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Tibial Strains and Tray-Bone Micromotions After Total Knee Arthroplasty:
Computational Studies Evaluating the Tibial Fixation

Abstract

Cemented and cementless fixation in total knee arthroplasty (TKA) have been successfully used for
decades. As the number of younger and more active patients treated with TKA continues to increase,
long-term implant survivorship is of increasing importance. One of the most common complications and
hence the reason for revision is mechanical loosening (23.1% of all revised TKA). The loosening
mechanisms have been proposed for different fixation types. For cemented fixation, bone remodeling
after surgery is regulated by the changes in strain energy density (SED). The recruitment of osteoclasts
and osteoblasts is controlled by SED-related signals. Insufficient stimuli can promote bone resorption,
which causes implant loosening. For cementless fixation, the initial fixation of cementless tibial trays is
crucial to bony ingrowth onto the porous surface, as the micromotion magnitudes exceeding 150 um may
inhibit bone formations and cause implant loosening. However, the critical parameters influencing SED
distributions and tray-bone micromotion are not fully understood. Finite element models have been
commonly used to estimate the SED and micromotion, which typically cannot be measured
experimentally. However, the challenge that has limited the use of computational modeling in clinical
practice is model validation. Any poorly characterized input would directly influence the accuracy of the
resulting outputs and cause validation failure. The purpose of this work is to create an experiment to finite
element analysis pipeline for investigating the sensitivities of common TKA factors to the tibial SED and
tray-bone micromotion. Specifically, the first study developed an experimental-computational validation
framework for predicting tibial micromotion and bone deformation. The validated models were utilized for
the subsequent application studies. The second study investigated the influence of flve common TKA
factors on tibial strain energy density. The third study assessed the impact of seven common TKA factors
on the tray-bone interface micromotion. Physiological conditions were considered for both bone models
and boundary conditions used in each study. Therefore, the conclusions were more clinically meaningful.
There were clear recommendations for optimizing the post-operative SED distribution and minimizing the
interface micromotion to improve the tibial fixation. The research framework presented in this
dissertation could be used as a benchmark for investigating critical parameters influencing implant
fixation stability. The computational models presented in this dissertation could be used for pre-clinical
assessment and further implant development.
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ABSTRACT

Cemented and cementless fixation in total knee arthroplasty (TKA) have been
successfully used for decades. As the number of younger and more active patients treated
with TKA continues to increase, long-term implant survivorship is of increasing
importance. One of the most common complications and hence the reason for revision is
mechanical loosening (23.1% of all revised TKA). The loosening mechanisms have been
proposed for different fixation types. For cemented fixation, bone remodeling after surgery
is regulated by the changes in strain energy density (SED). The recruitment of osteoclasts
and osteoblasts is controlled by SED-related signals. Insufficient stimuli can promote bone
resorption, which causes implant loosening. For cementless fixation, the initial fixation of
cementless tibial trays is crucial to bony ingrowth onto the porous surface, as the
micromotion magnitudes exceeding 150 pm may inhibit bone formations and cause
implant loosening. However, the critical parameters influencing SED distributions and
tray-bone micromotion are not fully understood. Finite element models have been
commonly used to estimate the SED and micromotion, which typically cannot be measured
experimentally. However, the challenge that has limited the use of computational modeling
in clinical practice is model validation. Any poorly characterized input would directly

influence the accuracy of the resulting outputs and cause validation failure. The purpose of

this work is to create an experiment to finite element analysis pipeline for investigating the



sensitivities of common TKA factors to the tibial SED and tray-bone micromotion.
Specifically, the first study developed an experimental-computational validation
framework for predicting tibial micromotion and bone deformation. The validated models
were utilized for the subsequent application studies. The second study investigated the
influence of five common TKA factors on tibial strain energy density. The third study
assessed the impact of seven common TKA factors on the tray-bone interface micromotion.
Physiological conditions were considered for both bone models and boundary conditions
used in each study. Therefore, the conclusions were more clinically meaningful. There
were clear recommendations for optimizing the post-operative SED distribution and
minimizing the interface micromotion to improve the tibial fixation. The research
framework presented in this dissertation could be used as a benchmark for investigating
critical parameters influencing implant fixation stability. The computational models
presented in this dissertation could be used for pre-clinical assessment and further implant

development.
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CHAPTER 1. INTRODUCTION

1.1 Total knee arthroplasty

Total knee arthroplasty (TKA) is a common orthopaedic surgery that replaces the
articular knee joint with a man-made artificial joint (Figure 1.1). If the knee is severely
damaged by arthritis or injury and nonsurgical treatments are no longer helpful, knee
replacement surgery is a safe and effective procedure to relieve pain, correct leg deformity,
and resume normal activities (Justine & Ibrahim, 2019). Recently released research showed
that there were over 900,000 knee replacements performed in the United States in 2017
(Research, 2018). The future demand in knee arthroplasty is predicted to grow to 1.26
million procedures by 2030 (Sloan et al., 2018). The increasing acceptance of invasive
treatment and the observed improvement in function are both expected to contribute to the
trend of the greatly increasing implementation of TKA (Kuperman et al., 2016).

Different types of knee replacement systems are designed for patients with individual
demands and different knee conditions, each of which has exhibited different advantages
and disadvantages. The typical existing knee replacement systems include modular and
non-modular, fixed-bearing and rotating-platform, and cruciate-retaining and posterior
stabilized (Kurtz, 2009).

The modular total knee replacement system has been the most widely used type (Kurtz,

2009). It includes a femoral component, tibial insert, tibial tray, and a patella component

1



which may be used when needed. The modularity enables surgeons to select the tibial
polyethylene thickness and make intraoperative modifications after final tibial tray
placement. It is also easy for implant replacement as removing the tibial insert at the
beginning helps improve soft tissue exposure and allows for better visibility (Makhdom &
Parvizi, 2017). The drawback of the modular tibial components is the backside wear, the
fretting wear that occurs between the interface of the insert and tibial tray (Makhdom &
Parvizi, 2017). The cumulative wear debris of ultra-high-molecular-weight polyethylene
could lead to osteolysis (Naudie et al., 2007). Non-modular total knee replacement
integrates the insert and tibial tray as a single component, which eliminates the backside
wear but sacrifices the intraoperative versatility.

The rotating platform knee replacement concept was developed as an alternative to
fixed-bearing implants in order to reduce wear and improve range of motion (specifically
in internal-external rotation) (Capella et al.,, 2016). Although studies have shown
significantly less wear and improved axial rotation with rotating-platform knees (Berry et
al., 2012; White et al., 2015), there are no clinically relevant advantages of rotating
platforms with respect to outcomes and survivorship (Cheng et al., 2013; Kim et al., 2010;
Moskal & Capps, 2014).

Designs that preserve the posterior cruciate ligament are referred to as cruciate-
retaining implants. It offers a series of advantages: less bone sacrifice, better knee joint
kinematics and proprioception, increased femoral rollback in flexion, and more excellent
implant stabilization (D’ Anchise et al., 2013). However, if the posterior cruciate ligament
is deficient (especially in older populations), cruciate-retaining knee replacement may

cause ligament tearing and increasing laxity. Posterior stabilized implants attempt to
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replace the role of the posterior cruciate ligament with an insert post and femoral cam that
interact to prevent anterior translation of the femur on the tibia while allowing femoral
rollback during flexion (Kolisek et al., 2009). It offers a more stable component interface
and increased range of motion (Bercik et al., 2013; Fantozzi et al., 2006; Maruyama et al.,
2004).

There also exist some other knee replacement systems, such as hinged knee
replacement and partial knee replacement. A hinged joint utilizes a hinge to provide the
tibiofemoral flexion-extension motion, which is used for the treatment of global instability
or severe bone loss around the knee (Pour et al., 2007). Partial knee replacement replaces
only one part of a damaged knee. However, less than 8% of the knee replacement surgeries
were partial knees because most patients experience damage to more than one area of the
knee (Riddle et al., 2008).

Traditionally, implants are fixed to the bone using polymethylmethacrylate (PMMA),
which is commonly known as bone cement. A layer of quick-drying bone cement will be
applied between the patient’s natural bone and the prosthetic component to bond them
together (Figure 1.2). Cemented knee implants have been used for decades, and the
effectiveness in the long term was already known (Kim et al., 2014; Meftah et al., 2016).
It’s a good option for old and less active patients who have a poor-quality bone. For these
patients, bone growth may be insufficient to hold the implant in place. However, as the
number of younger and more active patients treated with TKA continues to increase
(Aggarwal et al., 2014; Aujla & Esler, 2017), implants are required to carry potentially
more intensive dynamic activity cycles while maintaining long-term durability (Kim et al.,

2016). Recent research has highlighted that cemented knee replacements in younger
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patients may not last as long as those in older patients due to the increased activities and
demands (Hofmann et al., 2002; Newman et al., 2019). Cementless knee implants, also
called press-fit implants, have a rough surface or porous coating that encourages the natural
bone to grow into the spaces in the implant, holding it in place without the need for cement
(Figure 1.2). Compared with cemented implants, current innovations in cementless tibial
trays may offer a more long-lasting biological fixation (Dalury, 2016; Meneghini &
Hanssen, 2008). Cementless knee replacement eliminates the worry about potential
complications from cement breakdown. However, cementless implants are not suitable for
patients who have poor bone quality because strong and healthy bones are needed to hold
the implants in place.

Each of the knee replacement systems and fixation types has advantages and
disadvantages. The type of the components used depends on the patient’s age, physiology,

and demands.

1.2 Mechanical loosening

As the number of primary TKA being performed dramatically increased, the projected
demand in revisions is expected to grow by 601% by 2030 (Kurtz et al., 2007). Common
causes of failure in TKA are infection, mechanical loosening, instability, stiffness, and
polyethylene wear (Bozic et al., 2010; Callaghan et al., 2004; Fehring et al., 2001; Gioe et
al., 2004; Le et al., 2014; Pitta et al., 2018; Sharkey et al., 2002). The proportion of each
cause of TKA failure is constantly changing with the improvement of TKA techniques.
Historically, polyethylene wear and its sequelae were among the leading causes for revision

TKA. In 2002, Sharkey et al. reported that 25% of revisions were wear-related, with 44%
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of late failures attributable to wear (Sharkey et al., 2002). With the development of
polyethylene manufacturing (highly cross-linked polyethylene), the ratio of wear-related
revisions dropped to 2% for early revisions and 9% for late revisions (Le et al., 2014).
However, mechanical loosening continues to remain one of the most common causes of
TKA failure in the last decade (account for about 29.8% of the revised cases) (Bozic et al.,
2010; Dalury et al., 2013; Hossain et al., 2010; Kasahara et al., 2013; Pitta et al., 2018;
Schroer et al., 2013; Sharkey et al., 2014; Thiele et al., 2015).

Mechanical loosening, also referred to as aseptic loosening, is defined as the loosening
of a prosthesis from the bone in the absence of infection or trauma (Figure 1.3) (Drees et
al., 2007). It was initially considered to be a ‘cement disease.’ It is now understood that
aseptic loosening can occur due to inadequate fixation at the initial surgery, mechanical
loss of fixation over time, or biological loss of fixation due to any type of particulate debris
(Abu-Amer et al., 2007; Jones & Buckle, 2020). When the prosthesis becomes loose, the

patient may experience pain, change in alignment, or instability.

1.2.1 Loosening mechanism

Aseptic loosening is a complex and multifactorial event (Sundfeldt et al., 2006). In the
beginning, studies found a correlation between loosening of prostheses and the amount of
wear produced from bone cement (Harris et al., 1976; Willert & Semlitsch, 1977). They
believed that the fibrous tissue between the bone and cement induced the initial osteolysis.
Later, researchers started to find that the polyethylene and metal particles were also
responsible for aseptic loosening (August et al., 1986; Dowd et al., 2000; Howie et al.,

1988; Malony & Smith, 1995; A. Shanbhag et al., 1994; A. S. Shanbhag et al., 2000). The
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mechanism of aseptic loosening induced by wear particles has been concluded. In an
aseptic loosening process, the bond of the implant to the bone is destroyed by the body’s
attempt to digest the wear particles. During this process, normal, healthy bone is also
digested (osteolysis), which can weaken or even fracture the bone (Catelas et al., 2011;
Ingham & Fisher, 2000). The cellular response to wear debris may vary with size, shape,
composition, charge, and concentration of particles (Gonzalez et al., 1996; Johanson et al.,
2012; Sabokbar et al., 2003).

Stress shielding, which refers to the reduction in bone density as a result of removal of
typical stress from the bone by an implant, has been considered as another reason causing
aseptic loosening (Chong et al., 2011a; Ibrahim et al., 2017; Wikipedia contributors, 2021b;
Zhang et al., 2016a). This is because by Wolff’s law, that the bone in a healthy person will
adapt to the loads under which it is placed (Wolff, 1893). If the loading on a bone increases,
the bone will remodel itself over time to become stronger to resist that sort of loading. if
the loading on a bone decreases, the bone will become less dense and weaker due to the
lack of the stimulus (Frost, 1992; Wikipedia contributors, 2021a). The bone remodeling in
response to the external loading is regulated by the changes in strain energy density (SED)
(Figure 1.4) (Huiskes et al., 1987; Jang et al., 2008; Ruimerman et al., 2005), which is
defined by the scalar-product of stress () and strain (g) tensors,

SED = [, o de (1)
representing the strain energy accumulated per unit volume in an object. The recruitment
of bone-resorbing osteoclasts and bone-forming osteoblasts is controlled by the SED-
related signals sent through the osteocytic-canalicular network (Burger & Klein-Nulend,

1999). When a prosthesis is implanted into the knee, most of the load will be transferred
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through the prosthesis rather than the bone, while the bone areas around the prosthesis will
subject to less load and thus produce less strain. The decreased strain signals the osteoclasts
to resorb the bone until the strains are normalized, which leads to bone loss over time and
eventually causes aseptic loosening.

Comparing with cemented fixation that lacks remodeling capacity, cementless fixations
may provide greater longevity through osseointegration and retention of bone remodeling
capacity (Behery et al., 2017). However, cemented knee replacements usually have good
initial fixations due to the use of bone cement, whereas cementless implants resulted in
more frequent early tibial loosening than cemented components (Behery et al., 2017;
Berger et al., 2001; Duffy et al., 1998). The initial fixation of cementless knee replacement
is crucial to bony ingrowth onto the porous surface of the implants (Bragdon et al., 1996).
It takes time for new bone growth, thus not providing immediate fixation. Micromotion
magnitude exceeding 150 pm may inhibit bone formations (Engh et al., 1992; Pilliar et al.,
1986). Early migration potentially leading to subsequent aseptic loosening has been
demonstrated in radio-stereometric analysis studies (Carlsson et al., 2005; Nilsson et al.,
2006).

In conclusion, aseptic loosening in TKA results from multifactorial causes. Except for
the wear particle factor, bone loss due to bone remodeling after surgery is the main cause
of implant loosening for cemented knee replacement. For cementless knee replacement,
insufficient bone growth due to the large implant-bone micromotion after the settling
period is the primary reason for tibial loosening. Therefore, understanding the critical
parameters influencing post-operative SED distribution and implant-bone micromotions is

very important to improve tibial fixation.



1.2.2 Challenge in measurements and predictions

Experimentally measuring SED inside the tibia requires advanced hardware and
protocols (Grassi & Isaksson, 2015; Shifani et al., 2017). Strain gauges are often considered
the gold standard for strain measurements on the bone (Completo et al., 2007; Hillam et
al., 2015; Hoshaw et al., 1997; Lanyon et al., 1975; Milgrom, 2000; P. F. Yang et al., 2011).
However, this measurement is limited to a few distinct points where gauges are placed.
The number of gauges that can be applied over a sample is also limited. Finally, it cannot
measure the strain inside the bone. Digital image correlation (DIC) is a non-contact method
for bone strain measurements (A. M. Ali et al., 2017; Vaananen et al., 2013). It compares
sets of images of the specimen surface under different loading states and calculates the
deformations. It allows full-field surface strain measurement with good accuracy.
However, DIC investigation is still limited to assessing surface strains (only the cortical
bone can be assessed). The internal bone (trabecular bone) deformation cannot be achieved.
Digital volume correlation (DVC) is the extension of 2D-DIC to the third spatial
dimension, which has been used recently to measure bone strains (Boulanaache et al., 2020;
Gillard et al., 2014). It handles sets of micro-CT scans of the specimen to obtain complete
3D strain distributions. However, the obtained data is sensitive to the noise levels in micro-
CT scans. Moreover, due to the restriction of the test and measurement device, the tested
loadings and motions were very limited.

Similarly, measuring implant-bone interface micromotion is difficult. Previous studies
investigated tray-bone micromotion by measuring the relative displacement between the
markers placed on the exposed surfaces of the implant and bone (Bhimji & Meneghini,

2012, 2014; Crook et al., 2017; Kraemer et al., 1995). These measurements were limited
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to a few distinct points where markers were placed, which may not reflect the actual
interface micromotion. Han et al. (2021) measured the full-field tray-bone relative
displacements by using a DIC system. However, this still may not represent the actual
interface micromotion because the deformation of the cancellous bone underlying the tray
was also counted into the change in distance, which would cause underestimations of the
tray tilting at the anterior aspect. Full-field interface micromotion can be investigated using
the DVC system (Malfroy Camine et al., 2016; Sukjamsri et al., 2015). But same as in
measuring bone strains, this measurement is limited to the simple tested loadings and
motions. Heilemann et al. (2016) measured the acetabular bone-implant interface
micromotion by utilizing a set of pin and sleeve sensors. However, this method destroyed
the bone structure and cannot be reproduced in the knee joint due to different anatomy.
Finite element methods have been commonly used to estimate the SED and implant-
bone interface micromotion. It addresses all the aforementioned measurement limitations
in experimental tests. It allows full-field investigations of bone strains and implant-bone
interface micromotions, which typically cannot be measured experimentally. However, the
experimental validation of computational models remains challenging. Finite element
modeling is limited by the necessary input and assumptions (Sukjamsri et al., 2015). Many
input parameters, such as interface contact, bone material properties, and soft tissue
mechanical properties, are complex and variable in the modeling. Any poorly characterized
input would directly influence the accuracy of the resulting output. The struggle in the
validation of computational models restrains the extensive uses of these models in clinical

practice.



1.3 Objectives

The overall objective of this dissertation was to create an experiment to finite element
analysis pipeline for investigating the sensitivities of common TKA factors to the tibial
strain energy density distributions and the tray-bone interface micromotion and assessing
the implant stability of TKA designs. Three specific objectives were proposed to
accomplish this goal. The first specific objective was to develop an experimental-
computational validation framework for predicting the tibial micromotion and bone
deformation. The validated models were utilized in the subsequent studies. The second
specific objective was to investigate the influence of a variety of factors on tibial SED
distributions after cemented TKA. The third specific objective was to investigate the

impact of a variety of factors on cementless tray-bone interface micromotions.

1.4 Dissertation overview

Chapter 2 provides an overview of the published literature, which primarily focused on
the applications of computational modeling for investigating tibial strains and tray-bone
micromotion in TKA. The investigations through traditional experimental methods were
also reviewed. The limitations in previous studies and so the opportunities were concluded
in the last section of this chapter.

Chapter 3 presents Validation and sensitivity of model-predicted proximal tibial
displacement and tray micromotion in cementless total knee arthroplasty under
physiological loading conditions whose objective was to present a validated experimental-

computational framework for predicting tibial micromotion and bone deformation during
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activities of daily living. This study has been published in the Journal of the Mechanical
Behavior of Biomedical Materials (H. Yang et al., 2020).

Chapter 4 presents Impact of surgical alignment, tray material, PCL condition, and
patient anatomy on tibial strains after TKA whose objective was to investigate the
influence of surgical alignment, tray material properties, posterior cruciate ligament (PCL)
balance, tray posterior slope, and patient anatomy on proximal tibial strain energy density
while considering physiological femoral-insert contact conditions and patellar and PCL
ligament forces. This study has been published in Medical Engineering and Physics (H.
Yang et al., 2021).

Chapter 5 presents Impact of patient, surgical, and implant design factors on predicted
tray-bone interface micromotions in cementless total knee arthroplasty whose objective
was to investigate the influence of surgical (tray alignment, tibial coverage, resection
surface preparation), patient (bone properties), and implant design (tray features, surface
friction, tibiofemoral kinematics) factors on the tray-bone interface micromotions during a
series of activities of daily living. This study has been submitted to the Journal of
Orthopaedic Research.

Chapter 6 summarizes the contributions of the studies presented in this dissertation and

suggests directions for future work in this field.
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Osteoarthritis

Arthritic Knee Knee After Surgery

Figure 1.1: Total knee arthroplasty.

At surgery 6 months postsurgery

Cemented TKA Cementless TKA
Figure 1.2: Cemented total knee arthroplasty (left); Cementless total knee arthroplasty

(right) and bone ingrowth into the porous coating (right-bottom; porous coating — white;
bone — gray; marrow cellular components — black).
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Loosening

Osteolysis

Figure 1.3: Mechanical loosening (aseptic loosening) in TKA. Osteolysis (red arrow) has
occurred around the tibial component, causing it to become loosened from the bone (blue
arrow).
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Indirect osteoblast-osteoclast coupling through mechanics
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Figure 1.4: The theory described the coupling between formation and resorption as an
effect of mechanical stress transfer (Figure source: Ruimerman et al., 2005, reprinted with

permission).
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CHAPTER 2. BACKGROUND AND LITERATURE REVIEW

2.1 Techniques for evaluation of knee biomechanics in TKA

2.1.1 In-vivo experimental analysis

In-vivo is Latin for “within the living.” It refers to research that is performed with or
within an entire living organism. For evaluating the knee biomechanics in TKA, the ideal
investigation is to perform experiments on living human subjects to understand the changes
in knee joint behavior after implantation. In-vivo investigations are typically used to
measure knee joint kinematics, bone and soft tissue geometries, body loadings, and knee-
related muscle activities by utilizing motion capture devices (fluoroscopy, marker-based
camera system), imaging systems (CT - computed tomography, MRI - magnetic
resonance), force plates, and electromyography electrodes, respectively. However, in-vivo
investigations present some limitations that restrain the scope. Many internal variables,
such as contact forces, ligament forces, bone strains, and micromotions, cannot be
quantified using non-invasive methods in a living subject. Telemetry is an experimental
approach that places biocompatible transponders into implants for recording real-time joint
loads and moments (Morris et al., 2001; S. Taylor et al., 1998). However, the cost of
telemetric implants is expensive, and the device could malfunction after implantation,

which only shows moderate success (Komistek et al., 2005). For the research purpose of
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this dissertation, telemetric implants cannot measure bone strains and bone-implant

micromotions.

2.1.2 In-vitro experimental analysis

In-vitro is Latin for “within the glass.” It refers to work that’s performed outside of a
living organism. In-vitro investigations use cadaveric specimens to perform tests that are
not possible or not allowed during in-vivo experiments. Since there is no restriction on
invasive experiments, many internal variables that are not accessible in-vivo can be
measured during in-vitro studies (Abrahams, 1967; Markolf et al., 1990). Though
informative, extrapolating the results from cadaveric studies back to living beings may be
challenging as in-vivo conditions are hard to be captured by in-vitro testing. For evaluating
knee biomechanics in TKA, experimental knee simulators have been developed to
reproduce the physiological loading and motion conditions during different daily activities
(Colwell et al., 2011; DesJardins et al., 2000; Godest et al., 2000; Halloran et al., 2010;
Maletsky & Hillberry, 2005; Varadarajan et al., 2009). These simulators have restrictions
in degrees of freedom (DoF) and lack direct measurement of the joint load (Fitzpatrick et
al., 2016). An advanced instrument for accurate joint motion simulation is the AMTI
VIVO™ simulator (AMTI, Watertown, MA), which provides the closest possible approach
to in-vivo conditions (Figure 2.1). The test station is equipped with six servo-hydraulic
actuators which can operate in force or motion control in each axis and any combination in
all six DoFs. The station also has a six-axis force sensor that can measure the contact forces
and moments. Force disturbances caused by actuator nonlinearities or imperfections are

corrected by the control system according to the feedback from the force sensor (VIVO
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Knee Simulator, n.d.). The VIVO also allows users to submit profiles for target joint
loadings and kinematics in the Grood and Suntay Coordinate System, a joint system widely
adopted in joint biomechanical studies (Grood & Suntay, 1983). Besides, external modules
for applying ligament forces, and wear tests using serum are also supported. When
simulating knee joint activities, the femoral and tibial components are rigidly fixed to the
upper and lower stages of the VIVO machine, respectively. Flexion-extension and varus-
valgus rotations or torques can be applied to the upper stage, while the forces and motions
along the other four directions can be applied to the lower stage. DIC devices are commonly
used together during the tests to measure the target variables. DIC target markers are
usually attached to the exposed surfaces of the tray and bone to measure implant-bone
migrations. For measuring the bone deformation, a speckled paint is required to be applied
to the bone surface.

Cadaveric specimens have been used extensively in in-vitro experiments due to their
realistic behavior. They provide the bone variability that is encountered in clinical practice
(Olson et al., 2012). It is essential to evaluate the performance of a TKA implant in a large
population with different bone geometries, qualities, sizes, and material properties.
However, this variability can also be bad for some testing. For example, compare the
characteristics between two different implants, or investigate the impact of different
implant alignments. Cadaveric specimens cannot be repeatedly implanted with different
implants or disassembled for realignments. Only testing on several specimens will cause
high deviations in the results due to the variability of the cadaveric specimens. Increasing
the sample size for a confident evaluation can be costly and time-intensive. For these

mechanical testing that focus on the implant, the specimens are desired as generic and
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consistent as possible. Synthetic bone, also referred to as artificial bone, is an alternative
to the cadaveric bone, commonly used for comparative studies due to its low cost and
consistent material properties. They can be made the same with small deviations in
mechanical and geometric properties, which addresses the limitation of using cadaveric
bones in such testing. However, synthetic bones are limited to their non-realistic properties
thus cannot produce clinical outcomes associated with bone anatomy and characteristics.
In general, in-vitro studies have an undeniable value for evaluating knee biomechanics
in TKA, although associated with the above limitations. However, for the research purpose
of this dissertation, the strain inside the bone and the tray-bone interface micromotion still
cannot be directly measured in-vitro. Experimentally measuring these variables requires
advanced devices and protocols (Figure 2.2d) (described in section 1.2.2) (Grassi &
Isaksson, 2015; Shifani et al., 2017). However, the loadings and motions that can be applied
using such devices are very limited. Computational modeling provides an alternative

method for investigating bone strains and tray-bone interface micromotions.

2.1.3 In-silico computational analysis

Finite element method has been successfully used for decades in the field of
engineering design and scientific research. It has become an effective way to solve complex
engineering problems in various areas such as machinery manufacturing, material
processing, aerospace, automobiles, civil engineering, and electronic appliances (Keane &
Nair, 2005; Paulo Davim, 2012; Pietrzyk et al., 2016; Samui et al., 2016). Finite element
analysis replaces complex problems with simple numerical problems. It regards the

solution domain as composed of many small interconnected subdomains (called finite
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elements), assumes a suitable approximate solution for each element, and then derives the
solution to this domain to satisfy the boundary conditions. Finite element method not only
has high calculation accuracy but also can adapt to various complex geometries. In the field
of biomechanics, because most of the mechanical testing cannot be directly performed in-
vivo, finite element method has shown its significant superiority and has been widely used.
3D models of human bones, muscles, blood vessels, and other organs can be established
realistically and given biomechanical properties by utilizing the powerful modeling
function of finite element software and its interface tools. These computational models
have been used to solve the mechanical problems of the cardiovascular system, investigate
the orthopaedic biomechanics, improve the mechanical performance of medical devices,
and optimize the device design (De et al., 2010; Ertan Taskin et al., 2012; Guccione et al.,
2010; Kung et al., 2019).

Computational simulations can replicate a specific experiment and the related boundary
conditions. Once the model is validated, it can be used as a predictive tool (M. Taylor &
Prendergast, 2015). In the field of knee arthroplasty, the experiments during the
development and testing of new implants can be extremely expensive and time-consuming
due to the requirement of advanced testing devices and a large number of testing samples.
Computational modeling provides a very cost-effective platform for the evaluation of
design features under different boundary conditions. The objective of computational
modeling in knee arthroplasty has been to better understand the post-operative changes in
the knee joint (such as mechanics, range of motion, strain distributions, and ligament
forces), the interaction between the implant and knee (such as fracture, bone resorption,

implant-bone migration, and impingement), and the implant performance (such as wear
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and dislocation). Thereby improving TKA techniques to restore knee biomechanics as
close as possible to the natural knee, meanwhile, reduce TKA complications. Validated
models can be used for quick testing of implant designs without manufacturing physical
prototypes as well as for patient-specific pre-operative planning (Abdul-Kadir et al., 2008;
Bah et al., 2015; Pettersen et al., 2009; Reggiani et al., 2007). They also provide insight
into measurements not easily obtained experimentally (Rullkoetter et al., 2017), such as
bone strains, bone-implant micromotions, and contact mechanics.

Another distinct advantage of computational modeling is that it allows repeatable tests
on the same model. The same model can be tested under different boundary conditions,
meanwhile provides the relative changes of any interested parameters. In the field of TKA
evaluation, a tibial model can be virtually implanted with two or more different prostheses
and tested under the same loading conditions to compare the performance between
different designs. Similarly, the same tibial model can be implanted by using different
alignment parameters to investigate the impact on strain distribution in any tibial region.
Such kinds of tests cannot be performed by in-vivo or in-vitro experiments. In addition, the
real bone model combines the advantages of artificial bone and natural bone. It can be
repeatedly used in comparative studies meanwhile possesses real anatomical structure and
biomechanical properties.

Computational models have been extensively used in the field of knee arthroplasty for
a range of purposes, such as wear prediction, soft tissue balancing, and stability evaluation,
design comparison (Amiri & Wilson, 2012; Ardestani et al., 2015, 2019; Pal et al., 2008).
However, the outcomes from computational simulations are not yet widely accepted and

trusted in clinical practice. The most fundamental reason is the lack of experimental
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validation. Indeed, the comparative studies using computational models could be helpful
in filtering out better design features at the early implant design phase. However, whether
the design outcomes meet the clinical criteria is unreliable and unconvincing in the absence
of experimental verification. The second reason is the lack of realistic representations
during the validation procedure. For example, a validated knee model using synthetic bone
can only be used for very limited research in clinical settings due to the absence of realistic
bone properties. Similarly, validating models under simple loading conditions is
insufficient to provide comprehensive clinical suggestions due to the lack of physiological
loading representations. Therefore, computational modeling will not be trusted in clinical
practice unless a thorough validation of models under physiological conditions is
performed. Validating computational models involving human tissues is challenging. Any
poorly characterized input would directly influence the accuracy of the resulting outputs
and cause validation failure.

This chapter will review the previous works investigating bone strains and tray-bone
micromotions in TKA, mainly focusing on the applications of computational modeling
though model validations are mostly lacking. Experimental investigations will also be

reviewed.

2.2 Investigation of bone strains in TKA

2.2.1 Experimental investigations

Bone remodeling after total knee arthroplasty is regulated by the changes in strain
energy density (Huiskes et al., 1987; Jang et al.,, 2008; Ruimerman et al., 2005).

Experimentally measuring bone strains in-vivo is best ideal for understanding how TKA
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factors influence the bone strain distributions. However, the existing techniques cannot
quantify bone strains inside the human body by non-invasive methods. Although bone
strains are unquantifiable in-vivo, researchers could measure bone loss to infer and compare
the impact of each factor on bone remodeling. The typical way to quantify bone loss is to
establish a baseline bone mineral density based on the CT scans taken immediately after
surgery. Then compare with the follow-up CT scans conducted several years later to
calculate the bone loss. Munro et al. followed 46 patients (54 knees) receiving either fixed-
bearing or rotating-platform TKA. Obvious bone density loss (up to 12.6% for cancellous
bone and 3.6% for cortical bone) was found in proximal tibial regions, but no differences
in bone loss between these two cohorts (Munro et al., 2010). The result suggests that the
strain distributions in the tibiae are very close between these implant designs. Soininvaara
et al. (2004) investigated the femoral bone loss after TKA using the same method. In-
vivo investigation of bone loss provides the most meaningful outcomes in clinical practice
due to the real biomechanical environment but also presents some drawbacks. Firstly,
collecting data is extremely time-consuming as it usually takes several years to follow up
with the patients. Secondly, because many individual factors could contribute to bone loss
and cannot be isolated, a large number of patients is required to obtain confident
comparative results. Additionally, the application of this in-vivo investigation is limited in
the implant design phase because the initial designs cannot be used in clinical without the
approval from Food and Drug Administration (FDA).

Since the mechanism of the bone remodeling after TKA was already known, sufficient
stimuli will promote bone growth, and insufficient strains will cause bone resorption.

Therefore, bone remodeling patterns could be directly derived by comparing the bone
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strains. In-vitro experiments allow direct measurement of bone surface strains, which are
thus utilized to study the impact of different factors on bone strains. Synthetic bones were
usually preferred by the researchers to perform comparative studies due to their consistent
shape and properties, so as to isolate the impact of bone anatomy on bone strains. During
the experiment, synthetic bones will be implanted with different prostheses and alignment
parameters according to the study objectives. The implanted bones and an intact bone (as
the baseline reference) will then be loaded via experimental devices to simulate in-vivo
loading conditions. The surface bone strains will be measured and compared to estimate
the potential bone remodeling pattern. There are many methods to measure the surface
bone strains: (1) Strain gauge, an electrical sensor that allows strain measurement along all
three axes. But the measurement is limited to a few distinct where gauges are placed (Figure
2.2a). (2) DIC system, an optical method that could measure the strain on the entire bone
surface placed (Figure 2.2b). (3) Photoelastic coating analysis is another optical method
that could visualize the strain very smoothly placed (Figure 2.2c). Briefly, this method
bonds a photoelastic coating to the bone and measures the coating by a reflection
polariscope. Changes in the index of refraction of the coating material create color bands
when viewed under polarized light. The isochromatic fringe patterns are relative to the
underlying strains and readily quantifiable (Glisson et al., 2000). Studies using synthetic
bones and these measurement techniques have been performed to investigate the impact of
stem features, implant malalignments, resection levels, cementation methods, implant
materials, and implant types on the surface bone strains (Berend et al., 2010; Cawley et al.,
2012; Completo et al., 2008a, 2008b, 2010; Rankin et al., 2016; Small et al., 2010). Instead

of using synthetic bone, Green et al. performed a similar study using cadaveric tibiae to
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compare the impacts of neutral and varus alignment on bone strains (Green et al., 2002),
which is one more step closer to in-vivo conditions. But as discussed previously,
experiments involving real bones require more specimens to draw confident results due to
the individual differences.

In-vitro experiments address the limitations of in-vivo investigations. In-vitro methods
enable a quick estimation of the potential bone remodeling pattern by comparing the strain
changes without the need for years follow-ups. They also allow testing on design
prototypes that have not been approved by FDA. Testing using synthetic bones can
standardize boundary conditions and evaluate the effect of the implant alone. However, in-
vitro investigations on bone strains are not without limitations. The first is the lack of a
biomechanical environment. The tested loading in previous studies was simple
compressive loads simulating body weight or single activity without considering additional
soft tissue loading on the target bone. Another limitation is the inability to measure the
strains inside the bone (cancellous bone strains). Even for the cortical bone, the
measurements were only limited to the surface layer. Using only surface strain variations
to represent the overall strain differences lacks experimental evidence. These limitations
may explain why the in-vivo study reported no difference in bone loss between fixed-
bearing and rotating-platform designs, while an in-vitro study speculated that rotating-
platform designs would cause more bone loss due to the lower cortical strains measured on
the bone surface (Malinzak et al., 2014; Munro et al., 2010). Scott et al. used acoustic
emission to evaluate the internal bone strains (Scott et al., 2013). Acoustic emission is a
technique for measuring structural damage. The damage of the bone structure in response

to stress creates elastic sound waves, which can be detected at the surface by piezoelectric
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sensors. However, acoustic emission only provided an overall comparison which cannot
be localized into specific regions. Srinivasan et al. measured the cancellous bone strains by
loading a small piece of cancellous (Srinivasan et al., 2016). This method lacks

biomechanical characteristics and can only be used for very limited research purposes.

2.2.2 Computational predictions

Finite element models have been commonly used to predict the bone strain parameters,
even though accurate results may not be obtained due to the lack of biological data to feed
models (Figure 2.4) (Prendergast, 1997). Computational simulations enable investigations
of the bone strain at the regions which cannot be accessed experimentally, such as the
implant-bone interface and the region under the stem. These predictions provide a more
comprehensive understanding of the impact of TKA factors on bone remodeling.

Because the shape and material properties of the synthetic bone are known, the
synthetic bone model is straightforward to model with high accuracy. Many computational
studies used synthetic bone models to further their studies that cannot be performed in-
vitro (Au et al., 2007; Completo et al., 2008c, 2009; Innocenti et al., 2009). Researchers
simulated their in-vitro experiments by virtually implanting the prosthesis into the
synthetic bone model and applying the same loads used in the experimental tests. Completo
et al. (2007) experimentally loaded an implanted synthetic bone and validated their
computational model by comparing measured and predicted surface bone strains. The
model was subsequently utilized to investigate the bone strains near the stem-bone
interface, and the effects of different stem types and lengths on the stress shielding were

compared (Completo et al., 2008c, 2009). Similar methods were used to study the impact
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of implant material properties and implant medial-lateral positionings (Au et al., 2007; de
Ruiter et al., 2021; Innocenti et al., 2009).

While synthetic bone models are preferred for easy modeling and accuracy, human
bones have natural and heterogeneous material property distributions. Simulations using
real bone models can provide more physiological investigations on bone strains. Modeling
the human bone is relatively complicated. First, the bone geometry needs to be segmented
from CT scans. Then assign each meshed bone element the material properties (density,
elastic modulus, Poisson’s ratio) according to the Hounsfield Unit (HU). The bone mineral
density is related to the HU thus can be obtained directly from the known relationship.
Experimentally measured density-elasticity relationships are used for calculating the
elastic modulus for individual elements. Because CT scans may have errors due to the
scanning environment, bone mineral density phantom can be used to calibrate the HU-
density relationship. The established real bone model can be implanted and repeatedly
tested with different prostheses and alignment parameters, which cannot be performed
experimentally. Studies using real bone models have been conducted to investigate the
impact of implant materials, stem lengths, cementation types, and implantation parameters
on bone remodeling (Chong et al., 2011b; Eidel et al., 2020; Jia et al., 2017; Zhang et al.,
2016b). Due to the large variations of human bone in terms of shape, size, and density, the
outcomes from the simulations using a single real bone model may not be representative
in a large population. Anjis et al. (2020) investigated the population-based effect of TKA
alignment on simulated tibial bone remodeling. In the study, 47 real bone models were
assessed. The result indicated that the mechanical alignment induced more bone loss in the

medial-proximal region. However, the bone loss has large differences between individuals,
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ranges from 15~30% in the medial region for mechanical alignment. These observed
differences were mainly due to the difference in bone density distributions, which illustrate
the benefit of population-based computational analyses over single model studies.

Some of the studies used simple axial compressive loads for the simulated loading
conditions, which were divided into medial and lateral portions according to specific ratios
and uniformly applied on the insert surfaces to simulate standing or other activities
(Completo et al., 2007; Eidel et al., 2020; Innocenti et al., 2009). Perillo-Marcone and Tylor
(2006) showed that the stresses generated at the implant-bone interface were dependent on
the kinematics of the joint (such as contact location), which are affected by the TKA design,
surgical alignment, and the balance of the soft tissue. Many later studies started considering
the femoral-insert contact conditions (such as contact locations and directions) (Anijs et
al., 2020; Chong et al., 2011b; Nakamura et al., 2017; Simpson et al., 2009). Nakamura et
al. (2017) derived physiological loading conditions by utilizing a validated dynamic
musculoskeletal model and applied it to the bone strain analysis model to investigate the
impact of surgical alignments on bone remodeling. Duda et al. (1998) unveiled a large
influence of the muscle loading on the strain distributions, which led to some subsequent
studies starting to consider soft tissue forces. A recent computational study considered
almost all relevant soft tissue forces when investigating the impact of implant materials on
tibial stress shielding (Au et al., 2007). These soft tissues included the cruciate ligament,
medial collateral ligament, semimembranosus, semitendinosus, patellar tendon, and other
minor soft tissues. However, most of these soft tissue forces were less than 10N and thus

negligible. Concluding the existing literature, the primary soft tissues that affect the bone
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strain distributions after TKA are the patellar tendon, the semimembranosus, and the
cruciate ligament (only suitable when retained).

Computational simulations were also utilized to directly predict bone remodeling
patterns using the strain-parameter-related remodeling equations (Anijs et al., 2020;
Cawley et al., 2012; Chong et al., 2011b; Jia et al., 2017; Quilez et al., 2017). Different
mechanical variables are used to define the reference stimulus, such as effective stress
(Beaupreé et al., 1990; Doblaré & Garcia, 2002), strain (Fernandes et al., 1999; Frost, 1990),
or strain energy density (Huiskes et al., 1987; Kaczmarczyk & Pearce, 2011). During these
simulations, the implanted bone models were loaded with physiological loads, and the
related strain parameters were predicted for each bone element. Bone remodeling
thresholds were set according to different remodeling equations. When the predicted bone
strain parameter was out of the critical range, the bone density of the corresponding element
would be adjusted accordingly based on how much the strain parameter was out of the
range. After the density of all elements were adjusted, the second simulation would be
performed on this updated bone model under the same loading conditions. The iteration
process was repeated until the pre-defined timeline was reached (e.g., two years) or the
strain parameters of all elements were within the critical range (no density change). The
bone loss was then quantified by comparing the bone density of the initial and final bone
models. Comparing with the computational simulations that output the bone strain
differences, these bone remodeling predictions may be more preferred by surgeons and
implant developers because the quantified bone loss provides a direct evaluation of the risk
of potential aseptic loosening. However, these predictions are hard to be validated.

Different remodeling equations (with different coefficients, reference stimuli, and
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remodeling thresholds) could result in distinct predictions. Thus, which outcome is more
reliable is unknown. It has been demonstrated that the stress does not have a strong meaning
correlated to bone density (Linde et al., 1990). Fenech and Keaveny (1999) have
demonstrated that the von Mises criterion is inaccurate in assessing trabecular bone
performance. In general, SED is the most widely accepted mechanical stimulus for bone
remodeling in biomechanics (Mirulla et al., 2021).

In addition to the applications mentioned above, the computational models were also
used to investigate the inhibiting effect of bisphosphonate on bone loss and the impact of
bon trabecular bone structure on stress shielding (Nyman et al., 2006; Srinivasan et al.,

2017).

2.2.3 Tibial strain sensitivities to common TKA factors

Many TKA factors influence the tibial strain distributions after knee arthroplasty. Scott
and Biant reviewed the impact of several design factors of the tibial components on the
strain and stress shielding (Scott & Biant, 2012). This section will present a more
comprehensive review of the literature investigating the impact of TKA factors on bone
stress, bone strain, stress shielding, and bone remodeling. The reviewed factors include

surgery, patient, and implant design.

2.2.3.1 The material of the tibial component
The material properties of the tibial prostheses influence how the stress transmits from
femoral-insert contact to the tibial bone under the tray plate and the stem (Scott & Biant,

2012). The commonly used materials for tibial components are cobalt-chrome (CoCr),
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titanium (Ti), and polyethylene (PE). The effect of stress shielding depends on the
difference in elastic modulus (E) between the implant material and surrounding bone. A
stiffer implant will take and shield more loads from going to the bone. A cobalt-chrome
tray (E = 210GPa) with a 40 mm-length stem transmits 73% of the loads through the stem,
whereas an all-polyethylene tibial component (E = 1.2GPa) conveys only 36% of the loads
through the stem (Eidel et al., 2020). Studies have reported that a cobalt-chrome tray
resulted in much greater stress shielding than an all-polyethylene one (stiffness mismatch
ratio is 175:1 for CoCr versus PE) (Au et al., 2007; Eidel et al., 2020; Jia et al., 2017; Small
et al., 2010; Zhang et al., 2016b). The bone resorption in the proximal tibial was predicted
as high as 50% for metal-backed components but less than 10% for all-polyethylene
components (Zhang et al., 2016b). However, almost no difference in stress shielding was
found between components made of titanium (E = 110GPa) and cobalt-chrome (stiffness

mismatch ratio is roughly 2:1 for CoCr versus Ti) (Eidel et al., 2020).

2.2.3.2 The length of tray stem

The length of the tray stem influences how distal the stress is transmitted through the
stem to the tibia. Meanwhile, a longer stem also transmits more loads through the stem than
a shorter one. For metal-backed components, the plate-stem force transmission ratio was
up to 17:83 for a 75-mm length stem and 27:73 for a 40-mm length stem (Eidel et al.,
2020). This change of load transmission due to different stem lengths does not occur with
all-polyethylene stems due to the significantly reduced stiffness of the construct. Many
studies have reported that the long stem produced more serious stress shielding than the

short stem (Completo et al., 2009; Eidel et al., 2020; Jia et al., 2017; Rawlinson et al.,
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2005). A computational study predicted that a 110 mm stem would result in about 10%
more bone loss in the proximal tibia comparing with a 30 mm stem (Jia et al., 2017).
However, long stems could provide better mechanical stability due to the less shear stress

produced in the tibia.

2.2.3.3 Stem type and geometry

One computational study compared the effect of five types of stem design: straight
stem, offset stem with supplements, offset stem without supplements, sleeve with stem,
and sleeve without stem (Quilez et al., 2017). The highest bone resorption was predicted
for the offset prosthesis without the supplement, and the highest bone formation was
computed for the straight stem. Other authors reported that the use of stems could reduce
the strains in proximal tibia by 30~50%, and thus suggested that the stem may be needless

in tibiae of sufficient stiffness (Rawlinson et al., 2005).

2.2.3.4 Tibial fixation techniques

Tibial fixation techniques include full cementation, surface cementation, and
cementless. Full cementation involves cementing both the tibial tray and stem (Abu-Rajab
et al., 2006; Lonner et al., 2001). Surface cementation, also called hybrid cementing,
indicates that the cement is applied underneath the tibial tray but leaving the stem
uncemented (Adalberth et al., 2001; Schai et al., 1998). Cementless implies that the fixation
relies on bony ingrowth (Whiteside, 2001). Strain gauge experiments reported that lower
surface strains were measured for full cementation compared to surface cementation, which

indicated more bone resorption might occur in the proximal tibia with full cementation
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(Cawley et al., 2012; Completo et al., 2008c). This finding has been verified by bone
remodeling simulations where more extensive bone resorption under the baseplate was
predicted for full cementation (43%) than for surface cementation (29%) (Cawley et al.,
2012; Chong et al., 2011b). The force shielded from going to the bone with full cementation
was predicted 7~15% more than surface cementation cases according to the length of the

stem (Eidel et al., 2020).

2.2.3.5 Implant alignment parameters

Mechanical alignment is a technique that aims to position both femoral and tibial
components perpendicular to the mechanical axis of each bone despite any preoperative
deformities (Sappey-Marinier et al., 2020). Kinematic alignment, also referred to as
anatomic alignment, aims to restore pre-arthritic alignment and maintain the native joint
line position (Howell et al., 2013; Waterson et al.,, 2016). Both experimental and
computational studies have reported considerable strain increases in the medial-proximal
tibia due to changes in femoral-insert contact conditions (Anijs et al., 2020; Green et al.,
2002; Nakamura et al., 2017; Perillo-Marcone & Taylor, 2006; Zhang et al., 2016b). A
bone remodeling simulation predicted more bone loss in the medial region for
mechanically aligned tibia compared to the kinematically aligned model (24.8% versus

7%) at a simulated time point of two years after TKA (Anjis et al., 2020).

2.2.3.6 Fixed-bearing vs. rotating-platform design
An in-vivo study followed 54 knees for two years and found no evidence of differences

in bone loss between fixed-bearing and rotating-platform designs (Munro et al., 2010).
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While an in-vitro study comparing those two designs in synthetic tibiae reported that fixed-
bearing knee replacement exhibited higher cortical strains (Malinzak et al., 2014). The
disagreement from the in-vitro experiment is supposed due to the lack of physiological

representations in both bone and loading conditions.

2.2.3.7 Tibial resection level

The resection surface area at the tibial plateau decreases with the increasing resection
depth, which leads to the implantation of smaller tibial components with less underlying
bony support. A synthetic bone experiment reported that the strains increased up to 281%
in the proximal and peripheral regions of the tibia with 15 mm of tibial resection compared
with 5 mm resection (Berend et al., 2010). However, it should be noted that this

significantly increased strain could cause cancellous damage.

2.2.3.8 Femoral component

A computational study investigated the influence of the femoral stem extensions (press-
fit or cemented) and the constrain types (posterior-stabilized and varus-valgus constrained)
on proximal tibia strain distributions. The results indicated the strain behavior of cancellous
bone under the tibial tray is not completely immune to the use of femoral stems. However,
the level of the change is small compared with the strain magnitudes (Completo et al.,

2010).
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2.3 Investigation of tray-bone micromotion in cementless TKA

2.3.1 Experimental investigations

The initial fixation of cementless tibial trays after total knee arthroplasty is crucial to
bony ingrowth onto the porous surface of the implants, as micromotion magnitudes
exceeding 150 um may inhibit bone formations and limit fixation (Engh et al., 1992; Pilliar
et al., 1986). Because the tray-bone interface typically cannot be measured experimentally,
previous in-vitro studies evaluated the cementless fixation performance by measuring and
comparing the subsidence or liftoff of the baseplate with the critical micromotion
magnitude for bone ingrowth (Bhimji & Meneghini, 2012, 2014; Crook et al., 2017;
Kraemer et al., 1995; Yildirim et al., 2016).

LVDTs (linear variable differential transformers) were widely used to measure the
relative displacement between the exposed surfaces of the tray and tibia (Figure 2.3a)
(Alipit et al., 2021; Bhimji & Meneghini, 2012; Crook et al., 2017; Meneghini et al., 2011;
Yoshii et al., 1992). An LVDT is an electromechanical sensor that converts a linear
displacement into an electrical signal containing the information of direction and amplitude
(Wikipedia contributors, 2021c). When measuring the tray-bone relative displacement,
LVDTs are usually mounted on a rigid frame attached to the tibia and let the LVDT
plungers contact the surface of the markers (usually cubes or spheres) that are fixed to the
tray baseplate. After applying the loads to the construct, the tray-bone relative displacement
along the plunger axis at those measurement points will be calculated from the electrical
signal produced by the motion of the plungers. Since LVDTs can only measure the
displacement in one direction, simultaneously measuring the displacement in multi-

directions requires more sensors. However, the number of LVDTSs can be used in a single
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test is limited due to the testing space restriction (no more than six according to the
literature). Therefore, the measurement of tray-bone relative displacement is limited to a
few distinct points and directions, which cannot reflect the actual micromotion
distributions around the baseplate.

The digital image correlation system allows a full-field surface displacement
measurement (Figure 2.3b). It has been used in previous studies to measure the tray-bone
relative displacements, although a small portion of the tray-bone surface cannot be
measured due to the obstacle of the testing devices (Han et al., 2021; Noble et al., 2017;
Small et al., 2016, 2019; Yildirim et al., 2016). In preparation for DIC measurement, a
speckle pattern is required to be applied to the outer surface of the tibia and the cementless
prosthesis. During the tests, the displacement of each spot will be recorded by the DIC
camera, and the relative displacement between the tray and bone can be thus calculated.
DIC measurements are in three dimensions, and the accuracy can be within 5 um. However,
limitations are still associated with L\VVDT and DIC measurements. The main drawback is
that these measured tray-bone relative displacements may not represent the actual tray-
bone interface micromotion. The measured change in distance is a combination of the
deformation of cancellous bone underlying the tray and the motion of the tray relative to
the bone. However, the surface bone (where markers were attached) is usually unstressed
and thus has no deformation. Therefore, the deformation of the cancellous bone underlying
the tray is also counted into the measurement, which would cause the underestimation of
the tray liftoff.

Moreover, in the subsidence motion, the bone under the baseplate subsides together

with the tray, where there are no gaps between the tray and bone. The actual interface
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micromotion in the superior-inferior direction should almost be zero. Han et al. calculated
the tray-bone interface micromotion by averaging the surface displacement data and
reported that the maximum interface micromotion occurred at the posterior zones (where
subsidence displacements were observed) during stair descent activity (Han et al., 2021).
Such investigations using the measured subsidence displacement to represent the actual
interface micromotion would cause serious misjudgment on the implant fixation stability.

Early experimental studies mostly applied simple compressive loads or the
combination of compressive and shear loads when investigating the tray-bone micromotion
(Kraemer et al., 1995; Meneghini et al., 2011; Yoshii et al., 1992). One study reported that
the physiological loading could generate larger micromotions and better detect differences
between devices than the simplified loading (Bhimji & Meneghini, 2012). Many
subsequent investigations started considering physiological loads (Bhimji & Meneghini,
2014; Han et al., 2021; Noble et al., 2017). Due to the restriction of the testing devices,
some studies were not able to apply full-cycle loads but used the peak loading of
physiological activities instead (Crook et al., 2017; Han et al., 2021). However, one study
testing different tray designs under five full-cycle physiological loads revealed that the
peak micromotion did not necessarily occur at the peak loads (M. Taylor et al., 2012).
These findings highlighted the need to apply physiological loads and examine the whole
cycle when investigating the tray-bone micromotion.

Previous studies investigating tray-bone micromotions mainly focused on comparing
the influence of different fixation features on fixation stability. Synthetic bones were
mostly used for their excellent comparative performance and easy research setting (Alipit

et al., 2021; Bhimji & Meneghini, 2012; Crook et al., 2017; Small et al., 2016). However,
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the use of natural bone in assessing TKA component stability offers a realistic
representation of the in-vivo situation. Small et al. performed the same tests on synthetic
and cadaveric tibiae to study the impact of different fixation designs on the primary
stability (Small et al., 2019). Similar conclusions were drawn for synthetic and natural
bones, but the micromotion values were found different. This confirms that testing within
native tibial specimens is necessitated. However, because the micromotion tests usually
involve hundreds of loading cycles for implant bedding-in and different activities, the
cadaveric specimens have a high risk of fracture during the tests. Therefore, the applied
loads were sometimes scaled to minimize the risk of specimen failure, which may limit the

use of cadaveric bone in investigating the tray-bone micromotion (Han et al., 2021).

2.3.2 Computational predictions

Computational models have been commonly used to predict the tray-bone interface
micromotion (Figure 2.4) (Chong et al., 2010; Glenday et al., 2021; Hashemi & Shirazi-
adl, 2000; Rahimizadeh et al., 2018; Totoribe et al., 2018). As described previously, the
experimentally measured tray-bone relative displacement cannot represent the actual
interface  micromotion. Therefore, the computational predictions of the interface
micromotion provide more reasonable and accurate evaluations of the cementless fixation.
The tray-bone interface micromotion is defined at the relative motions between the tray
and the tibia contact surface. In computational models, the changes in the relative distance
(total of the three translational components) between the nodes at the tray bottom surface
and the nearest nodes at the tibia implantation surface were used to represent the tray-bone

interface micromotion.
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Realistically modeling the contact between the bone and cementless tibial component
is challenging. Firstly, both the human trabecular bone and the porous surface of the
cementless component have complex structures. Previous computational studies usually
modeled the porous-bone contact surfaces with Coulomb friction, ranging from 0.6 to 1.1
(Chong et al., 2016; Glenday et al., 2021; M. Taylor et al., 2012). Secondly, the values of
the interference fit are highly dependent on the surgical operations. The achieved
interference fit is probably much lower as removing the reamer and inserting a rough-
coated implant is likely to remove and crush further material (Shirazi-adl et al., 1994). The
interference fit could further reduce significantly due to the viscoelasticity of the human
bones (Norman et al., 2005). Therefore, previous studies usually assumed the bone-implant
interfaces to be line-to-line (no interference fit). A computational study also showed that
an interference fit of 0.15 mm only caused 10.6% changes in the predicted micromotion
(Navacchia et al., 2018).

The cementless fixation relies on the bone ingrowth into the porous spaces of the tibial
component. More contact area with osseointegration indicates a stronger fixation.
Therefore, solely investigating and comparing the maximum micromotion values with the
critical value for bone ingrowth is not enough to accurately evaluate the implant fixation
performance. Chong et al. predicted the tray-bone interface micromotion for three implant
designs and found that the design with larger peak micromotion could have a greater extent
of osseointegration under all simulated loading conditions (Chong et al., 2016). Therefore,
some computational studies predicted the surface area experiencing small micromotions as
another indicator for assessing the cementless fixation (Chong et al., 2010; Glenday et al.,

2021; M. Taylor et al., 2012). The commonly adopted micromotion threshold for bone
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ingrowth is 50 um, below which the formation of bone tissue has been observed in-vivo
(Jasty et al., 1997a). In contrast, fibrous tissue formation is known to occur where
micromotions exceed 150 um (Jasty et al., 1997b; Kienapfel et al., 1999; Pilliar et al.,
1986). The computationally predicted surface area for bone ingrowth has been used to
compare the fixation stability between different designs, loading conditions, and implant
alignments (Chong et al., 2010, 2016; Glenday et al., 2021; M. Taylor et al., 2012).

Most of the computational studies used natural tibia models, as the human bone model
offers a physiological representation of the in-vivo situation meanwhile without any risk
of bone failure. Additionally, human bone models can be repeatedly implanted with
different designs and alignment parameters, which isolates the impact of bone anatomy
that cannot be avoided in experimental tests. For modeling convenience, some studies
applied the loads directly at the central reference node of the tray (Glenday et al., 2021;
Totoribe et al., 2018), where the impact of contact locations and mediolateral force
distributions on micromotions was neglected. One of our studies has shown that the tray-
bone interface micromotion was very sensitive to the anterior-posterior contact location
(H. Yang et al., 2020). For a comprehensive investigation on the tray-bone interface
micromotion, the simulated loading should be physiological, continuous (full-cycle), and

multi-activities (Bhimji & Meneghini, 2012; Noble et al., 2017; M. Taylor et al., 2012).

2.3.3 Tray-bone micromotion sensitivities to common TKA factors
Many TKA factors may influence the tray-bone interface micromotion, such as surgical
parameters, implant designs, and patient anatomy. However, since the cementless fixation

in knee arthroplasty has become popular most recently (Aprato et al., 2016; Asokan et al.,
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2021), there is not much research investigating the cementless micromotion sensitivities to
TKA factors. This section is dedicated to list the TKA factors studied in previous literature

and outline their corresponding impact on the tray-bone interface micromotion.

2.3.3.1 Fixation features

Many fixation features exist, such as cone, stem, keel, pegs, and screws, with different
sizes, shapes, and incline angles. Chong et al. computationally compared the tray-bone
interface micromotions between mini-keel tibial components and a standard stemmed
design (Chong et al., 2016). The prosthesis surface area amenable for bone ingrowth for
the mini-keel design was predicted to be at least 67% larger than the stemmed implant,
thereby reducing the risk of long-term aseptic loosening.

The screw fixation was used in early TKA but less adopted in recent years as it can
cause increasing osteolysis around the screws (Ersan et al., 2017). Both experimental and
computational studies have reported that screw fixation could reduce the micromotion and
liftoff comparing with the peg fixation (Hashemi & Shirazi-adl, 2000; Kraemer et al., 1995;
Tissakht et al., 1995).

Several studies compared the fixation stability between the keel and pegs in terms of
the tray-bone micromotion, and all found that the keel provided more stability than the
pegs (Bhimji & Meneghini, 2012; Meneghini et al., 2011). The most significant differences
in micromotion were reported between the dual-hex peg implant and the keel with pegs
design during the stair descent activity (644 um versus 144 um, respectively) (Bhimji &

Meneghini, 2012).
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2.3.3.2 The length of tray stem

It has been reviewed in Section 2.3.2.2 that a longer stem could provide better
mechanical stability due to the less shear stress produced in the tibia. Therefore, a longer
stem also resulted in less tray-bone micromotion due to the increased stability (Chong et
al., 2016; Yoshii et al., 1992). It has been found that long stems minimized the rocking
motion (subsidence and liftoff) of the prosthesis, but no significant difference between
short stem and stemless designs (Yoshii et al., 1992). A computational study also predicted
up to 32% reduction in the peak micromotion with a stem extension of 45 mm (Chong et

al., 2016).

2.3.3.3 Implant alignment parameters

The mechanical alignment provides a relatively balanced joint load transfer (Sappey-
Marinier et al., 2020b). While a varus alignment may help improve knee kinematics and
ligament balance but increases the load carried by the medial compartment of the knee
(Niki et al., 2017; Smith et al., 2016). One study has reported that a 2° of tibial varus
alignment could result in 79% increased peak micromotion 59% and 18% reduced surface

area for bone ingrowth than a mechanical alignment (Glenday et al., 2021).

2.3.3.4 Cruciate-retaining vs. posterior-stabilized design
A computational study investigating the micromotion of cruciate-retaining (CR) and
posterior-stabilized (PS) designs during gait and stair descent activities reported that PS

implants had 50% less micromotion than CR components (Muellor et al., 2020). The
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predicted peak tray-bone micromotion occurred at walking for the CR design while at stair

descent for the PS implant.

2.4 Gaps and opportunities

Understanding the critical parameters influencing post-operative SED distribution and
implant-bone micromotions is essential to improve TKA fixation. However, these variables
typically cannot be measured experimentally. Computational models have been commonly
used to predict the tibial strain and micromotion and investigate corresponding influencing
factors. Although many related studies have been performed previously, there are still

important limitations that need to be addressed to cement their findings in clinical practice.

2.4.1 Model validation

Validation is the process of determining how well the model accurately represents the
real world through comparison to experimental data (Henninger et al., 2010). A
computational model of the human body needs to be validated in order to be trusted. Once
the models are validated, they can be further used for analyses that are difficult or
impossible to conduct via experimental methods. For instance, a validated intact knee
model may be used to simulate soft tissue injury and quantitatively assess the effect of
surgical decisions on patellofemoral mechanics and extensor mechanism efficiency (A. A.
Ali et al.,, 2016); A validated wear model allows a more time- and cost-efficient
investigation of the polyethylene wear under different conditions than physical testing
(Knight et al., 2007); Validated lower limb models could be further used to evaluate TKA

designs and surgical techniques (A. A. Ali et al., 2020; Fitzpatrick et al., 2012); The AMTI
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VIVO knee simulator has been modeled and validated to simulate the experimental tests
without the impact of experimental errors (Figure 2.1) (Fitzpatrick et al., 2016).

However, only a limited number of studies performed model validations when
investigating bone strains and tray-bone micromotions. Some studies validated their
models by using synthetic bone (Completo et al., 2007; Navacchia et al., 2018). While
artificial bones are preferred for the low-cost and easy implantation procedures, human
bones have real and heterogeneous material property distributions which reflect the
anatomical location and subject-specific factors. Thus, using natural bone models enable
more physiological investigation of the bone strains and tray-bone interface micromotions.
However, the validation of real bone models is challenging due to the heterogeneous
material property. The same bone density could have up to 53% differences in elastic
properties between samples due to the different trabecular architectures (Ulrich et al.,
1997), which brings vast uncertainty when determining the bone density-elasticity
relationship. Moreover, previous studies validated their computational models by solely
considering surface strains or the relative displacement around the tray-bone interface
(Chong et al., 2010; Completo et al., 2007; Navacchia et al., 2018; Simpson et al., 2009).
However, these location-specific comparisons may not reflect the validity of the entire
model, particularly for human bones which possess heterogeneous material properties.

Concluding from the above deficiencies, the reliability of the computational validation
could be improved by simultaneously considering both bone surface strains and tray-bone
interface micromotions. Also, most of the previous validation works considered only the
peak loading of a single activity (Chong et al., 2010; Completo et al., 2007; Simpson et al.,

2009). As described previously, the simulated loading should be physiological, continuous
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(full-cycle), and multi-activities for more comprehensive and accurate investigations

(Bhimji & Meneghini, 2012; Noble et al., 2017; M. Taylor et al., 2012).

2.4.2 Model application

Computational models have been used to investigate the impact of various TKA factors
on bone strain and micromotion (See section 2.2.3 and 2.3.3), although model validations
were mostly lacking.

In previous bone strain studies, testing loads have been typically applied uniformly on
the surface of the polyethylene insert or tibial plateau, without additional soft tissue loading
on the tibia. However, it has been reported that the joint kinematics and muscle loading
had significant impacts on the bone strain distributions (Duda et al., 1998; Perillo-Marcone
& Taylor, 2006). To the author’s knowledge, none of the previous studies considered both
femoral-insert contact (contact locations and force directions) and soft tissue loading
conditions (tendon and ligament forces and directions) when investigating bone strains.
Additionally, the impact of some common TKA factors on bone strain distributions has not
been investigated yet, such as ligament balancing and patient anatomy.

For tray-bone micromotion studies, previous studies have primarily estimated the tray-
bone micromotion under different loading conditions (Chong et al., 2010; M. Taylor et al.,
2012), although a few also investigated the micromotion sensitivity of key factors such as
implant alignment, design features, or individual differences (Hashemi & Shirazi-adl,
2000; Tissakht et al., 1995). However, the loading conditions applied in these studies were
typically simple vertical loads which do not account for the more complex physiological

loading at the knee joint during daily activities. Additionally, many TKA factors that were
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foreseen to affect the tibial fixation have not been studied yet. For example, maximizing
tibial coverage is thought to improve fixation due to the more uniform distribution of the
forces (Bertin, 2007; S. Martin et al., 2014; Wernecke et al., 2012); The resection errors
relative to the TKA cutting guide were likely to influence the fixation stability (Plaskos et
al., 2002); Differences in tibial elastic properties between samples were also expected to
affect the fixation performance. To our best knowledge, no one has systematically studied
the impact of these common TKA factors on the tray-bone micromotion under

physiological conditions.
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Figure 2.1: The AMTI VIVO™ knee simulator (left) and its validated computational model
(right-bottom) (Fitzpatrick et al., 2016). The upper stage can apply flexion-extension and
varus-valgus motions/loads, and the lower stage can apply internal-external, superior-
inferior, anterior-posterior, and medial-lateral motions/loads.
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Figure 2.2: Experimental techniques for measuring bone strains. (a) Strain gauge
measurement (Figure source: Completo et al., 2010, reprinted with permission); (b) Digital
image correlation measurement (Figure source: Scott et al., 2013; Malinzak et al., 2014,
reprinted with permission); (c) Photoelastic coating measurement (Figure source: Small et
al., 2010, reprinted with permission); (d) Digital volume correlation measurement (Figure
source: Boulanaache et al., 2020, reprinted with permission).
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Figure 2.3: Experimental techniques for measuring tray-bone micromotions. (a) LVDT
measurement (Figure source: Bhimji & Meneghini, 2014, reprinted with permission); (b)
Digital image correlation measurement.
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Figure 2.4: Computational predictions of the bone strains (left) and tray-bone interface
micromotions (right).
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CHAPTER 3. VALIDATION AND SENSITIVITY OF MODEL-PREDICTED
PROXIMAL TIBIAL DISPLACEMENT AND TRAY MICROMOTION IN
CEMENTLESS TOTAL KNEE ARTHROPLASTY UNDER PHYSIOLOGICAL

LOADING CONDITIONS

3.1 Abstract

The initial fixation of cementless tibial trays after total knee arthroplasty is crucial to
bony ingrowth onto the porous surface of the implants, as micromotion magnitudes
exceeding 150 pum may inhibit bone formations and limit fixation. Experimental
measurement of the interface micromotions is still very challenging. Thus, previous studies
investigated micromotions at the bone-tray interface via finite element methods, but few
performed direct validation via in vitro cadaveric testing under physiological loading
conditions. Additionally, previous models were validated by solely considering relative
displacements of the marker couples placed around the tray-bone interface. In this study,
we present an experimental-computational validation framework for investigating
micromotions at the tray-bone interface under physiological conditions. Three cadaveric
specimens were implanted with cementless rotating-platform implants and tested under
gait, deep knee bending, and stair descent loads. Corresponding subject-specific finite
element models were developed and used to predict the marker (tray-bone) relative

displacements and tibial surface displacements. Experimental measurements were used to
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validate model estimations. Subsequent sensitivity analyses were performed on
implantation and friction parameters to represent model uncertainties.

The models appropriately differentiated between locations, activities, and specimens.
The average root-mean-square (RMS) differences and correlations between measured
marker relative displacements and predictions from the ‘best-matching’ models were 13.1
pm and 0.86. RMS differences and correlations between measured surface displacements
and predictions were 78.9 um and 0.84. Full-field interface micromotions were
investigated and compared with predicted marker relative displacements. The marker
relative displacements underestimated the actual interface micromotions. Initial tray-bone
alignment in anterior-posterior, flexion-extension, and varus-valgus degrees of freedom
have a considerable impact on the interface micromotions. The validated cadaveric models
can be further used for pre-clinical assessments of new TKR tray design. The outcomes of
the sensitivity analyses provide further insights into reducing interface micromotions via

clinical techniques.

3.2 Introduction

Cemented and cementless fixation in total knee arthroplasty (TKA) have been
successfully used for decades. As the number of younger and more active patients treated
with TKA continues to increase (Kurtz et al., 2009), long-term implant survivorship is of
increasing importance. Although there is no significant difference in the performance and
longevity between cemented and cementless fixation in TKA (Newman et al., 2018),
current innovations in cementless tibial trays offer a more long-lasting biological fixation

potential (Dalury, 2016). The primary fixation of cementless tibial trays after TKA is
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crucial to bony ingrowth onto the porous surface of the implant (Bragdon et al., 1996) as
micromotions exceeding 150 um may inhibit the bone formation and limit fixation (Pilliar
etal., 1986). Therefore, understanding the micromotion at the tray-bone interface is critical
for pre-clinical evaluations of new implant designs.

Previous studies investigated in-vitro micromotion between tray and bone by
comparing the measured subsidence or liftoff of the baseplate (measured using linear
variable differential transformers) with the critical micromotion magnitude for bone
ingrowth (Bhimji & Meneghini, 2012, 2014; Crook et al., 2017; Kraemer et al., 1995).
However, these measurements are limited to a few distinct points at the interface, which
may not correspond to actual interface micromotions in terms of magnitude and trend.
Also, the micromotion contour map across the interface is not fully known. Experimental
measurement of the micromotion at the tray-bone interface requires advanced imaging
hardware and protocols (Malfroy Camine et al., 2016). Thus, finite element (FE) models
have been commonly used to estimate the interface micromotion. Computational models
can complement experiments where data is difficult or impossible to measure. Once the
models are validated, they can be further used for detailed analyses. There are a limited
number of studies focusing on tray micromotions in cementless TKA which included
validated FE models to evaluate the interface micromotion. One study developed and
validated FE models from cadaveric tests to evaluate the tray-bone interface micromotion
(Chong et al., 2010). However, only peak loads during gait were considered, which cannot
fully account for the varying loads throughout the gait cycle. Also, the loading conditions
tested in the previous studies mainly included a single vertical load (Crook et al., 2017,

Hashemi & Shirazi-adl, 2000; Yoshii et al., 1992) or a single daily activity (Bhimji &
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Meneghini, 2014; Yildirim et al., 2016). A recent study presented validated computational
models for predicting the cementless TKA micromotions in synthetic foam bones over a
range of simulated activities of daily life (Navacchia et al., 2018). While synthetic bones
(Crook et al., 2017; Yildirim et al., 2016) are preferred for the low cost and easy
implantation procedures, cadaveric bones have real and heterogeneous material property
distributions which reflect anatomical location and subject-specific factors. Thus,
cadaveric tests provide more realistic biological fixation and enable more physiological
investigation of the interface micromotion.

To our knowledge, no study has reported validated interface micromotion data
(measured in cadaveric specimens implanted with the cementless trays) by considering
physiological loading conditions covering multiple dynamic activities of daily living.
Additionally, the majority of the previous investigations did not present detailed validation
results (Chong et al., 2010) or evaluated interface micromotions without model validations
(M. Taylor et al., 2012). Previous studies validated their FE models by solely considering
relative displacements of the marker couples placed around the tray-bone interface.
However, these location-specific comparisons may not reflect the validity of the entire
model, particularly for cadaveric bones which possess heterogeneous material properties.
The validation procedure can be improved by also considering bone surface displacements.
Furthermore, previous studies only considered the fixed-bearing design for knee
prostheses. Interface micromotions for the rotating platform (RP) design in cementless
TKA have not been previously studied.

Hence, the objective of this work was to present a validated experimental-

computational framework for predicting tibial micromotion and bone deformation during
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activities of daily living. Three cadaveric tibiae were implanted with an RP cementless
TKA design and were tested via a six-degree-of-freedom (DoF) knee testing machine under
gait (GT), deep knee bending (DKB) and stair descent (SD) loading conditions. Relative
motions between the marker couples on tray-bone exposed surfaces and anterior tibial

surface displacements were measured and compared with the FE predictions.

3.3 Methods

In this study, three cadaveric tibiae were implanted and experimentally tested under
physiological loading conditions. Tray-bone relative displacements and the bone surface
displacements were recorded at the anterior aspects of the implanted tibiae. The
corresponding computational models were developed with all the boundary conditions
(implantation alignment, bone fixation, loading condition, and marker couple location,
etc.) reproduced from the experiments. The experimental measurements were compared
with the predictions for validating the computational models. After validation, the tray-

bone interface micromotions were investigated in detail.

3.3.1. Experimental testing

CT scans of three fresh-frozen healthy cadaveric tibiae were taken prior to the
experiments and were manually segmented using ScanlP (Simpleware, Exeter, UK) from
the CT scans. (Table 3.1). The scan parameters were set at 130 kVp, 107 mA tube current,
0.6-mm thickness slices, and 0.39-mm pixel spacing with a scan field of 200 mm. Each
specimen was implanted using mechanical alignment techniques with a cementless tibial

prosthesis (best-fit size, rotation-platform, cruciate-retaining, ATTUNE®, Depuy Synthes,
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Warsaw, IN) by an experienced surgeon. The specimen was resected 12.7 cm distal from
the implantation plane. Good fixation support and sufficient coverage were noted for all
the specimens. After the implantation, specimens were cemented into custom fixtures
(Figure 3.1). Nine digital image correlation (DIC) target markers were then placed at the
anterior aspects of the tray and the bone, respectively. Three markers were additionally
placed on the fixture to generate a local coordinate system. A speckle pattern was applied
on the anterior surface of the tibia to enable measuring surface displacements. The tray and
tibia surfaces were probed using the OPTOTRAK® system (NDI, Waterloo, Ontario) to
reproduce the same tray-bone alignment for the FE models. Subsequently, the specimens
were mounted into the 6-DoFs AMTI VIVO™ knee simulator (AMTI, Watertown, MA)
and were tested under simulated gait (GT), deep-knee bending (DKB), and stair descent
(SD) activities. Experimentally applied load and kinematics profiles were derived from
telemetric implant data and ASTM 3141-17 (Navacchia et al., 2018). Flexion/extension
and internal/external rotation (IE) degrees of freedom (DoFs) were kinematically-driven
while medial/lateral (ML), anterior/posterior (AP), superior/inferior (SI), and varus/valgus
(VV) DoFs were load controlled. After bedding-in under cyclic compression for 200
cycles, 40 cycles of each activity were performed at a rate of 0.33 Hz. Relative
displacements between the corresponding tray-bone marker couples and tibial surface
displacements in the local coordinate system were recorded with the ARAMIS DIC system
(GOM mbH, Braunschweig, DE) for the 36"-39" cycles (Figure 3.2). Reference images
were captured at the unloaded stage before each tested activity to set the displacements to

zero and thus ignore any plastic deformation created previously.
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3.3.1.1. Loading and boundary conditions

The desired experimental load and kinematics profiles (Figure 3.3) input to the VIVO
were usually slightly different from the actual outputs. Hence, the output load and
kinematics profiles were recorded for each actuator in the VIVO device and later applied

to the finite element models.

3.3.2 Computational modeling

3.3.2.1 Model set up

The position and orientations of the tray and tibia in the experimental set up were
reconstructed by registering measured point clouds to respective stereolithography
geometry files (Figure 3.1). For this, the iterative closest point algorithm was used, and the
root-mean-square (RMS) error of registration was less than 1 mm for both components.
The positions of the DIC marker couples were also reproduced during the registration
process.

The prosthesis was virtually implanted, and the portion of the distal tibia confined to
the fixture was resected in HyperMesh (Altair Engineering Inc., Troy, Michigan). The tray
was modeled with a solid portion and a porous coating (represented also as a solid)
according to real dimensions. The femoral component was meshed with 1-mm rigid surface
elements. The deformable TKA components were meshed with 0.5 mm, first-order,
tetrahedral elements, except the solid portion of the tray which was discretized with 1.0
mm elements. The applied mesh sizes were sufficiently fine for convergence (Halloran et
al., 2005). The tibia was meshed with first-order, tetrahedral elements, and the most

efficient mesh density was identified from our mesh convergence study (0.75 mm at the
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coating-bone interface, 1.5 mm on the surface, 3 mm inside the bone; see section 3.4.1 for
the result of this convergence study). All components were modeled as linearly elastic and
with different material properties, except the insert which was modeled with an elastic-
plastic hardening material property (Table 3.2).

Specimen-specific material properties were calculated from the CT scans and were
assigned to each tibias element by using an in-house developed, mapping software. The
relation between the Hounsfield unit and bone mineral density was derived using a
calibration phantom (QCT Pro, Mindways Software, Inc., Austin TX). Previously
established relationships were used for calculating the apparent bone density and elastic
modulus for the individual elements (Anderson et al., 1992; Kaneko et al., 2004; Linde et
al., 1991). A threshold value of 1 g/cm® for apparent bone density was used for
discriminating cortical bone from trabecular bone. Approximately 400 material cards (1
card per 4 mg/cm? bone apparent density) were used for modeling the tibiae based on our
convergence study (see section 3.4.1 for the result of this convergence study). Finite
element models of the tested specimens were developed in Abagus/Standard (SIMULIA,
Providence, RI). The interaction between the tibia and the coating was defined with friction
(1a = 1.00) as measured in a previous study (Navacchia et al., 2018). The coating was tied
to the solid portion of the tray. The contacts between the polyethylene and metal
components (insert-tray and insert-femoral) were modeled with friction (ug = 0.04)
(Godest et al., 2002). All the contacts were defined as contact pairs with a smooth surface-
to-surface contact. We chose the master surfaces to have higher stiffness and the slave

surfaces to have lower stiffness. Also, master surfaces had the same or coarser mesh
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compared to the slave surfaces. Interference fit was not considered in the FE simulations.
However, the impact of the interference fit was assessed.

The implant-bone construct was virtually mounted into the VIVO simulator model
(Fitzpatrick et al., 2016) and loaded via a femoral component with the boundary conditions
derived from the VIVO. The distal end of the tibia was rigidly fixed to the fixture to
efficiently represent the cemented bone-fixture fixation. Two cycles were simulated for
each activity based on our convergence study which identified the minimum number of
cycles required to reach a steady state (see section 3.4.1 for the result of this convergence

study).

3.3.2.2 Model verification and sensitivity

A number of convergence studies were investigated on key modeling factors to verify
the predictions of the computational model. The edge lengths of the tibial elements were
analyzed with (0.75 and 1.5) mm (tray-bone interface and remaining surface), (1.0 and 2.0)
mm and (2.0 and 4.0) mm. For defining material properties of the tibia, 100, 200, 300, and
400 material cards were considered. Tibial elements were grouped into element sets by
elastic modulus and density properties. Since the finite element model was mostly load
driven, the kinematics paths could change between each simulated cycle. Therefore, ten
cycles were continuously simulated and investigated the model convergence. An
interference fit of 2, 5, 10, 25, 50, and 100 um was applied to the pegs at the bottom of the
porous coating. The maximum interference fit of 100 um was considered according to the

reported threshold value which is safe against bone fracture (Abdul-Kadir et al., 2008).
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Sensitivities of the computational predictions were also investigated to include the

potential errors in geometric representation and contact properties. Investigated parameters

were applied to the baseline model (the initial model developed from the experiment) and

were as follow:

Tray-bone alignment: Twelve models were developed by perturbing tray-bone

alignment (considering one perturbation at a time): 0.5 mm in anterior-
posterior (AP), £0.5 mm in medial-lateral (ML), and £0.25 mm translation in
superior-inferior (S1), and £0.25° in tibial slope, £0.25° in varus-valgus (VV),
and £1° rotation in internal-external (IE).

Tibia marker locations: For each marker (re-constructed during the registration

step), twelve nearest nodes on the tibia surface were selected. Thus, each tray-
bone marker couple had twelve possible configurations. The distances between
each possible marker (node) and the initial marker location were less than 1
mm.

The coefficient of friction: The mean coefficient of friction was defined as 1.00
at the tray-bone interface based on test data from the manufacturer, and the
coefficient of friction was perturbed in a range of 0.80-1.20 to represent the

experimental variability.

All verification and sensitivity study parameters were firstly investigated on the first

specimen for the gait activity. The impact of each sensitivity parameter on the bone-implant

relative displacements was identified. Subsequently, upper and lower-bound model
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configurations were developed from all the sensitivity parameters. The developed upper
and lower bound configurations were later applied to all the specimens to study GT, DKB

and SD activities.

3.3.3 Data analysis

3.3.3.1 Marker relative displacements

For each activity of all the specimens, the predicted and measured relative
displacements of the medial, central, and lateral marker couples were compared. Thirty-six
results (the baseline, upper and lower-bound model configurations with 12 marker pair
configurations) characterized the uncertainty bounds for each marker. The average root-
mean-square (RMS) differences between measured and predicted marker relative
displacements and Pearson’s correlations were calculated to evaluate the overall
performance of the computational models. The configuration with the lowest RMS
difference (considering medial, central, and lateral markers concurrently) was identified as
the ‘best-matching” model. Similarly, the configuration with the largest RMS difference
was identified as the ‘worst-case’ model. The Pearson’s correlations between the
predictions of the best matching models and the corresponding experimental measurements
(intra-activity correlation) were also calculated. In addition, the correlations between the
same predictions and the measurements from the other two activities (inter-activity

correlations) were calculated to assess if the models might distinguish between activities.
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3.3.3.2 Tibial surface displacement

For each activity, the anterior surface displacement of the tibiae captured by the DIC
system was re-constructed in the computational model. The average differences between
predicted and measured tibial surface displacements were calculated. The surface
displacements at 30%, 50% and 70% of the activity cycle were graphically compared. The
anterior surface of the tibia was divided into five regions, and the average displacement
within each region was calculated for every 1% of the activity cycle (Figure 3.2). The
Correlation between the predicted and measured surface displacements for these regions
was calculated and visualized graphically by creating a scatter plot and applying linear
regression. Similar to relative marker displacements, the inter- and intra-activity
correlations were also calculated. We defined the tibial regions illustrated in Figure 3.2 as
follows. The captured tibia surface was firstly divided into superior (regions 1-3) and
inferior (regions 4-5) parts having the same height. The regions in the superior (three
regions) and inferior (two regions) parts were then constructed to have approximately equal

areas in the corresponding parts.

3.3.3.3 Tray-bone interface micromotions

In this study, we defined the tray-bone interface micromotion as the relative motions
between the tray and the tibia contact surface. In computational models, the changes in the
relative distance (total of the three translational components) between the nodes at the tray
bottom surface and the nearest nodes at the tibia implantation surface were used to
represent the tray-bone interface micromotion. For each activity, the micromotion at the

tray-bone interface was predicted. The micromotion contour map for the frame having the
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peak micromotion was also presented. The maximum values of the interface micromotions
through the entire activity cycle were compared to the predicted marker relative
displacements to assess if the marker relative displacements can represent actual interface
micromotions. The Pearson correlations and maximum differences between these two
features were also calculated. The maximum values of the interface micromotion

predictions from the baseline, upper and lower-bound models were also compared.

3.4 Results

In this section, the findings from the convergence and sensitivity studies are presented
first as these dictated some model parameters. We then compared experimentally measured
marker relative and bone surface displacements to computational predictions for validating
the developed models. Subsequently, interface micromotions predicted by the validated

computer models are reported.

3.4.1 Model setup and sensitivity

3.4.1.1 Mesh convergence study

The RMS differences between the predicted maker relative displacements when using
0.75 and 1.0 mm mesh sizes were 1.39, 2.57, and 1.15 um (medial, central, and lateral).
These differences were on average 0.8% of the relative displacement ranges. The
maximum difference between the tibial surface displacements with the two mesh sizes was
19.4 um (2.2% of the maximum displacement). Based on these mesh evaluations, 1.0 mm

was considered acceptable for further analyses.
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3.4.1.2 Number of materials to represent tibial bone

The average RMS difference between the marker relative displacements estimated with
100 and 400 material cards were 1.15, 1.09, and 0.86 um (medial, central, and lateral),
which were on average 0.5% of the relative displacement ranges. The maximum difference

between the tibial surface displacements was 11.5 um (1.3%).

3.4.1.3 Number of activity loading cycles represented

The maximum marker relative displacement and maximum surface displacement
predicted from the first simulated cycle were 141.6 um (68.8%) and 235.0 um (26.6%)
smaller than the predictions from the 2" cycle. The maximum differences between the
marker relative displacements predicted from the 2" cycle and any subsequent cycle were
1.23, 1.50, and 1.90 um (medial, central, and lateral), which were on average 0.7% of the
relative displacement ranges. The maximum difference between the tibial surface

displacements was 29.2 um (3.3%).

3.4.1.4 Line-to-line vs. interference fit for tray in bone

The maximum interface micromotion predicted by applying 100 um interference fit
was 33.0 um (15.9%) reduced comparing with the prediction without interference fit
(Figure 3.4). The maximum difference between the tibial surface displacements was 43.3

pum (4.9%).
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3.4.1.5 Impact of tray alignment

The results of the sensitivity analyses are shown in Figure 3.5. Perturbations of the tray
alignment in AP and tibial slope directions resulted in 8.78% and 5.05% changes in marker
relative displacement ranges. Average changes caused by perturbations along ML (3.22%),
SI (3.76%), VV (1.94%), and IE (0.77%) directions and in friction coefficient (1.04%)
were much smaller. Percent differences in tibial surface displacements were always less

than 5% (for all perturbed parameters).

3.4.2 Marker relative displacements

Measured and predicted marker relative displacements for the three specimens were
compared in Figure 3.6 and Table 3.3. The RMS differences and Pearson’s correlations
between the measured and predicted values were shown. The RMS differences between
the measurements and predictions (from the ‘best-matching’ models) were (16.4, 5.7, 13.0)
um (GT, DKB, and SD), (15.9, 7.7, 22.3) um, and (12.3, 8.7, 6.6) um for specimens 1, 2,
and 3, respectively. The corresponding correlations were (0.94, 0.88, 0.96), (0.96, 0.95,
0.88), and (0.91, 0.84, 0.93) on average. The intra-activity correlations were consistently
higher than inter-activity correlations for all three specimens (Table 3.4). The RMS
differences between the measurements and the predictions from the ‘worst-case’ models
were (33.7, 13.6, 47.5) um (GT, DKB, and SD), (35.5, 35.2, 48.7) um, and (21.9, 17.1,
23.2) um for specimens 1, 2, and 3, respectively. The average difference between the ‘best-

matching’ and the ‘worst-case’ models was 25.8 pm.
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3.4.3 Tibial surface displacements

Since the predictions of tibial surface displacements were not as sensitive to perturbed
parameters, only the results from the baseline models were presented in this section.
Measured and predicted full-field surface displacements at 30%, 50%, and 70% of the
activity cycles are shown in Figure 3.7. The average differences between predicted and
measured surface displacements over the entire activities were (13.07%, 10.90%, 6.87%)
(GT, DKB, and SD), (10.05%, 8.09%, 5.68%), and (8.34%, 13.44%, 4.76%) for specimens
1, 2, and 3, respectively. The correlations and average RMS differences between
predictions and measurements are shown in Figure 3.8. The intra-activity correlations were
consistently higher than inter-activity correlations, except for the second specimen in DKB

(Table 3.5).

3.4.4 Tray-bone interface micromotions

The micromotion contour maps at the frames having the peak micromotions were
predicted by using the baseline models (Figure 3.9). Peak micromotions were observed at
the anterior tray-bone interfaces for all the specimens in each activity, except for the third
specimen in DKB, for which almost no micromotion was found at the anterior side. This
finding was in agreement with the experimental data (Figure 3.6, specimen 3, DKB) which
showed non-positive relative displacements at the anterior side. The correlations between
maximum values of the interface micromotions and the marker relative displacements
through entire activity cycles were (0.94, 0.22, 0.89) (GT, DKB, and SD), (0.99, 0.93,
0.98), and (0.85, 0.47, 0.89) for specimens 1, 2, and 3, respectively. The maximum values

of the predicted interface micromotions were consistently higher than the maximum marker
65



relative displacements (Figure 3.10). The maximum differences between these two features
were (17.8, 28.3, 26.7) um (GT, DKB, and SD), (6.3, 24.5, 11.7) um, and (6.3, 25.7, 10.4)
pm for specimens 1, 2, and 3, respectively. The maximum values of the interface
micromotions predicted from the upper-bound models were consistently higher than those
from the baseline models for all specimens in each activity (Table 3.6). On the contrary,
the lower-bound models presented consistently lower interface micromotions than the
baseline models. Also, interface micromotion and predicted marker couple relative
displacements were the highest in gait followed by stair descent, and deep knee bending

activities.

3.5 Discussion

A fundamental step in the design of cementless TKR prostheses is to assess their
performance under physiological loading conditions. Cadaveric tests are essential since
real bone has heterogeneous material property distributions which reproduce real contact
conditions. Current in-vitro experimental platforms enable applying physiological loadings
in 6-DoFs and measuring micro-level displacements. However, it is usually not feasible to
fully measure the micromotion at the implant-bone interface, which is a critical parameter
for evaluating the primary fixation. Also, cadaveric specimens are unigue and non-reusable
after testing. The test conditions applied to one specimen cannot be perfectly replicated
when testing other specimens. When studying the impact of a specific factor, the
experimental method usually requires a large number of specimens to obtain statistically
significant differences, which will highly increase the costs. Validated computational

models can address these limitations and enable investigating implant-bone interface
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micromotion in detail and more robustly. Desired loading conditions can be tested with the
validated models for further studies, even if those loading conditions cannot be tested
experimentally. Validated models can be further used to isolate and study the impact of
different surgical and patient factors, which are difficult or impossible by only using
experimental setups. Consequently, the validation of computational models is crucial to
further understand cementless fixation via computational methods.

This study presented a detailed computational-experimental validation framework for
investigating implant-bone interface micromotions. In this study, three cadaveric
specimens were implanted with cementless, rotating-platform TKR components and were
tested under physiological loading conditions. Subject-specific finite element models were
developed and used to predict marker relative and tibial surface displacements.
Experimental measurements were performed and used to validate model predictions. For
all the specimens, different ranges of medial, central, and lateral marker relative
displacements were correctly predicted (Figure 3.6), which indicated that developed
models distinguished between different locations. Presented significantly higher intra-
activity correlations (than the inter-activity correlations, Table 3.4) demonstrates that the
models were able to distinguish between different activities. For each specimen, different
trends and ranges of marker relative displacements were measured and captured by the
predictions, which pointed out that the models also differentiated between the specimens.
The models also computed characteristic tibial surface displacements. Predicted tibial
surface displacements successfully captured magnitudes and the trends of the
measurements for all the specimens in each activity (Figure 3.7 & 3.8). The differences

between intra and inter-correlations (Table 3.5) also verified the predictions did not share
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similarities between different activities. The reliability of the computational validation was
improved by accurate predictions of both marker relative and bone surface displacements.
Model uncertainties were considered by including the results from upper-bound and lower-
bound models. Average RMS differences (for all the specimens) and correlations between
the measurements and all the probabilistic results were 19.8 um and 0.83, while those
values were 12.1 um and 0.92 for the ‘best-matching’ models. Overall, the models were
successful is predicting both trend and magnitude of both marker and surface
displacements using the complementary experimental-computational framework.
Additionally, experimental measurements showed significant differences in trends and
ranges not only between different activities but also among different specimens. Although
the first and the third specimens were implanted with the same tray size, measured marker
relative displacements were very distinct. These findings confirm the necessity to test real
bone geometries under different loading conditions and to consider populations when
assessing implant primary stability.

Previous studies either lacked different continuous physiological loading conditions
(Chong et al., 2010) or human bone representatives (Navacchia et al., 2018). The loading
conditions obtained from AMTI VITO™ knee simulator were always applied to the
femoral component (Navacchia et al., 2018), which was inconsistent with the actual
operational mechanism of the simulator (two DoFs were applied by upper stage, four by
lower stage). To our knowledge, this study is the first to validate cadaveric models for
predicting interface micromotions under different physiological loading conditions. The
complexity of the validations was further increased by the rotating-platform implant design

and including the mechanisms of the knee simulator. Studies validated finite element
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models by solely considering regional relative displacements, but the validity of the entire
models remains uncertain. This study makes the first attempt to improve the validation
process by considering both tibial surface and marker relative displacements.

This study addressed the concern that if marker relative displacements could accurately
represent actual tray-bone interface micromotions, as marker displacements were directly
used to assess interface micromotions in some previous studies. We found that marker
relative displacements well captured the trend of actual interface micromotions but were
usually smaller in magnitudes (Figure 3.10). This was mainly due to the fact that peak
interface micromotions usually occurred in between the positioned marker couples (Figure
3.9). These underestimations can be partially eliminated by using more markers. For
example, for the third specimen in stair descent, the predicted maximum marker relative
displacement increased from 116.6 um (8.2% lower than predicted interface micromotion)
to 126.3 um (3.0% lower) if all nine marker couples (Figure 3.1) were considered.

We also found that uncertainties in modeling parameters had considerable effects on
interface micromotions (Table 3.6). The interface micromotions predicted from the upper-
bound models were on average (53.2, 21.9, 70.4) um (GT, DKB, and SD) larger than those
predictions from the lower-bound models. This was likely due to the changes in
implantation surface modulus, bone coverage, or location of tibial-bone load transfer,
which were all altered after perturbations. This suggests that the interface micromotions
could be partially minimized by optimizing the alignment of the tray with respect to the
bone within a safe range, and that AP and tibial slope are most impactful.

The convergence study indicated that using 100 material cards for modeling the tibia

material distributions was sufficient. This was in good agreement with a previous study
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(Zannoni et al., 1998). We chose to use around 400 material cards since this parameter did
not increase the computational time and is empirically more realistic. In addition, the
marker relative and surface displacements predicted from the first simulated cycle were
considerably lower than the predictions from the subsequent cycles. This was in
contradiction with an earlier study which found that the relative interface motion was larger
in the first cycle when including the friction at the bone-implant interface (Verdonschot &
Huiskes, 1996). The reason was that the femoral-insert contact locations were not
consistent at the beginning and the end for the first cycle since our models were mostly
load-controlled, whereas the steady contact paths were observed in subsequent cycles.
Therefore, the results from the first cycles were excluded from this study. Although the
impact of interference fit on micromotion predictions was considerable (Figure 3.4), the
pre-stresses caused by the interference fit would reduce significantly over time due to the
viscoelasticity of the human bones (Norman et al., 2005). A previous study estimated the
relaxation was approximately 50% (Shultz et al., 2005). In this case, the impact of
interference fit would be less than 10.0% in the presented models.

Limitations of this study should be noted. Firstly, rigid bone-fixture fixation was
assumed in the computational models. The cement medium inside the fixture was not
modeled directly. Non-zero displacements measured at the distal fixation end for the first
specimen in all activities (Figure 3.7) indicated that the cement was deformed or not leveled
at the fixation level. We believe including a deformable cement component would improve
predictions of the surface displacements. Only one density-elasticity relationship was
considered for the tibiae specimens. A previous study discussed that each bone specimen

could have a characteristic density-elasticity relationship (Eberle et al., 2013). Lastly, the
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sensitivity parameters making the upper and lower-bound configurations were developed
only from the gait activity. These upper and lower-bound configurations were then directly
applied in deep knee bending and stair descent activities. Nevertheless, marker relative
displacements (Figure 3.6) and interface micromotions (Table 3.6) indicated that this was
a reasonable approach for studying both activities.

In conclusion, this study presented a validated experimental-computational framework
(based on cadaveric tests under physiological loading conditions) for investigating
micromotions at the cementless tray-bone interface. The reliability of the validations was
improved by both considering marker relative displacements and surface displacements.
The models differentiated between different locations, activities, and specimens. Initial
tray-bone alignment in anterior-posterior, posterior slope, and varus-valgus degrees of
freedom have a considerable impact on the interface micromotions. We suggest that some
caution should be taken when using marker relative displacements between exposed
surfaces to assess actual interface micromotions. The validated cadaveric models presented

in this study could be used for further pre-clinical assessment of new TKR designs.
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Table 3.1: Specimen information and implantation sizes.

Specimen Age Gender Height (cm) Left/Right Implanted tray

size
1 53 F 160 Left 5
2 75 F 157.5 Right 4
3 70 F 157.5 Right 5
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Figure 3.1: (a) Experimental set up with one of the specimens (left knee). (b) The
corresponding finite element representation. Highlighted three marker couples (medial,
central, and lateral) were used to measure and predict the relative displacement between
the tray and tibia. A section view of the tibia with Young’s modulus assigned from the CT
scans.
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Figure 3.2: (a) Illustration of the anterior tibial surface displacement for one of the
specimens (left knee). The fixture-local coordinate system definition is also shown. (b) The
corresponding finite element representation. The experimentally captured surface was
isolated from the model. (c) Tibial surface was divided into five regions for comparing
measured and predicted displacements. Average displacements were calculated within the
regions.
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Figure 3.3: The load and kinematics profiles applied to VIVO actuators for a left knee. The
flexion/extension kinematics and varus/valgus torque were applied to the femoral
component via the upper stage of the VIVO device. The medial/lateral, anterior/posterior,
superior/inferior forces, and internal/external kinematics were applied to the implanted
tibia via the lower stage.
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9.

Table 3.2: Material properties used in the computational models. Transversely isotropic material properties were defined for the
porous coating according to internal experimental data. Z- direction is perpendicular to the porous surface.

Material Density (g/cm®) Elastic moduli (MPa) Yield stress (MPa) Poisson’s ratios

Ex Ey E; Vxy Vyz Vxz
Insert - UHMWPE 0.94 571.6 8.1 0.45
Tray solid - CoCrMo 8.50 220,000 - 0.3
Tray porous - CoCrMo 0.05 700 700 2200 - 0.083 0.083 0.083
Cortical bone >1 <9954 - 0.3
Trabecular bone <1 >79.6 - 0.3
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Figure 3.6: Comparison between measured (solid lines) marker relative displacements and the
predictions from the ‘best-matching” models (dashed lines). Uncertainty bounds (shaded areas)
were generated by perturbing implantation parameters and friction coefficients.
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Table 3.3: RMS differences (left) and correlations (right) between the measured and predicted marker relative displacements from
36 probabilistic results and the ‘best-matching’ model (indicated as bold).

Specimen 1
RMS differences (um) Pearson’s Correlations
Medial Central Lateral Medial Central Lateral
Best match Average Best match Average Best match Average Best match Average Best match Average Best match Average
GT 2181 26.67 17.17 18.17 10.27 20.20 GT 0.88 0.82 0.96 0.96 0.98 0.97
DKB 5.42 8.37 5.85 10.27 5.94 7.84 DKB 0.76 0.53 0.94 0.81 0.93 0.86
SD 19.01 27.48 12.40 31.92 7.62 30.86 SD 0.90 0.74 0.98 0.94 0.99 0.82
Specimen 2
GT 16.19 19.17 15.97 27.57 15.48 25.29 GT 0.95 0.93 0.97 0.97 0.97 0.96
= DKB 8.60 19.61 6.78 21.42 7.71 19.60 DKB 0.97 0.92 0.98 0.84 0.90 0.55
SD 23.79 29.25 14.18 33.37 28.83 41.35 SD 0.96 0.93 0.98 0.98 0.70 0.62
Specimen 3
GT 3.89 7.42 13.21 16.48 19.77 20.96 GT 0.94 0.91 0.93 0.91 0.87 0.85
DKB 2.09 3.17 12.54 15.14 11.58 13.50 DKB 0.73 0.44 0.92 0.80 0.86 0.86

SD  3.06 4.12 10.06 17.95 6.75 16.80 SD 0.88 0.68 0.95 0.93 0.97 0.95
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Table 3.4: Intra (highlighted in bold) and inter-activity (values outside the diagonal) correlations between the measured marker
relative displacements and predictions from the ‘best-matching’ models.

Specimen 1 Specimen 2 Specimen 3
Exp. GT Exp.DKB Exp.SD Exp. GT Exp.DKB Exp.SD Exp. GT Exp.DKB Exp.SD
Model GT r 0.94 0.40 0.23 0.96 0.63 0.08 0.91 0.08 0.17
Model DKB r 0.71 0.88 0.14 0.42 0.95 0.65 0.30 0.84 0.14
Model SD r 0.24 0.04 0.96 0.01 0.64 0.88 0.19 -0.02 0.93
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Table 3.5: Intra (bold) and inter-activity correlations between the measured surface displacements and predictions from the baseline
models.

Specimen 1 Specimen 2 Specimen 3
Exp. GT Exp.DKB Exp.SD Exp. GT Exp.DKB Exp.SD Exp. GT Exp.DKB Exp.SD
Model GT r 0.96 0.62 -0.06 0.70 0.51 0.38 0.74 0.61 0.25
Model DKB r 0.56 0.89 0.85 0.15 0.81 0.88 0.63 0.81 0.80
Model SD r 0.35 0.79 0.90 -0.05 0.58 0.88 0.42 0.65 0.90




Specimen 1 Specimen 2 Specimen 3
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Figure 3.9: Predicted interface micromotions at the frames having peak micromotion
magnitudes. The color bar ranges were: gait activity (0~250 um); deep knee bending
activity (0~100 um); stair descent activity (0~200 pum).
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Table 3.2: The maximum values of the interface micromotions (in um) predicted from the
baseline, upper-bound, and lower-bound models.

Specimen 1 Specimen 2 Specimen 3
GT DKB SD GT DKB SD GT DKB SD
Baseline model 2209 53.8 170.3 2825 86.2 2727 157.7 426 127.0

Upper-bound model 258.4 65.2 213.9 316.0 98.8 323.2 183.2 53.0 159.6
Lower-bound model 194.9 37.0 140.8 256.5 754 237.2 1466 39.0 107.6
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CHAPTER 4. IMPACT OF SURGICAL ALIGNMENT, TRAY MATERIAL, PCL

CONDITION, AND PATIENT ANATOMY ON TIBIAL STRAINS AFTER TKA

4.1 Abstract

Bone remodeling after total knee arthroplasty is regulated by the changes in strain
energy density (SED), however, the critical parameters influencing post-operative SED
distributions are not fully understood. This study aimed to investigate the impact of surgical
alignment, tray material properties, posterior cruciate ligament (PCL) balance, tray
posterior slope, and patient anatomy on SED distributions in the proximal tibia. Finite
element models of two tibiae (different anatomy) with configurations of two implant
materials, two surgical alignments, two posterior slopes, and two PCL conditions were
developed. The models were tested under the peak loading conditions during gait, deep
knee bending, and stair descent. For each configuration, the contact forces and locations
and soft-tissue loads of interest were taken into consideration. SED in the proximal tibia
was predicted and the changes in strain distributions were compared for each of the factors
studied. Tibial anatomy had the most impact on the proximal bone SED distributions,
followed by PCL balancing, surgical alignment, and posterior slope. In addition, the
thickness of the remaining cortical wall after implantation was also a significant
consideration when evaluating tibial anatomy. The resulting SED changes for alignment,

posterior slope, and PCL factors were mainly due to the differences in joint and soft-tissue
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loading conditions. A lower modulus tray material did result in changes in the post-
operative strain state, however, these were almost negligible compared to that seen for the

other factors.

4.2 Introduction

Total knee arthroplasty (TKA) relieves pain and restores function in patients with
advanced knee osteoarthritis (Leichtenberg et al., 2018) , and the future demand in knee
arthroplasty is predicted to grow by 85%, to 1.26 million procedures by 2030 (Sloan et al.,
2018). One of the most common complications and hence reason for revision is mechanical
loosening (23.1% of all revised TKA) (Dalury et al., 2013). It is known that bone remodels
in response to applied loads by changing its architecture (Wolff, 1893; Frost, 1992), and
this bone remodeling process after TKA is regulated by the changes in strain energy density
(SED) (Ruimerman et al., 2005). The recruitment of osteoclasts and osteoblasts is
controlled by the SED-related signals sent through the osteocytic-canalicular network
(Burger & Klein-Nulend, 1999). Insufficient stimuli as a result of stress shielding can
promote bone resorption and potential for aseptic loosing of the implant. Hence, it is
essential to identify the critical parameters influencing post-operative SED distributions.

In general, the strain state inside the tibia cannot be measured experimentally. Finite
element methods have been previously used to evaluate factors affecting post-operative
tibial strain states (Scott & Biant, 2012). Studies have investigated the impact of stem
length, implant material and alignment, fixation method (cemented & cementless), and
tray-bone fit with cadaveric or synthetic tibial models under pure body weight, single

activity, or multi-activity static loading conditions (Completo et al., 2007; Innocenti et al.,
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2009; Jia et al., 2017; Simpson et al., 2009; Zhang et al., 2016b). Testing loads have been
typically applied uniformly on the surface of the polyethylene insert or tibial plateau,
without additional soft-tissue loading on the tibia. Perillo-Marcone et al. (2007) showed
that the stresses generated within the implanted tibia were dependent on the kinematics of
the joint (e.g., contact locations), which are affected by the TKR design, surgical alignment,
and the balance of the soft tissue. Also, a larger influence of the muscle loading on the
strain distribution was unveiled by Duda et al. (1998), which was rarely considered in
previous studies.

To our knowledge, none of the previous studies considered both femoral-insert contact
(contact locations and force directions) and soft tissue loading conditions (tendon and
ligament forces and directions) when investigating bone strains. The objective of the
current study is to investigate the influence of surgical alignment, tray material properties,
posterior cruciate ligament (PCL) balance, tray posterior slope, and patient anatomy on
proximal tibial strain energy density while considering physiological femoral-insert
contact conditions and patellar and PCL ligament forces. We virtually implanted two
distinct tibiae using different alignment methods, tray posterior slopes, and tray materials.
Computational models were tested under peak compressive stance phase gait (GT), deep
knee bending (DKB), and stair descent (SD) loading conditions which were individually
determined for each model configuration. A nominal and a tight PCL condition were also
taken into consideration. The strain energy density in the proximal tibia was predicted for
those models and compared for each of the factors studied, with a focus on the change in

strain distribution for each factor.
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4.3 Methods

4.3.1 Finite element models of the tibia

Three-dimensional geometries of two intact left tibiae, one typical and one with larger
posterior overhang (subsequently indicated as ‘shelf’ tibia) (Figure 4.1b) were manually
segmented using ScanlP (Simpleware, Exeter, UK) from computed tomography (CT)
scans. The images were in DICOM format with a 0.6-mm slice thickness and a maximum
0.87-mm pixel spacing. The studied tibiae were similar in size to ensure the same tray size
fit. However, the shelf tibia selected had the most extreme posterior overhang variation out
of a database of 170 specimens. The cortical wall thickness of the normal tibia was slightly
larger than the shelf tibia with varying magnitude along its length (less than 1 mm with
differences increasing inferiorly). Each tibial geometry was constructed into a solid model
and was virtually implanted with a cemented prosthesis (size 5, fixed-bearing, cruciate-
retaining, Attune®, DePuy Synthes, Warsaw, IN) using mechanical and anatomic
alignment techniques with both 0 and 5-degree posterior slopes in HyperMesh (Altair
Engineering Inc., Troy, Michigan) (Figure 4.1c). However, it should be understood by the
reader that, according to the manufacturer’s surgical technique, a posterior slope of 0° is
outside the range of 5~7° recommended for the cruciate retaining version of Attune to
provide proper PCL tension. It should be noted that a size 5 tray was always the best-fit or
suitable in each resection scenario with regard to the surgical approach. The surgical
alignment techniques used in this study were: 3° femoral external rotation, 0° varus slope,

and 0° hip-knee-ankle (HKA) angle for mechanical alignment; 0° femoral external rotation,

5° varus slope, and 3° HKA angle for anatomic alignment. The technique for placement of

the tray (determining the anterior/posterior location and internal/external rotation relative
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to the tibia) was done using a virtual implantation algorithm and unchanged across all
resection scenarios. A 2-mm-thick cement layer was created between the tibial tray and
bone (Ko et al., 2017). The proximal 150-mm tibial geometry was represented in the finite
element simulations. The polyethylene insert, tibial tray, cement layer, and the bone were
meshed with 1-mm, linear tetrahedral elements, which were identified from a mesh
convergence study. All components were modeled as linearly elastic and with different
material properties (Table 4.1). Two common metal materials for the tibia tray, cobalt-
chrome (CoCrMo) and titanium alloy (Ti6Al4V) were considered. Heterogeneous material
properties of the tibiae were calculated from the CT Hounsfield units and were assigned to
each tibia element using an in-house mapping software. Previously established
relationships were used for calculating the apparent bone density and elastic modulus for
the individual elements (Anderson et al., 1992; Kaneko et al., 2004). Around 400 material
properties (1 property per 4 mg/cm?® bone apparent density) were used for modeling the
tibiae based on a prior convergence study. The bone-cement and cement-tray interfaces
were assumed to be fully bonded. The interface between the polyethylene insert and metal
tray was modeled as a contact pair with a friction coefficient of 0.04. The distal ends of the
tibial models were fully fixed.

The effect of the PCL forces on the tibial strain state was assessed. Patellar and PCL
ligaments were divided into sub-bundles and modeled as connector elements, using three
bundles to represent the patella tendon (lateral, central, and medial bundles) and two for
the PCL (anterolateral and posteromedial bundles). The attachment sites of these ligament

bundles on the tibia were recon- structed based on the anatomy of each tibia (Figure 4.1d).
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Additional models were built for the shelf tibia (initially has lower mean material
properties) with material properties matched to the normal tibia to best isolate the impact
of tibial geometry on bone strains. This was achieved by modifying the apparent density
range of the shelf tibia to be the same as the normal tibia and recalculating Young’s moduli

based on the new bone apparent density for each element.

4.3.2 External boundary conditions

The loading and boundary conditions applied to the models were determined using a
previously developed finite element lower limb model (Figure 4.1a) (Fitzpatrick et al.,
2012). The function of this simulation was to assess implant mechanics during simulated
activities under multi-factorial sources of variability, including soft tissue, surgical
technique, and alignment variability. The lower limb model includes a vertical load applied
at the hip, quadriceps and hamstring loading, M-L load at the ankle, an I-E torque about
the long axis of the tibia, and A-P motion of the pelvis. In the simulation, proportional-
integral-derivative (PID) control is used with the quadriceps actuator to achieve a desired
flexion profile. The external loading conditions were developed using data from the
orthoload telemetric joint loading measurements (Kutzner et al., 2010). Using the geometry
of the telemetric implant, the external loading conditions were derived to best reproduce
the average measured, six-degrees-of-freedom joint loading. Subsequently, implant design
and alignments have been studied with these consistent external boundary conditions (see
reference 217 for complete description).

The implant design used in this study was incorporated into the lower limb model to

simulate GT, DKB, and SD activities in Abaqus/Explicit (SIMULIA, Providence, RI). The
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initial strains of the PCL bundles (nominal PCL condition) were calibrated by matching
the elongations and tensions of the PCL bundles, and medial and lateral femoral-insert AP
translations with literature (Escamilla et al., 2012; Hensler et al., 2012; Pfitzner et al.,
2017). A tight PCL condition was then defined by increasing the initial strain of each
bundle by 5%, which made the resulting PCL tension and femoral-insert AP translation
still within reported ranges but approaching the boundary. Subsequently, eight unique
configurations (two surgical alignments, two tray posterior slopes, and two PCL
conditions) were incorporated into the lower limb model to simulate the aforementioned
activities. Peak femoral-insert contact forces and locations and corresponding ligament
force and directions were extracted from the lower limb model and applied to the models
for bone strain analysis. The variables of tray material and tibial anatomy were not included
in the lower limb model since these variables had negligible impact on the target outputs
(contact forces and locations; ligament forces and directions). It should be noted that for
each activity, the peak loads always occurred at the same frame no matter which alignment,

tray posterior slope, and PCL conditions were used.

4.3.3 Analysis

In total, 144 finite element simulations (two tibiae, two tray materials, two surgical
alignments, two posterior slopes, two PCL conditions, three activities, and additional
models for the shelf tibia) were run in Abaqus/Standard.

The SED in the proximal 50-mm of the tibia was predicted for each model
configuration. The proximal tibia was subdivided into four regions-of-interest (ROI):

medial-proximal (MP), lateral- proximal (LP), medial-distal (MD), and lateral-distal (LD)
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(Figure 4.3) (Navacchia, Sintini, et al., 2018). For each activity, the changes in SED
distributions were compared for each of the factors studied. For example, when studying
the impact of alignment technique during DKB activity, all the models with mechanical
alignment (24 models) were compared with their counterparts with anatomic alignment (24
models) while all other factors were the same. The total strain energy in each ROl was
calculated and normalized with respect to tibial regional volumes (which were slightly
different due to the variations of the resection plane when introducing different surgical
alignments and tray posterior slopes), then compared between those comparative models.
The impact of a factor was then calculated by averaging the percent changes in the strain
states of the comparison pairs (Figure 4.4). The relationship between the factors studied
and the SED response was evaluated by using the multi-factor ANOVA (analysis of
variance) statistical method. The P-value and contribution of each factor were reported in
Table 4.3. The contribution was calculated as the percentage that each source contributes
to the total sequential sums of squares (Seq SS). In this study, Seq SS quantifies the amount
of variation in SED response that is explained by each term. Thus, the contribution can be
used as an indicator which evaluates the weight of the impact on SED variations for each
factor. It should be noted that the sequential SS and the adjusted SS were the same since
the design matrix in this study is orthogonal. Thus, the order of the factors entered into the
regression model has no impact on the ANOVA results.

In addition to the absolute strain predictions, comparison plots of the SED difference
were created to better understand the changes in distributions inside the proximal tibia. For
each factor studied, the SED of each tibial element was compared with the closest element

in the counterpart model. Nine tibial sections parallel to the frontal plane, from anterior to
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posterior, were made to visualize the SED changes inside the tibia (Figure 4.5). To best
understand the impact of tibial geometry, representative plots of the absolute SED

distributions inside the bone were made for the normal and shelf tibia (Figure 4.6).

4.4 Results

4.4.1 Convergence study

For mesh convergence, tibial elements were analyzed with 1.5, 1.0, and 0.75-mm
element edge lengths. For defining material properties of the tibiae, 100, 200, 300, and 400
material properties were evaluated. The differences between the predicted SED in the
proximal tibia when using 1.0 and 0.75-mm mesh sizes were less than 5%, and hence 1.0
mm meshes were used for the analyses presented. The SED differences between using 10

0 and 400 material cards were less than 1.5%.

4.4.2 Lower limb simulations

The inputs (femoral-insert and ligament forces and locations) to individual bone strain
models were derived from the lower limb models and shown in Figure 4.2 & Table 4.2.
For GT and SD activities, the PCL remained slack at the peak loading frame even if the
PCL was pre-tightened. Thus, the two PCL conditions used in this study will not affect

bone strain for these activities.

4.4.3 Relative changes in strain distribution
The sensitivity of SED in each tibial region to each of the five factors was determined

(Figure 4.4). The average changes in SED (1.1%, 2.6%, 1.1%) (GT, DKB, and SD,
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respectively) over all the regions associated with the change in tray material were much
smaller than that seen with the changes in PCL balance (N/A, 25.0%, N/A) (GT, DKB, and
SD), surgical alignment (23.0%, 15.3%, 24.4%), posterior slope (11.3%, 18.7%, 8.7%),
and tibial anatomy (24.0%, 18.0%, 22.1%). PCL balance did not have an impact for GT
and SD cases since the PCL bundles were slack at the peak tibiofemoral compressive
loading frames for those two activities. Tibial anatomy had the largest impact on proximal
bone SED distributions, followed by PCL balancing, surgical alignment, tray posterior
slope, and material (Table 4.3). Representative contour maps of the SED changes within
the tibia are shown in Figure 4.5. The contoured, comparative SED results reveal where
the strain differences occur with change in each factor.

The tibial geometry had the largest impact on the strain states although the bone volume
and material differences between tibiae were considered (by comparing normal tibia with
shelf tibia models which have the same mean material properties). When comparing the
shelf tibia with the normal tibia, SED decreased mostly at the distal regions (-34.2% for
GT; -26.8% for DKB; -29.3% for SD), whereas the changes in proximal regions were
relatively smaller (13.8% for GT; 9.1% for DKB; 14.8% for SD) (Figure 4.4).

The initial PCL tension influenced the strain distributions in the proximal tibia
significantly during DKB activity, a 5% tightened PCL resulted in increased SED
distributions over all the regions (+20.1% in MP; +32.9% in LP; +32.7% in MD; +14.1%
in LD) (Figure 4.5b).

Surgical alignment (indicated frontal plane alignment and HKA angle here) of the tray
had a considerable effect on the strain states. For GT and SD activities, less SED was

calculated in the medial regions (both MP and MD) (-26.0% for GT; -24.5% for SD) for
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the mechanical alignment case compared anatomic alignment case, whereas more SED was
observed in the lateral regions (+14.9% for GT; +21.3% for SD) (Figure 4.4 and 4.5c). For
DKB activity, the SED de- creased over all regions (-17.5% in MP; -10.9% in LP; -12.2%
in MD; -10.8% in LD) (Figure 4.4 and 4.5d).

In all the activities, we found that the SED increased posteriorly and decreased
anteriorly when introducing a tray posterior slope (Figure 4.5e). For DKB activity
specifically, the SED decreased over all the regions when introducing a 5°* posterior slope
(-13.9% in MP; -27.5% in LP; -23.2% in MD; -10.1% in LD) (Figure 4.4).

The tray material composition had a much smaller influence compared to the other
factors (Figure 4.4). The SED slightly increased in the proximal regions (+1.4% for GT;
+3.4% for DKB; +1.2% for SD) under the baseplate and decreased under the stem when

using Ti6Al4V instead of CoCrMo (Figure 4.5f).

4.4.4 Absolute SED distributions (Normal vs. shelf tibia)

Substantial differences in SED distributions were seen posteriorly (Figure 4.6,
highlighted by black circles) between the normal and shelf tibia. For the normal tibia, the
SED was continuously distributed along the bony wall posterior to the tray stem (Figure
4.6d) (minimum wall thickness was 4.7-mm, excluding cement layer), whereas the SED
had interruption at the same region for the shelf tibia (Figure 4.6e) (minimum wall
thickness was 2.2-mm). The SED interruption was improved when introducing a 5°* tibial
posterior slope to the shelf tibia (Figure 4.6f) (minimum wall thickness 3.6-mm).

*NOTE: A posterior slope of 5~7° is recommended in the manufacturer’s surgical

technique for the cruciate retaining version of Attune to provide proper PCL tension.
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4.5 Discussion

Bone remodeling after total knee arthroplasty is regulated by the changes in strain
energy density (Ruimerman et al., 2005). In this study, we investigated post-operative bone
strains during gait, stair descent, and deep knee bending activities. Specifically, we
assessed the impact of surgical alignment, tray material properties, posterior cruciate
ligament balance, tray posterior slope, and patient anatomy (tibial posterior overhang) on
strain energy density distributions in the proximal tibia. The variations in femoral-insert
contact locations and contact force directions due to surgical alignment, tray posterior
slope, and PCL balancing were considered. We also included patellar tendon and PCL
forces when calculating SED distributions.

The impact of tibial geometry on SED was substantial. To enable better comparisons,
these two tibiae were selected due to their similar size and were implanted with the same-
size prosthesis. The SED changes in distal regions were larger than those changes in
proximal regions. The small differences proximally were mainly due to the changes in
ligament force locations (different ligament attachment sites for each tibia). In the distal
ROIls, the shelf tibia had less remaining bone stock posteriorly, which modified load
transfer and minimized SED compared to the normal tibia. In addition, the shelf tibia
showed interrupted SED distribution with no posterior slope (Figure 4.6e) whereas the
normal tibia had continuous SED distribution, indicative of potential bone loss in that
region. Introducing a 5° posterior slope increases the posterior wall thickness (Figure 4.6f)
with this anatomy/implant combination and should be chosen to maximize fixation, as well

as staying within the manufacturer’s recommended surgical technique.
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It is useful to examine the mechanisms that create changes in SED for PCL balance,
surgical alignment, and posterior slope factors. A five percent increase in PCL tightness
increased PCL forces by 84% during DKB activity, which also restricted the femur sliding
anteriorly with respect to the tibia (Figure 4.2c). The total peak joint loads were increased
by an average of 168N (7.9%). The increase in SED in all the regions during DKB activity
was mainly caused by these increased femoral-insert contact forces. Alignment changed
the medial and lateral contact force distribution significantly, but the total joint contact
forces were fairly consistent. During GT and SD, peak medial contact forces decreased by
11.4%, and peak lateral contact forces increased by 11.8% when selecting mechanical
instead of anatomic alignment. This led to the SED decrease in the medial and increase in
the lateral ROIs. When a 5° posterior slope was introduced in GT and SD activities, the
total joint contact forces (<2.0%) and the medial-lateral distributions (<1.5%) were nearly
unchanged. However, the medial-lateral contact locations shifted about 2.2 mm posteriorly
(Figure 4.2b). The change in SED (increased posteriorly and decreased anteriorly) was
mostly due to the changes in the joint contact locations and force directions. For the DKB
activity, the total femoral-insert contact forces decreased by an average of 5.5% (144N),
which resulted in decreased SED over all regions. The resulting strain changes for these
three factors were mainly due to these changes in the joint contact and soft tissue loads. It
should also be noted that ranking of the most influential factors is clearly dependent on the
variability chosen for each.

It can be concluded that the SED in the proximal tibia would increase only when the
joint contact load increased (in this study, only achieved from a tighter PCL). According

to the manufacturer, a tight PCL should be avoided to enable proper implant kinematics,
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however, minimizing the reduction in SED may be achieved through other surgical
parameters. Previous studies demonstrated that medial tibial bone loss is most common (J.
R. Martinetal., 2017; Yoon et al., 2018). A recent publication also reported that the medial
region generally showed a larger decrease in SED relative to the lateral region after TKA
(Anjis et al., 2020), which indicated that the bone loss would most likely occur at the
proximal-medial tibia under the baseplate. Thus, an anatomic alignment may be preferred,
as it would result in considerably increased SED in the medial region compared with
mechanical alignment. The tray posterior slope influences the SED anterior-posterior
distribution only moderately, however, this is a key factor that determines the minimum
thickness of the remaining posterior wall after TKA. These findings have clinical
implications. When deciding the best approach for a specific patient, we recommend
choosing the tray alignment configuration based on a patient-specific evaluation of
geometry and bone quality. For example, an anatomic alignment in the frontal plane is
likely preferred to minimize stress shielding and the change in strain from the native state
on the medial side. We also recommend introducing a tray posterior slope according to the
patient’s tibial anatomy to keep the posterior wall thickness, avoid stem-cortex contact,
and best mimic tibial strain. A slightly tighter PCL might be desired if the overall bone
quality is poor, as this would increase the compressive contact loading, which results in
increased SED across the proximal tibia.

It has been previously discussed that the tray material composition causes stress
shielding of periprosthetic bones (J. R. Martin et al., 2017). In this study, we found that the
impact of tray material properties on post-operative SED distribution was negligible,

especially when compared with changes found for typical patient and surgical variables.
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An average of 1.6% SED difference was found in the proximal tibia when comparing using
CoCrMo and Ti6Al4V as the tray material. This finding is in line with a previous study
that showed no differences in stress shielding when using titanium and cobalt-chrome tibial
prostheses (Completo et al., 2009).

This study has limitations to note. Although we addressed the impact of anatomy of
two tibial types, only two tibiae were included in this study. Matching the material
properties of the two tibiae helped to understand the relative impact of material and
geometry, but future studies should focus on a more comprehensive distribution of patient
anatomy. It is clear that not only the tibial posterior overhang and densities vary between
subjects, but also the bone geometry and material distribution, patient weight, and other
knee-related anatomical features (such as Q-angle, ligament attachment sites, and hip-
knee-ankle angle) are different. The complex combination of these anatomical factors
would alter the ligament forces, contact conditions, tibial moments, etc., and finally SED
distributions. However, we believe that the primary im- pacts and trends of the factors on
SED distributions will be still valid under those situations (for example, a tighter PCL
would increase the overall SED, and an anatomic alignment would result in more SED in
the medial region comparing with a mechanical alignment, etc.). The cemented implant
was assumed here to be perfectly bonded at the tray-bone interface, which is a
simplification of the variation likely seen in vivo. Only one implant design (cemented,
fixed-bearing, cruciate-retaining) was tested in this work. The loading patterns and strain
distributions may be different for other implants, especially with different tray designs.
Finally, the bone strain analysis performed in this study cannot be reproduced and

examined experimentally. However, in the study immediately preceding the current,
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prediction of tibial surface displacement was validated experimentally with digital image
correlation and a known, physiological loading condition for several tibial specimens (H.
Yang et al., 2020). Models were developed using the same process for representing bony
mechanics. In that study, three cadaveric tibial specimens were physically tested under GT,
DKB, and SD loads, while digital image correlation (DIC) was used to measure tibial
surface displacement. Corresponding computational models were developed using the
same methods shown here. The Root-Mean-Square differences and Pearson’s correlations
between experimentally measured surface displacements and predictions were 78.9 um and
0.84 specimens (H. Yang et al., 2020).

In summary, the potential differences in post-operative proximal tibial SED
distributions for five typical TKA parameters were evaluated. Tibial anatomy was found
to have the largest impact on post-operative bone strains. The impact of PCL balancing,
surgical alignment, and tray posterior slope were considerable. The SED changes for these
three factors were mainly due to the changes in loading conditions. Among those, PCL
balancing affects the overall strain energy magnitude, whereas the alignment and posterior
slope primarily influence the medial-lateral and anterior-posterior SED distributions,
respectively. The impact of tray material modification was much smaller than the
aforementioned factors. The results indicated that maximizing post-operative fixation is
possible using optimized surgical parameters in the frontal plane as well as posterior slope

to address patient anatomy.
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Figure 4.11: Model set up. (a) Lower limb finite element model for estimation of joint and
soft tissue loads applied to deformable tibial models. (b) Young’s modulus distributions in
the cortical and trabecular tibia bone for the normal and shelf tibiae. (c) The tibial models
with different alignment and tray posterior slopes. (d) Patellar tendon, PCL sub-bundles,
and their attachment sites. External boundary conditions, including joint contact forces and

ligament forces. (FP:,= medial patellar tendon bundle force; F5'= anterolateral PCL

bundle force; F52f*<t= medial femoral-insert contact force; similar for the rest).
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Table 4.1: Material properties used in the computational models.

Component/Material Densitv (a/cm®  Elastic moduli (MPa) Poisson’s ratio

Insert - UHMWPE 0.94 691 0.45
Tray - CoCrMo 8.50 210,000 0.30
Tray - Ti6AI4V 4.50 105,000 0.27
Cement - PMMA 2.00 2551 0.40
Cortical bone 1<p<1.9* 3290<E<11912 0.30
Trabecular bone 0.1<p<l1 56 <E <3290 0.30

*1.99/cm3 was the maximum density of the tibiae used in this study. The corresponding
elastic modulus was 11912 MPa. The values were in range with the human tibial density
and elastic properties reported in literature (Rho et al., 1996).
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Table 4.2: External boundary conditions derived and applied to the computational models
(al. bundle = anterolateral bundle; pm. bundle = posteromedial bundle).

Peak loading conditions during gait stance phase (N)

Component

0° posterior slope
Mechanical alignment

0° posterior slope
Anatomic alignment

5° posterior slope
Mechanical alignment

5° posterior slope
Anatomic alignment

Med. Contact

Lat. Contact
Patellar tendon lat.
Patellar tendon mid.
Patellar tendon med.
PCL al. bundle

PCL pm. bundle

1334.9
1084.5
628.4
745.1
495.0
slack
slack

1603.6
797.5
662.7
758.6
435.1
slack
slack

12845
1086.2
598.2
786.2
434.1
slack
slack

1566.8
793.4
626.1
799.1
379.2
slack
slack

Peak loading conditions during deep knee bending (N)

0° posterior slope

0° posterior slope
Anatomic alignment

5° posterior slope

5° posterior slope
Anatomic alignment

Component Mechanical alignment . - Mechanical alignment . .

P (Tight/Nomina? PCL) gc'?_r;t’ nominal (Tight/Nomina? PCL) (PTC'?S” Nominal
Med. Contact 461.6/394.5 112.8/161.2 442.7/425.0 242.5/297.0
Lat. Contact 1904.7/1796.7 2274.4/2055.0 1774.7/1632.4 2005.6/1782.5
Patellar tendon lat.  slack/slack 98.12/80.8 slack/slack 81.7/65.5
Patellar tendon mid. 1162.6/1142.8 1219.7/1203.7 1167.0/1146.3 1234.4/1224.6
Patellar tendon med. 581.2/654.1 333.0/422.1 558.5/632.4 338.9/414.6
PCL al. bundle 540.2/326.2 596.0/376.6 390.3/166.3 439.3/196.1
PCL pm. bundle slack/slack slack/slack slack/slack slack/slack

Peak loading conditions during stair descent (N)

Component

0° posterior slope
Mechanical alignment

0° posterior slope
Anatomic alignment

5° posterior slope
Mechanical alignment

5° posterior slope
Anatomic alignment

Med. Contact

Lat. Contact
Patellar tendon lat.
Patellar tendon mid.
Patellar tendon med.
PCL al. bundle

PCL pm. bundle

1584.2
1591.9
709.1
915.7
741.1
slack
slack

1962.0
1212.4
760.7
944.3
649.0
slack
slack

1575.4
1543.1
672.3
948.5
680.4
slack
slack

1955.6
1162.1
717.7
973.3
600.0
slack
slack
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Figure 4.12: Femoral-insert contact locations at the peak loading frames under different
surgical alignments, tray posterior slopes, and PCL balancing conditions. Results were
derived from the lower limb model. *Note that for GT and SD, the PCL balancing
conditions have no effect on femoral-insert contact since the PCL was slack during these
two activities (c).
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Figure 4.14: The overall change in SED for five comparison pairs: tray materials (Ti6Al4V
and CoCrMo), PCL conditions (tight and nominal), surgical alignments (mechanical and
anatomical), tray posterior slopes (0 degree and 5 degree), and tibial anatomy (shelf and
normal). ** indicates that the same material properties were used for the normal and shelf
tibiae and the results were normalized with respect to tibial regional volumes.
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Table 4.3: P-value and contributions of each factor on changes in SED distributions (MP: medial-proximal; LP: lateral-proximal;
MD: medial-distal; LD: lateral-distal).

P-values Factor contributions
Source MP LP MD LD MP LP MD LD Average
Surgical alignment 0.004 0.000 0.000 0.049 22.92% 81.13% 3351% 1.16% 34.68%
GT Posterior slope 0.002 0.022 0.058 0.004 29.34%  6.89% 1.69% 3.17% 10.27%
Tray material 0.632 0.863 0.850 0.897 0.43% 0.03% 0.01% 0.00% 0.12%
Tibia anatomy 0.002 0.284 0.000 0.000 28.04% 1.23% 60.60%  93.06% 45.73%
PCL balance 0.000 0.000 0.000 0.000 25.92% 35.41% 30.10%  7.00% 24.61%
Surgical alignment 0.000 0.000 0.001 0.000 32.81% 8.13% 10.58%  5.70% 14.31%
DKB Posterior slope 0.000 0.000 0.000 0.000 19.35% 4550% 27.52% 4.33% 24.18%
Tray material 0.910 0.019 0.597 0.726 0.01% 1.82% 0.22% 0.02% 0.52%
Tibia anatomy 0.003 0.033 0.001 0.000 6.35% 1.49% 11.83%  78.64%  24.58%
Surgical alignment 0.001 0.000 0.000 0.922 36.86% 82.99% 38.81%  0.00% 39.67%
SD Posterior slope 0.001 0.211 0.341 0.157 34.01% 1.04% 0.30% 0.73% 9.02%
Tray material 0.848 0593 0.746 0.781 0.07% 0.18% 0.03% 0.03% 0.08%

Tibia anatomy 0.051 0.002 0.000 0.000 8.84% 9.31% 57.59% 95.76%  42.88%
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Figure 4.15: Contour maps of the changes in SED for each of the factors studied. (a) Cross-
section divisions; (b) PCL balance (DKB only); (c) Surgical alignment (GT & SD); (d)
Surgical alignment (DKB); (e) Tray posterior slope; (f) Tray materials. (The normal tibia
was used for the plots; the shelf tibia has the similar results).
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Figure 4.16: Contour maps of the bone SED distributions in the frontal and sagittal plane.
(a & d) Normal tibia with 0° posterior slope; (b & €) Shelf tibia with 0° posterior slope; (f)
Shelf tibia with 5° posterior slope; (Representative configuration used for the plots:
mechanical alignment, O or 5° posterior slope, nominal PCL condition, and CoCrMo tray
material during deep knee bending activity).
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CHAPTER 5. IMPACT OF PATIENT, SURGICAL, AND IMPLANT DESIGN
FACTORS ON PREDICTED TRAY-BONE INTERFACE MICROMOTIONS IN

CEMENTLESS TOTAL KNEE ARTHROPLASTY

5.1 Abstract

Micromotion magnitudes exceeding 150 um may prevent bone formations and limit
fixation after cementless total knee arthroplasty (TKA). Many TKA factors influence the
tray-bone interface micromotion but the sensitivities to the micromotion are unknown.
Finite element models have been commonly used to estimate the interface micromotion
that cannot be measured directly. In this study, we assessed the impacts of surgical (tray
alignment, tibial coverage, resection surface preparation), patient (bone properties), and
implant design (tray feature, surface friction, tibiofemoral kinematics) factors on the tray-
bone interface micromotions during a series of activities of daily living. The changes in
each factor were incorporated into three validated implant-bone models and the models
were re-tested under gait, deep knee bending, and stair descent loads. Overall, peak
micromotion was consistently found along the anterior edge of the tray for all activities.
The average micromotion across the tray-bone cementless contact interface ranged from
9.31to0 111.4 ym. Maximizing tibial coverage above a right-sized tibial tray (an average of
12.3% additional area) had minimal impact on micromotion. For the design evaluated, the

cone provided the majority of stability, as removal of all pegs only increased peak
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micromotion by 13.3%. Micromotion was sensitive to small changes in tray alignment, as
a 1mm anterior translation reduced the average micromotion by an average of 16.1%.
Simulated tibial angular resection errors reduced the area for bone ingrowth up to 48.1%.
The difference in tibial elastic properties from +25% bone moduli resulted in up to 75.5%
difference in the average micromotion. A more posterior tibiofemoral contact due to a
100N larger posterior force resulted in an average of 79.3% increment in the average
micromotion. Overall, careful surgical technique, patient selection, and controlling
kinematics through articular design all contribute meaningfully to minimizing
micromotion in cementless TKA, with centralizing the load transfer to minimize the

resulting moment at the anterior tray perimeter a consistent theme.

5.2 Introduction

As the number of younger and more active patients treated with total knee arthroplasty
(TKA) continues to increase (Aggarwal et al., 2014; Aujla & Esler, 2017), implants are
required to carry potentially greater dynamic activity cycles while maintaining long-term
durability (Kim et al., 2016). Compared with cemented implants, current innovations in
cementless tibial trays may offer a more long-lasting biological fixation (Dalury, 2016).
The initial fixation of cementless tibial trays after TKA is crucial to bony ingrowth into the
porous surface of the implants (Bragdon et al., 1996), as micromotion magnitudes
exceeding 150 um may prevent bone formation and lead to implant loosening (Engh et al.,
1992; Pilliar et al., 1986). Many factors, such as surgical alignment, prosthesis design

choices, and patient differences may affect the tray-bone micromotion. Therefore,
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understanding the critical parameters impacting micromotion is required for optimal
design, patient selection, and clinical performance.

In vitro experiments have been performed to investigate the impact of different TKA
designs on tray-bone micromotion (Bhimji & Meneghini, 2014; Small et al., 2016). These
studies measured the relative displacements between markers placed on the exposed
surfaces of the tray and bone. Typically, the full tray-bone interface is not accessible and
therefore surface micromotion has not been fully quantified experimentally (Malfroy
Camine et al., 2016; Sukjamsri et al., 2015). Our prior study also indicated that these
marker relative displacements did not numerically represent the actual micromotions at the
contact surface (H. Yang et al., 2020). Therefore, finite element models have been
commonly used in combination to estimate the interface micromotion and to investigate
factors that are generally infeasible to study via experimental methods. Previous in-silico
studies have primarily estimated the tray-bone micromotion under different loading
conditions (Chong et al., 2010; M. Taylor et al., 2012), although a few also investigated
the micromotion sensitivity of key factors such as implant alignment, design features, or
individual differences. Sopher et al. investigated the impact of the implant design and
positioning on the implant-bone micromotion in total ankle replacement (Sopher et al.,
2017). Barker et al. virtually perturbed the circumferential flange of the tibial tray and
predicted the influence on tray-bone shear micromotions (Barker et al., 2005). Hashemi
and Shirazi-Adl (2000) compared the predicted micromotions between different fixation
configurations of the tibial tray. The loading conditions applied in these TKA studies were
typically simple vertical loads which do not account for the more complex physiological

loading at the knee joint during daily activities.
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Although a useful approach for investigating tray-bone interface micromotion, finite
element models are limited by the necessary input and assumptions. Any poorly-
characterized input would directly influence the accuracy of the resulting output (Sukjamsri
et al., 2015). Thus, these computational models must be experimentally validated to draw
reasonable conclusions. Our prior experimental-computational study has presented
validation of predicted cementless tray-bone relative micromotions over a range of
simulated activities of daily living for three implanted tibial bones (H. Yang et al., 2020).
In addition, we evaluated the impact of alignment and tray-bone friction on the interface
micromotion. Although these were important model sensitivities, they are by no means a
comprehensive look at all of the potential factors that influence tray micromotion and hence
resulting fixation. Several recent studies have reported that implant pegs have a
considerable impact on tibial fixation (Barker et al., 2005; Hashemi & Shirazi-adl, 2000;
Sopher et al., 2017). Additionally, maximizing tibial coverage is thought to improve
fixation due to the more uniform distribution of the (Bertin, 2007; S. Martin et al., 2014;
Wernecke et al., 2012). Plaskos et al. (2002) has reported that resection errors relative to
the TKA cutting guide were in the range of 1.5~4.0° during bone preparation, which was
foreseen to affect the tibial fixation. Differences in tibial elastic properties between samples
with the same bone volume fraction have been reported to range up to 53% due to the
different trabecular architectures (Ulrich et al., 1997). To our best knowledge, no one has
systematically studied the impact of these common TKA factors on the tray-bone
micromotion under physiological conditions.

Hence, this study aimed to investigate the influence of surgical (tray alignment, tibial

coverage, resection surface preparation), patient (bone properties), and implant design (tray
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features, surface friction, femur-tibial kinematics) factors on the tray-bone interface
micromotions during a series of activities of daily living. Factors were studied using three
previously-validated tibia-implant models during simulated gait (GT), deep knee bending
(DKB), and stair descent (SD). The tray-bone interface micromotion for each model was
predicted and compared with the original configuration, and critical parameters were

identified.

5.3 Methods

5.3.1 Experimental setup and computational validation

Description of the experimental-computational framework used in this study can be
found in Chapter 3 (section 3.3) but is also briefly summarized here. Three cadaveric tibiae
were implanted with cementless tibial prostheses (best-fit size, rotating-platform, cruciate-
retaining, ATTUNE®, Depuy Synthes, Warsaw, IN) by an experienced surgeon. Specimens
were then cemented into custom fixtures and mounted in the 6-DoFs AMTI VIVO™ knee
simulator (AMTO, Watertown, MA) to simulate gait (GT), deep knee bending (DKB), and
stair descent (SD) activities. Experimental boundary conditions were derived from
telemetric implant data and ASTM standard (Navacchia et al., 2016). Flexion/extension
(FE) and internal/external rotation (IE) degrees of freedom (DoFs) were kinematically-
driven while medial/lateral (ML), anterior/posterior (AP), superior/inferior (SI), and
varus/valgus (VV) DoFs were load controlled. After bedding-in under cyclic compression
for 200 cycles, 40 cycles of each activity were performed at a rate of 0.33Hz. Relative

displacements between marker couples (placed at the anterior aspects of the tray and bone)
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and tibial surface displacements were recorded with a digital image camera (DIC) system
(Figure 5.1).

Corresponding computational models of the three specimens were developed in
Abaqus/Standard (SIMULIA, Providence, RI) from CT scans with bone mineral density
phantoms. Elastic moduli of the tibial elements were assigned based on Hounsfield units
using established relationships (Anderson et al., 1992; Linde et al., 1991). Component
alignment and marker locations were reconstructed from the experiments. The deformable
implant-bone construct was virtually mounted into the VIVO simulator model (Fitzpatrick
et al., 2016) and loaded via a rigid femoral component with the boundary conditions
adopted from the VIVO experiment. The contact at the metal-poly and tray-bone interfaces
were modeled with friction coefficients of 0.04 and 1.00, respectively. The marker and
bone surface displacements were predicted and compared with experimental measurements
(Figure 5.1). Prior convergence studies were completed during model development
(including mesh size, the minimum number of simulated cycles required to reach a steady
state, and the number of the material cards to characterize tibia properties). The average
root-mean-square differences and correlations between measured marker relative

displacements and predictions were 13.1 um and 0.86, respectively.

5.3.2 Micromotion sensitivity research framework

The three validated cadaveric tibia-implant models were utilized for this follow-up
study investigating the sensitivities of tray-bone interface micromotions to several common
TKA factors. All boundary conditions (tray-bone alignment, activity loading, femoral-

insert initial positions, etc.) were consistent with the prior study unless being perturbed
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when studying specific factors. To differentiate with the perturbed models investigating

micromotion sensitivities, the three original, validated models were indicated as ‘baseline

models’ subsequently. For each factor studied, the change of the factor was incorporated

into each baseline model and the newly generated model was re-tested during GT, DKB,

and SD.

The parameters of each factor and corresponding model configurations are as below:

Surgical parameters

Tray-bone alignment: For each baseline model, twenty-four models were

developed by perturbing the initial tray-bone alignment (considering one
perturbation at a time) £0.5mm and £1.0mm in translational DoFs (AP, ML,
and Sl) and £0.5° and +1.0° in rotational DoFs (FE, IE, and VVV) (Figure 5.2a).
After evaluating the impact of each parameter on the interface micromotion, an
upper-bound model configuration was developed by considering all the
parameters (a combination of 6 DoFs perturbations) which resulted in higher
micromotions. Similarly, a lower-bound model configuration was developed.

For each perturbation model, the changes in tibial contact surface modulus due
to the re-alignments were investigated with consideration of the potential
impact on micromotion. The tibial surface elements near the tray (distance from
the tribal element center to the tray surface < 0.75mm) were isolated and the
average elastic modulus of those elements was calculated (Figure 5.2a). For
convenience, the applied activity loading conditions were consistent for each

model since the perturbation was small. However, for verification purposes, we
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also evaluated the changes in loading conditions due to the re-alignment by
using a previously-validated lower limb model (Fitzpatrick et al., 2012). The
maximum change in the femoral-insert contact forces was 0.60% which could
be neglected.

Tibial coverage: For each baseline model, the porous coating of the cementless

tray was divided into four regions, anterolateral, anteromedial, posterolateral,
and posteromedial (Figure 5.2b). The covered tibial area in each region was
recorded. Four porous coating models were virtually created to achieve more
coverage in each region (Figure 5.2b). Another coating model was created by
enlarging the entire geometry (a combination of the previous four models),
which had the same coverage area as using a two-size-upgraded tray. However,
it should be noted that this was not completely equivalent to using a larger tray
because the peg positions were unchanged. Thus, the impact of the tibial
coverage was isolated.

Tibial angular resection error: Each baseline tibial model was additionally

resected with a 2° medial, lateral, and posterior slope, respectively, to simulate
an angular resection error during the tibial preparation. The slopes started from
the center of the tray stem and the bottom of the pegs remained fully contacted
with the tibia (a small portion of the peg surfaces was exposed, see Figure 5.2d).
The scenario with an anterior slope resection error was not simulated since the
anterior tibia is much more visible during the tibial preparation, so that the
anterior tibia is more likely to be flat. The scenarios with resection errors

resulting in more bone remaining (caused by the cutting blade deflecting
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upward) were also not considered since the tray would still have enough

supports at the edges, which should not be worse than the simulated cases.

Design parameters

Tray-bone coefficient of friction: Based on test data from the manufacturer, the

coefficient of friction was defined as 1.00 at the tray-bone interface for the
baseline models. To study the impact of this factor, the coefficient of friction
was perturbed from 0.6 to 1.4 (with a 0.2 increment) to cover a wide range of
potential variability.

Tray pegs: For each baseline model, three alternative models of the tray were
created by removing the anterior pegs, posterior pegs, and all pegs, respectively.
The corresponding tibial models were also recreated with the same changes in
tray geometries (Figure 5.2c).

Tibiofemoral AP/IE load/kinematics: For each activity, the AP forces through

the activity were smoothly amplified by a ratio so that the peak force pushing
the femur posterior was 50, 100, and 150N larger, respectively, whereas the
profile of the loading was unchanged (The sign of the force was unchanged for
any frame). All the baseline models were re-tested under these new loading
conditions. The changes in tibiofemoral positioning due to changes in
tibiofemoral internal-external rotations were also considered. The input IE
kinematics were smoothly amplified so that the internal rotation of the tibia at
the frame having peak micromotion was 5 and 10° larger (resulted in a more

posterior contact position at the lateral condyle).
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Patient factors

e Bone material property: Up to 53% differences in elastic properties between

samples with the same bone volume fraction were reported due to the different
trabecular architectures (Ulrich et al., 1997). As the density-elasticity
relationship used in the validated baseline models was approximately average
of the reported range of tibial properties (Anderson et al., 1992; Keyak et al.,
1994; Linde et al., 1991; Morgan et al., 2003; Rho et al., 1995; Snyder &
Schneider, 1991), we perturbed the elastic modulus of the baseline tibial models

by £25% to cover reported variations in tibial elastic properties.

For specific factors, the modifications in geometric models were performed in
HyperMesh (Altair Engineering, Inc., Troy, Michigan). In summary, a total of 147 models
(three baseline and 144 perturbation models) were created and 441 simulations (147

models tested under three loading conditions) were run to complete this study.

5.3.3 Data analysis

In this study, we defined the tray-bone interface micromotion as the relative motions
between the tray and the tibia contact surface. In computational models, the change in the
distance (considering both shear and normal components) between the nodes at the tray
bottom surface and the nearest node on the tibia implantation surface were used to represent
the tray-bone interface micromotion. For each perturbed model, the micromotion at the
tray-bone interface was predicted during each simulated activity. The full-field

micromotion contour map for the frame having the peak micromotion is presented. The
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maximum value of the interface micromotions through the entire activity cycle and the
average micromotion across the cementless tray-bone contact interface at the
corresponding frame were compared with the corresponding baseline model, and the
impact of each factor on micromotion was then calculated and ranked.

In addition, we divided the tibial coverage area into three regions: micromotion less
than 50um (ideal for bone ingrowth), micromotion ranging from 50 to 150um, and
micromotion exceeding 150um (inhibiting bone formation) (Engh et al., 1992; Pilliar et
al., 1986). For each model, the coverage ratio of each region was calculated to provide a

more comprehensive view of the fixation stability.

5.4 Results

For better visualization of the resulting micromotion variations, the full-field interface
micromotion contour maps were presented in Figure 5.3 for the first specimen during GT
activity (gait always had the highest micromotions), which covered the typical
configurations for all factors. The patterns of the micromotion distributions during DKB
and SD activities were similar but different in magnitude and thus were not shown. Overall,
peak micromotion was consistently found along the anterior edge of the tray for all
activities and ranged from 33.9 (Specimenl during deep knee bending activity with the
removal of all pegs) to 572.3 um (Specimen2 during gait activity with an additional 150N
posterior force). It should be noted that the high magnitude (572.3 um) does not equal to
not achieving biologic fixation, as the coverage ratio of regions experiencing micromotion
less than 150 um for this case was still over 70% (For a graphic reference, Figure 5.3-

Tibiofemoral AP translation). To avoid the potential misunderstanding from the readers,
122



the coverage ratios of the three fixation levels were presented in Figure 5.4 for the second

specimen during GT activity (which had the highest coverage ratios of the region

experiencing micromotion exceeding 150um among all specimens and activities).

Surgical parameters:

Tray-bone alignment: For all specimens and activities, perturbations of the tray

alignments along the AP translational and tibial slope DoFs resulted in an
average of 20.6% (16.1%) and 9.0% (7.3%) changes in peak micromotions per
1.0mm or degree variations (values in round brackets represented the changes
in average micromotions. Same for the following results). The average changes
caused by perturbations along the other directions were much smaller [ML:
4.8% (3.0%); SI: 5.8% (4.4%); VV: 2.6% (2.0%); IE: 3.6% (1.8%)] (Figure
5.5a). The tibial surface modulus was almost unchanged except when
perturbing the tray alignment along the Sl direction (Figure 5.5b). The average
change in contact modulus for each quadrant was 5.1MPa (2.1%) and the
maximum change was less than 10.0% except for S| perturbations. Implanting
the tray more superiorly resulted in a stiffer engagement, while implanting the
tray more inferiorly resulted in a softer engagement. The phenomenon was most
pronounced for the first specimen, which led to a larger impact of the tray
alignment along the SI direction on the micromotion comparing with the other
two specimens. Specifically, with the small perturbations studied, implanting
the tray anteriorly, superiorly, or introducing a tibial posterior slope always

resulted in lower interface micromotions, and implanting the tray in the
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opposite directions resulted in higher micromotions consistently for all
specimens.

For 1.0mm & degree perturbation bound models, the peak micromotions
predicted from the upper-bound models were on average of 135.5% (115.9%),
91.6% (43.8%), and 146.0% (122.5%) larger than those predictions from the
lower-bound models during GT, DKB, and SD activities, respectively (Figure
5.5¢). The corresponding changes in the coverage ratio of the region
experiencing micromotion more than 150 um were up to 18.5% (Figure 5.4).
The micromotions during the DKB activity were significantly smaller in
magnitude than those in GT and SD activities.

Tibial coverage: For all specimens, considerable increments in tibial coverage

were achieved by using the enlarged tray models (Figure 5.6 top). When using
the tray model with extra coverage in all regions (an average of 12.3%
additional area), the tibia was fully covered around the perimeter except the
zone for the posterior cruciate ligament (Figure 5.2b). The average changes in
the peak micromotion with the usage of these all-covered tray models were
0.7% (0.5%), 1.3% (0.7%), and 1.9% (0.9%) for specimens 1, 2, and 3,
respectively (Figure 5.6 bottom). The maximum change in micromotion was
less than 4% (2%). It should be noted that the micromotion at the extra surface
of the tray beyond bony contact were excluded from the results (Figure 5.3-
Tibial coverage) for the comparison.

Tibial angular resection error: The impact of angular resection errors was

substantial for the DKB activity (Figure 5.7a) but remained smaller than GT or
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SD activities. This was a result of relative motions of the unsupported regions
greatly exceeded the small baseline micromotions at the anterior aspect (Figure
5.3-Resection error). For all activities, the peak micromotions at the anterior
aspect were increased by an average of 13.8% due to the instability introduced
by the resection errors. However, the average micromotion increased by an
average of 74.8% due to the significantly reduced area experiencing
micromotion less than 50 um. The impact was highest for a posterior angular
resection error followed by medial, and lateral resection errors, however, at the
same level. In addition, regions experiencing micromotion less than 50 um
reduced by an average of 33.5%, 16.3%, and 42.4% during GT, DKB, and SD,
respectively, when a posterior resection error was created (Figure 5.4). These
reductions in the ideal area for bone ingrowth (<50 um) were more severe than

those with a medial or lateral angular resection error (Table 5.1).

Design parameters:

Tray-bone coefficient of friction: Overall the peak micromotions (occurred

during gait among the three activities) reduced by an average of only 9.7%
(15.1%) when increasing the coefficient of friction from 0.6 to 1.4 (the full
range evaluated here) (Figure 5.7b).

Tray pegs: The impact of tray pegs was small for the rotating-platform implant
(Figure 5.7¢). The anterior pegs play some role in restricting the tray tilting
motion at the anterior side (Figure 5.3-Removal of tray pegs). The peak

micromotions increased by an average of 11.1% with the removal of anterior
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pegs when the micromotion exceeded 150 um (specimens land 2 during GT
and SD). However, the removal of all pegs did not make these situations
substantially worse. The peak micromotions only increased by an average of
13.3% with the removal of all pegs. For the implant studied, the cone provided
this primarily stability resisting micromotion. It should be noted that with the
removal of peg geometries, the total cementless contact area reduced by 25%,
which led to a higher increase in the average micromotion (22.2%) as the
removed geometries had small micromotions.

Tibiofemoral AP/IE load/kinematics: The changes in tibiofemoral contact

positioning due to the different AP forces and IE rotations were shown in Figure
5.8a for specimen 1 (The patterns for specimens 2 and 3 were similar). The
medial and lateral contact locations moved posteriorly with increased AP
forces. A posterior tibiofemoral contact position due to a 100N larger posterior
force resulted in 54.8% (60.1%), 65.2% (71.2%), and 81.8% (82.7%)
increments in the peak micromotions for specimens 1, 2, and 3, respectively
(Figure 5.8b). The medial-lateral contact rotated by a similar angle when the IE
rotations were perturbed (Figure 5.8a). During DKB activity, the lateral contact
also moved posteriorly with increased tibial internal rotation. Peak
micromotions were increased by an average of 198.5 um during DKB activity
but increases were much smaller during GT and SD activities (changed by an
average of 24.7 um) when the tibial internal rotation was increased by 10°

(Figure 5.8c). For all models (with increased AP force or increased tibial
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internal rotation), the micromotions were linearly related to the resulting

moments as a result of the posterior positions evaluated (R=0.99).

Patient factor:

e Bone material property: The peak interface micromotions reduced by an

average of 19.9% (17.1%) when the tibial material properties were increased
by 25%, and micromotions increased by an average of 38.4% (34.3%) when the
tibial material properties were decreased by 25% (Figure 5.7d). Up to 14.7%
difference in the coverage ratio of the region experiencing micromotion
exceeding 150 pum was found due to the variations in the tibial elastic property

(Figure 5.4).

For each factor, micromotions in liftoff and shear directions increased/decreased
simultaneously following the same trend as the presented total micromotions, where the
liftoff micromotions were more sensitive to the studied factors than the shear micromotions

(Figure 5.9).

5.5 Discussion

The coverage ratio of the tray-bone cementless contact region experiencing
micromotion less than 50 um was highly related to the average micromotion across the
contact interface. Therefore, investigating the tray-bone interface micromotion is a good
approach to evaluate the tibial fixation performance. In this study, we investigated tray-

bone interface micromotion during gait, deep knee bending, and stair descent activities for
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three validated proximal tibial models. Specifically, we assessed the impact of seven
common TKA factors on the interface micromotions. In all cases, the maximum
micromotion always occurred at the anterior tray-bone contact interface, and no more than
50pum micromotions were observed in the posterior regions except when a posterior
resection error was created.

The tray-bone alignment had a significant impact on tray-bone micromotions. We
found that implanting the tray anteriorly, superiorly, or increasing the tibial posterior slope
reduced the micromotion for all three specimens. Among these, the decrease in
micromotion caused by the superior implantation was due to the increased tibial elastic
modulus at the contact surface. When the change in surface modulus was small, the
corresponding change in micromotion was also minimal (Figure 5.5-Specimen 2). It was
hypothesized that anteriorly aligning the tray might increase the contact modulus anteriorly
(tray on a cortical lip) but decrease it posteriorly (tray off a cortical lip). However, for the
three tibial specimens used in this study, the average change in contact modulus for each
quadrant due to perturbing the tray alignment 1.0 mm in the AP direction was only 3.0%
(the maximum value was 7.0%). The decrease in micromotion caused by anterior
implantation was a result of the tray-bone contact locations also moving anteriorly, which
centralized the load transfer with respect to the tibial shaft, reducing the tibial bending and
thereby reducing lifting of the tray at the anterior aspect. Micromotion was not sensitive to
perturbation of the alignments along the other DoFs (ML, VV, and IE).

Similar to posterior positioning of the tray, posterior load transfer as a result of 100N
increases in posterior loading leads to significant increases in micromotion. Again, this is

the result of greater posterior offset of the load which maximizes the flexion-extension
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moment and anterior tray micromotion. Similarly, the micromotion was significantly
increased during the DKB activity due to the considerable posterior offset of the load.
Changes in micromotion were much smaller during GT and SD activities as the contact
locations were minimally shifted in the AP direction (Figure 5.8¢c). The interaction here
with articular design is important to note in that a geometry that constrains the load transfer
more centrally will minimize the anterior micromotion. This is in line with a previous study
which denied the hypothesis that a relatively unconstrained articular geometry would result
in less migration of the tibial component (Uvehammer, 2001), but peak micromotion
appears primarily influenced by AP contact position and the resulting increase in moment
about the anterior aspects of the tray.

Several studies have proposed that maximizing the tibial coverage should theoretically
improve fixation performance due to the more uniform force distributions (Bertin, 2007;
S. Martin et al., 2014; Wernecke et al., 2012). However, we found that the extra coverage
above a ‘best-fit’ symmetric tray had a minimal impact on the micromotion. An average of
8.9% extra coverage only resulted in a 1.3% change in the micromotion. In addition, as it
is impossible to obtain greater tibial coverage than using the virtual implant (which covered
all the tibial resection surface) created in this study the impact of maximizing the tibial
coverage on the micromotion would be even smaller in clinical practice. In fact, choosing
a larger tray to maximize coverage, but also simultaneously moving (as typical) contact
locations posteriorly may even be counterproductive, as the influence of the posterior load
transfer would increase micromotion. This evaluation also suggests that design efforts with

respect to micromotion need not focus on maximizing coverage via tray asymmetry.
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Finally, note that this study did not focus on determining a minimum appropriate coverage,
which should be further explored.

The uneven resection surface caused by angular cutting error during the tibial
preparation had a moderate influence on the peak micromotion, as the peak micromotions
at the anterior aspect did not increase greatly, indicating that the cone provides significant
support compared with the tray surface. However, introducing large unsupported regions
(Figure 5.3-Resection error), led to a significant reduction in the ideal area for bone
ingrowth (<50 um) as expected. Clearly, minimizing angular resection error at the posterior
aspect is important as this pattern resulted in a minimal ideal area for bone ingrowth.

It should be noted that the implant used in this study was a rotating-platform design.
The impact of tray pegs investigated here is not directly comparable to typical a fixed-
bearing implant. We found that the anterior tray pegs inhibited micromotion, likely as the
peak micromotions always occurred at the anterior aspect. However, overall, the pegs were
responsible for only a small percentage of tray stability, as complete removal demonstrated
an average increase of 13.3% of peak micromotion. The coefficient of friction also has only
a small impact on the micromotion over a wide range studied, but clearly, intentional
increase in friction will aid minimizing micromotion. Patient individual differences with
respect to bone material properties had significant impact on the tray-bone interface
micromotion. The differences in elastic modulus evaluated, up to 53% with the same bone
volume fraction (Ulrich et al., 1997), resulted in up to 74% differences in the micromotion.

This study has limitations to note. Only one implant design (rotating-platform, cruciate-
retaining) was considered. The external boundary conditions and resulting sensitivities

may be different for other tray designs. The impact of tray pegs investigated here is likely
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not reflective of the response for a fixed-bearing design. However, we believe the relative
impact of the other factors would be still valid for a fixed-bearing design and other
implants, as the mechanisms are relatively unchanged. We used 1 mm and 1 degree as the
upper limit of the perturbations when studying the impact of tray-bone alignment
parameters, and the translational positioning reflects available space on the resection
surface. We verified the corresponding changes in the joint loading conditions were
negligible under these perturbations. However, when the perturbations are large enough,
the impact of the changes in the implant loading conditions may not be ignored. A 5°
posterior slope would result in modification of femoral-insert posterior contact comparing
with a 0-degree slope (H. Yang et al., 2021), which would offset the positive effect of
increasing the posterior slope on reducing the micromotion. In addition, tibiofemoral
anterior-posterior positioning is multifactorial, as patient factors (body weight, limb
alignment) surgical choices (posterior slope), and articular design all contribute. Further
research could include a more comprehensive study on this factor.

In general, this study assessed the impact of seven common TKA factors on the tray-
bone interface micromotion. Based on the results and discussion above, we ranked the
impact of each factor on the peak micromotion from high to low in the following order:
tibiofemoral posterior positioning (due to posterior load), tray-bone alignment, bone elastic
properties, tibial angular resection error, the inclusion of tray pegs (anterior pegs having a
greatest effect), tray-bone coefficient of friction, and tibial coverage. Among these, the
impact of the tibial coverage was negligible. If looking at the average micromotion instead
of peak micromotion, the tibial resection error would be the most impactful since it resulted

in the highest average micromotion whereas the changes in the peak micromotion were not
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significant. The other factors remain in the same order. The ranking is clearly dependent
on the parameter settings evaluated for each factor. There are clear recommendations for
minimizing micromotion from this assessment, including centralizing the load transfer
where possible with tray positioning, and less concern toward maximizing tibial coverage.
However, as this is primarily a sensitivity screening study, critical parameters identified
should be further explored to understand the potentially complex relationship with resulting
micromotion. The study also highlights the importance of articular design in that greater

AP stability that centralizes the contact point will aid in minimizing micromotion.
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Figure 5.1: Computational-experimental validation framework. Specimen information was
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Figure 5.2: lllustration of the perturbation models for micromotion sensitivity tests (using
a left tibia sample). (a) Tray-bone alignment perturbations and the isolated elements for
calculating tibial surface modulus. (b) Region divisions of the tibial coverage (AL —
Anterolateral; AM — Anteromedial; PL — Posterolateral; PM - Posteromedial). Five virtual
tray models with extra tibial coverages (Grey — original tray; Green — trays with extra
coverage in each quadrant; Red — tray with extra coverage in all regions). (c) Tray and
tibial models for studying the impact of tray pegs. (d) Tibial models with 2°-slope resection
errors. (e) Differences in tibiofemoral AP translations between baseline models and
posterior-contact models (+100N posterior load) at peaking micromotion frames.
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Figure 5.3: The predicted full-filed interface micromotion contour maps at the frames
having peak micromotion magnitudes for the baseline model and the typical perturbation
models of each factor. (The presented plots were from the first specimen during gait
activity)
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Figure 5.4: The coverage ratios of the three fixation levels at the tray-bone contact
interface. (The presented plot was from the second specimen during gait activity)
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Figure 5.5: (a) The impact of tray alignment parameters on the interface micromotion with
per 0.5 mm or degree perturbation. (b) Variations of the tibial surface modulus at the
contact interface due to the changes in the tray-bone alignment. (c) Comparisons of the
interface micromotions between the baseline models and the lower/upper-bound models
(combination of perturbing tray-bone alignment 1.0 mm & degree in 6-DoFs). (Note: The
hatched bars represented the peak micromotions and the solid bars represented the
average micromotions. Same for the subsequent figures)

137



Specimen 3

20

16

12

Specimen 2

20

Specimen 1

AL region
I AM region
[IPL region

IPM region

Al regions

[l Baseline model

I Ex

n AL
n AM
n PL
n PM

ra coverage

I Ex

ra coverage
ra coverage

[JEx

e

n all regions

ra coverage

[EEx

[=]
N

(

©

o4, ) Juswaloul abeianoo |eigi]

o™

@

<t

SD

DKB

DKB sD

GT

SD

DKB
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138



Impact of resection error

156 Specimen 1 . Specimen 2 an Specimen 3
[lBaseline model
E\“OO EllPosterior resection error 400 400
~ 350 Bl ateral resection error 350 350

[IMedial resection error

300
250
200
150
100

300
250
200
150
100

150
100
50

50 50
0 0
GT DKB SD
(a)
Impact of tray-bone coefficient of friction
Specimen 1 Specimen 2 Specimen 3
450 450 450
E 400 400 400
=350 ;. = 1.0 (Baseline) 350 350
o =12 300 300
° 300 -;1 =14
E 250 250
200 200
150 150
100 100
§ ! 50 50
NN
- 0 0
DKB
Impact of tray pegs
Specimen 1 Specimen 2 Specimen 3
450 - 450 450 ‘
—_ Baseline model |
5400 [ Without anterior pegs ‘ 400 400 N
= 350 I Without posterior pegsi 350 350 ‘
S 300 [TIwithout all pegs [ 300 300 ‘
250 250 ‘
200 200 ‘

Impact of bone elastic property

Specimen 1 Specimen 2 Specimen 3
450 = 450 450
+25% Elastic modulus —
E 400 lBaseline model 400 N\ N 400
= ‘ A 350

~ 350 Bl -25% Elastic modulus 350
N 300

250
200
150
100
50
0

300
250
200
150
100
50
0

Figure 5.7: Impact of resection error (a), tray-bone coefficient of friction (b), tray pegs (c),
and bone elastic property (d) on the interface micromotions.
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Table 5.1: Ratio of the tray-bone cementless contact regions experiencing micromotion
less than 50 um to total bone-porous contact area. The minimal ratios were highlighted in
bold.

Baseline model = Model with resection errors

Specimen 1

Medial Lateral Posterior
Gait 74.1% 53.3% 64.6% 53.0%
Deep knee bending 99.9% 99.7% 83.3% 91.4%
Stair descent 80.2% 54.6% 60.0% 49.0%
Specimen 2 Baseline model ~ Model with resection errors

Medial Lateral Posterior
Gait 70.3% 49.1% 56.5% 41.6%
Deep knee bending 93.9% 85.4% 71.9% 69.7%
Stair descent 75.0% 475% 52.3% 38.9%
Specimen 3 Baseline model ~ Model with resection errors

Medial Lateral Posterior
Gait 84.6% 56.0% 80.9% 58.3%
Deep knee bending 100.0% 97.5% 80.4%  85.6%
Stair descent 90.7% 65.4% 67.6% 53.9%
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Changes in tibiofemoral contact locations
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Figure 5.8: (a) Projection of the femoral-insert medial/lateral contact points on the
cementless tray for a left tibia specimen. (b) Comparison of the interface micromotions
between the baseline models and the models with increased posterior loads. (c) Comparison
of the interface micromotions between the baseline models and the models with increased
tibial internal rotations.
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Figure 5.9: The liftoff and shear components of the total micromotion presented in this
study (The reference plot was from the first specimen during gait activity).
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CHAPTER 6. CONCLUSIONS AND RECOMMENDATIONS

6.1 Conclusion

Good implant fixation after TKA is essential to ensure long-term survivorship.
Understanding how the TKA factors influence bone remodeling and osseointegration is
very important to improve tibial fixation. The overall objective of this dissertation was to
create an experiment to finite element analysis pipeline for investigating the sensitivities
of common TKA factors to the tibial strain energy density distributions and the tray-bone
interface micromotion. Three interrelated studies were performed to achieve this goal. An
experimental-computational validation framework for predicting the tibial micromotion
and bone deformation was developed firstly, which addressed the main issue that limited
the use of computational modeling in clinical practice: model validation. The validated
models were then used to investigate sensitivities of common TKA factors to the tibial
strain energy density (SED) and tray-bone interface micromotion.

Computational models must be validated in order to be trusted. A significant
contribution of this dissertation was the extensive model validations under physiological
conditions, which were firstly performed in Chapter 3 and utilized in the subsequent
studies. Chapter 3 presented an experimental-computational validation framework based
on cadaveric tests for investigating tray-bone interface micromotions and bone

deformations under physiological loading conditions. Unlike other studies that only
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validated their model by comparing the predictions and measurements in a few distinct
points, our validation considered both marker relative displacements and surface
displacements, which greatly improved the reliability of the validation and thus providing
more confidence in predictions in the subsequent studies. Although mainly focused on
validation, this study also had some important findings. It was found that the initial tray-
bone alignment in anterior-posterior directions had a considerable impact on the interface
micromotions, which was the motivation of the follow-up micromotion sensitivity study in
Chapter 5. We also found marker relative displacements were usually smaller than actual
interface micromotions. This was mainly because that the peak interface micromotion
usually occurred in between the positioned marker couples. Therefore, we suggest that
some caution should be taken when using marker relative displacements to characterize the
actual interface micromotion.

Bone remodeling after TKA surgery is regulated by the changes in strain energy
density. Understanding how TKA factors influence the post-operative SED distribution is
very important to improve fixation performance. Chapter 4 evaluated the potential
differences in post-operative proximal tibial SED distributions for five typical TKA
parameters. The study was the first one that considered both femoral-insert contact and soft
tissue loading conditions when investigating bone strains. The tibial anatomy was found to
have the largest impact on post-operative bone strains. For the tibia that had less remaining
bone stock posteriorly, a relatively larger posterior slope was recommended to increase the
posterior wall thickness, which improved the SED distributions and thus could avoid
potential bone loss. The impact of PCL balancing, surgical alignment, and tray posterior

slope were considerable. The SED changes for these three factors were mainly due to the
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changes in loading conditions. Among those, PCL balancing affects the overall strain
energy magnitude, whereas the alignment and posterior slope primarily influence the
medial-lateral and anterior-posterior SED distributions, respectively. The impact of tray
material modification was much smaller than the factors above. These findings indicated
the maximizing post-operative fixation is possible using optimized surgical parameters to
address patient anatomy.

The initial fixation of cementless tibial trays is crucial to bony ingrowth onto the porous
surface of the implants, as micromotion magnitudes exceeding 150 um may inhibit bone
formations and limit fixation. Chapter 5 assessed the impact of seven common TKA factors
on the tray-bone interface micromotion during a series of activities of daily living. The
computational models and boundary conditions were adopted directly from the validation
study in Chapter 3, which provided more confidence in the computational outcomes. It was
found that the tray-bone interface micromotion was very sensitive to femoral-insert
posterior contact (achieved by posterior tray alignment and increasing tibiofemoral
posterior forces in this study), as the posterior offset of the load maximized the flexion-
extension moment and anterior tray micromotion. An angular resection error at the tibial
resection surface did not greatly increase the peak micromotion but resulted in a minimal
ideal area for bone ingrowth. It was thought that maximizing the tibial coverage should
theoretically improve fixation performance due to the more uniform force distributions
(Bertin, 2007; S. Martin et al., 2014; Wernecke et al., 2012). However, we found that the
extra coverage above a ‘best-fit’ symmetric tray had a minimal impact on the micromotion.
Due to the difference in bone material properties between individuals, we found the same

knee system could result in up to 73.8% difference in the micromotion, which cannot be
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avoided in the clinic. Therefore, minimizing the micromotion may be particularly required
in some situations. The findings in this study brought clear recommendations for
minimizing micromotion, including centralizing the load transfer where possible with tray
positioning, centralizing the contact point using the implant that has greater AP stability,
minimizing resection error at the posterior aspect, and less concern toward maximizing

tibial coverage.

6.2 Recommendations

The studies presented in this dissertation were mainly performed via finite element
methods, supplemented by experimental testing for validation purposes, as most of the
research cannot be achieved through experimental methods. Although the goal of the
dissertation was smoothly attained, there always be opportunities to improve the detail and
complexity of models for more accurate and comprehensive investigations.

One limitation in the validation study (Chapter 3) was that only one density-elasticity
relationship was considered for the three tibiae specimens. A previous study discussed that
each bone specimen could have a characteristic density-elasticity relationship (Eberle et al.,
2013). Another study also reported that differences in tibial elastic properties between
samples with the same bone volume fraction could range up to 53% due to the different
trabecular architectures (Ulrich et al., 1997). These indicated that directly mapping bone
material properties from CT scans with a fixed density-elasticity relationship may not
represent the actual material properties. Future validation studies using human bone models
could modify the bone properties within the reported range during the validation procedure

to improve the validation accuracy.
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The main limitation in the application studies (Chapter 4 and 5) was that the
computational analyses were based on a limited number of tibial models (no more than
three), which was insufficient to cover a large patient population. The outcomes may still
be true when extrapolating our findings to a larger patient population but need verifications.
However, including more specimens requires more effort in model validations, and the
specimens may still not fully represent the large variation in human bones. We recommend
that future studies make attempts to utilize statistical shape models (SSMs) to assess the
implant stability and study the sensitivity of critical parameters influencing fixation
performance, as SSMs describe the anatomical variation and have characterized the
morphology of individual bones (Smoger et al., 2017).

Additionally, the number of tested implants was also limited in each study. Some of
the outcomes may be different for other implant designs. For example, In Chapter 4, the
loading patterns may be different for other implants, which would influence the strain
distributions; In Chapter 5, the impact of tray pegs investigated for a rotating-platform
design is likely not reflective of the response for a fixed-bearing tray. More implant designs
could be easily tested in the future by using the computational models and workflows
presented in this dissertation.

In Chapter 4, the change in tibial strain energy density distributions was investigated
to evaluate the effect of each factor on bone remodeling. However, the extent of bone
remodeling due to these SED changes was unknown. Computational simulations have
already been utilized to directly predict bone remodeling patterns using the strain-
parameter-related remodeling equations (Anijs et al., 2020; Cawley et al., 2012; Chong et

al., 2011b; Jia et al., 2017; Quilez et al., 2017). These predictions may be more preferred
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by surgeons and implant developers because they provide a direct evaluation of the risk of
potential aseptic loosening. However, these predictions are hard to validate, as different
remodeling equations could result in distinct predictions, which is also why this method
was not used in this dissertation. Future works could use validated bone remodeling

equations to study the effect of TKA factors.

6.3 Closing

In conclusion, this dissertation presented a systematic research framework from model
validation to model application for evaluating the TKA fixation stability. The findings in
this work contributed to the pre-clinical assessment and further implant development.
There are clear recommendations for improving the implant fixation after the cemented
and cementless TKA, such as optimizing surgical parameters to improve the bone SED
distributions and centralizing the load transfer to reduce the tray-bone micromotion. Future
work is needed to improve the research methods and to extrapolate our findings to a larger
population. The computational tools developed in this work could be used as a good start

for future research.
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