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ABSTRACT OF DISSERTATION 

COMPUTATIONAL MODELING OF THE LOWER CERVICAL SPINE: 

FACET CARTILAGE DISTRIBUTION AND DISC REPLACEMENT 

Anterior cervical fusion has been the standard treatment following anterior cervical discectomy 

and provides sufficient short-term symptomatic relief, but growing evidence suggests that 

fusion contributes to adjacent-segment degeneration. Motion-sparing disc replacement 

implants are believed to reduce adjacent-segment degeneration by preserving motion at the 

treated level. Such implants have been shown to maintain the mobility of the intact spine, but 

the effects on load transfer between the anterior and posterior elements remain poorly 

understood. 

In order to investigate the effects of disc replacement on load transfer in the lower cervical 

spine, a finite element model was generated using cadaver-based Computed Tomography (CT) 

imagery. The thickness distribution of the cartilage on the articular facets was measured 

experimentally, and material properties were taken from the literature. Mesh resolution was 

varied in order to establish model convergence, and cadaveric testing was undertaken to 

validate model predictions. 

The validated model was altered to include a disc replacement prosthesis at the C4/C5 level. 

The effect of disc-replacement on range of motion, antero-posterior load distribution, total 

contact forces in the facets, as well as the distribution of contact pressure on the facets were 

examined, and the effect of different facet cartilage thickness models on load sharing and 

contact pressure distribution predictions were examined. 



Model predictions indicate that the properly-sized implant retains the mobility, load sharing, 

and contact force magnitude and distribution of the intact case. Mobility, load sharing, nuclear 

pressures, and contact pressures at the adjacent motion segments were not strongly affected by 

the presence of the implant, indicating that disc replacement may not be a significant cause of 

post-operative adjacent-level degeneration. 

Variation in articular cartilage distribution did not substantially affect mobility, contact forces, or 

load sharing. However, mean and peak contact pressure, contact area, and center of pressure 

predictions were strongly affected by the cartilage distribution used in the model. These results 

indicate that oversimplification of the cartilage thickness distribution will negatively affect the 

ability of the model to predict facet contact pressures, and thus subsequent cartilage 

degeneration. 

Wesley J. Womack 

Mechanical Engineering Department 

Colorado State University 

Fort Collins, CO 80523 

Summer 2009 
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1 Background 

Anatomy of the Lower Cervical Spine 

Geometry 

The primary mechanical functions of the human spine include protection of the delicate spinal 

cord, transfer of mechanical loads from the head, muscles, and external loads to the pelvis, and 

the maintenance of structural stability and mobility of the spine. The normal human spine 

contains 24 vertebrae, which are divided into cervical, thoracic, and lumbar regions, and 

terminating caudally at the sacrum. The antero-posterior curvature of the spine facilitates its 

shock-absorbing ability, and varies according the region, being lordotic (curving toward the rear) 

in the cervical and lumber regions, and kyphotic (curving toward the front of the body) in the 

thoracic and sacral regions (Figure 1). 

Figure 1 - Whole spine, denoting the major regions. Variation in lordosis and kyphosis is apparent (left). Cervical 
spine, including the atlas (CI) and axis (C2) (right). Adapted from Gray's Anatomy [36]. 
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The seven cervical vertebrae are subdivided into the upper (occiput-C2) and lower (C3-C7) 

regions, which are easily distinguished by the unique geometry of the atlas (CI) and axis (C2) 

which contains a prominent process on the superior aspect, the dens. The five vertebrae of the 

lower cervical spine are similar in size and shape, having large transverse processes on both 

lateral aspects, which are perforated by transverse foramina through which vascular and 

nervous elements pass (Figure 2)[59]. 
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Figure 2 - Cervical vertebra, denoting the relevant anatomic features. Adapted from Gray's Anatomy [36]. 

The spinal cord is enclosed within the spinal canal, and protected at the posterior by the dense 

posterior process, which also serves as an attachment point for ligaments and musculature. The 

anterior body carries most of the compressive load applied to the cervical vertebrae, which is 

transferred through the intervertebral discs. The remaining fraction of compressive loads is 

transferred through the posterior facets, which are cartilaginous articulating joints. Joining the 

anterior body and the disc, the cartilaginous endplate provides a graded change in stiffness, as 

well as allows the passage of nutrients to the disc, which is avascular. 
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Several ligaments provide structural support for the lower cervical spine. The anterior 

longitudinal ligament (ALL) runs down the front of the spine, and is tightly bound to the surface 

of the vertebrae. Posterior to the disc, the posterior longitudinal ligament (PLL) plays a more 

active role during forward flexion. The ligamentum flavum (LF) spans the posterior aspect of the 

spinal canal, providing containment for the spinal cord (Figure 3). 

Figure 3 - Ligaments of the lower cervical spine - Adapted from Gray's Anatomy [36]. 

The posterior processes are connected by the interspinous ligaments (ISL), and the facet joints 

are encapsulated by the facet capsular ligaments (FCL), which provide support under lateral 

bending and torsional loads in addition to their function as a joint capsule [142]. 

Cryomycrotomy and radiographic and photographic techniques have been used to measure the 

geometric properties of the ligaments [142]. 

The intervertebral disc is of particular interest, and is itself divided into the outer annulus 

fibrosus and the nucleus pulposus. The hierarchical structure of the intervertebral disc plays an 

important role in its mechanical function, which is loaded principally in compression (Figure 4) 

[15,142]. 
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Nucleus Pulposus 

Annular Laminae 

Figure 4- Schematic of the intervertebral disc, showing annular laminae with alternating fiber orientation. Adapted 
from Joshi [60]. 

As the disc is compressed, pressures generated in the more gelatinous nucleus induce 

circumferential stresses in the annulus fibrosus and bulging of the disc. In the cervical spine, the 

disc height at the posterior margin is approximately 50% of the anterior height [101]. The cross-

sectional area of the nucleus, 1-2 cm2 in the cervical spine, increases caudally, representing 25% 

of disc in the cervical spine and 50% in the lumbar region [76,101, 142]. 

A feature unique to the cervical spine is the presence of uncinate processes, which are raised 

lateral margins at the superior surfaces of the anterior bodies. Another unique feature of the 

cervical spine is the development of uncovertebral clefts, also known as Lushka joints, at the 

lateral aspects of the intervertebral disc at mid-height [76]. Uncovertebral clefts develop as 

fissures at the lateral aspects of the disc in areas proximal to the uncinate processes that 

experience high torsional stresses, generally at age 9-14 [76]. Debate continues as to whether 

these clefts should be considered degenerative effects or true synovial joints [142]. 

The lateral facets carry a substantial fraction of the compressive loads in the cervical spine, and 

are responsible for the coupled rotations between torsion and lateral bending [86]. The lateral 

facets of the cervical spine are elliptical in shape, with aspect ratio increasing caudally from 1.0 

at C3 to 1.6 at C7 [88, 91]. The facets are oriented obliquely to both the sagittal plane (70 deg at 

4 



C3 to 94 deg at C7) and the transverse plane (45 deg at C3 to 65 deg at C7) [91, 88]. Significant 

variability in facet orientation has been observed, and asymmetric facet orientation has been 

correlated with disc degeneration [88]. The facet joint may become dislocated or 'locked' due 

to high combined flexural and torsional loads - around 10 N-m, compared to the physiologic 

load range of approximately 2 N-m. This loading scenario may result in damage to the germane 

soft tissues and significant instability after reduction of the dislocation [21]. The cervical facets 

are approximately 12 mm wide, and are covered with a layer of articular cartilage with spatially 

varying thickness up to 0.5 mm [91,141]. 

The lordotic curvature of the cervical spine has been measured radiographically and described in 

terms of radius of curvature and intersegmental relative rotation angle (RRA, 6-7 deg) and total 

cervical lordosis or absolute rotation angle (ARA, 44 deg, Figure 5)[9, 44, 45, 63]. 

Figure 5 - The cervical lordotic curvature, showing absolute and relative rotation angles - adapted from Harrison et 
al. [45] 
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However, substantial variability exists in observed cervical lordosis in the asymptomatic spine, 

which varies with age [44]. While much effort is spent to correct abnormal sagittal curvatures, 

some researchers have found that a loss of lordosis may not be well correlated with symptoms 

such as pain and disability, with asymmetry being more common than not [44]. This indicates 

that pain and/or loss of mobility are preferred to radiographic lordosis as measures of clinical 

interest. 

The anterior bodies of the cervical vertebrae are composed mostly of spongy trabecular 

(cancellous) bone within a thin cortical shell. Osteoporosis is known to result in a thinning of the 

cortical shell in addition to disadvantageous changes in the structure and density of the 

cancellous bone [96]. The cortical shell thickness of the anterior body in the lower cervical 

spine is 0.4-0.7 mm, and exhibits systematic variation spatially and between levels and anatomic 

locations [96]. Much thicker cortical bone is observed in the posterior elements. 

Material Properties 

Cortical and Trabecular Bone 

Both cortical and trabecular bone are complex multiphase composite materials with hierarchical 

molecular and geometric structures at relevant scales from 2 nm to 500 u.m [110]. Organic 

phase constituents (principally type I collagen fibers) embedded in an apatite matrix (calcium 

phosphate and calcium carbonate) are arranged in a complex lamellar haversian structure, the 

interaction of which contributes significantly to the bone's toughness [13, 110, 140]. Water 

accounts for some 20% of the wet weight of bone, while the mineral phase constitutes 77% of 

the remainder [13]. 90-95% of the organic phase consists of collagen (Figure 6) [13]. 
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Figure 6 - Schematic of the hierarchical structure of bone [110] 

Bone exhibits a capacity for self-repair, as new bone is deposited and tissue is resorbed through 

the remodeling process [13, 83]. The elastic properties of cortical bone vary with species, age, 

orientation, loading rate, and anatomic location [22, 108, 137]. The density, strength, and 

elastic moduli of trabecular bone have been positively correlated with computed tomography 

(CT)-based density measurements, and widely varying linear, polynomial, power, and 

exponential relationships have been proposed [49, 108]. Correlation of CT density to elastic 

moduli is less significant in cortical bone, although a positive linear relationship has been 

observed [22]. This may be due to the much greater variability in density and elastic parameters 

observed in trabecular bone [108]. Elastic moduli for trabecular bone vary with density from 0-

4000 MPa, and 10-20 GPa for cortical bone [13, 22, 49, 108]. Additionally, the stiffness and 

strength of cortical bone increase logarithmically with loading rate and decrease with age [137, 

150]. 

Differentiation between dense trabecular bone and cortical bone can be arbitrary, and is usually 

distinguished on the basis of porosity. Cortical bone is 5-30% porous (nonmineralized), while 

trabecular bone may exhibit more than 90% porosity [13]. Denser trabecular bone is observed 

radiographically in the posterior elements than in the anterior bodies. Additionally, the 
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trabecular spicules in the anterior body exhibit a preferred axial orientation commensurate with 

their primary mechanical loading configuration, resulting in some anisotropy in the elastic 

parameters. The macroscopic structure of cancellous bone consists principally of 

interconnected plates and spicules, the thickness and connectivity of which vary with age and 

apparent density. Cortical and cancellous bone exhibit similar properties and characteristics at a 

microscopic level, with apparent-level differences that are largely attributable to differences in 

macrostructure [13]. 

Intervertebral Disc 

The annulus is composed of approximately 35 distinct concentric lamellae, which vary in 

thickness both as a function of radial and angular position, from 130 to 300 u.m, with thickness 

increasing inward [15]. The lamellae are unidirectionally reinforced by collagen fibers which 

provide the major component of circumferential stiffness to the annulus. The collagenous fibers 

of the annular lamellae are oriented at a 30 to 45 degree angle to the horizontal, and the fiber 

angles alternate between successive lamellae in a composite layup structure [66]. Additionally, 

the fiber orientation varies with radial position, from +- 30 deg at the outermost lamellae to +-

45 deg adjacent to the nucleus [57]. Fiber orientation and structure in the annulus has been 

verified using a variety of techniques, including transmission optical microscopy, electron 

micrography, diffusion tensor microscopy and cross-polarization techniques [15, 51, 55, 57, 

101]. The collagen fibers themselves exhibit a planar crimped morphology with a period of 20-

26 u.m and a crimp angle that varies from 20 degrees at the perimeter to 45 degrees at the 

innermost lamella [15]. The fibers are structurally anchored to the cartilage endplates, 

restricting their radial expansion [15]. Reinforcing fibers in the annulus are composed of both 

type I and type II collagen, varying from 95% type I at the perimeter to 95% type II at the nucleus 
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[15]. The fibrils themselves range in diameter from 10 to 40 nm, which may be related to 

changes in glycosaminoglycan content during development as well as the critical length for load 

transfer from the ground substance to the reinforcing fibers [51]. 

The molecular structure of the collagen fibers in the annulus, combined with their ply layup 

structure, results in a highly nonlinear, anisotropic and hyperelastic mechanical behavior for the 

annulus. Radial tensile and confined compression testing of annulus reveals the hyperelastic 

behavior of the annulus matrix ground substance [66]. Axial and circumferential testing of 

individual annular lamellae and multi-lamellar samples demonstrates that mechanical response 

of the collagen fiber component of the annulus is much stiffer than the ground substance. 

Significant anisotropy has been ascribed to the fiber orientation, such that the annulus is 

approximately 100 times stiffer circumferentially than radially [54, 66]. 

The youthful nucleus pulposus is a gelatinous material composed largely of water (88%), 

proteoglycans, and type II collagen [15, 87]. The material and mechanical properties of the 

nucleus pulposus vary with age, becoming generally stiffer and less hydrated as degeneration 

progresses. Differentiation between the annulus and nucleus in the severely degenerated 

nucleus becomes obscured; after age 55 the nucleus pulposus is largely fibrous, particularly in 

the cervical region [76]. In the annulus, severe tears develop with degeneration, and along with 

proteoglycanous cysts, may lead to nuclear exudation and nerve compression [66]. 
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Articular Cartilage 

The articular cartilage of the lateral facets is a complex multiphase structure consisting of 

several constituents and multiple layers. It is porous and permeable, and exhibits viscoelastic 

and hyperelastic mechanical behaviors, as well as orthotropic and asymmetric tension-

compression behavior [64]. The porous solid phase consists principally of collagen fibers and 

proteoglycans [3]. The fluid phase, which constitutes 70-90% of the cartilage mass, is able to 

move along pressure gradients, resulting in viscoelastic behavior. Swelling pressure is 

maintained by the presence of hydrophilic proteoglycans in the solid phase [3, 4]. Equilibrium 

moduli of 0.13 to 1.9 MPa have been observed. The modulus varies inversely with water 

content, as reduced solid phase content provides less resistance following liquid phase 

exudation [3]. Instantaneous moduli vary from 1 to 40 MPa and are functionally dependant 

upon strain and orientation. Poisson values range from 0.05 to 1.3 [3]. Structurally, articular 

cartilage consists of superficial, middle, and deep zones, which differ in collagen fiber 

orientation and density, as well as the content and morphology of chondrocytes. 

Physiologic strains up to 14% have been recorded in articular cartilage, which is unsurprising 

given the relatively low modulus and substantial in vivo contact pressures (2-12 MPa, [4]). 

Proteoglycan-induced swelling pressures and interstitial fluid contribute heavily to the 

hyperelastic response, preventing excessive compressive strains [4]. 

Ligaments 

The ligaments of the cervical spine are innervated structures that serve to provide structural 

stability while maintaining physiologic mobility [127]. The nonlinear elastic response of the 

ligaments maintains the integrity of the spine under traumatic loads [142, 95]. The principal 
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constituents of the ligaments are the organic molecules collagen and elastin, which are arranged 

parallel to the ligaments in varying proportions, such that the elastic moduli of the cervical 

ligaments range for 3-45 MPa [142]. The ligaments support load only in tension, but exhibit 

varying amounts of pretension in the neutral position [142]. The cervical spine exhibits 

substantial mobility, and ligament strains during normal motion may exceed 30%, with failure 

occurring at extension of 3-13 mm [95, 127]. Substantial variation exists in experimentally 

reported ligament strain values, largely due to inter-observer variation in the choice of gage 

length and ambiguity in defining the neutral position when testing excised ligaments. For 

example, the anterior longitudinal ligament runs the length of the lower cervical spine, with 

insertion sites at the anterior aspect of each vertebra and spanning the disc spaces. Some 

researchers consider the distance between endplates as the reference length because the 

ligament is attached there, while others consider the anterior mid-height positions of the 

spanned vertebrae as endpoints, because the ligament is not truncated at the endplate [95, 

142]. Additionally, both bone-ligament-bone constructs and ligament-only test configurations 

have been used [78]. When using ligament stress-strain data in mathematical models, it is 

critical that the model definition of ligament geometry is in agreement with the definition used 

in the material response dataset selected. 

Both the presence of elastin and the crimped architecture of collagen contribute to the 

nonlinear toe region of the ligaments [127]. The cervical ligaments vary in length, modulus, and 

cross-sectional area, with failure loads ranging from 30-250 N, which varies substantially due to 

anatomic location [127]. 
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History of Disc Arthroplasty 

The historical standard treatment program for patients with symptomatic degenerative disc 

disease in the cervical spine is anterior cervical discectomy and fusion (ACDF), with over 187,000 

anterior cervical spine procedures performed annually in the United States [24, 79, 102, 124]. 

However, there is growing concern that spinal fusion may increase the propensity toward 

progressive degeneration in the adjacent motion segments [70, 87, 99]. Cadaveric studies have 

shown increased intradiscal pressures and intersegmental motion at adjacent segments 

following ACDF [70, 111]. Clinical studies reveal long-term adjacent-level degeneration rates of 

25-50%, with repeat operation rates of 6-17% [24, 70, 102, 111]. However, while radiographic 

adjacent-segment changes consistent with instability have been noted after ACDF, the effects 

are not consistently associated with the presentation of recurrent symptoms; thus it is as yet 

uncertain to what degree ACDF is responsible for subsequent symptoms as opposed to the 

natural progression of spondylosis [25]. Notably, the primary goal of ACDF is the relief of neural 

compression, fusion being a means to that end rather than a primary surgical goal [70, 124]. 

The increased degeneration rate at adjacent levels following ACDF has motivated a move 

toward treatments that maintain the intact mobility and load distribution. 

The first human cervical arthroplasty was attempted in 1966 by Fernstrom with poor results [70, 

87]. Many motion-preserving spinal implants have been developed since 1950, chiefly for the 

lumbar spine [70]. In 1989, the metal-on-metal ProDisc design was introduced with favorable 

results - more than 70% of patients report good results 10 years post-operatively [70]. The 

updated ProDisc II design was introduced some ten years later. In 1991, clinical trials for the 

Cummins-Bristol implant were initiated, and 5-year results indicated that while motion was 

preserved for most patients, dysphagia (difficulty swallowing) developed in all patients [102, 
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111]. The Prestige disc slimmed down the bulky anterior profile of the Cummins-Bristol design, 

and reports indicate that motion is preserved and adjacent-level degeneration is reduced 

relative to ACDF (Figure 7)[70,124]. 

Figure 7- Bristol-Cummins disc (left), Prestige Disc (right) 

The Bryan disc, for which US clinical trials were initiated in 2002, utilizes a polyurethane core 

between two porous titanium endplates. Clinical success rates of over 85% have been reported 

[70, 124]. Preliminary clinical results (2003) for the similar porous coated motion (PCM) device 

indicate good results as well [70]. Recently, the metal-on-polyethylene ball-and-socket ProDisc-

C was introduced, having a plasma-sprayed central keel for the provision of implant stability 

(Figure 8)[70, 124]. 

Figure 8 - ProDisc-C (left), and Bryan disc (right) 
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The demands placed on spinal motion-preserving implants are high - the implant must maintain 

both the intact antero-posterior load distribution profile and instantaneous center of rotation, 

and will undergo as many as 30 million cycles during its lifetime [70]. Additionally, devices must 

maintain both stability and mobility [87]. Biomaterials considerations include concerns for 

friction, toughness, strength, toxicity, resistance to corrosion, inflammatory response to wear 

debris, and desirable bone ingrowth at the endplates [87, 124], As such, cervical disc implants 

tend to utilize the same materials as other orthopedic implants - titanium, stainless steel, 

UHMWPE, ceramics, cobalt-chromium-molybdenum alloys (CoCrMo), and hydroxyapatite and 

related coatings [87, 124]. While the foreign-body response to wear debris causing osteolysis is 

the primary causal factor for loosening requiring revision surgery, the volumetric wear rate for 

disc replacement implants (<1 mm3/year) is much less than that observed in hip arthrodesis (50-

100 mmVyear) for which wear debris is a significant problem [87,124]. 

Clinical Outcomes 

Changes in sagittal alignment (loss of lordosis) after ACDF have been associated with adjacent-

segment degeneration and other adverse affects, but it is unclear as yet whether the same 

relationship exists when mobility is maintained [62, 99, 102]. A prospective radiographic and 

clinical study in 2004 on patients receiving the Bryan disc showed an average ROM at the 

implanted level of 8.3 deg after 1 year, although a mean segmental kyphosis of 6.1 deg was 

observed postoperatively at the focal level [99]. Interestingly, while segmental lordosis was not 

maintained, ROM was, and more than 90% of patients reported positive outcomes after 1 year 

[99]. Another study using the Bryan disc resulted in loss of lordosis, again commensurate with 

good to excellent outcomes and restored ROM [118]. It has been proposed that the surprising 

increase in mobility at all cervical levels following arthroplasty may be due to the relief of 
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preoperative pain [25]. Preliminary and long-term results following implantation of the Prestige 

I & II showed positive outcomes and maintenance of mobility with no evidence of adjacent-level 

degeneration [102, 111]. Cadaveric studies using the ProDisc-C resulted in little change in ROM, 

while clinical results indicate some reductions in ROM over time [24]. Both ACDF and 

arthroplasty significantly reduced pain over both the immediate and long-term [24]. 

Finite Element Modeling of the Lower Cervical Spine 

The principal motivations for use of finite element methods in biomechanics include 

repeatability, absence of inter-specimen variability, ease of parametric variation, the ability to 

examine experimentally inscrutable data, and cost and time savings [11, 43]. The finite element 

method (FEM) was first applied to the vertebral column in 1973, with the earliest (2-D) models 

treating vertebrae as rigid masses [143]. Later 3-D models used simplified representations of 

bone geometry, with planar facets and identically-shaped vertebrae [20]. Most models have 

failed to represent the Lushka joints and uncinate processes altogether, which has been shown 

to have a substantial effect on model predictions [20]. Many models utilize geometry with 

idealized geometry produced by CAD packages rather than directly from anatomic imagery data. 

This approach improves meshing repeatability and substantially decreases the time required for 

mesh generation, but oversimplification of relevant geometric factors can degrade the utility of 

the models generated [43]. Geometry of the highest fidelity models has been based on qCT, 

MRI, and cryomicrotome data [11, 84,143]. 

Cervical spine models generally apply pure moment (0.5-2.0 N-m), axial compression, or mixed 

loading conditions [67, 143]. Axial loading may be applied as a point load, a follower load, 

through thermal strain in cable elements, or by other means. 
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Material Properties 

Cortical bone has generally been modeled as isotropic and linearly elastic, with E=10-15 GPa and 

v=0.2-0.39 [11, 48, 105, 143]. Trabecular bone has generally been modeled as a single set of 

elements with E=100-500 MPa and v=0.2-0.39, although some researchers have included 

variation in trabecular modulus with density [11]. The endplates of the anterior body have been 

modeled as cortical bone, as 2-D shell elements, and as an independent isotropic elastic 

material with E=500-2000 MPa and v=0.3-0.4 [20, 84, 143]. The nucleus pulposus has been 

variously modeled as linearly elastic (E=0.2-200 MPa and v=0.4-0.4999), hyperelastic, and as an 

incompressible fluid, and porosity/permeability is sometimes included [20, 84, 119]. Some 

authors have not distinguished between annulus and nucleus [48, 142]. Annulus fibrosus has 

been modeled variously as a homogenous linearly elastic isotropic or orthotropic material with 

E=3.4 MPa and v=0.4, and with invariant-based strain energy formulations (Neo-Hookean, 

Mooney-Rivlin, etc) [67]. Other researchers seeking to accommodate the anisotropy of the 

annulus have utilized discretely fiber-reinforced structural finite element models with either 

linearly elastic (E=2.6-12.3 MPa, v=0.35-0.45) or hyperelastic/poroelastic matrix formulations 

and linear or nonlinear spring or truss elements for the fiber families, which are arranged as 4-6 

pairs of concentric rings. [26, 43, 67, 84,125,143] 

Representation of the anisotropic behavior of the annulus requires either an anisotropic elastic 

or strain energy formulation or discrete structural fiber reinforcement [72]. Nearly all FEM's 

using discretely fiber reinforced annuli model the fiber elements as being directly connected to 

individual nodes of the solid matrix elements [125]. While this method has its advantages, it 

does not permit the experimentally observed variation in interlamellar angle with radial position 

to be controlled. Additionally, angular variation in the thickness of the annulus must either be 
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neglected or result in unaccounted variation in fiber angle [125]. Using a single set of material 

properties for spring-based fiber elements induces additional inaccuracy due to variation in disc 

thickness. Additionally, few researchers have modeled the initial swelling pressure in the disc, 

which is relevant in that it places the annular fibers under some tension in the neutral position; 

models including this factor generally do so using pore pressure methodology [84]. 

The facet joint has been modeled using simple gap elements, and using linearly elastic (E=3.4-30 

MPa and v=0.45-0.49) and hyperelastic/poroelastic cartilage with contact formulations [20, 134, 

143]. Nearly all models utilize idealized representations of facet geometry as flat or cylindrical 

[119]. Cartilage has generally been modeled as a single-element thick extrusion, and some 

researchers have neglected facet cartilage altogether, using gap elements with thickness [119]. 

It is clear that the cartilage thickness distribution, shape, and degree of conformance of the 

lateral facets are relevant parameters for the prediction of contact pressures, cartilage stresses, 

and coupled motions. 

The ligaments of the cervical spine have been modeled as linearly elastic (E= 0.2-185 MPa and 

v=0.3-0.36) and hyperelastic solids and 2-D shells, and as discrete linear and nonlinear springs 

[67, 105, 142, 143]. Some researchers have included a toe region, while few have included 

ligament pretension [11]. Discrete representation of the ligaments carries the advantage that 

unrealistic shear stresses are not induced under physiologic shear strains. 

Convergence and Validation 

Few published finite element models present convergence data, and many, by inspection, are 

superficially very coarse [48, 67, 119]. Experimental validation is a key, and often neglected, 

step in mathematical modeling [11, 143]. While it is most common to utilize load-deflection and 
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coupled rotation results as validation metrics, it is important to validate the ability of any model 

to predict the specific parameters of interest [84, 105, 143]. For example, it is not possible to 

validate contact pressure distribution predictions in the facet joint based on ROM data, which is 

relatively insensitive to the degree of congruity of the articulating surfaces [119]. Additionally, 

parametric studies have shown that overall ROM and disc stress data are insensitive to variation 

in the bony elements, indicating that ROM data cannot be used to validate predictions of 

relevant endplate stresses [67]. It is useful to provide validation under a variety of load cases 

and conditions in order to verify that one has not merely observed coincidental agreement 

between the experimentally observed and model-predicted data. It should be noted that while 

finite element models are frequently used to elucidate data that are not experimentally 

measurable for validation or otherwise, some appropriately justified validative metric must still 

be applied [26]. For this reason, internal interpolative and extrapolative validation methods are 

commonly used in attempts to quantify the external extrapolative power of a model [129]. 

Metrics used for validation of pertinent data must constitute conditions for accuracy that are 

not only necessary but sufficient. 

Specific Aims 

Three specific aims were developed for this research effort. 

1. Develop an experimentally validated and converged finite element model of the lower 

cervical spine (Chapters 2-4) 

2. Examine the effects of facet cartilage thickness representation on contact parameters and 

kinematics (Chapter 5) 

3. Examine the effects of disc replacement on load transfer at the treated and adjacent levels 

(Chapter 6) 
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2 Model Generation 

Geometry 

Bony Geometry 

The bony geometry of the finite element model was prepared from cadaveric qCT imagery data 

[43]. One fresh-frozen cadaveric cervical spine (Female, 64, 164 lbs, 5'7") was scanned at 0.5 

mm transverse resolution in 1.0 mm increments [43]. Amira visualization software (Mercury 

Computer Systems, Chelmsford, MA) was used to generate surface representations of the bony 

geometry based on Hounsfield attenuation values, which ranged from -1217 to 2124 for the 

dataset. Intensity querying was performed in order to determine an appropriate HU value (350) 

for thresholding of the bony exterior [37]. Imagery information external to the bone was 

masked, and the mean (698) and RMS (817) HU values of the bone were determined (Figure 9). 

Figure 9 - Image segmentation process for a representative slice. A) Bone is selected B) and masked, C) shell offset, 
D) threshold volume, and E) final cortical volume. 
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The difference between the mean and RMS values is indicative of the presence of void space in 

the trabecular region, which is reflected as voxels with negative HU values. Image intensity 

values were probed along a line penetrating the cortical shell, and gradient-based thresholding 

was used to determine the threshold HU value for optimal recognition of the cortical shell. Due 

to variation in the HU density of the cortical shell as well as localized perforations, pure 

thresholding could not be used for cortical shell segmentation. A volumetric growing technique 

was used to select a constant thickness volume along the perimeter of the bone of 1-5 voxels 

thickness. Comparison with the cortical threshold value revealed that a 3-voxel shell provided 

an optimal representation of the cortical shell in the thinnest region, the anterior body, which 

also exhibited the lowest density cortical bone [96, 143]. Cortical bone that was not selected in 

this manner was added to the segmentation set by thresholding voxels over 1000 HU and 

utilizing island-removal techniques. Threshold values of 500-1500 were examined in this 

manner. Voxel segmentation was verified by comparison with the raw imagery. 

Voxel segmentation sets were used to generate triangular surface (.stl) data, which were 

compared to the raw imagery for verification. Vertebral orientations were calculated by fitting 

lines to the anterior, posterior, dorsal and ventral aspects of the anterior bodies, and 

intervertebral relative rotations and overall lordosis were compared to published data (Figure 

10)[9, 45, 92, 96]. Ten centrally-located section planes were sampled for each vertebra. 

Custom-written software was used to rotate the surfaces such that the anatomic planes of the 

spine were optimally oriented with the imagery coordinate system. 
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Figure 10 - Intersegmental relative rotation angles from the model compared with data published by Harrison et al 
[45]. 

Initially, a mesh was prepared using a smoothed marching-cubes technique, but this resulted in 

either jagged surfaces or ill-shaped elements [131]. Four hexahedral meshes were generated 

using TrueGrid software (XYZ Scientific, Livermore, CA) at parametrically-controlled varying 

resolutions using the .stl surface data. The mesh topology was designed to allow for optimal 

representation of the mesh-sensitive soft tissues. The thickness of the cortical shell elements in 

the anterior body was examined to ensure that the mesh was sufficiently fine to represent this 

geometry [96]. By virtue of the modeling technique used for the trabecular bone, it was 

necessary that the cortical shell thickness was less than or equal to the physiologic value, which 

was an applied constraint. 

Articular Cartilage 

Articular cartilage was modeled as a single-element thick layer of cartilage extruded from the 

qCT-based osteochondral surface for the purpose of model convergence. All subsequent 

models utilize a three-element thick extruded cartilage model, with the superficial, middle, and 

deep layers accounting for 15%, 50%, and 35% of the total thickness, respectively. Accurate 

representation of the shape of the osteochondral interfacial surface and the superficial articular 
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surface is particularly important for accurate prediction of contact pressures; however, Onan et 

al showed that qCT-based osteochondral surface definitions and mechanically digitized 

osteochondral and articular surface definitions were in good agreement, validating the use of 

qCT-based osteochondral surfaces [86]. Custom-written software was used to control the 

spatially-varying thickness distribution of the articular cartilage. Published data on the 

maximum and mean thickness of the articular cartilage at each facet were used in addition to a 

nonlinear spatial distribution algorithm to define the cartilage thickness for the base model 

[136, 141]. A local cylindrical coordinate system was generated central to each facet, and the 

nodes on the facet perimeter were used to assign relative radius values (0 at the center, 1 at the 

perimeter) to each node. The cartilage thickness at each node was assigned as a nonlinear 

function of the transformed radius [136]. Offset orientation of each superficial node relative to 

the osteochondral node was controlled as a linear combination of a locally perpendicular unit 

vector and the facet-specific cylindrical z-axis, with modest radially-varying central biasing. (See 

Appendix) 

Intervertebral Disc 

During voxel segmentation, disc space voxels were selected spanning adjacent vertebrae. The 

nuclear volume of each disc was identified by modeling a barrel-shaped volumetric mask. The 

masked volume was oriented parallel to the lengthwise axis of each specific disc, and the 

nucleus was prescribed as 15-20% of the cross-sectional area (Figure 11) [76,101]. 
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Figure 11 - Geometry used for intervertebral disc and nuclear volume definitions. 

Annular fibers were created at two different resolutions using custom-written software. 

Multiple circumferential curves were created and evenly distributed throughout the annulus, 

and the curves were used as constraints for the nodal positions of the annular fibers (Figure 12). 

Figure 12- Base curves for the definition of the C5/C6 annular fibers at low resolution; 6 pairs of lamellar families 
with 4 sets of fibers each. 

Multiple (6-9) pairs of fiber families were constructed such that the mean interlamellar fiber 

angle for each pair of fiber families was controlled, varying from 60 deg at the periphery to 90 

deg at the nuclear margin [55, 57]. Six pairs of fiber families were used for the extra-low- and 

low-resolution models during the convergence study, and nine pairs of fiber families were used 

for the higher-resolution convergence models and all subsequent models (Figure 13). 
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Figure 13- Two pairs of fiber families shown for the C5/C6 annulus at higher resolution. Fiber angles are 
maintained as disc height varies. Variation of fiber angle with radius is apparent. 

Interlamellar fiber angle was controlled by optimization of the fiber node positions along the 

constraint curves. Using this technique, it was possible to maintain control of the fiber angles 

throughout the disc. The fibers were represented as nonlinear spring elements, and the 

mechanical properties of each spring element were controlled by binning the fibers into 64 sets 

by length and effective cross-sectional area, which is the area of the disc for which 

reinforcement is represented by each fiber. In this manner the spatially varying fiber size and 

density were accommodated. 

Ligaments 

Ligaments were modeled as parametric nonlinear spring elements. Multiple springs (6-11) were 

used to represent each ligament, excluding the capsular ligaments. The mechanical response of 

each spring was scaled according to the number of elements used to represent each ligament. A 

custom-written program was used In order to ensure inter-model correlation of ligament 

positions. After all ligaments had been defined for the first mesh, nodal positions in the 

subsequent meshes were queried and each ligament attachment node in the original mesh was 

substituted with the nearest node in the target mesh. 
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Mesh Quality Optimization 

Finite element solution quality and convergence rates are highly sensitive to mesh quality, 

especially when large deformations and nonlinear material and geometric responses are 

involved. Several measures of mesh quality have been proposed by various researchers, but no 

universally optimal measure is generally accepted. Simple Laplace optimization can move 

interior nodes to the mean or mode positions of the neighboring nodes, but this can result in 

skewness and element inversion for some mesh topologies. Minimally, a hexahedral element 

must have a positive Jacobian, which is essentially a volumetrically-invariant measure of the 

element shape that will become negative if the element is inverted [149]. Additionally, it is 

frequently beneficial to maintain element aspect ratios close to unity. A custom-written 

program was created to optimize mesh quality while maintaining external and interfacial 

geometry. A node-based scalar measure of mesh quality was developed that consists of a linear 

combination of the scaled Jacobians and aspect ratios of all elements associated with the node, 

unity being optimal. The gradient of mesh quality with nodal position is calculated for each 

node, and a sloppy line search (Nmax=5) is employed with search radius equal to a fraction of the 

distance to the nearest neighboring node. Each interior non-interfacial node is moved to the 

optimal position observed in the line search. This operation is performed simultaneously and 

independently to all nodes, and is performed iteratively until mean and minimum mesh quality 

targets have been achieved or mesh quality has been optimized for the given topology (Figure 

14). 
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Minimum Jacobian 

Average Jacobian 

Maximum Aspect Ratio 

Average Aspect Ratio 

Before optimization 

0.41 

0.93 

4.50 

2.07 

After optimization 

0.65 

0.97 

3.38 

1.84 

Figure 14 - Sample mesh before (left) and after (right) optimization. Element shapes improve and geometry is 
maintained. 

Transverse Foramina 

During the course of model generation, three accessory foramina were observed: one at C5 and 

two at C6. Jaffar et al examined the occurrence rate of accessory foramina in the cervical spine, 

and found that accessory foramina were most common at the C5 and C6 levels, with incidence 

rates of 50% and 70%, respectively [59]. Additionally, the cross-sectional areas of the primary 

transverse foramina as modeled compared favorably to those measured by Jaffar et al, 

measuring form 25 to 34 mm2 (Figure 15) [59]. 
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Figure 15 - Published and modeled foramina areas (left), and accessory foramina (right) [59]. 

Endplate Thickness 

Resection of the cartilaginous endplates has been shown to reduce the compressive strength of 

vertebrae, as well as increasing the tendency toward subsidence of fusion cages [100]. For this 

reason, it is anticipated that accurate representation of endplate thickness is important for finite 

element models involving arthroplasty and/or arthrodesis. To this end, the thickness of the 

cartilaginous endplates of the anterior column was adjusted in accordance with the 

observations of Schmitz and Pitzen (Figure 16)fl00,117]. 
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Figure 16- Endplate thickness variation through a coronal slice, adapted from Pitzen [100]. 

They observed regional variation in endplate thickness after accounting for local perforations, 

with generally thicker endplate along the perimeter [117]. The endplate thickness of the model 

was specified numerically at the perimeter and adjacent to the nucleus, and varied between the 

27 



regions (Figure 16). Additionally, differences between vertebral levels and between the inferior 

and superior endplates were accounted for [96,100]. 

Material Properties 

Cortical and Trabecular Bone 

A linear relationship between CT density and axial modulus in the lumbar anterior body was 

observed by Rho et al (Equation 1) [107]. 

E3(MPa) = 6.68 * CT# - 94 

Equation 1 - Trabecular modulus vs. CT density, from Rho [108] 

Because the primary load orientation in the anterior body is axial and any anisotropic trabecular 

orientation in the posterior elements, if it exists, is unknown, both the cortical and trabecular 

bone were modeled as linearly elastic and isotropic for the purpose of model convergence. 

Subsequent models utilized a transversely-isotropic linearly elastic representation of trabecular 

bone with a Poisson ratio (v) of 0.3, as follows (Equation 2)[108]. 

E1 = E2 = 0.345 * E3 

^13 — ^23 = ^3 "=" 2-6 

G12 = £1 -=- 2.6 

Equation 2 - Orthotropic trabecular moduli. 

Cortical bone was parameterized with an elastic modulus of 11,000 MPa and a Poisson ratio (v) 

of 0.3. Relevant spatial variation in trabecular bone density and modulus was accommodated 

by binning the trabecular bone elements into nine different groups with different moduli 

(Equation 1) and the Poisson ratio was held constant at 0.3. This operation was performed by 

registering the finite element model to the original CT dataset using a custom-written program 
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(Visual Basic 6.0, Microsoft Corporation, Redmond, WA). For each trabecular element, 125 

points interpolated throughout the volume of the element (5x5x5) were located, and the CT 

density for the correspondent voxel containing each point was queried. Volumetrically-

weighted averaging was performed and a single density value was assigned to each element. 

Histographic analysis of the density distribution was performed and the elements were binned 

into ten sets containing approximately equal numbers of elements (Figure 17). 

Total Voxels Used: 539862 (4.61%) 
Mean Voxel Use: 1.59% 
Mean Voxel Use for used voxels: 34.41% 
Range of Hounsfield Values: -1002 to 1549 
Mean Hounsfield Value: 474.24 
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Figure 17 - Histographic analysis of CT-based density (Hounsfield #) for a representative model. 

The minimum, maximum, and mean Hounsfield values for the elements in each set were 

recorded, and the mean Hounsfield value was used to assign the modulus for each set. 

Internal validative checks on this method were performed by additionally analyzing the cortical 

and disc annulus elements, comparing results for the different mesh resolutions, and by 

graphically identifying the voxels used in Hounsfield analysis (Figure 18). Mean trabecular HU 

values for the different meshes were comparable, and the mean HU values for all materials 

were within the anticipated ranges. 
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Figure 18 - Reverse-color image showing overlay of referenced trabecular voxels on qCT imagery 

Even though a single-element cortical thickness was used throughout the model, the 

parameterized modulus of the densest trabecular bone approached that of the cortical bone 

(Figure 19)[108]. 

Figure 19 - Lateral qCT cross-section (left), and model cross-section with elements colored by modulus (right), 
showing correlation between raw imagery and mechanical property distribution. 

The endplates were parameterized with modulus 1000 MPa and Poisson ratio of 0.3 [10,143]. 
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Articular Cartilage 

Articular cartilage was modeled as a second-order reduced polynomial hyperelastic material 

with initial Poisson ratio v=0.4 and a bulk initial modulus of 1.8 MPa. The hyperelastic 

coefficients were fitted to nonlinear confined compression data [64]. This approach was used to 

simulate the short-term response of the cartilage [3]. A lower Poisson ratio could be used to 

simulate long-term behavior using this single-phase approach. Due to the short time scales 

involved in loading of the articular facets, a single-phase representation was deemed 

appropriate. The middle zone cartilage layer was assigned the material properties of full-

thickness cartilage, whereas the superficial and deep zones were defined as having half and 

twice the bulk stiffness, respectively, with initial moduli of 0.9 and 3.5 MPa [114]. 

Intervertebral Disc 

The nucleus pulposus was parameterized as a nearly incompressible linearly elastic material 

with modulus 1.5 MPa and Poisson ratio of 0.499 [29, 84]. A structural elastic approach was 

used to model the annulus fibrosus, with nonlinear spring elements embedded in an isotropic 

hyperelastic matrix [26, 29, 125]. It is assumed that any material anisotropy is due to the 

presence and orientation of the fibers [66]. The annulus ground substance was modeled as a 

second-order reduced polynomial hyperelastic material with Poisson ratio of 0.45 (Dl=2.495, 

C10=4.146E-2, C20=7.267E-2) [41, 130]. Fibers were modeled as nonlinear spring elements. 

The prestress in the disc was modeled by applying an isotropic thermal strain of 10% to the 

nucleus, and 5% in the annulus. This approach induced tension in the fibers and compressive 

pressure in the nucleus and matrix [63]. The nonlinear definition of the spring elements was 

optimized for representation of the circumferential response of the annular laminae [130]. 
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Ligaments 

The nonlinear behavior of the ligaments was based on bone-ligament-bone force-extension data 

published by Yoganandan et al [142]. This approach was considered to be the most reliable, as 

few assumptions need to be made regarding ligament geometry (Figure 20). 

Figure 20 - High resolution model, with ligaments highlighted on the right 

The toe region and pretension were defined para metrically, with 1-10 N of preload per ligament, 

and bilinear toe regions of 0.5 to 1.5 mm [82, 142]. The exact pretension values are unknown. 

Pretension was estimated by performing an analysis step in which ligament pretensions and 

thermal strains in the disc were allowed to equilibrate as facet contact was established. 

Ligament pretensions were iteratively adjusted so that the resting (equilibrium) position was 

approximately the same as the initial position, indicating an appropriate balance. 
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3 Model Convergence 

Four models were developed in order to verify model convergence. The model topology, which 

was consistent between models, was optimized for control of soft tissue mesh quality. The 

models ranged from 59,000 to 144,000 elements corresponding to 69,000 to 159,000 nodes 

(Table 1). 

500,000 

400,000 

300,000 

200,000 

100,000 
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1 , - ~ n r a , 

• Xlow 

• Low 

DMed 

• High 

Elements Nodes Degrees of Soft Tissue 
Freedom Elements 

Table 1 - Convergence model parameters. Model topology was designed for maximum variation in soft tissue mesh 
resolution. Soft tissue elements increased 375% from the lowest to highest mesh resolutions. 

Model convergence was examined for all load cases throughout the load range. The average 

principal stresses and strains in the C6/C7 annulus, principal strains on the posterior laminae in 

the region of strain rosette placement, mean nuclear pressures, disc bulge, facet contact 

pressures and forces, strain energy and total range of motion were examined. Summary data 

are averaged over all load cases and over the full load ranges, excluding disc bulge and range of 

motion data, which are total range values (Table 2) 

In Figures 21-27, values for all four models are presented with varying line thickness with 

dotted, dashed, long-dashed, and solid lines for the lowest through highest resolution meshes, 

respectively. 
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Figure 21 - Convergence - Range of Motion for the C3-C7 segment 
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Figure 23 - Convergence - Anterior bulge of the C6/C7 Annulus during forward flexion. 
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Figure 24 - Convergence - Strain Energy per unit volume at ± 2 N-m, expressed as the percentage difference from 
the values for the high resolution model. 
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Figure 25 - Convergence - Total facet joint contact forces for the C4/C5 and C5/C6 articulations 
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Figure 26 - Convergence - Principal strains on the right posterior laminae of C4-C6 in the regions of gage placement 
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Convergence thresholds of 5% and 10% were investigated, and convergence within 6.9% (of 

highest-resolution mesh values) was obtained for all parameters for the medium resolution 

mesh (Table 2) 

Facet contact forces were observed to be less sensitive to mesh resolution than contact areas 

and contact pressures. Contact area is strongly dependant on the congruence of the contact 

pairs, which is a function of the mesh resolution. Contact forces, however, are less sensitive to 

the articular geometry (Figure 28). 
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Figure 28 - Facet contact forces and areas under lateral bending, averaged over all contact pairs. Contact area 
exhibits higher sensitivity than contact force to mesh resolution. 
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Inter-model variation in mean nuclear pressure remained within 10% of the range of pressure 

throughout the nuclear volume for all models over all load cases (Figure 27). Anterior bulge of 

the C6/C7 disc was calculated as the difference between the maximum anterior displacement of 

the nodes on the central anterior surface of the annulus and half the maximum anterior 

displacement of the nodes on the central anterior surface of the inferior endplate of C6 during 

flexion, C7 remaining essentially stationary. Inter-model variation in C6/C7 disc bulge remained 

within 10% of the full scale value for all models over the flexion range of motion (Figure 23). 

Inter-model variability in the principal strains on the right posterior laminae was within 2% on 

average and 15% in the worst case of the range of maximum and minimum principal strains, 

respectively, in the sampled regions (Figure 26). This indicates that the strain gradient in the 

sampled region is nontrivial, an observation that was borne out during experimental validation. 

Inter-model variation in average annular principal stresses and strains remained within 4% of 

the respective ranges in the worst case, and within 7% of the full-scale value on average (Figure 

22). Spatial variation in the annular principal stresses and strains was substantial, with the 

range of each quantity being of the same order as the peak value. 

Total ranges of motion for the low and middle resolution models were within 5% of the highest 

resolution model in the worst case, while the lowest resolution mesh was overly stiff, with peak 

ROM differences of approximately 15% in lateral bending and torsion (Figure 21). 

Whole-model strain energy per unit volume was examined over the complete range of motion, 

and it was observed that most of the difference in this measure between the models was 

introduced during the initialization step. Relative differences in specific strain energy under load 

are presented in Figure 24. 
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Based on the convergence data obtained, the third (middle) resolution mesh was considered 

sufficiently converged for the parameters investigated. All cartilage-thickness variational 

models and implant models were based on this mesh. The mesh resolution of all implants as 

modeled exceeded the mesh resolution of the C4/C5 intervertebral disc of the highest-

resolution mesh. 
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4 Model Validation 

The finite element models were validated both internally and externally as described below 

[129]. Geometric checks were performed by overlaying various parts of model data, by visual 

comparison, as well as by numerical comparison with published geometric parameters. 

Experimental cadaveric data were collected as well. 

Validation of Annulus Properties 

The material model used for the annulus fibrosus was created using a process of calibration and 

internal validation. A hyperelastic annulus ground substance and discrete fiber reinforcement 

using nonlinear spring elements were used. The annulus was modeled after the experimental 

multidirectional tension and confined/unconfined compression data presented by Wagner et al 

[130]. The hyperelastic coefficients of the annulus ground substance were fitted to the radial 

tension data, under the assumption that fiber reinforcement plays little role under radial tensile 

strain. The Poisson ratio was determined based on the radial confined compression data. A 

finite element model was then developed with 27 linear brick elements embedded with 600 

nonlinear spring elements, having 1410 total degrees of freedom (Figure 29). 

Figure 29 - Schematic of model used for validation of the material properties of the annulus. Cutaway with some 
fibers hidden. 

44 



The fibers were arranged in 6 pairs of lamellar families with an interlamellar angle of 60 deg. 

The boundary conditions of the model in each load case were modeled after the experimental 

protocols presented by Wagner et al [130]. A 10% circumferential tensile strain was applied, 

and the displacement and reaction force profiles during loading were recorded and converted to 

overall (bulk level) stress/strain values. The tabular data defining the nonlinear response of the 

spring elements were iteratively modified to fit the circumferential tensile response. Internal 

validation was performed by examining the model under circumferential compression and axial 

tension and compression, which were not used to define the material properties. The model 

response under all load cases was within 0.4 standard deviations of the experimental means 

(Figure 30). 
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Figure 30 - Comparison of annulus fibrosus models with experimental results [130]. 

Fiber representation using linearly elastic and hyperelastic (Neo-Hookean, Mooney-Rivlin 

formulations) models was examined, but acceptable performance was not achieved by these 

methods. 
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Cadaver Experiments 

Six fresh-frozen human cadaveric cervical spines were obtained, and the C3-C7 segments were 

isolated. Muscle and extraneous tissues were removed, with care taken to preserve the 

ligamentous structures. The anterior aspect of C3 and the posterior aspect of C7 were potted 

for mechanical testing. Strain rosettes were attached on the right posterior laminae of C4-C6, as 

this region was accessible and otherwise unencumbered (Vishay Intertechnology Inc., Malvern, 

PA). A small pressure transducer was implanted in the C4/C5 nucleus after penetration with a K-

wire (Model 060S, Precision Measurement Company, Ann Arbor, Ml). Triad markers for motion 

capture were attached using modified K-wires at all levels, and motion data were collected at 10 

Hz (Motion Analysis Corporation, Santa Rosa, CA). A 40 N follower load was selectively applied 

using a weight and pulley system with positional control at C3, C5, and C7. Pure moments up to 

2 N-m were applied quasi-statically in all six principal directions using a custom-built spine 

testing apparatus (Figure 31). Tekscan pressure sensors were used to measure contact 

pressures and forces in the C4/C5 and C5/C6 articulations (Model 6900 Tekscan Inc, South 

Boston, MA). A six degree-of-freedom load cell mounted caudally recorded reaction forces and 

moments at 50 Hz. Hydration was maintained using physiologic saline at fifteen minute 

intervals during cadaveric testing. 
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Figure 31 - Anterior view of experimental setup for lateral bending showing marker triad placement, 
counterweights attachment on superior pot, follower load system, and nuclear pressure transducer placement. 

Tekscan sensors and pressure transducers were calibrated and equilibrated at 100 psi each day 

of testing using a custom-built pressure chamber. Strain gages were calibrated using a standard 

aluminum dog-bone specimen. 

Specimens were cycled to ± 2 N-m 10 times before data collection, and data were collected on 

the subsequent 5 cycles. Tests were performed first without a follower load in each of the three 
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load axes, and were then repeated with the added follower load. Data were collected during 

the application of then follower load as well, in order to determine the effect of the compressive 

load. After all 3 pairs of tests {flexion/extension, lateral bending, and axial torsion), the facet 

capsular ligaments at C4/C5 and C5/C6 were resected at the posterior and lateral aspects and 

the Tekscan sensors were inserted. All tests were then repeated with Tekscan sensors in place. 

In this manner the effect of facet capsule resection on overall kinematics could be investigated 

(Figure 32). 
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Validation Results 

Validation of finite element models of the cervical spine is generally performed solely on the 

basis of total range of motion in the directions of the principal loads [10, 11, 38, 43, 89, 121]. 

Coupled ROM in secondary orientations and ROM at individual motion segments are 

occasionally investigated as well, and some researchers have performed more extensive 

validation [112]. Urbina has noted that validation can be defined as the process "of determining 

the degree to which a computer model is an accurate representation of the real world from the 

perspective of the intended model applications" [129]. With this in mind, it should be noted 

that a model cannot be said to be globally 'validated' in a broad sense; at best, the predictive 

accuracy of the model with respect to particular measures can be bounded with respect to an 

accepted value, e.g. "Total range of motion in the direction of loading is within 5% of 

experimental means for all load cases." Extrapolation of model validity to other measures must 

be explicitly justified. For example, if total range of motion in the principal direction is used to 

validate predictions of secondary coupled motions, further justification must be provided. 

Table 3 presents total range of motion results for the model. Values from published 

experimental results are presented as percentages of the model values for comparison. 

Substantial inter-observer variation is notably large relative to the intra-observer variability, 

indicating that differences in experimental protocol result in significantly differing results. In 

fact, variation in range of motion during stiffness testing has been explicitly demonstrated [90]. 

Model predictions are within the range of published values for all ROM orientations (Table 3). 
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25 deg 
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T 22 deg 
1"1 @ 1 N-m 

Flexion/Extension Lateral Bending Torsion 

m Model 

• Richter* 

H Puttlitz* 

B Hart wig 

-i Q Panjabi 

Table 3 -Comparison of model predictions of total range of motion to published experimental values. Standard 
deviations are shown where available. Values are presented as percentages of the model predicted values. 
Substantial inter-observer variability is evident. *Values from Richter and Puttlitz are extrapolated from single 
functional spinal unit results [47,97,106,109]. 

Table 4 presents results for predictions of secondary coupled rotations. 

Range of Motion: Secondary Coupled Rotations 

150% 

100% 

50% 

Lateral Bending: Lateral Bending: Torsion: 
Flexion Torsion Flexion 

Torsion: 
Lateral Bending 

B Model @ 1.5 N-m 

D Moroney 

D Ishii 

B Panjabi 

a Puttlitz 

Table 4 - Comparison of coupled rotation predictions from the model to published experimental results. 
Rotation values are expressed as a percentage of the rotation in the primary load axis. Left to right: couple flexion 
and torsion under lateral bending moments, coupled flexion and lateral bending under torsion moments. * The use 
of a pure lateral bending moment did not change the coupled torsion but reduced the coupled extension 65% (left, 
shaded box) [58, 77,94,97,106]. 

Inter-observer variability in coupled rotations is more severe than inter-observer variation in 

primary ROM values. This result is understood as a result of the widely varying experimental 

protocols used, which significantly affect the coupled rotations observed. Model predictions are 

within the published ranges for all coupled motions. The bending moments and follower load in 
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the model were applied as 'follower'-type loads, so that the orientation of the load moves as the 

body displaces and deforms. While this had little effect under flexion and extension, the use of 

a follower technique in conjunction with the significant couple rotations observed in lateral 

bending resulted in an increased coupled flexion. By altering the definition of the applied lateral 

bending load such that it remained parallel to the original axis, the coupled extension under 

lateral bending was reduced from 51% to 17% , while the coupled torsion remained unchanged. 

This is a further indication of the sensitivity of coupled rotation predictions to experimental 

protocol. 

Total facet contact forces measured by Tekscan were investigated as parameters of primary 

interest in this research programme (Figure 33, next page). It was noted that experimental 

measurements were less than model predictions under extension and lateral bending. 

However, further investigation revealed that under these conditions, the contact area extended 

beyond the region of pressure measurement on the Tekscan sensors. Under lateral bending, the 

percentage of cells around the Tekscan sensor perimeter being loaded ranged as high as 28% 

(Figure 34). For a bilaterally symmetric pressure distribution centered on the sensor perimeter, 

25% perimeter recruitment could indicate that fully half of the contact force would not be 

indicated by the sensor. This unavoidable circumstance is due to the geometry of the cervical 

facet joint and the articular pillars, which prevent the sensile area of the sensor from being 

inserted fully into the contact region. 

In an attempt to account for contact force underrepresentation, a measure of projected facet 

contact force was developed. Axial symmetry of the contact pressure distribution about the 

measured center of pressure was assumed. The contact pressure distribution in the region 

external to the sensor area was estimated using the average contact pressure for equivalent 
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Figure 33 - Experimental facet contact forces from Tekscan for C4/C5 and C5/C6 articulations compared with FEM 
predictions. Means ± 1 standard deviation. For lateral bending and axial torsion. Signed Total Moment is the total 
bending moment in the direction of peak force, such that left- and right-side facets may be taken together. 
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positions within the sensor area. The contact pressure distribution in the region external to the 

sensor area was estimated using the average contact pressure for equivalent positions within 

the sensor area. 

Tekscan Perimeter Cell Recruitment 

20% -i 

- 2 - 1 0 1 2 c==Torsion 

Bending Moment (N-m) 

Figure 34 - Tekscan perimeter cell recruitment, expressed as the percentage of cells on the perimeter of the sensor 
that are being loaded. Higher values indicate greater underrepresentation of contact force. For lateral bending 
and axial torsion, signed moment values are presented so that left and right facets may be taken together. 

This method underestimates forces somewhat because symmetry was assumed about the 

measured center of pressure, which is shifted centrally relative to the actual center of pressure. 

However, better agreement is observed between model and experimental results using this 

method (Figure 35). While this method should not be considered predictive, it is a useful tool 

for estimating the fraction of true contact force in an interaction that is not represented by the 

Tekscan due to geometric constraint in the confined space of the cervical facet joint. 

Figure 35 - Projected facet contact forces in lateral bending are in good agreement with model predictions. Signed 
moments are presented so that left and right facets may be taken together. Mean ± 1 standard deviation. 
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Figure 36 - Maximum principal strain on the right posterior laminae of C4-C6 from the model (—) are in agreement 
with experimental results {—, mean ± a). Range data from the model for the region of interest (shaded) indicate 
high strain gradients in the sample region. 
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Range of motion, coupled motion, and facet contact force predictions based on the finite 

element model are in good agreement with experimental and published results. 

The maximum principal strain measurements obtained experimentally agree with the model 

predictions (Figure 36, previous page). However, the range of strains in the sample region from 

the model indicates the presence of a high strain gradient over the sample region. The range is 

slightly higher under lateral bending and torsional loads, which may be an indication of beam 

bending loading of the posterior lamina, which would be expected to produce such a strain 

gradient in the sample region. 

The increase in nuclear pressure under axial compression and lateral bending predicted by the 

model was borne out experimentally (Figures 37 and 38). However, the range of nuclear 

pressures observed experimentally was high, and substantial variation in nuclear hydration and 

stiffness was observable. 

Figure 37 - The increase in mean nuclear pressure at the C4/C5 level under axial compression of 40 N predicted by 
the model (—) is in good agreement with experimental observations (—, ± 1 standard deviation). 
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Consistent pressure measurements were difficult to obtain for the more degenerate nuclei, 

where pressure in the nucleus was more spatially variable and good contact between the 

transducer and the nucleus pulposus was in question. If the nucleus pulposus behaved as a 

hydrostatic fluid, any asymmetry in the nuclear pressure under lateral bending and axial torsion 

would be due to geometric asymmetry. Model predictions indicate that that this effect should 

be small (Figure 38). However, significant asymmetry and variability were in fact observed 

experimentally, and pressure measurements were strongly affected by transducer placement. 

Additionally, nuclear exudation following transducer extraction was only observed in one 

specimen. These observations indicate that the nucleus pulposus, for the specimens tested, did 

not generally behave as a simple hydrostatic fluid. Additionally, the sensitivity of pressure 

measurements to pressure transducer placement was most pronounced on specimens 

exhibiting degenerative features such as osteophytes. This observation also indicates that the 

spatial variability was likely due to normal age-related changes in the constitution of the nucleus 

pulposus. 
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Figure 38 - Model predictions (•—) of increase in nuclear pressure under flexion/extension, lateral bending and axial 
torsion compare favorably with experimental results (—, ± 1 standard deviation). Lateral bending and axial torsion 
data are symmetrized for clarity. 
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Anterior bulge of the intervertebral discs was measured photographically at 2 N-m under flexion 

and extension for visible levels at a consistent scale and orientation using a tripod. The anterior 

profiles were traced, and the traces were registered by rotation and translation. Experimental 

disc bulge was then recorded by measuring the maximum relative anterior displacement under 

flexion relative to extension. Scale was provided by the 3 mm cord used for application of the 

follower load (Figure 39). 

Figure 39 - Disc bulge measurement. Anterior profiles were traced under flexion and extension at 2 N-m. Traces 
were rotated and correlated, and bulge was measured. Scale is provided by the 3 mm cord. 

The disc bulge predictions of the model were calculated by subtracting half the displacement of 

the anterior caudal limit of the C6 anterior body from the displacement of the central anterior 

aspect of the C6/C7 annulus (Figure 40). The relative bulge was defined as the total range or 

disc bulge under flexion/extension. The total bulge at C6/C7 predicted by the model, 1.4 mm, 

compares favorably to the experimentally observed distribution of 1.3 ± 0.6 mm. 
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Figure 40 - Model disc bulge measurement for the C6/C7 annulus. 

Appropriate validative metrics have been provided where possible for the finite element model 

predictions of cortical strain, range of motion, facet contact forces, intradiscal pressure, disc 

bulge, and annular mechanics. Model predictions of the effect of facet cartilage thickness and 

disc replacement follow. 
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5 Effects of Cartilage Thickness Models on Contact Parameter 

Predictions 

It has been proposed that changes in segmental mobility and antero-posterior load sharing in 

the cervical spine may lead to subsequent degeneration [62]. Many finite element modeling 

efforts have investigated these parameters, particularly as they are affected by disc 

degeneration, ACDF, and disc replacement procedures. However, while high fidelity to facet 

cartilage parameters such as cartilage thickness distribution, articular and osteochondral surface 

geometry, and joint conformance has generally not been maintained in such efforts, the impact 

of oversimplification of these parameters has not been established. It is clear, for example, that 

peak contact pressures increase as joint congruence is diminished. It is desirable, therefore, to 

establish the sensitivity of finite element predictions of clinically relevant parameters such as 

contact pressure distribution, kinematics, and total contact forces and load sharing to variation 

in model representation of the articular cartilage. 

Methods 

Pursuant to this aim, the thickness of the articular cartilage layer of the lateral facets was 

measured experimentally. A novel mathematical model of the thickness distribution was 

developed and validated (See Appendix) [136]. To examine the effects of different cartilage 

thickness models on kinematics, contact forces and pressures, and antero-posterior load 

distribution, three additional sets of models were generated (Figure 41). Each of these modified 

cartilage distribution models was based on the intact (baseline) model, and varied only with 

respect to the different cartilage distributions modeled. 
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Figure 41 - Cartilage thickness models, unloaded. Cutaways at C6/C7 (intact, left side). Baseline, k=0.75, flat, and 
constant thickness (left to right). Three distinct cartilage layers (green) are apparent. 

A constant thickness model was developed, with thickness specified at the published mean 

cartilage thickness on the lower cervical spine of 0.48 mm [86, 141]. The same thickness was 

used for all facets, and differences between vertebral levels and between inferior and superior 

facets were neglected. This model was intended to reflect a commonly reported modeling 

approach. The first ring of nodes around the perimeter was given a thickness of 0.05 mm. The 

reduced thickness at the edge was introduced to resolve convergence difficulties associated 

with edge-to-edge contact that otherwise occurred. 

A second model was developed having a spatially-varying thickness distribution per Womack at 

al [86,136,141], using a more aggressive thickness fitting parameter k of 0.75. This represents 

an upper limit to the distribution of k values observed experimentally, and is two standard 

deviations above the mean. Peak cartilage thickness was specified at published values, and was 

identical to the baseline model, varying by level and inferior/superior position, but not left to 

right [141]. 

A flat cartilage model was developed with spatially-varying thickness and planar articular surface 

geometries [86]. Initial parallelism of articulating surface pairs was enforced, and an initial gap 

of 0.05 mm was prescribed for all facet joints. Cartilage thickness was governed by the 

prescribed gap. 
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The various cartilage distribution models were compared with respect to predictions of overall 

kinematics and range of motion and facet joint contact forces, areas, mean and peak pressures, 

and center of pressure tracks. 

For the constant-thickness model it was anticipated that facet contact would tend to be 

established around the perimeter, and that contact areas would be underestimated. It was 

anticipated that average and peak contact pressures would be overestimated, and that center of 

pressure tracks would be less linear than observed tracks. For the planar facet surface model, it 

was anticipated that peak and mean contact pressures would be underestimated under axial 

compression, and overestimated under flexion/extension and lateral bending. It was 

anticipated that contact area would be overestimated under axial compression and 

underestimated under bending loads. For the modified spatially-varying thickness model, it was 

anticipated that peak contact pressures would be reduced from the baseline model predictions, 

and that contact areas would increase. It was anticipated that centers of pressure would be 

shifted away from the facet perimeters, and that joint congruence, as measured by contact gap 

variation, would be reduced. The effects of cartilage representation on joint congruence at rest 

and under lateral bending are given in Figure 41 and Figure 42, respectively. 

Figure 42 - Joint congruence under load was strongly affected by cartilage representation. C6/C7 (left) cutaway 
under left lateral bending at 2 N-m. Baseline, k=0.75, flat, and constant thickness (left to right). Poor congruence of 
the constant thickness model results in a two-point contact pattern. 
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Results and Discussion 

Range of motion under lateral bending and axial torsion was unaffected by the representation 

of cartilage used. Range of motion under flexion was unaffected, but the ROM under extension 

for the flat cartilage thickness representation was reduced in the mid-range (-0.5 to -1.8 N-m), 

and was more linear overall (Figure 44). This is likely due to the reduced initial clearance of the 

flat model. Notably, all the models would have been accepted for validation regarding ROM. 

Cartilage representation had little impact on the predicted total contact forces (Figure 45). The 

flat cartilage model did exhibit higher contact forces under forward flexion, where contact was 

maintained by the reduced contact gap, and at the extrema of lateral bending and axial torsion. 

The augmented Lagrangian and hard contact formulations were both found to result in difficulty 

obtaining model convergence. This effect was largely due to the combined effects of mesh 

density, high curvature in the region of contact, the compliance of the cartilage in contact, and 

the presence of edge contact. A tabular semi-exponential contact formulation was used to 

overcome these limitations, with the effect that most nodes reported some finite contact 

pressure even while the contact opening distance was finite and positive. For this reason, 

contact area could not be directly queried. Contact areas for the models were calculated as 

contact force divided by mean contact pressure. Mean contact pressure was calculated by 

examining the mean pressure of the nodes for which contact pressure exceeded 0.01 MPa 

(Figure 46). This threshold was found to result in contact area predictions that corresponded to 

predictions obtained using "hard" contact formulations. Figure 47 presents the effects of 

cartilage thickness models on contact area predictions. Contact area from Tekscan used a 

threshold pressure of 0.0 MPa, which is responsible for some of the difference between the 

Tekscan and model values. 
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Because the contact forces are similar between the models, lower contact pressures and larger 

contact areas represent measures of greater correspondence between the contact surfaces. 

The flat cartilage model predicts substantially higher contact areas generally. It is particularly 

notable that the mean contact area for the flat model under flexion/extension is greatly 

exaggerated in the neutral position, but is significantly reduced at the extrema. This result 

corroborates the hypothesis that flat cartilage representations will alternatively over- and 

under-estimate the contact area as the pair moves from edge contact at the anterior, to nearly 

complete contact, to edge contact at the posterior(Figure 43). 

Constant Thickness 

Figure 43 - Contact pressure distribution at C6/C7 (left) under lateral bending at 2 N-m. Peak pressures and contact 
areas are exaggerated and underrepresented, alternately, for the flat and constant thickness models. 
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The constant thickness model resulted in reduced contact areas and increased mean contact 

pressures relative to the variable thickness models, as anticipated (Figures 46 and 47). The 

differences, however, were lower than expected. Further inquiry reveals that the contact area 

reductions predicted using a constant thickness model increase with mesh density. This effect is 

due to the surface-to-surface contact formulation employed by ABAQUS which has an intrinsic 

smoothing effect, causing highly curved faceted surfaces to be treated as smoother surfaces. 

The effect is related to the degree of curvature between adjacent facets, resulting in the mesh-

size dependency, and is not relevant for the flat cartilage representation. Paradoxically, the 

result of this effect is to improve the predictions of contact pressure and contact area as mesh 

density decreases, but only for models whose geometry should result in very small contact areas 

in regions of high curvature, such as the constant thickness cartilage model. This effect can be 

observed as apparent gross over-penetration at nodes that report low or no contact pressures. 

Peak pressure is reported in Figure 48. Peak pressure was calculated as the third quartile 

pressure value (per contact surface) for nodes considered to be in contact - i.e., with pressure 

exceeding 0.01 MPa. This representation was considered to be more representative of peak 

pressure than a simple maximum pressure value, which is much more sensitive to the geometry 

of the contact surfaces. Peak pressure trends and inter-model relationships duplicate those 

observed in mean pressures. Both the baseline and k=0.75 variable thickness models provide 

very good fits to the Tekscan data. All models predict higher peak pressures than the Tekscan 

under extension, but the Tekscan perimeter cell recruitment was fairly high under extension. 

These results indicate that the third-quartile or 'peak' pressure is a good indicator of peak 

physiologic pressure for the baseline model. 
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Facet contact center of pressure tracks are presented in Figures 49-51 (following pages). Center 

of pressure data were analyzed by transforming the (x,y,z) coordinates of the center of pressure 

for each contact pair according to a moving coordinate system attached to the caudal vertebra 

in the contact pair, which was reconstructed according to the displacements of three nodes on 

the anterior surface of each vertebra. The relative center of pressure for each contact pair was 

then normalized to the center of pressure of the contact pair in the baseline case in the neutral 

position. This is responsible for the correspondence of the "Start" coordinates for the baseline 

cases. Finally, the coordinates were transformed into the coordinate system of the plane 

parallel to the facet surface, and offset by an arbitrary (±5,0) mm displacement in order to 

facilitate distinction of the left and right interactions. 

Center of pressure tracks for the k=0.75 model are trivially different from the baseline model for 

all load cases, with less than 0.5 mm offsets in the neutral position for all interactions. The 

baseline model exhibits an AP range of only ±2 mm for all load cases. This range is less than the 

relative displacements of the interacting surfaces under flexion/extension. The flat model 

exhibits a much greater AP range of 12 mm in flexion/extension with peak contact forces at both 

limits, which is again representative of contact that varies from edge contact at the anterior and 

posterior extrema to whole-surface contact in the neutral position. The neutral position centers 

of pressure for the flat model are shifted 1.8 mm anteriorly and 2 mm laterally on average, 

relative to the baseline case. Differences between the baseline case and the flat model are 

greatest under flexion/extension (Figure 49). The neutral position centers of pressure for the 

constant thickness model are shifted 1 mm laterally on average, relative to the baseline case. 
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The centers of pressure under lateral bending progress antero-laterally on the loaded side and 

postero-medially on the unloaded side, in a very consistent pattern for the baseline and k=0.75 

models. Similar effects are seen for the flat and constant thickness models, but more variability 

is observed (Figure 50). Under axial rotation, a lateral-to-medial motion pattern is observed, 

with antero-posterior motion that is more variable and lower in magnitude (Figure 51). 

Both the constant thickness and flat models exhibit motion patterns that are more variable 

between interactions and more tortuous than the baseline model, which is indicative of contact 

patterns that are shifting between multiple distinct regions, a pattern generally not observed 

experimentally. Figures 43 and 52 demonstrate this behavior graphically. The relationship 

between joint congruence and contact pressure and compressive strain distributions is 

apparent. 
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Figure 52 - Minimum principal strain at the C6/C7 left articulation reveals the effects of cartilage representation on 
joint congruence and contact pressures. Lateral bending at 2 N-m. 

Conclusions 

The only discernable difference in range of motion between the different cartilage thickness 

distribution models is the increased linearity and decreased compliance of the flat cartilage 

model under extension. All models would have met the validation requirements for range of 

motion, indicating that: (1) range of motion is not a good predictor of contact parameter 
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prediction validity and (2) that range of motion predictions are insensitive to the representation 

of the articular surfaces (Figure 44). 

Contact force predictions were insensitive to the cartilage thickness. The only notable exception 

is the slightly higher forces at the extrema of the flat model (Figure 45). These results indicate 

that contact force is more sensitive to the contact gap than the surface congruence. This is 

likely due to the combined effects of the tension in the facet capsular ligaments, which results in 

sensitivity to contact gap, and the compliance of the spine as a whole. 

Both the mean contact pressure and contact area results are indicative of the underestimated 

joint conformity of the constant thickness model, which results in higher mean and peak 

pressures and reduced contact area predictions. Solution convergence was difficult to obtain 

for the constant thickness models, and could not be achieved for the full range of all load cases. 

The overestimation of contact pressures in the constant thickness model was less than 

expected, which would indicate that such models could be used with impunity. However, it 

must be noted that the pressure predictions of the low-conformance constant thickness model 

are much more sensitive to the contact formulation used than the more conforming models. 

This results in contact pressure and area predictions that, for constant thickness cartilage 

models, are highly sensitive to mesh refinement and the contact model and pressure-

overclosure relationship. Paradoxically, while increased mesh refinement generally results in 

lower maximum pressures for conforming articulations, it may result in higher maximum 

pressures for poorly conforming articulations. Unfortunately, reduced mesh refinement for 

such a highly curved geometry may result in degraded model convergence behavior. 

The contact area of the flat surface model was generally overestimated as anticipated, and was 

maximized in the neutral position. This is not surprising, as initial parallelism was prescribed in 
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the initial geometry. Cylindrical conforming surfaces (with medial-lateral axes) would likely 

result in more consistent contact area under flexion-extension, but edge-to-edge contact 

patterns under lateral and axial moments. Advantages to the flat cartilage representation 

include improved model convergence behavior, and relative insensitivity to mesh resolution due 

to the joint conformity. 

All model results indicate that the differences between the baseline (k=0.5) and k=0.75 models 

are trivial. This result is a positive indication for the use of variable thickness cartilage 

representation, particularly because k=0.75 represents a value two standard deviations above 

the experimental mean. This indicates that the use of a single value of k does not result in a 

noticeable deleterious effect. Peak contact pressures for both variable thickness models are in 

good agreement with experimental means. Additionally, the sensitivity of constant thickness 

model predictions and convergence behavior to mesh refinement and contact formulations 

provide motive for the use of physiologically accurate spatially-varying cartilage thickness 

representations. 

Summary 

In short, the four cartilage thickness models investigated indicate that: 

• Cartilage thickness representation does not have a substantial impact on range of motion or 

global facet contact force predictions. 

• Facet contact pressure, area, center of pressure and joint congruence predictions are 

sensitive to cartilage thickness representation. 

• Accurate representation of the articular geometry and physiologic variation in cartilage 

thickness is important for accurate prediction of facet cartilage degeneration. 
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6 Disc Replacement and Load Transfer 

The preservation of range of motion after disc replacement has been established experimentally 

[106). While the segmental rotations can be preserved after disc replacement, preservation of 

antero-posterior load sharing and center of rotation at the treated and adjacent levels has not 

been established. If facet joint forces at the treated level change significantly after treatment, it 

is anticipated that facet degeneration may be accelerated despite the maintenance of 

segmental mobility. Therefore, it is of interest to determine the effects of disc replacement on 

antero-posterior load sharing, total facet joint forces, and average and peak facet contact 

pressures at the treated and adjacent levels. 

Methods 

Model Parameters 

Pursuant to this aim, a set of five additional finite element models has been developed, with 

disc replacement prostheses placed at the C4/C5 level (Figure 53). All models were based on 

the "Baseline" (k=0.5) model previously described, which will be referred to in this section as the 

"Intact" case. The material properties, bony geometry, and disc geometry and structure at the 

untreated levels were unchanged. The immediate post-operative case was represented using 

an appropriately sized implant (hereafter, Size 2). Two further models, Size 1 and Size 3, 

represent the immediate post-operative case with oversized and undersized implants, 

respectively. These models were developed to investigate the effect of improper implant 

selection. The long-term response of the off-sized implant models was modeled as well (Size 1 

long-term, Size 3 long-term). 

For all implant models, the entire C4/C5 disc was resected, and 50% of the anterior longitudinal 

ligament was removed over the treated level. The ProDisc-C implant endplates are coated with 
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porous titanium to promote bony ongrowth, and successful osteo-integration was modeled with 

tie constraints at the implant-vertebral body interfaces. The vertebral endplate geometry was 

altered for congruence with the implant, and keel slot geometry was added. The cobalt-

chromium-molybdenum endplates were defined as linearly elastic materials with an elastic 

modulus of 250 GPa and a Poisson's ratio of 0.29, and the ultra-high molecular weight 

polyethylene (UHMWPE) puck was represented with an elastic modulus of 1.4 GPa and a 

Poisson's ratio of 0.3. 

Figure 53 - Size 2 implant model. C4 and C5 endplate geometries were adjusted for implant congruence and keel 
slots. 

Differences between the models were compared with respect to overall kinematics and range of 

motion, total facet joint contact forces, facet contact areas, mean and peak contact pressures, 

antero-posterior load sharing and ligament tension. 
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Implant Size 

A set of three models of the ProDisc-C cervical disc replacement implant was developed (Figure 

54). The ProDisc-C implant is available in three widths, two depths per width, and three heights. 

The Size 2 model was based on the most appropriate standard design ProDisc-C implant size for 

the model geometry, with medium size endplates (15 mm. wide, x 12 mm deep), and a height of 

6 mm. Size 1 and Size 3 also use the same metallic endplates, with off-sized pucks resulting in 

overall implant heights of 5 and 7 mm, respectively. The implant geometry dictates that the 

center of rotation is the same for all three sizes, taken with respect to the superior component. 

Figure 54 - Size 1, Size 2, and Size 3 ProDisc-C implant models (left to right) 

A frictionless finite sliding formulation was used for the implant articulation, and a tie constraint 

was prescribed between the polyethylene puck and the inferior metallic component. The mesh 

resolution of the implant models (12,400-14,400 additional nodes, 8,500-10,000 additional 

elements) exceeds the resolution of the highest-resolution C4/C5 disc model. 

The superior and inferior metallic endplates were initially located in the same place for all 

implant models, and the puck was constrained appropriately to the lower component. This 

approach resulted in an initial gap in the implant articulation for the undersized models per the 

height deficiency of the implant, and an initial overclosure in the implant articulation for the 
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oversized implant models per the height excess of the implant. For all three sizes, the 

immediate post-operative condition was represented by allowing contact to be established as 

ligament pretensions were enforced. 

Long-term Models 

The use of an oversized implant results in increased ligament strains in the neutral position for 

the ALL, PLL, and FCL at the treated level, for which neutral-position tensions were predicted to 

increase 273%, 109%, and 106% respectively, relative to the Size 2 model (Figure 55). It is 

possible that in the long-term, biological remodeling processes will reduce the excessive stresses 

to levels similar to the intact physiological case. In order to investigate the effects of such long-

term ligament remodeling, two further models were developed having identical geometry to the 

Size 1 and Size 3 models. 

Neutral Ligament Tension - C4/C5 

0) 

Facet Posterior Interspinous Ligamentum Anterior 
Capsular Longitudinal Ligament Flavum Longitudinal 
Ligament Ligament Ligament 

a Size 1 

• Size 2 

D Size 3 

BIntact 

o Size 1 -

13 Size 3 -

Long Term 

Long Term 

Figure 55 - Long-term model generation. Ligament tension in the neutral position for the long-term models is 
substantially closer to the intact and Size 2 cases. Intact tension in the ALL is approximately double the Size 2 and 
long-term cases, as half the ligament was resected. 

The ligament elongations and tensions at the treated level in the equilibrium state were 

measured for the Intact and post-operative implant models. The differences in neutral position 
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ligament elongation between the off-sized and Size 2 models were defined as the excess stretch 

if positive, or initial laxity if negative. The long-term Size 1 and Size 3 models were then defined 

by adding the initial stretch or laxity to the tabular displacement values defining the ligaments at 

the treated level only, effectively altering the intact lengths of the ligaments, as a representation 

of long-term remodeling. 

Results and Discussion 

Range of Motion 

Disc replacement had little effect on mobility under axial torsion and lateral bending (Figures 56 

and 57), where modest increases in compliance were observed. Compliance increased with 

decreasing implant size at 1 N-m, but increases were minimal, from 2%-l l% under lateral 

bending and 10%-15% under axial torsion. 

Figure 56 - Post-operative range of motion at 1 N-m. Increased compliance correlates (>0.98) with decreased 
implant size at 1 N-m. 
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Range of Motion - Flexion/Extension 

-60 J 

Flexion Moment (N-m) 

Range of Motion - Lateral Bending 

-25 -J 
Lateral Bending Moment (N-m) 

Range of Motion - Axial Torsion 

-25 J 

Torsion Moment (N-m) 

Figure 57 - Implant effects on range of motion. Modest increases in compliance were observed in lateral bending 
and axial torsion. Implant size had the greatest effect on neutral position lordosis. 
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Lateral bending and axial torsion range of motion response indicate the effect of shear stiffness 

of the intervertebral disc, which resists intervertebral axial rotations, whereas the implant does 

not. This is indicated by the fact that while the size of the implant has as strong of an effect on 

range of motion as its presence under lateral bending, the same is not true under axial torsion. 

The effect is greater at a higher moment (±2 N-m), where the effect of implant size on range of 

motion under axial torsion (±0.5°) is much less than the effect of implant presence : an increase 

of 4.5°(Figure 57). Under forward flexion, the Size 2 implant was negligibly different from the 

intact case. 

Implant size had the greatest effect under flexion/extension, where the neutral lordosis was 

increased 4° and decreased 1° by the Size 3 and Size 1 implants, respectively. Under extension, 

all implant models exhibited substantial increases in compliance. All implant models are 

identical under extension after implant disarticulation, which occurs at 0.5, 0.8, and 1.1 N-m 

extension moments for the Size 1, Size 2, and Size 3 implants, respectively(Figure 58). 

Figure 58 - Implant disarticulation and impingement of the spinous processes in extension. 
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The slope discontinuity corresponding to implant disarticulation in each case is indicative of the 

axial tension stiffness of the annulus fibrosus, which is not represented by the implant models. 

Correspondence with implant disarticulation and facet joint separation is aparrent (Figure 59). 
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Figure 59 - Discontinuities in compliance at the C4/C5 level with the Size 3 implant correspond with implant 
disarticulation and facet joint disarticulation (dashed lines). Similar behavior is observed with the Size 1 and Size 2 
implant models. 

Additionally, interactions between the posterior spinous processes, which would limit extension 

rotation were not represented in the models, and such interactions are predicted to occur under 

physiologic loads (Figure 58). As this substantial increase in compliance and massive 

disarticulation is not observed clinically, it is likely that the lateral aspects of the interverteral 

disc in the uncinate region are not fully resected clinically. The single-element representation of 

the facet capsular ligaments may also play a role, as unrealistic shear translations in the 

zygophageal joints at the treated level is observed secondary to implant disarticulation, a 

deformation mode that is insufficiently resisted by the single-element representation of the 

facet capsular ligament. 

Coupled rotations following disc replacement followed the primary rotations, with modest 

increases in range of motion, and marginal effects on coupled rotation fractions (not shown). 
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Facet Joint Forces 

Figures 60-62 present facet joint contact force predictions at each level. Left and right sides are 

averaged for flexion/extension data. Results for lateral bending and axial torsion are 

symmetrized for clarity; i.e., force at 1 N-m is the average of the force on the left facet at 1 N-m 

to the left and the force on the right facet at 1 N-m to the right (Equation 3). 

Fsymm(.x) = ^[^LeftM + ^Right(~x^) 

where x = Signed Bending Moment 

Equation 3 - Symmetric averaging for facet contact parameters. 

Facet contact forces superior to the treated level were not significantly affected by the size or 

presence of the implant (Figure 60). The maximum change from the intact case at peak load 

was 3%, occurring under lateral bending where the bilateral deviation (the difference between 

left and right facets) was 12%. Facet force transmission inferior to the treated level exhibited 

more sensitivity to implant presence (Figure 62). While differences with repsect to implant size 

were again negligible, marginal increases with decreasing implant size were observed in all 

cases. The only relvant differences were observed under flexion, where decreases in force 

transmission up to 30% were observed. Substantial deviation from the intact case was only 

observed secondary to implant disarticulation, and is correlated with reduced intervertebral 

relative rotations inferior to the implant. It is likely that such differences are exagerrated, per 

the model limitations discussed previously. 

Facet contact forces at the treated level were substantially more sensitive to implant size (Figure 

61). Under all load cases, with the exception of extension secondary to implant disarticulation, 

facet contact forces at the treated level correlated inversely with implant size. Under all low-
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side moments (i.e., positive flexion and negative signed lateral bending and axial torsion 

momens), force increases of approximately 15-20 N were observed with the Size 1 implant. The 

correctly sized implant is within the bilateral range of the intact case for all but axial torsion. 

The 25% increase in force transmission under axial torsion with the Size 2 implant is 

commensurate with a 15% increase in relative rotation at the implanted level (Figures 61 and 

71). Differences between post-operative and long-term conditions on facet contact forces were 

negligible, indicating that geometry, rather than ligament tension, are chiefly responsible for the 

facet contact forces. 

The maximum increase in facet contact force with the Size 2 implant over the intact case was 13 

N under axial torsion, from 49 N to 62 N. However, the increased force remains within 9% of 

the peak intact force under lateral bending (57 N) and is well within the range of intact forces 

under extension, which are as high as 90 N. These results indicate that the changes in contact 

forces with the Size 2 implant are unlikely to contribute significantly to subsequent 

degeneration of the facet cartilage. Results for the Size 3 implant are even more positive, as 

Size 3 facet forces are less than Size 2 forces. For the smaller Size 1 implant, the results are 

more mixed. While the greatest increases are observed at the C4/C5 level under lateral bending 

(21 N, or 37%), this is still within the range of forces under intact extension. This would indicate 

that the increased forces with the Size 1 implant are also unlikely to induce degeneration. 

However, this interpretation should be tempered by the observation that consistently higher 

forces are observed with the undersized implant under all load cases, and neutral position 

forces are increased 190%. The consistently increased loads, particularly in the neutral position, 

may be more likely to contribute to degeneration. 
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Figure 60 - Facet contact forces superior to treated level exhibit negligible change post-operatively. 
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Figure 6 1 - Facet contact forces at the treated level are affected by implant size and to not return to intact levels 
long-term. 
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Figure 62 - Facet contact forces inferior to the treated level. 
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Implant Load Transmission 

Forces transmitted through the implant were strongly affected by implant size in the short-term, 

increasing 75% and decreasing 50% in the neutral position relative to the Size 2 implant, when 

the Size 3 and Size 1 implants were examined, respectively (Figure 63). In the long-term, 

however, differences in force transmission between Size 3 and Size 2 implants were reduced 

60%-90% by relaxation of the ligaments. Post-operative implant force transmission with the Size 

1 implant, which was as much as 75% lower than the Size 2, did increase in the long term, but 

differences were only reduced 25%-50%. This difference in long-term behavior between the 

large and small implant sizes is attributable to the load carriage in the facet joints with the 

smaller implant (Figure 61). 

Nuclear Pressure 

Adjacent-level nuclear pressures were negligibly affected by the presence or size of the implant 

(Figure 64). Mean pressure at the inferior adjacent level was reduced 10% under peak extension 

for all implant models, commensurate with the reduced relative rotation at that FSU. However, 

the reduced values are still well within the predicted and experimentally observed distributions. 
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Figure 63 - Implant load transmission. Effect of implant size is apparent. 
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Figure 64 - Adjacent-level nuclear pressures were mainly unaffected by the implant. Reduced pressure at the 
inferior disc under extension is commensurate with reduced relative rotation. 
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Ligament Tension 

Figure 55 presents model predictions of tension in each ligament at the treated level in the 

neutral position. Post-operative tensions in the ALL, PLL and FCL are increased 273%, 109%, and 

106% respectively, relative to the Size 2 levels with the oversized implant, and tension in the ISL 

is lost entirely. These excess tensions are reduced 92%, 88%, and 64% respectively in the long-

term, and the neutral tension in the ISL is restored to 83% of the intact value. With the Size 1 

implant, increases in neutral tension in the ISL and LF of 323% and 433% are observed post­

operatively, which are reduced by 76% and 83% respectively, in the long-term. The ALL and PLL 

exhibit laxity with the undersized implant resulting in 86% and 57% reductions in neutral tension 

respectively, but these losses are restored in the long term. 

For the ALL, long-term and Size 2 elongations are near the intact, but tensions remain at 

approximately half the intact value. This is due to the representation of the post-operative ALL 

using 50% resection. 

Figures 65-69 present ligament tension results at the C4/C5 level. For the anterior longitudinal 

ligament, the additional dashed black line represents half the tension in the intact case so that 

the implant models may be more meaningfully compared, as 50% of the ligament was resected 

in all implant models (Figure 65). Under flexion, and under extension preceding implant 

disarticulation, the Size 2 and long-term models follow half the intact tension. In the post­

operative case, the Size 3 ALL tension is maintained under flexion. Under lateral bending and 

axial torsion, peak ALL forces are not as high as those observed under extension, as anticipated. 

Both long-term models predict negligible effects of implant size on ALL tension under lateral and 

axial moments, and the excess initial tension in the post-operative oversized implant model is 

maintained. 
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The posterior longitudinal ligament exhibits similar long-term behavior to the ALL, with post­

operative effects of implant size drastically diminished in the long-term under all load cases 

(Figure 66). Under extension secondary to disarticulation, changes in tension are observed. As 

with the ALL, the initial over- or under-distraction of the disc space results in changes in neutral 

position tension of ±10 N. While lateral bending and axial torsion response for the Size 2 

implant approximate the intact, larger differences are observed under flexion/extension. The 

increased slope of the Force-Moment curves under flexion results in an increase in peak PLL 

tension of 13 N in the long-term, and is indicative of the drastically increased compressive 

stiffness of the implant relative to the intact disc. The magnitude of the increase in PLL tension 

under flexion would be sensitive to the antero-posterior placement of the implant, vis-a-vis 

changes in the center of rotation. 

Tension in the interspinous ligament was negligible under all but flexion loads, as expected 

(Figure 67). The interspinous ligament was less sensitive to implant size, with changes in peak 

force of 5.7 IN and -2.0 N post-operatively with the Size 1 and 3 implants, respectively. 
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Figure 65 - Anterior Longitudinal Ligament tension. 
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Figure 66 - Posterior Longitudinal Ligament Tension. 
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Figure 67 - Interspinous Ligament Tension. 
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Figure 68 - Ligamentum Flavum Tension. 
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Figure 69 - Facet Capsular Ligament Tension. Left and right sides summed. 

101 



As expected, the ligamentum flavum exhibited similar response to implant size as the 

interspinous ligament (Figure 68). Post-operatively, peak forces in the ligamentum flavum were 

37% higher than the intact case, but were within22% in the long-term. 

The facet capsular ligaments play a more significant role under lateral bending and axial torsion 

than under flexion/extension in the intact case (Figure 69). Effects of implant size were weak 

under lateral and axial loads, and the differences were further reduced in the long-term. Both 

the Size 1 and Size 2 implants exhibited facet contact in the neutral position at the C4/C5 level, 

with the result that the short- and long-term Size 1 models are not substantially different. Peak 

facet capsular ligament forces with the Size 2 implant were increased 45% under lateral bending 

and 72% under axial torsion, which is likely indicative of the negligible rotational and bending 

stiffness of the implant. The increase in ligament tension under flexion is related to the antero­

posterior implant placement, as with the PLL Under extension, the facet capsular ligament 

provides a greatly increased fraction of the total restorative moment at the treated level, 

carrying 80% of the anterior ligamentous load fraction at 1 N-m extension. 

Intervertebral Relative Rotations 

Intervertebral relative rotations superior to the implant increased 74%, 47%, and 77% after 

implantation with the Size 2 implant under flexion/extension, lateral bending, and axial torsion, 

respectively (Figure 70). The effect of implant size was negligible. At the treated level, 

differences under lateral bending and flexion were negligible, but increased mobility was 

observed under extension and axial torsion (Figure 71). 
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Figure 70 - Relative Rotation Angles superior to implant. 
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Figure 71 - Relative Rotation Angles at implant level. 
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Figure 72 - Relative Rotation Angles inferior to implant level. 
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Under extension, compliance at the implanted level increases 100% subsequent to implant 

disarticulation, from 8.6 deg/N-m to 17.3 deg/N-m for the Size 2 implant. In the neutral 

position, 3° ventral and 4.5° dorsal relative rotations are induced at C4/C5 post-operatively with 

the Size 1 and Size 3 implants, respectively. These initial rotations are maintained throughout 

flexion. 

Inferior to the treated level, modest decreases in range of motion were observed under all load 

orientations at both C5/C6 and C6/C7 (Figure 72, previous page). Under lateral bending and 

axial torsion, marginally greater range of motion corresponded with decreasing implant size. 

The neutral position sagittal-plane rotations observed at the treated level are partially offset by 

opposing rotations at the C5/C6 and C6/C7 levels totaling ±1.5°. Range of motion caudal to the 

treated level under lateral bending, axial torsion, flexion and extension previous to implant 

disarticulation are within 6% of the intact disc values. 

Conclusions 

As stated previously, changes in sagittal alignment and spinal loading after ACDF have been 

associated with adjacent-segment degeneration and other adverse affects, but it has been 

unclear as yet whether the same relationship exists when mobility is maintained [62, 99, 102]. 

Various clinical studies have reported changes in sagittal alignment after disc arthroplasty that 

were not correlated with loss of ROM, increased pain, or negative outcomes [25, 99, 111, 118]. 

Again, preliminary and long-term results following implantation of the Prestige I & II showed 

positive outcomes and maintenance of mobility with no evidence of adjacent-level degeneration 

[102, 111]. The results obtained in this study may shed some light on the mechanisms by which 

these results have been obtained. 
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Range of motion results for the C3-C7 segment support the reported clinical outcome of ROM 

maintenance following arthroplasty, and no deleterious effect of implant size selection was 

observed. Individual level relative rotations reveal no loss of mobility at the treated or superior 

levels, and mobility inferior to the treated level is within 95% of the intact case at 1 N-m, 

regardless of implant size. 

Facet joint contact forces adjacent to the arthroplasty are not increased more than 10% under 

any load case examined, regardless of implant size, indicating that adjacent-level cartilage 

degeneration is not expected to be aggravated by arthroplasty. Facet joint forces at the treated 

level remain within the physiologic range with appropriately- and over-sized implants, a positive 

indication for the use of arthroplasty. Contact forces are increased substantially when an 

undersized implant is used however, and are not reduced in the long-term, indicating that 

appropriate implant size selection may be important for prevention of cartilage degeneration at 

the arthroplasty level subsequent to implantation. Facet joint congruence was not affected by 

implant size within the range examined, and contact pressures follow contact forces. 

Implant forces were strongly affected by implant size, and were increased 75% in the neutral 

position with the larger implant model, indicating that ligament tension is a primary factor in 

implant loads. This hypothesis is further supported by the return to Size 2 implant loads in the 

long-term Size 3 model. The early onset of implant disarticulation in extension with the Size 1 

implant would indicate the use of larger implants, but the long-term models predict similar 

disarticulation moments. 

Adjacent-level nuclear pressures, like adjacent-level facet joint forces, are not predicted to be 

strongly affected by arthroplasty, indicating that adjacent-level disc degeneration secondary to 

arthroplasty is primarily due to pre-existing degenerative processes rather than the arthroplasty. 
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Tension predictions in the interspinous ligament and ligamentum flavum indicate that no injury 

to these ligaments is anticipated following arthroplasty. Loads carried by the facet capsular 

ligament, however, are increased substantially both post-operatively and long-term, indicating 

the loss of motion-segment stability provided by the annulus fibrosus. These results, in addition 

to implant disarticulation under extension and hyper-mobility under extension and axial torsion, 

indicated that full resection of the disc is not optimal. Specifically, the lateral aspects of the 

annulus fibrosus should be maintained surgically, as these regions provide the most mechanical 

stability under lateral and axial loads. Additionally, problematic disc bulge requiring resection is 

more likely in the central posterior region of the disc. 

While post-operative loads in the ALL are increased with the Size 3 implant, long-term relaxation 

in the ligament predicts a return to physiologic loads, except after implant disarticulation in 

extension. Loads in the PLL under flexion remain higher than intact loads even in the long-term, 

due to the stiffer compressive behavior of the implant relative to the pliant disc. However, if 

these increased loads result in further relaxation, the flexion tension in the PLL would be 

reduced. Additionally, the peak elongations in the PLL under flexion are not sufficiently high to 

result in likely injury, even with the Size 3 implant. 

Clinical Implications 

Overall, the finite element models presented provide support for the use of cervical arthroplasty 

as a superior treatment option to anterior cervical discectomy and fusion. Adjacent-level disc 

degeneration is not predicted to be aggravated by arthroplasty, nor is adjacent-level cartilage 

degeneration. At the treated level, appropriate implant selection may be important, with 

oversized implants increasing ligament tensions post-operatively, and undersized implants 
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increasing facet contact forces immediately and long-term. As the latter is a more clinically 

relevant problem, the particular avoidance of undersized implants may be indicated. 

Certain surgical protocols are indicated by this research as well. Full resection of the disc and 

ALL results in hyper-mobility and increased cartilage pressures and ligament tensions, and 

possibly implant disarticulation, which carries the serious risk of dislodgement. It is therefore 

advisable to leave as much of the lateral aspects of the annulus fibrosus and the ALL in situ as 

possible. 

Implant size selection, as represented in this work, is a function of the degree of cervical 

distraction applied during surgery. The Size 2 implant model was sized such that the pre­

operative joint space was maintained. However, increased implant height reduces the risk of 

dislodgement and reduces facet contact forces, but increases the force through the anterior 

bodies and some ligament stresses. Further study of the relationship between distraction force, 

implant selection, and clinical outcome is indicated. 

Summary 

In short, the results of the intact and post-operative and long-term implant models indicate that: 

• Facet contact force, intervertebral relative rotation and nuclear pressure predictions provide 

no indication for expectation of adjacent-level degeneration following disc replacement. 

• Facet contact force and pressure at the treated level increase following disc replacement if 

the implant is too small. 

• Stresses in the ALL and PLL increase post-operatively if the implant is too large, but may be 

reduced in the long-term by biological remodeling processes. 
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• Results indicate that the lateral aspects of the annulus fibrosus should be left intact during 

disc replacement surgery if possible, to reduce stresses on the FCL and to increase 

segmental stability. 

Future Work 

Several aspects of this research provide opportunity for further directions of investigation. The 

inclusion of the lateral aspects of the annulus fibrosus after arthroplasty would likely increase 

model stability and reduce hyper-mobility. Clinical results indicate that this is a more 

appropriate representation, as hyper-mobility in extension is not observed [8]. Additionally, 

surgical protocol for the ProDisc-C calls for retention of the uncinate processes, which is 

physically meaningful only if the uncinate processes are able to interact with the adjacent 

vertebra. 

While the presence of toe region and pretension in the ligaments of the lower cervical spine are 

known, their magnitude and behavior are not well-understood. Mechanical testing of these 

factors may improve the predictive accuracy of the finite element models. Additionally, the 

specification of the behavior of the anterior longitudinal ligament and posterior longitudinal 

ligament in the models described did not account for the change in intact length of the elements 

due to endplate preparation. 

The representation of the facet capsular ligament using a single nonlinear spring element 

appeared to be fairly appropriate for the deformations predicted physiologically. However, the 

arthroplasty models under extension secondary to implant disarticulation predict a different 

displacement mode, with a shift in the center of rotation from the implant puck center of 

curvature toward the posterior aspect of the facets. Under this deformation mode, the facet 
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ligament representation under-predicts tension in the ligament, and more importantly, the 

effect of ligament tension on extension rotation is greatly reduced. It is advisable to represent 

the facet capsular ligament using either anisotropic two-dimensional elements, or a collection of 

a larger number of one-dimensional spring elements, in order to better represent the ligament 

behavior under extension. The other ligaments do not exhibit this problematic behavior. 

Post-operative changes in disc height and sagittal alignment are directly affected by surgical 

techniques. Specifically, distraction distance and sagittal alignment during endplate preparation 

affect implant size selection and post-operative sagittal alignment and antero-posterior load 

sharing [31]. The surgical technique modeled in this work represented maintenance of intact 

endplate orientation during endplate preparation with no change in disc height using the Size 2 

implant. Investigation of the effects of these additional variables would contribute to the 

understanding of optimal clinical techniques. 
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Summary 

Objective: Finite element (FE) models of the cervical spine have been used with increasing geometric fidelity to predict load transfer and range 
of motion (ROM) for normal, injured, and treated spines. However, FE modelers frequently treat the facet cartilage as a simple slab of constant 
thickness, impeding the accuracy of FE analyzes of spine kinematics and kinetics. Accurate prediction of facet joint contact forces and 
stresses, ROM, load transfer, and the effects of facet arthrosis require accurate representation of the geometry of the articular cartilage of 
the posterior facets. Previous research has described the orientations of the facet surfaces, their size and aspect ratio, and mean and max­
imum thickness. However, the perimeter shape of the cartilaginous region and the three-dimensional distribution of cartilage thickness remain 
ill-defined. As such, it was the intent of this research to further quantify these parameters. 

Method Vertebrae from seven fresh-frozen unembalmed human cadavers were serially sectioned and the osteochondral interface and the 
articulating surface of each facet on each slice were identified. The cartilage thickness was recorded at nine equidistant points along the length 
of each facet. It was observed that facets tended to have elliptic or ovoid shapes, and best-fit ovoid perimeter shapes were calculated for each 
facet. The thickness distribution data were used to represent the entire three-dimensional cartilage distribution as a function of one variable, 
and a thickness distribution function was optimized to fit the thickness distribution. The antero-posterior and medial/lateral shifts of the thick­
ness center relative to the geometric were calculated and reported. 

Results: High correlation was observed between the ovoid perimeter shapes and the measured facet shapes in radial coordinates, indicating 
that the ovoid approximation is able to accurately represent the range of facet geometries observed. High correlation between the measured 
and fitted thickness distributions indicates that the fitting function used is able to accurately represent the range of cartilage thickness distri­
butions observed. 

Conclusion: Utilization of a more physiologic cartilage thickness distribution in FE models will result in improved representation of cervical 
spine kinematics and increased predictive power. The consistency observed in the thickness distribution function in this study indicates 
that such a representation can be generated relatively easily. 
© 2008 Osteoarthritis Research Society International. Published by Elsevier Ltd. All rights reserved. 

Key words: Cartilage, Thickness mapping, Cervical spine, Facet joints. 

Introduction 

Spinal degenerative disorders affect many people annually 
in the United States alone, and substantial research efforts 
have been expended with regard to the treatment of these 
disorders1. The posterior facet joints have been shown to 
play a major role in spinal diseases via cartilage degenera­
tion, arthrosis, and traumatic failure2. Computational finite 
element (FE) models of the cervical spine have been 
used with increasing geometric fidelity to predict spinal 
load transfer and range of motion (ROM) in the normal, in­
jured, and treated conditions. However, while the osseous 
geometry is easily reconstructed using quantitative Com­
puted Tomography (qCT) data, the associated soft tissue 
reconstructions cannot be accomplished with reasonable 
fidelity using this radiographic approach3. As a result, FE 
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modelers frequently simplify the facet cartilage as a simple 
homogenous block of constant thickness extruded from the 
underlying bone, which may be further simplified as a planar 
surface. Our preliminary data (unpublished) indicate that 
this modeling technique reduces the accuracy of FE analy­
ses with respect to spine kinematics/kinetics and the predic­
tions of internal mechanical parameters such as contact 
pressure, stress, strain, etc. Accurate predictions of facet 
joint contact forces and stresses, ROM, load transfer, and 
the effects of facet arthrosis require an accurate anatomic 
representation of the posterior facet articular cartilage 
geometry. 

Previous research has described the orientations of the 
facet surfaces, their size and aspect ratio, and mean and 
maximum cartilage4^6. The antero-posterior (AP) width 
and thickness profiles of the facet cartilage on the mid-
sagittal plane have been described as well6. However, 
a mathematical description of the entire perimeter shape 
of the cartilaginous region and a fully three-dimensional 
mapping of cartilage thickness across the entire facet 
surface has not been reported. Therefore, the purpose of 
this study was to obtain a sample of facet cartilage distribu­
tions, and from this data, provide a statistical description of 
the aforementioned parameters across the sample 
population. 
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Methods 

Vertebrae from seven fresh-frozen, unembalmed, human cadaver cervical 
(C3-C7) vertebral columns (mean age 42: 33-50 yrs) were used in this 
study. Soft tissues were removed and the individual vertebrae were isolated 
by resection of the intervertebral discs and synovial joints, with particular 
care taken not to disrupt the cartilaginous surfaces of the facets. Full hydra­
tion was maintained throughout the experiment with isotonic saline solution 
(8.5 g/L of ACS grade Sodium Chloride, VWR International, Westchester, 
PA). Each vertebra was serially sectioned in the sagittal plane from laterally 
to medially in 1.0 mm increments using a diamond-bladed band saw (Model 
3031 CP/N, Exakt Technologies, Oklahoma City, OK) across the entire facet. 
Both the left and right superior and inferior articular facets were sectioned in 
this manner. A total of 25 vertebrae from the C3 to C7 levels were used. 
Levels that were observed to be damaged or degenerated were excluded. 

Each slice was immediately dyed with a 1% Toluidine Blue solution 
(Fisher Scientific, Fair Lawn, NJ) to delineate the osteochondral boundaries 
of the articular cartilage. Individual slices were digitally photographed at 42 
micron pixel resolution (5 Megapixel digital camera, Canon USA, Lake Suc­
cess, NY) along with an accompanying scale and appropriate labels were in­
corporated in the images representing the source (specimen and level) and 
medial/lateral (ML) position of the slice so that three-dimensional reconstruc­
tions of facet geometry could be performed (Fig. 1). Consistent orientation 
was maintained between slices. 

A custom-written image analysis algorithm, coded in Visual Basic (Micro­
soft Corp., Redmond, WA) traced the osteochondral interface and the artic­
ulating surface of each facet parametrically (Fig. 2). The anterior and 
posterior endpoints of each cartilage section were manually delineated, 
and the cartilage thickness was calculated and recorded at nine equidistant 
points along the length. The positions of the osteochondral interface and the 
articulating surface relative to a perpendicular bisecting line connecting the 
endpoints were recorded in order to describe the AP curvatures of both sur­
faces. This procedure was performed for each image of each facet (a total of 
887 images). 

The AP widths of the cartilage in each slice were registered and aligned to 
map the shape of the perimeter of each facet. It was observed that facets 
tended to have elliptic or ovoid shapes. Therefore, besWit ovoid perimeter 
shapes were calculated for each facet consisting of two hemi-ellipses with 
identical AP widths. The ML and AP widths of each facet were recorded, 
as well as the ML shift (i5L) of the ovoid centerline (defined as the ML position 
that corresponded to the maximum AP width) relative to the geometric center 
(mid-span) (Fig. 3). The medial and lateral endpoints could not be precisely 
identified because the facets were sectioned sagittally, resulting in a 1.0 mm 
resolution for detecting the ML boundaries. The best-fit boundaries were ap­
proximated by extrapolating the perimeter profile and mean thickness profile. 

The best-fit perimeter for each facet provided the basis for a modified 
cylindrical coordinate system, located at approximately the location of max­
imum thickness. The thickness data were mapped from the three-dimen­
sional point cloud (x,y,f, where t is thickness) to cylindrical coordinates 
(r,0,f). A transformed radius function (rraSo) was then utilized: 

Superior Facet 

Fig. 1. Facets were serially sectioned, dyed with 1% Toluidine Blue 
solution, and digitally photographed. 

Fig. 2. Mapping of osteochondral interface and facet surface. 

/•ratioM) = — ^ (1) 
'perim \" J 

where rperim is the radius of the facet perimeter at orientation 0, such that 
rra,i0 = 0 at the coordinate reference position (where thickness is maximized), 
and r,atio = 1 along the perimeter. Using this technique it was possible to rep­
resent the entire three-dimensional cartilage distribution as a function of one 
variable (i",^). A thickness distribution function, faf/reuo), w a s optimized to fit 
the thickness distribution data: 

W ^ ^ c o s ^ ) ] " (2) 

The parameters fmax and k, the maximum thickness and shape parameter 
respectively, were found independently for each facet. Cartilage thickness 
distributions and shape parameters for each facet were found by iteratively 
minimizing the difference between the measured and idealized thickness dis­
tributions by simultaneously varying ( „ „ , k, and the AP and ML positions of 
the modified cylindrical coordinate reference frame (defined as the location 
of maximum thickness of the idealized thickness distribution). This 
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Fig. 4. Cartilage thickness distribution and fit for a representative facet, where fmax = 1.00 mm and k = 0.48, as a function of rmtio (left) and 
mapped in three dimensions (right, thickness scale magnified). Color surface and dots represent measured data and the black grid represents 

the analytical thickness fitting function. 

computational approach provided for a robust fitting function of relatively few 
parameters that capably represented a wide variety of perimeter shapes and 
thickness distributions (Fig. 4). The AP and ML shifts of the thickness center 
relative to the geometric center and ovoid centeriine were calculated and 
reported (Fig. 3). Statistical significance in the aforementioned parameters 
was determined using paired f-tests between inferior and superior facets 
and unpaired f-tests between levels, where P-values less than 0.05 were 
considered statistically significant. Differences between inferior and superior 
facets as well as differences by vertebral level were examined. Pearson's 
correlation coefficients were calculated between measured and ovoid fit pe­
rimeter shapes in radial coordinates, as well as between fitted and measured 
thickness distributions. 

Results 

High correlation (mean i2 = 0.96) was observed between 
the ovoid perimeter shapes and the measured facet shapes 
in radial coordinates (indicating that the ovoid approxima­
tion accurately represents the range of facet perimeter 
geometries observed) (Fig. 3). No significant differences 
in ML facet width were found between the inferior and supe­
rior facets, but the inferior facets were found to be slightly 
wider in the AP direction than their superior counterparts 

Table I 
Summary of collected data (means with standard deviation) 

Level 

Superior C3 

C4 

C5 

C6 

C7 

Mean 

Inferior C3 

C4 

C5 

C6 

C7 

Mean 

P-value 

AP 
width 
(mm) 

9.13 
(1.61) 
8.64 
(0.84) 
8.94 
(0.73) 
8.95 
(0.76) 
8.35 
(0.41) 

8.87 
(1.02) 

9.62 
(1.47) 
9.67 
(0.89) 
9.42 
(1.02) 
9.24 
(1.00) 
9.77 
(1.01) 

9.52 
(1.08) 

'0.011 

Facet boundary shape 

ML 
width 
(mm) 

10.74 
(2.26) 
11.54 
(2.88) 
12.67 
(2.40) 
12.15 
(1.43) 
12.44 
(2.63) 

11.81 
(2.37) 

11.84 
(1.86) 
11.60 
(2.10) 
12.28 
(1.79) 
12.33 
(1.32) 
11.55 
(1.69) 

11.96 
(1.76) 

0.489 

Lateral 
shift <5L 

(mm) 

0.75 
(1.65) 
0.57 
(1.51) 
1.03 
(1.18) 
1.60 
(0.88) 
-0 .30 
(3.04) 

0.86 
(1.55) 

0.86 
(1.31) 
0.47 
(1.21) 
1.27 
(2.05) 
0.67 
(1.41) 
-1 .29 
(2.71) 

0.65 
(1.70) 

0.135 

Lateral 
shift aL 

(%) 
6.2 
(15.3) 
5.9 
(14.8) 
8.6 
(10.0) 
13.3 
(7.6) 
-1 .2 
(22.5) 

7.5 
(13.4) 

6.6 (9.6) 

3.9 (9.8) 

8.5 
(19.3) 
5.2 
(12.2) 
-11.1 
(21.2) 

4.7 
(14.3) 

0.070 

Thickness distribution 

pnax 
(mm) 

1.14 
(0.42) 
1.13 
(0.24) 
1.04 
(0.20) 
0.97 
(0.16) 
1.14 
(0.17) 

1.08 
(0.27) 

0.99 
(0.21) 
1.05 
(0.25) 
1.14 
(0.24) 
0.94 
(0.23) 
0.89 
(0.09) 

1.02 
(0.23) 

0.116 

'mean 
(mm) 

0.61 
(0.22) 
0.57 
(0.12) 
0.55 
(0.10) 
0.52 
(0.08) 
0.61 
(0.06) 

0.57 
(0-14) 

0.49 
(0.10) 
0.55 
(0.13) 
0.58 
(0.10) 
0.50 
(0.10) 
0.50 
(0.05) 

0.53 
(0.11) 

0.081 

k 

0.48 
(0.12) 
0.58 
(0.10) 
0.53 
(0.12) 
0.44 
(0.10) 
0.49 
(0.15) 

0.51 
(0.12) 

0.57 
(0.13) 
0.50 
(0.07) 
0.55 
(0.13) 
0.47 
(0.11) 
0.36 
(0.10) 

0.51 
(0.12) 

0.379 

<5|_at 

(%) 

3.7 
(13.8) 
3.5 
(17.4) 
4.9 
(18.1) 
-10 .8 
(9.9) 
- 2 .8 
(17.0) 

0.5 
(16.0) 

6.7 
(13.8) 
- 1 . 0 
(11.5) 
- 9 . 0 
(23.0) 
- 3 . 1 
(24.2) 
- 6 .8 
(29.9) 

- 2 . 0 
(19.7) 

0.278 

Thickness shift 

<5|_at 

(mm) 

0.38 
(1.38) 
0.62 
(1.71) 
0.78 
(2.30) 
-1 .30 
(1.30) 
-0 .20 
(2.24) 

0.15 
(1.87) 

0.77 
(1.84) 
-0 .07 
(1.50) 
-1 .22 
(2.41) 
-0 .58 
(2.89) 
-0 .52 
(3.10) 

-0 .28 
(2.28) 

0.236 

^Ant 

(%) 

0.8 
(4.5) 
0.4 
(3.0) 
- 0 .8 
(5.0) 
1.4 
(6.5) 
0.5 
(1.1) 

0.4 
(4.5) 

- 0 .9 
(5.2) 
0.3 
0-8) 
- 1 . 7 
(2.3) 
- 1 .9 
(5.1) 
7.5 
(10.9) 

- 0 . 3 
(6.8) 

0.467 

^Ant 
(mm) 

0.04 
(0.56) 
0.03 
(0.32) 
-0 .09 
(0.57) 
0.18 
(0.74) 
0.08 
(0.17) 

0.04 
(0.53) 

-0 .10 
(0.62) 
0.04 
(1.01) 
-0 .22 
(0.30) 
-0 .26 
(0.61) 
0.75 
(1.01) 

-0 .06 
(0.73) 

0.488 

P-values compare inferior and superior facets. 
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AP Superior —o- AP Inferior —*— ML Superior —o— ML Inferior 

Fig. 5. Facet widths by level (mean ± standard error). 
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--10 

Fig. 6. Perimeter shapes for facets with ML (abscissa) and AP (ordinate) widths of 12 mm and 9 mm, respectively, showing the range of lateral 
shifts <5L for the superior facets (mean ± 1 standard deviation). Lateral shifts of 21%, 8% (average shape), and - 6 % are depicted (left to right). 

Lateral edge is on the left. 
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Fig. 7. Range of thickness distributions due to variation in the value of k (mean ± 1 standard deviation), when tmax = 1.06 mm. Reduced values 
for k represent flatter thickness distributions. 
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Fig. 8. Mean and peak facet cartilage thicknesses by level, with standard error. 

( P = 0.012) (Table I, Fig. 5). At the C3-C6 levels, the loca­
tion of maximum AP width (<5L) was shifted somewhat later­
ally, whereas medial shifts were observed at C7 (Table I, 
Fig. 6). 

The range of thickness distribution shapes represented by 
the observed values of k is shown in Fig. 7. No significant 
differences in maximum or mean thickness were observed 
between the superior and inferior facets overall, and the 
only individual level exhibiting significant differences was 
C7 ( P = 0.03 on maximum thickness) (Fig. 8). No significant 
differences in fit parameter k were observed overall (Fig. 9), 

and the modest decreasing trend as one moves caudally 
represents a slight flattening of the thickness profiles. High 
correlation (mean i2 = 0.97) was also observed between 
the measured and fitted thickness distributions (indicating 
that the thickness fitting function used is able to accurately 
represent the range of cartilage thickness distributions 
observed). 

No significant trends were observed in the ML and AP 
shifts of the location of maximum thickness relative to the 
geometric centers of the facets (Table I), and significant 
variability was observed in the location of maximum 
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Fig. 9. Thickness distribution fit parameter k, with standard error. No significant differences were observed between inferior and superior facets 
overall, although differences were observed at the C3 and C4 levels (P= 0.04 and P— 0.05, respectively). 
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thickness. More variation was observed in the ML direction 
than in the AP direction (Table I), which confirms the gross 
experimental observation of thickness variability between 
subsequent slices. 

Discussion 

AP facet widths observed fall within the range reported 
by previous researchers, but the gap between the carti­
laginous boundary and the perimeter of the bony geome­
try of the facet reported by Yoganandan ef al. was not 
found to be present on all facets6. Some facets exhibited 
a prominent gap, while others exhibited full coverage. Ad­
ditionally, it was observed that the gap varied in size and 
presence between subsequent slices on individual facets. 
Facet cartilage gap was generally maximized in the mid-
sagittal slice, decreasing or disappearing both medially 
and laterally. 

The shape of the facet cartilage thickness distributions 
observed is in good agreement with the average mid-
sagittal profile given by Yoganandan, using the mean 
observed value of the fit parameter k=0.5; i.e., this work 
represents a three-dimensional generalization of the mid-
sagittal case. 

While the facet cartilage is generally difficult to accurately 
identify using radiographic methods such as qCT, the un­
derlying osteochondral interface is generally discemable. 
Three-dimensional surface reconstructions based on bony 
geometry frequently yield a readily identifiable facet region 
due to the curvature of the osteochondral interface of the 
facets. It is anticipated that utilization of a more physiologic 
cartilage thickness distribution in FE models will result in 
greater predictive accuracy with respect to cervical spine 
kinematics internal mechanical parameters. The consis­
tency observed in the thickness distribution function in this 
study indicates that such a representation can be generated 
relatively easily, using the thickness distribution function re­
ported here and the maximum thickness from either direct 
measurement or literature. While limitations of this study 
include a limited number of cadavers and the presence of 
degeneration on excluded levels, the independence of the 
maximum cartilage thickness and the shape factor k indi­
cate that the model may be used to represent both full 
and reduced thickness cartilage distributions. 

It was observed that the osteochondral interfaces of the 
inferior facets were more concave in the sagittal plane 
than those of the superior facets, with the result that the 

inferior articulating surfaces were slightly concave, whereas 
the superior articulating surfaces tended to be slightly con­
vex. The congruence of these mating surfaces is therefore 
a function of both the shapes of the osteochondral surfaces 
and the thickness distributions of the cartilage on both fac­
ets. As stated above, it is expected that facet contact pres­
sures and their distribution, and to a lesser degree spine 
kinematics, will be affected by the geometry and thickness 
distribution of the facet cartilage. Because the facet carti­
lage is neither flat nor a constant thickness, it is expected 
that oversimplification of these geometric properties in 
some currently published FE models most likely results in 
mechanical parameter prediction artifact. Computational 
models of the lower cervical spine that fail to account for 
these factors will therefore be limited in their ability to accu­
rately predict pressures, stresses, and strains in the zygo-
physeal joints. 
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