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Abstract

Motor vehicle accidents continue to be a leading cause of cervical spinedaspite a conscientious
effort to improve occupant safety. Accurately predicting occupead and neck response in

numerical crash simulations is an essential part of the pramedsvieloping better safety solutions.

A biofidelic model of the human cervical spine was developed with a focus orasecepresentation

of the cervical spine at the local tissue level. Thessriéis were assembled to create a single segment
model that was representative iofvitro spine in quasi-static loading. Finally, the single segment
models were assembled to create a full cervical spodehthat was simulated in dynamic loading

and compared to human volunteer response.

Models of each segment were constructed from the basic bubtiols of the cervical spine: the
intervertebral disc, the vertebrae, the ligaments, and tle¢ jtaints. Each model was simulated in all
modes of loading and at different levels of load. The resulteeoftudy indicate that the cervical
spine segments performed very well in flexion, compression, ande&g#gment response to lateral
bending and axial rotation was also good, while response in extenstonpoftved too compliant
compared to the experimental data. Furthermore, the single segwagisrdid not fully agree with

the experimental shear response, again being more compliant.

The full cervical spine model was assembled from the sirggensnt models incorporating neck
musculature. The model was simulated dynamically using a I6r@&fimpact test. Active muscles

were used to simulate the response of the human volunteersnugedstudy. The response of the
model was in reasonable agreement with the experimental atatacompared better than current
finite element cervical spine models. Higher frequencyllatoin caused most of the disagreement
between the model and the experimental data, which was attrilouteldick of appropriate dynamic

material properties of the soft tissues of the spine. Iniaddia study into the active properties of

muscle indicated that muscle response has a significant influence resploase of the head.

A number of recommendations were proposed that would improve the bigfidiethe model.
Furthermore, it was recommended that the future goal of this mamdd be to implement injury-

predicting capabilities through the development of advance material snodel
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Chapter 1

Introduction

1.1 Motivation for Research

Despite the persistent development of occupant protection methdlde automotive industry, the
cervical spine continues to be a major region for seriousyijaused by motor vehicle accidents. It
is estimated that 40 % to 65 % of all spine-related injuries aredeby motor vehicle accidents, with
the cervical spine being the primary severe injury(dteganandan et al., 1989b). Furthermore, there
is a very high incidence rate of minor injuries to the @aivépine in rear impact vehicular accidents
(commonly known as whiplash) that can potentially leave #nviwith long-term pain and disability
(Yoganandan et al., 1989b).

Minor neck injuries such as sprains and strains are the most frequenttgdapsurance claim in the
United States, accounting 66% of all bodily injury claim2@92 (Insurance Institute for Highway
Safety). Claims in which neck pain was the most serious resulted in a cagety ebapproximately
$8.5 billion dollars.

To ensure that occupants are adequately protected during motaitevabcidents, automotive
manufactures are required to conform and certify compliamitle specific safety regulations
mandated by government agencies. In the United States, thassirggs and requirements are
outlined in the Federal Motor Vehicle Safety Standards (FB\V&hd Regulations, and the Canadian
Motor Vehicle Safety Standards (CMVSS) for vehicles in Canatie specific standard for outlining

the tolerances of occupant response in frontal crash tests is FMVSS #208.

Crash testing is a form of destructive testing that is dorensare design of the vehicle meets the
required safety standards. Anthropometric dummies (crashdesnies) are seated in the vehicle as
physical human surrogate models, and are used to measure thenbcespanse during the crash
test. Crash-test dummies were first employed as a human as@nogdel in the late 1940's. Since
that time, numerous models have been developed for specific tydeadaig, and upgraded to
increase their human-like response (biofidelity). In 1976, Generdbrisl developed the detailed

Hybrid 11l dummy model for occupant response in frontal impact. Aiylerid Il has since become



the standard model to use for FMVSS 208 frontal crash tests, as welltheriaplied biomechanics

research.

Crash testing vehicles is a necessary process that eralsafety criteria for the vehicle are met.
However, this process is very expensive, as it requires theictémt of a new vehicle with each test.
Also involved are massive amounts of instrumentation used forsipigld data acquisition of both
the vehicle and the dummies during the test. This requisegndicant amount of time to setup since

rigorous scientific standards are employed to ensure that quality détaiised from the test.

Due to the high costs associated with crash testing, automotimafamtures have begun using
numerical methods to understand crash. This reduces the cashiolle testing, as the number of
destroyed vehicles is minimized. Numerical modelling allows sarrogate experiments that are
characterized by definite repeatability. Whereas physicahgesan be limited by measurement and
instrumentation feasibility, numerical models have near infioépabilities to measure response,
including internal response such as stress. The downside to numericahgnadtiat models require

an extensive amount of evaluation and validation with experimental studies.

For the automotive industry to assess the crashworthinesswvehicle in simulation, numerical
occupant models are required to simulate the response of a humaan iHumerical models have
been used in biomechanics research for many decades, but onlylastti® years has computer
power allowed researchers to create highly detailed modelse\Whith of the human body model
development has been stimulated by the automotive industry, destam sports injury and

medicine have also been major players in advancing the #eldurrent trend in the impact

biomechanics field is to use humerical simulation of human body meded tool for analyzing and

understanding the response of the human body to impact.

1.2 Research Objectives and Approach

The objective of this research is to develop a numerical modbediuman cervical spine for use in
frontal impact conditions. A previously developed model by Dend @t989) was the basis for the
new cervical spine model. Justification for developing mewical spine model was based on the
necessity for simulating the cervical spine at high leeél®ading, while providing the framework

for enhancing the model into an injury-predictive tool.

The approach taken in developing this model was one that conedraraticcurate representation of

the local tissues using the mechanical properties discovemeaythfundamental research. Persistent



evaluation of the model during each development stage ensuredh¢hdissue was properly
characterized based on anatomy, physiology, and mechanics. In no éesteas the scientific
integrity of the tissue models compromised by model calibraticadjustment to achieve a desired
output. This rigorous method allowed for an accurate tissue espation, and provided a solid

foundation to build the model on.

The tissue models were then assembled to complete an individonel sggment. The segment
models were simulated in all types of loading, and the resspof the model was compared to a wide
range of experimental studies. The load-displacement respoeselotegment was analyzed using
procedures documented by the comparable experimental studiesesities were scrutinized to

identify model strengths and weaknesses. Furthermore, the rdegrodels were simulated at very

high loads of compression to identify the injury mechanisms and failure db#tuks vertebral body.

The segment models were then combined to create a full cespical model. Neck musculature was
added to the spine, and a muscle activation scheme was develapalioiied the cervical spine to
exhibit physiological response. Some material models were esthancinclude the viscoelastic
response seen during relaxation or high-strain rate testiveggfull spine model was compared to a
human volunteer test series using the 15 G frontal impact wasedttempt to validate the model. A
study into the effects of muscle activation on the responseheofcervical spine model was

accomplished.

All numerical simulation of the cervical spine model will be dasdinite element analysis, using the
commercial code LS-DYNA. LS-DYNA is a nonlinear, explicibife element analysis program
developed by Livermore Software Technology Corporation (LSTC}¥ &ni evolving code that is

used in a wide range of applications, such as crashworthimegkaton, impact biomechanics, and

blast simulation.

1.3 Organization of the Thesis by Chapter

This thesis is presented in a format that is comparablégcapproach taken in developing the
cervical spine model. Chapter 2 focuses on the anatomy andalolgysof the various tissues of the
cervical spine. This background research is an essential ph&sedsfielopment process, as accurate

anatomy is one of the main pillars required for producing a biofidelic model.

Another pillar required for accurate modelling of biologicakteyns is found in the extensive

background research presented in Chapter 3, which delves into theexongahanical properties of



tissue. This research provides the fundamental detail of the nieeheesponse of the tissue, and

provides insight into the requirements for the material models.

Chapter 4 investigates the causes of injury and the injury mische associated with the cervical
spine. As well, the current injury criteria methods used tesassijury potential are discussed.
Chapter 4 also highlights the vast amount of experimental stdidaised on understanding the
biomechanics and injury of the cervical spine. Background reseaachkidés tests done with spine
segments, isolated cervical spines, post-moterm human stagédog, and finally human volunteer

response.

Previous efforts in cervical spine numerical models are describduhipi€® 5. Various spine segment
models, including those from the lumbar spine region, are revidgweggrovide the history of
modelling techniques. Full cervical spine models of both multi-bodyfimié element types are

discussed and compared.

Chapter 6 outlines the process used in the development of the newalcspine model. Modelling
techniques used in constructing the numerical model are ficsts$ied. Various measures of cervical
spine model geometry are presented as a verification tool, cogpghe model anatomy with that
described in Chapter 2. Finally, the development of material mbdsksd on the tissue mechanics

presented in Chapter 3 is illustrated.

A summary and analysis of the results of the single segmeahtlmare presented in Chapter 7. The
results are compared to various sources of experimentaltalatalidate the model. The model
response is critiqued, and conclusions and recommendations are rhadmniplete results of the
single segment model simulations are found in Appendix A, whilera atetailed presentation of the

flexion and extension results are found in Appendix B.

The results from the frontal impact simulation of the fuli@z spine model are found in Chapter 8.
The motion of the head during the impact simulation is compare@ tetiponse corridors of human
volunteers. The dynamic response of the model is criticalljuated, and suggestions are made for

improving the results. A study involving the activation scheme of the neckeaus@lso presented.

Finally, Chapter 9 and Chapter 10 provide the overall conclusions anchmeendations for the
model. The model is assessed in its current state, and this fesul both the single segment and the
full spine model simulations are discussed. Recommendations @ laged on improving the

response of the model, as well as to provide some direction for futulepieeat of the model.



Chapter 2

Functional Anatomy

Anatomy is the study of the structure of the human body. Functionainayét the study of anatomy
in its relation to function. Finally, physiology is the study of heavious body parts function. All
three areas of study are important in the field of biomechahies human body tends to follow the
‘form follows function’ such that to understand the function of the badymust first learn how it is

constructed.

Anatomical descriptions are based on three imaginary planestbieict the human body (Figure
2-1). These planes are the frontal plane, the transverse ptantheasagittal plane. The frontal plane
divides the body into front and back parts, while the transverse plizides the body into top and
bottom. The sagittal plane divides the body into right and lefssaed is called the median plane

when passing directly through the centre of the human body.

Various anatomical terms are used to describe relativetidineand position within the human body
(Figure 2-1). The superior and inferior directions are oppesith other, and are created by the
intersection of the sagittal and frontal planes. The antaridrposterior directions are also opposite,
and are created by the sagittal and transverse planes.ifthditbction is treated a little differently
since using terms such as left or right can be ambiguous dependihg erewer’s perspective.
Instead, the term medial is used to describe the direction perplmdind towards the medial plane,

while lateral is used to describe the direction away from the meldiaé.

Other anatomic terms used to describe structures retatitree surface of the body are superficial,
intermediate, and deep. Superficial is used to describe sesctaar the surface, while deep refers to
structures far away from the surface. Intermediate &ra used for structures between superficial
and deep.
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Figure 2-1: Anatomical Planes and Directions

The anatomical terms for the movement of the cervical spidehaad are lateral bending, axial
rotation, extension, and flexion (Figure 2-2). Lateral bending, or jogily bending, refers to the
motion of the head and neck rotating about the anterior-postedsrin the frontal plane. Axial
rotation, or simply rotation, refers to motion of the head and neakimgtabout the superior-inferior
axis in the transverse plane. Flexion and extension refer to nudtiba head and neck rotating about
the lateral axis in the sagittal plane. Extension is tha tesed when this rotation results in the head
‘looking up’, and flexion is the term used when the rotation results in the loe&thg down’.
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Figure 2-2: Terms of Movement for the Head and Cerical Spine

2.1 Vertebrae

The vertebrae are the basic bony structures that constitugpinal column. There are 33 vertebrae
in the human body, divided up into three regions (cervical, thoradduambar), the sacrum, and the
coccyx. An intervertebral disc separates each vertebrapteixcthe upper cervical spine (C1 & C2),
and in the sacrum and coccyx, where the vertebrae are fusdtetodetliagram of the entire human

spinal column can be seen in Figure 2-3.
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Figure 2-3: Different Regions of the Human Spinal Glumn

The cervical spine, which constitutes the bony structurdéseimeck, consists of seven vertebrae. It is
common for the cervical spine to be divided in three sectibesupper cervical spine (C1 and C2),
the middle cervical spine (C3 — C5), and the lower cervicalesf@6 — T1). The first thoracic
vertebra is commonly included in the cervical spine because it fornmahst cervical intervertebral
joint with C7. These regions can be seen in the diagram of the emtilgatspine in Figure 2-4.
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Figure 2-4: Different Regions of the Human CervicaSpine

2.1.1 Vertebral Anatomy

The anatomy of the middle and lower cervical vertebrae (C3 — 6&)e sthe same basic
characteristics as other vertebrae in the spinal columay(@r918). The basic structure of the
vertebra is divided into two essential parts: the anteggment (the vertebral body) and the posterior
segment (the vertebral arch, made up of the laminae, the @edicid seven processes). The
processes consist of four articular processes, two transvexsespes, and one spinous process. The
vertebral arch is constructed in a way such that various &rarforifices) are formed. These details

can be seen in Figure 2-5.
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Figure 2-5: Anatomic Details of the Middle and Lowe Cervical Vertebrae

The vertebral body is the largest structure in the cdrviaxdebrae, resembling an elliptical cylinder.
The superior and inferior surfaces of the vertebral body (at®wn as the osseous endplates) are
flattened and rough for the attachment of the intervertebral. dibesanterior surface of the body is
often convex, whereas the poster surface is slightly concavetyploal size of the cervical body
height is between 13 and 15 mm, with an elliptical cross-seofi@approximately 15 mm depth and
30 mm width (Gilad and Nissan, 1986; Pooni et al., 1986; Panjabi et al., 2001a).

The pedicles are two short, thick structures that attading middle portion of the posterolateral
vertebral body. The laminae are two broad plates that are atedri® the pedicles, and are directed
in the posteromedial direction from the pedicles until theyeed together in the sagittal plane. The
posterior surface of the body along with the pedicles and the lejfioian the vertebral foramen
through which the spinal cord passes.
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At the lateral junction of the pedicles and the laminae isathieular pillar. The articular pillar is a
structure that fuses together the superior and inferimubat processes. The surfaces of the articular
processes (facets joints) are oriented between 70° and 100tHeosagittal plane (increasing from
C3 to C7), and between 45° and 65° from the transverse plaodr(@ereasing from C3 to C7) (Pal et
al., 2001).

The spinous process is a prominent structure stemming from theafrttomlaminae, and used as an
attachment point for muscle and ligaments. The spinous procebe cktvical vertebra is much

smaller in proportion to the spinous process in the lumbar vertekecapt for in the C7 vertebra,

where it is much more pronounced. The tips of each spinous procésdwaeen 13 and 20 mm apart
when the cervical spine is in a neutral position (Gilad andaNjs4986). The two transverse
processes exist at the junction of the pedicles and laminaehexdtto the articular pillar. It forms the
foramen transversarium with the pedicle, which allow passagesftebral arteries and veins, as well
as sympathetic nerves bundles. Attached to the transverse paseegsbercles, which serve as

attachment points for muscle and ligaments.

The upper cervical spine has two different types of vergéethrat are unlike any other in the human
body. These two vertebrae are referred to as the atlas (Cihadis (C2) because of their basic
shape. The atlas does not have a vertebral body or a spinousspibaesembles a bony ring

consisting of anterior and posterior arch, and two lateral ma$3gure 2-6). The anterior arch,

which is about 20% of the circumference of the ring, has theriantubercle on its anterior surface
and the concave articular facet for the odontoid process (derit§ posterior surface. The posterior
arch, which is about 40% of the circumference of the ringahassterior tubercle that is rudiment of

a spinous process (Gray, 1918).

Connecting the anterior arch to the posterior arch are twollatasses, which are the solid, compact
portion of the atlas used for supporting the weight of the head. Gaupleeior surface of the lateral
masses are the superior facets, which are large, condigwead surfaces that form to the occipital
condyles of the skull. The inferior facets of the atlastlee other hand, are large, convex, circular

surfaces that contact with the superior articular surfaces okithe a
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Figure 2-6: Anatomic Details of the Superior (Top)and Inferior (Bottom) View of the Atlas

The axis (C2) is a large vertebra similar to the middle amgd cervical vertebra except for the
presence of the prominent odontoid process (dens) that risesoslypfrom the vertebral body
(Figure 2-7). On the anterior surface of the odontoid process Wieua facet for contact with the
anterior arch of the atlas. The posterior surface of the oibmrocess has a slightly grooved
articular surface for contact with the transversentigat. The odontoid process attaches to the large
vertebral body, which is connected to pedicles and laminae siimitaher vertebrae. However, both
the pedicles and the laminae are much larger and stronder axis than in the other cervical spine
vertebrae (Gray, 1918).

The superior articular facets of the axis are slightigvex to support contact with the atlas while
allowing relatively free translational movement between tthe surfaces. The inferior articular

12



surfaces are similar to the articular surfaces of otbesiaal vertebrae. The assembly of the atlas and
axis can be seen in Figure 2-8. More detail regarding the uppécatespine joint complex can be

seen in Figure 2-21 and Figure 2-22.

Articular Facet for Odontoid Process

Anterior Arch of Atlas

Superior Facet \

] Pedicle
Inferior Facet

Vertebral Body

Articular Surface for
Transverse Liaamen

Foramen
Transversarium

Transverse

Process\

Laminae

Spinous Process
(Adapted from Agur and Dalley, 2005)

Figure 2-7: Anatomic Details of the Anterior (Top)and Posterior (Bottom) View of the Axis
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Figure 2-8: Posterior View of the Upper Cervical Sme Joint with C3 and C4

Each vertebra is constructed from a cancellous bone core surdobpde thin cortical bone shell.
The construction of the human vertebra can be seen in Figure 2-9. The sizeavVitte vertebrae is
relatively small compared to other bones in the human body théthiertebrae being roughly 2 x 1%
X ¥ inches in size. The dimensions of the vertebral body as me&gu@ilhd and Nissan (1986) and
Panjabi et al (1991e) can be seen in Table 2-1.The vertebral bathaped similar to an elliptical
cylinder, with the dimensions in the lateral direction (wjdibing slightly larger than the dimensions
in the anterior-posterior direction (depth). The distance ttwranterior face of the vertebral body to
the tip of the spinous process is slightly larger than thardist between the tips of each transverse

process.
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Figure 2-9: Sagittal Plane Cross-Section of a Humabumbar Vertebra

The cortical shell and bony endplates surrounding the vertebral bedyyishin, ranging from 0.40
mm to 0.70 mm thick (Panjabi et al., 2001a). Measured thickeesfsthe cortical bone and bony
endplates can be found in Table 2-1. Around the posterior elemetite akrvical vertebrae, the

cortical shell is much thicker (Gray, 1918).

Table 2-1: Vertebral Dimensions and Bone Thickness

Vertebral Dimension Cc2 C3 C4 C5 C6 C7
Vertebral Body Depth
(Superior) 12.6 mm 14.8 mm 15.5 mm 15.5 mm 16.0 mm 16.4 mm
(Inferior) 15.3 mm 15.6 mm 15.8 mm 16.1 mm 16.6 mm 16.3 mm
Vertebral Body Height
(Anterior) 19.0 mm 14.1 mm 13.4 mm 12.7 mm 13.0 mm 14.6 mm
(Posterior) 16.6 mm 14.5 mm 13.9 mm 13.8 mm 13.9 mm 14.9 mm
Vertebral Body Width
(Superior) 15.8 mm 17.2 mm 17.5 mm 18.5 mm 16.8 mm
(Inferior) 17.5 mm 17.2 mm 17.0 mm 19.4 mm 22.0 mm 23.4 mm
Spinous Process Length 33.7mm 29.6 mm 30.3 mm a5 34.2 mm 45.7 mm
Transverse Process Width 52.6 mm 50.3 mm 48.5 mm 4 rafh 49.5 mm 66.6 mm
Cortical Thickness
(Anterior) 0.51 mm 0.55 mm 0.62 mm 0.66 mm 0.70 mm
(Posterior) 0.41 mm 0.41 mm 0.44 mm 0.49 mm 0.48 mm
Endplate Thickness
(Superior) 0.63 mm 0.62 mm 0.55 mm 0.63 mm 0.60 mm
(Inferior) 0.58 mm 0.56 mm 0.62 mm 0.65 mm 0.67 mm

The cancellous bone core has an apparent density between 0 hgécth3 g/crh(Kopperdahl and
Keaveney, 1998). This is on the lower end of apparent densitaficellous bone from other sites of
the human body (Keaveny et al., 2001). Furthermore, vertebral cancktioesdensity decreases
approximately 50% from age 20 to age 80 for normal individuals (Mdsekt al., 1987). The
architecture of the vertebral cancellous bone is charaeteby thick vertical rods and columns
sustained by thinner horizontal trabeculae (Mosekilde eLl@R7; Kopperdahl and Keaveny, 1998).

This allows for strength in the primary load-direction (axial poession) while maintaining a
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minimal bone mass (Cowin, 2001). A fluid phase of blood vessels, bloadowmanerve tissue,
interstitial fluid, and miscellaneous cells fills the reniag) voids of the cancellous bome vivo
(Carter and Hayes, 1977).

2.1.2 Vertebral Physiology

The major physiological load on the spine is axial compres$iMhit¢ and Panjabi, 1990). Unlike
many other bones in the human body, the cancellous core is aaoafdbutor to the physiological
load-carrying capacity (White and Panjabi, 1990). Compressaat ik transmitted from the superior
endplate to the inferior endplate through either the cancelloesocdhe cortical shell. Because the
cortical shell is so thin, it only contributes a small amounthie strength of the vertebral body
(Rockoff et al., 1969; White and Panjabi, 1990). It was found tmatdunger vertebrae (< 40 years),
the cancellous core carried as much as 55% of the applied compressiveodeaff(& al., 1969). As
the density of the cancellous bone decreased with age (> 40, yesrger portion of the load was
carried by the cortical shell, resulting in 35% of the loachdpatarried by the cancellous core
(Rockoff et al., 1969).

Under compressive loading, the build-up of hydrostatic pressure iadjaeent intervertebral disc
causes the bony endplate to deform into the vertebral body (@fidt®anjabi, 1990). The resulting
endplate deformation has been estimated to be half the size lofilge of the annulus fibrosus at the
same applied load (Brickmann and Horst, 1985). An example of this cseehban Figure 2-14. The
increase in strain in the endplate because of compressive lazhnigad to fracture in high load
cases (White and Panjabi, 1990).

Since the articular surfaces of the lower and middle cergpale are approximately 45° to the
transverse plane, these surfaces are capable of trangrodtmpressive load from one vertebra to the
next, reducing the share of load seen on the intervertebradmtiseertebral body. Under physiologic
loading, the facet joints carry approximately 10% of the totalpcessive force seen on the vertebra
(Goel et al, 1998). This load share increases significaritgnvthe spine is loaded in extension, axial
rotation, and lateral bending, where the facets joints choyte85%, 33%, and 37% of the total load
respectively (Goel et al, 1998). In flexion, the facet joinéssaparated, and thus no compressive load

is carried.

In the upper cervical spine, 100% of the axial compressive lo@drisferred from the head to the
cervical spine (C2) via the articular facets. The pit&i condyles (sometimes referred to as the CO0),

are convex articular surfaces on the skull and sit in the concave supecidaagurfaces of the atlas.
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This allows for relatively free motion between the slantl the atlas in flexion and extension, while

limiting relative motion in axial rotation and lateral bending (Bogduk and éfe2©00).

The articular facets between the axis and the atlas are drothxg which naturally allow free planar
motion between the surfaces. With the odontoid process secuteel aoterior arch of the atlas via
the transverse ligament, the C1 is permitted to rotation ardumdodontoid process relatively
uninhibited. The rotational range-of-motion between C1 and C2 is &alb88S, and accounts for

approximately 55% of the total cervical spine rotation (White andaBarij990; Chang et al., 1992).

Instantaneous Axis
of Rotation

Atlas

AXxis

(Adapted from White and Panjabi, 1990)

Figure 2-10: Relative Rotational Motion Between theétlas and the Axis

2.2 Facet Joints

The facet joints of the cervical spine are importantviar mmain reasons: they are a direct source for
neck injury and pain, and they are a principal structure foraarspine stability (White and Panjabi,
1990). These joints are formed between articular surfaces agemdjvertebrae, and are a complex

structure of fluid, hard, and soft tissue.

2.2.1 Facet Joint Anatomy

The facet joints are synovial joints similar to the joiintsthe knee and elbow. A synovial joint
consists of two matching bony articular surfaces (on theutatigillars) covered with articular
cartilage (Figure 2-11). Between the articular cartildges gap filled with synovial fluid, a viscous

fluid that lubricates the cartilage for ultra-low friction stigi Containing the synovial fluid within the
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synovial joint is the flexible synovial membrane. In the wedvfacet joint, the capsular ligament

encases the facet joint to provide joint strength in tension.

Synovial Fluid

Articular Pillar

Synovial Membrane

Articular Cartilage

(Adapted from Spine University)

Figure 2-11: Cross-Sectional View of the Synovialdeet Joint of the Cervical Spine

Articular cartilage in the facet joints is of the hyaligpe, which is a semi-transparent matrix that is
extremely strong, but flexible and elastic. The composition ofilage includes living cells
(chondrocytes), a gelatinous ground substance (75% by weight), and a systdagehddires (10%
by weight) that are arranged in layers within the tissueng, 1993; Mow et al., 1980). Collagen
fibres are organized in tightly packed sheets oriented anptane of the articular surface in the
superficial tangential layer of the cartilage. The middlget of cartilage tissue consists of shorter
collagen fibres arranged in a random manner. At the deepest d¢ajlagen fibres are infused with
the underlaying subchondral bone. These fibres form part of the ongeatrix that is swollen by

fluid, giving cartilage its viscoelastic properties.

Synovial fluid is made up of hyaluronic acid that gives it highscosity than water (Fung, 1993).
The role of the synovial fluid is to provide the lubrication betwtee articular surfaces for reduced
friction and to supply the nutrients to the cartilage. The effectigenfesynovial fluid as a lubricant is
far superior to many other types of lubricants. The synawiambrane is a very smooth, dense

connective tissue that encloses and secretes synovial fluid.

The size and orientation of the cervical facet jointdraportant factors that determine the functional
biomechanics of the joint and of the cervical spine (Pal et al., 26laiyever, there are very few

studies on the geometry of the cervical facet joint (Yogdaa et al., 2003). The facet joint surfaces
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are elliptical in shape, being slightly larger in width (tatedirection) than in height (anterior-
posterior direction). The orientation of the facet joints ie ttervical spine are commonly
posterolateral, with the average plane of their surfamsifig an angle between 30 and 65° with the
transverse plane, and 0 to 15° with the sagittal plane. Theésrésuh a number of studies on the size
and orientation of the cervical facet joints can be found in Takle For the definition of each

dimension and angle, refer to Figure 6-13.

Table 2-2: Summary of the Size and Orientation oftte Cervical Facet Joints

Study Level Inferior Surface Superior Surface
Width Height ar as Width Height ar as
C1l 17.2mm  18.0 mm 11.6 mm 23.4mm
Cc2 11.8 mm 11.4 mm 17.7mm  19.0 mm
C3 12.2mm 11.5mm 11.8 mm 11.3mm
Francis, 1955 Cc4 12.7mm  11.4 mm 12.2mm 11.5mm
C5 13.2mm 11.2 mm 126 mm 11.2 mm
C6 13.6 mm 11.0 mm 13.1 mm 10.8 mm
c7 148 mm 124 mm 140 mm 10.2 mm

C2 109mm 124 mm  33.8° 72.6° 16.4mm 179 mm  37.1° 116.3°
C3 11.4mm 124mm  42.6° 77.3° 11.1mm 11.6 mm  52.0° 74.2°
C4 11.6 mm 123 mm  42.6° 74.7° 11.5mm 122mm  48.4° 84.6°
Panjabi et al, 1993 C5 11.7mm 11.2mm  51.7° 73.6° 121mm 11.6 mm  45.6° 83.6°
C6 129 mm 123 mm  54.9° 82.4° 124mm 11.0mm  47.6° 79.0°
C7 13.3mm  12.7mm  49.5° 81.3° 126 mm 11.4mm  55.5° 82.9°
T1 126 mm 129 mm  64.3° 75.5° 13.7mm 126 mm  60.0° 85.9°

C3 10.3mm 10.0 mm  45.8° 69.9°
Cc4 10.8 mm 10.7 mm  50.8° 81.7°
C5 11.3mm 9.7 mm 52.3° 91.0°
Pal et al, 2001 Cé6 12.3mm 9.0 mm 56.0° 95.7°
Cc7 13.6 mm 8.6 mm 64.7° 94.1°
T1 143 mm 8.8 mm 68.8° 99.3°
(0] 18.6 mm
C1 16.7 mm 18.6 mm
c2 11.5 mm 16.7 mm
C3 11.9 mm 11.5 mm
Yoganandan et al, 2003 Cca 10.6 mm 11.9 mm
C5 10.8 mm 10.6 mm
C6 11.1 mm 10.8 mm
Cc7 12.4 mm 11.1 mm
T1 12.4 mm

2.2.2 Facet Joint Physiology

The facet joints of the cervical spine have two main rolesy are responsible for bearing a
significant amount of compressive load acting on the spine (@GoeClusen, 1998), and they help
control the primary and secondary motions of the cervical spioguk and Mercer, 2000). Goel and
Clausen (1998) observed each facet joint carrying 6% of the @stmpressive load (4.6N of 73.6 N
each), while this load increased dramatically to 51% of tdmpcessive load with the inclusion of

extension. Significant load increases were also seen in one ofrttseijoaxial rotation and lateral.
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Because of the geometry of the facet joints (oriented apprtedinéb® in the transverse plane), axial
rotation is inevitably coupled with lateral bending (Bogduk andclier2000). For example, under
going an axial rotation, the superior articular surface of #wetfjoint must slide up the inferior
surface, causing a lateral bending motion between the vertéboaeersely, when undergoing a
lateral bend, the superior articular surface of the corapdefacet joint will slide downwards and

posteriorly, causing a rotation between the vertebrae.

2.3 Intervertebral Discs

The intervertebral disc is a fibrocartilaginous structsiteated between adjacent vertebral bodies
serving as a shock absorber for the spinal column. It is asgtiadlmost widely studied anatomic
structure of the entire spine due to its significant rolgpimal motion and injury (White and Panjabi,
1990). The structure of the spine involving the vertebrae and thivéntebral disc can be seen in

Figure 2-12.

Cervical
Vertebra

Intervertebral Disc

(Adapted from www.doereport.com)

Figure 2-12: Intervertebral Disc Between Two Adjacet Vertebral Bodies

2.3.1 Intervertebral Disc Anatomy

The intervertebral disc constitutes approximately 20 — 28%he entire height of the vertebral
column (Gilad and Nissan, 1986; White and Panjabi, 1990). In the despioa, the posterior height
of the intervertebral disc is approximately 60% of the @mtdreight, giving the disc a wedge-like
shape, as seen in the sagittal plane (Gilad and Nissan, 1986;eP@ini1986; Przybylski et al.,
1998). The average cervical disc height is about 50% the a&vheaght of a lumbar disc (Gilad and
Nissan, 1986). The intervertebral disc heights measured by Gilad and Ni88&hdnd Przybylski et
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al (1998) can be found in Table 2-3. In the transverse plane, tss-gectional area of the
intervertebral disc increases from cranial-to-caudal doegctin accordance with increasing acting
body weight (Pooni et al., 1986). Cross-sectional area varies dre@®@9 — 400 mf with the disc
having an elliptical shape (Pooni et al., 1986).

Table 2-3: Measured Intervertebral Disc Heights

Study IVD Height C23 C34 C45 C56 Cc67 C7T1
. . Anterior 4.8 mm 5.3 mm 5.5 mm 5.4 mm 5.2 mm 4.7 mm
Gilad and Nissan, 1986 Posterior 3.4 mm 3.3 mm 3.0 mm 3.0 mm 3.3 mm 3.5 mm
. Anterior 5.2 mm 5.3 mm 5.2 mm 4.6 mm 4.9 mm
Przybylski et al, 1998 Posterior 3.4 mm 3.4 mm 3.7 mm 3.9 mm 4.3 mm

The intervertebral disc is comprised of three distinct compeném annulus fibrosus, the nucleus
pulposus, and the cartilaginous endplates. The annulus fibro$estissue of the intervertebral disc
that encloses the nucleus pulposus and forms the outer boundarylsicth® cartilagous endplate is

located on the superior and inferior surface of the disc to separatedHfiendisadjoining vertebrae.

The annulus fibrosus has a composite structure consisting dfepacdlagen fibres embedded in a
homogenous matrix consisting of an aqueous gel of proteoglycans, watethar proteins (Klisch
and Lotz, 2000; latridis et al, 1998; Marchand and Ahmed, 1990). Thaaélitssue is arranged in
concentric lamina, where fibres are oriented in the sameztdin of each layer but in opposite
direction from adjacent layers (Figure 2-13a). The directiotheffibres in each lamina typically
alternate from +/- 30° in the outer layers (Figure 2-13b), t@57-in the inner layers, as measured in
the transverse plane of the disc (Cassidy et al., 1989; Marchamharet!, 1990; Wagner and Lotz,
2004; White and Panjabi, 1990). The ends of these fibres (knowhaape$'s fibres) are firmly

attached to the cartilagous endplates, securing the intervertebraittisctiae spine.

Annulus Fibrosus

Nucleus Pulposus
(Adapted from White and Panjabi, 1990)

Figure 2-13: Concentric Layers of the Annulus Fibreus Oriented +/- 30 in the Outer Layer

21



Annulus fibrosus tissue is a fibrocartilage consisting predominahtvater, which contributes to 65
— 75% of the total tissue weight (Kraemer et al., 1985). Most afetimaining annulus tissue consists
of laminae of collagen fibres, long fibrous structural protelret tare ubiquitous throughout the
human body. The outer layers of annulus fibrosus laminae contaityriigge | collagen fibres,
which is the common collagen type found in ligaments and tendons. There dual gegolacement of
Type | collagen with Type Il collagen (common building block ofitzage) as the lamina get closer
to the inner disc and the nucleus pulposus (Skaggs et al., 19&thRnge of tissue structure is one
of the main hypotheses for the regional variation of mechanicglepres within the annulus

fibrosus.

The inner annulus fibrosus encases the nucleus pulposus, which makgsaxmaately 30 - 60% of
the cross-sectional area of the non-degenerate intervertibcalPooni et al., 1986; latridis et al.,
1996). Consisting of a very loose collection of proteoglycans andgeuil(type II, VI, 1X, and XI),
the nucleus is around 90% water at birth, decreasing to 70% iwaker 8" decade (Yang and Kish,
1998; White and Panjabi, 1990; latridis et al., 1996). Due to the higl w@ttent in the nucleus, it

has often been assumed that this tissue behaves as an enclosed fluid.

The nucleus pulposus is bound on its superior and inferior surfatiee cartilagous endplates. The
endplate is a thin layer of hyaline cartilage consisting amilsnof collagen, proteoglycans, and water
(Setton et al., 1993b). Calcification of the endplate proceedisagi, causing the annulus fibres to
insert directly into the vertebral body (Setton et al., 1993b). &\thi¢ cartilagous endplate is firmly

attached to the disc through the Sharpey'’s fibres, the interéeedn the cartilagous endplate and
the osseous (bony) endplate of the vertebral body is relativedi and often a site of avulsion (Maat
and Mastwijk, 2000).

2.3.2 Intervertebral Disc Physiology

The physiological behaviour of the intervertebral disc i®sult of the interaction of the annulus
fibrosus and the nucleus pulposus. When a compressive load islapiglisc, hydrostatic pressure
increases in the nucleus. This pressure causes radial forees on the layers annulus fibrosus,
resulting in the disc bulging outwards (Figure 2-14). The hglgif the annulus fibrosus puts the
annular fibres in tension, which resists further deformation of thd@and supports the hydrostatic
pressure within the nucleus (Holzapfel et al., 2005). Since manindawf alternating fibre

orientation are in tension, the general annulus fibrosus tissusigiiog of multiple layers) is in

biaxial tension in both the axial and circumferential directionsgBasal., 2004). This function of the
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intervertebral disc is analogous to pressure vessel theithythe annulus being the pressure vessel
and the nucleus being the enclosed fluid or gas. There is alsobsbgingy of the endplate into the

vertebral body under high compressive loading (White and Panjabi, 1990).

In bending, the nucleus acts as a pivot for the vertebrae to aotated (White and Panjabi, 1990). In
flexion, the posterior section of the disc will be subjedettsion loading that causes the annulus to
contract toward the centre of the disc (White and Panjabi, 19B8)anterior section of the disc will
bulge outward from the disc due to compressive loading. This wallecthe nucleus to shift slightly
to the posterior of the disc (White and Panjabi, 1990). The oppeditue for extension. The nucleus

is not under significant hydrostatic pressure in bending.

Applied Compressive Load

/ Endplate Deformation

Annulus Bulge BTN R A BT

Nucleus Pressure

(Adapted from White and Panjabi, 1990)

Figure 2-14: Pressure in the Nucleus Forcing the Amnlus to Bulge Outward
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(Adapted from White and Panjabi, 1990)
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Figure 2-15: Bulging and Stress Distribution of theAnnulus from Disc Segment Bending

When the disc is in axial tension, the annular fibres provide #teofensile stiffness of the disc since
the nucleus behaviour is fluid-like. However, since most of timlar fibres are oriented away from
the vertical disc axis (as much as 60° from vertical)akie disc is not as stiff in tension as it is in
compression. Likewise, when the disc is loaded in axial torsiay, alf of the fibres are able to

support the given load, since half the fibres will be loaded inpcession. Thus, the strength of the

disc in torsion is relatively low.

Much of the physiological behaviour of the intervertebral disc is depéndahe highly oriented and
composite structure of the annulus fibrosus tissue. The steuahar function of the annulus fibrosus
is responsible for guiding the motions of the disc, serving astarvémtebral ligament (Bass et al.,
2004). The tensile stresses developed in the annulus are dayride@ collagen fibres contained
within the laminate structure, since fibre stiffness igniaides higher than the matrix it is in (Elliott
and Setton, 2000; latridis and ap Gwynn, 2004; Pezowicz et al., 2005). Géveartous types of
loading seen on the intervertebral disc, the annulus is oftieject to large and multi-directional
loads (White and Panjabi, 1990).

Studies have shown that the presence of non-degenerate nucleus pidpwmspsrtant for the
function of the intervertebral disc (White and Panjabi, 1990aKureet al., 2001). When the nucleus
is surgically removed (a treatment option for herniatedsgligbe inner annulus has been shown to

bulge inward due to a lack of internal pressure. This cans®s increase in intralaminar shear stress
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in the annulus, leading to an increase risk of delamination andirdisy (Meakin et al., 2001).
Furthermore, and degenerated nucleus pulposus (caused by the reiduatidar content with age)

decreases the mobility of the spine, and leads to an increase in spineiskjiNg et al., 2005).

Finally, it is believed that the role of the cartilagous eatdpis to facilitate the diffusion transport of
nutrients to the intervertebral disc from the vertebral h&@htton et al., 1993b). This is an important
role in the health of the disc, since the intervertebral dislceidargest avascular organ in the body
(Selard et al., 2003). It is believed that the cartilagous emdgtas not play a significant role in the

physiological behaviour of the disc, but is an important aspect ofriisg.i

2.4 Ligaments

Ligaments are the ribbon-like fibrous tissues that connecbtny structures to form joints. They
consist of varying amounts of elastin and type | collagen, aething parallel to provide effective
tensile resistance to distractions in the direction ofitives (Myklebust et al., 1988; Yoganandan et
al., 2001; Silver et al., 2002).

2.4.1 Ligament Anatomy

The middle and lower cervical spine segments have the sameead) ligamentous structures as seen
throughout the entire human spine. The major ligaments in thesesggiments are the longitudinal
ligaments (anterior and posterior), the accessory ligam#mesligamenta flava, the interspinous
ligaments, and the nuchal ligament), and the joint caps#lesummary of the geometric
measurements of the lower and middle cervical spine ligarsantde found in Table 2-4. It should
be noted that discrepancies between the anthropometric stugiea assult of the different

methodologies used in defining the ligament (Yoganandan et al., 2000a).

The anterior longitudinal ligament (ALL) (Figure 2-16) is eosg, broad band of fibres that extends
along the anterior surface of the vertebral bodies. Itasla¢d to the body of the axis (C2 vertebrae),
and runs continuously down the spine, supporting the intervertelscd dnd the adherent to the
prominent margins of the vertebrae. The posterior longitudinamient (PLL) (Figure 2-16) is
similar to the ALL as it extends from the axis, and is continult@ighout the entire cervical spine.
This ligament is situated within the vertebral canahesohg to the posterior surface of the vertebral
body while supporting the intervertebral disc. The PLL is shghitler than the ALL (approximately
10 mm and 9 mm respectively), and the width of both ligaments Besesightly from middle to

lower cervical spine (Przybylski et al., 1998).
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(Adapted from Agur and Dalley, 2005)
Figure 2-16: Anterior View of the Spine Detailing he Location of the ALL and PLL

The ligamenta flava (LF) (Figure 2-17) are a long, thin, butdimend of tissue that connects the
lamina of two adjacent vertebrae. They are present fror@2R€3 vertebral joint all the way down

the spine, and form the posterior wall of the vertebral Ic&®ech ligament consists of two portions
that begin on either side of the roots of the articular presesnd extend to the point where the

lamina meets to form the spinous process.
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(Adapted from Agur and Dalley, 2005)

Figure 2-17: Anterior View (Sectioned) Detailing tle Location of the Ligamenta Flava

The interspinous ligament (ISL) (Figure 2-18) connects the spipecesses of adjacent vertebrae.
These thin, weak ligaments form a membrane that runs fronottea the apex of each spinous
process. These membranous ligaments meet with the LF in theognésd the supraspinous

ligament (nuchal ligament in the cervical spine) in the pmsteThe nuchal ligament (NL) (Figure

2-18) (also referred to as the ligamentum nuchae) is a thickefastic membrane existing solely in
the cervical spine, which represents the supraspinal ligathanexists in the thoracic and lumbar
spines (Cross, 2003). The NL extends from the external ocdipitéiberance on the skull to the
spinous process of the seventh vertebrae (C7). The anterior bordacliedtto the spinous processes
of each cervical spine, up to the atlas (C1) and towardfothemen magnum. It is connected to the

cord-like supraspinous ligament and the ISL.
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Figure 2-18: Right Lateral View of the Spine Detaihg Accessory Ligaments

The last significant ligament of the middle and lower cehapine are the joint capsule ligaments
(Figure 2-18). The capsular ligaments (CL) surround the syniadat (zygapophyseal) joints. These
ligaments create a thin, loose articular capsule that is attachiee margins of the articular processes
of adjacent vertebrae. The circumference of the CL of therl@ervical spine is approximately 22

mm long, with a thickness just over 0.5 mm (Winkelstein et al., 2001).

While sharing some of the same ligament structures as the dmaieniddle cervical spine, the upper
cervical spine segment has a unique set of ligaments thatrhéhe stability of the skull on the
cervical spine. The first group of upper cervical spine liggmenvolves the atlanto-occipital
ligaments, which connect the atlas to the occipital bone ofskiné. The ligaments involved in
attaching the atlas to the occipital bone are the antand posterior atlanto-occipital membranes,

and the articular capsules that are associated with the atlegifital joints.
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The anterior atlanto-occipital membrane (AAOM) (Figure 2-19a isroad, dense ligament that is
attached between the anterior arches of the atlas and theramargins of the foramen magnum. It
is reinforced by a strong, thick cord in the middle that fum® the basilar part of the occipital bone
to the anterior tubercle of the anterior arch of the atlag;wis a continuation of the anterior atlanto-
axial membrane (Gray, 1918). Likewise, the posterior atlaotipital membrane (PAOM) (Figure
2-20) is a broad but thin ligament that attaches the postecbes of the atlas to the posterior
margins of the foramen magnum. This membrane is much weekerttie anterior atlanto-occipital
membrane (Gray, 1918). Both the AAOM and the PAOM are continuousththtlanto-occipital
articular capsules. The atlanto-occipital articular cass(Figure 2-19 and Figure 2-20) of the
atlanto-occipital joint are similar to the articular joint capsudf the lower and middle cervical spine.
However, the articular capsules between the atlas andcttipital bone surround and connect the
superior facets of the atlas to the occipital condyles of the craniwsy,(G318).

Occipital Bone — e

Anterior Atlanto-
Occipital Membrane

Capsular Ligaments
Anterior Atlanto-

(o g.ﬁ iy ’ \
Axial Membrane & Axis (C2)

(Adapted from Agur and Dalley, 2005)

Figure 2-19: Anterior View of the Upper Cervical Spne Detailing the Craniovertebral Joint
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Figure 2-20: Posterior View of the Upper Cervical $ine

The group providing attachment and support for the complex articulagtweén the atlas and the
axis (C1 and C2) are known as atlanto-axial ligaments. Theorwhtarticulation between the axis
and atlas vertebrae is achieved by the unique interaction dretilve anterior arch of the atlas, the
odontoid process (as known as the dens) of the axis, andbeerse ligament. Other atlanto-axial
ligaments include the anterior and posterior atlanto-axial membramketearticular capsules.

The transverse ligament (TL) (Figure 2-21) is a thick, stimngd that keeps the odontoid process of
the axis in contact with the anterior arch of the atlass Tigament is the largest and strongest
ligament in the cervical spine (Panjabi et al., 1998). ThesTitmly attached to the lateral masses of
the atlas, and extends over the posterior surface of the odontoid prdwessddle of the ligament is
broader and thicker than at the ends and does not attach pmdtezior surface of the odontoid
process. The unstretched length of the TL is just over 20 mm ldtlgaweross-sectional area about
18 mnf in the centre (Dvorak et al., 1988).
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Figure 2-21: Superior View of the Atlanto-axial Jont Complex

In the middle of the TL, where it crosses the odontoid processal lsmgitudinal band runs from
the posterior fibres of the ligament. The fibres that exteipersorly (superior crus) are attached to
the basilar part of the occipital bone, closely situated alomgeictorial membrane. Fibres that extend
inferiorly (inferior crus) attach to the posterior surfa¢ehe axis body. These longitudinal fibres are
weak and inconsistently present in the human body (Goel et al., 1988a)crossing of the
longitudinal ligament with the transverse ligament gives whmwle ligament the name cruciate

ligament of the atlas (Figure 2-22).

The anterior and posterior atlanto-axial membranes (AAAM and NPA@igure 2-19 and Figure
2-20) are similar to their atlanto-occipital counterparts. THAM is a strong ligament that is
attached to the inferior border of the anterior arch ofatles, and extends to anterior surface of the
axis body. It is strengthened by a thicker cord running betweeanteeor arch tubercle of atlas to
the axis body. The PAAM is thinner than the anterior membriamxtends from the inferior border
of the posterior arch of the atlas to the superior edges okithéamina. The PAAM is similar to the
LF found on the lower and middle cervical spine, whereas the AAAM istanaation of the ALL.
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The atlanto-axial articular capsules (Figure 2-19 and Figure ar2d)ke other articular joint capsule
ligaments, which surround the facet joints. The atlantoraxta&cular capsules connect the superior

articular facets of the axis to the inferior articular facethefatlas.

The final group of ligaments in the upper cervical spinetldigaments that attach the axis to the
occipital bone. These ligaments consist of the tectorial mamebralar ligaments, and the apical
odontoid ligament. These ligaments further stabilize the ockgilento-axial complex in both
extension/flexion and axial rotations. This group of ligaments dudsinclude articular joint

capsules, as there is no joint present between the axis and th&abboipe.

The tectorial membrane (TM) (Figure 2-22) is a strong bandddaa the vertebral canal that covers
the odontoid process and its associated ligaments. The Tkedsififeriorly to the posterior surface
of the axis body, and superiorly through the foramen magnum tbatiar groove of the occipital
bone. This ligament appears to be a continuation of the PLL foutiteamiddle and lower cervical

spine.
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(Adapted from Moore and Dalley, 2006)

Cruciate Ligament

Figure 2-22: Posterior View (Sectioned) of the UppeCervical Spine

The alar ligaments (Figure 2-22) are strong elliptical cordsstkat from either side of the upper part
of the odontoid process of the axis to the medial sides of theitatccondyles. They are
approximately 10 mm long, with an elliptical cross-section of 3 x16 (vorak and Panjabi, 1987).

The pair of alar ligaments often forms an angle between d@4@?180° in the transverse plane to each
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other (Panjabi et al., 1991d). There is also an often-debated atlaattpeartion of the alar ligaments.

Some anatomic texts state that the alar ligaments areatiabhed between the axis and the occipital

condyles (Gray, 1918). However, documented anatomical studies have slav\arsimall portion of

the inferior alar ligament attaches to the anterior dhtarasses of the atlas (Dvorak and Panjabi,
1987; Dvorak et al., 1988; Goel et al., 1988a; Panjabi et al., 1991a).

The apical odontoid ligament is a thin ligament extending fitwgrtip of the odontoid process to the

anterior margin of the foramen magnum. This ligament, approxiyn2ademm long, blends with the

deep portion of the AAOM and the superior crux of the TL (Panjabi et al., 1991a

Table 2-4: Measured Dimensions of the Lower and Midle Cervical Spine Ligaments

Study Level ALL PLL LF CL ISL
Length Width Length Width Length Width Length Width Length Width
C12 23.1 3.8 30.7 3.7 12.0
c23  mm mm mm” mm’ 52mm 94mm 84mm 67mm MM
C34 14.6 5.6 mm 134 6.2mm g2 mm 10.4 88mm 83mm 9.8mm
C45 mm 7.5 mm mm 7.1mm 62 mm mm 9.0mm 7.4mm 9.8mm
cse 135 78mm 101 8omm g5mm 108 gomm 55mm 112
L ce7 mmo73mm ™ 76mm 77mm ™ gemm 8omm MM
Panjabi et al, 12.3 12.0 10.9 12.3
1991a C7T1 mm (emmo o 74mm g8 mm o -
115 7.4 mm 11.7 7.5 mm 106 161
mm mm mm mm
13.7 13.3 10.3
mm mm mm
13.3 15.0
mm mm
Cc23 8.6 mm
C34 58mm 73mm 43mm 96mm
Przybylski et C45  s58mm 93mm 4.7mm 10.3
al, 1998 C5% 57mm 99mm 50mm M
ce7 52mm 9.8mm 52mm ]r-nlnf
54mm 98mm 53 mm 10.8
mm
C2- 18.8 19.0
Yoganandan et C5 mm mm 8.5 mm 6.9 mm i?ns
al, 2000a Cs- 183 17.9 100 6.7 mm 00 mm
T1 mm mm ’

* - Anterior Axial-Atlanto Membrane

** . Cruciate Ligament
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2.4.2 Ligament Physiology

The primary role of a ligament is to resist or restngition of a joint to provide stability to the

biological structure (White and Panjabi, 1990). This means kigatigaments are responsible for
providing the boundaries for articulation of a particular jdimthe cervical spine, ligaments connect
to the vertebral bodies to limit the mobility of spinal ark&tion. In particular, these ligaments are
effective for resistance of motion in the sagittal pJaae well as provide resistance and stability to

external tensile loads. They also absorb some of the energy during traanjabit al., 1991a).

The vertebrae pivot on the nucleus pulposus in the intervertebeallaig spinal articulation. This
causes the ligaments posterior to the intervertebral tdisee in tension during flexion. These
ligaments include the PLL, the LF, the ISL, and the CL of thetfmints. In extension, only the ALL

is in tension to provide resistance to bending.

The effectiveness of these ligaments to resist the motidmeadgine is based on the stiffness of the
ligament, and the location of the ligament from the axis of rotatientlie intervertebral disc). While
both the ALL and PLL are much stiffer than the LF and the ISL, dlose proximity to the
intervertebral disc make the longitudinal ligaments snditrtbutor to the bending stiffness of the

spine.

The ligaments in the upper cervical spine primarily provfdearticulation constraints for the head.
These ligaments, along with the unique anatomy of the C1 and CBreesteprovide the stability of
the head to perform actions such as nodding (the “yes” movemetatiing (the “no” movement),
and tilting (Gray, 1918). The main ligaments responsible for thodistaof the upper cervical spine

are the alars and the transverse ligament (Panjabi et al., 1998).

Rotational motion between of the upper cervical spine complekiefly constrained by the alar
ligaments (Panjabi et al., 1991d). The motion of head rotatidimetoight is limited by the left alar
ligament, and vice versa (Dvorak and Panjabi, 1987; Panjahi 4991d). The TM, the atlanto-axial
membranes, and the capsular ligaments also support tha edatricting rotation movement (Dvorak
and Panjabi, 1987).

The TL maintains the stability between the atlas and thretaxsecuring the odontoid process of the

axis to the anterior arch of the atlas. While the TL a&str much of the translational movement

34



between C1 and C2, it allows effortless rotational motion to obetween these two vertebrae
(Panjabi et al., 1998). It is also a key ligament in flexionhvgtipport from the TM and the

longitudinal fibres of the cruciate ligament (Dvorak and Panjabi, 1987)

Other ligaments in the upper cervical spine play smalllesrin providing stability. The atlanto-
occipital ligaments are mainly responsible for limiting theads movement in nodding (the ‘yes’
movement). AAOM provides some resistance when ‘looking up’ (sidapand the PAOM provide
some resistance when ‘looking down’ (flexion). The atlanto-axiaigrodf the alars ligaments help
provide support for the TL in restricting displacement betweenattes and the axis, and are
influential in lateral bending (Dvorak and Panjabi, 1987). A sumnurthe function of each

ligament in the cervical spine can be found in Table 2-5.

Table 2-5: Summary of the Functional Anatomy of Cevical Spine Ligaments

Ligament Spine Region Motion of Limiting
Anterior Longitudinal Ligament C2-T1 Extension
Posterior Longitudinal Ligament C2-T1 Flexion
Ligamenta Flava C2-T1 Flexion
Capsular Ligament Co-T1 Flexion & Rotatation
Interspinous Ligament Cl-T1 Flexion
Nuchal Ligament co-C7 Flexion
Anterior Atlanto-Axial Membrane Cl-cC2 ExtensiorR&tation
Posterior Atlanto-Axial Membrane Cl-C2 FlexiorR&tation
Anterior Atlanto-Occipital Membrane co-C1 Exteosi
Posterior Atlanto- Occipital Membrane co-C1 Foexi
Alar Ligaments Cco-C2 Rotation
Transverse Ligaments Cl-C2 Flexion & Translation
Tectorial Membrane co-cC2 Flexion & Rotation
Apical Ligament co-C2 Flexion
Inferior and Superior Crux Cco-C2 Flexion

2.5 Muscle

There are three types of muscle in the human body: skeletal, Aedrsmooth. Skeletal muscles,
which are responsible for the production of force and movement o@khe majority of the muscle
of the body (Fung, 1993). In the human neck, the complex group of skeletelesiis essential to
providing stability in a given posture, producing movement during plogaal activity, and

protecting the spine during trauma (White and Panjabi, 1990).
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2.5.1 Muscular Anatomy

Skeletal muscle is soft tissue with a complex microstrecof multiple levels (Figure 2-23). A
single muscle is made up of a collection of fascicles surroundetrdryg connective sheath called
the epimysium. Each fascicle is made up of a collection of lmdibces (or muscle cells), which are
also surrounded by a sheath called the perimysium. The musoée diim range from a few
millimeters to 30 cm long and is between 10 @ in diameter (Fung, 1993). A muscle fibre is

considered the basic unit of the muscle tissue.

Epimysium

Bone Perimysium

i Muscle Fibre

Tendon Fascicle

(Adapted from training.seer.cancer.gov)

Figure 2-23: Microstructure of Skeletal Muscle

Each muscle fibre is composed of a collection of myofibrils, whigh about tm in diameter.
Myofibrils are bundles of myofilaments, which are made up optbéeins actin and myosin and sub-
divided into units called sarcomeres (around6long) (Knaub et al., 1999). The relative sliding
between the actin and myosin proteins, initiated by an elebgmical process, causes the sarcomere
to shorten (Figure 2-24). While the shortening of an individuabsaece may be very small (around
1mm), the cumulative effect of many sarcomeres (nearly 100,000 sarcomeresgie argiscle fibre),

can produce an effective overall contraction for the entire muscle.
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(Adapted from www.tmd.ac.jp)

Figure 2-24: Structure of the Sarcomere in a Relaxkand Contracted State

Skeletal muscles are attached to bone through the interveittbe fibrous tendons (Figure 2-23).
The attachment points of end of the muscle are referredthe asigin and the insertion. The origin
point is the part of the bone where muscle attaches and does not move during conivhetess the

insertion point is located on a bone that moves during contraction.

There are 31 muscles pairs in the human neck (Knaub and Myers, 1988)e Mdairs in the neck are

symmetric about the medial plane, such that a muscle on the left sidenetkis also present on the
right side of the neck. These muscles are divided intorsiMpg: hyoid muscles, anterior muscles,
lateral muscles, suboccipital muscles, back muscles, and verelnan muscles (Gray, 1918).

The hyoid muscle group (Figure 2-25) is a collection of thin negsattached to the hyoid bone that
are associated with swallowing food (Gray, 1918). These musefudher separated into the
suprahyoids and the infrahyoids. The suprahyoids (digastric, geniohygwhymid, and stylohyoid

muscles) are all muscles that are superior to the hyoid boneoandct with either the mandible or

the skull. The infrahyoids (omohyoid, sternohyoid, sternothyroid, and thyromyostlies) are all
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muscles that are inferior to the hyoid bone and connect with the sternum, scapulaidrctnyitage.
It is believed that the suprahyoid muscles do not significafftigtathe motion of the cervical spine,
but a study has shown that the infrahyoid muscles may be a cigmitiontributor to flexion motion

(Gray, 1918; Chancey et al, 2003).

Mandible

Mylohyoid
Geniohyoid Digastric
Stylohyoid
ylony Omohyoid
Hyoid Bone
Sternohyoid

Omohyoid

Sternoclediomastoid

Sternothyoid

Clavicle:

Trapezius

Sternum
(Adapted from Gray, 1918)

Figure 2-25: Anterior View of Superficial Neck Musdes

The anterior muscle group (Figure 2-26) are a set of deep muscles locatedtadj#ite anterior side
of the vertebral column. The anterior muscle group consistsheffahterior and lateralis rectus
capitis, the longus capitis, and the longus colli. The rectus €apiiscles are short muscles that
connect the atlas to the occipital bone, and are responsible éarcprg rotation and lateral bending
of the head. The longus capitis is a long muscle running frommitieéle cervical spine to the skull
that contributes to the flexion movement of the neck. The longlisscalso a long muscle running

from the thoracic spine to the upper cervical spine, and is split intogbrgens.
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Rectus Capitis Anterior

Occipital Bone

Rectus Capitis Lateralis

Longus Capitis
Longus Colli (Superior)

Longus Colli (Vertical)

Middle Scalene
Anterior Scalene

Posterior Scalene

1 Thoracic Vertebra
Longus Colli (Inferior)

(Adapted from Gray, 1918)

Figure 2-26: Anterior View of Deep Neck Muscles

The lateral muscle group (Figure 2-27) is a group of musclesuhain beside side of the vertebral
column, and provide much of the force required for lateral bending. This gfoapscles consists of
the scalene muscles (anterior, middle, and posterior), andteh®ocdeidomastoid. The scalene
muscles run from the lateral processes of the middle and keweical vertebra to the first two ribs.
The sternocleidomastoid is a thick muscle attached to botsteheum and clavicle at one end, and

the mastoid process of the temporal bone of the skull.
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Mylohyoid
Digastric Splenius Capitis
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Stylohyoid
Hyoid Bone Middle Scalene
Thyrohyoid
Anterior Scalene
Sternothyoid

Trapezius

"/

(Adapted from Gray, 1918)
Figure 2-27: Lateral View of Neck Muscles

The suboccipital muscle group (Figure 2-28) is a collection of smastles within the upper cervical
spine. These muscles are primary used for the control of headnmelative to the cervical spine.
The suboccipital muscle group includes the superior and inferior obdigpiéis muscles, and the
major and minor posterior rectus capitis muscles. Both thesreepitis posterior minor and the
oblique capitis superior muscles originate on the atlas and inseéhteooccipital bone. The rectus
capitis posterior major and the oblique capitis inferior Hassoriginate on the spinous process of the

axis, and attach to the occipital bone and the atlas respectively.
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Superior
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Figure 2-28: Posterior View of Deep Neck and Back Mscles

The back muscle group (Figure 2-29) is a set of long muscletedbpasterior to the cervical spine,
and are primarily used to move the cervical spine in exdenBicluded in the back muscle group are
the longissimus muscles, the semispinalis muscles, the splengdes) the iliocostalis, and the
multifidus muscle. The longissimus capitis, the semispiralfstis, and the splenius capitis muscles
originate in the upper thoracic spine and insert all the wahedaoctcipital bone. The longissimus
cervicis, the semispinalis cervicis, and the splenius cerviuscles also originate in the upper
thoracic spine, but insert into the middle cervical spine. The ndulsifmuscle, present over the entire

human spine, originates on the articular process and inserts spitioels process of the vertebra

three levels up (Gray, 1918).

.

U
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Figure 2-29: Posterior View of Superficial Neck andBack Muscles

Finally, the vertebral column muscle group (Figure 2-29) istaoEmuscles that connect the upper
extremities to the vertebral column. These muscles includeetlagol scapula, the minor rhomboid,
and the trapezius muscle. These muscles are primarily fomgtive scapula towards the spine;

however, these muscles can be used to laterally bend the cervical spine.

2.5.2 Muscular Physiology

The only active function of a muscle is to generate a contractile forsengahe muscle to shorten in
length. Muscles cannot lengthen by themselves, so the activatioth@f muscles is required to
stretch the muscle. Muscles that work together to contri@ot/ie unison are called antagonistic
pairs. Every muscle in the human body has at least one antagonistic muscle.
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The maximum force generated during muscle contraction is depemuéim¢ cross-sectional area of
the muscle (Winters and Stark, 1988). A muscle with a largesesectional area has more muscle
fibre to contract than that of a muscle with a smallssEsction. The effective cross-sectional area of
a muscle, typically measured in the midpoint between the imseand origin, is known as the
physiological cross-sectional area (PCSA). Muscles such as theymifita are very small with PCSA
values less than 1 émwhile muscles such as the sternocleidomastoid and most of thenbacles

are significantly larger (greater than 3%m

Since the muscles in the cervical spine are reflecteaeimiedial plane, the function of each muscle
depends on whether it acts unilaterally (only one side is coedjacor bilaterally (both sides are
contracted). Furthermore, the result of unilateral or dmddtcontract of a muscle depends on its
location within the neck. For instance, a muscle pair that i€postnd lateral of the cervical spine
will cause the cervical spine extension when contracted bilatésaiige the lateral forces cancel each

other out), and will cause cervical spine rotation when contractedexallat

A summary of the muscles of the cervical spine can be foundtle 2a6. Included in the summary
is the origin and insertion points (Gray, 1918; Chancey et al, 20@3)nilateral and bilateral action
(Gray, 1918), the PSCA (Knaub and Myers, 1998), and resting sarcomere lenyif €ch muscle
(Knaub and Myers, 1998).
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Table 2-6: Summary of the Functional Anatomy of Cevical Spine Muscles

Muscle Muscle Group Primary Action (Unilateral Ad&eral) Origin Insertion PCSA (én Seest (M)
Oblique Capitis Inferior Suboccipital Rotation ) C1(TP) 1.95 2.6
Oblique Capitis Superior Suboccipital Lat Bend tdfssion C1(TP) Occipital Bone 0.88 2.6
Rectus Capitis Posterior Major Suboccipital Rotati&xtension C2 (SP) Occipital Bone 1.68 3.1
Rectus Capitis Posterior Minor Suboccipital Extensi C1 (Post. Arch) Occipital Bone 0.92

Longus Capitis Anterior Flexion C3-C6 (TP) OctapBone 1.37 2.9
Longus Colli (Superior Portion) Anterior Rotatioflexion C3-C5(TP) C1 (Ant. Arch) 0.69

Longus Colli (Inferior Portion) Anterior RotatiorFlexion T1 - T2 (Ant. Body) C5-C6 (TP) 0.69

Longus Colli (Vertical Portion) Anterior RotatiorFlexion C5 - T3 (Ant. Body) C2 — C4 (Ant. Body) 31.

Rectus Capitis Anterior Anterior Flexion C1 (Latahs) Occipital Bone

Rectus Capitis Lateralis Anterior Lat Bend C1(TP) Occipital Bone

Anterior Scalene Lateral Lat Bend / Flexion C3—-(TB) 'Rib 1.88 3.1
Middle Scalene Lateral Lat Bend / Flexion C2 - CTP) ' Rib 1.36 2.8
Posterior Scalene Lateral Lat Bend / Flexion C5/TP) 29Rib 1.05 2.6
Sternocleidomastoid Lateral Lat Bend / Rotatioteki®n Sternum/Clavicle Temporal 4.92 2.9
Digastric Suprahyoid Swallowing Temporal Bone HyBiohe

Geniohyoid Suprahyoid Swallowing Mandible Hyoid Bon

Mylohyoid Suprahyoid Swallowing Mandible Hyoid Bone

Stylohyoid Suprahyoid Swallowing Temporal Bone Hi/Bione

Omohyoid Infrahyoid Swallowing Scapula Hyoid Bone NE) 2.5
Sternohyoid Infrahyoid Swallowing Sternum Hyoid Bon 0.58 2.6
Sternothyroid Infrahyoid Swallowing Sternum Thyr@artilage 0.65

Thyrohyoid Infrahyoid Swallowing Thyroid Cartilage Hyoid Bone

lliocostalis Back Lat Bend / Extension 43 6" Rib C3-C6 (TP) 1.04

Longissimus Capitis Back Lat Bend / Extension CBHATP) Occipital Bone 0.98 2.4
Longissimus Cervicis Back Lat Bend / Extension TISHTP) C2-C6 (AP) 1.49 2.6
Multifidus Back Rotation / Stabilization C4—-T1RA C2-C6 (SP)

Semispinalis Capitis Back Rotation / Extension Cr6A{TP) Occipital Bone 5.52 25
Semispinalis Cervicis Back Rotation / Extension -TI6 (TP) C2-C5 (TP) 3.06 2.4
Splenius Capitis Back Rotation / Extension C7 «3B) Occipital Bone 3.09 2.7
Splenius Cervicis Back Rotation / Extension C7«3B) Cl1-C3(TP) 1.43 2.6
Levator Scapula Vertebral Column Lat Bend Cl-T3)( Scapula 3.12 25
Minor Rhomboid Vertebral Column Lat Bend C7-TPJS Scapula 1.02 24
Trapezius (Cervical Portion) Vertebral Column Exien C0-T2 (SP) Scapula 13.73 2.8

AP — Articular Process, SP — Spinous Process, TRrsverse Process



Chapter 3

Biological Tissue Mechanics

The cervical spine is composed of two generalized types of bialdggsue: hard (bony) tissues, and
soft tissues. Soft tissues play an important role in therkatic and dynamic behaviour of the human
cervical spine. These tissues connect to the supporting bauegigvertebrae) to allow for the
relative movement between these structures. The developmemiredictive, biofidelic model of the
human cervical spine requires accurate knowledge of the medhaeinzeviour each of these tissues.
Understanding the fundamental mechanics of biological tissiine dbcal level is an essential step to

understanding the mechanics of biological structures at the global level

3.1.1 General Mechanics

The mechanical properties of both hard and soft tissues are @ffuntttheir microstructure and
composition (Fung, 1993). One of the primary microstructural elementshirhbod and soft tissue is
collagen (Fung, 1993). Type | collagen is the most abundant, occurring in almystypeeof human

tissue, including both hard and soft, while Type I, IX, X, ahdollagens are primarily located in
cartilage-like materials. The type of collagen is depenhda its molecular structure, with Types |, I,
lll, V, and IX collagen having a fibre-forming molecular struct(ffeng, 1993). Collagen provides

the strength and support to most biological tissues, as steel girders maldilding (Fung, 1993).

The primary function of collagen fibre is to resist tensibang, 1993). When pulled in tension, the
stress response of collagen fibre is nonlinear and in thistiact regions (Figure 3-1). In the first
region (the ‘toe’ region), the stress increases exponentidlyincreasing deformation. This region
transforms into a second region with linear response, witbdulms around 1.24 GPa (Fung, 1993).
The third region is again nonlinear with decreasing stiffoesisthe fibre ruptures. Because collagen
fibre is a nonlinear material, many of the biological #ssuwith collagen as a predominant

component also exhibit nonlinear response.

The arrangement of the collagen fibres is also an importanttaspdissue mechanics, as fibre
orientation determines the degree of apparent orthotropy cfueetiSissues that have collagen fibres

organized in parallel, such as ligament or annulus fibrosus, disigiaificant orthotropic behaviour,
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with stiffness in the fibre direction being orders of magnitgdmter than stiffness perpendicular to
the fibres. Tissues with a random arrangement of collagessfils in the nucleus pulposus, display

isotropic material properties.

Stress

Stretch

Figure 3-1: Nonlinear Stress-Stretch Response of Gagen Fibre

Hard tissue such as cortical bone can be considered a comgsmit since collagen fibres are
embedded in a matrix of brittle mineral (Cowin, 2001). In soft tissaklagen fibres are integrated
together with an intercellar substance consisting of elastoh a hydrophilic gel called ground
substance. Elastin, as the name suggests, is the most ekstimhknown in the human body, and is
primarily concerned with returning soft tissue to its origisahpe (Fung, 1993). This ground
substance is composed of proteoglycans and water, and is theeelsiefi why soft tissues tend to

have viscoelastic characteristics (Fung, 1993).

3.1.2 General Viscoelasticity

Biological tissues, particularly the soft tissues, exhibit aue mechanical response known as
viscoelasticity. Viscoelasticity is the term given tatarials that exhibit both viscous and elastic
properties. In essence, viscoelastic materials have adémendent response (viscous) and a time-

independent response (elastic). The viscoelastic effect it snfigissues comes from two different
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mechanisms: flow-dependent viscoelasticity (the result aidrial drag forces caused by interstitial
fluid flow), and flow-independent viscoelasticity (intrinsic \dstastic response of the solid tissue

matrix) (Skaggs et al., 1994).

Viscoelastic materials display mechanical phenomena sucleas sttaxation, creep, hysteresis, and
increasing stiffness with increased strain-rate (Fung, 1993seThigenomena are used to determine
the viscoelastic properties of tissue, with stress relaxatnd creep testing being the most frequent
type of study. Both relaxation and creep are long-term phenomena, andxipeiiments are often

done over extended periods of time (> 1000s)

A stress relaxation experiment involves applying a constanh dtvea material, and monitoring the
resisting load (stress) over time (Figure 3-2). A pureielasterial will have a stress response that is
constant with the applied strain, whereas a pure viscousWilliceach an instantaneous peak stress
that will decay to zero stress over time. However, a viastiel material will reach a peak

instantaneous stress and will decay to a constant stress over time.

\

Elastic Solid

Viscoelastic Solid

Stress

Viscous Fluid

Time

Figure 3-2: Response for Different Types of Materik in Stress Relaxation
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Viscous Fluid

Viscoelastic Solid

Strain

Elastic Solid

Time

Figure 3-3: Response for Different Types of Materiks in Creep

For a creep experiment, a constant applied load (stress) isdpplthe material, and the resulting
strain is monitored over time (Figure 3-3). As with the rdiaxatest, a pure elastic material will
maintain a constant strain with the applied load, whereas augidtuid will theoretically reach an

infinite strain over time. However, a viscoelastic material widkghu to a constant strain over time.

While relaxation and creep experiments deal with long-term respengnts involving impact are
typically very short. The response of a viscoelastic r@tshort-duration strains (or high strain
rates) is an increase in stiffness from the time-independkasti€) response (Figure 3-4). High strain
rate testing often deals with a regime of loading that iscapnsidered in creep or relaxation testing,
so generalizing the viscoelasticity of a material using osllaxation or creep data may introduce an
inaccurate stiffening response of the material at high staéas seen in impact loading or automotive
crash. Additional material testing using other techniques magdwered. A list of the various types

of material testing techniques and their associated strain-rategesegan be seen in Figure 3-5.
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Figure 3-4: Viscoelastic Stress-Strain Response ftmcreasing Applied Strain-Rate
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(Adapted from ASM, Vol. 8: Mechanical Testing angakiation)

Figure 3-5: Material Testing Techniques for DesiredStrain-Rate
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3.2 Bone Mechanics

The vertebrae are part of the human skeletal system, beindrbuoilosseous (bone) tissue. Bone is a
hard biological material, having a composition of 65% minemdam@rily hydroxyapatite) and 35%
organic matrix (a mixture of collagen, water, and cells) (iGp2001). There are two basic types of
bone in the human body: cortical bone (also referred to as compact hdnegrecellous bone (also
referred to as trabecular bone). Cortical bone is a densa,nsalerial that typically forms the outer
surface of a bone. Cancellous bone, on the other hand, is a highls poaterial made up of an open
latticework of tubular and platen structures called trabec@ancellous bone exists on the inside of
bones, surrounded by the cortical bone. Filling the void of the cancéltmesis a fluid mixture of

blood and marrow (Carter and Hayes, 1977).

A summary of previous research involving the mechanical propetiboth cortical and cancellous
bone can be found in Table 3-1 at the end of this section. Human aédabcellous bone properties
are taken from studies involving the lumbar spine region. Duleetdatk of previous studies on the

vertebral cortical shell, only select cortical bone propertieseg@ted.

3.2.1 Bone Mechanical Behaviour

Human vertebral cancellous bone is a widely studied tissue leecduts significant role in the
strength and load-carrying capacity of the vertebra (Whitk Ranjabi, 1990). The mechanical
properties of the cancellous bone depend on the mineral density, votaotenf trabecular
architecture, and the trabecular tissue properties (Lindahl 1M@6ekilde et al., 1987). Mineral
density is very important in characteristic of cancellousshbas it is directly related to the apparent
stiffness of the bone (Mosekilde et al., 1987). With age, clmusebone mineral density decreases,
reducing the compressive strength of the human vertebrae (@adeHayes, 1977; Cody et al.,
1991).

Mineral density is also directly related to the volume ticacor apparent density of the cancellous
bone (Hansson et al., 1987). An increase in apparent density mean®thatabeculae are able to
provide structural support for a given load, increasing thenetff of the bone. Vertebral cancellous
bone has an apparent density between 0.1°gom 0.3 g/crh(average approximately 0.2 g/m

whereas tibial and femoral cancellous bone apparent densityuakehigher, with an averages of 0.4
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g/cntand 0.5 g/crirespectively (Rohlmann et al., 1980; Linde al., 1991; Kopperdahl aaddtey,
1998). An apparent density of 0.2 gfcoorresponds to a volume fraction of 0.1, with trabecular

tissue (and cortical bone) having a density of approximately 2. ¢kaaveney et al., 2001).
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Figure 3-6: Young’s Modulus as a Function of Canc&us Bone Apparent Density

The architecture of the trabeculae has influence on thetamgoof the mechanical properties in
cancellous bone (Keaveney et al., 2001). With a volume fractiortHass0.2, vertebral cancellous
bone can be considered as an open celled structure (Carter ses] H2¥/7; Linde et al, 1991). This
open celled structure follows Wolfe’s Law, by being consgadioof thick vertical trabecular rods
connected by thinner horizontal trabeculae (Mosekilde et al., 1987; Kigpeind Keaveny, 1998).
This is because the primary loading direction of the cémeelbone is vertical due to the axial
compression of the vertebral body. A result of this oriented aralnigerst that the vertical direction is
approximately 3 times stiffer and stronger than in the horizaiettion (Carter and Hayes, 1977;
Mosekilde et al., 1987). This anisotropy is accentuated with lageause deterioration of bone
density results in a prominent loss of the thin horizontal éidbe without a significant loss in the
thickness of the vertical trabeculae (Mosekilde and Mk 1986). The ratio of vertical to
horizontal stiffness in human cancellous bone has been shown tasidrg 63% between the ages
of 20 and 80 (Mosekilde and Mosekilde, 1986).

51



(Adapted from White and Panjabi, 1990)

Figure 3-7: Cross-section of the Vertebral Body Shwing the Dominate Vertical Trabeculae

The remaining factor involved in the mechanical propertiesasicellous bone is the mechanical
properties of the trabeculae themselves. It has been found thatl nabecular tissue and cortical
bone have similar compositions and tissue densities, and as & thsyl have very similar
mechanical properties (Carter and Hayes, 1977). Trabeculae tissrelatively stiff and brittle,

behaving more like a ceramic material than a metal material (C2@0r,).

Because of the similarities between cortical bone andduédnetissue, cortical bone can be thought
of as cancellous bone with a high volume fraction and minimal pgrdgie factors that affect the
mechanical properties of cortical bone include mineral density, ipgrasd the orientation of the
collagen fibres present in the organic matrix (Kotha and Guz2@03). Similar to cancellous bone, a
decrease in bone mineral density results in a decrease in alasiulus, yield strength, and ultimate
strength of cortical bone (Kotha and Guzelsu, 2003; Currey, 2004). ldowbe decrease in bone
mineral density with age in cortical bone is not as pronouasétlis in cancellous bone, resulting in

an increased role load-bearing capacity for the human vertebrae.

In general, the mechanical behaviour of cortical bone itafsc, having different properties in
different anatomic sites (Reilly and Burstein, 1975; Cowin, 200k drientation of the collagen
fibres gives the bone anisotropic behaviour. The presence ¢ filges also helps increase the
toughness of the cortical bone, reducing the risk of crack propagialia et al., 2005). The
anisotropy in human vertebral cortical shell has not been preyioestarched, but it hypothesized
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that the vertebral shell is not significantly anisotropic duthé relatively low load-carrying capacity.
It was found that there is no significant difference in edastbdulus for cortical bone in tensile and

compression (Reilly at al., 1974).

3.2.2 Bone Viscoelasticity

The intrinsic viscoelastic properties of both cortical bone arta@lous bone are known to exist,
although this effect is often insignificant when compared to threognding soft tissue (Cowin,
2001). The mineral portion of bone tissue is considered virtually@lasiving almost no measurable
dynamic storage properties (Cowin, 2001). The intrinsic visciel@sponse of bone is a side effect
of the organic matrix portion of the tissue. The molecular matfdhe cross-linked collagen fibres is
believed to provide the mechanism for this viscoelastic effeowin, 2001). Nevertheless, both
cortical and cancellous bone exhibit classic viscoelastic beimasiemonstrated by creep, relaxation,
and strain-rate stiffening effects (McElhaney, 1966; Canel ldayes, 1977; Fondrk et al., 1988;
Linde et al., 1991; Bowman et al., 1994). Studies have shown that th@liases of creep behaviour
(initial rapid response, a steady state creep at constantwrat a rapid increase in strain just prior to
fracture) seen in metals and ceramics, are also seen ircdrdital and cancellous bone (Caler and
Carter, 1989; Bowman et al., 1994).

With the pores of cancellous bone being filled with a fluid phésarrow), flow-dependant
viscoelastic behaviour is also produced. It was found that tlsemre of marrow did not influence
the viscoelastic behaviour at low to moderate strain rategh(Bt al., 1973; Carter and Hayes, 1977).
It was not until specimens higher strain rates (greater thah dXperienced an increase in stiffness,
leading to the conclusion that the under moderate, physiologicahtpacncellous bone is not

hydraulically strengthened by the presence of marrow (Carter and Hay&$, 1

Creep or fatigue testing of bone are often use to identify dangage mechanisms as constant and
repetitive loading has been known to cause bone failure partjcubamineral-reduced bones
(Cowin, 2001). Bone damage is a result of overloading the bonetpadtysiological threshold. In
cortical bone, osteon pullout, microcracking, and void compaction @xdamage mechanisms at
the microscopic level (Saha and Hayes, 1976). Cancellous bone darapgarint in the trabeculae,
which undergoes microdamage including longitudinal and transverseardcks, leading to whole

trabecular fracture (Yeh and Keaveny, 2001). Also prevalerbvindensity cancellous bone in
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compression are trabecular buckling failure mechanisms dbe ®lenderness ratio of the supporting

trabecular struts (Carter and Hayes, 1977; Kopperdahl and Keaveny, 1998).

3.2.3 Bone Injury and Failure

Damage accumulation within bone results in an apparent softeeimgvior and a corresponding
permanent deformation. Onset of material softening is oftenifiéentis the yield point, relating
bone mechanics to metallic elastic-plastic models. This peialso commonly referred to as the
point of bone failure, which not to be mistaken for bone fracturepiure. Yielding is a simplified
description of bone damage, however unlike metals, yield behaviour insoaea result of material

plasticity, but of microscopic damage described above.

Also different than metal behaviour, bone does not unload along itic elasdulus after plastic
deformation has occurred. Instead, bone unloads along a reduced snibdullis not significantly
different from the perfect damage modulus idealized in clas#itelbmaterials (Kopperdahl et al.,
2000; Yeh and Keaveny, 2001; Kosmopoulos and Keller, 2003). Even subtle damage to ttheaihdivi
trabeculae in cancellous bone can cause a significdnttien in apparent modulus, without entirely
fracturing trabeculae (Keaveny et al., 2001). An example of &dlstress-strain curve of an
overload specimen of cancellous bone can be in Figure 3-8. Figaires & description of the

accumulated damaged (measured as a reduction in modulus) of human venmeetbdusabone.
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Figure 3-8: Load-Unload-Load Behaviour of Human Vetebral Cancellous Bone
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Figure 3-9: Reduction of Elastic Modulus due to Apprent Yield Strain of Cancellous Bone
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A strain-based description of bone damage is mathematicaiplesiand statistically powerful since
yield strain does not depend on the mineral content, porosity, rapgobr histology of the bone
(Hansson et al., 1987; Linde et al., 1991; Kopperdahl and Keaveny, 1988rKeet al., 2001;
Morgan and Keaveny., 2001; Currey, 2004). However, the post-yield beha¥icortical bone is
highly dependant on the proportion of organic matrix. A high composifianganic matrix in the
bone increases the toughness of the bone (Currey, 2004; Nalla2€04&)). It was also found that wet
bone shows more plasticity than that dry bone (Evans and Lebow, 195&ythédass, the plastic
deformation of bone in tension is relatively low (approximatki¥%) before fracture will occur
(Reilly et al., 1974). This behaviour is synonymous to brittle nagenwhich are generally weak in
tension (Saha and Hayes, 1976).

It is for the above reasons that damage continuum models for brétkrials (such as ceramics) are
ideal for representing the mechanical behaviour of bone. Howtnesse models are complex, and
often difficult to apply without appropriate material data. On dtfeer hand, simple elastic-plastic
models with yield-strain criteria are easy to implement and adequatelyaée for monotonic loading
of bone.

A summary of the mechanical properties of bone can be found in Table 3-1.
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Table 3-1: Summary of Mechanical Properties Studiesf Bone

Study Bone Source Type Test Results
=0.001/s: E = 15.2 GPa,& 1.65%,s,: = 150.3 MPa
=0.01/s: E=17.2 GPaw& 1.75% s, = 179.3 MPa

. . =0.1/s: E=17.9 GPae 1.80%,s,; = 199.9 MPa
McElhaney, 1966 Human Femur Cortical Compression A oSl

Reilly et al, 1974

Reilly and Burstein, 1975

Lindahl, 1976

Saha and Hayes, 1976
Carter and Hayes, 1977
Hanson et al, 1987

Mosekilde et al, 1987
Linde et al, 1991

Kopperdahl and Keaveny, 1998

Morgan and Keaveny, 2001

Currey, 2004

Human Femur

Human Femur

Human Vertebrae
Human Femur
Mulitple
Human Vertebrae

Human Vertebrae
Human Tibia

Human Vertebrae

Human Vertebrae

Human Femur

Compression

Cortical .
and Tension
. Compression
Cortical P )
and Tension
Cancellous Comprassio
Cortical Tension
Cancellous Comjoass
Cancellous Cesajum
Cancellous  mg@ession
Cancellous Compressio
Compression
Clancel P )
and Tension
Compression
Cancellous P .
and Tension
Cortical Tension

=1s: E =22.1 GPaye 1.78%,su = 220.6 MPa
=300/s: E=29.6 GPae 1.10%su: = 279.2 MPa
=1500/s: E =40.7 GPa,:& 0.95%,su: = 317.2 MPa
E =17.4 GPa,g=2.71%s, = 192.5 MPa (Compression)
E =16.8 GPa,g=2.09%5s, = 128.5 MPa (Tension)
E.=17.0 GPa, &= 11.5 GPa, G = 3.28 GPa
Suin = 193 MPas uie,3 = 133 MPa (Compression)
Sun = 133 MPas i3 = 51 MPa (Tension)
E =55.6 MPa, g= 6.7%,sy = 4.0 MPa, & = 9.5%,s,: = 4.6 MPa
E =14.5 GPas, = 76.7 MPa, @ = 1.15%,s 4 = 126.3 MPa
E =3790%%3% s, = 68 *%?
E =22.3 MPa, = 6.0%,s,y = 1.37 MPa, & = 7.4%,s,: = 1.55 MPa
E; =67 MPa, gy = 7.4%,Suu = 2.45 MPa (Vertical)
E, 3= 20 MPa, gu = 8.5%,s,u = 0.88 MPa (Horizontal)
E = 223207156 g, = 0.0256°% s, = 40.2007% 165
E =291 MPa, g= 0.8%,sy = 1.9 MPa, & = 1.5%,5.: = 2.2 MPa (C)
E =301 MPa, g= 0.8%,sy = 1.8 MPa, @& = 1.6%,s5,: = 2.2 MPa (T)
E =344 MPa, = 0.77%,s, = 2.02 MPa (Compression)
E =349 MPa, = 0.70%,s, = 1.72 MPa (Tension)
E =16.7 GPa,ye= 0.72%,s, = 112.3 MPa, & = 2.93%,5 .« = 165.7 MPa




3.3 Cartilage Mechanics

Numerous studies have been carried out to identify the meehgnaperties of articular cartilage,
since it is involved in common degenerative diseases such as ostésdHboritand Mockros, 1976).
Many of these studies are listed in Table 3-2 at the endsoédlation. Early investigations into the
mechanical properties of cartilage, using indentation techniqaesaled significant viscoelastic
behaviour (Hayes and Mockros, 1971). It has been proposed that the ethianism for cartilage
viscoelasticity is the frictional interactions resultifigm interstitial fluid flow, since cartilage is a
porous medium (Fung, 1993; Mow and Guo, 2002; Li et al., 2003). When cartildgeded in
compression, a loss of tissue volume occurs from fluid seepaetlie tissue, which also gives rise
to significant viscoelastic response (Mow and Guo, 2002). A typitakation response of articular

cartilage in unconfined compression can be seen in Figure 3-10.
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Figure 3-10: Reaction Force of Unconfined Cartilag in Relaxation

The majority of mechanical testing on articular cartilage been done using viscoelastic methods
such as relaxation, creep, or indentation testing (Hori and Mock®d$; Woo et al., 1980). The
response of the tissue in these tests was found to be largelgddat on the porosity of the tissue
(Hayes and Mockros, 1971). This finding led to the development gfteadic model for cartilage,

which consisted of a mixture of permeable solid matrix and incasiimie viscous fluid (Mow et al.,
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1980). This model was later expanded to include nonlinear permeadilisgtropy, and nonlinear

elastic solid behaviour to better fit the results of experimenSil{2istro and Suh, 2001).

The results of various studies on the compression of aticaltilage show that, for being a load-
bearing tissue, the quasi-static elastic stiffness igivelg low (less than 1 MPa) indicating that
hydrostatic pressure in the interstitial fluid is the m&onrce of support (Mow et al., 1980; Ateshian
et al., 1997; DiSilvestro and Suh, 2001; Huang et al., 2005). The presfenygee Il collagen fibres
that make up the solid matrix provide an equilibrium elastitness in tension that is approximately
5 — 25 MPa, many times greater than in compression (Mow and Guo, 20889 et al., 2005).
Furthermore, nonlinear mechanical properties can be observegiontelue to the collagen network
(refer to Figure 3-1), whereas the elastic properties dilazgg in compression are primarily linear
(Mow and Guo, 2002; Huang et al., 2005).

Table 3-2: Summary of Studies on the Mechanical Pperties of Articular Cartilage

Study Type of Experiment

Hayes and Mockros, 1971 Creep and Relaxation iffi@&mh Compression, Torsional Shear
Kempson et al., 1971 Creep Indentation

Hori and Mockros, 1976 Short-time Response in CadfiCompression, Torsional Shear
Hayes and Bodine, 1978 Sinusoidal Shear

Mow et al., 1980 Creep and Relaxation in Confinedh@ression

Woo et al., 1980 Sinusoidal and Relaxation in T@msi

Simon et al., 1984 Creep and Relaxation in Tension

Setton et al., 1993a Creep in Confined Compression

Ateshian et al., 1997 Creep and Relaxation in @eadfiCompression

Bursac et al., 1999 Relaxation in Unconfined Corsgin, Confined Compression
DiSilvestro and Suh, 2001 Relaxation in Unconfi@mpression, Confined Compression, Indentation

3.4 Annulus Fibrosus Mechanics

The response of the healthy intervertebral disc under vapas of loading is predominately due to
the load-carrying capabilities of the annulus fibrosuseibiNumerous experimental studies have
been conducted on the annulus in an effort to characterize the metha&hiaviour of the tissue, and
identify its role in spinal motion and injury. The mechaniaidviour of the annulus originates from
three basic constituents: i) the annular fibres, ii) the hommge matrix, and iii) the interaction
between the fibres and the matrix, and the fibres with edwr ¢ivVagner and Lotz, 2004). It is the
focus of most annulus studies to address these elements areffdetion the entire annulus tissue.
Furthermore, the annulus fibrosus is considered heterogeneous iressimprand tension because of
its composite structure, thus requiring a significant amoutgstfdata to fully characterize the tissue
(Ebara et al., 1996). A summary of the studies of the mechanigpérties of the annulus fibrosus

can be found in Table 3-3 at the end of this section.
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3.4.1 Annulus Fibrosus Mechanical Behaviour

The single annular lamina is considered the basic terisiletiral element of the annulus fibrosus
tissue (Skaggs et al., 1994). When pulled in tension, a singl@dadmplays marked non-linear
behaviour (Figure 3-11) (Skaggs et al., 1994; Holzapfel et al., 2005)inTia¢ toe region of the
stress-strain response is dominated by the straighteningngpexti annular fibres with the matrix
material (Figure 3-12) (Elliot and Setton, 2001; Pezowicz et al.,)2@35the fibres progressively
straighten, the response becomes linear and the fibres becanry the tensile load. This nonlinear
behaviour also translates to multilayer specimens in bothrofierential and axial tension (Galante,
1967; Wu and Yao, 1976; Adams and Green, 1993; Acaroglu et al., 1995;eElatral 996; Elliott
and Setton, 2001; Wagner and Lotz; 2004).

Engineering Stress (MPa)

1.04

Stretch

(Reproduced from Holzapfel et al., 2005)
Figure 3-11: Response for a Single Lamina in Tengicalong the Length of the Fibres
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Unloaded

(Adapted from Pezowicz et al., 2005)

Figure 3-12: Annular Fibres from an Unloaded Crimped State to a Stretched State

The mechanical properties of the single lamina also vary depgotdi where on the intervertebral
disc the specimen was sampled. It has been found that the anbobssisiis stiffer in the outer
lamina compared to the inner lamina, thus it is possible tdeciwa ideal state of near uniform
circumferential stress within the annulus (Skaggs etl@84; Holzapfel et al., 2005). This regional
variation is also present when testing multilayer specimemsther the circumferential or the axial
direction (Acaroglu et al., 1995; Ebara et al., 1996; Elliott and Setton, 2001).

When considering the in-plane tensile properties of the annbhasis in the lamina, it is important
to distinguish between single and multilayered samples. Preparingltilayer specimen from an
intervertebral disc requires cutting of the annular fibleshas been shown that cutting fibres
introduces a stress-free edge to the specimesitro that would have otherwise been suppoited
vivo (latridis et al., 2005). This dramatically reduces thengtte of the sample (Green et al., 1993).
Furthermore, a multilayer specimen often has an unknown numbamaifde, which can have a
variation of fibre orientation within each lamina. This undatyaplays a significant role in assessing
the quality of data from a multilayer specimen in tension (&ufld et al., 2005). Because of the
limited nature of in-plane multilayer tensile testing, sifglger tensile data is a superior method for

determining the mechanical behaviour of the annulus (Holzapfel et al., 2005).

Axial tensile testing of multilayer specimens at variousglilog rates (ranging from 0.001 1/s to 3 1/s)
resulted in a slight increase in tensile stiffness with an increasaiin-sate, while ultimate stress and
ultimate strain showed no dependency on strain-rate (Kasra €0@#). It was then hypothesized
that rate dependence in mechanical properties of the annuluk lmyrimarily due to the annular

fibres and not the annulus matrix. However, this hypothesis wpsodésl when tensile testing of

61



single layer specimens at a range of low strain-rates (0.Animnto 10 mm/min) resulted in the
annular fibres displaying no significant viscoelasticitypl¢apfel et al., 2005). However, the results
of these two studies may not be significant for modelling the andildussus in cervical spine
impact, since preliminary full spine model simulations intdidhat strain-rates can reach as high as
200 1/s.

The radial properties of the annulus fibrosus (the directipergendicular to the annular fibres) are
considered the mechanical properties of the homogenous ground substartgehirthe annular
fibres are embedded, since the fibre influence in this dire® negligible (Fujita et al., 1997; Elliott
and Setton, 2001). Tests on the tensile behaviour of the ground sulsdtanca distinct non-linear
response that is capable of sustaining large deformation (FsgL83. However, unlike the tensile
properties of the annulus lamina, the tensile properties ofritiend substance were found to be

independent of annulus region (Fujita et al., 1997).
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Figure 3-13: Engineering Stress-Stretch Curve for &Multilayer Specimen in Radial Tension

When comparing compressive response of the annulus ground substathee axial and radial
directions, no significant differences in mechanical resporese Yound suggesting that the ground
substance is an isotropic material (latridis et al., 1998cKland Lotz., 2000). Compression results
also indicate that the compression response of the ground subs&anoglinear, with no site
dependence (Figure 3-14) (latridis et al., 1998; Klisch and Lotz, 2000).
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Finally, studies on the behaviour of the annulus tissue in shedewredespite the notion that
interlaminar shear stresses play a dominant role in annulusugbigsiry (Goel et al., 1995). Cubes
of annular tissue were tested showing that the shear behawitwar ltnear and anisotropic, with a
small regional dependence (Fuijita et al., 2000). However, thedlfiffe in shear moduli out-of-plane
from the laminae was found to be insignificant, indicating thatdtseeription of anisotropy stems
from the influence of fibre. Furthermore, shear testing was twrsrains up to 10%, so non-linear

effects may not have been realized at these relatively smatisstFajita et al., 2000).

0

T
|
:
¥ T A I
|
|
|
|

02+--—-"—-—-"-"""-"“"—"—"—"———— S~ — —— - ——

B e e e e e

Stress (MPa)

05 +--/-----

064 -------

|
|
|
|
|
|
|
|
|
|
|
|
l
04t - i b
|
|
|
|
|
|
|
|
|
|
|
|
|

-0.7

Stretch

(Reproduced from latridis et al., 1998)

Figure 3-14: Engineering Stress-Stretch Curve forlie Annulus Fibrosus in Compression

3.4.2 Annulus Fibrosus Viscoelasticity

Relaxation testing of the annulus ground substance tissue in abrdomepression resulted in a
viscoelastic response (latridis et al., 1998; Klisch and Lotz, 20003. dften reported that this
viscoelastic effect is a result of the fluid-transpodcimnisms described by biphasic mixture theory,
since there was a noticeable amount of fluid loss in the t{&est et al., 1994, latridis et al., 1998;
Klisch and Lotz, 2000).

Small-strain dynamic testing in shear, however, can isolatédtv-independent viscoelastic effects
from the flow-dependent effects (latridis et al., 1999). It vegmorted that the intrinsic viscoelastic
effects of the annulus tissue in shear caused an incofek® — 2 times the equilibrium stress,

whereas in the confined compression cases, the combined viticoelffiect caused an increase
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around six times the equilibrium stress. (latridis et al., 1888dis et al., 1999). This identifies that
flow-dependent effects are the dominant viscoelastic mechamigiinia the annulus tissue for low
strain-rates (latridis et al., 1999). Studies of annulus fibrosaselasticity at strain-rates applicable
to impact conditions (up to 200 1/s as seen in preliminary impact g)pddiere the fluid does not

have sufficient amount to dissipate, are currently unavailable.

3.4.3 Annulus Fibrosus Injury and Failure

Like any biological tissue, overloading the annulus fibrosus déithage the structure of the tissue
and affect the physiology of the spinal motion segment. Spipalyirand pain has often been
associated with trauma to the intervertebral disc, and nieayies pinpoint the failure of annulus as
the main injury mechanism source (latridis et al., 2005). Failfirehe annulus or collagenous
network will often result in intervertebral disc injesi such as disc herniation or nucleus prolapse
(latridis et al., 2005). For example, the posterolateral regiamenfintervertebral disc is the most
frequent area of disc failure, which is caused by a failurthe annulus attributed to the reduced
tensile failure stress found in that region (Skaggs et al., 1994; Ebara et allati99i;et al., 2005).

There are three main types of tensile-failure related asnfiltwosus tears: i) radial tears that
propagate through multiple laminae, ii) circumferential tedrat trupture a lamina on the
circumference of the disc, and iii) rim lesions, which ieaxing of the periphery of the annulus at the
cartilaginous endplates (latridis and ap Gwynn, 2004). Thes@amisons are often difficult to
accurately reproduce during vitro testing (Natarajan et al., 1994). When testing a bone-annulus-
bone specimen in axial tension to failure, the common mechanism of was failure of the
cartilagous endplate-vertebral body interface rather thawifiteitself (Green et al., 1993; Kasra et
al., 2004). At higher tensile strain-rates (3 1/s), the injuschmanism switched to failure of the
annulus fibrosus, which suggested that strain-rate sensitivithe annulus is less than in the
endplate-vertebral interface (Kasra et al., 2004). However, this stugyonsidered a small range of

strain-rates that are below rates seen in impacts (0.001 1/s to 3 1/s).

Tensile failure of the annulus fibrosus is not a catastropyeat, but rather a gradual progression of
damage (Figure 3-15) (Pezowicz et al, 2005). Damage initiatéisei annulus as localized fibre-

endplate anchorage begins to fail (Point A), This event doepropagate a tear across the entire
array of fibres, but rather transferring the load to otheionsgof the tissue. Eventually, these fibres

also begin to pullout, leading to isolated fibre bundles slidinth vain otherwise intact array
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(Pezowicz et al, 2005). The rapid decline in stress (Point A te 8)ésult of the cumulative increase

in sliding and separation throughout the tissue, until full separation occims (.0

Another theory for annulus fibrosus failure stems from the affinite element modelling (Goel et
al., 1995). It was suggested that interlaminar shear stress was a maetrgigry mechanism in the
annulus than the tensile failure of the annular fibres (Goal.efl995; Fujita et al., 1997). These
shear stresses result in the delamination of the annulas laylich initiate the proliferation of
further disc damage (latridis and ap Gwynn, 2004, latridis.eR@05). While most of the research
into this type of failure mechanism is limited by the lacklofical research, interlaminar shear stress

Is an important failure mechanism in traditional composite madgj@oel et al., 1995).
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Figure 3-15: Tensile Stress-Strain Response of an§le Lamina along the Fibre Direction
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Table 3-3: Summary of Studies on the Mechanical Pperties of the Annulus Fibrosus

Study

Specimen Type

Direction of Loading

Type op&nmental Test

Galante, 1969

Wu & Yao, 1976
Adams & Green, 1993
Green et al., 1993
Best et al., 1994
Skaggs et al., 1994
Acaroglu et al., 1995
Lotz et al., 1995
Ebara et al., 1996
Fujita et al., 1997
latridis et al., 1998
latridis et al., 1999

Fujita et al., 2000
Klisch & Lotz, 2000

Elliott & Setton, 2001
Bass et al., 2004
Kasra et al., 2004
Wagner & Lotz, 2004
Holzapfel et al., 2005
latridis et al., 2005

Multi
Multi
Multi
Multi
Multi
Single
Multi
Multi
Multi
Multi
Multi
Multi

Multi, Single
Multi

Multi
Multi
Multi
Multi

Single
Multi

Circumferential
Circumferential
Axial
Axial
Radial
Parallel to Fibre
Axial
Multi-Planar
Circumferential
Radial
Axial, Radial
Axial Plane

Multi-Planar
Axial, Radial

Axial, Radial, Circurafential
In-Plane
Axial
Circumferential
Parallel to Fibre

Circumferential

Quasi-statim$en

Quasi-statiefsion

Quasi-static Tensio

Quasi-static Tenstorfailure
Creep Confined Coasgion

Quttic Tension

Quasi-static Teos

Relaxation Zine
Quasi-statension

Quasi-static Tarsi Dynamic Tension
Relaxati€Confined Compression
Dynamic $tre

Re&ion Shear
RelaxatioBonfined Compression

Quasi-static Tension
Quasi-static Baadiension

Dynamic Tension tailere

Quasitstalension, Unconfined Compression

Qitstatic Tension, Dynamic Tension
Quasasc Tension to Failure
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3.5 Nucleus Pulposus Mechanics

The nucleus pulposus has not been as extensively studied as the &bmasus, primarily because
there has always been the notion that the nucleus was simplyiscid fluid (latridis et al., 1996).

More recent testing has shown these assumptions to be false. Wid\stear study was done to
identify the viscoelastic properties of the nucleus pulposus. thdemic conditions, the nucleus
was found to exhibit viscoelastic-solid like charactassstivith low energy dissipation (Figure 3-16)
(latridis et al., 1996). However, in a relaxation-type loading cmndithe equilibrium stress of the
nucleus approached zero, acting as a viscoelastic-fluidd{tagt al., 1996). Preliminary analysis of
the full cervical spine in impact has revelaed that the nughelgosus undergoes a significant

amount of shear (up to 65%) due to the relative motion between adjacebtaert

It was also shown that healthy nucleus pulposus has a bulk modghttydiess than that for water
(Yang and Kish, 1988).
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(Reproduced from latridis et al., 1997)
Figure 3-16: Shear Relaxation Response for Nuclel&ilposus

3.6 Ligament Mechanics

Quantification of cervical spine ligament behaviour is essleiatr predicting the functionality of the

head and neck during impact loading. As ligaments help maintain the head and neck iarsgsadé r
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motion, accurate definition of the load-deflection charadtesiss essential for producing physical
behaviour of the cervical spine within the safe range of matisnwell as on the verge of traumatic
response. A summary of the available literature for cahdpine failure force and failure deflection
can be found in Table 3-5 and Table 3-6.

3.6.1 Ligament Mechanical Behaviour

As with most soft-tissue biological material, testing and tify@mg ligaments is often difficult, as
most tests are destructive to the ligaments, and require-djesestion of post-mortem subjects.
Ligaments do not support compressive loads and are only effeicti uniaxial tensile loading
(Yoganandan et al., 2001). This simplifies both the experimental nsetrat numerical modelling

approach to ligament mechanics.

Ligaments are composed of a mixture of elastin and collagers filbganized in a uniform direction.
The share of each of these proteins and the orientation of lthgetofibre are responsible for the
mechanical behaviour of the tissue (Panjabi et al., 1998)mieges that are high in elastin content,
such as the ligamenta flava, tend to be more resilient and ardecapahdergoing large deformation
without damage (Shim et al., 2006). Ligaments high in collagenient, such the alars and the
transverse ligament are much stiffer and do not signifistatch prior to ligament failure (Dvorak
and Panjabi, 1987). The interaction between the elastin and emlfdge also characterizes the

mechanics of the ligament.

The load-displacement response of a ligament loaded in uniaxiaérteassimilar to a sigmoidal
curve (Chazal et al., 1985; Yoganadan et al., 1989a; Shim et al., 2006)type of mechanical
behaviour is very similar to the uniaxial tension response laimena of annulus fibrosus, also a
collagen fibre-dominated tissue. The shape of the response caonkiea blown into three distinct

regions (Figure 3-17).

An initial low-stiffness phase called the ‘toe’ region occassthe collagen fibres are engaged and
straightened. Stiffness gradually increases as moregeallfibres reach a straightened state, until the
overall ligament exhibits a phase of linear stiffness (Aheizal., 1985; Panjabi et al. 1998). The
linear region of the load-displacement response of the ligatnatinues until the ligament begins to
damage (likely the result of individual collagen fibres kileg). This region is known as the sub-
traumatic region and is defined by the stiffness of the ligarsefténing until a point where the
maximum load is reached, and the ligament begins to rupturediGitaad., 1985). It has been shown

that loading into the sub-traumatic region results in permatefotmation, seen as an increase in the
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length of the ‘toe’ region upon reloading (Provensano et al., 200&)udy by Chazal et al. (1985)
looked specifically at the shape of this curve, and identifiedevbach of the three regions existed in

spinal ligaments. The results of this study are found in Table 3-4.
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Figure 3-17: Normalized Load-Displacement Respons# a Ligament

The ‘toe’ region of the load-displacement curve occupiesitsie20 % — 25 % of displacement when
considering the entire deformation to failure for the ALL and PLL (Chazll,et985). This region is
slightly longer for elastin-rich ligaments such as the LF &edI8L, having a ‘toe’ region roughly
30% of total deformation. The force at the end of this regionral 10% of failure force for the ALL
and PLL, and approximately 20% of failure force for the LF and ISL (Chazal et al., 1985)

Table 3-4: Normalized Force-Deflection Values for Bfining Ligament Curve

Ligament Point A (End of Toe Region) Point B (End of Linézegion)
Deflection Force Defection Force
ALL 21.1% 10.8 % 77.2% 85.9 %
PLL 25.0% 9.8 % 77.3% 77.9 %
LF 28.6 % 20.9 % 76.2 % 89.3%
ISL 30.8% 20.1% 74.4 % 90.9 %
Average 26.4 % 154 % 76.3% 86.0 %

The onset of the sub-traumatic region is consistent betwedig#meents of the lower and middle
cervical spine. Sub-traumatic behaviour begins at approximé@®&y of the failure deformation, and
has a force that is just under 90% of the failure fordeag@l et al., 1985). Using this information,

along with experimentally measured failure force and faitlgBormation data, load-displacement
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characteristics for ligaments can be generated. Thisdsgpthcement shape information must be

assumed for the upper cervical spine ligaments since shape data dmdstriot these ligaments.

Few experimental studies have been done on transverse and skigzy tif ligaments (Quapp and
Weiss, 1998). While results of these studies have shown thatréosiverse (perpendicular to fibres)
and shear loading have a nonlinear response due to the underlying thas&,are dramatically
lower than the response in the uniaxial direction, justifying tBeapproach to quantifying ligament

properties (Quapp and Weiss, 1998; Weiss et al., 2001).

3.6.2 Ligament Viscoelasticity

The ligaments display a significant stiffening response wbaded at high rates of deformation
(Yoganandan et al., 1989a; Panjabi et al., 1998; Shim et al.,, 2006)shHEpe of the load-
displacement response at high rates is similar to the respbgeasi-static rates, exhibiting the same
three regions as seen in Figure 3-17 (Shim et al., 2006). Howehighattes, the length of the ‘toe’
region shortens and the stiffness of the linear region increaseshiReargh, 1998; Shim et al., 2006).
The decrease in ‘toe’ region is caused by the viscoelastiaviour of the biological matrix not
allowing the collagen fibres to straighten completely j#lairet al., 1998). The results from the study

by Yoganandan et al (1989a) show an increase in stiffness over a rangeraf taéet (Figure 3-18).
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Figure 3-18: Stiffness Increase for Various Ratesfd.oading for ALL and LF
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3.6.3 Ligament Injury and Failure

In whiplash injuries, ligament trauma is more common than belaéed injury (Maak et al., 2006).
Despite this, many specific injury mechanisms associatddliggments in the cervical spine remain
unknown (Maak et al., 2006). Injury is often difficult to identifiythe cervical spine ligaments, since
sub-traumatic failure often occurs prior to gross ligament faimd often shows little or no evidence
to any type of injury (Winkelstein et al., 2000b). Sub-traumatinatge has been shown to reduce the
mechanical properties of the ligament and lengthen the ‘toarrexf the force-displacement curve,
which results in an increase in joint laxity because of twrplastically deformed fibres (Panjabi et
al., 1996; Provenzano et al., 2002). This will often occur at loads aroun8@m ef the total rupture
force (Siegmund et al., 2001; Lee et al., 2006).

The rate of ligament loading also has an effect on the failoaeacteristics; however, the effect is
often debated (Yoganandan et al., 1989a). High-rate tests by Yogananhddn(1989a) and
Winkelstein et al (2000a) found that increasing the rate of deformaticgased the force at ligament
failure, but did not significantly effect the deformationigaiment failure. Conversely, the studies by
Panjabi et al (1998) and Shim et al (2006) revealed that threrdig failure strain was greatly

reduced from the quasi-static failure strain.
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Table 3-5: Summary of Failure Properties of Ligamets of the Middle and Lower Cervical Spine

Study Spine Level Rate ALL PLL LF CcL ISL
(mm/s) Fi (N) d (mm) R (N) d (mm) R (N) d (mm) R (N) d (mm) R (N) d (mm)
9 121 7.5 131 7.6
25 122 55 118 5.7
Y dan et al., 1989 C2-T1
egananaan et & a 250 166 6.4 182 6.3
2500 349 6.3 335 8.0
CO0-C1 232 18.9 83 18.1 315 11.4
C1-C2 263 12.3 111 8.7 315 11.4
C2-C3 207 8.7 84 9.6 87 5.8 211 8.9 37 7.0
C3-C4 47 4.2 82 7.4 75 3.7 240 8.8 33 6.6
Myklebust et al., 1988 C4-C5 o 47 48 47 34 56 12.8 170 9.1 26 6.9
C5-C6 89 5.0 85 4.8 89 8.0 144 8.7 33 55
C6-C7 176 13.7 102 5.0 160 7.7 277 10.0 31 9.2
C7-T1 97 7.6 95 6.4 221 9.9 264 6.8 45 8.7
' ) 0.0083 84.2 5.8
Winkelstein et al., 2000b C3-C4, C5-C6 100 1181 58
C0-C1 232 18.9 83 18.1 320 9.9
C1-C2 263 11.8 111 9.6 314 9.3
Yoganandan etal., 2001 C2-C5 o 93 5.8 71 35 121 6.5 120 10.2 39 6.3
C6-T1 145 6.5 188 6.1 129 9.4 181 7.8 39 6.7
* AAOM, AAAM, PAOM, PAAM are listed in their ALL ad LF counterparts
Table 3-6: Summary of Failure Properties of Ligamets of the Upper Cervical Spine
. Rate ™ TL Apical Alar CLv
Stud Spine Level
Y P (mm/s) Fr (N) & (mm) R (N) d (mm) R (N) a (mm) R (N) d (mm) R (N) & (mm)
Dvorak et al., 1988 co12 354 214
Myklebust et al., 1988 co012 9 76 11.9 214 115 735 14.1 436 25.2
Panjabi et al., 1998 co012 920 436 0.4 367 0.4
Yoganandan et al., 2001 co12 9 76 11.9 214 8.0 7 35 14.1 436 125




3.7 Muscle Mechanics

Muscle mechanics is a complicated subject because missilie is unlike any other tissue in the
human body. Muscle tissue properties change depending on the statitf (contraction). Thus,

muscle response can be divided into two components: an active ¢temtiraomponent, and a
passive (relaxed) component. The act of contracting a muscle dasttb@ conscious effort and a

subconscious one (due to autonomic or reflex processes).

The focus on this section will be on macroscopic muscle mechaaibsr than microscopic
mechanics. The microstructural mechanics of muscle contractioolvimy microfibres and
sarcomeres will not be discussed in this section. Compéetrelchemical process of axons and ions

causing muscle contraction will not be discussed.

3.7.1 Passive Muscle Behaviour

Unlike many other tissues in the human body, the mechanical pespeft muscle tissue vary
significantly depending on testing time from post-mortem (Vaettd., 2000a; Van Slightenhorst et
al., 2006). This change in post-mortem mechanical properties isytamy noticeable in a phase
called rigor mortis, where the stiffness of the muscle asme drastically between five hours post-
mortem and 30 hours post-mortem (Van Ee et al., 2000a; Van SlighterthadrsP806). This change
in the mechanical behaviour of muscle is due to microstrucligahtions from the variation of ionic

concentration and enzymatic activity in post-mortem tissue (Myexls, 1995).

The mechanical properties of muscle exhibit nonlinear, viscaelashiaviour that is capable of large
physiological deformation, while having a variable crossisectThe tissue properties are further
complicated by the fact that mechanical properties are isengit hydration, temperature, muscle
fitness, and the post-mortem period (Myers et al., 1995). Thishbmag reason why engineering
stress-strain behaviour for skeletal muscle has not beensesly reported (Myers et al., 1995).
Furthermore, the focus of most muscle research has beewy teditin vivo animal muscle in tension

rather than samples of muscle tissue.

Myers et al (1995) tested rabbit tibialis anterior musckemsion at different rates (1, 10, and 25 1/s)

and the results were that the muscle had a nonlinear respasse/€p that was found to have a slight
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dependency on strain rate. The results from the passive mastitgtin this study can be seen in
Figure 3-19. Other studies have produced results showing the nonéiepanse of passive muscle in
tension (Yamada, 1970; Hawkins and Bey, 1997; Van Ee et al., 2000; Davis et al., 2003).

Unlike tension, studies into the response of passive musclorimpression are limited (Van

Slightenhorst et al., 2006). McElhaney et al (1966) and Van Stigbtst et al (2006) tested bovine
muscle tissue at very high rates (between 1000 1/s and 2300 1/®uaddthat the response was
significantly rate-dependant. A typical response of bovine rauss$ue at high rate compression

using a split Hopkinson bar apparatus can be seen in Figure 3-20.
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Figure 3-19: Engineering Stress-Strain of Passive tcle at Various Elongation Rates
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Figure 3-20: True Stress-Strain of Passive Muscle &#ligh Compression Rates

3.7.2 Active Muscle Behaviour

Active muscle contraction is a complex biochemical process imgluteraction between the central
nervous system and the muscles, and the flow of ions and ATD/AIécutes. A technique called
electromyography (EMG) is often used to measure muscle activasponse to nervous stimulation.
An EMG test detects the electrical potential generbyechuscles cells during contraction. However,
most simulation studies use an idealized input for muscle tyatising excitation dynamics (Winters
and Woo, 1990). The idealized activation level ranges from O (etehplpassive) to 1 (completely
activated), and is often used to scale the force generated muscle based on the force-tension and

force-velocity relationships.

The force-tension relationship associates the amount force generatedgctit@enuscle based on the
relative length of the muscle (normalized to a referenceest length). Muscle can achieve a
maximum isometric force ¢k, at an optimum normalized length of approximately 1.05 (Winters

and Woo, 1990). A current muscle that is shorter or longer thaoptiraum length will reduce the
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muscles capability to generate force. When the muscle is ap@at@ty 40% or 150% the optimum

length, the available force is nearly zero (Winters and Woo, 1990).

The shape of the force-length relationship resembles a Gaussiarfsaliddines), and can be seen in
Figure 3-21 for various levels of muscle activation. The additsponse of the passive muscle in
tension (discussed in the previous subsection) can also be seen in Figure BeXo#ted lines. Note

that passive muscle response is not affected by muscle activation.
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Figure 3-21: Isometric Muscle Force-Length Relatioship for Various Levels of Activation

The force-velocity relationship associated the amount of fgecerated in the active muscle based
on the relative velocity of the muscle (normalized to aresfee velocity V.. Negative muscle
velocity is commonly referred to as ‘muscle shortening’, whibsitive muscle velocity is ‘muscle
lengthening’. When the muscle is shortening, the capacity for lendiece generation decreases
nonlinearly until reaching zero at m¥ (Winters and Woo, 1990). At zero velocity, the muscle is in
its isometric state, and the muscle is able to generatammman isometric force (k). A muscle that

is lengthening will actually be able to generate more foroe g, however the increase in force is
asymptotic around 130% of the isometric force (Winters and Woo, 1986)shape of the force-

velocity relationship for various levels of activation can be seeiguré 3-22.
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The relationship between the normalized force-length and fofoeiyeon the overall mechanics of
activated muscle is productive (Winters and Woo, 1990). Matheafigfi this means that both the
force-length and the force-velocity phenomena of the musclm@ependent of each other, and can
be multiplied together to represent the capacity of the misdaenerate force. This can be seen in
Figure 3-23, where the current state of the muscle (length dadityf determines the maximum

amount of force generated in the muscle.
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Chapter 4

Injury and Biomechanics of the Cervical Spine

Motion studies of the human cervical spine have been carried ouafor years (Panjabi and Myers,
1990). There are four types of study commonly used to investigateettiganical response of the
human cervical spine. These are (in order of increasinglesity): spinal segment studies, isolated
ligamentous spine studies, post-mortem human subject (cadaseriies, and human volunteer

studies.

Spinal segment studies investigate the load-displacementctdréstics of a section of the spine,
often consisting of aimn vitro vertebra-disc-vertebra motion segment. The typical procedura f
spinal segment study is to fix the inferior vertebra while appglg controlled load or displacement to
the superior vertebra. While this method can provide simple aderstandable load-displacement
response of a single section of the cervical spinentkiiro load and motion of the vertebra may not
be realistic of thén vivo loads and motion of a living human. However, understanding the meghanic
of the cervical spine at a localized (vertebral) lagedssential for formulating many of the theories

used for the global cervical spine.

A complex, but more realistic type of vitro cervical spine study is done on isolated ligamentous
spine. An isolated ligamentous spine is a full cervical sfuseally from CO to C7 to T1) complete
with all soft tissues, but devoid of any musculature. The adganté using isolated ligamentous
spines to study the spine biomechanics is that researchetslate track the motion of spine during
impact using techniques such as high-speed film. Furthermoregargsojuries can be identified by
observation or simple dissection. However, without the presence of neck nedeled ligamentous
spine research is mainly limited to axial compressive loadihgrevthe role of musculature is

minimal.

To overcome the deficit of isolated ligamentous spines, post-mdrienan subjects (PMHS) can be
used to study then situ mechanics and injury mechanisms of the cervical spine.ad@iiantage of

using PMHS to study the cervical spine is that the behaviotlrea§pecimen is very similar to a live
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human subject, without any active musculature response. In maagtimases, the loads applied to
the person occur well before active muscle contractiorhasa an influence, making the response of
a PMHS similar to live human subject. Furthermore, highl$esimpact loads can be applied to the
PMHS unlike in human volunteer testing, so PMHS are typicallgd tealefine some sort of injury
tolerance rather than physiological loading. The downside to PMBESg is apparent in longer-
duration impacts where human reflexes play a significant irolihe impact response. It is also
difficult to instrument a PMHS to measure local response, andifidegtresulting injury requires

CT scan, X-Ray, or gross dissection.

Finally, human volunteer testing is the most effective typestoidy if understanding living
phenomena is required. Phenomena such as active muscle respohaeeca significant influence
on the impact biomechanics, as seen in simulated automotivetsfidédsmans et al., 1987). One of
the disadvantages of using human volunteers is obviously thethaic the study is limited to

physiologic levels of loading.

4.1 Cervical Spine Injury

The purpose of injury biomechanics research is to understandriiowves occur in order to better
develop ways to prevent or minimize injury in the impact emrirent (Viano et al., 1989). Injury to
the human body is caused by deformation of biological tissue beyophbyiological limits. This is
often characterized in biological tissues by a change in biomeaharoperties or physiological
function. The rate at which deformation occurs is also an impofé&tor in injury biomechanics,

since the risk of injury is related to the impact energy delid/&yéhe body (Viano et al., 1989).

Impact involving the head and neck is a complicated process thalticastely lead to damage to the
cervical spine and intrusion into the spinal cord. The types of ifjatycan occur to the human spine
range from mild to fatal, and are often classified by a iceitgury mechanism or loading process
(King, 2000).

4.1.1 Epidemiology of Cervical Spine Injuries

Motor vehicle accidents (MVA) are one of the leading caageservical spine injury, causing 40 —
65% of all spine traumas (Yoganandan et al., 1989b). The cervica gis the most commonly

injured spine site in car accidents (50.7% of all spingrieg), but the least common spine injury in
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motorcycle accidents (17.4%) (Robertson et al., 2002). For serimesinpiries of AIS 3 or greater,

the cervical spine was the primary injury site (Figure 4-2) (Yogdaia et al., 1989b).

The reason behind neck injuries in automotive accidents isdhaification of acceleration between
the vehicle and the head (White and Panjabi, 1990). This eHfadbe seen in Figure 4-1 where the
occupant’s head and shoulder lag the vehicle in a frontal crash scenario. Beealsrilder lags the
vehicle, the magnitude of acceleration required to stop the shontdleases. Furthermore, the head
lags the shoulder, causing an even higher magnitude of acaele#tus the head, supported by the
neck, undergoes amplified loading, even for relatively minordeats. Finally, the relative load

between the head and shoulders is carried by the cervical spusing the injury seen in automotive

crash.
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(Reproduced from White and Panjabi, 1990)
Figure 4-1: Example of Acceleration Magnification d the Shoulder and Head in Frontal Crash

Minor injuries, such as those to the soft tissues, occu6# of all MVA (Morris and Thomas,
1996). While the majority of soft tissue injuries occutha frontal impacts (over 50%), rear impacts
have a much higher incidence rate of soft tissue injunes any other type of MVA (Yoganandan et
al., 1989b; Morris and Thomas, 1996). Minor soft tissue injury occurring in reartsripaommonly
referred to as ‘whiplash’. However, serious injuries to theical spine are more likely to occur in
rollover-type MVA (see Figure 4-3 and Figure 4-4).
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Figure 4-3: Incidence Rates (per 1000 accidents) l@yrash Type for AIS 1 (Minor) Injuries
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Figure 4-4: Incidence Rates (per 1000 accidents) lrash Type for AIS 3+ (Serious) Injuries

Cervical spine injuries tend to occur in a few areas ofctrgical spine. A study by Daffner et al
(2006) found that the upper cervical spine (C0-C2) was the nexpient site of vertebral fracture
caused by any type of trauma. The high frequency of upper cespica fractures is likely due to its
relatively low resistance to motion, aided by the fact thafaint directly connects the heavy head to
the rest of the cervical spine. The prominent odontoid procedsoissasceptible to fracture from
translational loading (White and Panjabi, 1990).

The most common type of cervical fracture was to the vettddndy (26% of all fractures) and
articular pillars (23% of all fractures) (Daffner ét, 2006). These findings agreed with Robertson et
al (2002), who only looked at spine injuries in MVA. The distribtof cervical spine fractures can
be seen in Figure 4-5.
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Figure 4-5: Distribution of Cervical Spine Fractures in MVA

4.1.2 Classification of Injury

Classification of the injury mechanisms of the cervical sps;an important communication tool
within and between epidemiological, clinical, and biomechanieddidi (Carter, 2002). Numerous
classification schemes for cervical spine injury havenbegescribed in the literature, with no specific
scheme universally accepted (Carter, 2002). The scheme for tlee t®mvical spine injuries

described by Argenson et al (2002) is a simple scheme basegunesiproduced by a dominate

force vector. This classification scheme is described in thieec

Cervical spine injuries are classified as either Typécdmpression), Type B (flexion-extension-
distraction), and Type C (rotation) injuries (Argenson et al., ROB2ach type of injury was
subdivided into three severity levels (I, 1l, and Ill). In tady conducted from trauma patients
admitted between 1980 and 1994 in France, the three injury claseifie (A, B, and C) occurred
with equal frequency (Argenson et al., 2002). The breakdown of the frego&each type of injury,

including severity level, can be seen in Figure 4-6.
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Figure 4-6: Frequency of Cervical Spine Injuries baed on Classification Scheme

Compression injuries (Type A) were marked by mainly bone trgirigare 4-7). Level | severity is
defined by anterior vertebral body compression (wedge fragtlregel Il compression injuries are

comminuted fractures (burst fractures). Teardrop fracturegegept Level Il compression injuries,

and are influenced by a slight flexion mechanism.

| — Anterior Wedge Fractures Il — Comminuted Fractures Il — Teardrop Fractures
(Adapted from Argenson et al., 2002)

Figure 4-7: Type A — Compression Injuries of the Laver Cervical Spine

Flexion-extension-distraction injuries (Type B) involve sabifiane rotations, and the associated
distraction (tension) seen on the tissues (Figure 4-8). ModeraiasfLevel [) are common injuries
that include ‘whiplash’ injury. However, only BI injuries thatere accompanied by slight
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neurological deficits were counted in the study, resulting in an @roe of 5% of all trauma cases.
Level Il severity injuries (severe sprains) are mdrkg posterior longitudinal ligament damage, and

result in soft tissue injuries to the intervertebralcdand posterior ligaments, and spinous process

fracture. Level Ill injuries include bilateral fractures andfistocation.

| — Moderately Sprains Il — Severe Sprains Il — Biateral Fracture-Dislocation
(Adapted from Argenson et al., 2002)

Figure 4-8: Type B — Flexion-Extension-Distractiorinjuries of the Lower Cervical Spine

Rotation injuries (Type C) involve axial rotations, which areally associated with lateral bending
due to the mechanical behaviour of the cervical spine (Fig@)e(White and Panjabi, 1990). Level |
rotation injuries are single facet fractures, whereasl |dveotation injuries are fractures of the
articulate pillars resulting in separation from the verteUralateral dislocation injuries are the level

Il rotational injuries.

| — Unifacet Fracture Il — Fracture Separation [l — Unilateral Dislocation
(Adapted from Argenson et al., 2002)

Figure 4-9: Type C — Rotation Injuries of the LowerCervical Spine
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Injury severity is often rated based on the Abbreviatedynficale (AIS) or some variation of this
scale. First introduced in 1971 by the Association for the Advanceafefititomotive Medicine
(AAAM), the AIS system is universally accepted as the fotindaf injury severity scaling systems.
The AIS is used by trauma clinicians, trauma data managpng, iesearchers, and public health and

policy professionals. The AIS for the cervical spine is found in Table 4-1.

Table 4-1: Abbreviated Injury Scale Description forthe Cervical Spine

AIS Score Description Possible Injuries

1 Minor Minor strain with no fracture or dislocatigWhiplash)

Compression fracture C1-C7 < 20% loss in heighteofebral body

Fracture and/or dislocation/subluxation of the spgprocess, transverse process, or
atlanto-occipital joint

No spinal cord injury

Compression fracture/subluxation

Spinal cord contusion/compression with or with@ahsient neurological signs (weakness,

Serious paralysis, loss of sensation)

2 Moderate

3 . . . . .
(non life-threatening) Disc rupture/herniation with nerve root damage
Fracture and/or dislocation/subluxation of the laanibody, facet, pedicle, or odontoid
process
Sever . . . . . .
4 . . Lesion (incomplete cord syndrome with preservatibaome sensation or motor function)
(life-threatening)
Vertebral crush (C4 or below)
5 Critical Cord laceration (C4 or below)
Complete cord syndrome (quadriplegia or paraplegfiano sensation) (C4 or below)
Total transaction (C4 or below)
Vertebral crush (C3 or above)
Cord laceration (C3 or above)
6 Fatal

Complete cord syndrome (quadriplegia or paraplegiano sensation) (C3 or above)
Total transection (C3 or above)

4.1.3 Injury Criteria

Various post-moterm human subject studies have investigatéaithen tolerance limits of the neck,
and a number of criteria have been developed to predict necl.iffjrese criteria are applied to the
response of the head and neck of the Hybrid Ill crash test dumagsess the potential for injury. It
is possible to apply these criteria to human volunteer and postamdieman subject tests by
converting the rigid-body motion of the head into axial force b&nding moments at the occipital

condyles (Mertz and Patrick, 1971).

The most commonly used neck injury criteria is thednteria, which is currently supported by
Federal Motor Vehicle Safety Standards and Regulations 28eaoccupant neck load limit in
frontal crash (National Highway Traffic Safety Administoat 2002). It should be noted that this
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criterion is only valid for neck motion in the extensioefbn direction, and assumes that no lateral

force or bending moment is present (Eppinger et al., 1999).

The N; criterion takes into account the combination of extensiondfiexmoment and the

tension/compression load on the neck (Eppinger et al., 1999). Shkimg neck loading can be
plotted on a graph, where neck loads within the critical intercagtsonsidered safe. The critical
intercepts for the 80percentile male are 6160 N in compression, 6806 in tension, 310 Nrmionfle

and 135 Nm in extension. The graphical for thechiterion for a 58 percentile male can be seen
Figure 4-10 where the shaded area is considered safe; Aalié of 1 corresponds to probably of
22% for an AIS 3 injury to occur.

8000

6000 +

4000 +

2000 +

Axial Load (N)
o

-2000 +

-4000 +
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-8000
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(Reproduced from Eppinger et al., 1999)
Figure 4-10: Nij Criterion for 50th Percentile Male

The N criterion can be evaluated mathematically by normalizing the momeiixéaidoads with the
corresponding critical intercept values, which were determinedsrienent. This would allow for a
basic formulation that can be used for various sized humans \ghedt critical intercept values
(Eppinger, 1999). TheNs calculated based on the following expression:

M

F
y4 ocy
Niz—+—=<1.C ;
I Equation 4-1
: Fze M yC q
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where E is the tension/compression force measured at the C1 ramtédquivalent location to the
upper load cell of the Hybrid 11l crash test dummy) ang,\& the occipital bending moment. These

values are measured and calculated concurrent in time (Eppingerl6908)).

An additional neck injury criterion was developed by Bostrom €1896) specifically for dealing
with crash test dummies in rear-impact collisions, calledNieek Injury Criterion (NIC). The NIC
evaluates the injury based on the relative accelerationebatihe upper and lower neck, as well as
the corresponding relative velocity (Bostrom et al., 1996). The NICalculated based on the

following set of equations:

2
NIC= 0.2@,5|+ V (g Equation 4-2

where a, is the difference between the acceleration of the TElertand the head, angd, ¥s the
integral of &, The suggested human tolerance of NIC is #5*but this criterion is still considered

in development and not supported in FMVSS 208 (Yoganandan et al., 2000b).

However, an additional load limit is specified by FMVSS 208 ddiion to the N criterion. The
peak tensile force in the upper loading cell of the Hybrid Iinthy (equivalent to C1 vertebrae)
allowable under FMVSS 208 is 4170 N, while the peak compressive force is 4000sH.fdtoes are

lower than the intercepts used if fdr axial force.

4.2 Cervical Spine Segment Studies

A spine segment consists of a section of the cervical sgimplete with the ligaments but void of
any musculature. Typically, spinal segments are made up of &ngedisc-vertebra unit (also known
as a functional spinal unit). The entire cervical spine is made up of sixltgpinal segments (for the
six intervertebral discs), with each segment described byvihv@dsociated vertebra. For this thesis,
the upper cervical spine joint (C0O-C1-C2) will also be atgred a spine segment, although it does

not have an intervertebral disc.

A study by Goel et al (1988a) examined the upper cervical spine smadirbending moments (0.3
Nm). It was reported that relatively small applied loads preduarge rotations, supporting the idea

that the occipital-atlanto-axial ligaments are lax and thathead is chiefly stabilized by muscle
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activity. Furthermore, 85 — 90% of axial rotation in the upper calrgigine occurred between the C1
and C2.

For the response of the cervical spine to translational loadinggbi?&t al (1986) looked at the three-
dimensional response of the cervical spine segment in conressision, and shear. Compression
was found to have a coupled extension motion, whereas tension had edctiegion motion.
Anterior and posterior shear also had coupled flexion and extensidonmotspectively. The
cervical spine segment was found to be least flexibleompcession and most flexible in anterior

shear, with tension, posterior and lateral shear being roughly equal insstiffne

A study by Moroney et al (1988) looked at the load-displacemeatiaeship of 35 adult cervical
spines in compression, shear, flexion, extension, lateral bending, and axial rotatieloadl pf 49 N
was applied at the disc centre to each segment prior tingteShe results of these tests were
significantly stiffer than previous spine tests. These teswere thought to be influenced by
differences in experimental techniques and reporting methods, llaasatee preload. Furthermore,
the results of the cervical spine segments were poolechtwrgab load-displacement properties for

each level were unidentifiable.

Like Moroney et al (1988), Shea et al (1991) examined the lopthdement relationship of cervical
spines, however using two-segment specimens rather than shgghergts. Linear stiffness values
were reported for the 18 cervical spines in compression, tension, aptesterior shear, and flexion-
extension. These results were compared to previous single riegpidies by doubling the reported
stiffness values of two segments, based on the assumptiomthasegment had equal stiffness. This
study also looked at the effect of pre-torsion on the spine segnfiediag that ‘toe’ region of

response was reduced and the stiffness increased.

Another study by Panjabi et al (2001b) looked at the three-dimensional load-diggthcesponse of

all cervical spine motion segments (except C7-T1) in flexiorerskon, lateral bending, and axial
rotation. The neutral zone (0 Nm) and range of motion (1 Nm) wastesl for each segment level.
Key findings in this study were that a flexion-anterior shew extension-posterior shear coupled
motions were present at all cervical spine levels, anddbapled axial rotation was in the same

direction as the lateral bending at all cervical spine levels.
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A collection of studies by Nightingale et al (2002, 2006) examinedl¢kmn/extension response of
cervical spine segments over a range of applied moments up ton8.9H¢ nonlinear stiffening
results of each study were conveniently presented usingteal fiogarithmic function for the
relationship between the applied moment and the resulting rotitiorach segment level. No
significant differences in the flexion/extension responsedxen the female (Nightingale et al., 2002)

and male (Nightingale et al., 2006) cervical spines were found.

The following tables present the results of many experimetiigies examining the physiological
motion of the cervical spine segment. The results presemtbese studies (as well as the following
tables) are reported as a ‘range-of-motion’ value forexiip mode of loading. However, different

authors use different definitions of range-of-motion, so theegppdad deemed to be the limit for the
range-of-motion is also reported. Results for translational |l@aestypically reported as linear

stiffnesses. Depending on the author of the study, these vatatsamreported at different levels of
load. A summary of the results from various cervical spine sagstudies can be found in Table 4-2

to Table 4-5 at the end of this section.
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Table 4-2: Range-of-Mation of the Cervical Spine Sgnent in Flexion/Extension

Study Load C0-C1 Cl-C2 (C2-C3 (C3-C4 C4C5 C5C6 @6-CC7-T1
Goel et al, 1984 0.3 Nm 7.1° 10.1°

Goel et al, 1988a 0.3 Nm 23.0° 10.1°

Goel et al, 1988b 0.3 Nm 6.4° 6.2° 5.2° 5.7° °2.3
Moroney et al, 1988 1.8 Nm 9.1° 9.1° 9.1° 9.1° 1°9. 9.1°
Panjabi et al, 1988 1.5 Nm 24.5° 22.4°

Schulte et al, 1989 0.45Nm 6.5° 45° 4.5° 5.2°
Panjabi et al, 1991c 1.5Nm 28.8° 23.2°

Wen et al, 1993 23.8° 11.1° 12.0° 13.3° 11.9° 611.
Camacho et al, 1997 1.5 Nm* 28.3° 11.8° 10.4° 10.6°10.8° 8.3° 5.9°
Richter et al, 2000 2.5Nm 13.4°

Winkelstein and Myers, 2000 1.5 Nm* 8.6° 7.6°

Panjabi et al, 2001b 1.0Nm 29.2° 24.4° 6.2° 7.7° 011 9.9° 7.1°

Nightingale et al, 2002 1.5 Nm* 45.8° 14.4° 16.6° 9.1°
Puttlitz et al, 2004 1.0 Nm 9.4°

Wheeldon et al, 2006 1.5 Nm* 12.5° 11.6° 11.2° 912 12.7° 6.6°
Nightingale et al, 2006 1.5 Nm* 39.6° 12.2° 9.2°

Table 4-3: Range-of-Motion of the Cervical Spine Spgnent in Axial Rotation

Study Load C0-C1 C1-C2 C2-C3 C3-C4 C4-C5 C5-C6 @6-CC7-T1
Goel et al, 1984 0.3 Nm 3.6° 2.8°

Goel et al, 1988a 0.3 Nm 4.8° 55.6°

Goel et al, 1988b 0.3 Nm 4.6° 4.6° 4.6° 3.4° °2.8
Moroney et al, 1988 1.8 Nm 3.7° 3.7° 3.7° 3.7°  7°3. 37°
Panjabi et al, 1988 1.5Nm 14.4° 77.8°

Schulte et al, 1989 0.45Nm 5.0° 2.6° 2.2° 4.2°
Panjabi et al, 1991d 1.5Nm 9.3° 71.4°

Chang et al., 1992 2.0 Nm 59.8°

Wen et al, 1993 75.9° 11.1° 12.2° 15.5° 11.0° °9.8

Richter et al, 2000 2.5Nm 8.6°

Winkelstein and Myers, 2000 1.5 Nm* 6.9° 5.6°

Panjabi et al, 2001b 1.0 Nm 9.9° 56. 7° 3.3° 5.1° .8°6 5.0° 2.9°

Puttlitz et al, 2004 1.0 Nm 9.9°
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Table 4-4: Range-of-Motion of the Cervical Spine Sgment in Lateral Bending

Study Load Co-C1 Ci1-C2 (C2-C3 (C3-C4 C4C5 C5-C6 @6-CC7-T1
Goel et al, 1984 0.3 Nm 5.4° 4.6°

Goel et al, 1988a 0.3 Nm 6.8° 8.4°

Goel et al, 1988b 0.3 Nm 6.4° 7.2° 4.8° 3.6° °3.0
Moroney et al, 1988 1.8 Nm 9.4° 9.4° 9.4° 9.4°  4°9. 9.4°
Panjabi et al, 1988 1.5 Nm 11.0° 13.4°

Schulte et al, 1989 0.45Nm 6.0° 2.4° 2.8° 3.6°
Panjabi et al, 1991c 1.5Nm 10.7° 20.9°

Wen et al, 1993 8.3° 11.6° 10.8° 10.5° 10.0° 9.8°

Richter et al, 2000 2.5Nm 9.9°

Winkelstein and Myers, 2000 1.5 Nm 5.5° 5.7°

Panjabi et al, 2001b 1.0 Nm 9.1° 6.5° 9.6° 9.0° °9.3 6.5° 5.4°

Puttlitz et al, 2004 1.0 Nm 13.0°

Table 4-5: Linear Stiffness of the Cervical Spine &ment in Translational Displacement

. . Lateral Anterior Posterior
Study Load Compression Tension Shear Shear Shear
Liu et al, 1982 3905 N/mm 381 N/mm 20 N/mm 30 Nim
Panjabi et al, 1986 25N 140.8 N/mm 52.6 N/mm HREmM 33.8 N/mm 52.6 N/mm
Moroney et al, 1988 19.6'N 1318 N/mm 119 N/mm 131 N/mm 49 N/mm
Shea et al, 1991 100"N 1914 N/mm 386 N/mm 246 N/mm 228 N/mm
Van Ee et al, 2000b 300 N 253 N/mm
Nightingale et al, 2004 200 N 356 N/mm

*73.6 N for compression
** 500 N for compression

4.3 Isolated Ligamentous Cervical Spine Studies

The isolated ligamentous cervical spine consists of theice¢rgpine without the associated

musculature. Occasionally, these spine specimens also irtbleidmntire head for studies involving

impact (required for accurate inertial loading). A summargref/ious ligamentous spine studies can
be found in Table 4-6.

McElhaney et al (1983) performed relaxation tests on isbl@@®T1 cervical spines in compression.
These spines were pre-flexed to vertically align the singevent any bending during compression
loading. Relaxation, cyclic, and variable loading rate testsewconducted up to a maximum
compression of 7 mm. The spine displayed significant viscoelelsaracteristics such as stiffness
decay in relaxation, and increasing in stiffness with loadirg rEthese spines were then loaded to
failure at a rate of 640 mm/s in compression. The results avgvide range of failure forces (0.96 kN

— 6.84 kN) with injury occurring in the vertebrae of both the uppdrlawer cervical spine. It was
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also noticed that slight eccentricities in the load axis weigldificantly influence the buckling mode

of the spine (in extension or flexion).

In a follow-up study, McElhaney et al (1988) tested verticallyn&ld ligamentous cervical spines in
combined loading under different types of end-conditions. The combindhdowas achieved by
eccentric axial load, resulting in tension or compression couplédflexion, extension, or lateral
bending. Furthermore, the ends of the cervical spine were eith@ined or fixed. It was found that
the fixed joint specimens were significantly stiffer than jpimted specimens. Posterior ligament
failure (ISL, CL, and LF) was the dominate injury mechanisraompression-flexion loading, with
failure moments ranging from 3.0 to 14.6 Nm. The spine was found tdfflee it tension-based
combined loads than in compression-based combined loads. The efféetsead-condition of the

spine were also studied in Myers et al (1991).

Goel et al (1988b) investigated the load-deformation behaviodresii C2-T2 cervical spines to
small (0.3 Nm) bending moments in flexion, extension, axial rotatiod, lateral bending. The
response of each vertebra was measured for each increnfimdiig moment, and relative motions
between various motion segments were recorded. A coupled motion betwakrotation and lateral
bending was observed, while flexion and extension motion were rejatinelependent. A
laminectomy and facet wiring procedure was performed on each, spiddoad was re-applied to
identify the change in mechanical behaviour in the cervicalesgue to an injury and stabilization

treatment.

Pintar et al (1990) studied vertically aligned ligamentousica spines in axial compression by
fixing the inferior vertebra and impacting the still-attacheddhé_oading rates varied from 2950 to
7140 mm/s, with failure forces ranged from 1177 to 6193 N. The widabilty of this test data is

likely the result of the inconsistent loading rates andvibeoelastic effects associated with the high
loading rates. Similar studies involving dynamic impacts wderee by Yoganandan et al (1991) and

Pintar et al (1995) with similar results.

Another series of dynamic axial impact studies was done by iNggii¢ et al (1996, 1997) where
impact velocities were kept much more consistent than théoprestudies. Furthermore, they varied
the impact surface from rigid to foam to see if these conditiave an effect on injury risk. They

found that spine injuries occurred between 2 and 8 ms after headtifor rigid surfaces, and 14 —
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30 ms for foam surfaces. The injury force of the foam ingpaeatre slightly less than the rigid
impacts (1905 N compared to 2038 N). A consistent buckling mode wakiidgktitat resulted in the
C2-C5 motion segments being in extension, and the C6-T1 motion sedméargsn flexion. This

loading pattern resulted in corresponding injury-types in eadbrred second higher order buckling
mode was also observed since in a few specimens were the uppewandervical spine would be

in flexion, with the middle cervical spine being in extension.

Studies by Camacho et al (1997) and Wheeldon et al (2006) examinézkibie-&xtension response
of cervical spine over a range of applied moments. Camaclab @997) used male heads and
cervical spines in an apparatus that was capable of apgiyireg bending moments to the entire
spine. Flexion and extension moments up to 1.5 Nm were applied arstiteng vertebral rotations
were recorded for each level. These spines were later mgbd impact study by Nightingale et al
(1997). In a similar study, Wheeldon et al (2006) used cervical spines (C2freflyoung’ donors
to record the response under applied moments up to 2 Nm extensionan.fBsih studies reported

the response of the cervical spine using a logarithmic function siimilightingale et al (2002).

Van Ee et al (2000b) and Nightingale et al (2004) both studiedghméntous cervical spine in
tension. The cervical spine was shown to be highly nonlineansidan, with relatively low stiffness
at small distractions, but gradually reaching a high lintffiness. As with the compressive response
of the spine, the end-condition had a significant effect on the respbmtise spine. A spine with a
fully constrained end resulted in a much stiffer response thagathe spine with an unconstrained
end. Furthermore, it was shown that the spine was stiffeshoaded directly over the occipital
condyles (which is at the top of the spinal column), and ledstvten loaded anterior to the head

centre of gravity (which is anterior to the condyles). The spinesmatieaded to failure in tension.

A recent series of ligamentous spine studies using an appdnat simulates frontal and rear impact
was done by Panjabi et al (2004a, 2004b) and Ito et al (2004, 2005). This neelbpdd equipment
attempts to replicate inertial loading on the cervical espising a mini-sled that moves the T1
vertebra in a prescribed acceleration profile. Muscle farteghe cervical spine is achieved using
tensioned cables. A series of simulations involving a increasing aatoabelevel is done to identify a
tolerance level, using a 2g case as the baseline for physalldogcliing. A significant increase in

rotation from the baseline case was used to indicate a soft tissue injury
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Using these methods, Ito et al (2004) found that soft tissuedsjtaithe ligaments and disc begin to
occur at a 5¢g rear-impact load case at the C5-C6 levetéms&on. At slightly higher loads, the C4-
C5 and C7-T1 segments were also injured in extension. In the stachg Panjabi et al (2004a)

reported potential disc injury occurring in the C4-C5 level at.3Thgs was based on the IVD fibres
exceeding predetermined physiological strain limit. At 5g, dis¢eeaC3-C4 and C5-C6 level were
potentially injured. In frontal impact, Panjabi et al (2004t)rid that the ISL and LF were at high
risk of injury at all levels at 4g. The capsular ligamemtse not at risk until the 10g impact case,
where potential injuries at the C3-C4 and C5-C6 levelstelki the same frontal impact study, Ito et
al (2005) reported on the corresponding intervertebral disc strains, and sugugsigdries occur at

4g in the C2-C3 disc. At 10g, all discs except at the C3-C4 and54évels exceeded the author’s

defined physiological limit (the strain experienced from a 1.5 Nncdtsd).
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Table 4-6: Summary of Isolated Ligamentous CervicaBpine Studies

Study

Load Case(s)

Common Injuries

Study Details

McElhaney et al, 1983

McElhaney et al, 1988

Goel et al, 1988b

Pintar et al, 1989

Yoganandan et al, 1989

Pintar et al, 1990

Myers et al, 1991

Yoganandan et al, 1991

Pintar et al, 1995

Nightingale et al, 1996
Nightingale et al, 1997

Compression

Combined

Rotation, Lateral
Bending, Flexion,
Extension

Compression

Compression

Dynamic
Compression

Compression-
Flexion

Dynamic
Compression

Dynamic
Compression

Dynamic
Compression

Jefferson’s fracture
C5 fracture

Rupture of ISL, CL, and LF of lower
spine

Not loaded to failure

Upper spine injuries for CE, lower
spine in CF

Not loadedlItoda
Lower spine burst , wedge fractures

Compression and wedge fractures,
bilateral facet dislocations

Lower spine burst and wedge
fractures

Lower spine burst and wedge
fractures, soft tissue in extension or
flexion

Upper spine fractures, middle spine
ALL tear,

Cervical spine is viscoelastic in compression

Failure force ranged from 960 — 6840 N (averag8403)
Buckling mode sensitive to eccentricity of compiesdoad-axis
End-conditions play a significant role in the maubal response
Failure moments ranged from 3.0 — 14.6 Nm (Flexion)
Tension-based loads are stiffer than compressisaebads
Pure quasi-static bending moments (up to 0.3 Nm)

Coupled motion between lateral bending and axiaitian
Tested injured and stabilized spines to compamtmal spines

Upper spine injuries were present in compressidarsion modes while lower spine injuries were
present compression-flexion modes

Failure force ranged from 1355 — 3613 N (averag296 N)

Human cervical spine is not as stiff as Hybridniéick

Compressive stiffness 2198 — 2586 N/cm

Loading rates between 2950 and 7140 mm/s

Failure force ranged from 1177 — 6193 N (avera8608 N)
Unconstrained spine did not injure at large disphaents

Fully constrained spine had failure force averaigé8d0 N
Rotationally constrained spine had failure forcerage of 1720 N
Loading rates between 5300 and 8500 mm/s

Failure force ranged from 3.3 — 5.6 kN (average5-+ki)

Loading rates between 2500 and 8000 mm/s

Failure force ranged from 744 — 6431 kN (avera@326 N)

Stiffness ranged from 125 — 1375 N/mm (average5-N/snm)
Loading rates between 2430 and 3510 mm/s

Injury force ranged was 2038 for rigid impact, 190%or foam impact
Injuries occurred 2 — 8 ms after rigid impact, 180-ms for foam impact

(continued...)
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Table 4-6: Summary of Isolated Ligamentous CervicaSpine Studies continued...

Study

Load Case(s)

Common Injuries

Study Details

Camacho et al, 1997

Van Ee et al, 2000b
Ito et al, 2004

Panjabi et al, 2004a
Nightingale et al, 2004
Panjabi et al, 2004b
Ito et al, 2005

Wheeldon et al, 2006

Flexion and
Extension

Tension

Rear Impact

Tension

Frontal Impact

Flexion and
Extension

Not loaded to failure

Not loaded to failure

Soft tissue injury (Extension)
IVD injuries

Not loaded to falu
Posterior ligaments (ISL, LF)

IVD injuries

Not loaded to failure

Pure quasi-static flexion and extension momentggup5 Nm)

Moment-rotation response at each cervical levelneperted using logarithmic curves
Same spines used in Nightingale et al (1996, 1997)

End-conditions play a significant role in the meaubal response

Response is stiffest when loaded over the condigast stiff anterior to CG

Extension injury occurs at the C5-C6 motion segna¢isg

Injury occurs at the C4-C5 and C7-T1 motion segraéit5g

Injury is likely to occur at the C4-C5 IVD at 3.593-C4 and C5-C6 at 59
Load-displacement is nonlinear, F(x) = 96.2[&xXp%x)-1]

Injury is likely to occur to the ISL and LF at afital impact of 4g at all levels

Injury is may occur to the CL at a frontal impattl6g in C3-C4 and C5-C6

Injury is likely to occur at the C2-C3 IVD at 44| aether discs at 109

Pure quasi-static flexion and extension momentgdp0 Nm)

Moment-rotation response at each cervical levelneperted using logarithmic curves




4.4 Post-Mortem Human Subject Cervical Spine Stu  dies

Post-mortem human subjects are an effective means to studhgngechanical tolerance of the
human cervical spine. Studies have often involved impacting PMHid$ a load similar to the

conditions known to inflict injury (commonly from the reconstructionaof automobile impact or
football-injury impact). Many of the studies described in tb#ofving section have significant
contributions to the current understanding of human neck toleransemfary of previous PMHS

studies can be found in Table 4-7.

Clemens and Burows (1972) simulated frontal and rear automotp&cimusing 53 post-mortem
human subjects. Each specimen was belted to a sled with gp#alds around 8 m/s, and varying
deceleration times. They found that in frontal impact, the mogtiém type of injury was damage to
the intervertebral disc, (80% of the test cases)oviall by vertebral fractures (75%), ruptures to the
capsular ligaments (50%), ruptures of the ligamenta flava \40% damage to the longitudinal
ligaments (35%). Injuries were most frequent in the lowevicar spine, particularly in the C5-C6
region. In rear impact, damage to the intervertebral discri@tin 90% of the test cases, followed
by ruptures of the anterior longitudinal ligament (80%) andefdapsular ligaments (40%), fracture
of the vertebrae (30%) and rupture of the posterior longigidigament and ligamenta flava (10%

each). Again, injuries were concentrated in the C5-C6 and C6-C7 region eftfeakspine.

Schmidt et al (1974) tested 30 PMHS in frontal impact usingceeleration sled with a three-point
harness. Each simulated impact had an initial speed of 50 km/lawitlverage deceleration of 25
g’'s. Of all the test subjects, roughly 25% resulted in frastuo the vertebral body, transverse
process, or spinous process. Ligament and disc injuries wenmgecs rare, but the authors noted

that investigation into the soft tissue injuries was not yet finished.

Hodgson and Thomas (1980) performed a series of quasi-static and dymgraat tests on 16

helmeted PMHS in axial compression. They were able to instruseené of the specimens with
strain gages on the vertebral bodies to correlate vertebrament and loading to strain distribution.
It was found that constraining the head in a fixture during impagdechgreater exaggeration of
flexion or extension in the lower cervical spine that resuheithcreased injury. It was also shown
that head load did not correlated to vertebral body strain. &Stindi Nusholtz et al (1981, 1983) on
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neck tolerance to dynamic axial loading produced similar injudesl concluded that the spinal
configuration and impact conditions have a significant influentdéath mechanical response and

damage.

Injuries to the cervical spine caused by a distributed fréodal on the chest were studied by Cheng
et al (1982) to identify injury mechanisms possibly associaféd airbag-deployment. A sled was
used to apply peak decelerations ranging from 32 to 39 g to six wWhB#tElS, which impacted a
pre-inflated airbag. It was found that in three of the casesrs neck injuries were present that were
not normally observed in belted frontal impacts. These injim#aded severed spinal cord, fracture
of the odontoid process, and atlanto-occipital avulsion. Furtherthaseproposed a resultant load of

6.2 kN as a tolerance for neck fracture, which is in agreement wiihiédances.

Another axial impact study by Alem et al (1984) used 19 PMHS to deditiesub-injurious response
as well as traumatic impacts. Using a 10 kg impactor thaadted the head at speeds between 7 and
10 m/s, they found that both impact force and head injury crit¢Hd@) were poor predictors of
neck injury, while impulse (the integration of force and tipegved to be the most suitable indicator
of injury. Common injuries produced from the axial compressive itnpace tearing of the ALL at
the C3-C4 and C4-C5 level, fracture of the C2, rupture of the disthe C3-C4 and C4-C5 levels,

and fracture and ligament damage to the lower cervical spine and uppeictbpiae.

A study by Wismans et al (1987) compared the results of PH&#8I-heck response in frontal
impact, to those produced by the human volunteers in the 15 g NavalnBioitg Laboratory

(NBDL) tests by Ewing and Thomas (1973). Using comparable impading, they concluded that
the relative head displacements and accelerations of the R¢FSsimilar to those produced by the
volunteers. However, head rotation in the PMHS tests was muggr idian in the human volunteer
tests, indicating some active muscle activity is preseminfiries were found in the PMHS from the
15 g frontal impact cases, agreeing with the human volunteer. siundly minor injuries (AIS 2 and

less) to the intervertebral discs were observed in 23 g impact cases.

A large impact study performed by Kallieris et al (1991swaed to develop an injury criterion of
the neck. Forty-three belted PMHS in cars were subjectecdmtafrand lateral impacts of speeds
between 30 and 60 km/h, and in various seats in the automobiléedrju subjects in lateral impacts

were mostly in the middle cervical spine, with the intenekdisc frequently damaged. In frontal
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impacts, injuries that were most common were the postegamknts in the lower cervical spine and
upper thoracic spine, and the intervertebral discs of the maddigcal spine. Using the AIS injury
severity scale, most lateral impact injuries were onlyami{AlS |, 76%), while most frontal impact
injuries were either minor (AIS |, 54%) or moderate (AIS39%). Injury severity did not correlate
well to the various measures used to predict injury (includexk angular velocity, head velocity,

neck angular acceleration, and head acceleration).

Low-speed rear impacts were simulated by Deng et al (2000¢mtify the kinematics of the human
head and cervical facet joints, without inducing injury. SixH®JIwere impacted multiple times
under different initial seat conditions, with sled speeds rarfgimy 5 to 12 km/h, and decelerations
ranging from 5 to 8 g. It was found that during low-speed rear dtepghe capsular ligaments
experience strains up to 60%, which may exceed tolerance limaiteegult in pain. It was also found
that a seatback at 20° produced more relative rotation betweenction segments than a seatback

of 0°, resulting in a greater risk of injury.

In another rear impact study, Yoganandan et al (2000b) attempteduimeltt the soft-tissue injuries
in the neck of five PMHS to correlate injury to various dyitameasures taken during the
experiment. At 4.3 and 6.8 m/s impacts, four of the subjects haéemphat included tearing of the
anterior longitudinal ligament, rupture of the ligamentum flavhematoma of the upper facet joint,
anterior disc disruption in the lower cervical spine, and Wapdigament tear. By evaluating the
PMHS global response, they found that the NIC limit of F&hwas exceeded for all specimens,
while the N criteria predicted zero risk of AIS 3+ for all but one spetimt was suggested by the
authors that a minor injury criterion for soft tissues shoulddéecloped since injury criteria is

typically geared towards moderate to severe (AlIS 2+) injuries.
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Table 4-7: Summary of Post-Mortem Human Subject Cerical Spine Studies

Study

Load Case(s)

Common Injuries Study Details

Clemens and Burow, 1972

Schmidt et al, 1974

Hu et al, 1977

Hodgson and Thomas, 1980

Nusholtz et al, 1981

Cheng et al, 1982

Nusholtz et al, 1983

Alem et al, 1984

Yoganandan et al, 1986

Wismans et al, 1987

Kallieris et al, 1991

Frontal, Rear Impact

Frontal Impact
Rear Impact
Compression

Dynamic
Compression

Frontal Impact

Dynamic
Compression

Dynamic
Compression

Dynamic
Compression

Frontal Impact

Frontal, Lateral
Impact

53 PMHS with impact speeds 8 m.s (25 g)

IVD injuries and fractures common in frontal impact

IVD injuries and ALL ruptures common in rear impact
Fracture to the body, transverse process, ang0 PMHS with impact speeds 50 km/h (25 g)

spinous process 25% of subjects had fractures, soft tissues weee(tanexamined)
6 PMHS with impact speeds 16 mph (14.5 - 19.1 g)

5 of 6 subjects were injured, with an AIS of 3

16 helmeted PMHS in quasi-static and dynamic impact
Significance on head end-condition on responsedanthge

Spi ¢ lami 12 PMHS impacted with 56 kg between 4.6 and 5.6 m/s
pinous process, transverse process, lamin _
and body fractures, disc ruptures Head forces from 1800 ~ 11100 N

All injuries concentrated in lower spine
fegion

Disc injuries, subluxations, compression
fractures of C5-C7

Fracture @74

Significance on head end-condition on responsedanthge
6 PMHS with distributed chest load under 32 to 39 g
Proposed neck tolerance of 6.2 kN

8 PMHS dropped head-first from 0.8 —1.8 m

Head forces from 3200 — 10800 N

Constraining head resulted in more injury, higloads

19 PMHS impacted with 10 kg between 7 and 10 m/s
Impact force, HIC did not predict injury, impulsesvbest
15 PMHS dropped head-first from 0.9 — 1.5 m
Restrained head forces from 9800 — 14600 N
Unrestrained head forces from 3000 — 7000 N

2 PMHS in impact similar to 15 g NBDL volunteerteess PMHS in impact at 23 g
PMHS response was similar to volunteer response

No injuries found in the 15 g cases

IVD injuries in lateral impact’ posterior 43 PMHS with impact speeds from 30 to 60 km/h
ligament injuries and IVD injuries in frontal Lateral injuries were minor (AIS 1)

impact Frontal injuries were moderate (AIS I1)

Severed cord, odontoid process fracture,
atlanto-occipital avulsion

Middle spine disc rupture, upper spine
fractures, ALL tear

ALL tearing, disc rupture (C3-C5), C2
fracture, lower spine fracture

Compression fractures, PLL disruptions,
spinous process fracture, disc rupture

Intervertebisd éhjury

(continued...



Table 4-7: Summary of Post-Mortem Human Subject Cerical Spine Studies continued...

Study

Load Case(s)

Common Injuries

Study Details

Deng et al, 2000

Yoganandan et al, 2000b

Rear Impact

Rear Impact

No Injuries

ALL and CL tear, LF rupture, anterior IVD
disruption

6 PMHS with impact speeds from 5 to 12 km/h (5@) 8
Peak capsular ligament strains of 60%

Injury more likely in seatbacks of 20° than of 0°

5 PMHS with impact speeds from 4.3 to 6.8 m/s

Soft tissue injury was present in all by 1 subject
Current injury criterion did not predict minor imjas
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4.5 Human Volunteer Cervical Spine Studies

The most effective means to understand the physiological resdras person in impact is to use
human volunteers as test subjects. This is particularly the wéen it comes to cervical spine
response in crash (Wismans et al., 1987). As seen in Figure dighificant amount of delay exists
between the onset of a crash and the loads seen on the head,dbtlaet meflex and active muscle
behaviour play a role in the response. However, one of the maidvdistages of human volunteer

studies is that only sub-injurious levels of load can be investigated

Of the available cervical spine literature involving humanuwntders, three prolific groups have
provided most of the current knowledge. These experiments exantipedtdtic and dynamic
response of the living cervical spine in a few modes of tmpd\ summary of some of the previous

human volunteer studies can be found in Table 4-8.

Mertz and Patrick (1967, 1971) conducted some of the first human \alussts that investigated
the strength of the cervical spine in flexion and extension. Human eehsnisecured and seated in a
sled, used a self-applied load to force the cervical sping¢hterdiex or extend while also attempting
to maintain the neck in its original position. Loads were idrin the apparatus, and using

kinematic analysis, determined the static flexion and extension strefiie neck.

In Mertz and Patrick (1971), Patrick subjected himself tooat&l impact sled test of increasing
severity. The tests were concluded when Patrick begirperience pain because of the impact. The
results of the frontal impact, also using the same kinenaatalysis to calculate occipital condyle

torque, established the first dynamic human tolerances for the despiice.

A large experimental series conducted by the National Biodyndratogratory (NBDL) focused on

the kinematic response of the head and neck in various typepatts. These experiments (separate
groups), which looked at human volunteer response in frontal and latgratts, were initially
reported by Ewing and Thomas (1968, 1969, 1973) and Ewing et al (1975, 1976, 1977, 1977b
Using military personnel restrained to a sled, volunteers wmsteumented with accelerometers to
record the response of the T1 vertebra and the head during gzatt.idnalysis was simplified to

comparing the sagittal plane motion of the head, with the horizontal acioeiextthe T1.
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One of the conclusions to come out of this series of experimestshat the size of the volunteer did
not have a significant impact on the response of the head (Ewirithanths, 1973). Another finding
was that the initial condition of head and neck played a signifigde in reducing the loads seen
during impact (Ewing et al., 1975). The rate and duration of the slesleaation pulse was also
studied to identify its effect on the head response (Ewing},et36). One of the most significant
results of these experiments was the publishing of a conssgteat dynamic response corridors that

have been used consistently in validating full cervical spine models.

Another set of NBDL human volunteer sled tests were reportedigynans and Spenny (1983,
1984) and Wismans et al (1986). These experiments were conductedxpesimental setup similar
to the Ewing studies. However, the results of these stusled at a larger group of frontal, lateral,
and oblique sled tests, each tested at different levelsvetis/. Furthermore, the responses of the
sled tests were used to develop a simple two-bar linkage rmbtted head and cervical spine. Some
of the tests reported in Wismans et al (1986) were latealesgied by Thunnissen et al (1995) to
include the rotation of the T1 vertebra as a second inputblar{¢ghe first being the horizontal

acceleration as mentioned above).
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Table 4-8: Summary of Human Volunteer Cervical Spie Studies

Study

Load Case(s)

Study Details

Mertz and Patrick, 1967
Mertz and Patrick, 1971

Ewing and Thomas, 1968
Ewing and Thomas, 1969
Ewing and Thomas, 1973

Ewing et al., 1975

Ewing et al., 1976

Ewing et al., 1977a

Ewing et al., 1977b

Wismans and Spenny., 1983
Wismans and Spenny., 1984

Wismans et al., 1986
Thunnissen et al., 1995

Static Loads
Frontal, Rear Impact (Sled)

Frontal Impact (Sled)

Frontal Impact (Sled)

Frontal Impact (Sled)

Lateral Impact (Sled)

Frontal Impact (Sled)

Lateral Impact (Sled)
Frontal Impact (Sled)

Lateral, Frontal, and Oblique
Impacts

10 Volunteers for a total of 90 static neck strartgsts, 1 Volunteer with sled decelerations frgmd9.6g (14 runs)
Static loads applied to the head to determine strekgth to resist extension, flexion

Tensing of the neck muscles prior to impact redticesisk of injury

Head torque rather than shear or axial force isithr factor in producing neck injury

Proposed tolerances of 88.1 Nm in flexion, 47.5iNmxtension, 1134 N in tension, 1112 N in compoess

12 Volunteers with sled decelerations from 3g tg (ZB6 runs analyzed)

Obtain neck and heads response data rather tleariok data

Fully restrained torso and pelvis

No relationship between head accelerations andgstteight - response similar between differenithgd subjects
No injuries occurred to the human volunteers

13 Volunteers with sled decelerations of 6g and {2 runs)

Looked at initial neck and head positions on frbimgpact response

Increase in initial head and neck flexion redudsk of injury (but not significantly)

10 Volunteers with sled decelerations of 6g, 10gl 859 (81 runs)

Looked at the influence of duration, rate of onaat] peak sled acceleration on the dynamic respuirtse head and neck
Increase in sled acceleration, rate of onset, anation increased the peak head accelerationsigidfrinjury

5 Volunteers with sled decelerations from 2g to (84runs)

Reported time-histories for head and neck motion

1 Volunteer with sled decelerations of 2g to 7gu@s)

Measurement of pelvic response in addition to Td la@ad acceleration

Experimental data based on human volunteer tests IRBDL between 1976 and 1980 (Lateral)

Experimental data based on human volunteer tests iwing and Thomas (1973) and NBDL 1980 datab@sestal)
6 Volunteers with sled decelerations between 5glfigr(16 runs) (Lateral)

12 Volunteers with sled decelerations between &gl&g (21 runs) (Frontal)

Developed a 2-bar linkage model for the neck inagiyiz impact

15 Volunteers (109 runs)

Frontal tests greater than 8g, lateral tests gréaae 5g, and oblique tests greater than 7g

Reported time-histories for head and neck motiordéommy neck development

Developed a 2-bar linkage model for the neck inagiyit impact

Reanalyzed frontal impacts to account for T1 rotafiThunnissen et al., 1995)




Chapter 5

Cervical Spine Models

Numerical models are a versatile tool that can be usemeict the mechanics of the spine for
phenomena that cannot be adequately investigated using physical .nhogelgicular, determining
internal loads, stresses, and strains in the tissues of the ispmportant advantage that numerical
models have over physical models (Panjabi, 1998). The simulatiotsreSalnumerical spine model
can be used to gain insight into inner workings of the cdregipme, including the load carrying
mechanisms, the onset of injury, and the effects of injuryger @ the behaviour of the spine
(Yoganandan et al., 1996a). Numerical models of the spine cahealssed in practical applications,
providing a tool to evaluate safety systems such as airbags and seathedtgell new model require

proper validation against physical test data, which typically occuing afiobal level.

The ability of a numerical model to accurately reproduce thawbeur of a human body is known as
biofidelity. A model with a high degree of biofidelity is onetteffectively simulates the behaviour
of a human being, while low biofidelic models do not accuratelgesgmt a human. Thus, biofidelity

is the most important characteristic for a model of the human body.

The important factors that are required for the developmeatbhadfidelic human model are accurate
geometry and material properties of the biological mdjerégresentative loading conditions, and
proper validation using experimental studies (Yoganandan et &6al9Model geometry of the
human body is often obtained from CT scans or cryomicrotomy withhadggree of accuracy. It is
also essential to properly discretize the model geometry ttureaphe nuances of soft tissue
deformation. Biological material properties are more diffidol characterize because biological
tissues are typically heterogeneous materials resultinganisotropic, nonlinear, viscoelastic
behaviour (Yoganandan et al., 1996a). It is also important to characinaterial properties for the
regime of loading seen during the numerical analysis. Achieviogeprloading conditions is the
result of accurately representing the external forcdseawironment acting on the numerical model.
Loading conditions range from simplified, quasi-static cases (f@ghcontrolled laboratory

experiments) to complex, dynamic cases (such as in an automotive accident)
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Model validation is a crucial step in numerical model developnaanit, demonstrates the biofidelity
of the model against a set of experimental studies with difféoading conditions (Panjabi, 1998).
Validation is a term often used erroneously to describe mduatisvere calibrated to a single set of
experimental results. Calibration is the process of adjustingemcath or physical modelling

parameters (often the material properties) to improve theeagent between the model and
experimental data. A calibrated model, while giving good redoilt a specific loading case, may
have no scientific merit when evaluated in other types of mgad#iodel validation is the process of
determining the degree of model accuracy to representing tis&cahgounterpart by comparing the
model results to a set of experimental data. A numerical nsbaeilld only be considered validated in
the particular loading condition of the experimental data thatrtbdel was compared (Panjabi,
1998). Thus, validating a numerical model in a number of differeiigaconditions is the only

means to obtain a fully validated model (Yoganandan et al., 1996a).

Numerical models of the human cervical spine are historiciliyled into two groups: numerical
models that represent a segment (or a set of segments) adrttieal spine, and numerical models

that represent the entire cervical spine, from the T1 vertebthe skull.

5.1 Spine Segment Models

Spinal segment models are typically a model of a vertebravdisebra, but any model that consists
of a section of the spine can be considered a segment mbeésk Todels are typically compared
against experimental data involving simple quasi-static loadingocus on the load-carrying
behaviour of the local tissue. Previous spine segment modelgptaxided insight into the internal

behaviour of the spine and appropriately used the finite element methddeeeathese goals.

When reviewing previously developed cervical spine segment madtiéésadvantageous to also
consider human lumbar spine segment models. Both groups of models fadl@ane development
principles, and have many material properties in common. Furtherrimorestigation into spine

injury modelling and analysis has been more prevalent in lunpivae snodels since the lumbar spine
is a frequent injury site for worker-related injury. Onlyfsignificant spinal segment models are

detailed in this section. A full summary of previous spine models can beifoliathle 5-1.

The first numerical model of the human spine was developed overa?® ago by Belytschko et al

(1974). This was a simplified axisymmetric model of a humarbamspine segment, which was
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developed to study stress distribution and intradiscal pressiuties disc in compression loading. All
material models were linear isotropic elastic except tf@ annulus fibrosus that was linear
orthotropic. The orthotropy of the AF model accounted for both thxngk substance and the annular
fibres in one solid continuum. This model was later redevelopedutak et al (1976) to include a

nonlinear orthotropic representation of the annulus fibrosus for a moneg@ceesponse.

A groundbreaking model developed by Shirazi-Adl et al (1984) incormbraigny of the same

features used in more recently developed models. This model wastisegynificant model to utilize

actual vertebrae geometry in a three-dimensional modelekssvthe first model to develop a linear
composite material model for the annulus fibrosus, incorporatingeteisents representing collagen
fibores embedded in a linear matrix of ground substance. To fusthesince the capabilities in
complex loading (flexion and extension) nonlinear tension-only triesaegits were introduced to
represent the ligaments (Shirazi-Adl et al., 1986). This modsljgitt variations of this model, have

been utilized for countless studies involving the biomechanics of tHealuspine.

A study by Rao and Dumas (1991) examined the influence of mapeopérties of their lumbar
spine model on the mechanical behaviour in compression. This whssttmprehensive material
study for intervertebral disc properties, identifying that thaterial properties of the annulus,
including its compressibility, have a significant impact onltiael response of the disc. Furthermore,
it was shown that changes in the nucleus pulposus, cortical aodlloas bone, and cartilaginous

endplates have very little effect for the physiological loading aghjpti¢he study.

A number of finite element studies into the spinal segmegutyivere presented in the mid 1990’s
that attempted to predict injury in areas that could not be addresperimentally. Bozic et al (1994)
studied burst fracture mechanism in the C4 vertebra bglalemg a model that used apparent bone
density determined by CT scan pixels to assign a stiffnesstegrtjth. Based on maximum shear
failure theory, the model predicted failure in the central elfmes region of the vertebral body.
Nataragan et al (1994) looked at damage accumulation in the endljpi@ig compression loading, as
well as the onset of annular tears. It was shown that annulusutbigjuries are not likely to occur in
pure compressive loading, rather in a bending loading such asnflekxicompression. Failure in
compression always initiated in the endplates. Goel et al (X298jed annular delamination caused
by intralaminar shear stresses as a source for intervdrtgisainjury. It was shown that the

posterolateral region of the disc was most susceptible towndealamination. Despite the fact that
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all three injury models are limited by their use of lineaaterial properties, their results have

contributed significantly to the study of injury mechanisms in the human. spine

The first use of viscoelastic material models in a spsegiment model is in a study by Lu et al
(1996). In this model, both the ligaments and the annulus fibrosus {#dsesuss elements) were
modeled using a quasi-linear viscoelastic theory (Maxwellh waitreduced relaxation function.
Parameters for the Prony series of the relaxation functioe taken from studies involving the time-
dependant properties of human lumbar ligament (Yahia et al., XO8®x spinal segments models to
include time-dependant effects are Martinez et al (1997) and Wétyalke(2003), which both used

linear poroelastic material models rather than linear viscaetasbry.

The first significant cervical spine segment model wasld@ed by Yoganandan et al (1996). This
model was built from CT scan geometry of a C4-C5-C6 sectiameofcervical spine. While this
model was very detailed geometrically, the material praggetsed in the model appear to be chosen
based on a calibration of the model to experimental data. The ahateels for both the annulus
fibrosus and the nucleus pulposus were isotropic linear eladtwever, recent research has
demonstrated that the importance of nonlinear material propddispite this, the model response
compared well to experimental data. This model was later regegeby Kumaresan et al (1999) to
include a better model of the annulus fibrosus (a linear corepogitiel) a detailed model of the

synovial facet joint.

Finally, the most significant development since Shirazi-Adil€t1984) to modelling of the annulus
fibrosus was presented by Eberlein et al (2001). This modé&ided the development of an
anisotropic constitutive model that was based on a neo-Hookean lagtiergjround substance
coupled with a nonlinear tension-only fibre model. A disc usirgyribiv anisotropic annulus fibrosus
model showed a significant improvement to experimental data tlist &onstructed with a linear

composite (truss) annulus fibrosus.
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Table 5-1: Summary of Previous Spinal Segment Model

Model Spine Application for Study Geometry VerteMaterial IVD Details Ligament Detalil Validation
_— . Iso Linear Cortical Ortho Linear AF .

Belytschko et al., 1974 Lumbar IVD Stress Distribnt Simple 2D Iso Linear Cancellous Fluid NP Compression
S . Iso Linear Cortical Ortho Nonlinear AF .

Kulak et al., 1976 Lumbar VD Stress Distribution imple 2D Iso Linear Cancellous Fluid NP Compression

Ortho Linear AF
Lin et al., 1978 Lumbar  Material Property Identifion  Simple 3D Ortho Linear Fluid NP Compression
Hakim and King, 1979 Lumbar Dynamic Vertebra Resgon  Simple 3D ISo Linear Cortical Linear Spring Elements Compression
g 4 S0 P Iso Linear Cancellous pring P
Spilker, 1980 IVD Bulge and Deflection . . Ortho Linear AF .
P Lumbar 9 Simple 2D Ortho Linear Compression

Spilker et al., 1984
Shirazi-Adl et al., 1984
Shirazi-Adl et al., 1986

Ueno and Liu., 1987

Goel and Kim, 1989
Goel et al., 1995

Shirazi-Adl, 1989

Rao and Dumas, 1991
Bozic et al., 1994

Natarajan et al., 1994

Lu et al., 1996

Yoganandan et al., 1996b
Kumaresan et al., 1997
Kumaresan et al., 1999a

Clausen et al., 1997
Goel and Clausen, 1998

Complex Loading Response

12-3 IVD'Stress D|str|bgt|on  Actual 3D
Sagittal Plane Motion Analysis

L4-5 Torsion Load Response Ac3D
L34 Effects of !njury Study . CTscan3D
Annulus Fibrosus Delamination
Lumbar  Annulus Modelling Technagu  Simple 2D
L5-S1 Material Sensitivity $tud Simple 3D
C4 Burst Fracture Mechanism €ans3D
L3-4 Initiation Disc of Inju Simple 3D
L2-L3 Complex Loading Response Cars3D
Initial Development
C4-C6  Laminectomy and Facetectomy CT Scan 3D
Material Sensitivity Study
C5-C6 Uncinate Process Influence CT Scan 3D

Load Sharing Study

Iso Linear Cortical

Iso Linear Cancellous
Ortho Linear Cortical
Ortho Linear Cancellous
Iso Linear Cortical

Iso Linear Cancellous
Iso Linear Cortical

Iso Linear Cancellous
Ortho Linear Cortical
Ortho Linear Cancellous

Iso Linear (Density Based)

Iso Linear Cortical

Iso Linear Cancellous
Ortho Linear Cortical
Ortho Linear Cancellous

Iso Linear Cortical
Iso Linear Cancellous

Iso Linear Cortical
Iso Linear Cancellous

Fluid NP

Linear Comp AF (Truss)
Fluid NP

Linear Comp AF (Truss)
Fluid NP

Linear Comp AF

Fluid NP

Linear Comp AF (Shell)
Fluid NP

Linear Comp AF (Truss)
Fluid NP

Linear Springitgats

Ortho Linear AF

Fluid NP

Linear Comp AF (Truss)
Fluid NP, Viscoelasticity

Iso Linear AF
Iso Linear NP

Linear Comp AF (Truss)
Fluid NP

Nonlinear Cable

Linear Cable

Bilinear Cable

Bilinear Cable

Linear Cable

Bilinear Cable

Compression,
Flexion/Extension

Compression,
Flexion/Extension

Compression
Compression

Compression

Compression

Flexion/Extension,
Bending, Rotation

Compression,
Flexion/Extension,
Bending, Rotation

Flexion/Extension,
Bending, Rotation

(continued...)
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Table 5-1: Summary of Previous Spinal Segment Modgkontinued...

Model Spine Application for Study Geometry VerteMaterial IVD Details Ligament Detalil Validation
. . . . Iso Linear Poroelastic AF Creep
Martinez et al., 1997 Lumbar  Creep Compressionystud Simple 2D Iso Linear . . .
nez ! P P lonystu 'mp I Iso Linear Poroelastic NP Compression
Iso Linear Cortical Iso Linear AF
Kumaresan et al., 1999b C4-C6 Eccentric Loadingystu CT Scan 3D I I . I Nonlinear Cable Compression
Iso Linear Cancellous Fluid NP
: : : Compression
. NP Iso Linear Cortical Nonlinear Comp AF (Truss . . -
Natarajan and Anderson, 1999  L3-L4 Geometric SeitgiStudy CT Scan 3D so Li c I Fluid NP P ( ) Nonlinear Cable  Flexion/Extension,
so Linear Cancellous ui Bending, Rotation
. . . . Iso Linear Cortical Nonlinear Comp AF (Truss) . Flexion/Extension
Nat t al., 2000 C5-C6 Ant C 1B CTS 3D . . Nonl Cabl - L
atarajan et al nterior Cervical Basi can Iso Linear Cancellous Fluid NP onlinear Cable Bending, Rotation
Eberlein et al., 2001 L1-L2 Initial Disc Development CT Scan 3D Ortho Linear Cortical Anisotropic Nonlinear AF Nonlinear Cable Flexion/Extension,
Eberlein et al., 2004 L2-S1 Multi-segment Development Ortho Linear Cancellous  Fluid NP Bending, Rotation
Ng and Teo, 2001 IVD Disc Bulge Study
Teo and Ng, 2001 Load Sharing Study Iso Linear Cortical Iso Linear AF . Compression
C4-C6 . ™ Actual 3D . . Nonlinear Cable ) -
Ng et al., 2003 Spinal Stability Iso Linear Cancellous Fluid NP Flexion/Extension
Ng et al., 2004 Material Sensitivity Study
. Iso Linear Cortical Iso Linear AF
Whyne et al., 2001 L1 Tumor Influence Study Sinfilke Ortho Linear Cancellous  Fluid NP
. . B . Iso Linear Cortical Iso Linear AF . Flexion/Extension
Pit t al., 2002 C5-C6 Ant C I F CTS 3D . . Li Cabl . L
itzen et a nterior Cervical Fusion can Iso Linear Cancellous Iso Linear NP inear Cable Bending, Rotation
. Iso Poroelastic Cortical Iso Nonlinear Poroelastic AF . .
Whyne et al., 2003 L1 Burst Fracture Simple 3D ) ) . Linear Shell Compression
Ortho Poroelastic Canc Iso Linear Poroelastic NP
' . Iso Elastic-Plastic Cortical Ortho Linear AF . Dynamic
Wilcox et al., 2004 Bovine  Burst Fracture CT Scan 3 . . . Nonlinear Cable .
fieox Vi . Y Iso Elastic-Plastic Canc Fluid NP ! Compression
Ortho Linear Cortical Nonlinear Comp AF (Truss
Noailly et al., 2005 L3-L5 Artificial Disc Study Biple 3D I l I . P (Truss) Nonlinear Cable Compression
Ortho Linear Cancellous  Hyperelastic NP
. . . Iso Linear Cortical Linear Comp AF (Truss) . Flexion/Extension
Denoziere and Ku, 2006 Lumbar  Artificial IVD Stud Simple 3D . . Nonlinear Cable : -
“ u . et Hey 'mp Iso Linear Cancellous Fluid NP ! Bending, Rotation
Ortho Linear Cortical Linear Comp AF
Yao et al, 2006 L2-3 IVD Implant Study Simple 3D I l l P Compression

Ortho Linear Cancellous

Fluid NP




5.2 Full Cervical Spine Models

Unlike spinal segment models, full cervical spine modelsdygieally compared against experimental
data involving dynamic or impact loading, focusing more on the eeguiobal motion of the head
rather than the local tissues. For this reason, multi-body) (Md@&lels have been widely used as the
numerical method for the full cervical spine. Multi-body modelket a simplified approach to
modelling the cervical spine by representing the soft tissuesc(garly the intervertebral disc) as
spring-damper elements instead of solid continuum elementdfiagérelement methods. Using this
approach, MB models are easily calibrated to the physésglonse to achieve reasonably accurate

kinematic results, while being unable to identify local tissue response.

Finite element (FE) models, on the other hand, use continuum elemeesesent the tissues of the
cervical spine. This makes an FE model much more complex and caimpalty demanding than an
MB model. For this reason, only a few FE models of the fullical spine have been developed. But
FE models are becoming more practical with the advent of siogeaomputational power, with the
intension to simulate local tissue response in dynamic loadirgpitedehe advancement of computer
power, FE models with fully deformable vertebrae have not beploieed since simulation times
would be measured in weeks rather than hours. All previous devektpedodels of the cervical
spine use rigid body vertebra for computational efficiency. Téssi@aption is reasonable, unless the
goal is to simulate failure of the vertebra, since tifness of the vertebra are much higher than the
stiffness of the intervertebral discs. Only few cerveg@ne models are detailed in the section. A full

summary of previous spine models can be found in Table 5-2.

Williams and Belytschko (1983) developed one of the first cdrgigle models for use in impact
loading conditions. This model was a simple 3D multi-body model with six degifeeeaiom (DOF)
springs to represent the biomechanics of the soft tigmtagen each rigid vertebra. Also significant
about this model was the implementation of active musclegmolate the behaviour of the live
human. The results of this model showed that active muscleswate more accurate that passive
muscles when modelling the response of the head during frontahtandl impact of volunteer test

subjects.

The first FE model of the human cervical spine was developeddiglerger (1993). This model
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represented the intervertebral disc and spinal ligaments s@ligdgelements to connect the simplified
vertebra. However, the intervertebral disc was modeled wsisiggle material, and all soft tissue
properties were assumed or calibrated. Furthermore, this nadetd any representation of
musculature, which was an important feature since this modelbeimg compared to human

volunteer impact data.

One of the more prolific multi-body models is one originally develolpgdle Jager et al (1994,
1996). While this model was certainly not ground breaking atithe, tit was the basis for more
complex and complete multi-body models such as Yamazaki et al (200@ga der Horst (2002).
The frequent use of this model in cervical spine impact &yikecause it is a component of the

MADYMO body model developed by TNO, widely used in vehicle crash simulation.

The finite element model developed by Deng et al (1999) was orfes ahost advanced cervical
spine models at the time of development. Specifically, this FE Inwae the first to use tissue
models based on fundamental tissue research rather than edlibrassumed properties. This
incorporating nonlinear, viscoelastic FE elements to repreissaetin dynamic conditions. Another
significant achievement with the Deng model was to includeeamuscles using the Hill muscle
model. These muscles were represented using two spring ele(@gmimts) to allow for realistic

muscle-force direction when the neck was flexed.

Finally, the developed by Halldin et al (2000) and Brolin andditall2004) is significant because it
is the first FE cervical spine model that details developroérhe upper cervical spine complex.
Previous cervical spine models do not discuss the development of the uppe epivie, although it
is a crucial component since cervical spine models are tlypamanpared to head acceleration data.
This model is also significant for incorporating some modeltehniques used in spine segment
modelling such as using a composite annulus fibrosus. Active miespense was added to this
model in Brolin et al (2005).

114



1T

a

Table 5-2: Summary of Previous Full Cervical SpindModels

Model Type Geometry IVD Details Ligament Detail MiesDetail Simulated Impact Cases
Williams and Belytschko, 1983 MB Simple 3D 6 DOFi8p 22 Pairs, Active (Stretch-Reflex) Frontaltdraal
Merrill et al., 1984 MB Traced 2D 6 DOF Spring/Dagnp 7 Pairs, Passive Lateral, Rear
Deng and Goldsmith, 1987 MB Traced 2D 6 DOF Spbaghper 13 Pairs (3 Pt), Passive Lateral, Rear
Kleinberger, 1993 FE Simple 3D Iso Linear IVD (AFNP same) Iso Linear Solid Elements Frontal, Axial
Dauvilliers et al., 1994 FE Simple 3D Linear Comip®isc (Truss) Linear Spring/Dampers Frontaltdral
De I‘:])ngez:gE:riyt iﬁgé% MB Simple 3D 6 DOF Spring/Damper 15 Pairs, Passive Frontal, Lateral
Cargz::cﬁzai't :?’9179 99 MB CT Scan 3D 3 DOF (Sagittal) Spring/Damper Axia
Yang et al, 1998 FE MRI Scan 3D  Iso Linear AF, \dlastic NP Linear Cables & Membranes Axial, Lalter
Deng et al, 1999 . . . L ! . .
FE Actual 3D Iso Nonlinear AF, Viscoelastic NP Lame&/iscoelastic Membranes 15 Pairs (3 Pt), Actiidl)( Frontal

Deng and Fu, 2002
Halldin et al, 2000 .

Brolin and Halldin, 2004 FE CT Scan 3D :'slzelj:];:;n;f;AF (Shelh Bilinear Cables (TL is Shell) 14 Pairs, Active (Hil Frontal, Lateral, Axial

Brolin et al, 2005
Yamazaki et al, 2000 MB Simple 3D 6 DOF Spring/Damp 15 Pairs, Active (Hill) Frontal, Lateral
Van der Horst, 2002 MB Simple 3D 6 DOF Spring/Dampe Nonlinear Cables 68 Pairs (Multi Pt), Active (il  Frontal, Lateral, Rear
Lee et al, 2004 MB Actual 3D 6 DOF Spring Nonlin€ables 22 Pairs (Multi Pt), Active (Hill) Frontal
Meyer et al., 2004 FE CT Scan 3D Iso Linear IVD (NP same) Nonlinear Cables Solid Elements, Passiv Frontal, Lateral, Rear
Zhang et al, 2006 FE Traced 3D Iso Linear AF, Isear NP Nonlinear Cabl'es




Chapter 6

Model Development

As discussed in the previous chapter, cervical spine modelsc@anmonly grouped into two
categories: segment models, and full spine models. Both typewaéls are used for their own
particular applications. Spine segment models were developéldef@urposes of understanding the
load-carrying capabilities of the spine by examining the suledsbution within the tissue during
quasi-static, physiological loading. Full cervical spine modetse developed to investigate the
response of the head and cervical spine due to impact loading to correlatgitreof the spine with

some sort of global injury measure.

Despite the wide number of cervical spine models of each typ® of the current models can be
considered a part of both groups. In essence, current full cespice models lack the detail needed

for an accurate response of local tissue that exists in spinal segmeig.mode

The objective of this chapter is to detail the developmera fifiite element model of the cervical
spine that is capable of predictive human response to impaat bassccurate geometry and tissue
material properties. This model is loosely based on the modelogedeby Deng et al (1999).
However, in order to achieve accurate representation of ddelirfrom local (tissue) level to global

response, the entire model was redeveloped, preserving only the geontie¢ryatebrae.

The principle behind the development of this model is to focus onrdpeesentation of the
fundamental tissues of the cervical spine to ensure aecuegponse at the local tissue level.
Theoretically, if each subcomponent of the spine model is modeledasaly, then the assembly of
these subcomponents should also result in accurate representatielopbD®mnt of the cervical spine
model then follows a developmental hierarchy from the fundamassales all the way to the full
cervical spine. A flowchart outlining the hierarchy used to dgvéhe cervical spine model can be

seen in Figure 6-1.
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FULL CERVICAL Validation
SPINE MODEL
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L SPINE SEGMENT
Validation |<m— MODEL -
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Cancellous Bon Cartilage Nucleus
Cortical Bone Synovial Fluid Annulus
{k
AF Fibres
AF Ground
Endplate

Figure 6-1: Hierarchy of Development for the Cervial Spine Model

Fundamental tissues or properties (yellow), which make up tiebvae, ligaments, facet joints, and
the intervertebral discs, are assembled to create al sgigment model (blue). Each segment model
(seven in total) of the entire cervical spine then come hegdb complete the model of the full
cervical spine (blue). Each level of spine model is rigosots$ted to ensure that the model is

validated (green) against applicable experimental data.

It should be noted that there are some differences between teeaiproperties of the spinal
segment models and that of full cervical spine model. As omediin Chapter 3, biological tissues
are viscoelastic in nature, and this phenomenon must be accounteth®full cervical spine model
for impact simulation. Furthermore, some compromises in modelling techniguesnade in the full
cervical spine model, required for computational efficiency. s€hehanges will be discussed

throughout the chapter.
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6.1 Model Construction

Model construction was the first step in the development of tHhecéuVical spine model. This

process involved the generation of the finite element mesh,ahsifidation of each type of element
(element formulation), and the definition of the interaction betwane part to another. To construct
the mesh of cervical spine model, a number of important factere wonsidered for each part:
geometry, mechanical properties, loading conditions, and computatiostalEach of these aspects

will be discussed in the following sections for each component of theefwikal spine.

All pre-processing and model construction was done using Hyplerm@gAltair Engineering Inc.,
Troy, MI) and LS-Pre/Post2 (LSTC, Livermore, CA). An elemengkdown summary of various

parts in the cervical spine model can be seen in Table 6-1 at the erslsafctidbn

6.1.1 Vertebrae Construction

In the single spinal segment models, the C1 to C7 vertebrae maateled as deformable parts,
consisting of separate elements for cortical bone, cancellous bone, and the bong®rcatatellous
bone, forming the bulk of the vertebra, was modeled using 3D solid dveadaglements. Cortical
bone and the bony endplates were both modeled using 2D quadritdieliadlements, which were
overlaid onto the outer surfaces of the solid cancellous blaments. The choice of using a shell
element rather than a solid element for both the corticaé lzad the bony endplate is due to the
relatively thin (less than 1 mm) nature of these tissuesll 8fements are also computationally
cheaper (quicker to process) than solid elements, as throughebic effects are not considered

important for the current model.

The construction of a typical deformable vertebra can be seen in Figure 6-2, ivniésla¢d cervical
spine vertebrae (including T1) can be seen in Figure 6-10 atntheofethis section. A contact
algorithm is enabled for all vertebra in the instances thdtlve-vertebra contact does occur. It
should be noted that both the skull (CO) and the T1 vertebrae veeielad as rigid bodies for both
the full spine model and the single segment models. For @seomethe skull and T1 were modeled

using shell elements only.
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Cancellous Bone (Solid)

Bony Endplates
(Shell)

Cortical Bone
(Shell)

Figure 6-2: Components of Each Deformable Vertebra

6.1.2 Facet Joint Construction

The facet joints between the C2 to T1 vertebrae are reyeese the cervical spine model with solid
elements for articular cartilage and a simple pressoigne airbag model for the synovial fluid. The
typical facet joint (without capsular ligaments) can bens@ Figure 6-3. All articular cartilages are
one solid element thick, except for in the C2-C3 facet joihere they are two elements thick due to
the excessively large gap between artilcular surfacssglbne-element through the thickness of a
part often leads to hourglassing issues, however the cartihagerial is constrained one of its

surfaces wthich reduced any potential hourglassing.

Capsular ligaments, represented by beam elements surroundingeriigeter of the articular

cartilage, connect the complementary pair of articular susfésme Section 6.2.4 for more detail). All
cartilage elements were attached to the vertebra usimgdacontact to allow for attachment of
dissimilar meshes (as the cartilage required finer meakitgle Frictionless contact was defined

between all articular cartilage surfaces in the model.
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Articular Cartilage

PV Airbag/

Segments

Articular Pillar
Figure 6-3: Construction of a Typical Facet Joint vith Pressure-Volume Airbag

Because of the relative sliding motion between upper and lavieular surfaces of a facet joint
during physiological loading, using fluid elements for the synoviatl fbetween the cartilage can
result in highly distorted elements. This can lead to shatptyeasing timestep size and numerical
instability. However, omitting the synovial fluid from the modetates unrealistic contact behaviour
between the facet cartilages due to the present of an ‘egapty(Kumaresan et al., 1998). Instead,
the synovial fluid was modeled using a simple technique thatespalihydrostatic pressure to the
surfaces of a defined volume (Figure 6-3), based on a user-inpgttedze-film action relationship
(detailed in Section 6.3.3). This simple method for modelling the sghfiuid in the facet joint

allowed for realistic loading behaviour without a significant computati cost.

Cartilage in the upper cervical spine was also modeled toeepsoper interaction between the CO,
C1, and C2 vertebrae. The upper cervical spine cartilageecaedn in Figure 6-4. The difference
between the facet joints of the lower and middle cervical sgiethat of the upper cervical spine is
that no synovial fluid was modeled in the upper cervical spine.cbhwlexity of the shape of the
upper cervical spine, and the large relative motion betweenQh€ T and C2 made it difficult to
implement the airbag method for the synovial fluid. This is ikety to have major implications in

the model, but should be investigated in the future.

120



c2
C1

C1-C2 Joint

Figure 6-4: Construction of the Cartilage of the Uper Cervical Spine Joint

6.1.3 Intervertebral Disc Construction

The intervertebral disc is based on a structural (compaai@)lus fibrosus model with shell layers
for annulus fibrosus laminae and solid layers for annulusdi® ground substance. Structural AF
models are composed of elements representing the fibres lanthreae, and the ground substance.
Annular fibres have often been represented by non-linear élaessents imbedded in the ground
substance elements (Yin and Elliot, 2005). However, more recahelitbased models of the annular
fibres have be proved more representative of the AF tisedehave improved the results of finite
element models (Duncan et al., 1995a; Elliott and Setton, 2001). yidgsof intervertebral disc

model has been utilized in other annulus fibrosus models (Duncan et al., 199&ia; étall., 2000).
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Each disc in the cervical spine model is constructed with a ‘ohgolid hexagonal elements of the
annulus fibrosus ground substance that was four elements thigigimicelements high. Interlacing
the solid ground substance elements were five pairs of corcehikeil layers (10 layers total)
representing the annulus fibrosus fibre lamina. Encompassed byrthkis fibrosus elements were
solid hexagonal elements that represented the nucleus pulposusample of the construction of

each disc can be seen in Figure 6-5.

Nucleus Pulposus
AF Ground Substance AF Fibres

Complete Intervertebral Disc

Figure 6-5: Components of Each Intervertebral Disc

A layer of shell elements representing the cartilagous etedpias incorporated on the superior and
inferior surfaces of the intervertebral disc model (not shiomFigure 6-5). The cartilagous endplates
were attached to the bony endplates of the vertebra by aafiefyre contact to allow for attachment

of the finer intervertebral disc mesh to the courser bemtenesh. A tiebreak contact also allowed for
failure of the attachment in the case where the intedtaesses exceed a defined limit. This type of

contact is important for modelling endplate avulsion.

6.1.4 Ligament Construction

The mechanical properties for ligaments are quite complenoitel, being non-linear, orthotropic,
viscoelastic, and unable to carry compressive load. Additior&tlyerimental data on ligaments in
the cervical spine are often reported as force-deflectither than stress-strain, since measuring the

length and the effective cross-sectional area of the ligais@ften difficult (Przybylski et al., 1998).
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For this reason, the ligaments in the cervical spine mode medeled using 1D discrete elements
rather than 2D shell membrane elements. Discrete elemegtprawide axial force in tension or
compression based on the change in element length, and does not providg detaision strength.
The use of discrete elements allows for material ckeniaation from force-deflection data rather
than stress-strain data that would be required for a contimlemment. Discrete elements have been
used to represent cervical spine ligaments in many previouslsnfdeganandan et al., 1996b;
Clausen et al., 1997; Halldin et al., 2000; Ng and Teo, 2001; Meyer et al., 2004).

Each ligament in the cervical spine was composed of a seisofet elements spaced closely
together and attached their respective vertebra by sharinga@omodes. There is only one element
between the origin and insertion point. The arrangement oé tinesvidual elements to form the

whole ligament can be seen in Figure 6-6 for the lower and middle cespinal

ALL \

CL

ISL

Figure 6-6: Arrangement of Some Ligaments in the Lever and Middle Cervical Spine

6.1.5 Muscle Construction

The cervical spine muscles were modelled using the Hill4typscle model (as described in Section
6.3.7). This model accounts for the force generated between tgwe and insertion points of the
muscle from active and passive properties. The modelling &frbuscle properties was not required

since the neck does not often experience direct impact.

Each muscle element was represented using 1D discretengdeménich were broken up into

separate segments that accounted for the various origin antibims@oints of the muscle (see Table
2-6). This resulted in 90 separate muscle pairs (180 segmewtsljnrépresenting the 27 different
muscles of the cervical spine. Origin and insertions of eacklenssgment are listed in Table 6-8 in
Section 6.2.5.
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Muscle

/ EIements\

Figure 6-7: Muscle Elements of the Full Cervical Sipe Model

To account for the changing load direction from muscle curvatuiagdneck flexion or extension,
each muscle segment was divided into equal length elemerggdgs §om origin to insertion point.
Along with the origin node and the insertion node, intermediatena@re constrained to a vertebra
that the muscle segment spanned. For instance, a muscle segtheanwvarigin on C2 and an
insertion on C5 would be made up of three muscle elements witmtaronediate nodes constrained
to C3 and C4. Nodes that are constrained to the C4 vertebra caenbi@ §igure 6-8, along with the

effect of this method on the curvature of neck muscles in flexion.

—
c4 /
C4 Muscle

Attachments Curved Muscles in Flexio

Figure 6-8: Attachment of Muscles to Vertebrae foiCurved Muscle Response

The disadvantage to using this method of constrained interrmatides is that the force generated

within each element a muscle segment may not be equal, ang ldegeind on the relative rotation
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between adjacent vertebrae. Ideally, the nodes constraineditettmediate vertebrae would serve
as a guide for the muscle elements to slipover rather than traon#&ttempts have been made
achieve this effect using a newly implemented contact afgoritin LS-DYNA
(*CONTACT_GUIDED_CABLE), but employing the guided cable method aa@ssuccessful due to
numerical stability issues. Preliminary impact studies asigthis force difference is present, but not

in amounts that would significantly change the behaviour of the model.

Because discrete elements were used to model the musclesantizal spine, mass elements were
added to account for the weight of the muscles. The massabf element (located on a muscle
segment node), was based on the volume of the muscle segmentnaadie density of 1.06 g/ém

was used (Ward and Lieber, 2005). The distribution of muscle mass getvical spine can be seen

in Figure 6-9.

Figure 6-9: Distribution of Muscle Mass Elements

For future extension of the cervical spine model to a full bodgiehh muscles that attach to parts of
the human body not included in the cervical spine (scapula, stertawmgle; thoracic spine, etc.)

were included as if these body parts were present in the mittethment of the nodes of these
muscles that extended below the first thoracic vertebra w@nstrained to the first thoracic vertebra

since all full cervical spine simulations are based on a prescribéohnothe T1.
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Table 6-1: Summary of Elements for Each Part

Part Level Solid Elements Shell Elements Discréeenents Total Elements
Vertebrae
Skull 0 2894 0 2894
C1 4208 2436 0 6644
c2 7454 3380 0 10834
C3 5747 3188 0 8935
C4 3468 2334 0 5802
C5 4152 2382 0 6534
C6 3954 2362 0 6316
c7 7042 3492 0 10534
T1 0 742 0 742
Cartilage
Skull 320 0 0 320
C1 824 0 0 824
Cc2 896 0 0 896
C3 518 0 0 518
C4 350 0 0 350
C5 368 0 0 368
C6 376 0 0 376
c7 590 0 0 590
T1 276 0 0 276
IVD
C23 3712 5568 0 9280
C34 4432 6388 0 10820
C45 4096 5824 0 9920
C56 4992 7008 0 12000
ce7 4256 6024 0 10280
C7T1 4368 6212 0 10580
Ligaments
C012 0 18 281 299
Cc23 0 0 97 97
C34 0 0 98 98
C45 0 0 84 84
C56 0 0 98 98
c67 0 0 101 101
C7T1 0 0 115 115
Muscles
CO-T1 0 0 820 820
Total 66399 60252 1694 128345
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Figure 6-10: Geometry and Mesh of Each Vertebra ithe Cervical Spine (To Scale)
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6.2 Model Geometry

Model geometry is an important step in ensuring an accurgienss during a numerical analysis.
The adult human body comes in many shapes and sizes, with commonnsthes automotive
industry ranging from the smalf"Sercentile female, the standard"5@ercentile male, and to the
very large 98 percentile male. The size and shape of the human body has &aigriffluence on
the response of the cervical spine, particularly during an dtdpading scenario. Thus, it is

important to design and verify that a numerical model meets the desihedpmmetric size.

The cervical spine model detailed in this thesis was designedetatimeeanthropometric specification
for a mid-sized male (known as thé"gfercentile male). The geometry of each vertebra was based on
the model by Deng et al (1999), which was originally constructad fi commercial dataset of 3D
surfaces (Viewpoint DataLab, Orem, UT). The entire origoelvical spine geometry was scaled
such that the dimensions of the skull agreed with the anthropordataaeported in Robbins (1983)

for the 5" percentile male.

Soft tissues such as the intervertebral discs, ligamemispasculature were added to the vertebra
based on the qualitative observations from various studies, tg@rgridmarks of the vertebrae as a
reference. Detailed anatomic descriptions of the interveiteizes and geometry can be found in
Markolf and Morris (1974), Gilad and Nissan (1986), Pooni et al (198@) Cassidy et al (1989).
Literature on the location and geometry of cervical spine lggdsncan be found in Dvorak and
Panjabi (1987), Dvorak et al (1988), Panjabi et al (1991a, 1991bybyiski et al (1998),
Yoganandan et al (2000a), Winkelstein et al (2001), and MerceBagaduk (2003). Muscle origin
and insertion point can be found in textbooks such as Gray (1918), AduDballey (2005), and
Moore and Dalley (2006), as well as Chancey et al (2003).

6.2.1 Vertebral Geometry

Because the geometry of each vertebra was scanned from éduatiperson, some deviation from
the ‘ideal’ 50" percentile male vertebral dimensions was expected. Howeeedimensions of the

vertebral bodies in the cervical spine model are all withinstaedard deviation of the dimensions
measured by Gilad and Nissan (1986, see Table 2-1) for theeBoentile males. The dimensions of

each vertebral body are defined in Figure 6-11, and can be seen in Table 6-2.
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Figure 6-11: Dimensions of the Vertebral Body of te Cervical Spine Model

For the single segment models that use a deformable vertiglbkaess values for the cortical bone
and bony endplate were assigned based on Panjabi et al (2001a)teEtuighkaess was based on the
average measured superior and inferior endplate thicknesg, edntical bone thickness was based
on the average measured anterior and posterior vertebraltisiokliess. Cortical bone and bony

endplate thickness in the model can be seen in Table 6-2.

Table 6-2: Vertebra Body Geometry and Bone Thicknesof the Cervical Spine Model

Vertebral Body Cc2 C3 C4 C5 C6 Cc7 Tl
Depth
(Superior)  15.4 mm 14.7 mm 17.0 mm 16.3 mm 17.3 mm 16.2 mm 18.5 mm
(Inferior)  15.4 mm 18.1 mm 17.4 mm 18.5 mm 16.0 mm 17.0 mm 18.5 mm
Height
(Anterior)  24.3 mm 15.8 mm 14.4 mm 14.0 mm 12.0 mm 15.7 mm 15.2 mm
(Posterior) 18.5 mm 15.7 mm 15.1 mm 14.4 mm 13.3 mm 12.7 mm 17.1 mm
Width
(Superior) 12.6 mm 19.9 mm 27.6 mm 24.2 mm 25.6 mm 24.6 mm 24.5 mm
(Inferior)  16.5 mm 21.0 mm 20.9 mm 22.9 mm 23.9 mm 23.2 mm 30.7 mm
Cortical Thickness 0.46 mm 0.46 mm 0.48 mm 0.53mm 0.58 mm 0.59 mm
Endplate Thickness 0.61 mm 0.61 mm 0.59 mm 0.58 mm 0.64 mm 0.64 mm

Since the skull was constructed from rigid shell elementss mad inertia properties were defined
based on Walker et al (1973). The mass and the moment of iinetti@ sagittal plane interia were
both measured values, while the out-of-plane inertias were bastt dnteria ratios reported by
Robbins (1983). These values can be found in Table 6-3.
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Table 6-3: Mass and Moment of Interia of the Skull

Moment of Interia
IXX lyy Izz

Mass

Skull 4.376 kg 21060 kg mim 23300 kg mrh 15200 kg mrh

The centre of mass for the skull was also measured by YW&tlle (1973) using X-Rays. The centre
of mass of the head was calculated using polar coordinatesheibirankfort plane as a baseline and
the auditory meatus as the origin. It was found that the g&qasition of the centre of mass was
located 24.2 mm and 285° from the auditory meatus. The head waseptsted to have a 7° tilt,

measured between the transverse plane and the Frankfort plane.

Frankfort Pla ne 24.2 mmr

T %

285°

Figure 6-12: Centre of Mass of the Skull

6.2.2 Facet Joint Geometry

The size and shape of the modeled facet joints was dependdre vertebral geometry described
above. The size of the modeled facet joints were in good ragréewith some of the facet joint
studies listed in Table 2-2 (Francis, 1955; Panjabi et al., 1993tRal., 2001; Yoganandan et al.,
2003). The dimensions of the facet joints, and how they were definediectound in Figure 6-13

and Table 6-4.
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Figure 6-13: Dimensions of the Facet Joints of th€ervical Spine Model

The orientation of the modeled facet joints was also measur@adompared to anatomical studies.
Using the same method as Panjabi et al (1993), the orientdittbe facet joints is measured by the
angles made between the plane of the facet joint and the lsagitaansverse planes of the vertebra.
The sagittal angle and transverse angieandar respectively, are essentially the angle between the
facet plane normal vector, and the normal vectors from thitadaand transverse planes (refer to
Figure 6-13). The orientation of the facet joints in the modelbeafound in Table 6-4, and were in
reasonable agreement with Panjabi et al (1993) and Pal et al (20013l¢e@-P).

Table 6-4: Facet Dimensions and Orientation of th€ervical Spine Model

Facet Ci Cc2 C3 C4 C5 C6 C7 T1

Height
(Upper)  21.2 mm 18.7 mm 11.2 mm 11.0 mm 13.2 mm 12.9 mm 8.9 mm 12.5 mm
(Lower) 18.6 mm 9.2 mm 12.6 mm 9.8 mm 12.3 mm 12.5 mm 12.3 mm

Width
(Upper) 9.8 mm 16.4 mm 11.0 mm 13.0 mm 12.3 mm 13.6 mm 13.8 mm 12.4 mm
(Lower) 14.5 mm 12.2 mm 11.5 mm 10.9 mm 13.2 mm 13.2 mm 13.3 mm

(Upper) 55.5° 42.7° 51.1° 58.1° 67.0° 58.0°
(Lower) 52.2° 43.3° 50.7° 54.8° 61.1° 50.6°

as
(Upper) 91.6° 81.6° 88.7° 77.2° 80.1° 83.7°
(Lower) 95.6° 105.4° 89.2° 77.0° 82.2° 80.7°

6.2.3 Intervertebral Disc Geometry

The intervertebral discs in the model were situated betadgtent vertebral bodies, so dimensions
such as depth and width were based on the vertebral geometrgntEn®r and posterior height of
each disc was based on the distance between each adjacémavdie vertebrae were arranged to
provide disc heights in agreement with Gilad and Nissan (1886Table 2-3) for the Spercentile

male while maintaining a neutral spine curvature (discussed).| The height of each disc can be
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seen in Table 6-5, while the depth and width of each disc correspotit: tdimensions of the

attached vertebral body, seen in Table 6-2.

Table 6-5: Intervertebral Disc Heights and Area othe Cervical Spine Model

IVD C23 C34 C45 C56 C67 C7T1
Height
(Anterior) 4.00 mm 4.95 mm 4.68 mm 5.42 mm 4.98 mm 5.02 mm
(Posterior) 3.61 mm 3.65 mm 3.94 mm 3.57 mm 3.79 mm 4.23 mm
Transverse Area 216.0 Mm 340.2 mm 308.3 mm 354.0 mm 299.4 mm 358.6 mm
NP Area 44.9% 48.9 % 43.2% 48.0 % 56.5 % 50.9 %

The transverse cross-sectional areas of each disc dria wie 200 — 400 mhrange reported by
Pooni et al (1986). However, Pooni et al (1986) reported increaing-sectional area from C2 to
T1, but this is not the case in the model. The ratio of theensq@ulposus area to the total invertebral
disc area is approximately 1:2, which is the estimated siteeaiucleus in healthy disc (Pooni et al.,
1986; latridis et al., 1996).

When the vertebrae and intervertebral discs were assemblaghte the full spine model, the overall
dimensions of the cervical spine agreed with Robbins (1983). Ttancksbetween the C7/T1 joint
(based on the C7 surface landmark) and the head/neck jased(ba the occipital condyles) is 121.4
mm in the model, compared to 118.8 mm as reported by Robbins (1983) idrs&ed male. The
method of determining the length of the cervical spine (as debydrobbins) can be seen in Figure
6-14.

14.7°

121.4 mm

Figure 6-14: Length and Curvature of Cervical SpineModel
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A natural cervical spine curvature exists for a seated ontupat is dependant on age, sex, and
stature, and has been shown to influence the likelihood of an injunygdimnpact (Klinich et al.,
2004). By defining the inferior and superior angles of a cubic Bezieve that runs from the
posterior margins of C2 through C7 vertebral bodies (the metteatihysKlinich et al), the full spine
model had an inferior angle of 17.5° and a superior angle of 14.7° (Fgutk These angles agree
well with anthropometric data from Klinich et al (2004) thia¢ tfull cervical spine model has a

curvature that is natural to a seatelf pércentile male.

6.2.4 Ligament Geometry

The ligaments in the model were positioned based on the origimsedion locations described in
various studies and anatomy textbooks mentioned previously. Sinceatlegianmodel used to
represent the ligaments used force-deflection type data thtreistress-strain type data, it was not
required that ligament geometry (length and cross-section) beladoeeactly as measured in the
various anatomical studies (Panjabi et al., 1991a and 1991b; Pkiydtydd., 1998; Yoganandan et
al., 2000a). It is also evident from Table 2-4 that differemratiories used different techniques and
definitions to measure the geometry of cervical spine legds) resulting in an inconsistent pool of
research data. Nevertheless, the dimensions of all ligamsrdeled in the cervical spine model
agree with anatomical studies, with the exception of the capsydanents. For ease of modelling,
the capsular ligaments were modeled extending along the circundéesige of the vertebral-side of
the facet cartilage, which results in a much shorter liganemgth. Since the model will used force-

deflection based material properties (Section 6.3.6), this is not an isheennodel.

Table 6-6: Dimensions of the Lower and Middle Ligarants of the Cervical Spine Model

Ligament C23 C34 C45 C56 C67 C7T1
ALL

(Length) 11.8 mm 14.1 mm 13.7 mm 11.7 mm 12.5 mm 13.0 mm

(Width) 10.4 mm 9.1 mm 9.4 mm 9.6 mm 9.8 mm 9.6 mm
PLL

(Length) 13.1 mm 11.3 mm 12.5 mm 9.9 mm 10.5 mm 11.5 mm

(Width) 9.8 mm 8.8 mm 10.3 mm 10.9 mm 10.5 mm 10.7 mm
LF

(Length) 9.3 mm 9.8 mm 7.9 mm 9.6 mm 7.7 mm 10.5 mm

(Width) 17.5 mm 13.2 mm 19.4 mm 20.0 mm 17.3 mm 18.9 mm
ISL

(Length) 10.0 mm 9.4 mm 7.3 mm 5.5 mm 5.0 mm 11.2 mm

(Width) 13.2 mm 8.8 mm 10.7 mm 13.1 mm 16.4 mm 23.3 mm
CL

(Length) 4.9 mm 3.4 mm 2.8 mm 2.2 mm 2.6 mm 4.6 mm

(Circumference) 35.8 mm 39.2 mm 37.2 mm 42.0 mm 40.0 mm 40.6 mm
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Table 6-7: Dimensions of the Upper Ligaments of th€ervical Spine Model

Ligament Ligament Ligament

AAOM CL (C01) Nuchal

(Length) 27.7 mm (Length) 3.9 mm (Length) 47.3 mm

(Width) 16.6 mm (Circumference) 61.7 mm (Width) 5.5 mm
AAAM CL (C12) Transverse

(Length) 17.3 mm (Length) 4.4 mm (Length) 30.0 mm

(Width) 10.12 mm (Circumference) 61.8 mm (Width) 6.5 mm
Tectorial Mem Apical Sup. Crux

(Length) 29.1 mm (Length) 22..4 mm (Length) 31.7 mm

(Width) 4.3 mm (Width) 4.0 mm (Width) 4.9 mm
PAOM Alars (C02) Inf. Crux

(Length) 14.12 mm (Length) 6.4 mm (Length) 7.8 mm

(Width) 42.3 mm (Width) 5.1 mm (Width) 3.7 mm
PAAM Alars (C12) ISL (C12)

(Length) 10.6 mm (Length) 4.7 mm (Length) 12.3 mm

(Width) 29.4 mm (Width) 3.1 mm (Width) 4.8 mm

6.2.5 Muscle Geometry

The muscles were added based on the descriptions providechicalchnatomy textbooks, using
landmarks on the vertebrae and skull as a reference. All esusith origin or insertion points not on
the cervical spine were modelled as they would be in a full Inaogel, but constrained to the T1
vertebra for cervical spine simulation. All geometric details of theicadrspine muscle segments can
be seen in Table 6-8. The length of each muscle is the strastgatak from origin to insertion point,
while PCSA and volume information was taken from the liteea{inaub and Myers, 1998). For
muscles with multiple segments, PCSA was divided evenly ash@agh segment, whereas segment

volume was determined based on the relative length of the segment in the. muscl

Table 6-8: Muscle Geometry in Cervical Spine Model

Muscle Segment Origin Insertion Length (mm) PCSAic Volume (g/cm)
Oblique Capitus Inferior Cc2 C1 57.13 1.950 8.13
Oblique Capitus Superior C1 co 21.88 0.880 3.03
Rectus Capitus Major Cc2 Cco 49.22 1.680 5.37
Rectus Capitus Minor C1l CO 14.48 0.920 1.82
Longus Capitis A C3 Co 62.04 0.343 1.84
Longus Capitis B c4 Cco 86.30 0.343 2.56
Longus Capitis C C5 co 103.68 0.343 3.08
Longus Capitis D Cc6 Cco 121.18 0.343 3.60
Total Longus Capitis 1.370 11.09
Longus Colli Sup A C3 C1 40.85 0.230 0.76
Longus Colli Sup B C4 C1 64.55 0.230 1.19
Longus Colli Sup C C5 C1 81.10 0.230 1.50
Longus Colli Inf A T1 C5 63.74 0.345 1.76
Longus Colli Inf B T2 C6 61.05 0.345 1.69
Longus Colli Vert A C5 c2 76.37 0.457 2.32
Longus Colli Vert B C6 C3 73.24 0.457 2.23
Longus Colli Vert C C7 C4 76.93 0.457 2.34

(continued...)
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Table 6-8: Muscle Geometry in Cervical Spine Modetontinued...

Muscle Segment Origin Insertion Length (mm) PCS#jc Volume (g/cr)
Total Longus Colli 2.750 13.79
Rectus Capitis Ant C1 Co 22.74 1.300 1.36
Rectus Capitis Lat C1 Co 11.88 1.300 1.74
Anterior Scalene A C3 T1 128.88 0.470 3.13
Anterior Scalene B C4 T1 104.73 0.470 2.54
Anterior Scalene C C5 T1 88.20 0.470 2.14
Anterior Scalene D C6 T1 72.04 0.470 1.75
Total Anterior Scalene 1.880 9.56
Middle Scalene A c2 T1 122.85 0.227 2.36
Middle Scalene B C3 T1 116.03 0.227 2.23
Middle Scalene C C4 T1 97.07 0.227 1.86
Middle Scalene D C5 T1 80.89 0.227 1.55
Middle Scalene E C6 Tl 69.29 0.227 1.33
Middle Scalene F C7 T1 54.14 0.227 1.04
Total Middle Scalene 1.360 10.38
Posterior Scalene A C5 T1 84.75 0.350 251
Posterior Scalene B C6 T1 73.11 0.350 2.17
Posterior Scalene C c7 T1 57.23 0.350 1.70
Total Posterior Scalene 1.050 6.38
Sternocleido Mastoid A T1 Co 169.10 2.460 25.54
Sternocleido Mastoid B T1 Co 202.33 2.460 30.55
Total Sternocleido Mastoid 4.920 56.09
lliocostalis Cervicis A T1 C3 120.07 0.260 2.20
lliocostalis Cervicis B T1 C4 102.71 0.260 1.88
lliocostalis Cervicis C T1 C5 91.46 0.260 1.67
lliocostalis Cervicis D T1 C6 79.83 0.260 1.46
Total lliocostalis Cervicis 1.040 7.21
Longissimus Capitis A C4 Co 67.15 0.196 1.71
Longissimus Capitis B C5 Cco 84.17 0.196 2.14
Longissimus Capitis C C6 Cco 97.63 0.196 2.49
Longissimus Capitis D C7 Cco 116.60 0.196 2.97
Longissimus Capitis E T1 Co 118.28 0.196 3.01
Total Longissimus Capitis 0.980 12.33
Longissimus Cervicis A T1 C2 85.84 0.298 1.68
Longissimus Cervicis B T1 C3 99.04 0.298 1.94
Longissimus Cervicis C T1 C4 98.13 0.298 1.92
Longissimus Cervicis D T1 C5 103.29 0.298 2.02
Longissimus Cervicis E T1 C6 109.00 0.298 2.14
Total Longissimus Cervicis 1.490 9.71
Multifidus A C4 Cc2 42.10 0.200 4.34
Multifidus B C5 C3 33.99 0.350 3.51
Multifidus C C6 C4 33.95 0.450 3.50
Multifidus D Cc7 C5 44.45 0.450 4.59
Multifidus E T1 C6 38.75 0.450 4.00
Multifidus F T1 c7 45.56 0.450 4.70
Total Multifidus 2.350 24.64

(continued...)
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Table 6-8: Muscle Geometry in Cervical Spine Modetontinued...

Muscle Segment Origin Insertion Length (mm) PCShZy Volume (g/cm3)
Semisplenius Capitus A C4 Cco 65.94 0.613 2.53
Semisplenius Capitus B C5 (e0] 82.40 0.613 3.16
Semisplenius Capitus C C6 Co 97.01 0.613 3.72
Semisplenius Capitus D Cc7 (o] 114.36 0.613 4.39
Semisplenius Capitus E T1 (e0] 118.09 0.613 453
Semisplenius Capitus F T1 CO 135.88 0.613 5.21
Semisplenius Capitus G T1 Co 153.81 0.613 5.90
Semisplenius Capitus H T1 Cco 188.81 0.613 7.24
Semisplenius Capitus | T1 (60] 207.97 0.613 7.98
Total Semisplenius Capitus 5.520 44.67
Semisplenius Cervicis A T1 c2 80.54 0.765 5.85
Semisplenius Cervicis B T1 C3 79.91 0.765 5.81
Semisplenius Cervicis C T1 C4 83.75 0.765 6.09
Semisplenius Cervicis D T1 C5 88.65 0.765 6.44
Total Semisplenius Cervicis 3.060 24.19
Splenius Capitis A Cc7 Co 119.27 0.773 6.25
Splenius Capitis B T1 co 139.86 0.773 7.33
Splenius Capitis C T1 co 156.12 0.773 8.19
Splenius Capitis D T1 co 169.64 0.773 8.90
Total Splenius Capitis 3.090 30.67
Splenius Cervicis A T1 C1 169.98 0.477 4.67
Splenius Cervicis B T1 C2 169.47 0.477 4.65
Splenius Cervicis C T1 C3 184.30 0.477 5.06
Total Splenius Cervicis 1.430 14.38
Levator Scapula A C1 T1 135.66 0.780 10.88
Levator Scapula B C2 T1 120.24 0.780 9.64
Levator Scapula C C3 T1 116.24 0.780 9.32
Levator Scapula D C4 T1 99.60 0.780 7.99
Total Levator Scapula 3.120 37.83
Minor Rhomboid A Cc7 T1 59.07 0.510 4.18
Minor Rhomboid B T1 T1 46.44 0.510 3.29
Total Minor Rhomboid 1.020 7.47
Trapezius A co T1 176.06 1.526 17.19
Trapezius B C1 T1 168.37 1.526 16.44
Trapezius C c2 T1 156.79 1.526 15.31
Trapezius D C3 T1 148.04 1.526 14.46
Trapezius E Cc4 T1 147.82 1.526 14.44
Trapezius F C5 T1 151.46 1.526 14.79
Trapezius G Cc6 T1 144.85 1.526 14.15
Trapezius H c7 T1 140.50 1.526 13.72
Trapezius | T1 T1 118.62 1.526 11.58
Total Trapezius 13.730 132.09
Omohyoid T1 Cco 124.07 1.175 6.35
Sternohyoid T1 Co 141.17 1.175 5.81
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6.3 Material Properties

To incorporate the mechanical properties of the variousessef the human body into the numerical
model, experimental data derived froim vitro tissue studies are required. Unfortunately, the
experimental data for many of the tissues in the cervidgaksgre sometimes in a format unsuitable
for numerical modelling, limited in application, or are just notilabée in the current literature
(Panjabi, 1998). Considering what types of material data tdsuaevery important step, since the

numerical model is only as good as its constituents.

A strong consideration regarding material constitutive models mased on the availability in LS-
DYNA. Despite having nearly 200 fully functional models in itstenial catalog, LS-DYNA

currently lacks in material models that are particulatijted for biological tissues under impact
loading. A few bio-related material models, such as the fitrdorced hyperelastic model
MAT_SOFT_TISSUE, have been implemented for tissue modelling purpbse®xperience has
shown these models to be unstable for certain types of impaatasion, especially using shell
elements. LS-DYNA does have the capabilities for the userdate an original material model,
which would be ideal for developing a material model for tisgl@vever, this process is very time
demanding because of the extensive implementation, verificatnthyaidation process required
with a user-material. Nonetheless, due to time constraitsisglies in the cervical spine were
modeled from built-in LS-DYNA materials, with a penchant for nuoarstability and ease of

implementation.

6.3.1 Bone Material Model

Under physiologic loading, the mechanical properties of bone are mehanisotropic (refer to

Section 3.2). Traumatic loading beyond a certain yield strainoftset of damage) causes the bone
stiffness to soften, and permanent deformation. Unloading of thteglibone is then along a reduced
elastic modulus (refer to Figure 3-8). This type of materiabi®ur is best represented by a brittle
damage material model. Unfortunately, anisotropic brittle denmagdels are complex and require
material data that is currently unavailable for bone. Howeaber use of an elastic-plastic material
model for bone in this model is an adequate choice for identiffimgnset of bone damage from a

single loading.

A simple isotropic power-law plasticity material model wesployed to represent the bone

mechanical behavior for both physiological and traumatic loadimgisdtropic material law was
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chosen because anisotropy in elastic-plastic models typically déh the direction-dependency of
yield stress rather than stiffness. The elastic behaviour of the powetdsticity model is based on a
simple linear stress-strain relation (Equation 6-1). Plasti@aviour is based on a non-linear function
that describes the yield stress (Equation 6-2). The intersedtitrese two relationships, known as
the yield point, is the boundary between elastic and plastic dafiomnm The stress-strain relationship

for this model can be seen in Figure 6-15.
s=Pbe Equation 6-1
n n .
s =ke = k>(eyp + ep) Equation 6-2

where E is the elastic Young's modules, is the elastic strain to yiel@, is the effective plastic
strain, and k and n are parameters of the yield function.ree parameters for creating the power-

law model (E, k, and n), can be determined from experimental data.

L4
4
,
—_ 4
s “Ee ,
4
4
4
Sy —.
P -
-
. -
n P
s ~ke -
%) ’ . .
g e Plastic Deformation
& . (Damage)
4
L4
4
I

r

1}

]

: Elastic Deformation

]

[ €yp

Strain

Figure 6-15: Power-Law Plasticity Model for Bone Danage Modelling

Fitting the power-law model to experimental bone data require@ltfgic modulus (E), the yield
point (g, andsy), and one other post-yield stress-strain point. The experiméatal selected to
generate the power-law parameters for cortical and cancdilmes were from Currey (2004), and
Kopperdahl and Keaveny (1998) respectively. The mechanical propertesical bone reported by
Currey were consistent with previous cortical bone studiesr(tefTable 3-1), while Kopperdahl and

Keaveny reported stiffer values for vertebral cancellous buare previous studies. Their reasoning
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for this discrepancy was that previous cancellous bone sthdgkgertain sample end-artifacts that
over predicted tissue strain. These end-artifacts were sfaltesremoved in their study, and

accurate mechanical properties were obtained.

There are no existing studies that look at the mechanical iesgpef the bony endplates in uniaxial
tension or compression, so the material properties were asdonbe 1/3 the stiffness of cortical
bone with the same yield and ultimate strain. The mechanical rpesptr the bony endplates are

similar to those used by Denoziere and Ku (2006).

Table 6-9: Material Property Summary for Bone

Part Material Model Material Parameters References

Cancellous Bone (EFl,?)?At/igr__T:stt)ic E;?ﬁié\ﬂ&g&:ﬂoj’o.ﬂ a1 Kopperdahl and Keaveny, 1998
Concasone  gelcPle Ezioouems0s e, 20

Bony Endplate I(Eplzzt/iecr—_FliI:vsvt)ic E:szg g ’;\Aﬂizn ; gg 2772 Denoziere and Ku, 2006

For the complete cervical spine model, the vertebrae wereledods rigid bodies, which is a
technique used in previous full spine models. This concession wés based on reducing the
required computation time for an impact simulation. The primamnytdtion of using rigid body

vertebrae is the inability to predict failure of the bone.rBgucing the vertebrae to rigid bodies,
approximately 56,000 elements are removed from processing, whidmastahalf of the total

number of deformable elements. This simplification may be judtffiece the validation case for the
full cervical spine was based on human volunteer experimentse whymificant deformation of the
vertebrae would not likely occur. The deformable vertebeae still be implemented into the full

cervical spine model, with very little effort.

6.3.2 Cartilage Material Model

As described in Section 3.3, cartilage is a poroelastic raktdrat has nonlinear mechanical
properties with a strong dependency on internal fluid-flow at lowirstates. For this reason,
previous numerical models of articular cartilage have utilizelinear biphasic poroelastic model
(BPE) to describe the response of cartilage during long-daratients. This model is described in
detail by Mow et al (1980). In brief, the biphasic model accoumtghe viscoelastic response of
cartilage caused by the viscous dissipation of fluid throumgimeompressible and permeable solid-
phase. This model has been successfully applied to many studidg® wiscoelastic response of
cartilage (Mow et al., 1980; Ateshian et al., 1997; DiSilveatrd Suh, 2001). However, this model is

typically limited to creep or relaxation type loading behaviours.
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Despite the wide use of biphasic models in biomechanicstyjiésof material model is not available
in LS-DYNA, and is not considered necessary for the strain-estesuntered during impact loading.
An alternative to the biphasic model for articular cagtldas the quasi-linear viscoelastic model
(QLV). This type of model is described in detail by Fung (198Bjlike the fluid-dissipating BPE
model, this particular material model is incompressible, meahiugfluid loss does not occur. The
QLV model utilizes an arbitrary strain-energy function foe fjuasi-static response of the material,
but accounts for strain rate effects (including relaxation aedpdrusing a convolution integral
(Equation 6-3) with a relaxation function (Equation 6-4). This is ap@tpfor impact conditions
where the amount of fluid flow is expected to be small.

t

s= - t)%edt Equation 6-3

2

Equation 6-4

where g(t) is the relaxation function characterized hyaBdb,, which are the constants from the
Prony series of N terms. This type of linear viscoelasticiehis readily available in most finite

element codes.

A general linear viscoelastic Maxwell model was used ftcwdar cartilage in the cervical spine
model. This model is a simple isotropic linear-elastic ntevith viscoelasticity being accounted
for by the convolution integral seen in Equation 6-3. The assumptiémcofpressibility for the
cartilage material is valid for the short-duration, impacdelling of the cervical spine, singevivo

interstitial fluid flow is expected to be negligible during thisrdve

The material properties used to develop the linear viscoelastic modeidalaa cartilage were based
on DiSilvestro and Suh (2001). This study reported the relaxatibnges bovine articular cartilage
in unconfined compression. To be able to fit the results of Swe and Suh (2001), the linear
viscoelastic model was derived to fit the relaxation tesditioms. During a relaxation test, an
unloaded sample is loaded to a stmifrom t = 0 to t = { at a constant strain rate. The convolution

integral (Equation 6-5) for this process then simplifies to:
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Equation 6-5

eg N )( -bm>¢)
sl(t):t—x Gm l-e for 0£t<ty

L Equation 6-6

m=1

whereeg, is the relaxation strain, andis the ramp time to get to the relaxation strain. The integrat
of this equation results in Equation 6-6, the time-based streke shmple during the initial ramp of
a relaxation test. When the relaxation strain is held condtam ¢ onwards), the effective strain-
rate for this timespan is zero, thus the convolution integral becomes:

t t
1
e N N

1 -b t-t
s ot) = —x e ! )dt + 0Ox G
t m m
1 m=1 m=1

t

- bp(t-t
o Pt _
Equation 6-7

N
e - bpqt-t - b
s(t):—lx G_xe m{ l)-e m
2 t m

1

for het<¥ Equation 6-8

m=1

Therefore Equation 6-8 describes the time-based stress ofntipdesduring the holding period of a
relaxation test. From the stress-time equations derived in Bquéib and Equation 6-8, the Prony
series constants,Gandb,, were found using the least squares method for non-linear dtiing (R°

= 0.991). This result can be found in Figure 6-16, where the mateagatamped to a strain of 5%
over 50 s. The quasi-static elastic modulus was reported to be 0.63 MPa.
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Figure 6-16: Articular Cartilage Response and ModeFit

It should be noted that the strain-rate used to load theaggtdample was 0.001 1/s, which is
considered very slow compared to possible strain-rates one would &xgee during an automotive
impact (approximately 10 to 100 1/s). The result of using visdoelamterial data obtained from
relaxation testing at low ramp rates can be seen in Figure wHiéfe it is shown that the current
model predicts only minute differences in the stiffness ti@irsrates higher than 0.1 1/s. This may

be a limitation to the model and high rate testing of cartilage is required.
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Figure 6-17: Effect of Strain-Rate on Current Cartiage Model

The constants used in the linear viscoelastic model fioukat cartilage can be found in Table 6-10.
For the quasi-static simulations involving the segment modelsghealent linear elastic material
model was used. This material model is also used to model tilagmars endplates due to a lack of

available material data on that specific tissue.

Table 6-10: Material Property Summary for Articular Cartilage

Part Material Model Material Parameters References

N=4,K=2.0GPa
G: =0.2100 MPab, =0 1/s
Articular Cartilage and Linear Viscoelastic G, = 0.0243 MPab, = 0.000303 1/s
Cartilagous Endplates G; = 1.0824 MPah; = 0.080807 1/s
G4 = 1.9984 MPab , = 0.012927 1/s
Linear Elastic E = 0.630 MPap = 0.10

DiSilvestro and Suh, 2001

6.3.3 Synovial Fluid Model

As mentioned in Section 6.1.2, the construction of the facet jodggired a simple squeeze-film
bearing model to represent the synovial fluid. In order to deterthénequeeze-film relationship for
each facet joint in the cervical spine model, a simplified facet model was developed and tested in
compression. The results of the simplified compression tests thhen used to define the squeeze-

film relationship for the model, using the relative pressure-voliaselt.

A simplified model of the facet joint was developed thas wamnilar to the fluid-based facet joint

model by Kumaresan et al (1998). A quarter-model of two identicatiedll plates (rigid) were

143



modeled 1 mm apart. The dimensions of the plates were takerhe bdeerage width and height of a
pair of corresponding facets (see Table 6-4) associated agthlevel. Between the plates were fluid
elements (synovial fluid) with a bulk modulus of 2.2 GPa (edenteto water). Enclosing the outer
surface of the fluid elements were shell membrane elenigyrievial membrane) with a Young's
modulus of 10 MPa and a Poisson’s ratio of 0.4 (Kumaresan et al, 19@8%ifplified facet joint

model can be seen in Figure 6-18.

Elliptical Plate

T~

/ \ Synovial Membrane /

Figure 6-18: Simplified Facet Joint in Compressiomwith Synovial Fluid

Synovial Fluid

The bottom plate was fixed, while the top plate was displaced totverdettom plate. A build-up of
pressure occurred as the synovial fluid was forced out frotwelea the elliptical plates, but
contained by the synovial membrane. The corresponding volume of digdiat was taken to be the
product of the area of the elliptical plates, and their distapa#.al' he squeeze-film bearing model of
the facet joints did not consider the additional volume of thd fitdated by the bulge of the synovial
fluid.

The results of this simplified model can be seen in Figure 648.sfueeze-film response showed
that small changes to the initial volume resulted in a Vittg increase in pressure. The pressure-
volume relationship becomes nearly linear for volume between 8898%0 the initial volume size.
These squeeze-film bearing results were applied to the masiaiisto represent the synovial fluid in
the cervical spine model. It should be noted that forivelatolumes greater than 1, pressure was set
at 0 MPa, since negative ‘suction’ pressure was not desiekteasile strength of the facet joint was

provided by the capsular ligaments.
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Figure 6-19: Pressure-Volume Relationship for Synadal Fluid in Cervical Spine Model

It is unknown whether this response for the synovial joint is reprsentf the actual synovial facet
joints; however, it is expected to be significantly more baditcdthan leaving a large gap between
adjacent facet joint surfaces. Incorporating the synovial fluid molbeved for the smooth transtition

of forces through the facet joint.

The stiffness of this joint is directly related to the ptiance of the membrane material, since the
fluid is essentially incompressible at these pressuresmBEmebrane material was selected based on

the previously developed facet joint model by Kumaresan et al (1998).

6.3.4 Annulus Fibrosus Model

As discussed in Section 3.4, the mechanical properties fomtindus fibrosus are non-linear and
anisotropic in nature. A structural-type AF model was developeth# cervical spine model that
focused on tissue properties from the AF laminae and the AF grounthrsuébseparately. Both
materials are represented using nonlinear models in accordaticéhes experimental data. The

annular fibres were represented using orthotropic shell membranengdem

Five annulus layers were modeled in each disc, where eachclaytined a pair of lamina with
alternating fibre angles. The fibre angles in the annulusiefcervical spine vary with its radial

position, from +/- 25° in the outer layers, to +/- 45° in the in@gels (Cassidy et al,. 1989;
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Marchand and Ahmed, 1990; White and Panjabi, 1990; Wagner and Lotz, Ribdd)angles for the

intermediate layers varied between the outer and inner layer, and camlie Sable 6-11.

Table 6-11: Model Properties of each Layer of Annuls Fibrosus Fibre Detail

Layer Fibre Angle e(MPa) (01 Cs (MPa) G (MPa) "

1 (Outer) +/- 25° 0.0362 94.55 108.04 -110.86 15036
2 +/- 30° 0.0472 69.49 96.29 -99.63 1.0486
3 +/- 35° 0.0556 54.79 84.99 -88.66 1.0608
4 +/- 40° 0.0622 45.16 75.42 -79.31 1.0729
5 (Inner) +/- 45° 0.0674 38.38 67.51 -71.56 1.0850

Because of the similarities in mechanical response betwigamdnts and AF laminae, the
mathematical model presented by Quapp and Weiss (1998) for thepbition of a ligament was
used to model the nonlinear behavior of the AF lamina (Quapp andsWE)98). This model
assumes that the lamina do not support compressive load, andetttaiet region is represented as
an exponential function that switches to a linear function at arimped stretch ratid *. The
nominal stress of the lamina is written as:

S=|0if I <1

coe YUY 4 a <
3*€ -loml<l< Equation 6-9

Cyl +Cg if 15 "

where G, C;, G and G are the material parameters for the model.i<Cdetermined from the
condition that the nonlinear and linear regions are continuols &or continuity in stiffness, the
elastic modulus of the linear regionsfGvas set to the slope of the nonlinear region ‘atThe
nonlinear ‘toe’ region (1 ¢ < 1) was fit, using the method of least squares, to the experimental
results reported by Holzapfel et al. (2005) for both the outerrarat laminae (R> 0.999 for both
layers). The corresponding linear modulis\@vere found to be in excellent agreement with the
experimental results reported by Skaggs et al. (1994). The greltuade in mechanical properties
between the outer lamina and the inner lamina can be seenuire Bg20. Table 6-11 details the

material parameters for the model of the AF laminae in the fibeetdhn.

In the full spine model, viscoelastic effect was not includettiénannulus fibrosus laminae model as
it was reported by Holzapfel et al (2005) that the stiffenfifgcefrom increased strain-rate was not

significant.
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Figure 6-20: Stress-Strain Curves for Annulus Fibreus Fibres

The AF ground substance material was modeled using the isostogiic-energy function proposed
by Hill (1978). This strain-energy function is often used to mpodebus rubbers of different degrees
of compressibility (Storakers, 1986). The advantage of usirggtyipie of material model for the
ground substance is that it can represent the nonlinearity of the tissue,lsdhiteaintaining a degree
of compressibility for quasi-static simulation (unlike hyperatasodels). Details of the model can
be found in Storakers (1986), and Feng and Hallquist (2003). Based prirttipal stretches, the

strain-energy function can be written as:

m C. b

J i b
W = X | + |
L 2

b nxo :

. L -
Fog+=xg o

Iy I3 E .
n quation 6-10

=1

where m is the number of terms in the function,a@d b are a set of material constants, n is a
compressibility constant, and JI 4 1l 5 denotes the relative volume. The principal nominal stsesse

can be written as

Equation 6-11
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Equation 6-11 can be used to fit the Hill foam model to existing experimentadtdatagng nonlinear
regression techniques such as the method of least squares. Herabove equations, the shear

modulus, bulk modulus, and Poisson'’s ratio for infinitesimal strain can be derived:

m
m=2x Cpb Equation 6-12
ji=1
N 1
K=2rxn+ 3 Equation 6-13
_n
N ot 1 Equation 6-14

It can be shown from Equation 6-14 when n is a very small numbemadterial becomes highly
compressible like foamn(~ 0), whereas a very large value of n results in thesmiahtbeing
incompressibler(~ 0.5). As n approaches infinity, the last term in the Hill metiehks to zero, and
the strain-energy function reduces to the Ogden hyperelastic foionular incompressible materials
(Ogden, 1984):

Equation 6-15

Experimental data from mechanical testing done in the radegtiin (the direction perpendicular to
the fibre layers) is considered as the best representdtie properties of the AF ground substance
because of the minimal influence of the fibres in this divact-ujita et al., 1997; Elliott and Setton,
2001). The experimental data used to determine the material mtsnstahe Hill foam model were
based on uniaxial tension (Fujita et al., 1997), unconfined compre¥gagnér and Lotz, 2004), and
confined compression (latridis et al., 1998). Furthermore, the @ilatemstants were constrained
such that the infinitesimal shear modulus (Equation 6-12) wouldithenvene standard deviation of

the experimentally measured shear modulus (latridis et al., 1999).

It has been estimated that the Poisson’s ratio for the anfilogs ground substance be between 0.3
and 0.5 (Yin and Elliot, 2005; Fujita et al., 2000). A Poisson’s rati49 was initially selected for
the single segment models, considering the available experindataa\Wagner and Lotz, 2004) and
past AF models (Rao and Dumas, 1991; Yoganandan et al., 1996andl 8lg,a2001; Pitzen et al.,
2002; Ng et al., 2004). Since the Hill foam model does not accoutiiddtuid loss effects seen in
the confined compression case, a reduced Poisson’s ratio of 0.35 (n =wlat8/&ed in the material

model for fitting this type of data. Furthermore, for impact maatelusing the full cervical spine
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model, it is assumed that fluid loss in the AF ground substancegligibke and the material will be
incompressible (Fujita et al., 2000). For this simulation cageOpden strain-energy formulation

was used, utilizing the same material parameters as in the Hiill-stnergy formulation.

Based on the experimental data, a set of material constants were found by the mietstdsqbiares.
To simplify the nonlinear regression, the nonlinear materiehrpater b was constrained to only
integer values between -4 and 4. It was found that three stts1f were required for a good fit. It
should be noted that due to the mathematical nature of thio&fih constitutive equation, the C and
b terms found using the method of least squares are not unique. TEblée@ails the fitted model

parameters, while Figure 6-21 details the quality of fit to the experaingaia.

Table 6-12: Material Property Summary for Annulus Fibrosus Ground Substance

Part Material Model Material Parameters References
m=3,n=2
Non-Linear Elastic C;=0.665,h=2

Fujita et al, 1997
Wagner and Lotz, 2004
latridis et al, 1998
latridis et al, 1999

(Hill-Foam) C,=2.730,b=-1
AF Ground Substance C;=-0.517,b=-3
C,=0.665,ph=2
C,=2.730,b=-1
C3=-0.517,h=-3

Non-Linear Elastic
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<
o
2
[}
(%]
o
n
D
£
@
D
=
D
c
ul
| |
| |
Confined ! !
03 -/~ Compression T T .
R?=0.979 | | |
04 4+—F—— ‘ 1 ‘ 1 ‘
0.7 0.8 0.9 1 1.1 1.2 1.3 1.4 1.5

Stretch

Figure 6-21: Annulus Fibrosus Ground Substance Regmse and Model Fit

It was reported that the annular fibres exhibited only sliggttoelastic effect for strain-rates between

0.1 to 10 mm/min (Holzapfel et al., 2008)hile there was moderate stiffening and hystereses
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present at 10 mm/min (compared to 0.1 mm/min), this response wagdl@gsignificant, and no

further investigation into rate-sensitivity was made. Furtlheemthere are no previous studies
investigating the viscoelasticity of a single lamina ohalus fibrosus. Therefore, the viscoelastic
effects were not incorporated into the annulus fibre modeldban the lack of the relevant material

properties.

6.3.5 Nucleus Pulposus Model

As described in Section 3.5, the nucleus pulposus is a viscoehatédal that behaves like a solid in
dynamic conditions, but like a fluid in quasi-static conditions. THas the quasi-static single
segment simulations, the nucleus pulposus was modelled usingl anfhterial model with a bulk
modulus of 1.720 GPa (Yang and Kish, 1988).However, for the full cespiaé model, the nucleus
pulposus was modeled using the same general linear viscoetestel described for cartilage (see

Section 6.3.2), but with different constants.

The study by latridis et al (1997), which looked at nucleus pulpostgaxation, is the basis for the
viscoelastic model. The viscoelastic model was fit to the StiHin data using the same techniques
and equations described in Section 6.3.2 ¥R0.999). The result of this model fit can be seen in
Figure 6-22. Also in Figure 6-22 is the result of the model coeaptr the material data at different

strains, showing good agreement and indicating the material is rislditnear in this region.
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Figure 6-22: Nucleus Pulposus Response and Modet ifi Cervical Spine Model
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The viscoelastic model fits the shear experimental data rdagowall. The parameters for the

nucleus pulposus material model can be seen in Table 6-13.

Table 6-13: Material Property Summary for Nucleus Rilposus

Part Material Model Material Parameters References

N =4,K=1.720 GPa
G; = 0.5930 kPah; = 0.001477 1/s

Nucleus Pulposus Linear Viscoelastic G, =0.6763 kPah, =0.061524 1/s Yar]g_ and Kish, 1988
G3 = 0.9516 kPay; = 1.017893 1/s latridis et al, 1997
G, = 2.0384 kPah , = 13.20041 1/s
Fluid K =1.720 GPa

6.3.6 Ligament Material Model

A discrete nonlinear elastic spring model was used to represeht strand of a ligament in the

cervical spine. Force is generated in the discrete element basexifolhativing equation:

F=f(oL) + g(DL)h Lo

ot Equation 6-16

where fQOL) is the rate-independent force-deflection curve (nonlineadl),/tt) is the rate-dependent
force-velocity curve, and BL) is the deflection based curve that scales h(dL/dt). For niogell
simplicity, gOL) was equated to BL), and the model reduced to two components: the quasi-static

force-deflection curve BL) and the dynamic scaling factor h(dL/dt).

F=f(D)x 1+ h L1

ot Equation 6-17

To define the quasi-static force-deflection curves, a numbdifferent studies were used. Chazal et
al (1985) identified and quantified the three distinct regiohshe force-deflection response of a

ligament as ratios of failure force and failure deflatifsee Table 3-4). This information was used to
generate the normalized force-deflection curve for the l@andrmiddle cervical spine ligaments. The

normalized force-deflection curves for the upper cervicalespvere based on the average values
from Chazal et al (1985).

The failure force and failure deflection data for the cetviggine ligaments was taken from
Yoganandan et al (2001) (refer to Table 3-5 and Table 3-6). Thess vaue then used to scale the
normalized force-deflection curves to obtain the force-defiaaturves of the ligaments. The force
and deflection values for the points (A, B, and C) shown in Figure @&tbe found in Table 6-14
for each ligament. The three points were fit to a logist fonctd generate a smooth curve, and the
resulting force-deflection curves for the lower and middleicahspines can be seen in Figure 6-23
and Figure 6-24.
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Figure 6-23: Force-Deflection Curves for the LowefC5-T1) Cervical Spine Ligaments
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Figure 6-24: Force-Deflection Curves for the Middlg(C2-C4) Cervical Spine Ligaments
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Table 6-14: Force-Deflection Points for the Ligamets in the Cervical Spine Model

Licament Level Point A Point B Point C
9 d (mm) F (N) d (mm) F (N) d (mm) F (N)
- N C2-C5 1.22 10.04 4.48 79.89 5.8 93
Anterior Longitudinal
C5-T1 1.37 15.66 5.02 124.56 6.5 145
. T C2-C5 0.88 6.96 271 55.31 35 71
Posterior Longitudinal
C5-T1 1.53 18.42 4.72 146.45 6.1 188
. C2-C5 1.86 25.29 4.95 108.05 6.5 121
Ligamentum Flavum
C5-T1 2.69 26.96 7.16 115.20 9.4 129
Co0-C1 1.50 49.28 4.35 275.20 5.7 320
. C1-C2 3.06 48.36 8.85 270.04 11.6 314
Capsular Ligament
C2-C5 2.69 18.48 7.78 103.20 10.2 120
C5-T1 2.06 27.87 5.95 155.66 7.8 181
. . C1-C5 1.94 7.84 4.69 35.45 6.3 39
Interspinous Ligament
C5-T1 2.06 7.84 4.98 35.45 6.7 39
Tectorial Membrane Co-C2 3.14 11.70 9.08 65.36 11.9 76
A. Altanto-Occipital Co0-C1 4.99 35.73 14.42 199.52 18.9 232
A. Altanto-Axial C1-C2 2.19 40.50 6.33 226.18 8.3 632
P. Altanto-Occipital C0-C1 4.78 12.78 13.81 71.38 8.11 83
P. Altanto-Axial C1-c2 2.53 17.09 7.32 95.46 9.6 111
Apical Co-C2 211 32.96 6.10 184.04 8.0 214
Alars (Occipital) Co0-C2 3.72 54.98 10.76 307.02 114. 357
Alars (Atlantal) Ci1-c2 3.72 54.98 10.76 307.02 141 357
Transverse C1-c2 1.32 54.52 3.82 304.44 5.0 354
Vertical Crus Co-C2 3.30 67.14 9.54 374.96 125 436

Since ligaments are highly sensitive to deformation raie,fall spine model required a dynamic

scaling factor to account for the viscoelastic effectsd&fine the dynamic scaling factor, the high

deformation-rate ligament study by Yoganandan et al (1989a) wds Tise stiffness values of the

ligaments at 25, 250, and 2500 mm/s were normalized to the stiffndss @fmm/s dataset for both

ALL and LF to determine the dynamic stiffness. A logarithmioczeuwas fit to the dynamic stiffness

values for deflection rate greater than 9 mm/s (see Figna’s), while deflection rates less than 9

mm/s did not have any increased stiffness. This logarithmiealgfined the dynamic scaling factor

used in the nonlinear beam model. Note that this method scaldigahent force (and thus the

stiffness) based on the instantaneous deflection rate.

An example of how this method applies to the ligaments can bersEegure 6-26, where the force-

deflection curve is scaled depending on the deflection rate.
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Figure 6-25: Dynamic Scaling Factor for the Ligamets in the Full Spine Model
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Figure 6-26: Force-Deflection Response of ALL at lereasing Deflection Rates
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6.3.7 Muscle Material Model

The cervical spine muscles in the model are represented lijstiete elements, using the classic
Hill-type muscle model. The Hill-type muscle model is a commaislsd phenomenological model to
explain active-passive muscle behaviour. This model is an tocalp match for cervical spine
muscles since many neck impact scenarios involve activelenbshaviour, and modelling of bulk
muscle is not required since the neck does not often experieaceidipact. The development of the
muscles in the full spine model stem from research reportethtly Winters (Winters and Stark,
1985; Winters and Stark, 1988; Winters and Woo, 1990; Winter, 1995), sinceigheriack of

muscle property data in the literature that can be related to thgpd¢ilmuscle model.

The basic Hill muscle model consists of a contractile efer(€E) and a parallel elastic element
(PE), with a series elastic element (SEE) for tendon-camgdi often, but not always included
(Figure 6-27). The parallel element is based on passive musclet@m®@ad is dependent only on
the current muscle length, while the contractile elementrgasethe active force in the muscle, and

is dependent on muscle length, velocity, and activation state.

(Adapted from Hallquist, 2003)

Figure 6-27: The Hill Muscle Model Schematic Desching Active-Passive Muscle Behaviour

Active muscle force is a function of muscle length, velodiyd active state dynamics (Equation
6-18). Force-length £f) and force-velocity () relationships are nonlinear phenomena based on the
current state (length and velocity) of the muscle, while actate dynamics (A) is a time-dependent
function based on neural input. The product these functions detehmiseale-factor that is applied

to the maximum isometric force {E) produced in the musclef is a product of the muscle
physiological cross-sectional area (PCSA, refer to Table &) the maximum muscle stress. The
maximum muscle stress varies between 0.20 and 1.00 MPa (WanekiStark, 1988), so a value of

0.5 MPa was used to determing,Fof each muscle.
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F CE= F ma)%f |:|_(|—)>‘f F\/(V) >A(t) Equation 6-18

The force-length relationship describes the isometric (no ve)ogitiscle force development as a
function of muscle length. Isometric force is at a maximumnathe muscle is at its optimum length
and decreases as the muscles shortens or lengthens, approachargued stretches of 0.4 and 1.5
(Winters and Woo, 1990). This relationship can be described as &@ashsiped, and expressed in
Equation 6-19:
- s L )
frL=e k>(| | opt) Equation 6-19

where Ly is the optimum stretch ang 8 a model parameter. Winters (1995) suggests,avalue
of 1.05 (normalized) and & 8alue of 6.25 for the force-length relationship. The shape of tinec

can be seen in Figure 6-28.
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Figure 6-28: Force-Length Relationship for Hill Muscle Model

The force-velocity relationship describes the muscle foreeeldpment as a function of muscle
shortening or lengthening. In the isometric condition (v = 0), thretion does not enhance nor
diminish the possible amount of force generated in the muscle. Whenuscle is shortening due to
contaction (v < 0), the relationship between force-velocity gehyolic, with the amount of available

force decreasing drastically with increasing shorteningoiis (Winters and Woo, 1990). A number
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of equations have been proposed to describe the shortening affmuscle force, such as the one
presented by Fung (1993) (Equation 6-20):

Vv

1+
Vmax

fey = — for v<C Equation 6-20

- VmatCEsh

where v is the muscle velocity (v < 0 for shortening),@and CE, are model parameters. Thg,vis
described as the maximum shortening velocity sipg®ill reach 0 when v = y,,. Winters and Woo
(1990) proposed the range af.yto be 2/s to 8/s times the muscle rest length, for slow and fast
muscle fibres respectively, and a range of @&be 0.1 to 1 for slow and fast muscles. Since the ratio
of fast to slow muscle fibres in the cervical spine is unknaaverage values fory and CE, were
used. A vy Of 5/s times the muscle rest length, and a,06E0.55 was chosen for the cervical spine

model.

When the active muscle is lengthening (eccentric contracttbe) amount of force available for
generation is actually higher than the maximum isometricef@Winters and Woo, 1990). The
maximum force increases sharply at low lengthening velscitiewever this reaches an asymptotic

force with increasing muscle lengthen velocity. This relationshipseribed in Equation 6-21:

% CI-:ml
p A——

Vmax CEshi .
fry= — for v>C( Equation 6-21
1+ —————

VmatCEshl

1+

where v is the muscle velocity (v > 0 for lengthening),VCE,, CE. are model parameters. The
Vmax IS Same parameter described in Equation 6-20, whilg §Ehe maximum relative force from
muscle lengthening. Despite limited data on eccentric contradtiinters and Woo (1990) assumes
the peak muscle force is 30% higher than peak isometriedoftus, the model parameter o&as
chosen to be 1.3, and G;Bwvas calculated based on maintaining the slope continuity éstibe
lengthening and shortening functions (0.1065). Combining both Equation 6-20 anobiEu2l, the

force-velocity relationship of muscle can be seen in Figure 6-29.
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Figure 6-29: Force-Velocity Relationship for Hill Muscle Model

Muscle activation for the Hill muscle model is described by aleexcitation and active state
dynamics as described by Winters and Stark (1985). Neurahtowi(and de-excitation) represents
the process of converting an idealized neural input into an outmal sesembling an EMG output.
Active (and de-active) state dynamics represents thddrdrdynamics between the neural excitation
and muscle contraction. Both neural excitation (Equation 6-22) and ataedynamics (Equation

6-23) are described using @rder systems.

d u(t) - E()

_E(t) = . )
dt t e Equation 6-22
d _ EM® - A®®)

EA(t) - t, Equation 6-23

where u(t) is the idealized neural input (0 < u(t) < lJis the neural excitation time constant, &aad

is the active state time constant. When E > A, the musdted state of activation, ahgl=t.; when

E < A, the muscle is in a state of de-activation, and tq.. The activation time constant,f) is
smaller than the deactivation time constagd (which results in muscle activation responding faster
than muscle de-activation. Winters (1995) suggests a neuitdtexctime constant of 20 to 50 ms,
an activation time constant of 5 ms to 20 ms, and a deactivatiercéinstant of 30 ms to 50 ms. The
lower time constants are for muscle composed of mainly fastlm fibres, while the higher time

constants for slow muscle fibres. Average values fot .. andt 4. are used in the model (35, 15 and
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40 ms respectively). An example of the resulting activatiocgss for a step neural input can be seen
in Figure 6-30.
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Figure 6-30: Example of Muscle Activation for Neurd Input between 74 and 174 ms

The parallel (passive) element of the Hill muscle modelessts the tensile behaviour of relaxed
muscle and surrounding tissue. This portion the muscle behaviouallypdoes not generate
significant force in tension until the muscle is stretched to the lohipdysiological loading (Winters
and Woo, 1990). There is also an assumption that the passive muscleotcasry compressive

load.

While many different mathematical models can be used to esgré*E of the Hill model, an
exponential function is often used since muscle tissue responealigear in tension (Fung, 1993).
Winters and Stark (1985) proposed the following function (Equation @ée2dgpresent the passive

properties of the muscle in tension:

Ksh L

X

L L
max
xe max  “rest -1 for L>L

-1
Equation 6-24

Fpe= rest

where Faxand Leg is the maximum force and rest length of the muscle resplyctared Ky, and Liax
are model parameters. Physically,,Lis the strain at which the passive muscle will generdteca

equal to the maximum isometric forcg.k while Kg, is the nonlinear shape parameter. Winters
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(1995) suggests askvalue of 3 for parallel element in lengthening, with @,lof 0.6. For lengths
that are less than the rest length, the passive forerds Ehe passive response of the muscle in the

model can be seen in Figure 6-31.
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Figure 6-31: Parallel (Passive) Element Responserfdill Muscle Model

A summary of the Hill-type Muscle Model parameters usedhénnodel can be seen in Table 6-15.

Included in this table are reported the range of these values in theifgerat

Table 6-15: Hill-type Muscle Model Parameter Summay for Muscles

Parameter Range in Literature Value in Model Refeee
S max 0.20 — 1.00 MPa 0.5 MPa Winters and Stark, 1988; Winters, 1995
PCSA Table 6-8
Sk 6.25 Winters, 1995
Lopt 1.05 Winters, 1995
Vimax 2 (Lres) — 8 (Lies) /s 5 (Lkes) /s Winters and Woo, 1990
CEq 01-1 0.55 Winters and Woo, 1990
CEani 0.1065
CEn 1.1-20 1.3 Winters and Woo, 1990
the 20 —-50 ms 35 ms Winters and Stark, 1988
tac 5-20ms 15 ms Winters and Stark, 1988; Winters, 1995
[ S 20 - 60 ms 40 ms Winters and Stark, 1988; Winters, 1995
Lmax 0.6-0.7 0.6 Winters, 1995
Ksh 3-6 3 Winters, 1995
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Chapter 7

Cervical Spine Segment Model Validation

7.1 Experimental Background

The single segment models were evaluated against a numb&eddrdin vitro studies of the human

cervical spine. Each study was selected for validation ofrtbéel based on a number of criteria.
These criteria included the type of experiment and the protacsdsl, the usefulness of the
experimental data for validation of the numerical model, thersi use of the experimental data in
the cervical spine modelling community, and general agreeofighe experimental data with other
experimental studies. It was also important for validation purpmmsesamine the response of the

models under both small and large loading.

For small rotational loading, the experimental results regdste Goel et al (1988a) for the upper
cervical spine, and Goel et al (1988b) for the lower and midshaaal spine were used. Eight upper
cervical spines segments (average age 80 years) watenuG®el et al (1988a), while nine C2-T2
cervical spines (average age 70) were used in Goel £8088l§). Both studies reported the relative
motion of each segment of the cervical spine under 0.3 Nm load inrflexktension, axial rotation,

and lateral bending. Loads were applied in four incremental gigpge superior-most vertebrae (CO
and C2 respectively), and vertebral motion was recordecchtieerement. The results of each study

were presented as the rotation at the 0.3 Nm load.

For evaulation of the segment models under moderate flexion ois@ttenoments, the results from
Camacho et al (1997), Nightingale et al (2002, 2006), and Wheeldain(2006) were used. The
studies examined the flexibility of the cervical spine ovearsge of flexion and extension moments
using either the entire cervical spine or individual motiegnsents. Results of each of these studies

were reported results using a logarithmic function relating applied momastation.

Camacho et al (1997) used 10 male heads and cervical spiresg@age 66 years) in an apparatus
that rigidly fixed the head to a six-axis load cell and TRevertebra a device that was capable of
applying pure bending moments. Flexion/extension moments of 1.5 Nmapphed in 0.1 Nm
increments, and allowed to creep for 50 seconds at each incremeabtd the resulting vertebral

rotation. In a similar study, Wheeldon et al (2006) used 13 cerpoas (C2 to T1) from ‘young’
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donors (average age 33 years). Pure bending moments from 2 Nniaxten® Nm flexion were

applied to the spines.

Nightingale et al (2002) used 52 female spinal segments (gvage 51 years) from the C0-C2, C3-
C4, C5-C6, and C7-T1 levels with a small preload of 0.5 N. Loadé &5 Nm were applied at 0.5
Nm increments and held for 30 seconds to reach an equilibrium pogiti@ follow-up study,
Nightingale et al (2006) used 41 male spinal segments (avagegé6 years) from the C0-C2, C4-
C5, and C6-C7 levels.

To evaluate the model in translation, the experimental rdsoitsPanjabi et al (1986) and Shea et al
(1991) were used. Panjabi et al (1986) used 18 single segmen{@2HE&3 to C7-T1) from four
cervical spines (average age 55 years). Maximum loads NfvB@re applied in four increments and
each step held for 30 seconds before displacements werelagcdiotion segment stiffness for
compression, tension, and shear (anterior, posterior, and latasateported as the slope of the load-

displacement curve at 25 N.

Shea et al (1991) used 35 two-disc motion segments (grouped into @RdC85-T1) from 18
cervical spines (average age 74 years). Displacementapglied to the motion segments at rates of
5 mm/s, which they reported had no significant difference in seslitained at rates of 0.5 mm/s
(Shea et al., 1991). Motion segment stiffness for tension, and &osarior and posterior) was
reported as the slope of the load-displacement curve at 1®hil stiffness in compression was
reported at 500 N. These values were doubled to represent thesstifff only one segment, based on

the assumption that each segment was of equal stiffness.

7.2 Simulation Methods

All single segment models were simulated in quasi-staticitonsl in all modes of loading (three
translational and three rotational directions). For each sagrie inferior endplate of the inferior
vertebra was fully constrained, and a prescribed motion was @gplithe direction of primary

loading to the centre of the superior vertebral body. The supeasitebra was unconstrained in the
five other degrees of freedom. The reaction load generated Iprdaberibed motion was recorded.

No preload was applied to the superior vertebra to simiulateo loading conditions.
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Figure 7-1: Coordinate System for Single Segment Miels (C45 Model Shown)

All six degrees of freedom (three translational, three miat) were investigated in both positive and
negative directions. Due to symmetry, only the positive motionanstational Y direction, and
rotational X and Z direction were simulated. Nine separate ationk were conducted for each
segment model from C23 to C7T1. A summary of the direction of motiothéosingle segment
simulations can be seen in Table 7-1. Only the rotational siionsatvere conducted for the upper
cervical spine segment model. The maximum applied displaceraent rotations are indicated in
Table 7-1.

Table 7-1: Description of Single Segment Model Sintations and their Maximum Displacements

Direction of Motion X Y z
Translation
Positive (+) Anterior Shear (3 mm) Lateral Shear (3 mm) Tension (1.5 mm)
Negative (=) Posterior Shear (3 mm) Compression (1.5 mm)
Rotation
Positive (+) Lateral Bending (20°) Flexion (25°) Axial Rotation (20°)
Negative (=) Extension (25°)

All simulations were run using LS-DYNA version 970 revision 6763.08fg single precision
calculations on a single Linux workstation. The models took betweemi’ &ours to run each
simulation, depending on the load case and model, on a single 2.4 GHmenadViass-scaling or

other methods of reducing run-times were not enabled for the single segmerg. model
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7.3 Simulation Results

The following section presents the results of the single eegmodel simulations in all directions of
loading. Despite the simulation methods of applying a quasi-ddegdacement to the model and
recording the resistant load, the results in this section asemied as displacement versus load in

accordance with the published experimental results.

To decrease the size and complexity of this section, thitges the simulations are presented in the
Appendices. Appendix A presents the complete results of the siagileent models, including the
coupled displacements of the superior vertebra in each modedifido#ppendix B presents the

complete flexion-extension results of each segment model as compénecekperimental data.

Many of the experimental studies examined the response of theatapine segment at small loads
(0.3 Nm or 25 N). This level of load primarily involved the responsthefintervertebral disc since
deformations were not large enough for the ligaments to contiibutes response significantly. In
the case of the upper cervical spine however, small loadg¢hatate large displacements involve
the ligaments. The results from Goel et al (1988) provided the fmasvalidating the disc model in
flexion, extension, axial rotation, and lateral bending. ThdtseeBom Panjabi et al (1986b) provided

the basis for validating the disc in tension, compression, and shear.

7.3.1 Flexion and Extension Results

Validation of the model in flexion and extension is particylamportant if the eventual application
of the full cervical spine model is to simulate frontalrearward impacts, since this is the primary
mode of spine loading. Consequently, it is also the motion that isafieatstudied for the cervical

spine, and has the most available experimental data to validate the model.

An example of the motion of the segment model in flexion and extensiobecaeen in Figure 7-2.

The deformation of the intervertebral disc agrees with @izie observation that the nucleus
pulposus tended to shift posterior in flexion while the disc laligeghe anterior and was concave in
the posterior, and vice versa for the extension case (\@hdePanjabi, 1990). The stiffness of the
spinal segment at small rotations was provided primarilfhigyannulus fibrosus fibres. At larger
rotations, the ligaments begin to dominate the flexion respurslke, compression of the facet joints

increased the stiffness of the motion segment in extension.
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Flexion Initial Position Extension

Figure 7-2: Segment Deformation during Flexion andExtension

Examining the results in Appendix A, it was observed that rotatiothe sagittal plane was not
coupled to any other motion except for anterior-posterior traos|atvhere displacement was quite
significant. In flexion, the superior vertebra was inclineantave in the anterior direction, while in
extension the trend was to move in the posterior direction.eTilessilts are similar to the coupled

motions reported by Moroney et al., (1988) and Panjabi et al (2001b).

The model was initially compared to the experimental resefisrted by Goel et al (1988a, 1988b)
for motion segment response at small moments (0.3 Nm). The mespeinse in flexion was very
good (Figure 7-3), with all motion segments being within one standaratidevof the experimental
average, except for the C7-T1 motion segment, which was more iaatniilan the experimental
data. On the extension side (Figure 7-4), the lower cervical spine nsetjoments were slightly more
compliant than the experimental response, while the motion betlearttipital bone (C0) and the

atlas (C1) was much stiffer.
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Figure 7-3: Flexion Angle of Each Segment under angall Moment (0.3 Nm)
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Figure 7-4: Extension Angle of Each Segment under @mall Moment (0.3 Nm)

Comparing the flexion and extension response of the single segmens riwothed larger deformation
studies by Camacho et al (1997), Nightingale et al (2002, 2006) and Wheeldon et altfz0g)del
also performed very well. The response of the C4-C5 motion segaerite seen in Figure 7-5 and

Figure 7-6, while the entire set of motion segment resultéafge flexion and extension moments
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can be seen in Appendix B. The general results show that thd modegood agreement with
experimental data for the range considered between moderdtmnfand extension loads for nearly
all motion segments. The segment that does not fully agreetheitbxperimental data is again the

C7-T1 model, which is more compliant in extension than the experimental data.
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Figure 7-5: Response for C45 Segment under a RangEQuasi-Static Flexion Moments
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Figure 7-6: Response for C45 Segment under a RangeQuasi-Static Extension Moments
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7.3.2 Lateral Bending and Axial Rotation Results

Lateral bending and axial rotation are motions that have afisagrti coupled relationship in the
cervical spine because of the facet joint geometry (8808 2.2.2). This is also the dominant
motion of the cervical spine in lateral impact, and should be thoroughly me@mhiusing the cervical

spine model for lateral impact simulation.

An example of the motion of the segment model in lateral bending can be seamrén7-iy It can be
seen in this figure that the pronounced motion was a lateral bend,nmliceable rotational motion
can also be seen. This coupled motion is much easier seeguire -9, where the applied lateral
bending moment produced a complementary axial rotation. This maji@esawell with results

reported by Moroney et al., (1988).

Initial Position Lateral Bending

Figure 7-7: Segment Deformation during Lateral Benihg

This coupling effect was also noticeable when applying an asiation to the motion segment.
While this is not as apparent in Figure 7-8, the coupled motionilg sasn in Figure 7-10 where the

applied rotational moment produces a complementary lateral bend.

Initial Position Axial Rotation

Figure 7-8: Segment Deformation during Axial Rotaton
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Figure 7-9: Coupled Motion of the C3-C4 Motion Segrant in Applied Lateral Bending
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Figure 7-10: Coupled Motion of the C3-C4 Motion Seent in Applied Axial Rotation

The response of the models to small lateral moments (0.3 Nm}eaegyr Goel et al (1988a, 1988b)
is very good (Figure 7-11), with most of the motion segments beathgwene standard deviation of
the experimental average. Exceptions include the C0-C1, C6-C7, andl @dtion segments, which
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are just slightly more flexible than the experimental dataaxial rotation (Figure 7-12), the middle
and lower cervical spine motion segments agree very vitllthe experimental response, while the
relative axial motion of the upper cervical spine differshilig The results indicate that the C0O-C1

joint is lax in axial rotation, while the C1-C2 is slightly stiff.
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Figure 7-11: Lateral Angle of Each Segment under &mall Moment (0.3 Nm)
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Figure 7-12: Rotation Angle of Each Segment under 8mall Moment (0.3 Nm)

170



For larger axial rotations, only experimental data for the uppeiceéspine joint is readily available.

Comparing the axial rotational response of the C012 spine segmthltresponse reported in Chang
et al (1992) revealed that the model was in good agreementheithxperimental results. As the axial
rotation increases, it is apparent that model response isammgiant than the post-mortem human
subject for very large rotations. Nevertheless, the uppeicaéspine model is representative in low

to moderate axial rotation, and sufficient for frontal and rear irmeaponse.
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Figure 7-13: Rotation Response for C012 Segment uedLarge Rotational Moment

7.3.3 Tension and Compression

Tensile and compressive loading is present in the cenpiaé sluring a frontal impact due to the
inertial loading of the head. Furthermore, the tension or compressupled with large flexion or

extension moments are often the cause of serious cervical spirne(fpganandan et al., 1989c).

An example of the motion of a segment model in tension and compression can be saae in-FHy

The response of intervertebral disc is similar to that desstoy White and Panjabi (1990). Under
low to moderate compressive loads, the nucleus pulposus foreeanttulus fibrosus to bulge
outward. This mechanism provides for nearly all the compressigagth of the spine segment. At
higher compressive loads, deformation of the vertebral endpladethe vertebrae became more

apparent. Tensile loading resulted in a slight concavityetimulus fibrosus. At low displacements,

171



the annulus fibrosus fibre provided most of the tensile resistaice many of the ligaments were

still lax.

Tension Initial Position Compression

Figure 7-14: Segment Deformation during Tension an€€Compression

Compressive loading was coupled with either a significant diexar extension motion, as the
incompressible nucleus pulposus acted as a pivot for the superiebna (refer to Appendix A). In

four of the six motion segments, a significant flexion motion prasluced. This does not agree with
Panjabi et al (1986) who reported that all compression loadsoeamed with an extension motion.
A small extension motion was coupled with the model in tensddihg, although this motion was
rather insignificant. The type of coupled motion is dependanherotation of the applied tension

and compression load. This aspect is discussed in Section 7.4.

A typical response of a cervical spine segment model inoterad compression can be found in
Figure 7-15. In compression, there is generally a small ‘eggbn of relatively low, but increasing,
compression stiffness. This is followed by a period of linesponse, until the stiffness of the
segment in compression begins to decrease when plastic dédorrtedes place in the vertebrae
(typically around 1000 N). The stiffness of the segment is much ilegension than it is in
compression, with a relatively large ‘toe’ region. Tengileding was not simulated to a point where

plastic deformation began to occur in the vertebrae.

172



500

-500 +

Force (N)

-1000 -

-1500 -

-1.00 -0.75 -0.50 -0.25 0.00 0.25 0.
Displacement (mm)

Figure 7-15: Tension/Compression Response for C4B@nent

The response of the segment models were compared to the segffrerss reported by Panjabi et al
(1986) and Shea et al (1991). The stiffness for each motion segntension and compression can
be seen in Figure 7-16 and Figure 7-17. For simplicity, the average model responggaied to the

experimental results, which can be seen Table 7-2. The mogehsesagrees with the experimental
results, being within one standard deviation from the experimamtahge. However, it should be

noted that the reported results from both studies have large sthptieads.

Table 7-2: Segment Model Response in Tension and i@pression

Tension Compression
25N 100 N 25N 500 N
Model Average 88.8 N/mm 288.7 N/mm 275.4 N/mm 2184Umm
Panjabi et al (1986) 75.0 (+/- 49.0) N/mm 338.0 899.9) N/'mm
Shea et al (1991) 386 (+/- 248) N/mm 1914 (+B)48/mm
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Figure 7-17: Stiffness of Each Segment at 25 N am®0 N Compression
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7.3.4 Anterior, Posterior, and Lateral Shear

Only a few studies have looked at the load-displacement redfuttee cervical spine segment in
shear, since these motions are often considered a by-product afiongireate modes of loading such
as flexion or extension. Many cervical spine models over-look dbeding as a validation case,
despite the fact that anterior shear can occur in thece¢rspine in frontal impact cases, posterior

shear in rear impact cases, and lateral shear in lateral iogres.

An example of the motion of a segment model in anterior and mysséiear can be seen in Figure
7-18. These results are similar to those seen in Figure 7-2, aimweeor and posterior shear were
strongly coupled to flexion and extension respectively. Motionnierar and posterior shear was

restricted by the posterolateral annulus fibres, although only half &f filxess provided resistance.

Anterior Shear Initial Position Posterior Shear
Figure 7-18: Segment Deformation during Anterior ard Posterior Shear
The motion of a segment in lateral shear was simil#rabof lateral bending. This can be seen when
comparing Figure 7-19 with Figure 7-7. Furthermore, lateral shaarcaupled with lateral bending
and axial rotation, which is seen in Appendix A. This type of coupletiomwas also reported by

Panjabi et al (1986). Resistance to lateral shear was pdolidthe stretched fibres on the ‘far’ side

of the disc (opposite the direction of motion), and the compressed annubssi$ilon the ‘near’ side.

Initial Position Lateral Shear

Figure 7-19: Segment Deformation during Lateral Shar
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A typical response of a cervical spine segment model in steaabe found in Figure 7-20. Each
direction exhibits the classic ‘toe’ region of low stiffnesls small displacements, increasing in
stiffness until the load-displacement response is lineargé&heral trend for the segment models was
anterior and posterior shear were nearly equivalent in logdadEment response, while response in
lateral shear was significantly stiffer. This partiadigrees with Panjabi et al (1986) who reported that

the range of motion of the cervical spine segment in the transvensevpda nearly equal.
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Figure 7-20: Anterior, Posterior, and Lateral ShearResponse for C45 Segment

The response of the segment models were again compared togthensestiffness reported by
Panjabi et al (1986) and Shea et al (1991). The stiffnessafdr motion segment in anterior,
posterior, and lateral shear can be seen in Figure 7-21, FigureaieREigure 7-23 respectively. For
simplicity, the average model response is compared to the exmealnmesults, which can be seen
Table 7-3. Lateral shear was not tested in Shea et al (1991thebutodel stiffness at 100 N was
determined and reported in the table. The model response in antexéor tends to be too stiff
compared to Panjabi et al (1986), but too flexible compared to &rag1991). In posterior shear,
the model average is within one standard deviation of both Paatjab{1986) and Shea et al (1991),
but are considerably more flexible than the experimental gesra-inally, the model response in
lateral shear agrees well with Panjabi et al (1986). gashould be noted that the reported results

from both studies have large statistical spreads.
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Table 7-3: Segment Model Response in Anterior, Pasior, and Lateral Shear

Anterior Shear Posterior Shear Lateral Shear
25N 100 N 25N 100 N 25N 100 N

Model Average 54.4 N/mm 134.4 N/mm 39.4 N/mm 109/8m 61.1 N/mm 193.7 N/mm
Panjabi et al (1986) 38.4 (+/- 14.1) N/mm 70.6 @4:2) N/mm 71.4 (+/- 42.7) N/mm
Shea et al (1991) 246 (+/- 70) N/mm 228 (+/- 138pid
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Figure 7-21: Stiffness of Each Segment at 25 N ad®0 N in Anterior Shear
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Figure 7-23: Stiffness of Each Segment at 25 N ad®0 N in Lateral Shear
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7.4 Discussion

The intent of the single segment simulations was to idetttéyquasi-static response of the cervical
spine to evaluate the model against available experimentalAlatamber of different experimental
studies were chosen to address all modes of loading to gaugectivacy of model as thoroughly as
possible. Previous cervical spine segment models have neversimeelated in shear loading or
tension (Yoganandan et al., 1996b; Clausen et al., 1997; Natatajhn2900; Ng and Teo, 2001).
Incorporating shear and tension loading in the model assessmenpdgant for cervical spine
models since these motions are coupled with dominate motions sudbxias fand extension.
Furthermore, in the case of frontal impact, anterior rshad tension loading have a large influence

on the response of the cervical spine (see Section 8.4).

The results of the simulations reported in Section 7.3 show thasitigle segment models were
generally representative wof vitro cervical spine segments based on various experimental stundies
observations. The single segment models showed mostly excejlestreent with the experimental
data. Nevertheless, some disparities between the segment espi@ise and the experimental data
were found. Many of differences between the single segment mantkihe experimental data may
be partially attributed to the variation in experimental sange, disc degeneration, specimen sex,
specimen geometry, and fixation techniques. These are all tygouedes of experimental variation
found in biological material testing, and are reflected in thgelatandard deviations seen in almost

all of the experimental data presented in this chapter.

The cause for many of the differences between the segment naodiethe experimental data was
likely due to the initial positioning of the two adjacent vertebitis speculated that gap between the
articular surfaces in the facet joint was larger thested experimentally. This would explain why
most segments were too flexible in extension, since contaatebe the articular surfaces will
provide structural support in extension. In many cases in therimaigimulations, contact between
articular surfaces would occur only after a significant amafnextension rotation. However,
segments C45 and C67 had small facet gaps, and their extension eespopared well with the

experimental data.

An overly large facet gap would also have a significant itpacthe segment response in lateral
bending, axial rotation, anterior shear, and compression. This niée lbeason why the stiffness in

anterior shear is much lower than the experimental results. tunébely, no measure of the facet
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joint gaps in the cervical spine have been published, nor waral &t scans of a human cervical

spine made available.

Another difference between the segment models and the experinenthar difference in
preconditioning of the segments prior to testing and the definitidheofzero position’. While the
‘zero position’ in the numerical models was the initial mogesition, the ‘zero position’ using
experimental methods is much more difficult to define. It waemed by Panjabi et al (1986) that
because small loads would easily cause the spine segmdtitplace, they ‘arbitrarily chosen the
origin’ on which they measured the spine displacements. @mfication may be significant since
results of physiological loading are often dealing with displargmin fractions of a millimeter, and

rotations in fraction of a degree.

Finally, when dealing with translational loading, the point wheee Idad was applied and the
displacement was measured had a significant effect on thiésrdaumost experiments, the upper
vertebra was cast in a resin or cement, and a device apmiedd the entire vertebra. However, in
the numerical model, all loads were applied to a point located iexhet centre of the superior
vertebral body. Kumaresan et al (1999b) showed in their numenmaél that by moving this point
load a few millimeters either posterior or anterior, thgpoase of the disc in compression changed

significantly.

This sensitivity was seen in the current single segment méaletompression, as well as in tension
and shear. Because four of six segment models produced coupled flexiom auoing compression,
while the experimental results produced only coupled extensimiom(Panjabi et al., 1986), it
would appear that the compressive load should have been appliedopdstdre vertebral centre in
accordance to the experimental study. This effect was noentrésr rotational-based modes of

loading.

7.5 Vertebra Trauma in Compression

As an initial investigation into simulating trauma in theviasl spine, the material model for bone
included a damage-like response in the form of plastic defmmnmésee Section 6.3.1). Based on
strain criteria, this type of trauma modelling can provideghtsinto the load-threshold for the

vertebrae as well as the mechanism of injury.

Each compression simulation was designed such that the compiessiweould exceed a normal

physiologic level in order to achieve damage (plastic defeomatvithin the vertebrae. The load
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corresponding to the onset of damage in each type of bone (cancetidies|,cand endplate) was
recorded to identify when sub-traumatic loading may occur. The essige force causing the onset
of bone damage is not necessarily the failure force of the bome bone damage can occur prior to
any complete rupture or fracture mechanism (Kopperdahl and Keal@98). The compressive load

in each segment at the onset of bone damage can be seen in Figure 7-24.
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Figure 7-24: Compressive Load at the Onset of Boridgamage for Each Cervical Spine Level

Damage to the cancellous bone always occurred much sooner thial doone or the bony

endplates. Cancellous bone damage was typically concentrateel ¢gentre of each vertebral body,
which can be seen in Figure 7-25. Bony endplate damage typically lretige centre of the endplate
in the area adjacent to the nucleus pulposus. Endplate damsagecalirred along the rim where the
endplate met the cortical bone. Cortical bone was often presahe @mnterior wall of the vertebral

body. This type of bone damage pattern is consistent with wardgemminuted type fractures (refer
to Figure 4-7). It should be noted that using shell elements faraiftieal bone and bony endplates
may not have properly captured the damage phenomenon since throughsthicksigonse was

neglected.

As mentioned earlier, the results shown in Figure 7-24 indedéad at which bone damage will
begin to occur. It is expected that damaged bone will continpeotade structural strength to the
vertebra until an ultimate strength is reached, wherein the Wl fracture and fail (refer to Section
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3.2). Therefore, it is likely that the ultimate compressivel lofithe vertebral segment be larger than
the loads shown in Figure 7-24.

Figure 7-25: Plastic Strain in C4 and C5 CancellouBone under 1770 N Compression

Thus, while the results of bone damage in the vertebrae caenwutliclated against a specific
experimental study, the results appear to be realistic fotehécal spine. Yamada (1970) reported
the compressive breaking load of cervical vertebra to decfeas 4100 N in young adults to 1850
N for old adults. White and Panjabi (1990) reported that the compeessength of the cervical
vertebrae (C3 to C7) to be between 1500 N and 1750 N. Studies eonipgessive strength of
ligamentous cervical spines have produced failure forces bet@@@ N and 6840 N in various

impact cases (McElhaney et al., 1983; Pintar et al., 1989; Yogananhdbnl1991; Pintar et al., 1995;
Nightingale et al., 1996).
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Chapter 8

Frontal Impact of the Complete Spine Model

8.1 Experimental Background

The full cervical spine model was evaluated against the hurokinteer tests done by the Naval
Biodynamics Laboratory (NBDL) to simulate frontal impact. Téwgensive program studied the head
and neck response of seated volunteers under frontal, lateral, ameeabipact conditions. In total,
more than 300 tests on 16 instrumented human subjects were ddme MBDL, with most of the
test data available to the public from the National Highwag araffic Safety Administration
(NHTSA).

The series of sled tests used to validate the full cergigiale model were conducted in the early
1980’s on a 12-inch HYGE Accelerator sled. The sleds were iyitdllirest before being rapidly
accelerated down the sled track using a specific aetiglerprofile (see Figure 8-1). Included in
these tests were a series of 39 frontal impact tests gtdiyppeak sled acceleration (8, 10, 12, or 15
G) (Wismans et al., 1986). These tests are the basis foraheagng the full cervical spine model in

frontal impact. The average sled acceleration time historieafbr @se can be found in Figure 8-1.
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Figure 8-1: Average Sled Acceleration Time Historie from the NBDL Study

For each test, a human volunteer sat upright in a rigid seat foxéhe sled, and constrained by
shoulder straps, a lap belt, and an inverted V-pelvic strap fixéeetlap belt. This type of occupant
restraint sufficiently constrained the subject to limit #meount of vertical or lateral displacement of
the T1 vertebra (Wismans et al., 1986; Thunnissen et al., 1995). The thezesidinal motions of the

head and T1 vertebra were monitored using a cluster of acceteresm®unted to each subject. The

typical instrumentation setup of each human volunteer can be seen in Figure 8-2.

(Adapted from van der Horst, 2002)

Figure 8-2: Instrumented Human Volunteer for the NBDL Sled Test Experiments
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All 39 frontal impact tests were conducted using eight human \ae#umt whose anthropometric
measurements can be found in Table 8-1. Despite the wide iramgely size, the sled test results
between different subjects were consistent. It should be naiedhth volunteers were taken from a

pool of young and physically fit marines.

Table 8-1: Summary of the Anthropometric Details ofEach Volunteer

Subject Weight Standing Height Sitting Height Néehgth Estimate Head Mass

Mass Inertia (lyy)
H00118 73.8kg 185.5 cm 97.9 cm 17.2 cm 4.79 kg 3@Bkgnt
H00120 83.0kg 172.6 cm 91.1cm 17.2 cm 5.14 kg 33 kgnt
H00127 62.1 kg 172.3cm 89.8 cm 16.2cm 4.40 kg 2%Rkgnt
H00131 67.6 kg 167.0 cm 90.0 cm 15.6 cm 4.98 kg 3Mkgnt
H00132 79.8 kg 172.9 cm 89.6 cm 14.1 cm 5.05 kg 3Mkgnt
H00133 61.2 kg 161.7 cm 86.8 cm 16.5cm 4.70 kg 28Bkgnt
H00135 68.9 kg 171.6 cm 90.7 cm 15.0 cm 4.23 kg 24aDkgnt
H00136 88.9 kg 185.4 cm 92.3cm 17.3cm 4.77 kg 29 kgnt
Average 73.2 kg 173.6 cm 91.0cm 16.1cm 4.76 kg 0292 kgn

As mentioned above, the T1 vertebra of each subject was adeqatistyained to limit movement
in the vertical (Z) or lateral (Y) directions (Wismartsag, 1986). Initially, it was believed that the
acceleration of the T1 vertebra in the frontal (X) dit was the sole input for transferring
acceleration from the sled to the head during each test (Ewalg £968). A re-analysis of the study
by Wismans et al (1986) revealed that there is also afis@mi amount of T1 rotation during the
frontal impact that was not present in the experimentalséatdue to T1 accelerometer slippage
(Thunnissen et al., 1995).

8.2 Simulation Methods

The full cervical spine model consisted of the head, afiteigrtebra, intervertebral discs, ligaments,
and neck musculature as described in Chapter 6. Each vertebraodeled as a rigid body, with the
same mass and inertia properties as found in the deformaldéreersince the additional mass from
the musculature was added via point masses rather than lumpings$isein with the vertebra. The
viscoelastic component of each material model, including any incesipildy assumption, was

enabled as described in Section 6.3. The coordinate system for the model aamibd-ggure 8-3.
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Figure 8-3: Coordinate System for Full Cervical Spie Model

The full cervical spine model was used to investigate the 15 G frontalticguadition, since this was

the most severe case. This was accomplished by prescrimogjan to the T1 vertebra based on the
acceleration and rotation response recorded in the experimetetalTtie average experimental T1
acceleration for the 15 G case can be seen in Figure 8-4, Whidevérage T1 rotation (as reported by

Thunnissen et al., 1995) can be seen in Figure 8-5. All other motion for the T1 wagiceds

Each simulation was run to 250 ms, despite the fact that theiregpéal data was available to 300
ms. Most of the inertial loading on the head was already reduceatdr zero by 250 ms, so

simulating to 300 ms was considered unnecessary.
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Figure 8-4: Prescribed T1 Acceleration Time History(X Direction) for 15 G Impact Case
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Figure 8-5: Prescribed T1 Rotation Time History (YDirection) for 15 G Impact Case

Activation of the muscles via the idealized neural input wéis implemented in the full cervical
spine model based on the estimated reaction of the human voluntdées &led acceleration.
Siegmund et al (2003) determined from rear impact tests,tiiBaimuscles in the cervical spine

activate around 74 ms after the onset of sled acceleration. dteerefll neural excitation began at t
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= 74 ms and held for 100 ms, where it returned to zero neurahtxei The resulting muscle
activation scheme for the 15 G impact case can be seenureRe6. It should be noted that for

simplicity, activation for both flexors and extensors were modeled tisengame scheme.

Gravity was not accounted for in the simulation, since this wougjdire a muscle activation scheme
to stabilize the head prior to the applied impact. The lagkreflistic initial loading condition on the
cervical spine is not considered a significant shortcomimgesaccelerations seen on the head are
magnitudes greater than the constant 1 G gravity load.sltrey@orted that the addition of gravity in
the 15 G frontal impact case resulted in a 5% increase in hegidmognd even smaller difference in

model acceleration for a multi-body model (van der Horst, 2002).
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Figure 8-6: Muscle Activation for 15 G Frontal Impact Case

All simulations were run using LS-DYNA version 970 revision 6763.08®g single precision
calculations on a single Linux workstation. The model took over 124 hours to run on 2singldz
machine. To reduce this simulation time, mass scaling was invokedrease the minimum timestep

to 0.45ns from 0.17vs, which reduced processing time by approximately 76 hours. The only 7.22 gm
of mass was added to the model (mainly to the nucleus pulposusnés® for an increase of 0.15%.
There was no difference in simulation results, therefore the-swding method was used throughout

the simulations.
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8.3 Simulation Results

The results of the simulation of the 15 G frontal impact caaasbe seen in the following section.
The accelerations of the centre of gravity (C.G.) of the leatie model were compared to the
experimental results using the acceleration of the three madtiahe sagittal plane (horizontal ‘X’

and vertical ‘Z’ linear acceleration, and rotational 'Y’ aezation). The model head trajectory was
also compared to the experimental corridors (average responsee standard deviation). These

results can be seen in Figure 8-8 to Figure 8-11.

The graphical response of the model can be seen in Figure 8-@ll Eases, there was very little
motion occurring from 0 ms to 75 ms of the simulation. From 75 ms[1heertebra moves away
from the head, since the head remains relatively stationaguse©f its inertia. This resulted in the
cervical spine being stretched in tension. Also around this timeehead began to move and rotate
towards the chest. Muscle activation began at 74 ms, which ktheeensile forces in the cervical

spine to near zero by 100 ms.

From 100 ms, the head continued to move downward and rotate, asvibal ggine began to bend
in flexion. The head reached its lowest point and greategiorotat 160 ms. At this point, the
cervical spine was loaded in a combined flexion-compression modesante anterior shear. This

was also the point of maximum tissue stress, and the most likely tinmguiigrto occur.

After reaching the maximum displacement point, the head and despioe began to rebound back
to a neutral position. The rebound phase produced less severe lahgscenvical spine and head.
By the end of the simulation (250 ms), the head and cervical spine returned to a positéoricsihe

initial position.
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Figure 8-7: Time-Lapsed Head and Neck Displacemerturing Frontal Impact Simulation



The response of the head and cervical spine in the model Sonukeas considered realistic when
compared to the experimental results from the NBDL testgi(€i8-8 to Figure 8-10). In general, the
trends in acceleration time-history predicted by the modedealgywith the experimental response.
Furthermore, the magnitudes of the head accelerations prebigctihe model were similar to those
from the experimental study. However, there were a few andhs simulation where the model did

not accurately reproduce the response of the human volunteers.

The most noticeable difference between the full cervical spiogel and the experimental response
was that the model did not accurately predict the first horiz¢d)aacceleration peak at 98 ms, as
seen in Figure 8-8. Instead, the model predicted two smaller mte®iepeaks (one at 92 ms and
other at 112 ms). The double-peak effect did not appear in eitherettiealv or the rotational
acceleration responses of the model. After the two smalteliaaations peaks, the response of the

model in horizontal acceleration agreed well with the experimental response.
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Figure 8-8: Head C.G. Horizontal Acceleration (X Diection) in 15 G Frontal Impact

There was also a noticeable lag between the model and thénequen the vertical (Z) acceleration
direction at the beginning of the response (Figure 8-9). Thikely causing the over-prediction of

the first acceleration peak at 90 ms. At this peak, the moeéelppedicts the experimental average by
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roughly 60% (8 Gs). There was also a slight lag between the raodethe experiment in the
horizontal direction (Figure 8-8). Oddly enough, the response of the Headis the experimental

response when considering the rotational acceleration of the headp{seed-10).
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Figure 8-9: Head C.G. Vertical Acceleration (Z Direction) in 15 G Frontal Impact

The model response in rotational acceleration agreed wallthét experimental response, predicting
an accurate peak rotational acceleration (although a felisenibnds earlier than the experimental
average). However, the model does not accurately predict the agneleration peak occurring at
125 ms.
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Figure 8-10: Head C.G. Rotational Acceleration (Y ection) in 15 G Frontal Impact

The trajectory of the model head during the 15 G frontal impacthadan be seen in Figure 8-11,
fell within the experimental corridor. Despite some disparityvben the experimental acceleration
and the model acceleration, no major differences were seen ogee position of the head to the
experimental corridors. This highlights the fact that ihd$¢ appropriate to validate a cervical spine
model using only head trajectory as a measure since this danahy errors present in the

acceleration histories.
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Figure 8-11: Head C.G. Trajectory in 15 G Frontal mpact

Since flexion is the predominant mode of cervical spine loadifigontal impact, the relative flexion
angle between each spine segment was measured during theisim{figiure 8-12). The maximum
flexion angle was reached between 150 ms and 175 ms fomadlialespine levels. The lowest two
cervical levels (C7T1 and C67) reached a maximum flexiondmivwl4 deg and 15 deg, while the
rest of the cervical spine had a maximum flexion level betwEl deg and 12 deg. These flexion
angles were beyond the angles used to validate each singlendegrodel (Appendix B). Also
noticeable in Figure 8-12 is a significant delay in thepoese between the C23, C34, and C45
segments. This may be one of the localized sources of the @églayasthe head in Figure 8-8 and

Figure 8-9.

At maximum flexion angle, the posterior portions of the interspirigasnent of all levels reached
stretches near the experimental failure deformation. Indke of the lowest two cervical levels, the
interspinous ligament exceeded the experimental failure defiormavhich indicatied that localized
ligament injury should have occurred. All remaining ligamengsenwnot exposed to high levels of
stretch, and were not at risk of injury. No pain was reportechipyofithe volunteers after each sled

test, indicating that no severe injury had occurred during the impact.
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Figure 8-12: Flexion Angle for Each Level of the Qwical Spine in 15 G Frontal Impact

Using the current FMVSS208 standard for measuring neck injjgy the response of the model in
the 15 G frontal impact was assessed for injury. The monasmdsforces were calculated at the
occipital condyles in a manner similar to Mertz and Patd&67), who used the rigid body motion
of the head to determine neck loading. Axial force was catmllas the product of the head mass
(4.376 kg) and the relative acceleration between the headland the line defined by the occipital
condyles and T1. The bending moment was calculated as the prothethefad inertia in the sagittal
plane (23300 kg mf and the rotational acceleration of the head. These values walerdated

concurrently, and plotted on the;hart seen in Figure 8-13.

As expected, the model results indicated that the occupant waspesteacing an injurious neck
load, having a maximum Nvalue of 0.21 that occurred at 100 ms. At this instance, thamaxi

occipital bending moment and axial force were reached, ceddula be 38 Nm in flexion and 708 N
in tension respectively. Consequently, a flexion moment of 38 Nsel@av the flexion tolerance of

60 Nm proposed by Mertz and Patrick (1971) as the threshold of pain.
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Figure 8-13: NIJ Assessment for Simulated 15 G Frdal Impact

8.4 Discussion

The 15 G frontal impact case was fully investigated withfiiiecervical spine model to evaluate the
biofidelity the full cervical spine model under dynamic loading comat. The results of the full
cervical spine simulation in frontal impact agree reasonablycompared to the experimental data.
The response of the model seen in Figure 8-8 to Figure 8-10 tended twéespresentative of the
human volunteer response than other numerical models of the tepiitavalidated using the same
impact case ( Meyers et al., 2004; Brolin et al., 2005). Furthermaainy of the previous full spine
models used head trajectory rather than acceleration as #sumdor model evaluation (Van der
Horst, 2000). Choosing to assess the model based on head tragdot@rys inadequate, since this

method can mask or dilute errors in the model response seen in the héardtEmes.

The most significant differences in the model response comparthe experimental response was
the double peak found in the horizontal acceleration (Figure 8-8), ladddlay in vertical

acceleration (Figure 8-9). The double peak response in the mdddbfaapture the correct loading
at the most significant time in the impact, during maximoading. During this stage of the impact,

the neck is just beginning to stretch in tension as the heaginerstationary by the T1 vertebra
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accelerates away. The cervical spine appeared to behawe digring that went through a few cycles
of loading and unloading. This would indicate that the model has hethigatural frequency in

tension than an actual human volunteer.

In a simple spring-mass-damper system, natural frequency iasremish increasing stiffness,
decreasing mass, and decreasing damping. Since the massimplifeed system is essentially the
head (where the simulation and experiment agreed), the ket tause for the higher natural
frequency was that the model was either too stiff, or lackedping (viscoelastic effect). At this
stage of the simulation, elongation of the cervical spine wasivedy small, so the mechanical
effects of the ligaments were minor. This indicated the saefrbégh frequency was found in either
the intervertebral discs or the muscles. It should be notéddbponse of the single segments in
tension and compression agreed reasonably well with quasietgecimental data (Section 7.3.3),
suggesting the lack of viscoelastic characterization ofatireulus fibrosus was a source of model

error.

However, another source of model inaccuracy may be due tadkeol representation of the non-
structural soft tissues of the neck. These soft tissegide in the vascular system (carotid artery and
jugular vein), the digestive system (pharynx and esophagusyespéatory system (larynx and
trachea), the nervous system (spinal cord), the integumenttensyskin), and adipose tissue (fat).
Furthermore, bulk muscle tissue was not represented in the awthe mass was simplified to nodal
masses (Section 6.1.5). All of these missing soft tissuescmmtyibute to the mass and damping

required to reduce the natural frequency of the model to biofidektslev

The other main difference between the model and the experimesgjgonse, as mentioned
previously, was the delay apparent in the vertical acciartitne-history (Figure 8-9), and slightly
in the horizontal acceleration time-history (Figure 8-8). Analyzihe response of each individual
motion segment of the cervical spine (Figure 8-12) revealedttatay in flexion response exists in
the C23 and C34 motion segments. However, upon reviewing the quesistabn response of

these segments (Appendix B), it is clear that the model response aigret®e experimental data.

The most likely source of the delay in the response of the Insod®es from the low anterior shear
stiffness that was seen in all motion segments (Figure 7ARtérior shear was the primary motion

coupled with flexion (Appendix A), and was a significant mode of loadi®n during the frontal
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impact simulation. Furthermore, the anterior shear stiffnesheofC23 and C34 segments at large

shear loads were the most flexible in the entire cervical spigar@-v-21).

Another aspect to consider in future studies for better septimg the initial conditions of the
cervical spine model. The initial state of the head and neck madesuch that no tissue preload was
present at the beginning of the simulation. This was done to maimeiut@l position of the cervical
spine prior to the impact simulation. This, of course, is notése in a living person. It is estimated
that compressive forces of approximately 100 N to 300 N can exishe cervical spine during
physiological movement (Bernhardt et al., 1999; Ito et al., 2005). Mergtlve response of the
cervical spine has been shown to increase in stiffnessr uhd influence of preload (Shea et al.,
1991). A preload would likely decrease the amount of delay seen imddel head and neck

response.

To achieve physiological preloading, the cervical spine modst meach an equilibrium state under
gravitational load, which would require an initial muscle acivaischeme to keep the head in a
neutral position. Because the cervical spine, with all its olageae, is such a complex structure,
achieving this goal would be very difficult and require an in-depidy and analysis. Furthermore, it
is realistic to assume that cervical spine muscles areatntheir rest length in the neutral head
position, and that some initial muscle stretch and passive Igaddent. This further complicates the
process of achieving an initial equilibrium position for the aaivspine to use prior to the frontal
impact simulation. The effect of gravity was shown be negligilnlea multi-body model response
(Van der Horst, 2002), but the initial stretch and activation ofntliscles is expected to have a

significant influence on the head and neck response.

Finally, active muscle properties have been shown to havenificsigt influence on the response of
the cervical spine in frontal impact (Van der Horst, 2000; Demg) Fu, 2002; Brolin et al., 2005).
The activation scheme and Hill-type muscle model parameltsen for the cervical spine model
were based on average values for generalized muscle listi iliterature (refer to Table 6-15),
since these specific cervical spine muscle propertiesyeive be identified. Thus, current choice of
muscle model parameters may not accurately reflect thosevafalespine muscles. Additionally, the
muscle activation response of the human volunteers during the ddnial impact experiment was

never recorded, so the current muscle activation scheme may not reflactuhl subject response.
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8.5 Active Muscle Study

As mentioned in the previous section, active muscles hasteoag effect on the response of the
cervical spine during frontal impact (Deng and Fu, 2002; VarHoest, 2002; Brolin et al., 2005).
The current muscle implementation for the cervical spine nisdesed on average Hill-type model
parameter values determined from ranges proposed by Winters (Winteradad $88; Winters and
Woo, 1990; Winters, 1995). However, due to lack of complete mateti| e accuracy of these

Hill-type muscle model parameters as it pertains to cervical spiseles is unknown.

A preliminary study was conducted on the influence of the activelmpsoperties on the response
of the cervical spine during 15 G frontal impact. The study fatwseidentifying the significant
changes to the response of the model based on changes to thepawssoleters proposed by Winters
to determine if legitimate changes to the muscle model cait i@ improved biofidelity of the full

cervical spine model.

Four different studies were undertaken looking at various propetimuscle, and compared to the
baseline model that was simulated and discussed in Section 8.8tsTineuscle study looked at the
difference in response between active and purely passive muBeesctive (baseline) model used
the activation scheme shown in Figure 8-6, whereas the passidel set A(t) = 0 to mimic the

response of a post-mortem human subject.

The second study looked at varying the maximum muscle stressvéisatised to calculate the
maximum muscle force. Winters and Stark (1988) reported anmiaximuscle stress range between
0.20 MPa and 1.00 MPa, and a value of 0.50 MPa was chosen for thedasatiel. The baseline
model was compared to a low-end model using 0.20 MPa and a high-end niogel.08 MPa to

calculate the muscle force.

The third study looked at the change in cervical spine respesEnding on the initial activation
time of the muscles. In the baseline model, the muscles wératad at t = 74 ms, which was
determined by Siegmund et al (2003). The low-end model muscles gtiated 10 ms earlier than
the baseline model (at t = 64 ms), and the high-end model musclkesetimated 10 ms later (at t =
84 ms). This range is typical for occupants in impact, andf&grthe variability of the occupant’s
awareness to the oncoming impact (Siegmund et al., 2003). Aatiwatis held for 100 ms from the

initial activation time for all cases.
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Finally, the last study looked at the composition of the cergpale muscles in terms of slow and
fast muscle fibres. Slow-twitch muscle fibres are predotaipaised for endurance-related activities,
while fast-twitch muscle fibres are for proving short burststogngth. A few studies into the fibre
composition of the major cervical spine muscles indicateléingé muscles such as the longus colli,
sternocleidomastoid, and trapezius, contain an even number of slofasttaiitch muscle fibres
(Uhlig et al., 1995). Muscles that are predominately used dbilisy, such as the multifidius, contain
mainly slow-twitch muscle fibres (Boyd-Clark et al., 2001). Thesafe type study will look at the
effect of varying the composition of the muscles betweerslad-twitch fibres, to all fast-twitch

fibres.

The low-end model represented muscles comprised solely of slowenfiwe, and the high-end
model represented muscles of fast muscle fibres. The type coferfise had an effect on the force-
velocity relationship on the muscle, as well as an effect omtesxle activation scheme due to the
variation in activation time-constants. The effected model petesincluded My CE the tae and

t4e, Which are all described in Section 6.3.7.

The muscle model properties for each test case can be seaorinReference source not found.

The results of each test case are presented in the following sections

Table 8-2: Active Muscle Study Test Setup

?.ysg Algg\éiix: Maxwrllzlér;lg/luscle Ac_tllivnz:\lgon Muscle Type (Slow vs Fast)
Low-End Alt)=0 Smax= 0.20 MPa 64 ms Vimax = 2/S, CEy=0.1,te= 50 mst .= 20 mstg. = 50 ms
Baseline A(t) function Smax= 0.50 MPa 74 ms Vmax = 5/, CEy = 0.55,tne = 35 MStac= 15 mstq. = 40 ms
High-End - Smax= 1.00 MPa 84 ms Vmax = 8/S, CE,=1.0,t,e = 20 mst,c=5 ms,ty. = 30 ms

8.5.1 Active vs. Passive Muscle Response

The results of the active vs. passive muscle study caedreis Figure 8-14 and Figure 8-15. It was
clear that the response of the full cervical spine modéhowt activated musculature deviated
significantly from the experimental response. The response opabksive model was also more
violent compared to the response of the active model. This resuflonces the notion that active
musculature plays a considerable role in the motion of the theidalg frontal impact, as well as

reducing the risk of head or neck injury to the occupant.
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Figure 8-14: Active vs. Passive Muscle Study in (&jorizontal and (b) Vertical Acceleration
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Figure 8-15: Active vs. Passive Muscle Study in (&otational Acceleration and (b) Trajectory

The results of this study indicate that activate muscle propertiesomustiuded if simulating human

volunteer in frontal impact for the 15 G impact case. It shodd & noted that the response of the
passive model displays a significant amount of oscillationtthatbeen discussed in Section 8.4. This
suggests that the active muscles in the cervical spine rdadglen out the natural frequency of the

spine, and implies that much of the unwanted model oscillation stems from therieteral discs.

8.5.2 Maximum Muscle Force Study

The results of the maximum muscle force study can be seegureR-16 and Figure 8-17. For the
most part, the change in maximum muscle force did not drastically affeesihense of the head and

neck during the impact. However, there were noticeable reduciionzeak acceleration with
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increasing maximum muscle force. This would indicate thahg&oneck muscles would result in

less head or neck acceleration during impact, suggesting lower probafitipyry.

Nevertheless, the most biofidelic response of all threectessts appeared to be the baseline case with
a Smax Of 0.50 MPa. However, based on the experimental results, itely likat an optimak yax
would exist somewhere between 0.50 MPa and 1.00 MPa. Modifying the oraxmuscle stress to
values below 0.5 MPa would result in a response that was far too lax, as egme 8-17b.
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Figure 8-17: Maximum Muscle Force Study in (a) Rottional Acceleration and (b) Trajectory

8.5.3 Activation Time Study

The results of the activation time study can be seen ind-@u8 and Figure 8-19. There was very
little difference between the responses of all thres ttes, particularly in head trajectory. For the

10 ms early response case, the erroneous time delay betwegpedhmental data and the simulation
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was reduced, which caused the peak vertical head accelerkigure( 8-18b) also reduce to
experimental levels. However, the early response case inrbididnal acceleration (Figure 8-19a)
was worse than either the baseline case, or the delagpdnse case. There was little difference in

acceleration delay between the baseline and the 10 ms delayed ressanse

The general trend found in this study was that peak actielesavere reduced with earlier muscle
response. This would indicate that a person with quicker reflexewho was more aware of the

oncoming impact, would have a reduced chance of head or neck injury.
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It was concluded, from the results of this study, that a mustigation time of 74 ms was
representative of the human volunteers, and that the delay imette acceleration was caused by

factors other than the onset of muscle activation.
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8.5.4 Muscle Type Study

The results of the muscle type study can be seen in Figure 8d2Bigure 8-21. There was not a

significant difference between the responses of the baselodel and of the slow muscle fibre

model. However, it was evident that the fast muscle model respliffiseed in the initial 125 ms

from the other two test cases. The primary reason for iffiésehce was due to the change in muscle

activation between the models, rather than change in force-yeletittionship. The fast muscle

model was able to reach activation quicker than the other models,ngsultiecreased peak loading.
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Based on the results of the muscle type study, it is reasotmblesume that the baseline muscle
model using model parameters for an even composition of slow antlvfedt muscle fibres is

representative of cervical spine muscles.
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Chapter 9

Conclusions

Cervical spine injuries caused by motor vehicle accidemsirue to be a costly burden on society.
Automotive manufacturers are continuously trying to reduce occuig&rafrinjury in crash through
the innovation of novel protection techniques. To design bettetysdEvices, a comprehensive
understanding of the response of the human body from impact loadisggistial. Numerical models
of the human body are an emerging technology that is increasingly émployed to simulate and
analyze the human body in crash. Human body simulation is a hidgettie¢ method that will be a

main tool for injury and injury protection research in the many yearsme c

The purpose of this research was to develop a cervical spind thatlevould produce realistic
response in frontal impact loading. The model was developed wittua bn accurate representation
of the cervical spine at the local tissue level. Materiatlels were developed based on fundamental
experimental studies. These tissues were assembled to eresitgle segment model that was
validated using a wide variety of experimental data. Finale single segment models were

assembled to create a full cervical spine model that was vaioetental impact.

The single segment models were constructed from the basicnigulillticks of the cervical spine: the
intervertebral disc (annulus fibrosus and nucleus pulposus), theraert¢éhe ligaments, and the facet
joints. Each model (including the upper cervical spine model) abdated in all modes of loading,
and at different levels of load when possible. This allowedherassessment of the cervical spine
model at each isolated level. The results of the validatioicated that the cervical spine segments
performed very well in flexion, compression, and tension. Segment sesponateral bending and
axial rotation was also good, but the validation case was linotechall loads. The models response
in extension often proved too compliant compared to the experimextgal FEurthermore, the single

segment models did not fully agree with the experimental shear respgasn being more flexible.

It was hypothesized that much of the disparity between the mapeinge and the experimental data

in extension was the result of initial positioning of the vertebrdlee segment models differing from
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the experimental tests. This caused the gap between thedetetyrfaces to be too large, which
reduced the effectiveness of the facet joints to provifimests in extension. Furthermore, the large
facet gap was also assumed to have an impact on the respondatém@inbending, axial rotation,

and anterior shear. In the case of anterior shear, all segnoelgtls were more complaint than the

average stiffness values reported in the literature.

An initial studying into vertebral body trauma prediction was done ulmgegment models in pure
compression. The results showed that damage initiated in ticellcaus bone of the vertebral body
between 500 N and 1000 N. Damage continued in the cancellous bone, until the bony endplates began
to accumulate damage around 1400 N and 1800 N for the middle and lowgralcepine
respectively. Damage to the cortical bone occurred soon afteoriset of endplate damage. The

results were in reasonable agreement with published studies.

The full cervical spine model was assembled from the siregenent models using rigid vertebrae
rather than deformable vertebrae. The model was validatad tiee 15 G frontal impact sled test
data from the National Biodynamics Laboratory. Active muselee used to simulate the response
of the human volunteers used in the study. The model response wasdnable agreement with the
experimental data, and compared better than previous finite elesrgital spine models. However,

the model did exhibit significant oscillation during the most seveading that caused a deviation
from the experimental response. The head trajectory agreddwithl the experimental data,

suggesting that trajectory should not be the lone measure used for modéiovaeidgooses.

A complementary study involving the active muscle properties undertaken to identify areas were
the model response could be improved. It was shown that activdesiase required for biofidelic
response of the head and neck, and that minor changes to the actighéore can change the model
response during peak loading. It was also shown that the Hillatyysele model parameters initially

selected for the model provided good muscle response.

In conclusion, the developed cervical spine model is representdtithe human cervical spine, for
both quasi-static loading and dynamic frontal loading. Thisparticularly significant achievement
since the model was developed from the fundamental tissue pespartd not calibrated or modified
to reach a better agreement with the experimental datidelfionore, it appears that the model is well

suited for additional enhancement in the future.
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Chapter 10

Recommendations

Notwithstanding the positive results from the cervical s@imeulations, there are aspects of the
model that can be improved upon with further research and developmenteddmemendations
discussed in this chapter are based on the experience of degelbei numerical model for both
quasi-static and dynamic loading, and the knowledge gained through sggitmly of the previous
literature involving the mechanics of the cervical spinetHemmore, a number of recommendations
are made that focus on enhancing the capabilities of the nmardekffuture goal of predicting injury

to the spine at the tissue level.

10.1 Improved Material Properties

One of the most important aspects of the cervical spine modethgause of local tissue data to
define the mechanical properties of most materials. Usingringhanical test data from various
independent studies, the cervical spine model was able toeeptlks load-displacement response of
the quasi-statiin vitro model very well. However, it was recognized that some of xperamental

data used to define the material properties in the model was not ideal

A significant amount of tissue testing is done at low leeélpading deemed to be non-injurious,
with the intention of analyzing the physiological response ofitisee. However, in many cases, the
response of the tissue in the numerical model exceeded theofelelding at which the material
model was based, and this is expected to be the case int isspaarios. While all material models
were verified that no unusual responses occurred at deformatitsideoof the experimental range,
there was no guarantee that the response outside this rapgeceurate. This argument also applies

to the use of viscoelastic material properties in the dull cerviaa spodel for dynamic loading.

For instance, most viscoelastic characterization for bicdbgiaterial is reported using relaxation or
creep techniques. While this type test data is suitableng duration loading, this regime of strain-

rates is much lower than rates typically seen in impachteveuch as automotive crash. Using
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relaxation test data to predict impact response is an extrapolasont®fand may produce erroneous

results.

Utilizing the mechanical properties of tissue tested hie &ppropriate regimes of loading and
environments would certainly improve the accuracy of the modés. lecommended that future
cervical tissue research be reviewed on a periodic basstudies that involve the types of loading
suitable for numerical modelling. It is also recommended, dilida that in-house testing of cervical
spine tissues be studied. This would allow for first-hand insigbtthe mechanics of the tissue (for
the purposes of developing better tissue models) and allovhdocdntrol of test procedures and

analysis of specific mechanical properties important for numemedysis.

10.2 Appropriate Material Constitutive Models

The mechanics of biological tissue are often complicated, sire® tssue is heterogeneous,
nonlinear, orthogonal, viscoelastic, and susceptible to damage. Tdes ofy behaviour is not
accurately represented by the classical theories of camtimiechanics. Furthermore, these material
responses are generally under-represented in finite elemerst sacke as LS-DYNA, which tend to
focus on material models for metals, foams, composites, and @sichetorder to advance the
accuracy and capabilities of the cervical spine model, naalerepresentation of the complex

responses of the local tissue is essential.

For instance, the current bone material model utilizes a simptropic power-law material model
commonly used for modelling plastic deformation in metals. Inlifealvertebral cancellous bone is
moderately orthotropic, and behaves similar to a ceramic whetoatsied and damaged. There are
also viscoelastic effects associated with bone stemmarg the presence of marrow in cancellous
bone, and the presence of a collagen matrix in cortical bone. Rioseof the traumatic injuries
associated with the cervical spine involve fracture to wthdebra, accurate modelling the bone

material is desired for realistic injury response.

It is recommended for the future enhancement of the cervitead spodel, that better representative
material models be developed in LS-DYNA that incorporate gpeopriate material characteristics
of each patrticular tissue. Investigation into alternativéena models already incorporated into LS-
DYNA is also recommended. In particular, models should include meanity, viscoelasticity (based

on relaxation functions and/or strain-rate data), and damage (assergatien of injury).
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10.3 Model Detail and Construction

The use of nonlinear discrete elements to characterize tieeliga was a practical and robust choice
of material and element type, given the type of mechanicaladaitable. However, shell elements
were the initial formulation choice for the ligaments in ¢tikevical spine model. It was assumed that
shell elements would provide more realistic representatidigarfnent under general loading than
discrete elements would. However, it was found that the sleglients were numerical unstable for
large tensile deformations. This was most apparent forapgutar ligaments, which often loaded in
biaxial tension due to their cylinder-like geometry. Thisdbgity was neither mesh nor material
model-dependant, and was likely caused by the low shear strentiie tifament material since
increasing this value improved the model stability. Nonetheiteissbelieved that a functional shell-
based ligament model is the best representation for the futuceratal spine model, and it is

recommended that efforts be made to rectify this problem.

The lack of the original cervical spine geometry (from $€&ns or other imaging techniques) was a
significant disadvantage for developing the model. The inittantion of the cervical spine project
was to develop and enhance a model that was representatived®fparcentile male. However, it
was later revealed that the original model (Deng et al., 1888) smaller than the desired size.
Efforts were made to scale the original model to the cosiget and reposition the vertebrae such
that the most significant components of the spine (primarilyintervertebral discs) would have
dimensions similar to those reported for th& B@rcentile male. By adjusting the vertebrae to get
proper disc dimensioning, it is likely that the facet gapsewenlarged to a point that was not typical
of a spine in a neutral position. It would have been more appropridiieild the model around the
geometry of a cervical spine scanned from a person representative"bper&éntile male rather than

adjust the geometry of a spine that was not to size.

Finally, it was thought that omitting the non-structural softugssof the neck would not affect the
response of the cervical spine in dynamic loading. Howeverr afttning the frontal impact
simulations, it was found that the cervical spine oscillateal ldigher frequency than did the human
volunteers. The high frequency in the model of the model responsbawa been caused by a lack
of structural damping due to the current characterizationoftftissue viscoelasticity, but it was
hypothesized that a source of neck damping would be found in treekastic effects of the non-

structural soft tissues. It is recommended that a pradimi study into effects on the dynamic
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response of the cervical spine due to the presence of thedessaoés be done prior to any major
modelling. The addition of these tissues to the current model vamuld significant undertaking,

since proper interaction between all of these tissues with the despita would be required.

10.4 Physiological Response of Muscles

The study involving the active muscle properties indicated teporse of the cervical spine in
dynamic loading was largely influenced by the activation efrtfusculature. It is evident from the
results that the response of the model can be greatly ingpribveugh the optimization of the
activation muscle behaviour. While ‘optimization’ is a teoften used interchangeably with
‘calibration’, finding a realistic solution to the muscle aation would be valid process since it

would generate the correct loading seen in the local cervical &gsneg due to the frontal impact.

A number of aspects should be considered when improving the physiological respoesauddtes.

Currently the muscle activates at 100% neural excitatiordams, and deactivates to 0% neural
excitation at 174 ms. Furthermore, both the flexors and the sexterare activated together. A
reasonable approach to identify the optimal muscle activatienseiwvould be to vary the activation
and deactivation times, activate the flexors and extensorsaselgamand vary the level of neural

excitation.

It is also recommended that an initial muscle activationreeh®e developed such that the position of
the head and neck is maintained under gravitational loading. Tthiklvprovide the proper initial

loading on the soft tissues prior to the impact simulation.

Due to the length of time required to run the full cervical spielel, it is suggested that a multi-
body model calibrated to the full cervical spine model be usedevelop an optimal muscle

activation scheme. This would significantly reduce the amount of 8ogired to run the study.

10.5 Future Direction of the Cervical Spine Model

In the immediate future, the cervical spine model should be osexhtuate the response in loading
conditions other than frontal impact. Human volunteer data existstéwal, rear, and oblique impact
loading, which can be simulated using the cervical spine model byirapphe accelerations to the

T1 vertebra in the corresponding direction of motion. Musclevatotin schemes would have to be
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changed to correspond with human response in a different directisnmakibe particularly difficult
for lateral and oblique loading, since the combination of musclestosedct to the applied motion
is not as clearly defined. Nevertheless, this is an impostaptin the progress of the cervical spine
model, as it has the potential to validate the model in nelhifigrans of loading seen in automotive
crash.

A long-term goal of the cervical spine model would be the dgweént of a injury predicting model
for both quasi-static and dynamic loading conditions. This would hajermpplication in such

fields as automobile safety, personal protective equipment, and sports injury

To reach this goal, a serious push in the research of the meehanisms of local spine tissues is
required. The development of advanced numerical material models] veted be required to
effectively simulate injury of a tissue (see Section 10tZhould be the effort of future work on the

model to progress towards this end goal.
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Appendix A
Single Segment Model Results
The following appendix contains the results of the single sagmodel simulations that were
analyzed and discussed in Chapter 7. Reported in this section amettbes of the superior vertebra

in each segment due to the applied load. Motions in all six degféedom are reported

(translations on one graph, rotations on another) for each simulation case.
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Figure A-9: Coupled Motion in Applied Axial Rotation
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Figure A-12: Coupled Motion in Tension and Compression
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Figure A-15: Coupled Motion in Applied Axial Rotation
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Figure A-18: Coupled Motion in Applied Tension and Compression
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Figure A-19: Coupled Motion in Applied Lateral Bending
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Figure A-21: Coupled Motion in Applied Axial Rotation
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Figure A-24: Coupled Motion in Applied Tension and Compression



C5-C6 Motion Segment Model under Applied Moment
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C6-C7 Motion Segment Model under Applied Force
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Figure A-33: Coupled Motion in Applied Axial Rotation
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Figure A-36: Coupled Motion in Applied Tension and Compression
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Figure A-37: Coupled Motion in Applied Lateral Bending
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Figure A-38: Coupled Motion in Applied Flexion and Extension
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Figure A-39: Coupled Motion in Applied Axial Rotation
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Appendix B

Single Segments in Flexion/Extension

The following appendix contains the results of the single sagmodel simulations that were
analyzed and discussed in Chapter 7. Reported in this sectitreassponse of the segment models
in flexion and extension. The relative sagittal rotation (Y) betwe superior and inferior vertebra
is reported for bending moments ranging from 2.5 Nm flexion to 2.%eiension. These results are
compared to the results of the experimental studies by Camaah@@887), Nightingale et al (2002,
2006), and Wheeldon et al (2006).
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B.1 CO0-C1-C2 Motion Segment Model under Flexion/Ex tension Moment
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Figure B-1: Response under a Range of Quasi-Static Flexion Momis
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Figure B-2: Response under a Range of Quasi-Static Extension khents
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B.2 C2-C3 Motion Segment Model under Flexion/Exten  sion Moment
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Figure B-4: Response under a Range of Quasi-Static Extension khents
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B.3 C3-C4 Motion Segment Model under Flexion/Extens  ion Moment
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Figure B-6: Response under a Range of Quasi-Static Extension khents
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B.4 C4-C5 Motion Segment Model under Flexion/Extens  ion Moment
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Figure B-7: Response under a Range of Quasi-Static Flexion Momes
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Figure B-8: Response under a Range of Quasi-Static Extension khents
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B.5 C5-C6 Motion Segment Model under Flexion/Extens  ion Moment
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Figure B-9: Response under a Range of Quasi-Static Flexion Momes
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Figure B-10: Response under a Range of Quasi-Static Extension khents
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B.6 C6-C7 Motion Segment Model under Flexion/Extens  ion Moment
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Figure B-11: Response under a Range of Quasi-Static Flexion Momes
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Figure B-12: Response under a Range of Quasi-Static Extension khents
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B.7 C7-T1 Motion Segment Model under Flexion/Extens  ion Moment
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Figure B-13: Response under a Range of Quasi-Static Flexion Momis
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Figure B-14: Response under a Range of Quasi-Static Extension khents
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