics and EMG signals at the instant of tackle
impact were used to inform the initial conditions of the model during the in silico

simulations.

6.3.1.2 In vitro

A head and neck assembly of an anthropometric test device (ATD) (Hybrid IIT 50"
percentile male, Human Kinetics, Germany) was attached to a steel frame 1.5 m from
a ground anchoring and used to simulate misdirected rugby tackle impacts to the head
[73]. A six-axis load cell was instrumented at the head and neck interface of the ATD to
measure forces caused by the impacts of the tackle simulator with the ATD assembly.
Impacts were generated by the tackle simulator (mass = 40 kg) contacting the ATD
assembly at two different speeds 2.0-2.5 m/s and 3.1-3.6 m/s. These impacts aimed
to represent the momentum change experienced during live tackles [53]. The resultant
impact force magnitudes and loading rates were used to inform theoretical impact

conditions applied during the in silico simulations.

6.3.2 Musculoskeletal simulations
6.3.2.1 Musculoskeletal model

A MRI-informed musculoskeletal model of the participant [23] (Chapter was
implemented with impact specific 6 degrees of freedom linear bushing elements [129]
(Chapter[{.5) at each of the sub-axial cervical spine joints (C2-C3 to C7-T1) in Open-
Sim 3.3 [39] (6.1). The model included anatomically measured muscle paths for 13
bilateral pairs of neck muscles (Chapter . The bushing elements were defined
coincident with each cervical joint’s reference system to replicate their viscoelastic be-
haviour of the intervertebral joints during impacts. The model was posed to match
the participants body configuration at the moment of impact using the joint angles
outputted via inverse kinematic analysis in OpenSim. The pelvis and trunk bodies
were then rigidly attached to the inertial reference frame prohibiting any motion other

than the skull and cervical vertebrae.
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Table 6.1: Stiffness and damping parameter values used in bushing elements of the
musculoskeletal model cervical spine joints (C2-C3 to C7-T1).

Stiffness Damping
Anteroposterior shear  75.9 kN/m 1400 Ns/m
Axial compression 23100 kN/m 4300 Ns/m
Lateral shear 73.0 kN/m 1000 Ns/m
Lateral bending 18.91 Nm/rad 1.5 Nms/rad
Axial rotation 18.58 Nm/rad 1.5 Nms/rad
Flexion/Extension 24.06 Nm/rad 1.5 Nms/rad
6.3.2.2 Neck angle conditions 2042

To examine the effect of initial neck positioning during impacts in misdirected tackles 2043
the model’s sub-axial neck angles (C2-C3 to C7-T1) about the three axes of rotation 2044
(Flexion/Extension; Lateral Bending and Axial Rotation) were compared in steps of 5°. 2045
In the sagittal plane: from 30° degrees of extension to -30° of flexion (13 conditions), 204
frontal plane: from 0° (neutral) to -10° of lateral bending (3 conditions) and in the 2047
transverse plane: 5° to 15° of axial rotation (3 conditions). This resulted in 117 unique 2048
initial neck angle configurations. The angle ranges selected were informed by kinematic 2049
measurements of one-on-one experimental tackling trials of university /professional level 2050
rugby players [64]. The initial angle of the upper cervical spine (C0-C1 to C1-C2) was 2051
kept the same as the in vivo experimental trials, which was in the extended position 2052
(18°) to replicate a more forward looking gaze of the tackler. Neck and head angular 2oss
velocities from an in vivo experimental tackling trial at the moment of tackle impact 2054

were prescribed to the model for all unique initial neck angle configurations. 2055

6.3.2.3 Muscle activations 2056

For all the simulations the model’s muscles were prescribed the same activation scheme 2057
(Figure . This activation scheme was estimated using an EMG-assisted neuro- 2oss
musculoskeletal model (Chapter [5.5) to minimise the error between experimental and zose
simulated joint moments and muscle activations during the same in vivo experimen- 2060
tal trial used for informing initial angular velocities. This provides a reasonable and 2061
physiologically plausible muscle recruitment pattern for a player expecting a correct 2062
tackle to the shoulder. Muscle activation values were selected from instant of tackle 2063
impact during the staged tackle trial and remained constant for the duration of the 50 2064
ms simulations. Constant activations were selected to represent muscle pre-activation 2o0es
as cervical spine reflex times exceed 50-60 ms [44, 00, 127]reducing the effect of active 2066

neck muscle modulation during short impact events. 2067
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6.3.2.4 Loading conditions

To replicate the possible head impact locations during misdirected tackles seven loading
conditions were defined for the simulations (Figure . As the location and direction
of contact forces cannot be generated with great validity in multibody musculoskeletal
models, an approximation was adopted to calculate these parameters based on the
skull’s geometry in Matlab. Three points of impact force application were defined on
the cranial midline of the model’s skull segment. These were at the vertex, posterior to
the vertex (near the skull lambda or crown) and anterior to the vertex. The directional
vector of these three loading conditions was defined from the points of application to
the base of the skull to simulate misdirected tackles resulting in “head on” impacts.
Four remaining points of impact were defined on the right lateral side of the skull with
an inferolatateral direction representing more oblique impacts. All points of application
and directional vectors were constant with respect to the model’s skull reference system.
The magnitude and loading rate of each condition was acquired from the in wvitro
experimental trials simulating misdirected rugby tackle impacts to the head using the
ATD and tackle simulator at two different speeds. The loading rate of these tests
(80 kN/s) were one order of magnitude lower than what the bushing elements were
validated against (800 kN/s). However it has been shown that the stiffness response
of intervertebral discs does not change considerably after a rate of 75-90 N/s [108] [89]
therefore the bushings used in the model were deemed valid for the loading conditions
tested.

107



Flexion/Extension

Lateral Bending

Axial Rotation

Figure 6-1: A) Close up view of the scaled MRI informed OpenSim model’s head and
neck region with reference views of maximal ranges of motion tested in the simulations
(muscles and wrapping surfaces removed for clarity of the cervical spine structure).
Anteroposterior shear and Lateral Bending are defined by the X axis. Compression
and Axial Rotation are defined by the Y axis. Lateral Shear and Flexion/Extension
are defined by the Z axis. B) Neck muscle activation pattern estimated using EMG-
assisted optimisation from staged experimental tackling and used across all simulations.
During the staged experimental trials, the tackle was taken on the right shoulder which
can be seen by the different levels of the model’s muscle activations (red — maximum,
blue — minimum).
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Figure 6-2: A) Resultant impact force signals collected at two different impact speeds
between the tackle simulator (mass = 40 kg) and the ATD. B) Cranial (left) and lateral
(right) loading conditions applied to the skull (CA — Cranial Anterior; CC — Cranial
Central; CA — Cranial Anterior; LP — Lateral Posterior; LMP — Lateral Mid Posterior;
LMA — Lateral Mid Anterior; LA — Lateral Anterior). These were identified in Matlab
by defining a grid of parallel transverse (n=2) and frontal (n=>5) planes at 30 mm
intervals to the skull segment’s geometry. The intersecting locations of the planes with
the skull’s geometry defined four rectangular regions on the right side of the skull. Each
parallelogram can be thought of an impact area on the musculoskeletal model skull to
which a new plane was fitted. The point of impact force application for each of the
four areas defined by the rectangular regions was the projected midpoint of the fitted
plane onto the skull geometry. The directional vector was the normal vector of the
fitted plane directed into the skull.
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6.3.2.5 Forward dynamic simulations

For each initial neck angle configuration, the model was loaded under the seven different
loading conditions at two loading rates resulting in a total of 1,638 simulations (117
neck angles configurations x 7 loading conditions x 2 loading rates). Each simulation
was performed for 50 ms from the time of initial force application and initialisation of
muscle forces. This time duration for the simulations was chosen as it contained the
initial measured force peak and in in-vitro cadaveric head drop experiments [95] injury
was reported to occur within 20 ms. The simulations were not performed past the peak
of the applied load as multibody models are unable to simulate tissue deformation and
thus are not expected to reliably predict the injury in such conditions. The effects
of initial neck angle and loading conditions were evaluated by analysing the maximal
compressive loading, anteroposterior shear loading and flexion bending moment at the

C3-C4 to C6-C7 joints sustained during the 50 ms impact simulations.
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Figure 6-3: Workflow of integrated experimental and theoretical framework used to investigate cervical spine injury mechanism in
rugby tackles. Experimental: in vivo data (neck muscle EMG and joint angles and velocities) were collected during stage tackling
laboratory trials using a tackle simulator (mass= 40 kg; velocity = 2.0-2.5 and 3.1-3.6 m/s). in vitro data (force magnitude
and loading rate) was collected from the Anthropometric Test Device (ATD) during simulated misdirected impacts to the head.

Theoretical: for each of the 1638 simulations an initial neck angle configuration combining Flexion/Extension, Lateral Bending

and Axial Rotation angles (¢;, n=117) taken from ranges in the literature was prescribed to the model. in vivo data at the
time of impact were used to inform then initial neck joint angular velocities (¢) and joint angles of the torso and upper limbs.
Level of neck muscle activations («) at the time of impact derived from EMG-assisted analysis of the staged tackling trial were
applied to the model’s muscles to be constant throughout the 50 ms simulations. For each initial neck angle configuration (g;)
external loading conditions were applied (F’jfmp , n=14) replicating different impact locations on the head at two different speeds.
The points of application and direction of the loading conditions were defined using the model’s skull geometry in Matlab. The

magnitude and loading rate characteristics were taken from the first 50 ms of the in vitro ATD impact forces



6.4 Results

Initial neck angles and loading conditions affected intervertebral joint loading patterns
across the cervical spine (Figure . Joint loads were more sensitive to initial neck
flexion angles compared to changes in lateral bending and axial rotation across the
loading conditions and vertebral levels (Figure and . Average compressive joint
loads were larger in the lower cervical spine whereas anteroposterior shear and flexion

moments showed more complex loading patterns across intervertebral joints (Figure

57 and 5.

Lateral bending and axial rotation of the neck did not significantly affect the magni-
tudes of compressive joint loading across the loading conditions (Figure . Maximal
compressive joint loads during the 50 ms simulations on increased as initial neck posi-
tion transitioned from an extended (30°) to a flexed position (-30°) with largest loads
experienced when the neck was initially flexed. The largest increase was seen in the
posterior cranial impacts (CP) during which lower cervical spine compressive loading
increased by approximately 50% (from 2100 to 3200 N) in the -30° flexed condition
compared to neutral (0°) (Figure 6 — Column 1 Rows 3 and 4). Lateral posterior im-
pacts (LP and LMP) also resulted in increased compressive joint loading of up to 30%
(from 2200 to 2900 N). In anterior loading conditions (CA, LMA and LA) initial neck
flexion had a smaller effect with compression increasing less than 500 N ( 20%) from
when the neck was extended (Figure and — Column 1).
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Figure 6-4: Patterns of maximal compression (left) and anteroposterior shear (right) loading sustained during the 50 ms simu-
lations across all simulated initial neck angles for cranial loading conditions. Column represents an individual loading condition
(Cranial Posterior — left columns; Cranial Central — centre columns and Cranial Anterior — right columns). Rows represent the
cervical spine levels from C3-C4 (top) to C6-C7 (bottom). The cubic grids of each subplot represents the initial neck angle (°)
in Flexion/Extension (FE), Lateral Bending (LB) and Axial Rotation (AR). Magnitude of maximal loading (Newton) in the 50
ms simulations is represented with the colour bars. Note compression are only positive values and anteroposterior shear positive
and negative values to represent direction with anterior and posterior respectively.
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Maximal compressive joint loads (Newton) of C3-C4 (top row) to
C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Cranial Posterior, Cranial Cen-
First order polynomial lines of best fit are plotted to
highlight the effect of joint angle on compressive joint loads for each loading condition
(dashed lines). In each subplot data points are spread slightly in each 5° bin on the
horizontal axes for better visualisation.
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Figure 6-6: Maximal anteroposterior shear joint loads (Newton) of C3-C4 (top row)
to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Cranial Posterior, Cranial Central
and Cranial Anterior).First order polynomial lines of best fit are plotted to highlight
the effect of joint angle on compressive loint loads for each loading condition (dashed
lines). In each subplot data points are spread slightly in each 5° bin on the horizontal
axes for better visualisation.
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Lateral bending and axial rotation of the neck did not affect the magnitudes of antero-
posterior loading across the loading conditions (Figure . Maximal anteroposterior
shear loads changed direction from anterior to posterior as the initial neck flexion angle
increased (Figures and — Column 2). This was more evident at the C5-C6 and
C6-C7 joint levels and during anterior loading of the skull (CA, LMA and LA), here
anterior shear loads of approximately 600 N changed to posterior loads of 1000 N from
when the neck was extended to when it neck was flexed. Posterior loading conditions
(CP, CC, LP and LMP) resulted in anterior shear loading across the initial neck angles

and all vertebral joint levels other than C6-C7 in the most flexed conditions (Figures

and — Column 2).
Flexion moments increased up to 60 Nm (Figures and — Column 3) as the

initial neck flexion angle approached -30°. This flexion moment pattern across neck
flexion angles was more visible during the posterior loading conditions (CP and LP).
Other loading conditions did not affect neck joint flexion moments across the initial
neck angles. Flexion moments were larger in the lower cervical spine when the spine
was loaded at the posterior (CP and LP) and across initial neck angles. However, in
other loading conditions lower cervical spine flexion moments reduced as neck flexion
angles increased. Supplementary simulation results for compression, anteroposterior

shear and flexion moment loads are presented in Appendix
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neck angle conditions plotted against changes in neck flexion (negative) and extension
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literature for the entire cervical spine are also presented with the horizontal lines for
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Figure 6-8: Mean and standard deviation values for maximal compression, anteropos-
terior and flexion moment of all initial neck angle conditions plotted against changes
in neck flexion (negative) and extension (positive) angles for lateral loading conditions.
Estimated injury thresholds from the literature are presented with horizontal lines.

118



2141

2142

2143

2144

2145

2146

2147

2148

2149

2150

2151

2152

2153

2154

2155

2156

2157

2158

2159

2160

2161

2162

2163

2164

2165

2166

2167

2168

2169

2170

2171

2172

2173

2174

Lateral shear displayed the lowest joint load magnitudes (< 1000 N). As left lateral
bending angle increased left shear loads in the lower cervical spine (C5-C6 and C6-
C7) also increased during cranial impacts. Lateral loading conditions (which were on
the right side of the skull) increased the left lateral loading. The higher loading rate
resulted in larger loads across all initial head angle and loading conditions. Individual
values for maximal compressive loading and lateral shear during only cranial impacts
are presented in the graphs for brevity. The equivalent graphs for lateral head impacts
(LA, LMA, LMP and LP) are available in the supplementary material.

6.5 Discussion

The aim of this study was to simulate the dynamic response of the cervical spine to
loading conditions representative of misdirected rugby tackles injurious, informed by
experimental in vivo and in vitro data collected representing realistic rugby tackling
conditions We investigated the cervical spine injury mechanisms occurring in misdi-
rected rugby tackles, where impact forces are applied to the head instead of the antic-
ipated shoulder, and assessed the effect of tackling technique (neck angle) on cervical

spine internal loading.

Neck flexion angle at the time of impact had the largest effect on neck internal loading
during misdirected tackle simulations. The important role of neck flexion on spinal
loading during impacts has been previously shown with in vitro and in silico exper-
iments [96, 05]. Our results confirmed that compressive loading increased with neck
flexion also in rugby tackling, whilst anterior shear was reduced or directed posteriorly
primarily in the lower cervical spine (C5-C6 and C6-C7). A more flexed position causes
the neck to lose its natural lordosis resulting in an axial alignment of the vertebrae and
a stiffer configuration of the cervical spine. This is a very hazardous situation that
alters the transmission of head impact forces through the cervical spine and the way in
which the impact energy is dissipated [96]. Our results supported this loading modality
as compressive joint loads were highly dependent on the relative alignment of the im-
pact force vector with the cervical spine column axis as neck flexion increased. This is
also in line with the experiments reported by Nightingale et al. [94] who showed higher
risk for injury when the impact is aligned within 15° of the neck axis. Additionally,
the inverse loading pattern between compression and shear observed for the posterior
loading conditions was likely caused by the change in relative alignment of the neck

and impact force axes.

The inverse loading pattern between compression and shear during posterior loading
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conditions is also likely to be caused by the change in relative alignment of the neck and
impact force axes. For individual joints as compression increased anterior shear loading
decreased in flexion and vice versa in extension. For instance, during posterior cranial
impacts (Figure row 1), when the neck is extended by 15° compared to flexed by
-15°, proximity to compression tolerances is reduced from 65 to 40% (reduction of 1000
N) whilst increasing shear loading from 17 to 30% of shear tolerance values (increase of
400 N). This inversely proportional effect could be a beneficial trade-off between loading

modalities when the head is impacted with the neck in a more extended position.

6.5.1 Neck muscle forces

The important role of active and passive neck muscle forces to load the cervical spine
during impacts has been previously investigated [37, 41, 51, [96]. Neck musculature
provides a compressive preload that increases the stability of the spinal column but
also bring the intervertebral loads closer to their critical failure limits [I13]. Our study
is the first one in which task specific muscle forces are estimated from simulated in vivo
rugby tackling and applied to analysis of spinal injury mechanisms. Activation levels
derived using EMG-assisted methods for the analysis of staged laboratory rugby tack-
ling provided an internal loading condition that would be expected in a tackle where
the anticipated impact was to the right shoulder. This approach allowed for the use
of physiologically plausible neck muscle forces at the time of impact, as they were not
derived from any a priori assumptions. Such assumptions could result in the overes-
timation of intervertebral joint loads if maximal joint stiffness was the objective [85].
Our proposed approach increased the fidelity of the simulations as neural recruitment
strategies during impacts are still not well understood in order to apply explicit a priori

objective criteria to estimate muscle activations [44] [127].

6.5.2 Rugby tackling and injury mechanisms

Video analysis has estimated energy transfer during rugby tackle events can vary be-
tween 1.4 kJ and 3.0 kJ [53] which is considerably more energy than the 82 J needed to
cause neck injury in vitro [93] and in silico [96] during axial impacts. This highlights the
importance of correct tackling technique to position the head away from the oncoming
ball carrier to minimise the amount of energy transferred to the neck in a misdirected
tackle attempt. Low tackles, which are aimed near center of mass, are more effective in
arresting the ball carrier’s momentum and reduce the possibility of concussion to the
attacking player as the tackle is aimed away from their head. However, this requires

the tacklers to bend at the waist which could lead to a head, neck and torso alignment
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if they adopt bad technique (e.g. if fatigued or not wanting to be penalised for a high
tackle). Additionally, together with the high possibility of head pocketing (i.e. head
is constrained by the soft tissue of the stomach and large impact area) the tackler’s
neck would be required to arrest the momentum of the following body resulting in
almost certain catastrophic injury during near cranial impacts. Although challenging
to quantify the probability of these pocketing situations future computational and ex-
perimental studies could evaluate the effects of the tackler’s head contacting a more
conforming surface of the stomach compared to the upper torso. Such a study would
provide a more complete overview on the effect of tackle height technique with regards

to possible concussive head and catastrophic neck injuries.

Our computational study together with earlier theoretical work by Nightingale, et al.
[96] provide additional evidence that hyperflexion is not the primary injury mechanism
during rugby tackles. During posterior cranial impacts with flexed initial neck angles
our study showed a combination of high compression, anterior shear and flexion loads
in the lower cervical spine were generated before the neck exceeded -45° of flexion. This
demonstrates that during misdirected rugby tackles loading patterns associated with
buckling and anterior facet dislocations are generated much earlier than when physio-
logical neck flexion ranges are exceeded. Buckling does not itself cause injury (material
failure) but it alters pre-injury neck kinematics and resulting loading modalities causing
injury in the lower cervical spine. These alterations in intervertebral loading patterns
help explain why injuries cannot be characterised by head motion alone [95, [163] which
is an important consideration when relating field injuries to video analysis and players’
recollections of the incident. Finally anterior dislocation injuries caused by the hyper-
flexion of the entire cervical spine have been mostly disregarded [76, [77, 93] as in vitro
experiments have not succeeded in generating them even under substantial loads (190
Nm). Our results confirm that the term “hyperflezion” should cease to be used for the
description of bilateral fact dislocation injuries under these conditions [92] as such a

description may misguide injury prevention strategies in the game of rugby.

6.5.3 Limitations

Factors associated with the injury severity of a misdirected rugby tackle are many and
all possible combinations that might be experienced on a rugby field cannot be fully
replicated experimentally or computationally. Player internal factors such as experi-
ence, physical maturity, fitness and technique [107, 143] and inciting event character-
istics, such as the tackler and ball carrier approach velocities will all influence the risk

of vertebral injury. Our study was conducted using a MRI-informed musculoskeletal
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model of a rugby player which allowed for the prescription of task specific body kine-
matics and muscle forces closely representative of experimental conditions. A limitation
of our approach is that neck muscle forces and initial angular velocities applied across
all conditions were estimated from a single experimental neck position during a tackle.
Ideally for each initial neck angle condition simulated in this study an estimation of
muscle activations would have been experimentally estimated or optimised based on an
a priori criterion. However, this was experimentally infeasible and outside the scope
of this study. The chosen loading conditions for our study aimed to impact directions
representative misdirected tackles. It should be noted that in reality impacts to the
head would result in a shear loading component at and translation of the point of ap-
plication that would change of the resulting impact force vector direction during the
duration of the impact event. This is difficult to replicate in multibody models as con-
tact models validated during such impacts should be used for this purpose. Therefore,
it was assumed that point loads would be a reasonable representation for the short
durations simulated (50 ms). However the use of contact models in these application
should be investigated in the future. Finally, the use of multibody musculoskeletal
models assumes that no plastic deformation is caused within the cervical spine during
loading. This should be considered as this study was investigating injury mechanisms.
Musculoskeletal models however cannot identify injury at a localised anatomical or
material level (e.g. ligament tear, disc rupture or vertebral fracture) they can predict

the overall dynamic response of the cervical spine in the time prior to injury.

The response of the cervical spine to axial head impacts has been previously shown
with simplified finite element models that included rigid vertebrae and bushing ele-
ments to represent intervertebral joint behaviour [96, 22] similar to the present study.
Although such models cannot identify specific locations or simulate injury they can
be analyse experimental lab or on-field data to provide an initial appreciation of the
cervical spine’s response to external impacts. This can be beneficial as patterns of
internal loading and the spine’s response can be identified as impact parameters, such
as neck angle and loading conditions, are changed. To better understand how the in-
ternal loading and resulting kinematic response of the cervical spine predicted by the
muscuoloskeletal models during axial impacts results in the clinically observed injuries
a successive step using finite element models should be completed. This step would
utilise predicted kinematics (vertebral alignment and joint angular velocities) and mus-
cle forces predicted by the musculoskeletal model, from representative experimental or
on-field data, as boundary conditions in detailed finite element simulations to identify
localised regions of stress and strain on cervical spine structures. Such finite element

models could provide the specific identifiers of how cervical spine buckling leads to
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injury on a local vertebral level (e.g. joint dislocation, vertebral fracture, ligament tear

or disc burst).

6.6 Conclusion

In conclusion, the findings from our computational study indicate that the cervical
spine injuries observed in misdirected rugby tackles are not caused by a hyperflexion
mechanism. Posterior head impacts in when the neck was flexed produced patterns of
compression, anterior shear and flexion moment in the lower cervical spine indicative
of buckling and commonly observed anterior bilateral facer dislocation injuries. The
results of these simulations were guided by experimental data that informed the initial
joint angles, angular velocities, muscle forces and external loading conditions providing
high fidelity to the results. Although the musculoskeletal model used cannot identify
specific types of injury at a vertebral level the patterns identified from the predicted
dynamics suggest that a more extended neck reduces injury risk during axial rugby
impacts. This highlights the importance of the adoption of the correct tackling tech-
nique and inclusion of biomechanical analyses in injury prevention strategies to insure

the safety of the athletes in rugby tackling.
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Chapter 7
Epilogue

The research presented in this thesis aimed to develop an integrated experimental and
computational biomechanical framework for the analysis of cervical spine injury mech-
anisms in rugby. Initially, novel impact specific passive parameters of cervical spine
intervertebral joints were estimated and validated. These parameters approximated the
dynamic response of the cervical spine column to axial impacts. Secondly in order to
provide a detailed biomechanical description of a rugby player the first athlete-specific
musculoskeletal model that included MRI-informed muscle paths and strengths of a
rugby player was created. The model was combined within a novel neuromuscular
solution method to overcome previous experimental limitations and estimate physio-
logical neck muscle activation patterns in preparation for rugby contact events. The
estimated muscle activations were able to reproduce for the first time experimental net
joint moments across the entire cervical spine. Finally, the musculoskeletal model in-
corporated the impact specific passive joint parameters and combined the physiological
neck muscle activations with experimental kinematics and kinetics of rugby impacts in
theoretical simulations. The simulations investigated combinations of loading condi-
tions and neck angles during a tackle to determine their effect on internal loading of
cervical spine joints. Through this study the fist biomechanical evaluation of cervical
spine injury in a sporting context was completed which could be incorporated in injury
prevention research. The study concluded that the most likely cervical spine injury
mechanism during misdirected rugby tackles is buckling and illustrated the effect of

tackling technique on intervertebral joint loads.
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7.1 Summary

Although catastrophic cervical spine injuries are a rare phenomenon in rugby their
consequences to the quality of life of the individuals that suffer them is devastating
[47, 148, 19]. This is unfortunately mirrored by the considerable direct and indirect
financial costs associated to spinal injuries [46, [74]. Furthermore, the occurrence of
such injuries is a great concern to the reputation and the safety of the game which
puts pressure on governing bodies to mitigate their occurrence. Rugby law and policy
changes over the last two decades have been successful in reducing the incidences of
such injuries with a focus on protecting the head and neck areas of players. How-
ever, a lack of consensus has existed within the rugby community on the predominant
injury mechanism that causes the most commonly observed anterior bilateral facet dis-
location injuries in the lower cervical spine. The reason for this is that the intuitive
”hyperflexion” mechanism easily explains the phenotype of these injures and has been
frequently used to describe them in a rugby setting. Furthermore, the body of quan-
titative evidence that otherwise supports buckling as primary injury mechanism has
been collected from controlled laboratory experiments, which it is argued do not accu-
rately represented the rugby specific situations the injuries are observed in. As rugby’s
safety focus is now transitioning toward safeguarding players from concussions during
tackles, the aetiology and mechanisms of cervical spine injuries should also be taken
into account within new policies to ensure no unintended consequences are generated.
Therefore, the goal of this thesis was to provide a novel biomechanical platform that

allows for a more informed safety policy decision making in rugby.

This thesis presents the first biomechanical evaluation of acute cervical spine injuries
caused by misdirected impacts within a sporting context. The framework simulates the
kinematic and kinetic conditions experienced during the injury situations and can help
in the identification of cause-effect relationships between the injury risk and injury risk
factors. A musculoskeletal modelling approach was chosen to allow for a more direct
integration of in vivo and in vitro experimental data representative of rugby tack-
ling scenarios. Previous studies investigating sporting head and neck injuries through
computational methods have either applied initial conditions (i.e. angular velocities,
muscle activations etc.) that are not highly representative of those experienced in the
sporting conditions [66] [87] or used passive multibody models that do not provide the
same physiological validity as musculoskeletal models [140]. The research presented in
this thesis integrated active musculoskeletal models with accurate experimental data
to guide biomechanical analyses and theoretical simulation studies. This was crucial

for the best replication of conditions that represented the applied environment under
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investigation and the quality of the results.

The first step to generate an impact-specific musculoskeletal model was to estimate
the passive structural parameters that represented the viscoelastic response of inter-
vertebral joints during axial impacts. The use of impact-specific parameters was key
to replicate the response of the cervical spine to misdirected rugby impacts in the
model. Previous lumped parameters used in models investigating acute neck injuries
were not validated against high dynamic axial loading [37, 22, 96]. For this reason
porcine cervical spine surrogates were loaded under sub-catastrophic axial impacts and
their response was modelled to estimate their joints’ viscoelastic properties. Multilevel
specimens (C2 to C6) were selected to reduce the effect of experimental constraints on
the end segments which has been hypothesised in previous literature. This allowed for
two physiologically constrained intervertebral joints (C3-C4 and C4-C5) to be loaded
dynamically which accounted for limitations in previous studies that used one or two
functional units to investigate the viscoelastic response during static [84, [100] or quasi-
static [124] loading. Specimen specific musculoskeletal models of the specimens were
created from uCT scans and used in an optimisation procedure to identify joint vis-
coelastic parameters which were directly validated against the measured experimental

kinematics.

The results showed a large increase in axial stiffness values which was theorised to re-
flect viscoelastic and poroelastic behaviour of intervertebral discs under impulsive axial
loads [34]. Increased compressive stiffness of the intervertebral joints under the large
sub-catastrophic impulses (Fyq; = 3.0 - 4.8 kN; dt = 5 ms; Figure applied to the
specimens was expected as it logically follows results from incremental static [100), [84]
and quasi-static [124] loading experiments. These studies have shown that human
intervertebral joints display a non-linear increase in stiffness with applied loading. Al-
though the use of porcine specimens in Chapter [] of the thesis remains an important
consideration their stiffer response to axial impulses was as expected. Ideally human
specimens could have been tested and should be considered in future investigations but
for the purposes of this research porcine specimens were deemed a fair surrogate as they
were tested in a structural rather than a functional manner. The work from Chapter [
allowed for the characterisation of cervical spine’s structural response to axial impacts
using linear lumped parameter viscoelastic elements. The accuracy of the larger axial
stiffness values estimated was reflected in the validation stage as when previous litera-
ture values were tested model tracking errors increased by over 300% (Table - 2nd
and 4" Columns). These parameters can be incorporated in musculoskeletal models

to study the response of the entire cervical spine to impacts. Importantly these pa-
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rameters are directly validated against large axial loads which allows musculoskeletal
models to be used in impact analyses with confidence. Musculoskeletal models provide
an important link between the analysis of initial experimental data and the use of more
sophisticated finite element models for the detailed analysis of spinal structures [154].
Therefore this study provided estimates of lumped parameters that can be used in the
development of an active musculoskeletal model for the analysis of cervical spine load-
ing during sporting head impacts. These validated viscoelastic parameters describe the
passive structural response of the cervical spine, however to obtain a complete dynamic
representation of the cervical spine, estimates of muscle activations and resulting forces
are necessary. This is a key step in the investigation of the dynamic response of the

neck during impact events.

Estimation of muscle activations representative of those experienced during rugby con-
tact events was a crucial step to generate physiological values of neck muscle forces.
Experimental constraints regarding the ethical use of fine-wire EMG methods have
prohibited the direct and detailed measurement of deep neck muscle activations during
dynamic impact events. Ethical considerations are the primary reason why such studies
have not been conducted. As major neurovascular pathways cross the neck and because
impacts to the area occur in rugby contact events the use of fine-wire (indwelling) EMG
has been limited to static and quasi-static tasks [15, [91]. Additionally limitations of us-
ing pure optimisation techniques for the estimation of neck muscle activations during
impacts have provided limited understanding of muscle recruitment patterns during
these events. Studies have shown that muscle activation estimates are sensitive to the
objective criterion (e.g. mechanical or metabolic) chosen in the optimisation proce-
dure [85]. For these reasons, an EMG-assisted optimisation methodology was used
to provide the closest physiologically plausible estimation of muscle activations during

dynamic in vivo experimental rugby tackling and scrummaging trials.

The EMG-assisted methodology combined with a calibrated MRI-informed muscu-
loskeletal model of a rugby player estimated muscle forces that replicated experimental
net joint moments in two planes of motion across the cervical spine. This was the
first study in the literature to achieve net joint moment equilibrium across multiple
neck joint levels. Solutions of muscle forces that generate equilibrium across the en-
tire cervical spine system are important for evaluating intervertebral load transmission
and muscle function. Estimation of muscle forces that generate correct net joint mo-
ments across all the intervertebral joints they span contribute to the dynamics of the
entire cervical spine [37]. This is in contrast to the limited previous studies on the

neck that estimate muscle activation and resulting muscle forces that generate moment
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equilibrium at a single joint level [27, 28, [146]. These studies have provided accu-
rate estimates of joint moments at a single level however do not consider the effect
of the multi-articulate muscles at other joint levels. Estimates of muscle activations
that generate single joint equilibrium are highly likely to produce muscle forces that
result in discrepant and unreliable joint dynamics at the remaining levels they cross.
Generating solutions for muscle force distribution across all the joints a neck muscle
spans is important in cervical spine injury analysis as it will influence the propaga-
tion of loads down the cervical joints. Additionally, the EMG-assisted methodology
replicated experimental neck muscle co-contractions about the cervical spine. Muscle
co-contractions represent the stabilising effect of the neck musculature [15] and have
been shown to reproduce more accurate joint load estimates than methods that do not
include co-contractions. This study thus reproduced experimental net joint moments
of the entire cervical spine by accurately estimating muscle activations during dynamic
rugby impacts. The knowledge of how neck muscles activate just prior to rugby im-
pacts could now be used to with the passive structural parameters estimated in Chapter
[4 to describe the complete dynamics of the neck during impacts through theoretical

simulations.

The final study presented in this thesis aimed to answer the applied questions of what
is the primary cervical spine injury mechanism in rugby, and how specific aspects of
tackling technique are associated with the internal loads of the spine during misdirected
impacts. A computational framework that closely replicated the biomechanical system
of a tackler performing a tackle was developed by integrating the structural param-
eters from Chapter [f] within the MRI-informed musculoskeletal model of Chapter [5
and applying rugby tackle specific initial conditions for neck muscle activations, joint
kinematics and impact forces. The combination of experimental in vivo and in wvitro
kinetic, kinematic and athlete specific data (anatomy, muscle activations and impact
forces) generated simulations representative of misdirected tackles. To illustrate this
with a more applied example the simulations aimed to replicate a tackler impacting
the oncoming ball carrier with their head rather than their shoulder due to improper
tackling technique (i.e. wrong positioning of the head and neck) or a misjudged tack-
ling situation (e.g. ball carrier changed direction). The framework therefore closely
replicated possible inciting events which is an important course of action for the identi-
fication of injury mechanisms [9] and in turn is a crucial component in injury prevention
research [45], 149]. Results showed that cranial impacts, representative of “head-on”
collisions, and flexed neck angles had the largest effects on maximal compression, an-
teroposterior shear and flexion moment loads in the lower cervical spine (specifically

C5-C6 and C6-CT7). Patterns of compression, shear and flexion moment loads dur-
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ing cranial impacts supported a previous computational study that also investigated
cervical spine joint loads with simulations of head-first falls [96]. Intervertebral joint
loads calculated from the simulations indicated that buckling is the most likely injury
mechanism that causes anterior bilateral facet dislocations in rugby tackling. Also,
this study clearly showed that more extended neck posture would reduce intervertebral

joint loads during misdirected impacts to the head.

7.1.1 Contribution to the field of research

The body of work presented in this thesis combined in vivo, in wvitro and in silico
methods to develop novel and expand on existing methodological frameworks in order
to investigate acute cervical spine injury mechanisms in the applied setting of rugby.
Although the aims of this thesis were related to rugby the methodologies can be applied
to other events where high energy impacts to the head occur, such as other contact
sport and automotive roll-over accidents. Additionally the results of the Chapter [q
add to the quantitative experimental and computational evidence of cervical spine
buckling during compressive impacts [94], 06]. Overall the main outcome of this thesis
showed a pattern of decreased intervertebral loading with the neck in a more neutral
and extended posture. These results indicate the importance of tackling technique to
position the head and neck on the reduction of injury risk during misdirected rugby

tackles.

The integration of in wvitro spinal specimen drop tower testing and in silico analysis
allowed for the first time the estimation of intervertebral joint stiffness and damping
characteristics of intact cervical spines. The novelty of using spinal specimens with mul-
tiple intact intervertebral joints (C2-C3 to C5-C6) allowed for the two central joints
(C3-C4 and C4-C5) to be loaded without the experimental constraints which resulted
in a more physiological response to the applied load. Previous experimental studies
investigating intervertebral disc stiffness to compressive loads have used isolated discs
[84], single [84], [100] or two functional units [124] all of which impose experimental
end constraints, which are necessary for potting the specimens, directly at the inter-
vertebral level under investigation. It is possible that previous studies were limited to
single or two level analyses because of experimental limitations concerning the need to
mechanically measure joint displacement and applied load simultaneously. By using
an optimisation procedure and a multi-level spinal specimen in this study (Chapter
to inversely estimate intervertebral joints’ stiffness and damping values previous
experimental limitations were circumvented. Finally the main outcome of this study

identified intervertebral joint axial stiffness values that were significantly higher than
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previous studies (23100 vs 3924 kN/m) which was caused by the high loading rate
applied to the specimens during compressive axial impacts. Further more this results
supported previous evidence that loading rates above 75-90 N /s [108, 89] result in sim-
ilar viscoelastic response of intervertebral discs. This was also shown in the sensitivity
analysis where decreases in axial stiffness values of up to 50% of the optimum values

did not increase tracking errors.

New neck muscle paths were defined in the musculoskeletal model after muscle volumes
were segmented from MRI images of a academy level rugby player. These muscle paths
were constrained using geometric wrapping surfaces that expanded on previous work
by Vasavada et al. (2008) [I5I] and included new definitions for the trapezius muscles.
The study presented in Chapter[5 was the first study to create a musculoskeletal model
personalised to the neck anatomy of a contact sport athlete. This model was used to
estimate neck muscle activations that generated muscle forces resulting in joint moment
equilibrium across the cervical spine. This was the first study to apply the EMG-
assisted methodology of CEINMS [103] to estimate neck muscle activations across the
cervical spine adding to the applicability of this method to the spinal region. Previous
studies have been able to solve for muscle forces to generate moment equilibrium at
single cervical and lumbar joint levels [6, 27, 28, [82] however the study presented in
this thesis has provided a method to estimate the muscle forces across the cervical
spine. This an important advancement firstly because muscle force estimates are not
overfitted to produce moment equilibrium a single joint level which may produce over
or under estimations at other cervical levels. Secondly this provides resulting neck joint
forces across the cervical spine which are important for injury mechanism analysis as
the affect the structural stability of the spinal column and the propagation of external

impact forces.

The final study extended the contribution of this thesis from the field of biomechan-
ics to the more applied area of injury prevention research in sport. A combination
of in wvivo and in vitro data was combined to provide the closest representation of
possible injurious situations in misdirected rugby tackling. Previous applied research
[85] 87, [66])investigating head and neck injuries in sport have applied arbitrary or ap-
proximate inputs to musculoskeletal models to simulate injurious situations. For this
reason the study of Chapter[f] created a framework that was used to investigate catas-
trophic cervical spine injuries and could be used in the future for other head and neck
injuries in the field of injury prevention in contact sports and possibly automotive ac-
cidents. The results of this study contributed to the clarification that hyperflexion is

most likely not the primary cervical spine injury mechanism but buckling that causes
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catastrophic injuries during misdirected rugby impacts. Furthermore the results rein-
forced the coaching message that a flexed neck posture increases the risk of cervical
spine injury during misdirected tackles. These results highlight the importance of cor-
rect technique to be taught to players and the need for awareness of the consequences
if it is not adopted during these rare high risk events. Finally the biomechanical inves-
tigation also reiterates the importance of not bypassing the second stage (identification
of injury mechanisms) in injury prevention research such as the van Mechalen [149] and
TRIPP [45] models.

7.2 Future outlook

Considering the chosen methodologies of the thesis studies and the generated results
inherent assumptions and limitations associated from the in vitro, in vivo and in silico
methods should be considered. As highlighted in detail within each chapter (Chapter
Chapter Chapter these limitations dictate the range of validity
within which the developed models can be used and how conclusions can be drawn
from their results. For this reason in each of the comprising chapters of this thesis
the developed musculoskeletal models were used within ranges within which they were
deemed valid and the results were interpreted considering the limitations of the methods

used to generate them.

In Chapter || porcine cervical spine specimens (C2-C6) were used as surrogates to
human cadaveric specimens. Although clear anatomical and thus functional differences
exist between porcine and human cervical spines, porcine specimens do provide similar
material and structural characteristics to humans [20] 116, [158]. The use of porcine
or bovine specimens are readily available and provide an added benefit of obtaining
a homogeneous sample that is not confounded by effects of degeneration caused by
age usually found in human cadeveric samples [108] [05] which under impulsive loading
would likely cause variability in specimen response. Additionally in the applied context
of catastrophic sporting injuries people that are likely to sustain them are in their
second and third decade of life compared to human specimens obtained from cadaveric
donors with mean ages of 52 [95] and 87 [59] years old in previous studies. Another
consideration in this study was the choice of loading rate applied to the specimens whose
dynamic response was used to estimate the intervertebral joints’ viscoelastic bushing
parameters. During non-injurious drop tower tests cranial loads reached a maximum of
4700 N with average loading rates of 800 kN /s over a 5 ms period. These loading rates
are considerably higher than previous rates used to investigate the viscoelastic response

of intervertebral joints and discs. Race et al. (2000) [108] tested human intervertebral
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discs under loading rates of 0.09, 0.9, 9, 90, 900 and 9000 N/s and found no difference
in the stiffness response of the discs during loading rates above 90 N/s. This was also
supported by similar tests on bovine discs who did not identify significant differences
in disc stiffness above loading rates of 75 N/s [89]. For this reason the viscoelastic
characteristics identified in Chapter [/ are deemed valid for use in axial impacts above
1 kN/s, also supported by the sensitivity analysis completed, however their response

to more eccentric loading should still be explored.

A single participant was used in the study presented in Chapter [ where an MRI
informed musculoskeletal model was created and an EMG-assisted optimiation was
used to estimate levels of neck muscle activations to obtain cervical joint moment
equilibrium prior to rugby contacts. The use of a single subject and data collection
does limit the results of the study in terms of their transferability to a wider population
of rugby players. To provide a clearer description of the generalised neuromuscular state
of the neck before rugby impact events would require the application of the methods to
more that one participant. The aim of the study however was not to provide a general
description but to be able to extract information of physiologically plausible neck muscle
activations, and thus forces, in the lead-up and during rugby impacts. These can then
be used in theoretical simulations to provide internal loading (i.e. neck muscle forces)

extracted from in vivo measurements rather than a priori based assumptions.

Similarly in Chapter |6 the musculoskeletal model used and the initial internal loading
conditions (i.e. neck muscle activations thus muscle forces) of the forward simulations
are taken from a single subject (Chapter @ Many intrinsic factors can predispose
athletes to neck injuries such as the length and the degree of lordosis of their cervical
spine. Coupled with extrinsic risk factors such as location, direction and magnitude of
the impact force as well as surface interaction between the two impacting bodies (i.e.
tackler’s head and ball carrier’s torso) can lead to a variety of resulting injuries under
seemingly similar conditions. This has been seen in multiple cadeveric experiments
with intact cervical spines [95] [59]. The use of the musculoskeletal model in the study
of Chapter[ftherefore aimed to provide an understanding of the response of the cervical
spine to rugby specific impacts by identifying patterns in the resulting intervertebral
dynamics. Although specific loading tolerances of the neck will vary, which will dictate
when and where injuries occur, across a population of rugby players it is expected
the average response will be similar to the identified patterns of this study. For this
reason the conclusions based on the results of this study regarding the importance of
correct tackling technique are deemed to be valid. However in order to answer how

the identified injury mechanism of buckling results specifically into the most commonly
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observed anterior bilateral facet dislocations further investigations using finite element

analyses should be conducted.

The considerations outlined above together with the detailed limitations of each con-
ducted study in their respective chapters (Chapter Chapter Chapter
define the range of validity of the model and the transferability of the results. Given
these considerations the following recommendations are made to build upon the devel-

oped models and the integrated research framework:

e Further investigations should be carried out to gain a more complete understand-
ing of the multi-segmented cervical spine’s response under dynamic loads. In
Chapter [{] porcine specimens were used in a neutral configuration under a single
impact load. Investigations should be completed with multi-segmented cervical
spine specimens in different configurations (e.g. flexion or extension) as this has
been shown to affect the dynamic response of intervertebral joints in the lumbar
region. Furthermore, application of varying loading rates would help clarify if
nonlinear descriptions of the intervertebral disc dynamics are necessary to repre-
sent intervertebral joints in musculoskeletal models under impacts. An additional
advancement would include a similar analysis with the use of human cadaveric
specimens. Although use of porcine specimens provides a more homogenous sam-
ple the different anatomy from that of a human spine may result in different
dynamic responses. However, for the purposes of injury mechanism analysis the
benefits of testing human spines might be less apparent during dynamic loading.
Access to kinetic and kinematic data from studies such as Ivancic (2012) [59] and
Nightingale et al. (1996) [95] could allow the application of the method presented

in Chapter [{] to human cervical spine specimens.

e The application of the EMG-assisted optimisation methodology to a cohort of
rugby players performing tackling and scrummaging trials would identify if the
recruitment strategies identifies in Chapter[j can be generalised to a wider popu-
lation. Although ethical approval is unlikely to be granted for the measurement
of detailed EMG during dynamic collision events such as those occurring in rugby,
the use of this methodology is encouraged for further analysis of existing detailed
datasets of neck muscle function under static and quasi-static movements. Fu-
ture studies should begin to focus on the estimation of neck muscle forces that
produce the required moment equilibrium across the entire cervical spine and not
a single intervertebral level. These studies will be fundamental in connecting ex-
perimental and computational methodologies to determine neck muscle function

during different events.
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e Further development of the framework presented in Chapter|[6 would yield a pow-
erful biomechanical tool for head and neck injury prevention research in sport.
As wearable sensors become more common during sporting events and accident
reconstruction from video analysis more robust, kinematic and kinetic data could
be extracted from recorder injurious events and used as input for this framework
to directly link field-based activities to resulting clinically observed injuries. A
major advancement would be the ability to model the dynamic surface interac-
tions between two colliding players. This would allow external loading conditions
(impact forces) and loading constraints (point of application and direction) to be
consistent with the relative configuration of the players’ body positions, momen-
tum and head positions. The incorporation of finite element methods could be
adopted to model the interaction between a player’s head and contacting surface
during a misdirected impact to the head. Furthermore, outputs from the devel-
oped framework could be used to inform boundary conditions for further finite
element analyses that provide detailed information of internal load distribution
on specific cervical spine structures. The use of finite element models will be cru-
cial in identifying how the identified buckling mechanism translates into injuries

observed clinically at the vertebral level.

7.3 Conclusion

To summarise, an injury biomechanics framework that integrates experimental and
computational methods was developed and used to investigate applied questions re-
lating to cervical spine injuries observed in rugby. The integration of in vivo and in
vitro data within this framework informed in silico methodologies which estimated im-
pact specific structural parameters of the cervical spine, muscle activations experienced
during rugby contact events, and intervertebral joint loads resulting from misdirected
impacts. These results have combined biomechanical theories and methods regard-
ing cervical spine injuries as well as injury prevention analysis to provide a complete

biomechanical evaluation of the acute cervical spine injuries observed in rugby tackles.

This thesis has provided evidence that anterior facet dislocations in the lower cervical
spine observed in rugby injuries, and specifically during tackling, are most likely a result
of a buckling mechanism. This evidence supports the hypothesis put forward by Kuster
et al. (2012) [67] that these injuries can be explained through biomechanical injury
mechanisms caused by compressive axial loading and not by a hyperflexion mechanism
[40]. Therefor it is reiterated that future clinical, biomechanical and epidemiology

rugby research should cease to use the term “hyperflexion” for the description of these
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catastrophic injuries as it may misguide injury prevention research and the design of
future interventions in rugby or even other contact sports. A correct understanding of
the injury mechanism is crucial in an applied context such as the game of rugby because
the behaviours of players and coaches can directly determine risk factors associated with
these injuries. For example, the results of Chapter [f illustrate the effect of tackling
technique (related to player behaviour). Simulations showed that during misdirected
tackles to the head extended neck positions reduced overall intervertebral loads. This
supports the notion that the effects of playing technique and behaviour should be clear
to coaches and players to promote the understanding of injury causes and how their

actions may affect them.

Future investigations into the biomechanics of injuries caused by collapsed scrums
should be completed by adopting the recommendations made in the previous section
of this chapter. The scrum as a set-piece is a more controlled environment than a
tackling (collision) situation, and direct policy and law changes would likely result in
improvements as have been seen in the past. Finally, as the current focus of injury
prevention research has shifted toward concussions this thesis has highlighted the im-
portance of injury biomechanics research, and the second stages of injury prevention
models (van Mechelen and TRIPP - Figure , on the mechanistic understanding of
injuries. A similar approach should be adopted for head injury prevention research
to gain a holistic understanding of their injury mechanisms in order to present well

informed intervention strategies reduce injury risk and mitigate unwanted side-effects.

In conclusion, the integrated biomechanical framework developed in this thesis con-
tributed to the understanding of the aetiology and mechanisms of catastrophic spinal
injuries in rugby. The framework included new methods that combined experimental
data together with computational methodologies in order to investigate questions that
could not be answered solely by experimental or computational investigations. The
evidence put forward by this thesis supports buckling as the primary injury mechanism
of anterior bilateral dislocation in the lower cervical spine and that extended neck,
or "head-up”, posture reduces dangerous intervertebral loading of misdirected tackles.
This body of work provides the first evidence-based biomechanical understanding of
rugby spinal injuries within an injury prevention model. The results of this work and
the developed framework can be used to better inform the process of injury prevention
models in order to provide the best informed decisions regarding head and neck safety

in the game of rugby and other contact sports.
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Appendix A

Appendix to Chapter 5

A.1 Estimation of maximal isometric force and defini-
tion of musculoskeletal model wrapping surfaces from

MRI measurements

Estimated F59, derived from the segmented neck muscle volumes ranged between 60
and 260% of the population specific model values [23] with an average increase of
50% (Figure . Only rectus capitis posterior minor and obliquus capitis inferior
MRI derived values of Fi$9 were reduced in relative to the baseline model. The MRI

derived estimates of muscle F5% were separated into their constituent MTU Fis¢

values relative to the baseline model and updated in the EMGaMRI model.

Some sub-regions of the neck musculature, which are defined in the musculoskeletal
model as individual muscle-tendon units (MTUs), were not clearly identifiable from
the MRI scans, subsequently their F'*°_ was scaled proportionally to the total F5°  of
the original model’s MTUs that comprised a whole muscle (Figure . Left and right
muscle strength was assumed equal in the model thus the average of the MRI derived

Fiso values were prescribed to the MTUs.

max

The parametric wrapping surfaces included in the updated Rugby Model [23] were
defined by measurements taken from segmented MRI imaging of muscle and bone
structures whilst guided by methods detailed by Vasavada et al. (2008) [151]. Initially
the raw DICOM image stacks were segmented in Mimics (v22, Materialise, Belgium)
providing musculoskeletal geometries (from occiput to base of C7) of the front row

rugby player in a neutral supine posture. Volume and centroid path measurements
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Figure A-1: Changes in model MTU maximal isometric force values (F:59 ) informed

from segmented muscle volumes. Grey bars represent individual MTU F%°  values and

black bars estimated values from MRI information. Multiple MTU under brackets are
sub regions of an individual anatomical muscle (e.g. trap_acr and trap_cleid are both
constituents of the trapezius). Naming of MTUs consistent with OpenSim models.

were obtained from the segmented muscles. These data along with the segmented
vertebral and skull geometries were then imported into Matlab R2017a (The Mathworks
Inc., Natick MA, USA) were the parameters that would define the OpenSim wrapping
surfaces could be estimated based on the techniques outlined by Vasavada et al. (2008)
[151].

e As stated in the main text of the study a single cylinder was defined at the centre
of the C6 vertebrae [66]. Other than the identification of the C6 centre of mass
the definition of this parametric cylinder was the same as in Kuo et al. (2019)
[66].

e A sphere was created with its origin located at the centre of mass of the C2
vertebrae. Its radius was defined by averaging the shortest distances between

the sphere’s origin and centroid paths of the left and right sternocleidomastoid
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muscles [I51].

e Two cylinders were defined one the left and one on the right posterolateral aspects
of the upper vertebral column. Initially the linear path of the of the left and
right semispinalis capitis muscles were recreated on the segmented geometries in
Matlab by virtually palpating the muscles’ insertion on occiput then registering
the origin of the muscles to those points from the scaled OpenSim model. This
was initially completed because the thoracic region was not visible in the scans
and thus could not be virtually palpated in the segmented geometries. After
this the nearest semispinalis capitis centroid point to the C2 centre of mass was
identified. A perpendicular vector from this location to the linear muscle path
vector was then calculated that return the radius (magnitude of vector), centre
(location on linear muscle path vector) and orientation (long axis normal to the
plane defined by the radius and linear muscle path vectors) of the parametric
cylinder. The same was completed on both sides and the mean values were used

in the final model to reduce the effect of measurement errors.

e Two tori were defined one on the left and one on the right posterolateral aspects
of the lower cervical spine. Their origins were defined from the trapezius muscle
centroid paths. A point of inflection was visually identified and registered to the
C7 centre of mass. This was the point where the centroid path progressed from a
mostly parallel path with respect to the transverse plane to a perpendicular path.
The tori’s axes of revolution were aligned with the location of the acromion. The
same was completed on both sides and the mean values were used in the final

model to reduce the effect of measurement errors.

The estimated parameters from these procedures were then used to define the para-
metric wrapping surfaces in OpenSim. Once the wrapping surfaces were defined the
model was prescribed maximal ranges of motion about single axis and motions com-
bining multiple axes to assess if muscle paths were stable. This was not the case for all
surfaces. Manual adjustments in OpenSim were made to the radii and distances of the
wrapping surfaces to maintain muscle path stability. During these manual adjustments
care was taken to maintain the original orientations and level of the surfaces in the

model.
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o7s A2  Mapping of experimental excitations to muscle ten-
2779 don unit (MTUS) in CEINMS

2780 As detailed in the main body of the study muscle excitations were either constrained
2781 or adjusted from measured EMG linear envelopes depending on their function and
2782 if experimental measurements existed (Table . This mapping was applied in the
273 CEINMS analysis of execution trials (Figure and in Stage 2 of the calibration
2784 process (Figure . During Stage 1 and 3 of the calibration process all excitations

2785 were constrained to their mapped input signals.

Table A.1: The 96 muscletendon units (MTUs) used in the model
with indication to which functional quadrant they were assigned to,
experimental excitation signal they received as initial input(SCM
= Sternocleidomastoid and UT = Upper Trapezius), if the mapped
excitation signal was constrained (n=10) or adjusted (n=86) during
the solution, if wrapping surfaces constrained the MTUs paths and
the 44 MTUs’ F*° were scaled from MRI measurements.

max

Model Muscles Functional quadrant EMG input Designation Wrapping surface

Anterior cylinder

cleid_mast Right flexion Right SCM Prescribed
and Sphere
Anteri li
cleid_occ Right flexion Right SCM Prescribed nterior cylinder
and Sphere
Anteri li
stern_mast Right flexion Right SCM Prescribed nterior cylinder
and Sphere
long_cap_sklc4 Right flexion Right SCM Adjusted N/A
long_col_clch Right flexion Right SCM Adjusted N/A
long_col_clthx Right flexion Right SCM Adjusted N/A
long_col_c5thx Right flexion Right SCM Adjusted N/A
scalenus_ant Right flexion Right SCM Adjusted N/A
sterno_hyoid Right flexion Right SCM Adjusted N/A
omo_hyoid Right flexion Right SCM Adjusted N/A
sternothyroid Right flexion Right SCM Adjusted N/A
digastric_post Right flexion Right SCM Adjusted N/A
digastric_ant Right flexion Right SCM Adjusted N/A
geniohyoid Right flexion Right SCM Adjusted N/A
mylohyoid_post Right flexion Right SCM Adjusted N/A
mylohyoid_ant Right flexion Right SCM Adjusted N/A
stylohyoid_lat Right flexion Right SCM Adjusted N/A
stylohyoid med Right flexion Right SCM Adjusted N/A

Continued on next page




Model Muscles Functional quadrant EMG input Designation Wrapping surface
cleid_mast_l Left flexion Left SCM Prescribed Anterior cylinder
and Sphere
cleid_occ_1 Left flexion Left SCM Prescribed Anterior cylinder
and Sphere
stern_mast_l Left flexion Left SCM Prescribed Anterior cylinder
and Sphere
long_cap_sklc4_1 Left flexion Left SCM Adjusted N/A
long_col_clc5.1 Left flexion Left SCM Adjusted N/A
long_col_clthx_1 Left flexion Left SCM Adjusted N/A
long_col_c5thx_1 Left flexion Left SCM Adjusted N/A
scalenus_ant_l Left flexion Left SCM Adjusted N/A
sterno_hyoid_l Left flexion Left SCM Adjusted N/A
omo_hyoid_l Left flexion Left SCM Adjusted N/A
sternothyroid_l Left flexion Left SCM Adjusted N/A
digastric_post_l Left flexion Left SCM Adjusted N/A
digastric_ant_l Left flexion Left SCM Adjusted N/A
geniohyoid_l Left flexion Left SCM Adjusted N/A
mylohyoid_post_l Left flexion Left SCM Adjusted N/A
mylohyoid_ant_1 Left flexion Left SCM Adjusted N/A
stylohyoid_lat_I Left flexion Left SCM Adjusted N/A
stylohyoid_med_1 Left flexion Left SCM Adjusted N/A
trap-acr Right extension Right UT Prescribed Right torus
trap_cl Right extension Right UT Prescribed Right torus
deepmult-C4/5-C2 Right extension Right UT Adjusted N/A
deepmult-C5/6-C3 Right extension Right UT Adjusted N/A
deepmult-C6/7-C4 Right extension Right UT Adjusted N/A
deepmult-T1-C5 Right extension Right UT Adjusted N/A
deepmult-T1-C6 Right extension Right UT Adjusted N/A
deepmult-T2-C7 Right extension Right UT Adjusted N/A
iliocost_cerv_c5rib Right extension Right UT Adjusted N/A
longissi_cap_sklc6 Right extension Right UT Adjusted N/A
longissi_cerv_c4thx Right extension Right UT Adjusted N/A
obl_cap_inf Right extension Right UT Adjusted N/A
obl_cap_sup Right extension Right UT Adjusted N/A
rectcap_post_maj Right extension Right UT Adjusted N/A
rectcap_post_min Right extension Right UT Adjusted N/A
scalenus_med Right extension Right UT Adjusted N/A
scalenus_post Right extension Right UT Adjusted N/A
semi_cerv_c3thx Right extension Right UT Adjusted N/A
supmult-C4/5-C2 Right extension Right UT Adjusted N/A

Continued on next page
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Model Muscles Functional quadrant EMG input Designation Wrapping surface
supmult-C5/6-C2 Right extension Right UT Adjusted N/A
supmult-C6/7-C2 Right extension Right UT Adjusted N/A
supmult-T1-C4 Right extension Right UT Adjusted N/A
supmult-T1-C5 Right extension Right UT Adjusted N/A
supmult-T2-C6 Right extension Right UT Adjusted N/A
semi_cap_sklch Right extension Right UT Adjusted nght posterior

cylinder

. . . . . Right posterior

semi_cap_sklthx Right extension Right UT Adjusted i

cylinder
splen_cap_sklc6 Right extension Right UT Adjusted ng.ht posterior

cylinder
splen_cap_sklthx Right extension Right UT Adjusted N/A
splen_cerv_c3thx Right extension Right UT Adjusted N/A
levator_scap Right extension Right UT Adjusted N/A
trap_acr_l Left extension Left UT Prescribed Left torus
trap_cl_1 Left extension Left UT Prescribed Left torus
deepmult-C4/5-C2.1 Left extension Left UT Adjusted N/A
deepmult-C5/6-C3_1 Left extension Left UT Adjusted N/A
deepmult-C6/7-C4.1 Left extension Left UT Adjusted N/A
deepmult-T1-C5_1 Left extension Left UT Adjusted N/A
deepmult-T1-C6_1 Left extension Left UT Adjusted N/A
deepmult-T2-C7_1 Left extension Left UT Adjusted N/A
iliocost_cerv_c5rib_1 Left extension Left UT Adjusted N/A
longissi_cap_sklc6_1 Left extension Left UT Adjusted N/A
longissi_cerv_c4thx_1 Left extension Left UT Adjusted N/A
obl_cap_inf 1 Left extension Left UT Adjusted N/A
obl_cap_sup-l Left extension Left UT Adjusted N/A
rectcap_post_maj_l Left extension Left UT Adjusted N/A
rectcap_post_min_1 Left extension Left UT Adjusted N/A
scalenus_med_] Left extension Left UT Adjusted N/A
scalenus_post_l Left extension Left UT Adjusted N/A
semi_cerv_c3thx_1 Left extension Left UT Adjusted N/A
supmult-C4/5-C2_1 Left extension Left UT Adjusted N/A
supmult-C5/6-C2_1 Left extension Left UT Adjusted N/A
supmult-C6/7-C2_1 Left extension Left UT Adjusted N/A
supmult-T1-C4_1 Left extension Left UT Adjusted N/A
supmult-T1-C5.1 Left extension Left UT Adjusted N/A
supmult-T2-C6_1 Left extension Left UT Adjusted N/A
semi_cap_sklch_1 Left extension Left UT Adjusted Left posterior

cylinder

Continued on next page
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Model Muscles Functional quadrant EMG input Designation Wrapping surface

Left posterior

semi_cap_sklthx_1 Left extension Left UT Adjusted i

cylinder

Left teri
splen_cap_sklc6_1 Left extension Left UT Adjusted e' POSLEHOE

cylinder
splen_cap_sklthx_1 Left extension Left UT Adjusted N/A
splen_cerv_c3thx_1 Left extension Left UT Adjusted N/A
levator_scap-l Left extension Left UT Adjusted N/A
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- Appendix B

-~ Appendix to Chapter 6

e B.1 Supplementary results

2789 This appendix include supplementary results of maximal flexion moments during cra-
2790 nial impacts (Figure (CP, CC and CA) as well as maximal compressive, antero-
2791 posterior shear and flexion moment loads during lateral impacts (LP, LMP, LMA and
2792 LA).
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Figure B-1: Maximal flexion moment joint loads (Newton-meter) of C3-C4 (top row)
to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Cranial Posterior, Cranial Central
and Cranial Anterior). In each subplot data points are spread slightly in each 5° bin
on the horizontal axes for better visualisation.
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Maximal compressive joint loads (Newton) of C3-C4 (top row) to
C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Lateral Posterior, Lateral Mid
Posterior, Lateral Mid Anterior and Lateral Anterior). In each subplot data points are
spread slightly in each 5° bin on the horizontal axes for better visualisation.
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Figure B-3: Maximal anteroposterior shear joint loads (Newton) of C3-C4 (top row)
to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Lateral Posterior, Lateral Mid
Posterior, Lateral Mid Anterior and Lateral Anterior). In each subplot data points are
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spread slightly in each 5° bin on the horizontal axes for better visualisation.
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Figure B-4: Maximal flexion moment joint loads (Newton-meter) of C3-C4 (top row)
to C6-C7 (bottom row) intervertebral joints plotted against 5° changes in Flexion(-
)/Extension(+) (left column), Lateral Bending (centre column) and Axial Rotation
(right column) during the cranial loading conditions (Lateral Posterior, Lateral Mid
Posterior, Lateral Mid Anterior and Lateral Anterior). In each subplot data points are
spread slightly in each 5° bin on the horizontal axes for better visualisation.
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