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Abstract 
 

Fundamental Mechanisms of Load Transfer in the Human Vertebral Body Following Lumbar 
Total Disc Arthroplasty 

 
by 
 

Noah Bonnheim 
 

Doctor of Philosophy in Mechanical Engineering 
 

University of California, Berkeley 
 

Professor Tony M. Keaveny, Chair 
Professor Lisa A. Pruitt, Co-Chair 

 
The overall goal of this research is to provide insight into the bone biomechanics of human 
lumbar vertebrae implanted with total disc arthroplasty (TDA) implants. The research elucidates 
fundamental mechanisms by which lumbar TDA implants alter the yield strength of the vertebral 
body, stress in the bone tissue, and trabecular-cortical load-sharing behavior. The findings could 
have broad clinical and scientific implications related to pre-operative assessment of bone 
quality, in vitro test protocols for device development and regulation, the development of new 
implant designs, and clinical exclusion criteria. Ultimately, the hope is that this insight can be 
used to improve clinical outcomes for this class of device, and, in turn, contribute to the broad 
effort of addressing the global health burden associated with degenerative spinal pathologies. 
 
This dissertation comprises a series of computational experiments conducted on human cadaveric 
lumbar vertebrae using a combination of high-resolution micro-computed tomography image data 
with parallel linear and nonlinear finite element analysis implemented on a peta-scale 
supercomputing cluster. The goals of these studies are to assess mechanisms of load transfer and 
stress development in the bone, including how tissue-level stress depends on the loading mode of 
the implant, its size and material characteristics, and inter-individual variations in the structural 
features of the vertebral body. 
 
The primary results indicate that the load-transfer behavior in the underlying vertebral bone is 
substantially altered by TDA, causing high levels of trabecular bone stress, diminishing the role 
of the cortical shell, and substantially reducing the whole-bone yield strength. These findings 
were assessed in relationship to the vertebral bone’s morphology and microstructure, enabling 
mechanistic insight into bone sub-failure and failure behavior. A key finding was that small 
declines in trabecular bone volume fraction can have a magnified effect on whole-bone yield 
strength following TDA; therefore, pre-operative assessment of bone quality should optimally 
focus on the trabecular centrum.  
 
Another important finding was that when the footplate of a TDA implant is loaded through its 
anterior or posterior rim, representing load-transfer into the bone following impingement induced 
by flexion or extension, bone stress near the impinged region increases substantially. This 
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localized stress increase causes a reduction in whole-bone yield strength, suggesting that 
subsidence might be caused, in some cases, by impingement-type loading. Pre-clinical 
subsidence testing of TDA implants should therefore include some form of evaluation of 
bending-induced impingement if the implant enables this type of loading in vivo. As a possible 
strategy to help reduce the risk of implant subsidence, future research might be directed at 
whether an implant could be designed to reduce the frequency or strength-reduction effects of 
impingement loading. 
 
In closing, this dissertation elucidates fundamental mechanisms by which the vertebral bone 
tissue resists the loads applied by lumbar TDA implants. This mechanistic insight was used to 
identified possible targets—including pre-clinical tests and implant design considerations—that 
might help to improve clinical outcomes for this class of device. 
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1. Introduction 
 

Spinal pathologies cause substantial pain and disability worldwide. A recent study 
calculated that over 3% of the world’s population (266 million individuals) likely suffer from a 
degenerative spinal disease such as degenerative disc disease, spondylolisthesis, or spinal 
stenosis each year [1]. Data from the Global Burden of Disease 2017 study indicate that low 
back pain (for any reason) is the leading cause of years lived with disability globally and in 13 of 
21 world regions [2]. Lumbar degenerative disc disease is the most common diagnosis prior to 
spinal fusion surgery, which has associated hospital charges of roughly $34 billion each year in 
the United States alone [3]. The prevalence of degenerative spinal pathologies may grow in 
association with an aging population: the proportion of the world’s population aged 60 years and 
older is expected to double by 2050 [4]. 
 

The critical global health burden associated with degenerative spinal diseases is due in 
part to limited understanding of the pathologies themselves and in part due to limitations in the 
efficacy and availability of clinical treatment [5]. Research is therefore required on at least two 
fronts: one to uncover the mechanisms of disease behavior and another to develop and refine 
treatments to improve clinical outcomes. Broadly, this dissertation aims to contribute to the latter 
by elucidating fundamental biomechanical behavior of the vertebral bone supporting a lumbar 
total disc arthroplasty (TDA) implant, a surgical treatment for severe disc degeneration. The 
overall goal of this work is to provide insight into the bone biomechanics of TDA-implanted 
vertebrae, which in turn could motivate new implant designs and in vitro test protocols for device 
development and regulation, identify pre-operative assessment criteria, clarify appropriate 
clinical indications, and ultimately help improve clinical outcomes for this class of device. 
 

Lumbar total disc arthroplasty (TDA) is intended to alleviate pain and restore 
compromised function associated with end-stage disc degeneration [6]. The procedure was 
developed as an alternative to spinal fusion (one of the most prevalent and costly orthopedic 
surgeries [3]), due to concerns related to fusion-induced damage to surrounding tissues. In 
contrast to the rigid union of vertebral bodies induced by a fusion surgery, the intent of TDA is 
to restore physiologic patterns of load-transfer by permitting relative motion between adjacent 
vertebral bodies [7]. 
 

Modern TDA implants have been implanted by spine surgeons in Europe since the 1980s 
and the United States since the 1990s with mixed clinical success [6]. Problems including 
implant subsidence [8–11], dislocation [12–14], heterotopic ossification [15–19], and adjacent-
level vertebral fracture [9,20–24] have limited clinical efficacy in many cases and provoked 
substantial contra-indications to TDA (Table 1–1) [25]. For example, the majority of fusion 
patients (> 90 % according to some studies [26–28]) have at least one contraindication to TDA; 
this suggests that TDA may not substantially improve the long-term outcomes for those patients 
otherwise requiring a fusion, at least with current device designs and surgical techniques. 
However, there is also evidence, including meta-analyses [29–31], that TDA measurably 
improves pain and disability scores relative to fusion, suggesting that TDA may yet be a 
promising approach to address fusion’s limitations, provided the aforementioned clinical 
problems (such as subsidence, fracture, etc.) can be addressed. 
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However, little information exists on how TDA implants affect the bone biomechanics 
within the vertebral body supporting an implant, representing a barrier to the development of 
devices that reduce the risk of complications such as subsidence. Unanswered questions include: 
How does the stress in the underlying vertebral bone tissue change as a function of implant size 
or material? How does the development of high bone stress depend on the loading mode of the 
implant (e.g. compression versus bending), or on typical inter-individual variations in the 
porosity of the vertebral body? Finally, does the presence or loading mode of an implant alter the 
overall yield strength of the vertebral body; and, if so, what morphological features (for example, 
the overall bone mineral content or relative mass of the cortical shell) are associated with a 
reduction in yield strength? This dissertation attempts to address each of these questions via a 
series of experiments utilizing high-resolution imaging of cadaveric human lumbar vertebrae 
coupled with linear and nonlinear finite element analysis, solved in parallel on a high-
performance supercomputing cluster. 
 

The remainder of this chapter helps contextualize the overall dissertation research by 
providing more background information related to degenerative disc disease, fusion, TDA, the 
properties of bone tissue and the vertebral body, and the method of experimental investigation: 
micro-computed tomography- (micro-CT-) based finite element analysis. The section concludes 
by defining the objectives and scope of the dissertation. 
 
1.1 Disc degeneration and degenerative disc disease 
 
 Changes to the intervertebral discs separating the vertebra of the spine occur in most 
people as they age [32]. Normal age-related changes include a diminished ability of the disc to 
retain water, thus inhibiting the development of the hydrostatic pressure essential to the disc’s 
biomechanical function [33]. Specifically, a hydrostatic pressure—occurring primarily within the 
disc’s nucleus—helps prevent buckling of the annulus, maintains separation between vertebral 
bodies, and evenly distributes load to them [33–35]. Thus, age-related changes can cause both a 
gradual loss in disc height and alter the way in which load is transferred to underlying bone. In 
middle age, for example, disc height typically declines by approximately 0.6% per year [36] 
while vertebral body load-transfer increasingly occurs through the disc’s periphery, via the 
annulus instead of the nucleus [33,34]. 
 

Mechanistically, these changes are caused by increased disc-cell senescence and related 
biochemical changes in the disc’s extracellular matrix [35,37]. At the cellular level, the cause of 
deterioration is not known with certainty but could be precipitated by structural damage from 
mechanical loads [34,38]. Regardless of the cause, the cells of aged discs cannot synthesize 
extracellular matrix as effectively as those of younger ones; thus, over time, the hydrophilic 
proteoglycan chains comprising the extracellular matrix become fragmented, reducing the ability 
of the nucleus to retain water [39]. Collagen molecules and fibrils within the disc’s extracellular 
matrix also become increasingly crosslinked with time for two reasons: 1) reduced matrix 
turnover enables crosslinks to develop and stabilize and 2) the interaction between collagen and 
glucose can cause non-enzymatic crosslinks to accumulate (i.e. advanced glycation end products 
[AGEs]) [34,35]. These biochemical changes are thought to embrittle the disc tissue and cause 
structural defects beginning as early as the second decade of life [34,40]. 
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The extent and effect of disc degeneration among the adult population is highly variable. 
By age sixty-five, nearly all adults likely demonstrate the aforementioned changes to the disc to 
some degree, as measured by magnetic resonance imaging (MRI) [32]. Age is a primary factor 
predicting the presence or absence of degenerative changes, yet adults of any age can exhibit 
degenerative changes with a range of severity [41]. Aside from age, studies using identical twins 
suggest that heredity can explain a signification portion (50–70%) of the variation in disc 
degeneration among adults [41,42]. 
 

Degeneration of the discs does not imply pain or other symptoms. Severe radiographic 
degeneration of the lumbar discs is associated with a two-fold increase in the odds of suffering 
from chronic low back pain [32]; however, radiographic pathology does not explain pain 
intensity. For those with discogenic chronic low back pain, the severity of disc degeneration (as 
measured by MRI) is not necessarily associated with the severity of pain [32,43]. This suggests 
that the nature of discogenic pain is not fully explained by disc degeneration and limits the utility 
of radiography in the clinical assessment of pain. 

 
The degenerative structural changes in the disc can also lead to gross injury including 

annular tears and nuclear prolapse (herniation) [34]. These events can be painful and can affect 
neurologic function [44]. Both degeneration itself and gross injury to the disc can cause 
instability (a kinematic response under a given physiologic load in excess of the response found 
in the healthy condition [45]), which can contribute to the degenerative process. Patients with 
asymptomatic degenerate discs are not necessarily considered to have a pathology: degenerative 
disc disease refers only to pathological changes such as advanced structural failure coupled with 
discogenic pain [34]. The pain associated with degenerative disc disease often requires medical 
intervention. 
 
1.2 Surgical intervention for end-stage degenerative disc disease 
 

A primary treatment for end-stage degenerative disc disease—that is, a treatment 
frequently suggested when non-surgical treatments such physical therapy have not adequately 
alleviated pain—involves removing the disc and fusing the adjacent vertebral bodies [46]. Once 
the disc is excised, a fusion procedure involves the implantation of a “cage” seeded with 
osteogenic material derived either from a patient’s own living bone cells (for example, harvested 
from a patient’s ilium) or from bone morphogenic proteins derived from recombinant DNA [47–
49]. The cage is designed for two primary purposes: to provide stability and vertebral body 
separation in the immediate post-operative period; and to serve as a scaffold for the eventual 
bony union of the vertebral bodies (arthrodesis), which takes three to six months [47,49]. Metal 
rods and screws are often used to bridge the pedicles of adjacent vertebrae to provide an 
additional route of load transfer, further stabilizing the motion segment [50]. The goal of fusion 
in the treatment of degenerative disc disease is to eliminate relative motion between spinal 
structures, thereby alleviating pain cause by nerve compression [47,51]. 
 

Like disc degeneration itself, the effects of fusion are variable. In a review of randomized 
controlled trials, Mirza et al [52] found that lumbar fusion was not measurably more effective 
than structured rehabilitation coupled with psychotherapy in the treatment of discogenic back 
pain. Mannion et al [53] reviewed different randomized controlled trials and reached the same 



 4 

conclusion. Surgical indication may, in part, explain why fusion appears to benefit some patients 
more than others. A meta-analysis by Yavin et al [54] found that fusion was particularly 
beneficial in the treatment of spondylolisthesis but less effective for other degenerative 
conditions. In a study on 58 patients who received a lumbar fusion for degenerative disc disease 
and were followed for a minimum of two years, Moore et al [55] concluded that the return-to-
work rate (88%), reduction in narcotic use (29%), and frequency of pain improvement (86%) 
post fusion justified the procedure’s continued use. However, despite a 95% rate of radiographic 
arthrodesis in that study, nearly 20% of patients required long-term narcotic use for back pain 
and 14% had either the same or worse pain severity following fusion. The same study also 
indicated that arthrodesis—the surgical goal of fusion—does not necessarily address its clinical 
goal of alleviating pain [55]. Overall, there is no consensus on the use of lumbar fusion in the 
treatment of degenerative disc disease; some authors describe the procedure as justifiable, while 
others describe the risks to the patient as being unacceptable in light of variable long-term 
clinical outcomes and high rates of complication and revision [5,56]. 
 

The controversy regarding fusion in the treatment of degenerative disc disease is related, 
in large part, to fundamental biomechanical behavior of the fused spine. In particular, fusion at 
one level can cause a compensatory increase in motion at adjacent levels; this has been 
demonstrated in cadaveric, radiographic, and computational experiments [57–59]. The increase 
in adjacent-segment motion is associated with higher loads in the adjacent tissues [57,59–63]; for 
example, the pressure within the intervertebral discs adjacent to a fusion has been shown to 
increase in proportion to the number of segments fused [57,60]. It’s hypothesized that, following 
fusion, an increase in motion and load might exceed the healthy physiologic range, and therefore 
accelerate degeneration at adjacent levels. This phenomenon has been termed adjacent-segment 
disease and has been extensively documented in the literature [61,62]. 
 

Despite the established biomechanical changes following fusion, it’s unclear whether 
adjacent-segment disease is iatrogenically induced or the result of natural disease progression; in 
other words, the adjacent discs may degenerate regardless of a fusion. Discriminating the factors 
causing adjacent-segment disease has proven difficult since the typical fusion patient has both 
elevated adjacent-segment motion and a pre-existing, genetically-moderated musculoskeletal 
disease (such as degenerative disc disease), thus confounding the issue [62]. The clinical 
implications of adjacent segment disease are also a topic of controversy. It has been suggested 
that the adjacent segments degeneration at an accelerated rate may not necessarily alter patient 
outcomes [64]. 
 

Though the extent and clinical sequelae of adjacent-segment disease are not known with 
certainty, the variable long-term clinical outcomes of fusion and the numerous meta-analyses and 
randomized trials showing its limited efficacy compared to non-surgical options has motivated 
interest in alternative treatments to degenerative disc disease. Particular attention has been given 
to those approaches which preserve segmental motion and therefore, in theory, better replicate 
the motion and load-transfer patterns of the healthy spine. 
 
1.3 TDA to preserve segmental motion 
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Total disc arthroplasty (TDA, also referred to as total disc replacement or artificial disc 
replacement) is a surgical treatment for degenerative disc disease that involves removing the 
native intervertebral disc at the painful level and replacing it with a prosthetic component. The 
objective of this approach is for the implant to partially replicate the primary biomechanical 
functions of the healthy disc; that is, maintain vertebral-body separation (disc height), provide 
segmental stability, and enable typical levels of relative motion between adjacent vertebrae 
[7,65–70]. These functional objectives must be accomplished while also protecting the facet 
joints from unusually high stress, since injury to or degeneration of the fact joints can be painful 
and debilitating, and TDA can alter facet-joint forces [67,71,72]. The overall rationale of TDA is 
that, if the implant enables a pseudo-physiologic pattern of segmental motion, then it should 
generate pseudo-physiologic levels of stress in the surrounding hard and soft tissues, and should 
not, therefore, accelerate adjacent segment disc disease [68–70]. 
 

The functional objectives of TDA have inspired many approaches to implant design. The 
first TDA devices, implanted in the 1950s and 1960s, were monobloc spheres cast from stainless 
steel or vitallium: these simple metal balls were effective in some patients, but frequently 
subsided (displaced into the underlying vertebral body) [6,65,73]. Little development occurred 
for the next two decades, until surgeons at the Charité Hospital in East Berlin developed the SB 
Charité implant circa 1982 [6,74]. Unlike the monobloc metal balls, the SB Charité was 
comprised of three components: two metal footplates with a central spherical cavity, separated 
by a convex spherical ultra-high-molecular-weight (UHMWPE) insert (Figure 1–1A). The 
design philosophy of the SB Charité was that the metal-on-UHMWPE articulation would 
replicate the joint-level kinematic behavior of the native anatomy, similar to total knee and hip 
replacements [75]. While other implant approaches have also been described and developed, 
including elastomeric interbody devices [76,77], multi-component articulated designs are typical 
of modern implants (Figure 1–1). 
 
 Despite the theoretical advantages with respect to adjacent segment degeneration and 
substantial enthusiasm for the approach [78], TDA has not been widely adopted. In 2004, it was 
estimated that within five years TDA would replace nearly 50% of the fusion market [78]; 
however, in reality, procedure volume declined from 3,650 cases in 2005 to 1,863 cases in 2010 
[79]. In part, this “failure to launch” (as one author put it [79]) may relate to the extensive 
contraindications to TDA (Table 1–1) [25,28]. These contraindications, in part, relate to the 
implant’s biomechanics (for example, patients with low bone density are contraindicated for 
TDA due to concerns that the implant will subside or fracture the vertebral bone [25]). 
 
 Clinical results following lumbar TDA are mixed. A number of meta-analyses based on 
randomized controlled trials indicate that TDA is safe, effective, and non-inferior or superior to 
fusion two years post-operatively with respect to outcomes including patient satisfaction, level of 
pain, and level of disability [30,80–83]. A comprehensive meta-analysis that included robust 
treatment of bias [30] found a statistically significant benefit of TDA relative to fusion at a 
follow-up of two years; however, the magnitude of the benefit (< 5% change in Oswestry 
Disability Index) did not meet the pre-defined threshold for clinical relevance. A meta-analysis 
by Yajun et al [81] found a measurable benefit for TDA relative to fusion at a follow-up of two 
years but outcomes were equivalent after five years, consistent with other data [31]. Fewer data 
are available for follow-up periods greater than five years. Tropiano et al [84] found that 75% 
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(41/55) of TDA patients had good or excellent results after 7–11 years, though the remaining 
25% (14/55) had poor clinical results. Siepe et al [85] found that 64% (115/181) of patients were 
highly satisfied after 5–10 years with an overall complication rate of 14% (26/181). Lu et al [10] 
recently published a study reporting 15 year follow-up data for 30 patients, finding that levels of 
pain and disability were significantly lower than pre-operative levels in 93% of patients. Those 
authors also found a prevalence of subsidence of 11% [10]. A study on 53 patients with an 
average follow-up of 17 years [16]—the longest to date—found that 60% of patients experienced 
heterotopic ossification and spontaneous ankylosis related to the TDA, suggesting that the 
implant did not restore normal function or segmental motion in those patients. Reported 
complications that relate to the implant’s biomechanics include subsidence [8–11], dislocation 
[12–14], heterotopic ossification [15–19], and adjacent-level vertebral fracture [9,20–24]. 
Subsidence (Figure 1–2), in particular, will be discussed in each of the following chapters. 
 
1.4 Impingement 

 
Implant impingement—that is, contact between the rim of the polyethylene component 

and the metal footplate, or contact between two metal footplates (Figure 1–3)—can occur in both 
lateral and sagittal bending [14,86,95–97,87–94]. This loading mode is thought be relatively 
common following TDA, and can damage the ultra-high molecular weight polyethylene 
(UHMWPE) inserts used in many devices (Figure 1–4) [14,86,95,96,87–94]. The severity of 
damage to implant components, as well as  in vitro [94] and in silico [95] experiments indicate 
that large loads can be transmitted through the impinged regions. 
 
 The effects of impingement on the underlying vertebral bone are unclear [71,98]. A 
central aim of this dissertation is to study how impingement loading affects the stress in the bone 
tissue, the cortical-trabecular load-sharing behavior, and the whole-bone yield strength.  
 

Presented next are the composition, structure, and mechanics of bone tissue and the 
vertebral body. 
 
1.5 The composition, structure, and mechanics of bone tissue 
 
 Bone tissue is a composite material consisting mainly of the calcium phosphate mineral 
hydroxyapatite (approximately 65% by mass) surrounding fibrous collagen protein [99]. There 
are also other constituents, including water, non-collagenous proteins, and living bone cells. 
Three types of bone cells are responsible for either deposition, resorption, or maintenance of 
bone tissue: osteoblasts form new bone tissue by depositing collagen-rich organic material 
(osteoid) which binds to minerals; osteoclasts resorb bone tissue by secreting hydrochloric acid, 
dissolving the mineral; and osteocytes help maintain bone homeostasis, likely by directing tissue 
remodeling (e.g. osteoblast and osteoclast activity) via mechano-sensation, although the specific 
mechanisms are not fully understood [99–101]. 
  

The collagen fibrils surrounded by mineral (Figure 1–5, 0.1 µm size scale) organize 
typically into stacked sheets of lamellae (10 µm size scale), with fibrils that arrange 
unidirectionally in regions of a single sheet and vary directionally both within and between 
sheets [101,102]. Non-lamellar, randomly oriented bone called woven bone can also form, 
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typically during skeletal growth and fracture healing. In the case of lamellar bone, the stacked 
sheets organize next into either osteons (concentric rings of lamellae with a central canal [the 
Haversian canal] for vascularization and innervation) or stratify into a network of rods and plates 
(100–1000 µm size scale) [101,102]. Osteons organize roughly in parallel to comprise cortical 
bone, the solid-appearing exterior of most whole-bones. While appearing solid macroscopically, 
cortical porosity is typically 5 to < 30%, with small (< 200 µm) voids for Haversian canals, 
canaliculi, cells, and erosion cavities [102,103]. In contrast to cortical bone, trabecular bone is 
comprised of mostly non-osteonal lamellar bone which organizes into a series of interconnected 
three-dimensional rods and plates, forming the internal structure of many whole bones (e.g. the 
vertebral body) and bone regions (e.g. the proximal femur) [99]. The trabecular network includes 
large pores, typical 500–1500 µm thick, with an overall apparent porosity of 50–95% [102]. The 
porous regions of the trabecular bone typically fill with marrow in vivo, though this is not 
thought to have a substantial mechanical effect at physiologic strain rates [104]. 
 

The microscopic structural differences between cortical and trabecular bone tissue yield 
different mechanical properties. Most cortical bone exhibits approximately transversely isotropic 
behavior; that is, it has one set of mechanical properties along an axis of symmetry (oriented 
longitudinally along the axis of the osteons) and a different set of mechanical properties orthogonal 
to this long axis (Figure 1–6). Less is understood about the mechanical properties of trabecular 
bone tissue, primarily due to difficulties with experimental techniques of material characterization 
(such as uniaxial tension or compression tests) on small individual trabeculae [103,105]. 
Trabecular tissue is often assumed to be approximately isotropic (characterized by a single elastic 
modulus and Poisson ratio applicable to all loading direction) [106–108], partly because it lacks 
the parallel osteonal organization found in most cortical bone and partly because little data exist 
characterizing trabecular tissue anisotropy [104,109]. Data suggest that trabecular bone exhibits 
linearly elastic behavior [110], though reports of the trabecular tissue’s elastic modulus are highly 
variable, spanning roughly 1–20 GPa (typically ranging 10–20 GPa) [105,109,111,112].  
 

Regardless of the isotropy or anisotropy of the trabecular tissue itself, the structural 
organization of the trabecular tissue yields highly anisotropic whole-bone mechanical behavior 
associated with the direction of principal mechanical loads [105,111]. The ability of whole bones 
to resist mechanical loads depends on the trabecular orientation relative to the applied load [113], 
and trabecular bone re-models and re-orients in response to mechanical loading [114,115]. The 
organization of the trabecular bone tissue into a three dimensional, spatially variable network is 
referred to as the bone’s microstructure (or microarchitecture), which can be quantified using 
standard metrics. The microarchitectural metrics used here in the study of TDA-implanted 
vertebrae include trabecular bone volume fraction (BV/TV), mean trabecular thickness (Tb.Th), 
mean trabecular spacing (Tb.Sp), trabecular connectivity density (Conn.D), and mean ellipsoid 
factor (Tb.EF; a relatively new metric which quantifies the relative rod- versus plate-like 
geometry more accurately than structural model index [SMI], the historic predicate [116,117]). 
Each parameter is described in more detail in the following chapters. 
 
 Bone tissue yields at a low magnitude of strain (≤ 1%) that depends on the loading mode 
[110]. Strength is lower in tension than in compression, with a tension-compression strength-
asymmetry ratio of approximately 0.4–0.7 [109,110,118,119]. Though the strength is 
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asymmetric, the elastic modulus of bone tissue is approximately symmetric in tension versus 
compression (Figure 1–6) [102,110]. 
 

Other important aspects of bone-tissue mechanical behavior relate to viscoelasticity, 
monotonic fracture, and fatigue fracture. Briefly, bones are hydrated in vivo and this hydration is 
essential to normal mechanical function; dry bones are stiffer and more brittle than wet bones 
[103]. However, viscoelastic effects are small over typical variations in physiologic rates of 
strain. For example, a one-thousand-fold increase in strain rate results in less than a 50% change 
in elastic modulus and strength [103,104], suggesting that bone-tissue material properties should 
be relatively constant for many physiologic activities but could change appreciably the event of 
high-strain rate event such as a car accident or other trauma. Consistent with its viscoelastic 
nature, creep deformation can also occur in bone tissue [104]. In fatigue loading, trabecular bone 
cores display S–N type behavior; the number of cycles to failure relates closely to the apparent 
stress normalized by the initial apparent elastic modulus [104]. 
 
1.5 The vertebral body 
 

The vertebral body—referring to the anterior weight-bearing region of the vertebra 
excluding the posterior elements—is comprised primarily of trabecular bone with an external 
cortical shell and covered on both ends with osseous endplates (Figure 1–7). The cortical shell 
and endplates are thin, typically less than 0.5 mm thick [120]. Despite being referred to as 
cortical bone, the vertebral cortex does not usually contain the same osteon density as cortical 
bone elsewhere in the body [121] and may therefore not follow a transversely isotropic 
constitutive tissue material model rooted in osteon orientation. It has been suggested that the 
cortical bone in the vertebral body better resembles condensed trabecular bone histologically 
[120,122]; this observation motivates the tissue-level modeling assumptions used in the finite 
element experiments described later. 
 
1.6 Micro-computed-tomography-based finite element modeling 
 
 Micro-CT-based finite element analysis has been used extensively in the bone 
biomechanics field to provide insight into a diverse class of problems including the estimation of 
bone-tissue elastic and failure properties, and mechanisms of osteoporotic fracture in the hip and 
spine [107,108,123–127]. The main advantage of micro-CT versus other computed-tomography-
based finite element approaches (such as those based on quantitative-computed tomography) is 
that the spatial resolution of micro-CT (< 1 to ~80 µm) is such that the accurate geometric details 
of the trabecular microstructure are captured in three dimensions; thus, finite element models 
based on micro-CT image data intrinsically incorporate the contributions of the complete 
morphometry of the calcified bone tissue, including the structural anisotropy and connectivity of 
the trabecular microstructure. Typically in this approach, the voxels comprising the micro-CT 
data are converted directly into hexahedral finite elements, bypassing the need for a more 
complex mathematical description of the trabecular bone geometry as required for isoparametric 
and smoothed meshes [128].  
 
 A key advantage of this high-resolution approach is that it enables estimation of the 
micromechanics, including stress, within the bone tissue itself (Figure 1–8) [107,129,130]. When 



 9 

first implemented, micro-CT-based finite element analysis represented a major methodological 
advance in bone biomechanics [128] relative to quantitative-computed tomography- (QCT-) 
based finite element models. QCT-based finite element models use population-based-statistical 
material models to relate apparent bone mineral density to apparent elastic modulus at the 
continuum level, neglecting the realistic morphometric details of the microstructure [71]. 
 
 A second advantage of finite element modeling—not unique to micro-CT-based 
models—is that, unlike many physical biomechanical tests, finite element analysis is non-
destructive. The non-destructive nature enables highly controlled parameter studies (typically 
involving repeated measurements taken on the same specimen) to investigate the independent 
roles of key variables, such as loading mode, implant size, or material properties. The accuracy 
of all finite element models depends on the accuracy of the geometric representation of the data, 
constitutive model, choice of boundary conditions, and the extent of numerical convergence 
[131]. Details of the validity of the method used in this dissertation are provided in the 
subsequent chapters and supporting experimental data collected by others is included in the 
appendix (Appendix 7.9). 
 
 One challenging aspect of micro-CT-based finite element analysis relates to the model 
size; that is, the number of degrees of freedom, or algebraic equations that must be solved. 
Convergence studies [132,133] have recommended that approximately four finite elements (on 
average) span the thickness of the individual trabeculae: to meet this criterion, small human 
trabecular bone cores (8 mm diameter, 20 mm length) require millions of elements, presenting 
substantial technical challenges related to computational time [119,126,134]. High-resolution 
whole-bone models based on this approach are therefore infeasible with serial finite element 
codes implemented using conventional computer hardware [134]. However, parallel finite 
element approaches implemented on high-performance supercomputing clusters make the study 
of larger regions of interest possible; for example, studies on entire human vertebral bodies and 
proximal femurs with over 100 million elements, and which account for geometric and material 
nonlinearites in the bone tissue, have been conducted in parallel on high-performance 
supercomputers [135]. On a single modern processor the same study would have required an 
equivalent computational time of over 300 years [135].  
 

The micro-CT-based finite element approach used here utilizes a parallel finite element 
framework (Olympus [134]) implemented on a 18-petaflop supercomputing cluster (Stampede2; 
Texas Advanced Computing Center; Austin, TX). This supercomputing cluster contains 4,200 
Intel Xeon Phi 7250 compute nodes, each with 68 cores and 96 GB RAM; plus 1,736 Intel Xeon 
Platinum 8160 compute nodes, each with 48 cores and 192 GB of RAM—making it one of the 
largest civilian supercomputers in the world [136]. 
 

Olympus’s numerical methods involve a parallel mesh partitioner to construct sub-
problems on each processor so that the overall finite element problem can be solved in parallel, 
utilizing thousands of processors simultaneously. Each sub-problem—typically comprising 
~150,000–300,000 mesh nodes (based on computational-time optimization studies)—is solved in 
serial using a standard finite element code; in other words, each processor computes the entire 
stiffness matrix and residual vector for the mesh nodes partitioned to that processor [134]. As the 
smaller sub-problems are solved on each processor, the Olympus code uses an inexact Newton 
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method to control the overall solution process: each Newton iteration is solved using a parallel 
algebraic multigrid solver. When implemented on a high-performance scientific supercomputing 
cluster such as Stampede2, this finite element approach can simulate whole bone models that 
incorporate both material nonlinearties (e.g. tissue yielding and plastic deformation) as well as 
geometric nonlinearities (e.g. finite strain assumptions, wherein the stiffness matrix is updated 
based on changes in the mesh’s orientation). In the modeling of human bone, accounting for both 
of these nonlinearities is required in order to accurately capture the large-deformation 
mechanisms in bone tissue; these large-deformation effects can be substantial in bones with low 
volume fractions [119]. 
 
 The work presented here is the first of its kind to apply this high-resolution modeling 
approach to the bone biomechanics of whole human vertebrae implanted with TDA implants. 
The fundamental insight enabled by this approach has substantially advanced the bone 
biomechanics field; likewise, applying this approach to TDA implants has the potential to 
substantially advance the study of bone-implant systems in the human spine. 
 
1.7 Objectives and scope of the dissertation 
 

The goal of this dissertation is to elucidate the biomechanical behavior of the vertebral 
bone supporting a lumbar TDA implant. The work comprises three separate but related in silico 
experiments conducted on pre-existing micro-CT data of 12 human lumbar vertebrae from male 
and female cadavers spanning a wide range of ages (51–89 years), bone volume fractions 
(0.060–0.145), and overall vertebral morphologies. 
 

The first study (Chapter 2) addresses the need to understand how bone tissue stress varies 
as a function of the size and material properties of the implant footplate (the implant component 
directly loading the bone), as well as the loading mode of the implant (axial compression versus 
forward flexion). Understanding the role of footplate size on bone tissue stress is essential 
because smaller implant footplates have been linked to implant subsidence [8], though the 
mechanisms in the bone governing this behavior are unclear. For example, it’s not known 
whether the implant’s loading mode changes the relationship between implant size and bone-
tissue stress. A second goal is to understand how the implant’s size, material properties, and 
loading mode alter the way in which load is shared between cortical and trabecular 
compartments, a fundamental biomechanical issue which may help mechanistically explain 
implant-induced alterations in whole-bone strength or tissue remodeling. 
 

The second study (Chapter 3) addresses the role of bone porosity and morphologic 
heterogeneity on bone tissue stress following TDA using a clinically reasonable footplate size. 
Low apparent bone mineral density (porosity = 1 – trabecular bone volume fraction, proportional 
to apparent bone mineral density) has been linked to implant subsidence and vertebral fracture 
[9,137], yet it’s unclear how the stress in the bone depends on the porosity of the underlying 
vertebral body. In part, this study was also designed to assess whether the results from Chapter 2 
are generalizable to a larger set of human lumbar vertebrae; therefore, n = 12 bones were 
included in this study. 
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The third study (Chapter 4) addresses the independent and combined roles of the 
vertebral morphology and microarchitecture—such as the trabecular bone volume fraction, mean 
trabecular thickness, mean cortical thickness, etc.—on whole-bone yield strength. A central goal 
of this study was to assess whether the yield strength of the vertebral body is altered by the 
presence of an implant (relative to loading via bone cement, typical in biomechanical 
experiments) or on the loading mode of the implant. Studying the roles of bone morphology and 
microarchitecture on whole-bone yield strength is essential to help identify the features of the 
bone associated with a lower overall strength when load is applied via a TDA implant, which 
could relate to implant subsidence. In turn, this insight could motivate device designs that reduce 
the risk of subsidence, identify new in vitro test protocols for device development and regulation, 
and help clarify discrepancies in clinical guidelines such as whether osteopenia or osteoporosis is 
a more appropriate clinical exclusion criteria. 
 
 The final chapter (Chapter 5) summarizes the conclusions and suggests topics for further 
research. 
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Table 1–1. Contraindications to TDA cited in clinical studies. Adapted from [25]. 
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Figure 1–1. Modern lumbar total disc replacement devices. (A) Charité III, DePuy Synthes Spine 
(B) ProDisc-L, Centinel Spine (C) activL, Aesculap Implant Systems (D) Maverick, Medtronic 
(E) Kineflex, Simplify Medical (F) Freeedom, KIC Ventures. Reproduced from [6]. 
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Figure 1–2. Lateral radiograph showing implant subsidence into the vertebral body, one of the 
most frequently reported complications following TDA. Reproduced from [11]. 
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Figure 1–3. (A) Illustration of impingement induced by sagittal bending. (B) An explanted TDA 
footplate demonstrating anterior flexion-induced impingement damage (red). (A) and (B) 
reproduced from [93]. (C) Lateral radiograph showing extension-induced impingement in vivo. 
Reproduced from [92]. 
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Figure 1–4. Retrieved ultra-high molecular weight polyethylene inserts damage by impingement 
in vivo. The severity of damage indicates that large loads can be transmitted through the 
impinged regions. Reproduced from [14]. 
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Figure 1–5. The structural hierarchy of bone tissue from 0.1 to >1000 µm. Reproduced from 
[102]. 
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Figure 1–6. Idealized stress-strain curves of typical cortical bone tissue depicting transverse 
elastic isotropy (separate elastic modulii for the longitudinal versus circumferential or radial 
[transverse] directions). Unlike most cortical bone, vertebral cortical bone does not have many 
osteons and its behavior is not necessarily transversely isotropic. (A) Reproduced from [103], 
data derived from [138]. (B) The elastic modulus of bone tissue is similar in compression and 
tension, though the yield strengths are asymmetric. Reproduced from [102]. 
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Figure 1–7. A transverse (left) and sagittal (right) cross-section of a human lumbar vertebral 
body from a 54-year-old male cadaver as imaged with micro-CT (thickness = 37 µm = isotropic 
scan resolution). The vertebral body is comprised primarily of trabecular bone with a thin 
cortical shell and thin endplates (each typically < 0.5 mm thick [120]). A global threshold was 
applied to segment the marrow and soft tissue from the calcified bone. 
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Figure 1–8. A mid-sagittal cross-section of a human lumbar vertebral body virtually implanted 
with an elliptical TDA footplate. Micro-CT based finite element analysis (in which the bone 
geometry is based on a one-to-one mapping of voxels to finite elements) was used to calculate 
bone tissue stress (colors). 
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2. The effects of implant size and stiffness on trabecular-cortical load-sharing behavior 
and tissue-level stress 

 
2.1 Introduction 
 

Reduced implant coverage—a smaller footprint of the implant on the vertebral 
endplate—is associated with elevated interfacial stresses [139] and a higher incidence of implant 
subsidence [8], suggesting that small implants may cause high stresses and failure of underlying 
bone. Implants that cover an equivalent percentage of the vertebral endplate but have different 
shapes can require different forces to subside into the bone because they recruit different regions 
of the endplate and underlying trabecular microstructure [140]. Despite this understanding, the 
fundamental load-transfer behavior within a vertebral body supporting a TDA implant remains 
largely unknown. For example, it’s not known whether implant-induced changes in stress occur 
in local regions adjacent to the implant and then dissipate in deeper regions, or whether the 
extent of the vertebral body is impacted. Similarly, it’s not known how stresses within the 
trabecular microstructure change as a function of implant size or material. The etiology of 
subsidence also remains unclear. Data from Punt et al [8] show that for 60% (21/35) of clinically 
diagnosed cases of subsidence, the implant footprint did not subside in a parallel manner but 
rather rotated by at least 5° relative to the bony endplate. This suggests that bending could be 
involved in subsidence, though this link has not been previously established. 

 
In part, these uncertainties arise because of the structural complexity of the human 

vertebral body, including the spatially variable trabecular microarchitecture and thin cortical 
shell and endplates. Addressing this issue, the goal of this study was to elucidate the role of 
implant size and stiffness on load-transfer behavior within the vertebral body following TDA, 
accounting for realistic multi-scale geometric features of human vertebral bone. Micro-computed 
tomography- (micro-CT)-based finite element analysis was used to capture and analyze these 
features. The high resolution and mechanistic nature of micro-CT-based finite element analysis 
has provided unique insight into the mechanisms of osteoporotic wedge-fracture [107], the 
mechanical role of the trabecular microstructure [108], in vivo structural changes to bone [127], 
and fundamental properties of bone tissue [123,124] and is therefore well suited to investigate 
tissue-level mechanics following TDA. Specifically, for both uniform compression and flexion-
induced anterior impingement, the effects of implant size and stiffness on trabecular-cortical 
load-sharing behavior, stress and stress changes in the vertebral bone tissue, and the spatial 
distribution of tissue at the highest risk of failure were investigated. The resulting insight can 
help elucidate fundamental biomechanical behavior for this class of device, including how 
implant design may facilitate the replication of a natural biomechanical environment in adjacent 
vertebrae. 
 
2.2 Methods 
 
Study Design 
 

This study comprised parametric, high-resolution, micro-CT-based finite element 
analysis of a human vertebral body virtually implanted with generically shaped elliptical TDA 
implants of varying sizes and stiffness and loaded in compression and flexion-induced anterior 
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impingement. Generic implant footplates were modeled as 3-mm-thick elliptical plates with 
varying major and minor diameters. This simplified implant model assumes that subtle details of 
the implant geometry have only a secondary effect on tissue-level stresses within the vertebral 
body relative to footplate size (Appendix 7.1). Implant models were compared against an intact 
(no-implant) case, which simulated loading via a disc-like material covering the superior and 
inferior endplates. 
 
Specimen Preparation and Micro-CT Scanning 
 

Existing micro-CT image data from one human L1 vertebral body from a de-identified 
80-year-old male cadaver with no history of metabolic bone disorder was analyzed in this study. 
The bone volume fraction (BV/TV) was 0.23 for the entire vertebral body (cortical shell 
included). This value is higher than has been reported for osteoporotic vertebrae [141] and is 
therefore typical of what would be expected for a TDA candidate. The micro-CT scan had an 
isotropic pixel size of 37 µm and the posterior elements were removed to isolate the vertebral 
body. To reduce computational cost, the scan was coarsened to 74 µm before the hard-tissue and 
marrow were segmented using a global threshold value. Bone tissue was then compartmentalized 
into trabecular, cortical, and endplate tissue using custom algorithms described elsewhere 
(Figure 2–1A) [142]. A planar surface was virtually created superiorly to mimic surgical 
preparation [143,144] prior to TDA implantation. This required resection through parts, but not 
all, of the osseous endplate. 
 
Finite Element Analysis 
 

Each 74 µm voxel in the coarsened scan was converted into an 8-noded hexahedral finite 
element [142]. A TDA implant, also modeled using voxels, was placed such that the implant 
center coincided with anterior-posterior (A/P) and medial-lateral (M/L) midpoint of the vertebral 
body (the A/P dimension was measured from the vertebral foramen). 

 
To simulate compressive loading of an intact disc, a uniform compressive displacement 

boundary condition was applied to the superior disc (Figure 2–1A). Following calculation of the 
finite element solution, results were scaled linearly to produce a net reaction force of 800 N 
(approximately 1x body weight [145]), a typical force at that spinal level for static standing 
[146]. To simulate flexion of an intact disc, a displacement boundary condition was used to 
rotate the disc in the mid-sagittal plane about the far posterior-superior point, simulating flexion 
over a single motion segment (Figure 2–1B) [107,147]. Results were then scaled linearly to 
produce an overall reaction force of 800 N. While flexion can increase loads on the spine two- to 
three-fold compared to what was modeled here [146,148], a reaction force of 800 N was 
maintained in order to facilitate comparison across models. Compression of an implanted 
segment was modeled by applying a uniform force of 800 N to the superior implant footplate 
(Figure 2–1C). Flexion of an implanted segment was modeled by assuming impingement 
between the footplate and the insert (Figure 2–1D). There is substantial evidence that 
impingement occurs in vivo in flexion/extension and lateral bending for both unconstrained (e.g. 
Charité) and semi-constrained (e.g. ProDisc-L, activL) devices [14,86,91–96]. Analysis of 
retrieved implants and in vitro experiments suggests that large loads are transmitted through the 
impinged regions during bending [14,86,94]. Therefore, flexion of an implanted segment was 
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modeled by applying a net force of 800 N to a 2 mm thick, 90° arc of the footplate, representing 
load-transfer through the footplate induced by impingement (Figure 2–2). The distance from the 
implant center to the impinged region (r) was set as 40% of the footplate A/P diameter and was 
chosen because it represents a typical impingement moment arm for devices used clinically. For 
all models, an intervertebral disc-like material was modeled inferiorly using a roller-type 
(symmetry) boundary condition applied to the base of a 4-mm-thick disc, thereby simulating an 
8-mm-thick disc with unconstrained bulging. 
 

All bone elements were assigned the same elastic material properties (E = 10.3 GPa, ν = 
0.30 [149]). While absolute values of stress in the bone directly depend on the choice of tissue 
material properties, the relative outcomes described here are insensitive to uncertainties in tissue 
modulus over a realistic physiologic range (Appendix 7.2). Disc elements were assigned material 
properties consistent with the measured effective (homogenized) modulus of the disc at a low 
loading rate (E = 8 MPa, ν = 0.45 [106]). Implant modulus was parametrically varied as 
described below (ν = 0.33). Perfect bonding was assumed at all interfaces, thereby modeling full 
footplate fixation in the bone [71,150]. 
 

As described below, a total of twenty analyses were run. Depending on implant size, 
individual models had 36–46 million elements and 141–174 million degrees of freedom. All 
analyses were linearly elastic and were solved on a supercomputing cluster (Stampede2, Austin, 
TX) using a custom finite element code that included a parallel mesh partitioner and an algebraic 
multi-grid solver [134]. A typical analysis utilized 1,100 processors, 3,000 GB of memory, and 
required over 200 CPU hours. 
 
Parametric Variation 
 

Both implant size and elastic modulus were parametrically varied. Three implant sizes 
were modeled to represent small, medium, and large implants. The major and minor implant 
diameters were defined as 50%, 75% and 100% of the M/L and A/P dimensions of the vertebral 
body (44.6 mm M/L, 31.5 mm A/P) for the cases of small, medium, and large implants, 
respectively. A survey of lumbar TDA implants (Charité III, Maverick, ProDisc-L, MobidiscL, 
activL) showed dimensional ranges of 28.5–42.5 and 23.0–36.0 mm (M/L and A/P, respectively, 
min–max). Thus, the medium implant in the current study is within the range of clinically used 
implants, while the small and large implants represent dimensional extremes. For each implant 
size, three implant materials were analyzed. Elastic moduli of 100 GPa, 1 GPa, and 0.01 GPa 
were chosen to represent generic metallic, polymeric, and hypothetical tissue-engineered 
implants, respectively [106,151]. 
 
Outcomes 
 

The primary outcomes were: 1) trabecular-cortical load-sharing behavior; 2) the spatial 
distribution of tissue at the highest risk of initial failure; and 3) stress and stress changes in the 
bone tissue relative to the intact model. Trabecular-cortical load-sharing was quantified using the 
cortical load fraction, which was calculated at each transverse slice as the ratio of axial force in 
the cortical bone to that in the whole vertebra; trabecular load fraction equals unity minus 
cortical load fraction [142]. High-risk tissue was defined as the 10% of bone tissue at the highest 
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risk of initial failure [107]. This was quantified by taking the ratio of the maximum and 
minimum principal stresses of each bone element (calculated at the element centroids) to its 
tensile (61 MPa) or compressive (150 MPa) yield stress [119], respectively, then taking the 
higher value of this ratio. After ranking values across all elements, high-risk tissue was defined 
as the top 10% of values [106,107]. To evaluate tissue-level stress in the bone, the minimum 
principal stress (calculated at the element centroids) was visually plotted and compared. To 
quantify changes in stress compared to normal physiologic loading, the von Mises stress 
(calculated at the element centroids) for each implanted model was subtracted, element-by-
element, from the intact model. 
 
2.3 Results 
 

In both axial compression and flexion-induced anterior impingement, the presence of an 
implant altered the trabecular-cortical load-sharing behavior and spatial distribution of high-risk 
tissue relative to the intact disc both adjacent to the implant and also deep into the vertebral body 
(Figure 2–3). These alterations depended more on implant size than material. 
 

In compression, the cortical shell experienced less overall load relative to the intact disc 
for all implant sizes and materials (Figure 2–3A). Among the implant models, the large implant 
transferred the most load into the cortical shell and thus best replicated the intact disc in 
compression. In flexion, on the other hand, the cortical load fraction for the implant models 
could be either less than or greater than that of the intact disc, depending on implant size (Figure 
2–3B). Small and medium implants decreased, while large implants increased, the cortical load 
fraction relative to the intact disc, regardless of implant material. For the large size, the cortical 
load fraction exceeded that of the intact disc by up to 23% (this occurred 9 mm away from the 
bone-implant interface, at an axial position of 70%). At most axial positions, the medium implant 
best replicated the load-sharing behavior of the intact disc in flexion. 

 
Flexion of medium and large implants shifted high-risk tissue anteriorly in a way that 

flexion with an intact disc did not (Figure 2–3D). For the intact disc, flexion skewed the high-
risk tissue distribution anteriorly; however, the high-risk tissue was also distributed over the A/P 
extent of the bone. Conversely, for the medium and large implants, flexion induced a spike in 
high-risk tissue anteriorly (6 mm from the bone’s anterior edge, at a relative A/P position of 
18%). The peaks of the high-risk distribution for medium and large implants were 170 and 200% 
larger, respectively, than that of the intact disc (this a measure of how localized the high-risk 
tissue is, since the area under all curves is equivalent by definition). Thus, in flexion, bone at the 
highest risk of failure was concentrated anteriorly for medium and large implants whereas it was 
distributed over the A/P extent of the bone for the intact disc. The small implant did not shift 
high-risk tissue to anterior regions or increase the peak value of the distribution relative to the 
intact disc. In flexion, the small size best replicated the intact disc with respect to the A/P 
distribution of high-risk tissue. 

 
The magnitude of the minimum principal stress in the bone tissue was higher in flexion 

than in compression and tended to increase as implant size decreased (Figure 2–4, Figure 2–5). 
For the intact disc, flexion increased the 98th percentile of minimum principal stress in the bone 
by 18% (17 versus 20 MPa, compression versus flexion.  In contrast, flexion of the medium 
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implant increased trabecular stress by 49% (35 versus 52 MPa, compression versus flexion, 
median between implant materials) and cortical stress by 150% (12 versus 30 MPa, compression 
versus flexion, material median, Figure 2–5). The high stress values that developed within the 
trabecular bone for the medium implant in flexion were similar to those that developed for the 
small implant in compression (medium: range 48–58 MPa, small: range 50–52 MPa across 
materials). The large implant was most similar to the intact disc in compression; it increased 
trabecular and cortical stresses by 24% and 17%, respectively (trabecular: 21 versus 26 MPa, 
cortical: 12 versus 14 MPa, intact disc versus large implant in compression, material median). In 
flexion, however, the large implant increased trabecular and cortical stresses by 80% and 214%, 
respectively, relative to the intact disc in flexion (trabecular: 25 versus 45 MPa, cortical: 14 
versus 44 MPa, intact disc versus large implant in compression, material median). The large 
implant thus overloaded the cortical shell in flexion. 

 
 Tissue-level changes in von Mises stress between the implanted and intact models 
showed that implants altered stress deep into the vertebral body (Figure 2–6). At a mid-sagittal 
location, flexion of the medium and large implants increased stresses in the anterior cortex by at 
least 100% throughout the S/I extent of the vertebra. For the small implant, stress in the 
trabecular centrum both adjacent to the implant and also in deeper regions of the vertebral body 
increased by at least 100% in both compression and flexion. 
 

In compression, large implants caused 34 ± 1% of bone tissue to experience von Mises 
stress changes greater than ± 50% relative to the intact model, compared with 51 ± 2 and 58 ± 
0% of bone tissue for medium and small implants, respectively (material median ± range). In 
flexion, on the other hand, large implants caused 57 ± 3% of bone tissue to experience von Mises 
stress changes greater than ± 50% relative to the intact model, compared with 51 ± 1 and 53 ± 
8% for medium and small implants, respectively (material median ± range). 
 
2.4 Discussion 
 

These results indicate that the presence of a TDA implant can substantially alter cortical-
trabecular load-sharing, the spatial distribution of high-risk tissue, and stress in bone tissue 
throughout the vertebral body relative to an intact disc. Implant size has a larger effect on these 
alterations than implant material in both compression and flexion-induced anterior impingement. 
The differences in load-transfer behavior between the intact model and the implant models were 
much larger for flexion-induced anterior impingement than for compression. In other words, 
flexion to the point of impingement with an implant caused much larger deviations from the 
natural biomechanical environment compared to compression with an implant. Specifically, 
flexion with an implant caused local increases in stress anteriorly and shifted the tissue at the 
highest risk of failure to local anterior regions. This behavior was accentuated as implant size 
increased but did not depend much on implant material properties. 
 

The medium implant in this study is of particular interest because it’s most representative 
of devices used clinically: the dimensions of the implant and dimensional mismatch between the 
implant and the underlying vertebra are both within the range found clinically [152]. Results 
suggest that implants of this size recruit less overall cortical bone than the intact disc in 
compression, thereby overloading the trabecular centrum, at nearly all axial positions in the 
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vertebral body. For flexion-induced anterior impingement, the medium implant substantially 
elevated load in the anterior cortex and anterior trabecular centrum relative to flexion with the 
intact disc (> 100% change in minimum principal and von Mises stress) and concentrated the 
tissue at the highest risk of failure anteriorly. Thus, most TDA implants, regardless of their 
overall stiffness properties, likely diminish the load-bearing role of the cortical shell in 
compression, rely more on anterior trabecular regions and the anterior cortex to resist the loads 
that develop in flexion, and otherwise re-distribute stress in a large portion of the underlying 
vertebral body. Further, the large increases in stress and anterior concentration of high-risk tissue 
in flexion suggests that, for implants of this size, bending to the point of impingement may be a 
causal factor for subsidence in vivo. 
 

The mechanisms underlying the anterior shift in high-risk tissue and the elevated stresses 
in the anterior cortex when the medium and large implants are loaded in flexion relate to the 
boundary conditions induced by impingement. For a given implant size and applied force, the 
stress distribution was impacted much more by the loading mode of the implant (compression 
versus flexion-induced anterior impingement) than by the implant’s material properties. 
Impingement, defined as contact between secondary, nonbearing surfaces [153] (for example, 
between the rim of the articulating insert and the metallic footplate, or between two metallic 
footplates) has been reported to occur in 9–66% of cases [88,89,92] and has been documented 
for nearly all major device designs (Charité [87,89,90], ProDisc-L [88,92,97], activL [91,93], 
MobidiscL [91]). When impingement occurs, large loads can be transmitted through the 
impinged region [14,90,94,96]. Both anterior and posterior impingement are possible for flexion 
and extension, respectively [88,92,94,96,97]. The current data show that for anterior 
impingement induced by flexion, the anterior portions of the cortex and underlying trabecular 
bone must accommodate nearly all of the load for medium and large implants. This shifts the 
tissue at the highest risk of initial failure to regions adjacent to the impingement. For small 
implants, the anterior cortex is not involved in load-redistribution induced by flexion. 
 

The geometric detail with which the vertebral body supporting a TDA implant was 
modeled is novel and enables insight that both complements and extends prior understanding. 
The impact of implant size has been previously explored by Auerbach et al [139] using pressure 
film analysis; they found that larger implants decrease contact stress at the bone-implant 
interface in axial compression compared with smaller implants. Their representative pressure 
film data appear similar to the current results for a similarly sized implant with respect to the 
magnitude and spatial distribution of axial stress at the endplate (after linear scaling to an 
equivalent applied force), thus providing external experimental support for the validity of the 
model used here. Their results, however, are limited to the analysis of stress for a single loading 
mode (axial compression) at a superficial region (the bone-implant interface). In contrast, a 
strength of this study is the elucidation of the stress distribution throughout the vertebral bone 
tissue as a function of implant size, as well as the interaction between implant size and loading 
mode. Rundell et al [71] used a quantitative-CT-based finite element model to assess the impact 
of axial compression, flexion/extension, and lateral bending on vertebral body strains. Their data, 
consistent with the stress data reported here, suggest that extensive strain redistribution within 
the vertebral body can occur following TDA for implants of normal clinical size, regardless of 
loading mode. In particular, they found anterior strain maxima following flexion with an implant 
which did not occur for flexion with an intact disc, thus corroborating one of the findings of this 
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study. However, their finite element approach employed elements with 1 mm edge lengths, 
thereby modeling the vertebral body as an analogous continuum structure and not one comprised 
of a trabecular structure. While the former may be sufficient to assess macroscopic properties 
such as vertebral body strength, the latter is more realistic in estimating actual physiologic tissue-
level behavior. Further, their boundary conditions included fully fixing the inferior endplate, 
which neglects the impact of the adjacent disc on strains within the vertebral body. Prior studies 
have shown that fixing the inferior endplate (e.g. potting in PMMA), will result in a different 
stress distribution within the vertebra than when loaded via an intact disc [107]. Thus, their 
reported strain distributions may better approximate in vitro experiments in which the vertebral 
body is potted in PMMA as opposed to in vivo behavior in which the bone is loaded inferiorly 
via a disc, as was done here. Taken together, the fidelity with which the spatially variable 
trabecular microstructure and thin cortical shell and endplate were modeled, coupled with the 
combination of implant size, material parameters, and boundary conditions, provides unique 
insight into the mechanical behavior of the human lumbar vertebral body for this class of 
implants. 
 

The primary limitations of this study are its use of just a single vertebra and its theoretical 
nature. Microarchitectural parameters, such as bone volume fraction, vary between specimens 
and can impact mechanical behavior [119]. However, studies on n = 22 [107] and n = 13 [142] 
non-osteoporotic human vertebrae show a consistent pattern of cortical-trabecular load-sharing, 
which was also exhibited by the vertebra studied here. Thus, these results should likely extend to 
most non-osteoporotic vertebrae, though a larger sample size is necessary to confirm their 
generality. A substantially lower bone volume fraction representative of osteoporosis might 
result in different behavior, since structural redundancy is lost with osteoporosis [154]. In part, 
this may help explain the contraindication of TDA for osteoporotic patients. 

 
A second limitation stems from the purely computational nature of this study. The finite 

element approach used here has been shown to accurately predict whole vertebral-body and 
trabecular-core strength compared to experimental values (Appendix 7.9), implying that the 
dominant structural mechanisms in the bone are well-captured [119,154]. The disc was also 
modeled as a homogenous isotropic elastic material, thereby neglecting the details of the 
gelatinous nucleus pulposus and lamellar annulus fibrosus. However, with degeneration, 
compressive loads are thought to transmit directly through the annulus [102] as the nucleus shifts 
from a fluid-like to solid-like structure [155]. Thus, in terms of loads experienced by the 
vertebral body, the annulus-type material properties assigned to the disc should reasonably 
simulate a state of disc degeneration associated with the aged nature of the vertebra. Further, the 
prediction of the high-risk tissue distribution for the intact model is consistent with the location 
of bone failure observed for cadaveric vertebrae loaded via degenerated discs [156,157]. Finally, 
the implant model omitted the protrusions (such as the spikes or teeth used for fixation) found on 
real implants. A sensitivity study (Appendix 7.1) indicated that using a higher fidelity implant 
model that includes protrusions had a negligible effect on reported results and would not alter the 
conclusions. However, some implants utilize a keel instead of a series of teeth for fixation. Since 
these keels are large and can extend deep into the vertebral body, it’s possible that keeled 
implants could exhibit fundamentally different behavior than that reported here. Therefore, 
interpretation of these results should be limited to non-keeled implants. 
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A planar surface was created superiorly to replicate a TDA procedure [143], which 
included resection through parts of the osseous endplate. There is clinical agreement that the 
osseous endplate should be preserved and that only the disc and cartilaginous endplate should be 
resected during TDA [143,144]. However, it was not possible to create a planar surface without 
resecting parts of the osseous endplate due to its inherent irregularity. This raises the question of 
whether complete endplate preservation might have enabled the implants to better replicate the 
intact model. Results from a prior study (n = 5 L1 vertebrae) indicate that, compared with full 
endplate preservation, full endplate resection only minorly altered maximum cortical load 
fraction (decrease of 4%, p < 0.01) and had a similarly small effect on high-risk tissue 
distribution [158]. Therefore, resection likely did not have a large effect on the results. Some 
endplate resection may be clinically relevant, since the extent to which the cartilaginous endplate 
(approximately 0.80 mm thick [159,160]) can be intra-operatively resected while fully 
preserving the osseous endplate (approximately 0.50 mm thick [120]) is unclear. While 
preserving all of the osseous endplate would result in a slightly larger cortical load fraction, this 
would not alter the conclusions. 
 

Despite these limitations, these results may have clinical implications. Clinical evidence 
suggests an etiologic link between implant subsidence and implant impingement [14,87,91,93]. 
However, the mechanisms underlying this phenomenon are not understood. It has been suggested 
(but not experimentally demonstrated) that the implant subsidence causes impingement 
[14,86,91,93]. In other words, it’s been suggested that the implant position changes following 
subsidence which then increases its proclivity to impinge. However, these data suggest the 
opposite is also feasible—that impingement causes subsidence. The data suggest that flexion-
induced anterior impingement substantially increased stress in the bone and concentrated the 
high-risk tissue to local anterior regions. The 800 N force applied in both compression and 
bending (approximately 1x body weight [145]) facilitated comparison between models since it 
enabled isolation of the interaction between size and loading mode. However, the forces on the 
vertebral body generated in vivo during flexion can be two to three times body weight [146,148], 
since the moment arm caused by the weight of the trunk must be balanced by increasing forces in 
the erector spinae muscles [161], which increases the reaction force at the vertebra. Scaling the 
values of stress in flexion two- to three-fold to those better representing the in vivo environment 
(permitted by the linear elastic nature of the study) would generate tissue-level stresses high 
enough to be of concern for both monotonic and fatigue-related tissue failure [162]. The failure 
of the bone tissue supporting an implant may be a causal factor for implant subsidence. 
Therefore, if the magnitude and distribution of tissue-level stress reported here are similar to 
those which develop in vivo, implant designs which impinge may inherently be at risk of 
overloading the bone in the regions near the impingement. One implication of this finding is that 
benchtop subsidence tests should incorporate bending-induced impingement to better replicate in 
vivo behavior. 
 
 In summary, these findings suggest that implant size has a larger effect on load-transfer 
behavior within the vertebral body than implant material in both compression and flexion.  
If impingement following flexion occurs in vivo, local stresses in the bone tissue can 
substantially increase anteriorly in the region adjacent to the impingement. This behavior is 
accentuated as implant size increases. For the medium implant, whose size is similar to those 
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used clinically, these elevated stresses are sufficiently high to warrant concern for monotonic or 
fatigue-related bone failure, which may contribute to clinically observed implant subsidence. 
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Figure 2–1. Mid-sagittal cross-section (0.5 mm thick) showing (A) the differentiation of trabecular 
(light grey), cortical (blue), and endplate (red) tissue. Boundary conditions and displaced shapes 
are shown for the (A) intact disc in compression (B) intact disc in flexion (C) implant in 
compression and (D) implant in flexion. The implant components depicted above the footplate in 
(D) were not explicitly modeled but are shown to illustrate impingement which motivates the 
flexion boundary conditions. 
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Figure 2–2. Flexion of an implanted segment was modeled by applying a force through an arc 
(yellow) to simulate impingement. θ = 90°, t = 2 mm, r = 40% of the footplate A/P diameter. 
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Figure 2–3. Left: The cortical load fraction for compression and flexion as a function of axial 
position in the vertebral body. Right: The relative volume of high-risk tissue for compression and 
flexion as a function of A/P position in the vertebral body. 
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Figure 2–4. Minimum principal stress (MPa) in the bone tissue at a mid-sagittal cross-section (0.5 
mm thick) for the intact disc and metallic implant models in compression (left) and flexion (right). 
Other implant materials were omitted for clarity. 
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Figure 2–5. 98th percentile of the minimum principal stress (MPa) in the bone tissue, differentiated 
by compartment, for all models. 
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Figure 2–6. Mid-sagittal cross-section (0.25 mm thick) showing the percent difference in von 
Mises stress between the intact disc model and metallic implant models in compression (top) and 
flexion (bottom). Other implant materials were omitted for clarity. Positive differences denote 
higher stresses for the implant models compared to the intact disc. 
  



 36 

3. The role of bone porosity and loading mode on tissue-level stress in the human 
vertebral body following lumbar total disc arthroplasty 

 
3.1 Introduction 
 

Lumbar total disc arthroplasty (TDA) implants are designed to treat the pain associated 
with end-stage degenerative disc disease while preserving segmental motion. Despite some 
evidence that TDA can improve clinical outcomes relative to lumbar fusion [29,30], the 
procedure is narrowly indicated [25–27] and has not been widely adopted in the United States 
[79]. Complications such as implant subsidence, migration, and fracture of the vertebral body or 
pedicles may be related to the bone biomechanics in the vertebral body supporting a TDA 
implant [8,9,165,13,20–22,24,150,163,164]. However, the bone biomechanics for this general 
class of implant are not fully understood; for example, it remains unclear how the stresses that 
develop in the underlying bone tissue depend on the loading mode (e.g. compression versus 
bending) or on typical inter-individual variations in the porosity of the vertebral body 
[71,98,165,166]. 

 
Low bone mineral density (BMD) can reflect increased porosity and has been associated 

with a lower vertebral failure force and implant subsidence [25,137,165,167,168]. Bone mineral 
density is therefore measured clinically prior to TDA surgery, typically using dual-energy x-ray 
absorptiometry (DXA) [167]. The DXA-based measurements of bone density then inform the 
clinical treatment; for example, osteoporosis (T-score < -2.5 SD, as measured by DXA [169]) is 
frequently considered a contra-indication for TDA [26,27,84,170]. However, other studies 
[24,171–173] have used osteopenia (T-score < -1.0 SD) instead of osteoporosis as the cutoff 
value for TDA, indicating a discrepancy in the literature as to the appropriate clinical exclusion 
criteria. DXA itself also has limitations; notably, DXA’s projectional measurements summate the 
cortical-rich posterior elements with the trabecular-rich vertebral body, thereby obscuring 
changes within the vertebral body’s trabecular centrum which could be important to implant 
subsidence behavior [165,166,169,174]. These issues highlight the need to more fully understand 
the biomechanical changes induced by TDA implantation on the underlying vertebral bone as 
well as the dependence of these changes on variations in vertebral morphology. To date there are 
no cadaver studies on human vertebrae that have related the presence and loading mode of a 
TDA implant with vertebral bone-tissue stress across a range of vertebral porosities and 
morphologies. 

 
In the previous chapter, micro-computed tomography (micro-CT) data and finite element 

analysis was used to investigate flexion-induced impingement with a TDA implant in order to 
elucidate the mechanisms by which vertebral bone stresses develop after TDA [166]. The results 
suggested that bending-induced impingement may redistribute stress within the vertebral body 
and generate high levels of stress that could increase the risk of implant subsidence. However, 
that prior work was conducted on a single vertebral body and therefore did not address the role 
of vertebral porosity on bone stresses. The goals of the current study were to: (1) assess the 
relationship between bone porosity and maximum levels of bone stress within human lumbar 
vertebrae following TDA using high-resolution imaging coupled with finite element analysis; 
and (2) determine whether the loading mode of the TDA implant (axial compression versus 
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sagittal bending) alters the relationship between bone porosity and maximum levels of bone 
stress. 

Elucidating these fundamental biomechanical issues may help inform implant designs 
and in vitro test protocols for device development and regulation. An improved biomechanical 
understanding may also help clarify appropriate clinical indications and could ultimately help 
improve clinical outcomes for this theoretically promising class of implant. 
 
3.2 Methods 
 
Study Design 
 

Using existing data from micro-CT scans, twelve cadaveric human lumbar vertebral 
bodies were virtually implanted with generically shaped elliptical TDA footplates. Each implant 
was virtually loaded to 800 N of applied force in three separate ways via linearly elastic finite 
element analysis: axial compression, flexion-induced anterior impingement, and extension-
induced posterior impingement. The main outcome was the maximum level of stress that 
developed in the underlying vertebral bone tissue. Elliptical plates were chosen to represent 
generic implant footplates, thereby assuming that subtle details of implant geometry have a 
secondary effect on tissue-level stress relative to footplate size (Appendix 7.3). For each 
vertebra, elliptical dimensions were chosen to represent a clinically reasonable footplate size for 
that specimen. To compare the effect of implantation with the expected physiologic distribution 
of stress in the bone tissue, compression, flexion, and extension of the un-implanted vertebrae 
were also simulated by loading the vertebral bodies via a disc-like material without an implant. 
 
Specimen Preparation and Micro-CT Scanning 
 

Pre-existing micro-CT data from twelve human L1 vertebral bodies from de-identified 
cadavers without a history of metabolic bone disorder (age = 71 [51 – 89] years of age, mean 
[range], Table 3–1) were analyzed in this study. The micro-CT image data had an isotropic voxel 
size of 37 µm. The posterior elements were virtually removed to isolate the vertebral body before 
the hard tissue and marrow were segmented using a global threshold value. Using the 
thresholded data, bone volume fraction (BV/TV = 1 – porosity) was measured using a 15 x 15 x 
20 mm internal cuboid (length x width x height) of trabecular bone via the BoneJ plugin in 
ImageJ (v.2.0) [175,176]. 
 
Finite Element Analysis 
 

Each 37 µm voxel in the thresholded scan was converted into an eight-noded hexahedral 
finite element. At this resolution, approximately four finite elements (on average) span the 
thickness of each individual trabecula (average trabecular thickness = 170 ± 37 µm, mean ± SD). 
This resolution both captures the geometrically complex, patient-specific trabecular 
microstructure and helps ensure the numerical convergence of tissue-level strains [132]. 
 

Elliptical TDA footplates (2.3 mm thick), also modeled using voxels, were placed on the 
inferior endplate of the vertebra such that the implant center coincided with the anterior-posterior 
(A/P) and medial-lateral (M/L) midpoint of the vertebral body. The footplates were assigned 
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material properties similar to cobalt-chromium (E = 210 GPa, ν = 0.33 [177]). A footplate size 
representing a likely clinical size was selected for each specimen. To do this, five footplate sizes 
were generated with major and minor diameters (corresponding to M/L and A/P dimensions, 
respectively) matching that of the five Charité implant sizes (Table 3–1) [152]. While the Charité 
implant is no longer used [6], it was chosen as the predicate model for two reasons: the 
clinically-used sizes span a larger dimensional range than other predicate devices (ProDisc-L, 
Maverick, ActivL, Mobidisc); and other predicate devices are only available in at most four 
sizes—a fifth size theoretically enables a higher fidelity fit for each verterbra [152]. Gstoettner et 
al [152] reported that clinically-used TDA footplates (of various designs) are diametrically 
smaller than the underlying bony endplate by an average of 8.5 mm in the A/P dimension. 
Therefore, after measuring the bony endplate using a similar methodology, the footplate size was 
selected which most closely replicated an 8.5 mm diametrical difference between the footplate 
and the underlying bony endplate. 

 
To simulate compressive loading with a TDA implant, an 800 N uniform force 

(approximately 1x body weight and a typical force at that spinal level for static standing 
[145,146]) was applied to a central circular region of the footplate, representing load transfer into 
the footplate through an insert (Figure 3–1). To simulate bending with an implant, impingement 
between the footplate and the insert induced by flexion and extension was modeled. There is 
evidence that impingement occurs in sagittal bending for both unconstrained and semi-
constrained devices [14,86,91–96]. Analysis of retrieved implants and in vitro experiments 
suggest that large loads can be transmitted through the impinged regions during bending and can 
damage the ultra-high molecular weight polyethylene (UHMWPE) inserts [14,86–91,94]. 
Therefore, flexion- and extension-induced impingement were modeled by applying a uniform 
compressive force of 800 N to a 2 mm thick, 90° arc of the footplate, as described in detail in 
Chapter 2. 

 
To simulate compressive loading with an intact disc, a uniform compressive boundary 

condition was applied to the inferior disc (Figure 3–1). Following calculation of the finite 
element solution, results were scaled linearly to produce a net reaction force of 800 N. To 
simulate flexion and extension of an intact disc, a displacement boundary condition was used to 
rotate the disc in the mid-sagittal plane about the far posterior- or anterior-inferior point, thereby 
simulating flexion and extension, respectively, over a single motion segment [107,147]. Results 
were then scaled linearly to produce a net reaction force of 800 N. While bending (particularly 
flexion) can increase compressive forces on the spine two- to three-fold compared to what was 
modeled here [146,148], a fixed reaction force of 800 N was maintained for all loading modes in 
order to facilitate a controlled comparison across models. 

 
For all models, an intervertebral disc-like material was modeled superiorly using a 

symmetry (roller-type) boundary condition applied to the top of a 4-mm-thick disc, thereby 
simulating an 8-mm-thick disc with unconstrained bulging. Disc elements were assigned 
homogenous material properties consistent with the measured effective modulus of an aged disc 
at a low rate of loading (E = 8 MPa, ν = 0.45) [106]. All bone elements were assigned the same 
linearly elastic material properties (E = 10.3 GPa, ν = 0.30) [149]. Perfect bonding was assumed 
at all interfaces, thereby modeling full footplate fixation in the bone. 
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On average, each analysis comprised approximately one billion degrees of freedom 
(range 5.6 x 108 – 1.5 x 109 degrees of freedom, depending on the bone). Solving models of this 
size required a custom finite element code including a parallel mesh partitioner and an algebraic 
multi-grid solver [134] implemented on an 18-petaflop supercomputing cluster (Stampede2, 
Texas Advanced Computing Center, Austin, Texas). A typical analysis utilized 3600 Intel Xeon 
Platinum 8160 processors (75 compute nodes) in parallel and 14 terabytes of memory. A total of 
72 analyses were run, consuming a total single-processor-equivalent CPU time of approximately 
22 years. 
 
Outcomes 
 

The primary outcome was the highest magnitude of stress within the bone tissue of each 
implanted vertebra at three region-of-interest locations in the vertebral body: near the implant, in 
the middle of the vertebral body, and far from the implant (locations A, B, and C, respectively; 
Figure 3–1). At each location, the maximum stress was quantified by calculating the 98th 
percentile of minimum principal stress in a 1 mm- (27 element-) thick entire transverse cross-
section. The absolute change in maximum stress was calculated by subtracting the maximum 
stress values from the same vertebra loaded in the same loading mode but without an implant 
(positive values imply stresses increased for the TDA-implanted vertebra compared to the intact 
vertebra). A general linear regression model was then used to determine the dependence of this 
change in maximum stress on loading mode, bone volume fraction, and their interaction, at each 
location—A, B and C—in the vertebral body. 
 

A second outcome was a quantitative measure of the proportion of “high-risk” tissue, and 
where that high-risk tissue occurred spatially in the bone. The high-risk tissue is interpreted as 
the bone tissue that is most likely to fail first and was identified by first taking the ratio of the 
maximum and minimum principal stresses of each bone element (calculated at the element’s 
centroid) to the assumed tensile (61 MPa) or compressive (150 MPa) bone-tissue yield stress, 
depending on the sign of the principal stress (i.e., positive principal stresses were normalized by 
the tensile yield stress) [119]. For each bone element, the higher value of this ratio was then used 
to rank values across all bone elements: the high-risk tissue was identified as the top 10% of 
values within the entire vertebral body [107,129]. For each vertebra, the amount of high-risk 
tissue was then quantified for successive frontal sections along the A/P direction [107]. The 
mean ± 95% confidence interval values for all vertebrae were then plotted versus A/P position to 
describe how the spatial distribution of high-risk tissue was altered by TDA implantation and the 
implant’s loading mode. 
 

Statistical analyses were performed in JMP Pro (v. 15.0) and significance was reported 
for p < 0.05. 
 
3.3 Results 
 

For all loading modes and across all vertebrae, loading via a TDA implant increased the 
maximum stress levels that developed in the vertebral bone tissue relative to loading via an intact 
disc, particularly near the implant interface (location A, Figure 3–2 lower row). Near the 
interface, the absolute increase in maximum stress (implant value minus intact value) was greater 
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for vertebrae with lower bone volume fractions (p = 0.002); that is, implantation caused 
maximum stress to increase more in more porous bones. This change in maximum stress also 
depended on loading mode (p < 0.001), increasing across the 12 vertebrae by an average factor 
(implant value divided by intact value) of 1.7 (95% CI: 1.6–1.8), 2.1 (1.9–2.4), and 2.7 (2.3–3.1) 
for compression, flexion and extension loading, respectively. Representing a statistically 
significant interaction between the effects of bone volume fraction and loading mode (p = 0.002), 
maximum stress near the interface increased more in the more porous vertebrae loaded in 
bending (either flexion or extension). 
 

Away from the implant interface, the effects of implantation persisted but were of much 
lower magnitude. For example, midway into the vertebral body (at location B) the maximum 
stress levels were significantly higher for the implanted relative to the intact models (p < 0.001 
across loading modes) but the effect size was much small than near the interface (absolute 
change in maximum stress < 32 MPa across all vertebrae and loading modes). 
 

Quantitative analysis of the spatial distribution of high-risk tissue indicated that loading 
via bending-induced impingement (either flexion or extension) accentuated the concentration of 
high-risk tissue towards the direction of bending (Figure 3–3). For the intact disc, bending 
skewed the high-risk tissue distribution in the direction of bending, and this effect was greater for 
the implanted models. These trends were similar for flexion and extension. Images of high-risk 
tissue within the vertebra indicated that flexion tended to increase the amount of high-risk tissue 
in the cortical shell. This general shift in the distribution of high-risk tissue was consistent across 
specimens despite the wide range of vertebral morphologies and bone volume fractions, as 
evident from the narrow nature of the 95% confidence intervals of the mean value of proportion 
of high-risk tissue at each A/P position (Figure 3–3). 
 
3.4 Discussion 
 

These results help elucidate how the stress that develops in the vertebral bone tissue 
supporting a TDA implant depends on inter-individual variations in bone porosity across 
patients, as well as the overall loading mode (e.g. compression versus bending-induced 
impingement with an implant). Results show that more porous bones (i.e. those with lower bone 
volume fractions) not only developed higher stresses than less porous bones but were 
preferentially affected by TDA implantation: the absolute increases in bone stress caused by 
implantation were of much larger magnitude for higher porosity vertebrae than for lower 
porosity vertebrae. This effect was accentuated for impingement induced by bending, even 
though a fixed 800 N compressive force was applied to all bones in both axial compression and 
sagittal bending. As expected, tissue-level bone stresses were higher in more porous vertebrae, 
presumably because those vertebrae have less bone tissue to sustain the applied force; this 
finding is consistent with clinical concerns about performing TDA in patients with low apparent 
bone density [25]. However, the data also suggest that for patients with already low bone density 
or those who may lose appreciable bone density with age, TDA may disproportionately increase 
already high levels of bone stress. In conclusion, a typically sized TDA implant can substantially 
increase local stresses in the underlying vertebral bone tissue compared to loading via an intact 
disc, and this effect is accentuated in patients with lower trabecular bone density, especially for 
impingement induced by sagittal bending. 
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Although this study was purely computational in nature, the geometric fidelity with 

vertebral bone was modeled and the parametric and comparative nature of the results supports 
the plausibility the main findings. The micro-CT data upon which these finite element models 
are based capture the primary structural (non-molecular) aspects of bone quality, such as the 
connectivity and structural anisotropy of the trabecular microstructure and the morphology of the 
non-uniform cortical shell and endplates. Modeling these features explicitly—and conducting 
repeated measurements on the same sample to calculate a specimen-specific difference in 
stress—make the relative predictions of tissue-level stress changes robust and also insensitive to 
uncertainties in bone-tissue elastic modulus (Appendix 7.4). As such, the model results represent 
a highly detailed biomechanical analysis of what should occur in the vertebral bone tissue for 
this class of implant. 
 

Further support of these results is provided by the consistency of the findings with prior 
studies. In a computational study, Rundell et al [71] used a quantitative-computed tomography-
based finite element model to assess the impact of axial compression, flexion/extension, and 
lateral bending on vertebral body strains. Their data indicate strain maxima at the anterior edge 
of the vertebral body following flexion with an implant, corroborating one of the findings of the 
current study. Based on those findings, the authors also suggested that subsidence may be caused 
by activities which put the segment in flexion [71]. In a physical biomechanical study, Semitela 
et al [98] measured strains on the exterior of a vertebral body surrogate model fabricated from 
polyurethane and loaded experimentally via a TDA implant. They found that implantation 
substantially increased cortical strain, also consistent also with the current findings related to 
elevated stress and high-risk tissue in the cortical shell. The current analysis extends those 
studies by accounting for the real microstructural details of the trabecular bone and the cortical 
shell, enabling a more accurate estimation of both stress and specimen-specific stress changes in 
the bone tissue caused by implantation. Additionally, the data presented here are novel in that 
they address heterogeneity across human vertebral bone, a potentially important clinical issue. 
Doing so enabled discovery that the magnitude of the stress increase caused by implantation 
depends on trabecular bone porosity; that is, the already high stress in more porous vertebrae is 
disproportionately increased by loading via an implant. 
 
 Despite these positive aspects of this study, there are some limitations and caveats. First, 
patient-specific loading was not accounted for. The 800 N force applied to all specimens 
facilitated a controlled comparison by enabling isolation of the effects of loading mode and bone 
volume fraction without a further confounding variable of load magnitude. In vivo stress levels 
across vertebrae would be expected to vary in live subjects along with the magnitudes of patient-
specific in vivo forces acting on the vertebrae, likely in proportion to body weight and level of 
physical activity. However, since the main outcomes were reported as relative changes within the 
same vertebrae from intact to implanted states, these conclusions should remain robust in the 
light of these in vivo variations. Indeed, some estimates of maximum stress levels are likely 
conservative. For example, the compressive force acting through the disc on the vertebral body 
for certain weight-bearing bending activities can be two- to three-times the approximately one-
times bodyweight applied here [146,148,161]. Scaling the values of stress in bending two- to 
three-fold (permitted by the linearly elastic nature of the study) would increase both the absolute 
value and the absolute difference in maximum tissue-level stress between compression and 
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bending, and between implanted versus intact conditions. Therefore, the current results are likely 
conservative and should reflect a lower bound of the possible effects. 
 
 A second caveat is that the main outcomes have not been experimentally validated due to 
the technical challenge of directly measuring tissue-level stresses or strains in trabecular bone 
within a vertebral body. However, this finite element approach has been shown to accurately 
predict whole vertebral-body and trabecular-core strength compared to experimental values, 
implying that the dominant structural mechanisms in the bone itself are well captured by this 
high-resolution modeling approach [119,154,178]. In modeling the disc, the effective elastic 
uniform and isotropic properties were used that were directly measured and validated in cadaver 
experiments conducted on aged discs at a low rate of loading [106]. Despite this simplified 
modeling of the disc, the prediction of high-risk tissue distribution for the intact model is 
consistent with the location of bone failure observed for cadaveric vertebrae loaded via 
degenerated discs [156,157], suggesting that the approach used adequately captures the primary 
effects of how human discs consistent with donor demographics load the underlying vertebral 
bone. In modeling the trabecular tissue, an assumed a uniform isotropic value of its effective 
elastic modulus was used, again based on results from biomechanical testing experiments [149]. 
While the bone-tissue material properties are not known with certainty, it was confirmed with 
additional parameter studies that the outcomes were insensitive to uncertainties in tissue modulus 
over a realistic physiologic range (Appendix 7.4). 
 
 A third limitation relates to the aged nature of the specimens. Nine of the twelve cadavers 
were older than sixty years-of-age, putting them above a commonly suggested upper age limit 
for TDA candidacy [25,179]. However, the micro-CT data used to construct the models are 
agnostic to all patient factors except the geometric properties of the bone and were assigned the 
same average tissue-level material properties. Thus, the data should reasonably represent general 
behavior within the range of vertebral geometries and bone volume fractions displayed in the 
sample. Regardless, patients who underwent TDA surgery prior to age sixty will advance in age 
and may lose bone mass; therefore, elucidating fundamental mechanisms relating bone density 
with vertebral bone stresses is important for specimens of all ages and on each side of the age- 
and density-related clinical cutoff criteria. Related, while the sample size was small (n = 12), it 
was sufficiently large to represent real variations in the micro- and macro-scale geometric 
properties of human lumbar vertebrae. In addition, the small confidence intervals on the main 
outcomes confirm the sample size was also sufficiently large to demonstrate statistically 
significant effects of the primary parameters. 
 

Despite these limitations, these results may have clinical implications. The maximum 
stress level that developed for any un-implanted vertebra loaded via an intact disc did not exceed 
85 MPa, regardless of the loading mode or bone volume fraction. Presumably, that level of stress 
represents an approximate upper limit of the physiologic stresses that can develop in the bone 
tissue for a fixed 800 N applied force over the range of volume fractions tested. When loaded via 
a TDA implant with the same fixed 800 N force, stresses typically exceeded 85 MPa whenever 
the vertebra had a bone volume fraction of 0.10 or below and was loaded in bending-induced 
impingement. This bone volume fraction of 0.10 corresponds to an estimated quantitative-
computed-tomography- (QCT-) measured volumetric bone mineral density (vBMD) of 
approximately 106 mg/cm3 (Appendix 7.5); which in turn corresponds clinically to osteopenia 
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per the American College of Radiology clinical practice criteria (osteopenia: > 80 to < 120 
mg/cm3; osteoporosis: ≤ 80 mg/cm3) [169]. Without a TDA implant, the risk of a future vertebral 
fracture is high or increased in patients with osteoporosis or osteopenia, respectively [180]. Since 
the failure of the bone tissue supporting an implant may be a causal factor for implant 
subsidence, data indicating a disproportionate increase in bone stress for these low density 
patients with already compromised bone strength suggests that all osteoporotic patients may be 
at risk of implant subsidence, particularly if there is any bending-induced impingement. Notably, 
the data also suggest that patients with osteopenia may be at risk, consistent with other 
recommendations [25]. Prophylactic vertebroplasty can be done simultaneously with TDA 
implantation; this topic is a promising direction of future research since little information exists 
to date justifying the approach [137,165]. 
 

Related to the implant’s design, the results suggest that pre-clinical testing of TDA 
implants might also include some form of evaluation of bending-induced impingement if such 
loading is possible in vivo. Several studies have suggested that impingement occurs following a 
change in implant position caused by subsidence [14,86,91,93]; however, the mechanistic 
etiologic factors linking impingement with subsidence have not been established experimentally. 
Whether subsidence occurs prior to impingement remains unclear and likely depends on details 
of the implant design as well as surgical placement. Regardless, the results shown here suggest 
that if impingement does occur, it can substantially increase the stress, especially in more porous 
vertebrae, and may therefore cause subsidence. Thus, as has been recommended for in vitro wear 
testing [86,94,96], in vitro subsidence testing for TDA implants should also include an 
impingement load case, and also account for variations in bone porosity, since the effects of 
TDA implantation depend on the combined effects of loading mode and bone porosity. 
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Table 3–1. Sample demographic data (n = 12) and implant sizes. The major and minor elliptical 
diameters of the footplates (M/L and A/P dimensions, respectively) correspond to the dimensions 
of the five Charité III footplate sizes. BV/TV = bone volume fraction. 
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Figure 3–1. Mid-sagittal cross-section (0.5 mm thick) showing boundary conditions and 
displaced shapes for implanted (top) and intact (bottom) cases in compression (left) and bending 
(right [flexion pictured]). Locations A, B, and C (red) are located at a distance from the 
bone/implant interface equivalent 10%, 50%, and 90% of the vertebral body height, respectively 
(0.1h, 0.5h, and 0.9h). The implant components depicted above the footplate were not explicitly 
modeled but are shown to illustrate impingement motivating the bending boundary conditions. 
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Figure 3–2. Maximum stress level (98th percentile of minimum principal stress) as a function of 
BV/TV for all loading modes, at three one-millimeter-thick transverse sections. Locations A, B, 
and C are located near the implant, in the middle of the vertebral body, and far from the implant, 
respectively (described in more detail in Figure 3–1). *, +, ‡ denote p < 0.05, 0.01, 0.001, 
respectively. 
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Figure 3–3. Mid-sagittal cross-sections (0.5 mm thick) showing the spatial distribution of the 
high-risk tissue for one specimen (BV/TV = 0.098) in each loading mode. Far right: Proportion 
of high-risk tissue (high-risk tissue volume relative to total tissue volume) as a function of A/P 
position. Values reported are the mean across all 12 specimens; error bars represent the 95% CI 
of the mean. 
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4. The role of bone microstructure and loading mode on vertebral strength following 
lumbar total disc arthroplasty 

 
4.1 Introduction 
 

Largely due to concerns related to implant subsidence and vertebral fracture, 
pathologically low bone density is a contraindication to total disc arthroplasty (TDA) [25]. 
However, there is no consensus as to the appropriate clinical exclusion criteria: many clinical 
trials and other studies have used osteoporosis [170,181–183] as the cutoff threshold (DXA T-
score of < -2.5 SD according to the World Health Organization [184]) while others have used 
osteopenia (DXA T-score < -1.0 SD) [77,171,172,185]. In part, this discrepancy arises because 
it’s unclear how the morphology of the vertebral body (including its trabecular bone volume 
fraction, total bone mineral content, cortical shell thickness, etc.) relates to the bone’s failure 
strength when loaded by a TDA implant [71,139,140,165,186]. These uncertainties obscure 
possible strategies that could help reduce subsidence risk; indeed, subsidence remains one of the 
most frequently documented complications for this class of implant [9,10,23,30,187]. 

 
Low bone mineral density (BMD) is associated with a lower vertebral strength when the 

vertebral body is loaded via an intervertebral disc and via an interbody implant [139,165,174]. In 
clinical practice and in many biomechanical experiments, BMD is measured using either dual-
energy x-ray absorptiometry (DXA) or quantitative computed tomography (QCT) 
[25,140,165,174,186]. While QCT may offer advantages over DXA in the study of bone-implant 
biomechanics [174]—namely, QCT can provide more focused measurements of the trabecular 
bone mineral density within the vertebral body itself—both QCT- and DXA-based 
measurements rely on region-averaged properties and do not accurately capture the three 
dimensional geometric details of the trabecular microarchitecture, thin cortical shell, or porous 
endplates [139]. There are no studies relating the yield strength of the vertebral body loaded via a 
TDA implant to the microstructural details of the underlying vertebral body; thus, it remains 
unclear which factors of the bone—aside from apparent bone mineral density—might pre-
dispose a patient to subsidence. 

 
Micro-computed tomography (micro-CT) is an established pre-clinical tool which, unlike 

QCT or DXA, can accurately image the geometric details of the vertebral microstructure in three 
dimensions. This imaging modality has had a substantial impact on the bone biomechanics field 
because finite element models based on micro-CT data intrinsically incorporate the complete 
morphometry of the calcified bone tissue, including the structural anisotropy, spatial 
heterogeneity, and connectivity of the trabecular microstructure [128]. Micro-CT based finite 
element models have been used to accurately predict whole-bone strength and relate 
microstructural metrics with bone failure behavior in the hip and the spine [108,119,178]. This 
approach has not been used previously to measure the yield strength of TDA-implanted 
vertebrae; such experiments could help elucidate the mechanisms of subsidence—for example, 
helping to explain why patients with similar QCT- or DXA-measured apparent bone mineral 
densities might have substantially different bone strengths following TDA. 

 
The purposes of this study are to: (1) assess which morphological parameters of the 

human lumbar vertebral body are associated with whole-bone yield strength when loaded via a 
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TDA implant; (2) determine the parameters associated with a specimen-specific change in yield 
strength induced by implantation; and (3) assess whether the vertebral-body yield strength 
depends on the loading mode of the implant; that is, whether the yield strength differs when the 
implant is loaded in axial compression versus flexion- or extension-induced impingement. 
 
4.2 Methods 
 
Study Design 
 

Using data from micro-CT scans, twelve cadaveric human lumbar vertebral bodies 
spanning a wide range of morphological characteristics were virtually implanted with single 
level, typically sized and generically shaped elliptical TDA footplates; potted at the opposite end 
in polymethyl methacrylate (PMMA) bone cement; and virtually loaded to failure via nonlinear 
finite element analysis. The yield strength of each vertebral body was calculated following 
loading via an implant in three separate loading modes: axial compression, flexion-induced 
anterior impingement, and extension-induced posterior impingement. Elliptical plates were 
chosen to represent generic implant footplates, thereby assuming that subtle details of the 
implant geometry have a secondary effect on whole-bone failure strength relative to footplate 
size (Appendix 7.6). For each vertebra, elliptical dimensions were chosen to represent a 
clinically reasonable footplate size for that specimen. To measure the change in yield strength 
caused by implantation, each vertebral body was also loaded to failure in compression via 
PMMA on both ends (without an implant) and the yield strength of this model was used as a 
specimen-specific control value. 
 
Specimen Preparation and Micro-CT Scanning 
 
 The micro-CT data from a separate study* on twelve human L1 vertebral bodies from de-
identified cadavers without a history of metabolic bone disorder (age = 71 [51–89] years, mean 
[range], Table 4–1) were used in this study. The micro-CT scans had an isotropic voxel size of 
37 µm. The posterior elements were virtually removed to isolate the vertebral body before the 
hard tissue and marrow were segmented using a global threshold value. 
 

Using the thresholded data and the native scan resolution of 37 µm, bone 
microarchitectural parameters including trabecular bone volume fraction (BV/TV), mean 
trabecular thickness (Tb.Th), mean trabecular spacing (Tb.Sp), mean trabecular connectivity 
density (Conn.D), and mean ellipsoid factor (Tb.EF > 0 denotes rod-like trabeculae whereas 
Tb.EF < 0 denotes plate-like trabeculae) were measured using a 15 x 15 x 20 mm internal cuboid 
of trabecular bone via the BoneJ plugin in ImageJ (v.2.0) [175,176]. Ellipsoid factor was chosen 
to quantify the rod- versus plate-like geometry of the trabecular bone because it is less sensitive 
than structural model index (SMI) to measurement errors caused by concave regions of  
the trabeculae [116,117]. The micro-CT data were segmented into trabecular, cortical, and 
endplate compartments using custom ray-based search algorithms described elsewhere (IDL v. 
6.2) [142]. Using the segmented image information, the cortical shell mass fraction (Ct.M = 
cortical shell mass / total bone mass) was calculated in the transverse region excluding the 

 
* Data not yet published 
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endplates [108,142]. The average cortical shell thickness (Ct.Th) was measured algorithmically 
(MATLAB R2018b) anteriorly, posteriorly, and laterally at each transverse cross-section of the 
micro-CT scan (also in the transverse region excluding the endplates) and then averaged 
[108,142]. The total bone mineral content (BMC) of each vertebral body was calculated by 
multiplying the bone tissue volume of the whole bone (trabecular bone, cortical shell, and 
endplates) by an assumed uniform tissue density of 1.90 g/cm3 [105], the same tissue density 
being used for all specimens. 
 
Finite Element Analysis 
 

Parametric nonlinear finite element analysis was performed on each specimen to assess 
the yield strength of the vertebral body when loaded via an implant in axial compression, 
flexion-, and extension-induced impingement. The finite element approach was both 
geometrically and materially nonlinear, meaning it simulated both large-deformation failure 
mechanisms using finite strain theory and simulated yielding and plastic deformation of the bone 
tissue. 
 

To reduce computational cost, the thresholded micro-CT data was coarsened from 37 µm 
to 74 µm before each voxel in the coarsened scan was converted into an eight-noded hexahedral 
finite element (Appendix 7.7). Elliptical TDA footplates (2.3 mm thick), also modeled using 
voxels, were placed on the inferior endplate of each vertebra such that the implant center 
coincided with the anterior-posterior (A/P) and medial-lateral (M/L) midpoint of the vertebral 
body. The footplates were assigned material properties similar to cobalt-chromium (elastic 
modulus 210 GPa, Poisson’s ratio 0.33 [177]). A footplate size representing a likely clinical size 
was selected for each specimen, as described in detail in Chapter 3. 
 

Nonlinear finite element analysis was used to compute the yield strength for each 
specimen (n = 12) loaded via an implant separately in axial compression, flexion-induced 
anterior impingement, and extension-induced posterior impingement, as well as for a control 
case loaded in compression on both ends via PMMA without an implant, totaling 48 simulations. 
In each simulation, a compressive displacement equivalent to 1% apparent-level strain (on a 
specimen-specific basis) was applied to the implant or the PMMA, depending on the model 
(Figure 4–1). To simulate uniform axial compression with an implant, the displacement 
boundary conditions were applied to a central circular region of the footplate, representing load 
transfer into the footplate through an insert. To simulate a scenario in which the footplate and the 
insert impinge following flexion or extension [14,86,91–96], the same 1% apparent-level 
compressive displacement was applied to a 2 mm thick, 90° arc of the footplate, representing 
load-transfer into the bone following impingement [166]. On the opposite side of the vertebral 
body, simulated layers of PMMA (elastic modulus 2.5 GPa, Poisson’s ratio 0.30 [188]) were 
modeled to mimic the boundary conditions frequently used in in vitro biomechanical tests on 
whole-bone strength and implant subsidence [108,139,165,174]. 
 

All bone elements were assigned the same rate-independent elasto-plastic material model 
with homogenous isotropic tissue-level properties (elastic modulus 10.3 GPa; Poisson’s ratio 
0.30; tissue-level yield strains of 0.33% and -0.81% for tension and compression, respectively 
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[119,149]). Perfect bonding was assumed at all interfaces, thereby modeling full implant fixation 
in the bone. 
 

On average, each analysis comprised approximately one hundred million degrees of 
freedom (range 5.8 x 107 – 6.5 x 108 degrees of freedom, depending on the bone). Solving 
models of this size required a custom finite element code [134] including a parallel mesh 
partitioner and an algebraic multi-grid solver implemented on an 18-petaflop supercomputing 
cluster (Stampede2, Texas Advanced Computing Center, Austin, Texas). A typical analysis 
utilized 960 Intel Xeon Platinum 8160 processors (20 compute nodes) in parallel and four 
terabytes of memory. For the 48 analyses, the total single-processor-equivalent CPU time was 
approximately 16 years. 
 
Outcomes 
 

The primary outcomes were the computed yield strength of each vertebral body when 
loaded via an implant in each of the three loading modes, and when loaded in compression 
exclusively via PMMA. The yield strength was defined as the force at the intersection of the 
nonlinear force-deformation curve using a 0.2% offset line parallel to the curve’s linear region 
(Figure 4–2) [135]. For each specimen, the reduction in yield strength was calculated for each 
implant load-case (compression, flexion, extension) relative to the same specimen loaded via 
PMMA in compression (i.e. the specimen-specific control). The mean reduction in yield strength 
was compared between the implant loading modes using a general linear regression model and the 
Tukey HSD post-hoc test. 

 
A second outcome investigated the role of bone morphology on the yield strength and yield 

strength change relative to the specimen specific PMMA control. The independent roles of bone 
mineral content and each bone microarchitectural parameter were quantified using univariate 
linear regression, and combined effects were quantified using forward stepwise linear regression. 
For the latter, age plus all marginally statistically significant (p < 0.10) morphological parameters 
were sequentially added to the model to assess whether these combined measures could more fully 
explain the variations in yield strength compared to any explanatory variable independently. The 
final model only contained variables for which p < 0.05. To account for multi-collinearity, the 
significant explanatory variables with the highest cross-correlations were sequentially removed 
until the variance inflation factor for all variables was below five [189]. Statistical analyses were 
performed in JMP Pro (v. 15.0) and significance was reported for p < 0.05. 

 
4.3 Results 
 

Across all vertebrae, the yield strength of the specimens loaded exclusively via PMMA in 
compression (PMMA controls) varied over six-fold, consistent with wide variations in bone 
mineral content and microarchitecture of the specimens (yield strength range = 1.4–9.3 kN, 
Figure 4–3A, Table 4–1) [108].  

 
For all bones, there was a reduction in yield strength when loaded via an implant 

compared to via PMMA (Figure 4–3A). The mean reduction in yield strength depended on the 
loading mode (Figure 4–3B): flexion and extension caused a greater mean reduction in yield 



 52 

strength than axial compression (p = 0.009 and 0.045 for flexion and extension versus 
compression, respectively; Tukey HSD post hoc test; Figure 4–3B). The mean reduction in yield 
strength was not statistically different between flexion and extension loading (p = 0.785). 

 
On average, the yield strength declined by 52 ± 14%, 66 ± 9%, and 63 ± 8% (mean ± SD) 

when loaded by an implant in compression, flexion-, and extension-induced impingement, 
respectively, relative to the PMMA controls. 

 
Results from the univariate regression analysis show that total bone mineral content was 

highly associated with yield strength when the vertebrae were loaded via PMMA and via an 
implant (r = 0.82–0.93 across loading modes, p ≤ 0.001; Table 4–2, Figure 4–4A). However, 
bone mineral content was not associated with the change in yield strength induced by 
implantation (i.e. relative to the PMMA controls, p > 0.12, Figure 4–4B). For an implant loaded 
in compression, trabecular bone volume fraction explained a substantial portion of the variation 
in yield strength reduction (r = 0.87, p < 0.001, Figure 4–4D). 

 
When loaded via an implant, unlike when loaded via PMMA, the cortical mass fraction 

was associated with yield strength (r = -0.58 to -0.68, p = 0.015–0.046 across loading modes; 
Table 4–2; Figure 4–4E); in other words, when loaded via an implant, the greater the ratio of 
cortical bone mass to whole vertebral body mass, the lower the yield strength. Cortical mass 
fraction was the only parameter associated with the change in yield strength for all loading 
modes (p = 0.0008–0.036, Figure 4–4F). 

 
After accounting for multi-collinearity, the explanatory variables included in the stepwise 

linear regression analysis comprised bone mineral content, age, mean trabecular thickness, mean 
ellipsoid factor, and cortical mass fraction. The results indicated that, when loaded via an 
implant, considering the combined measures of bone mineral content, trabecular thickness, and 
trabecular mass fraction could account for a substantial portion of the variation in yield strength 
(R2 = 0.87–0.91 for BMC + Tb.Th + Ct.M across loading modes, p < 0.02 each, Figure 4–5A). In 
contrast, the change in yield strength was mostly associated with the cortical mass fraction alone; 
including other parameters in the regression model did not substantially improve the strength 
change predictions (Figure 4–5B). 

 
4.4 Discussion 
 
 These results indicate that loading a vertebral body via a TDA implant causes a 
substantial reduction in whole-bone yield strength compared to loading the same vertebral body 
in compression via PMMA. The specimen-specific strength reduction was always > 30% and the 
mean reduction was approximately 50–65%, depending on the loading mode (flexion- and 
extension-induced impingement caused a greater reduction in yield strength than axial 
compression, though the difference was small relative to the overall strength reduction). The 
magnitude of the yield strength reduction also depended on the vertebral microstructure. 
Specifically, vertebrae with lower bone volume fractions, in addition to having lower overall 
yield strengths, also experienced a greater reduction in yield strength caused by implantation 
compared to those vertebrae with higher bone volume fractions. There was also a greater 
reduction in yield strength for vertebrae in which the cortical shell comprised a greater 



 53 

percentage of the overall bone mass (a high cortical mass fraction) relative to those vertebrae in 
which the cortical shell comprised a lesser percentage of the overall bone mass. In conclusion, all 
vertebrae spanning the range of microstructural characteristics tested can expect a substantial 
reduction in yield strength when loaded via a TDA implant relative to when loaded via PMMA, 
but TDA disproportionally alters the yield strength for specimens with low trabecular bone 
volume fractions, whose bone mass is relatively dominated by the cortical shell. 
 

This finding—that trabecular bone volume fraction and cortical mass fraction were 
associated with the reduction in yield strength following TDA—provides insight into the 
mechanisms of whole-bone failure. The reduction in yield strength increased as trabecular bone 
volume fraction decreased, indicating that whole-bone yield strength is much more sensitive to 
changes in the trabecular compartment when the bone is loaded via an implant compared to 
when the same bone is loaded via PMMA. Consistent with this, the reduction in yield strength 
was greater in those vertebrae for which the cortical bone mass represented a larger percentage 
of the overall bone mass, indicating that the cortical shell plays a diminished role in resisting 
bone failure when the vertebral body is loaded by a TDA implant. A reduced role of the cortical 
shell following TDA is expected since the TDA implant does not directly load the cortical shell, 
and a prior study [166] demonstrated that the cortical load fraction (axial force in the cortical 
bone relative to the overall reaction force) is diminished throughout the vertebral body following 
TDA. However, the current results also suggest that for implants of typical clinical size, this 
increased reliance on the trabecular compartment has a substantial effect on whole-bone yield 
strength, particularly for those patients with low trabecular bone volume fraction, whose cortical 
bone makes up a larger portion of their overall vertebral bone mass. Trabecular bone volume 
fraction and cortical mass fraction are separate microstructural measures but do not vary 
independently (r = -0.82 for the cross-correlation between BV/TV and Ct.M, p = 0.001); that is, a 
decrease in bone volume fraction implies an increase in cortical mass fraction. Thus, our results 
do not imply that increasing cortical bone mass alone (independently increasing Ct.M) would 
result in a decrease in yield strength with an implant; rather, the results indicate that yield 
strength is much more sensitive to changes within the trabecular compartment when the bone is 
loaded by an implant compared to when the same bone is loaded via PMMA. Therefore, small 
declines in trabecular bone volume fraction can have a magnified effect on whole-bone yield 
strength following TDA. 
 

These findings both complement and extend prior studies. In a physical biomechanical 
experiment, Auerbach et al [139] measured the failure strength of n = 56 human lumbar 
vertebrae (mean age = 62 years) potted in PMMA and loaded to failure via TDA implants in 
compression: they found a significant association between failure strength and QCT-measured 
trabecular bone mineral density, consistent with the current results for trabecular bone volume 
fraction. Their mean failure force for the TDA-implanted vertebrae (2624 ± 1423 N, mean ± SD) 
agrees with the yield strength data for the comparable group (potted in PMMA and loaded to 
failure via an implant in compression) in the current study (2451 ± 1746 N): this agreement 
supports the current computational methodology and suggests that the limited sample size in the 
present study (n = 12) should reasonably represent typical human lumbar vertebrae over the 
range of vertebral morphologies tested. Yoder et al [165] also reported the vertebral failure force 
for elderly human lumbar vertebrae (mean age of 79 years) potted in PMMA and loaded to 
failure via TDA implants in compression: their results demonstrate a six-fold variation in 
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strength that was significantly predicted by the QCT-measured trabecular bone density, 
consistent with the findings here. However, the mean failure force found in that study 
(approximately* 1260 ± 570 N, mean ± SD) is lower than that found here—this may relate to the 
fact that all patients in their cohort were older than 69 years of age. The results found here extend 
these prior studies by demonstrating that trabecular bone volume fraction (which is proportional 
to QCT-measured trabecular bone mineral density) predicts not just the strength of the vertebral 
body when loaded via a TDA implant, but also the change in strength caused by the implant. 
Further, TDA reduces the strength of vertebrae with lower trabecular bone volume fractions—
which already exhibit lower bone strengths—to a much greater extent than other specimens. 
 
 Enabling these findings, one strength of this study is its ability to conduct repeated yield 
strength measurements on the same sample: this approach is only possible with computational 
models due to the destructive nature of physical strength testing. The computational approach 
used here—including accurately modeling the complete morphometric details of the vertebral 
body from micro-CT image data while accounting for geometric and material nonlinearities in 
the mechanical response of the bone tissue—is the first of its kind in the study of TDA-implanted 
vertebrae. Together, the repeated-measures design and the highly specialized modeling approach 
enabled calculation of the specimen-specific change in strength caused by implantation, as 
opposed to just the difference in strength between two experimental groups—this provides key 
mechanistic data regarding which features of the bone are related to a strength change, which 
could help identify features pre-disposing a patient to subsidence. 
 

Despite these positive aspects of the study, there are also several limitations. First, the 
vertebral bodies were virtually potted in PMMA instead of loaded via intervertebral discs; 
therefore, the data reported here better represents in vitro biomechanical tests rather than in vivo 
conditions. The strength of the vertebral body could be different when loaded via an 
intervertebral disc than when potted in PMMA, particularly if potting suppresses the high levels 
of tensile strain that can develop in the osseous endplate when loaded via an intervertebral disc in 
compression [130]. While modeling an intervertebral disc instead of PMMA would have been 
more realistic in terms of simulating in vivo behavior, the current experimental design was 
required due to the disc’s high level of compliance relative to PMMA, requiring large 
displacements prior to bone failure. When accounting for geometric and material nonlinearities 
in models of this size (up to 66 million mesh nodes), these large displacements inhibit numerical 
convergence, causing prohibitive computational expense. However, a sensitivity study 
(Appendix 7.8) conducted on a single model indicated that the strength predictions for a disc-
bone-implant model compared to a PMMA-bone-implant model differed by 10% (higher 
strength predictions when loaded via PMMA, consistent with tensile strain suppression). Since 
the effect of the implant on strength was substantially larger (33–82%), it’s unlikely that the 
overall conclusions would change had an intervertebral disc been modeled as opposed to potting 
the vertebrae in PMMA. 
 

This study is also limited in that the analysis was entirely computational and did not 
include any physical biomechanical testing to validate the strength predictions. Physical testing 
was not possible since these vertebrae were destructively tested in unrelated experiments. 

 
* Estimated using ImageJ based on Figure 3A in [165]. 
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However, there is substantial existing data supporting the validity of the yield strength 
predictions shown here (Appendix 7.9). For example, using the same finite element approach 
employed here—including hexahedral finite elements converted from thresholded micro-CT data 
(< 80 µm isotropic resolution), homogenous isotropic elastic tissue material assumptions, an 
elasto-plastic constitutive model, the inclusion of geometric along with material nonlinearities, 
tissue-level tension-compression strength asymmetry, and solved using the same parallel finite 
element solver—Fields et al [154] accurately predicted the experimentally-measured strength of 
n = 12 elderly thoracic human vertebrae loaded to failure in compression via PMMA (R2 = 0.85 
with Y = X type behavior). Separately, this same finite element approach accurately predicted 
the experimentally measured strength of n = 54 human trabecular bone cores from across 
anatomic sites loaded in compression (R2 = 0.98) and tension (R2 = 0.99) [119], as well as the 
strength of n = 12 proximal human femurs from elderly cadavers (R2 = 0.94 with Y = X type 
behavior [178]). In combination, these data indicate a high-level of accuracy in bone strength 
predictions for this finite element approach under the unique set of assumptions used; indeed, the 
accuracy of this method across anatomic sites and variations in bone morphometry indicate that 
the dominant structural mechanisms in the bone itself are well-captured. 
 

In modeling the bone tissue, homogenized effective trabecular tissue properties were used 
(elastic modulus 10.3 GPa, Poisson’s ratio 0.3); these elastic constants were chosen because they 
were calibrated using human vertebral trabecular bone cores and a combination of micro-CT-
based finite modeling and physical experiments [149]. While this approach neglects real 
variations in tissue mineralization, there is low inter- and intra-specimen variation in tissue 
mineral density amongst adult humans without metabolic bone disease [190], and variations in 
tissue mineral density in turn have only a modest effect (< 10%) on the apparent-level elastic 
properties [191]. Overall, there is extensive experimental data supporting the accuracy of yield 
strength predictions based on the finite element approach and modeling assumptions used here. 
 

Despite these limitations, the current results may have clinical implications. The finding 
that the specimen-specific reduction in yield strength was associated with the trabecular bone 
volume fraction, and that small decreases in trabecular bone volume fraction can have a 
disproportionately large negative effect on yield strength, suggests that pre-operative assessment 
of bone quality should focus specifically on the trabecular centrum. DXA, the current standard 
for pre-operative assessment of bone mineral density prior to TDA [25], uses projectional 
measurements of entire vertebrae to calculate bone density, summating the cortical-rich posterior 
elements and osseous endplates with the trabecular centrum [169]. Particularly in presence of 
degenerative changes such as osteophytes, this two dimensional approach is a recognized 
limitation to the DXA technique [169,180,192]. The current results suggest that the problem 
could be magnified when load is applied via a TDA implant because when the cortical bone mass 
accounts for a large portion of the overall bone mass (high Ct.M), the reduction in yield strength 
caused by the implant is disproportionately large. It’s hypothetically possible that a patient with 
DXA-measured bone mineral density above the osteoporotic or osteopenic range (T-score > -2.5 
or -1 SD, respectively), whose density assay was skewed by large amounts of cortical bone, 
could have a much lower whole-bone yield strength following TDA than the DXA assay would 
suggest, possibly placing that patient at a much higher risk of implant subsidence. Supporting 
this hypothesis, Hasegawa et al [174] found that when n = 20 human lumbar vertebral bodies 
were loaded via a titanium elliptical interbody implant for spinal fusion (25 mm diameter), the 
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QCT-measured bone mineral density focused specifically on the trabecular region produced a 
much stronger and more statistically significant association with vertebral strength compared to 
DXA-measured bone mineral density. Therefore, QCT might be uniquely beneficial in the pre-
operative assessment of bone quality prior to TDA surgery, since these measurements should be 
less sensitive to a cortex-driven overestimation of the biomechanically relevant bone mineral 
density. Newer tests such as a biomechanical computed tomography (BCT) strength test [180] 
might also offer improvements over DXA in the pre-operative assessment of bone quality prior 
to TDA—this topic is a promising direction for future research. 
 

Finally, the results indicate that the reduction in yield strength is greater for an implant 
loaded in flexion- or extension- induced impingement than in axial compression, suggesting that 
impingement could increase the risk of subsidence. A recent study [11] found that subsidence 
frequently involves not just axially-compressive displacement (i.e. parallel subsidence) but also 
progressive rotational penetration of the TDA footplate into the underlying vertebral body 
[8,11,193], consistent with a bending-type loading mode. While bending-induced impingement is 
not the habitual loading case, radiographic and explant data demonstrate that impingement 
occurs in sagittal bending for both unconstrained and semi-constrained devices [14,86,91–96]. 
Analysis of retrieved implants and in vitro experiments suggest that large loads can be 
transmitted through the impinged regions during bending [14,86,94], providing support for the 
bending-induced impingement boundary conditions used here. Future research should be 
directed at whether implants could be designed to reduce the frequency or strength-reduction 
effects of impingement loading. Pre-clinical testing of TDA implants might also include some 
form of evaluation of bending-induced impingement if such loading is possible in vivo. As has 
been recommended for in vitro wear testing [86,94,96], in vitro subsidence testing for TDA 
implants should also include an impingement load case if the implant enables that type of 
loading in vivo. 
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Table 4–1. Patient demographic data, bone morphologic and microarchitectural parameters, and 
computed yield strength results. 
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Figure 4–1. Mid-sagittal cross-section (0.5 mm thick) showing boundary conditions and 
magnified displaced shapes for the (A) PMMA model loaded in compression (B) TDA model 
loaded in compression (C) TDA model loaded in flexion-induced impingement and (D) TDA 
model loaded in extension-induced impingement. The implant components depicted above the 
footplate (blue) were not explicitly modeled but are illustrated to motivate the bending-induced 
impingement boundary conditions. 
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Figure 4–2. Representative force-apparent strain curve for one vertebra (BV/TV = 0.134) loaded 
via PMMA and via a TDA implant in compression. A 0.2% offset method was used to calculate 
yield strength. 
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Figure 4–3. (A) Yield strength for all specimens as a function of loading mode. (B) Mean (SD) 
reduction in yield strength for the models loaded via a TDA implant in compression, flexion-, 
and extension-induced impingement relative to the same models loaded in compression via 
PMMA. 
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Table 4–2. The Pearson correlation coefficient (r) quantifying the independent association 
between the computed yield strength and reduction in yield strength with age, bone mineral 
content, and each bone microstructural parameter. The strength reduction was calculated as the 
relative strength change in relation to the same vertebra loaded in compression via PMMA 
without an implant. Bold typeface indicates p < 0.05. 
 

 
  



 62 

 
Figure 4–4. Left panel: Yield strength as a function of bone microarchitectural parameters and 
loading mode. Right panel: The change in yield strength for the implanted models relative to the 
same vertebra loaded in compression via PMMA without an implant as a function of bone 
microarchitectural parameters and loading mode.  
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Figure 4–5. (A) When loaded via an implant, accounting for the combined effects of BMC, Tb.Th, 
and Ct.M improved the yield strength predictions compared to any independent explanatory 
parameter. (B) The strength change caused by implantation (i.e. relative to loading with PMMA 
without an implant) was significantly associated with Ct.M (p ≤ 0.01 for each loading mode). 
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5. Conclusions 
 
 The overall goal of this research was to provide insight into the bone biomechanics of 
TDA-implanted vertebrae. The research investigated fundamental mechanisms by which lumbar 
TDA implants altered the yield strength of the vertebral body, stress in the bone tissue, and 
trabecular-cortical load-sharing behavior. The findings could have broad clinical and scientific 
implications related to pre-operative assessment of bone quality, in vitro test protocols for device 
development and regulation, the development of new implant designs, and clinical exclusion 
criteria. Ultimately, the hope is that this insight can be used to improve clinical outcomes for this 
class of device, and, in turn, contribute to the broad effort of addressing the global health burden 
associated with degenerative spinal pathologies. 
 

The main conclusions and recommendations supported by this body of work are: 
 
1. TDA alters the way in which load is shared between cortical and trabecular compartments 

(Chapter 2) 
 

The presence of a TDA implant can substantially alter the cortical-trabecular load-sharing 
behavior relative to the expected physiologic load-sharing behavior. Implant size has a larger 
effect on the alteration in load-sharing behavior than implant material for a constant applied 
force. The differences in load-transfer behavior between the intact model and the implant models 
is much larger for bending-induced impingement than for compression. In other words, bending 
to the point of impingement with an implant causes much larger deviations from the natural 
biomechanical environment compared to compression with an implant. Specifically, sagittal 
bending with an implant causes local increases in stress anteriorly or posteriorly and shifts the 
tissue at the highest risk of failure to local regions adjacent to the impingement. This behavior is 
accentuated as implant size increased but does not depend much on implant material properties. 
Implants of typical clinical size and material underload the cortical shell in both compression and 
bending-induced impingement both adjacent to the implant and much deeper in the vertebral 
body. 
 
2. The whole-bone yield strength of the vertebral body is reduced when loaded by a TDA 

implant; the magnitude of the strength reduction depends on the vertebral microstructure 
(Chapters 3–4) 

 
Vertebrae with lower trabecular bone volume fractions, in addition to having lower 

overall yield strengths, also experience a greater reduction in yield strength caused by 
implantation compared to those vertebrae with higher bone volume fractions. The trabecular 
bone volume fraction and cortical mass fraction are associated with the reduction in yield 
strength caused by a TDA implant relative to loading the vertebral body via PMMA. Whole-
bone yield strength is much more sensitive to changes within the trabecular compartment when 
the bone is loaded by an implant compared to when the same bone is loaded via PMMA; 
therefore, small declines in trabecular bone volume fraction can have a magnified effect on 
whole-bone yield strength post implantation. To identify those patients in whom implantation 
might cause disproportionate reduction in whole-bone yield strength (possibly pre-disposing 
those patients to implant subsidence) pre-operative assessment of bone quality should optimally 
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focus on the trabecular centrum. The apparent bone mineral density in the trabecular centrum 
may be a better measure of biomechanically relevant apparent bone mineral density compared 
with whole-bone measurements. 
 
3. Impingement induced by sagittal bending (flexion or extension) increases bone stress in 

local regions of the vertebral body and is associated with a reduction in bone strength 
(Chapters 2–4) 

 
When a TDA footplate is loaded through its anterior or posterior rim, representing load-

transfer into the bone following impingement induced by flexion or extension, bone stress near 
the impinged region increases substantially. While the yield strength of the vertebral body is 
reduced when loaded via a TDA implant compared to when loaded via PMMA, this reduction is 
larger for flexion- and extension-induced impingement loading than for axial compression, 
suggesting that subsidence might be caused, in some cases, by impingement-type loading. Pre-
clinical subsidence testing of TDA implants should therefore include some form of evaluation of 
bending-induced impingement if the implant enables this type of loading in vivo. This 
mechanistic etiologic link between implant impingement and subsidence may help explain why 
subsidence often involves not just axially compressive displacement (i.e. parallel subsidence) but 
also progressive rotational penetration of the TDA footplate into the underlying vertebral body. 
 
 The primary strength of this body of work is its application of high-resolution micro-CT 
imaging coupled with parallel finite element analysis and high-performance scientific computing 
to study of TDA-implanted vertebrae. Based on a one-to-one mapping of micro-CT voxels to 
finite elements, this modeling approach intrinsically incorporates the contributions of the 
complete morphometry of the calcified bone tissue, including the structural anisotropy and 
connectivity of the trabecular microstructure. For this reason, micro-CT based finite element 
analysis has had substantial impact on the bone biomechanics field but has not previously been 
applied to the study of TDA-implanted vertebrae; in this regard, the research presented here is 
the first study of its kind. The advantages of micro-CT based finite element analysis were 
leveraged by conducting controlled parameter experiments using repeated measurements of the 
same samples to isolate key variables such as implant size, material, and loading mode. For 
example, the repeated-measures experimental design enabled the calculation of a specimen-
specific change in yield strength caused by implantation as opposed to a difference in strength 
between two experimental groups (Chapter 4). This approach is only possible with 
computational models due to the destructive nature of many physical biomechanical tests. The 
models solved here (over 1 billion degrees of freedom in some cases) are among the largest finite 
element problems reported in the biomechanics field: the incorporation of geometric and material 
nonlinearities in models of this size and structural complexity represents a significant 
methodological strength in this body of work. 
 
 One limitation to this work is its limited sample size (n = 12), and the fact that all 
experiments were based on the same cohort of vertebrae. However, the morphological and 
microarchitectural features of these vertebrae are consistent with studies using much larger 
sample sizes, and many of the reported outcomes (such as the trabecular-cortical load-sharing 
behavior and the computed yield strength values) are consistent with other studies on whole-
bone biomechanics, suggesting that the limited sample size should reasonably represent typical 
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human lumbar vertebrae over the range of age and vertebral morphologies of the cohort (see 
Chapters 2–4 Discussion and Appendix 7.9) 
 

This collective work is also limited in that the analysis was entirely computational and 
did not include any physical biomechanical testing to validate the experimental outcomes. Some 
outcomes, such as the maximum level of stress in the trabecular bone tissue (Chapters 2–3), are 
not possible to verify experimentally due to the technical challenges of measuring tissue-level 
stresses or strains within the bone tissue of the vertebral body. However, there is extensive 
experimental data supporting the accuracy of yield strength predictions based on the specialized 
finite element approach and unique modeling assumptions used; indeed, the accuracy of this 
method across anatomic sites and variations in bone morphometry indicates that the dominant 
structural mechanisms in the bone itself are well-captured (see Chapters 2–4 Discussion and 
Appendix 7.9). Further, many of the outcomes and conclusions are based on relative changes 
between repeated measurements from the same sample. As such, those results are less sensitive 
to uncertainties in model assumptions such as the elastic modulus of the bone tissue. A series of 
sensitivity studies included in the appendix (Appendix 7.1–7.4, 7.6–7.8) demonstrate the low 
sensitivity of the reported results to key modeling assumptions. 
 
 The findings from this dissertation identify promising directions for future research. 
Specifically, the enhanced sensitivity of vertebral yield strength to localized changes within the 
trabecular bone indicates that pre-operative assessment of bone quality should focus on the 
trabecular region: this finding illustrates the need for studies comparing the accuracy of strength 
predictions for vertebrae loaded by TDA implants across the available clinical modalities of 
assessing bone quality, such as DXA, QCT, or BCT. Additionally, whole-bone yield strength 
declined more when the implant was loading in flexion- or extension-induced impingement than 
in axial compression, indicating that subsidence could be related to impingement-type loading. 
Future research is therefore needed to better understand the prevalence and sequalae of 
impingement on the bone, and whether implants could be designed to reduce the frequency or 
strength-reduction effects of impingement loading. Finally, future research is required to assess 
how the bone tissue remodels in response to loading via an implant. The results found here 
suggest substantial stress re-distribution following TDA, which could alter remodeling behavior. 
Heterotopic ossification (pathological bone overgrowth) is frequently documented following 
TDA and might relate to this stress re-distribution; however, the ways in which the bone tissue 
remodels to accommodate loading via a TDA implant are unknown. 
 
 In closing, this dissertation elucidates fundamental mechanisms by which the vertebral 
bone tissue resists the loads applied by lumbar TDA implants. Overall, the results indicate that 
the load-transfer behavior in the underlying bone is substantially altered by TDA, causing high 
levels of trabecular bone stress, diminishing the role of the cortical shell, and substantially 
reducing the whole-bone yield strength. These findings were assessed in relationship to the 
vertebral bone morphology and microstructure, enabling mechanistic insight into bone sub-
failure and failure behavior. In turn, this mechanistic insight was used to identify possible 
targets—including pre-clinical tests and implant design considerations—that might help to 
improve clinical outcomes for this class of device. 
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7. Appendix 
 
7.1 Assessing the impact of a higher fidelity implant model on load-sharing outcomes 

(Chapter 2) 
 

To assess the impact of footplate protrusions (such as spikes or teeth to facilitate fixation 
into the vertebral body) on the load-sharing outcomes, a sensitivity study was conducted in 
which six 1.5 mm wide by 3 mm deep cylindrical protrusions were added to the medium size, 
metallic implant loaded in compression and flexion. The protrusions were added in an elliptical 
pattern resembling that of the Charité implant. Relative to the medium size, metallic implant 
without protrusions, the cortical load-fraction varied by a maximum of 1.9% at any axial location 
and the high-risk tissue volume varied by a maximum of 2.7% at any A/P location (Figure 7–1). 
The 98th percentile of axial stress varied by a maximum of 1.8% and the amount of bone tissue 
with von Mises stress changes greater than ± 50% varied by a maximum of 1.0%. Thus, the 
addition of small protrusions resembling the spikes or teeth present on clinically used implants 
should have an insignificant effect on the reported results and would not alter the conclusions. 

 
7.2 Assessing the sensitivity of load-sharing outcomes to uncertainties in bone tissue elastic 

modulus (Chapter 2) 
 

To account for uncertainty in the assumption of bone tissue material properties (elastic 
modulus of 10.3 GPa, Poisson’s ratio 0.30), a sensitivity study was conducted using the intact 
model in which bone tissue was modeled using another possible physiologic value of material 
properties (elastic modulus 18.5 GPa, Poisson’s ratio 0.30 [142]).  The load-sharing outcomes 
were insensitive to the choice of bone tissue material properties over the range tested.  The 
cortical load-fraction varied by a maximum of 0.5% and the high-risk tissue volume varied by a 
maximum of 1% at any axial location (Figure 7–1).  Thus, the error of the load-sharing estimates 
with respect to the choice of bone tissue elastic modulus are negligible. 
 
7.3 Assessing the impact of a higher fidelity implant model on the maximum stress levels 

(Chapter 3) 
 

Using the same methodology as described in section 7.1, a sensitivity study was 
conducted on a higher fidelity implant model to assess the impact of footplate protrusions on the 
maximum stress outcome. Here, a specimen with an intermediate bone volume fraction (BV/TV 
= 0.106) was loaded via an implant in axial compression and forward flexion using the native 
micro-CT resolution of 37 µm. Relative to models loaded in the same way but without implant 
protrusions, the high stress level varied by a maximum of 4% at any axial location—A, B, or 
C—and the high-risk tissue volume varied by a maximum 0.1% at any A/P location in the 
vertebral body. Thus, the addition of small protrusions resembling the spikes or teeth present on 
clinically used implants should have an insignificant effect on the reported results and would not 
alter the conclusions. 

 
7.4 Assessing the sensitivity of the maximum stress levels to uncertainties in bone tissue 

elastic modulus (Chapter 3) 
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To account for uncertainty in our assumption of bone tissue material properties (elastic 
modulus of 10.3 GPa, Poisson's ratio of 0.30), we performed a sensitivity study on one specimen 
using another possible physiologic value of bone tissue material properties (elastic modulus 18.5 
GPa, Poisson’s ratio of 0.30 [142]). The specimen had an intermediate bone volume fraction 
(BV/TV = 0.106) and was loaded via a TDA implant in uniform compression. For the constant 
800 N applied force, the stress outcomes were insensitive to the choice of bone tissue material 
properties: the high stress level varied by a maximum of 2.7 MPa at any axial location (A, B, or 
C) and the high-risk tissue volume varied by a maximum of 0.1% at any A/P location in the 
vertebral body. Thus, the error of our outcomes with respect to the choice of bone tissue elastic 
modulus are negligible. 

 
7.5 Estimating QCT-measured volumetric bone mineral density from micro-CT-measured 

trabecular bone volume fraction (Chapter 3) 
 

To estimate the QCT-measured volumetric bone mineral density from the micro-CT-
measured bone volume fraction, I first calculated the apparent density (ρapp) of the internal 
trabecular region used to measure bone volume fraction by multiplying the bone volume fraction 
by the assumed wet-tissue density (ρtissue = 1.9 g/cm3) [105]. Then, I used linear regression data 
derived from Kopperdahl et al [194] (found in their Table 1) relating apparent density to QCT-
measured volumetric bone mineral density (vBMD g/cm3) measured using a hydroxyapatite 
calibration phantom (vBMD = 0.6594 ⨉ ρapp - 0.0193). 
 
7.6 Assessing the impact of a higher fidelity implant model on yield strength predictions 

(Chapter 4) 
 

To assess the impact of footplate protrusions (such as spikes or teeth to facilitate fixation 
into the vertebral body) on the yield strength outcomes, a sensitivity study was conducted in 
which six 1.5 mm wide by 3 mm deep cylindrical protrusions were added to the implant 
footplate of one model (BV/TV = 0.120), then loaded in compression and flexion-induced 
impingement. The protrusions were added in an elliptical pattern resembling that of the Charité 
implant. 

 
For the TDA implant loaded in compression, the difference in yield strength between a 

footplate with and without protrusions was 1.7% (31 N). For the TDA implant loaded in flexion-
induced impingement, this difference was 2.2% (32 N). Therefore, the difference in yield 
strength caused by the addition of footplate protrusions was small and would not alter the 
conclusions. 
 
 
7.7 Assessing the impact of finite element size on yield strength predictions (Chapter 4) 
 
 To assess the sensitivity of the yield strength prediction to the finite element edge length, 
a sensitivity study was conducted on a single bone loaded by a TDA implant in compression 
(BV/TV = 0.120). The yield strength predictions were compared between a model using element 
edge-lengths lengths of 37 µm (the native scan resolution) versus using a coarsened model with 
74 µm element edge lengths. The difference in computed yield strengths between these models 
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was 0.3% (5 N), suggesting that modeling the bone at the native scan resolution would not 
appreciably alter yield strength predictions when load is applied via a TDA implant. 
 
7.8 Assessing the impact of modeling an intervertebral disc instead of PMMA on yield 

strength predictions (Chapter 4) 
 

To assess the impact of loading the vertebral body via a intervertebral disc-like material 
opposite a TDA implant instead of potting the vertebral body in PMMA, a sensitivity study was 
conducted in which the solid layers previously defined as PMMA were re-defined to have the 
elastic properties of a material with the effective (homogenized) elastic properties resembling an 
intervertebral (elastic modulus 8 MPa, Poisson ratio 0.45 [106]). 
 
 Relative to the TDA-bone-PMMA model, the TDA-bone-disc model exhibited a 
reduction in yield strength of 9.8% (307 N). While this is not a negligible change, it’s much 
lower than the effect of the implant on yield strength (reduction of 33–82%) and would therefore 
not likely alter the conclusions. 
 
7.9 Experimental data supporting the validity of the micro-CT-based finite element approach 
 

Extensive experimental data collected by others support the accuracy of yield strength 
predictions of human bone using the finite element approach employed here. For example, Fields 
et al [154] accurately predicted the experimentally-measured strength of n = 12 elderly thoracic 
human vertebrae loaded to failure in compression via PMMA (R2 = 0.85 with Y = X type 
behavior) using the same finite element approach—including hexahedral finite elements 
converted from thresholded micro-CT data, homogenous isotropic elastic tissue material 
assumptions, an elasto-plastic constitutive model, the inclusion of geometric along with material 
nonlinearities, tissue-level tension-compression strength asymmetry, and solved using the same 
parallel finite element solver (Figure 7–2A). Separately, this same finite element approach 
accurately predicted the experimentally measured strength of n = 12 proximal human femurs 
from elderly cadavers (R2 = 0.94 with Y = X type behavior [178], Figure 7–2B), as well as n = 
54 human trabecular bone cores from across anatomic sites loaded in compression (R2 = 0.98) 
and tension (R2 = 0.99) [119] (Figure 7–2C, D). In combination, these data indicate a high-level 
of accuracy in bone strength predictions for this finite element approach under the unique set of 
assumptions used; indeed, the accuracy of this method across anatomic sites and variations in 
bone morphometry indicates that the dominant structural mechanisms in the bone itself are well-
captured. 
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Figure 7–1. The cortical load fraction (left) and high-risk tissue volume (right) were not sensitive 
to the choice of tissue material properties within a realistic physiologic range or the addition of 
small implant protrusions. 
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Figure 7–2. Supporting data collected by others demonstrating that the specialized micro-CT 
based finite element approach used here accurately predicted experimentally-measured strength 
of (A) n = 12 human thoracic vertebrae [154]; (B) n = 12 human proximal femurs [178]; and n = 
54 human trabecular bone cores from across anatomic sites tested in compression (C) and tension 
(D) [119]. 




