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Abstract

Mechanical Evaluation of Polycarbonate Polyurethane for Long-Term Orthopedic Implant
Applications

By Audrey Ford

Doctor of Philosophy in Engineering – Mechanical Engineering
University of California, Berkeley

Professor Lisa Pruitt, Chair

There are currently over 2 million total joint replacement procedures completed every
year worldwide. The number of total joint replacement procedures is predicted to grow. At
the same time, the percentage of younger, more active patients undergoing joint replacement
procedures is also predicted to increase. Such predictions motivate a need for joint replace-
ments to last longer and perform better in more active patients. The greatest challenge for
current joint replacement device designs is wear-related failures. One potential solution to
improve wear performance is to use alternative materials with superior wear performance.
Polycarbonate polyurethane (PCU) has been proposed as an alternative material to improve
the performance of joint replacements. It is softer and more elastomeric than the current
standard polymer, ultra-high molecular weight polyethylene. It has been hypothesized that,
due to its lower elastic modulus, PCU will have improved lubrication performance, reducing
wear. Historically, improvement to ultra-high molecular weight polyethylene wear perfor-
mance has come at the expense of fracture resistance. Therefore, in the highly cyclic loading
environment of a total joint replacement, the fatigue and fracture properties are also impor-
tant to consider.

This thesis evaluated the long-term mechanical performance of PCU in orthopedic im-
plant applications. First, we characterized the fatigue crack growth mechanisms in PCU
as a function of loading, frequency, hydration, and thermal annealing treatment. We found
highly time-dependent behavior as mechanisms of crack growth and failure changed with
loading regime. Second, we looked at changes in the structural organization of PCU as a
function of thermal treatments and strain. We found trends of increasing ductility with
increasing annealing temperature and increasing hydrogen bonding in the ordered hard do-
main. The amount of hydrogen bonding decreased with increasing strain. Finally, we used an
3D-transient elastohydrodynamic lubrication model to characterize the lubrication regimes
in PCU during a simulated gait cycle. Our model contradicts the optimistic predictions
of 1D-steady state modeling and may explain the disconnect between early modeling and
the experimental wear results for PCU. Moving forward, this work serves as a foundation
for many questions that still need to be answered to understand the fatigue, fracture, and
tribological performance of this complex material in long-term clinical implant applications.
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Chapter 1

Polymers in Total Joint Replacement

1.1 Thesis Overview

The aim of this thesis is to evaluate the mechanical performance of polycarbonate polyurethane
with respect to its use as a bearing material in total joint replacements. The first chapter
presents a background of total joint replacement (TJR), the current polymers used, and in-
troduce polycarbonate polyurethane (PCU) as a novel material for orthopedics. To motivate
the importance of TJR and the need for better material to meet the increasing demand for
longer-lasting implants, we begin with the clinical pathology and current treatments. First we
introduce the native tissues that are replaced in total joint replacement, the pathologies that
lead to the need for total joint replacement, the current treatments, and the materials that
are used in total joint replacement. This background will outline the design requirements
of total joint replacement, past developments of ultra-high molecular weight polyethylene
(UHMWPE), the current gold-standard polymer in the field, and current challenges that
limit the current device design, like implant wear. Alternative materials, like PCU, have
been proposed as potential solutions to address the wear related challenges and move to-
wards longer lasting implants. The chapter will conclude by introducing the material at the
center of this thesis, polycarbonate polyurethane, its properties, and its current uses and
performance in orthopedic applications.

The second chapter will present a study on the mechanisms of crack growth in PCU.
The chapter first reviews the approaches to fatigue characterization, total-life fatigue and
defect-tolerant fatigue. A defect-tolerant approach to fatigue was used for the study, so the
linear elastic fracture mechanics theory behind the methods will be introduced. The study
evaluates the impact of loading regime, frequency, conditioning, and thermal annealing on
the mechanisms of crack growth in PCU. The results of this study led to the hypothesis that
structural changes to PCU in the highly constrained crack tip led to highly time-dependent
crack growth behavior.
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2 Chapter 1

The third chapter seeks to test this hypothesis by exploring the impact of strain on the
structural organization of PCU. The chapter reviews the polymer chemistry that drives the
phase separated structure of PCU block copolymers and the range of variables that influence
the structure. Differential scanning calorimetry, Fourier transform infrared spectroscopy, and
small angle X-ray scattering were used to characterize the impact of thermal annealing and
strain on the structural organization.

The fourth chapter uses a computational model to predict the lubrication regimes in order
to understand the wear performance of PCU in orthopedics. The studies that motivated the
interest in more compliant materials in orthopedic applications are reviewed and compared
to the experimental wear studies that have been published. The theory of EHL is presented
along with its applications to orthopedics. We present a 3D-transient EHL model of PCU
compared to UHMWPE acetabular cups.

Finally, the fifth chapter will conclude the thesis and discuss future directions for the
research. To motivate the need for improved polymers in TJR, we will begin with the native
joint and joint pathologies.

1.2 Articular Cartilage and the Intervertebral Disc

This chapter will provide an overview of the native structure and function of the joints that
are currently repaired with total joint replacement, the disease states that lead to the degra-
dation of healthy joints, introduce the methods for repairing diseased joints, and introduce
the materials used in total joint replacement to motivate the engineering requirements of
orthopedic biomaterials. The musculoskeletal system is the structure that provides protec-
tion and motion for the human body. The musculoskeletal system is composed of bones,
muscles, and soft tissue. The bones provide structure, the muscles actuate motion, and the
soft tissue forms the various types of junctions: tendons connect muscle to bone, ligaments
connect bone to bone, and cartilage forms soft structures, complex joints, and cushions bone
to bone articulating joints, most generally classified as synovial joints.

Synovial joints compose the articulating joints of the body that provide motion and sta-
bility such as knees, hips, shoulders, knuckles, etc. Typically, these joints are categorized
as ball-and-socket joints (e.g. hips), hinge joints (e.g. knees), or sliding hinge joints (e.g.
shoulders, ankles, wrists) based on their mechanism of motion transfer. Synovial joints pro-
vide the relative motion of two bones through the articulation of articular cartilage within
a synovial capsule. Articular cartilage covers the surface of the bones to create a bearing
surface of all types of synovial joints.
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Articular cartilage is a particular type of cartilage that creates the bearing surface for
articular joints. More generally, cartilage is a class of soft tissue in joints and structural roles
such as the nose, ears, and trachea. The intervertebral disc is cartilage-like and categorized
as soft tissue, but has a different and more complex structure than other types of cartilage
and sustains more complex loading than other types of cartilage. For that reason the IVD
will be discussed separately. Hyaline cartilage is the class of cartilage that plays a structural
role such as the nose. However, it does not have the ordered structure that gives articular
cartilage the load bearing properties for joints.

1.2.1 Articular Cartilage

The structure of articular cartilage is complex. Articular cartilage is composed of up to 85%
water by weight in the most superficial 25% of the tissue and then the percentage of water
decreases to 70% near the bone interface [1]. Articular cartilage then contains an extra cellu-
lar matrix of approximately 50% collagen and 20-30% proteoglycans by dry weight [1]. The
proteoglycan molecules are charged and provide an attractive potential for water absorp-
tion into the tissue within the constraining network of collagen fibers creating a pressurized
porous matrix.

Collagen provides structure and tensile strength of the tissue and is organized as shown
in Figure 1.1. Near the surface, in the superficial zone, collagen fibrils are aligned in parallel
to the articulating surface. Moving into the tissue, in the middle zone, the collagen fibrils
become randomly ordered and then, as the articular cartilage joins with the underlying bone,
in the deep zone, the collagen fibrils align perpendicular to the articulating surface as the
material composition becomes more bone-like with the tidemark delineating the transition
from cartilage to bone. The transition of collagen structure with depth results in a corre-
sponding transition in the mechanical properties of the tissue [2].

The synovial capsule isolates the joint and synovial fluid provides both lubrication and
nutrients for the cartilage. Upon loading, the absorbed water is pushed out of the extra
cellular matrix of the cartilage to create a new equilibrium pressure [1]. and a pressurized
fluid lubrication layer is created resulting in an extremely low coefficient of friction. Healthy
synovial joints, such as the hip and knee, maintain near frictionless articulation for decades
through the function of articular cartilage. The coefficient of friction of human articular
cartilage has been measured as 0.001 - 0.03 which is an order of magnitude below that of
glass (0.15 - 0.35) [3].

Cartilage lacks nerves. This lack of nerves in cartilage allows for load transfer without
pain. Consequently, the loss of cartilage leads to pain as the innervated bone begins to bear
the load. Cartilage is also an avascular tissue. As an avascular tissue, a tissue without a
blood supply to bring nutrients, cartilage relies on diffusion of nutrients from the synovial
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fluid. Chondrocytes, cartilage cells, are present in a very low density compared to other
tissues and at maturity (1% of tissue volume). Without a blood supply and at such a low
density, chondrocytes have minimal remodeling and produce little new tissue, leading to an
inability to heal. Therefore when cartilage is damaged or diseased over time, there is a need
for surgical repair interventions to alleviate pain because healing in cartilage is minimal [2, 4].

Similar to articular cartilage, the intervertebral disc (IVD), does not have the capacity to
self-repair and surgical intervention is needed to treat degeneration. However, the structure
of the IVD is unique within the classification of soft tissues due to the unique load transfer
requirements of the spine.

Figure 1.1: Articular cartilage is composed of chondrocytes (1% by volume), proteoglycans (20
- 30 % by dry weight), and collagen (50% by dry weight). The collagen is oriented parallel to
the articular surface in the surface zone, becomes randomly oriented in the middle zone, and then
orients perpendicular to the surface at the tidemark where the articular cartilage transitions to
bone. Reprinted from [5], with permission from Elsevier.

1.2.2 Intervertebral Disc

The intervertebral disc is the tissue that separates each vertebral bone in the space and acts
to join the spine, absorb load, and allow for spinal movement [6]. Compared to articular joints
were the two bones are articulating in a joint, the IVD spans the entire junction between
each vertebral bone in a continuous tissue. The intervertebral disc is type of cartilaginous
tissue that is uniquely classified due to its more complex structure. The intervertebral disc
is structurally more complex due to the complex loading of the spine. The IVD is composed
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of an annulus fibrosis (AF), the outer donut, and the nucleus pulposus (NP), and is joined
to a vertebral body on the top and bottom by an end plate (Figure 1.2).

The composition of each component changes with location of the disc within the spine
as well as age [7]. The annulus fibrosis is composed of 75-90% collagen in the outer region,
40-75% collagen in the inner region, 10% proteoglycans in the outer region by dry weight,
20-35% proteoglycans in the inner region by dry weight, and 65-80% water by wet weight
[6]. At maturity the AF contains 9 x 106 cells/cm3 [7]. The collagen fibers are organized
into 15-25 rings in which the collagen fibers are organized at an angle between 62 to 45◦

from vertical in alternating directions with each concentric ring moving from the outer to
inner layers [6, 8]. This complex organization provides resistance to the expansion of the
disc upon compression as well as well as tensile strength in bending.

The nucleus pulposus is composed of 25% of collagen by dry weight, 20 - 60% of proteo-
glycans by dry weight, and 75 - 90% water by wet weight [6]. At maturity the NP contains
4 x 106 cells/cm3 [7]. It is a much more gelatinous material which absorbs load and exudes
water under compression. With age the water and proteoglycan content of the IVD decreases
with the majority of that loss occurring in the NP [7].

Figure 1.2: The intervertebral disc is a highly ordered cartilage-like structure that provides
motion between two vertebra in the spine. It is a disc-like structure that is composed of an outer
ring of annulus fibrosis (AF) and an inner, gel-like nucleus pulposus (NP). The annulus fibrosis
has lamella of alternating collagen fibers that provide tensile resistance to the pressurization of the
nucleus pulposus under load. The disc is joined to the adjacent vertebrae with a cartilaginous and
bony end plate (CEP/BEP). Reprinted from [8], with permission from Elsevier.

Similar to articular cartilage, the IVD is avascular and has a low cell density. Due to
this, it has an inability to heal and repair following damage. Due to this inability to repair,
degeneration of articular cartilage and the IVD, osteoarthritis and degenerative disc disease
respectively, lead to a crippling lack of mobility and need for surgical repair and total joint
replacement.
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1.2.3 Articular Cartilage and Intervertebral Disc Pathologies

Damaged articular cartilage can be classified into three main types: rheumatoid arthritis,
osteoarthritis, and traumatic damage. Rheumatoid arthritis is the breakdown of cartilage
caused by irregularities in synovial fluid production. Osteoarthritis is the umbrella pathology
for the degradation of articular cartilage and is prevalent in over 80% of people aged over 80
years [9]. Damage to the cartilage caused by trauma can occur through any number of joint
injuries [10]. It was reported in 2008 that arthritis effects approximately 21% of adults in
the US [11]. Native cartilage is not innervated and therefore articulation is pain free. But,
during the degradation of articular cartilage and loss of healthy function, load is passed to
the innervated bone with a painful result. Severe degradation can result in severely limited
motion and even complete lack of activity.

The pathologies that impact the intervertebral disc include: degenerative disc disorder,
herniation, and a more general category of lower back pain. Lower back pain affects over
80% of the population [6], but the mechanisms are not well understood. Degenerative disc
disorder (DDD) describes the loss of function of the disc. DDD is primarily age related.
The nucleus pulposus looses its ability to absorb water and becomes stiffer, and more load is
taken up by the annulus fibrosis. Excessive load on the AF can lead to failure and herniation.
Herniation occurs when there is a tear or defect in the annulus due to degenerative effects
or injury that causes the nucleus pulposus to exude into the spine space. The extruded NP
can impinge on nerves and cause pain.

When herniation occurs, there is a clear cause of pain, but lower back pain, as it relates
to the degeneration of the intervertebral disc is not well understood. Cases exist with severe
degeneration and no back pain while other cases without degeneration or herniation and
back pain are reported. Because of the highly complex loading environment of the spine in
addition to the high sensitivity of the spinal column to nerve impingement and pain, the
pathologies of the spine are not as well understood as those of the synovial joints.

Articular cartilage and the IVD do not have the ability to repair. Therefore, osteoarthri-
tis and DDD must be treated with surgical interventions. The clinically available treatments
seek to restore native kinematics and return the patients to mobility. The surgical repairs
require engineering materials that can withstand the biological and mechanical demands of
the joint function.

1.3 Treatments for Joint Pathologies

In the case of both articular cartilage and the intervertebral disc, the traditional replace-
ment techniques that will be described below do not offer a biomimetic solution to replicate
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native tissue structure and function. Rather they employ metals, polymers, and ceramics
with vastly different material properties to the native tissue and seek to purely recreate the
mechanical function with respect to pain free movement. Total joint replacement is a highly
invasive procedure that removes a large amount of native tissue. Therefore, it is only used in
very serious cases of debilitating pain. Before turning to TJR, there are other grafting tech-
niques used for small areas of damage or injury. A large research effort in tissue engineering
is in progress to restore or replicate the healthy function of the cartilage tissue. However,
few tissue engineering solutions have been widely adopted in clinical use.

1.3.1 Total Joint Replacement

The leading standard for treating damaged or degraded articular cartilage is total joint re-
placement (TJR). TJR was first developed by Sir John Charnley in the 1960s [14, 15, 10].
Today the number of total joint replacements (knee and hip) performed per year numbers
between 2 - 3 million worldwide. Device success is reported to be 88% at 10 years for both
total hip and total knee replacements [14]. The number of joint replacements is projected
to increase with the aging population in the US and Europe (Figure 1.3) [12]. Additionally,
it is projected that an increasing number of joint replacements will be done on younger pa-
tients (Figure 1.4) [13]. This is driving a demand for devices to withstand the higher loading
demands of younger, more active patients, and last longer to avoid multiple revisions during
the lifetime of the patient. Therefore, great effort is being made to improve the performance
and longevity of the implants.

Figure 1.3: The demand for total joint arthroplasty is predicted to increase in the future. This
is driving the demand for innovation to make implants last longer under greater loads to meet this
increasing demand. Reprinted from [12], with permission from Wolters Kluwer Health, Inc.

The most common joint replacement are, in descending order, hips, knees, spine (IVD),
shoulders, elbows, and ankles [10]. Although joint implants are as varied as the anatomy
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Figure 1.4: In combination with the increasing predicted number of total joint replacements, the
percentage of total joint replacements, especially total knee replacements, in patients younger than
65 is expected to increase. Reprinted from [13], with permission from Wolters Kluwer Health, Inc.

that they replace, the materials used are common across most designs. Due to the highly
regulated nature of the medical device industry, the materials used are limited a few well
studied materials, in the United States, with FDA master files, or other past documentation
in other international regulatory agencies. Each design consists of an articulating surface
on a bearing material. Common designs include metal on polymer, ceramic on polymer, ce-
ramic on ceramic, and metal on metal. Articulating metals are typically a cobalt chromium
alloy [10], ceramics are typically alumina or zirconia [16], and the dominant polymer is ultra
high molecular weight polyethylene. These materials are selected to withstand the wear
and fatigue loading incurred within the joint. However, when compared the native tissues,
the mechanical properties of these materials are orders of magnitude different from that of
biological tissue (Figure 1.5).

The geometries and loads of the individual joints lead to a unique stress state in the
materials. The conforming geometry of the hip creates low stresses in the range of 2 - 5
MPa, while the less conforming geometry of the knee sees much higher stresses in the range
of 20 - 40 MPa [10, 17]. These loads can be highly variable due to the gross heterogeneity
of patient’s anatomy and gait, device design, and variability caused by surgical techniques
such as placement and sizing. The cyclic nature of the stresses must also be considered when
evaluating material performance in a given application. In line with the cyclic nature of the
stresses, the tribological properties of the materials must also be considered.
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Figure 1.5: Traditional materials used in total joint replacement, ceramics, metals, and UHMWPE
(green dot), have moduli orders of magnitude higher than the majority of biological tissues. How-
ever, the modulus of PCU (pink oval) can be tuned to better match the moduli of biological tissues.
Adapted from [10]

Beyond the mechanical demand on the materials in orthopedic implants, the material
must also be biocompatible. Biocompatibility of the bulk material is evaluated by a series of
well regulated tests outlined by ISO 10993 (2018): ’Biological Evaluation of Medical Devices’
[18]. The strict biocompatibility standards for implantable materials limits the number of
materials that can be used in device design. And even those materials that are approved
by regulatory bodies for use face challenges with immune response and adverse biological
reaction. In orthopedic implants, the size scale of materials plays a large role. The biologic
response to small wear particles has proven to be a limitation of device life [19].

Causes of Failure in Total Joint Replacement

Hard-on-hard couple designs (metal on metal and ceramic on ceramic) have the lowest wear
rates, followed by ceramic on highly crosslinked UHMWPE, metal on highly-crosslinked
UHMWPE, and then ceramic and metal on untreated UHWMPE show the worst wear rates
(Table 1.1, Figure 1.6) [20]. Although ceramic and metal couples have better wear perfor-
mance, UHMWPE couples are still preferred in certain applications. In the case of metal on
metal implants, small scale metallic wear particles have been correlated to adverse systemic
responses [21, 22]. Ceramic implants have faced challenges of rare, but catastrophic fractures.
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Newer formulations are less prone to fracture, but remain more expensive than UHMWPE
designs. Ceramic on ceramic implants also have a low, but unpredictable incidence (0.7 - 2.9
%) of audible squeaking [14]. In polyethylene implants, wear particles remain more localized
within the joint capsule. However, the wear particles begin a biological cascade that has
been shown to lead to osteolysis, or bone resorption, inflammation, device loosening, and
ultimately cause the device to fail [23, 24, 25].

Table 1.1: Wear rates for different bearing couples in orthopedic implants [20].

Wear rate ( mm3

106cycles
)

Bearing couple Ceramic Metal (CoCr)

UHMWPE 1 - 63 14 - 201
Highly Crosslinked UHMWPE 0 - 7 0 - 11.7
Ceramic 0 - 5 -
Metal (CoCr) - 0.2 - 25
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Figure 1.6: Wear rates for polyethylene (PE) and metal (CoCr) are significantly higher than
that of polyethylene and ceramic (Al2O3). Crosslinking (XPE) greatly improved the wear rate
of polyethylene, but all polyethylene combinations are much higher than the hard on hard com-
binations of metal and ceramic (CoCr, Al2O3, ZTA). Reprinted from [14], with permission from
Elsevier.

1.3.2 Autonomous and Autologous Grafting Treatments

A small defect in the cartilage leads to an increased risk for development of osteoarthritis.
Damage to one area of cartilage creates a cascade of altered load bearing and wear that
accelerates the degradation of surrounding cartilage. Therefore, early treatment of small
defects is an effective way to reduce the risk of osteoarthritis and avoid the need for an early
total joint replacement.

For treatment of local defects, autonomous and autologous grafts have shown positive
results, but are limited by tissue availability [2]. Grafts are taken from undamaged regions
or donor tissue and pressed into a damaged region. The osteochondral autograft transfer
(OATS) technique takes one large graft or several round biopsy punches (called mosaic-
plasty) of healthy cartilage and presses them into a defect (Figure 1.7) [26, 27]. Autologous
chondrocyte implantation (ACI) is a technique in which the patients stem cells are cultured
and then injected into the defect. A cover is required to hold the stem cells in place [28].
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Another commonly used technique is micro-fracture. The process of micro-fracture punches
down through the damaged cartilage to the underlying bone to release marrow derived stem
cells into the defect [29, 30]. These stem cells create fibrocartilage tissue. The resultant
tissue is cartilage-like but it has the unorganized structure of scar tissue and cannot function
as the surrounding cartilage. Many studies have evaluated these methods and they all have
positive outcomes although microfracture has shown to have worse outcomes with larger
defects [28].

Figure 1.7: Example of mosaicplasty repair of a focal osteochondral defect. Reprinted from [26]
with permission Sage Publishing.

Although successful in the short-term at repairing a small defect, these grafting proce-
dures do not identically recreate the structure and mechanical function of the native cartilage.
The challenges of tissue availability for grafting and poor mechanical function of repaired
tissue motivates a need for better repair techniques for small defects and damaged cartilage
to slow the progression of osteoarthritis or degeneration and delay the need for TJR. Re-
searchers have long targeted cartilage for tissue engineering therapies. They aim to create a
viable cartilage structure ex vivo that can be implanted to provide the mechanical function
of native cartilage.

1.3.3 Tissue Engineering

Articular cartilage has long been a target of tissue engineering because of its relatively low
cell density, simple structure, and avascular nature. Tissue engineering strategies are focused
on using a range of cell sources from juvenile bovine and adult canine chondrocytes, to autol-
ogous, self-sourced, human chondrocytes, and mesenchymal stem cells from adipose, bone, or
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synovium. The cells are then cultured in vitro or in vivo as pellet cultures or in conjunction
with a matrix structure to encourage matrix synthesis to achieve native properties [31, 32].

More recently, 3D bioprinting techniques have shown promise for controlled production
of highly complex tissues [4, 2]. A combination of growth factors and biophysical stimuli
further contribute to the production of optimized tissues [4]. Native levels of glycosamino-
glycans and compressive mechanical properties have been achieved, but collagen production
remains a challenge. Additionally, when constructs are scaled up (> 4 mm diameter), nu-
trient diffusion into the center of the construct becomes increasingly inhomogeneous. This
nutrient gradient leads to inconsistent matrix production with more matrix deposited on the
outside of the scaffold than in the center. Different methods to address the limitation of
nutrient diffusion include: macro-channels introduced after casting the scaffolds, dynamic
loading of the scaffolds, and perfusion of media during culture, and modular manufacturing
techniques [31, 33, 34, 35].

Modular manufacturing techniques are one strategy to address the challenge of scaffold
size being limited by low nutrient diffusion. As demonstrated by Ford et. al., modular
fabrication exploits the well-known affinity of tissue engineered constructs to stick to each
other in culture. Initially, small diameter constructs are cultured individually to promote
access to nutrients. After 14 days of culture, constructs are then placed in 3D printed molds
(porous baskets) to encourage the formation of controlled bonds between the constructs
which strengthened throughout the culture period. This process automatically leaves chan-
nels between the bonds in the constructs maintaining nutrient channels in the bonded surface
[35]. These channels were observed to remain open for longer throughout culture compared
to channels that had been punched into large bulk constructs at the beginning of culture [33].

This technique was further shown to be extrapolated to create patient specific geometries.
Molds were 3D printed based on a CT scan on a human tibial plateau. Then a modular
surface 950 mm2 was created based on that patient geometry. The modular approach
produces a construct that is similar in composition to the clinically used mosaicplasty tech-
nique in which multiple round punches of grafted tissue are pressed into a focal defect [26, 27].

Although promising results have been shown, the clinical translation of this technology
is not yet widely successful. Some technologies have been approved at varying levels for clin-
ical use. The following tissue engineered cartilage therapies are available at various stages
of clinical trials and use: BioCart®II (Histogenics, Waltham, MA), Bioseed®-C (BioTissue
Technologies GmbH, Freiburg, Germany), CaReS® (Arthro Kinetics Biotechnology, Krems,
Austria), Cartipatch® (Tissue Bank of France, Lyon, France), Chondrosphere® (co.don AG,
Teltow, Germany), Hyalograft® C (Anika Therapeutics, Bedford, MA), INSTRUCT, MACI
(MACI; Vericel, Cambridge, MA), NeoCart® (Histogenics, Waltham, MA), NOVOCART®

3D (TETEC, Melsungen, Germany) , and RevaFlexTM/DeNovo® ET (Isto Technologies, St.
Louis, MO). Challenges remain in developing a reliable cell source, understanding the in-
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teractions between the native tissue and scaffold, understanding construct development and
functional biomechanics, and improving fixations methods. Additionally, large regulatory
hurdles exist for these novel repair methods [36].

Tissue engineering and grafting techniques focus on focal defect and small areas of in-
jured or damaged cartilage and do not address the challenge of degradation of the entire
cartilage surface. Tissue engineering solutions for full joint degradation are even further
from clinical translation. Therefore, a parallel effort to improve the well established total
joint replacement technologies is important to proceed in parallel to the tissue engineering
strategies with an unknown timeline to clinical application.

1.4 Polymers in TJR

Total joint replacement continues to be the most successful treatment for severe osteoarthri-
tis. Historically, UHMWPE replacements have been the most commonly implanted devices
and continue to be the gold standard by which new designs will be evaluated against.

1.4.1 UHMWPE

The primary polymer used in TJR is ultrahigh molecular weight polyethylene (UHMWPE).
The first hip implants, performed by Sir John Charnley in 1959, utilized a polytetrafluo-
roethylene bearing surface to provide a low friction surface. These early implants failed due
to creep, wear, and resulting immune response. However, Sir John Charnley succeeded in the
1960’s, using UHMWPE, which has become the industry standard. Total knee replacements
soon followed in the 1970s by adopting an UHMWPE bearing surface for a sliding joint that
replaced the fully constrained joint designed in the 1950’s [10]. Since then, a great deal of
research on UHMWPE has gone into understanding the complex trade-offs between material
performance, biological response, and longevity of the implant.

UHMWPE is a homopolymer with identical chemistry to the lower density polyethylenes
commonly used in consumer products (carbon backbone with hydrogen side units). How-
ever, compared to low density polyethylene, which has a molecular weight of 30,000 - 50,000
g/mol, UHMWPE has a molecular weight of 2 - 6 million g/mol (density = 0.925 - 0.935
g/cm3). The long polymer chains of UHMWPE organize into a semicrystalline structure with
ordered lamellar structures within amorphous regions (Figure 1.8). The percent crystallinity
of UHMWPE ranges from 45% to 60% [10]. Two UHMWPE resin types are commonly used
in medical applications, GUR 1020 and GUR 1050. They differ in their molecular weights,
2-4 million g/mol and 4-6 million g/mol for 1020 and 1050 respectively. At a lower molecu-
lar weight, GUR 1020 has a greater capacity to crystallize and therefore a higher degree of



15 Chapter 1

Figure 1.8: UHMWPE is a semicrystalline polymer. Crystalline lamellae (40% to 60%) are
surrounded by unstructured amorphous regions. This order plays a large role in the mechanical
performance of the material. Reproduced from [10] with permission of Cambridge University Press
through PLSclear.

crystallinity. This gives it superior yield strength, modulus, and fatigue crack propagation
resistance to that of GUR 1050 [37].

The mechanical properties of UHMWPE are highly dependent on the molecular weight
and crystallinity. Semicrystalline UHMWPE typically has a modulus on the order of 1 GPa,
a yield strength of 20 MPa, and an ultimate strength of 30 MPa as well as favorable ener-
getic toughness and a low coefficient of friction that contribute to its success in orthopedic
implants [10]. However, the microstructure of UHMWPE, dictated by the degree of crys-
tallinity, drives the performance of the material as it relates to wear, fatigue crack growth,
and oxidation.

Understanding the connection between the material behavior and device performance
has been essential in developing successful devices through an improved understanding of
the failure mechanisms. Ultimately, the majority of these total joint replacements fail due to
’loosening’. Loosening, a broad descriptor for many failures related to a loss or weakening of
the bone around the implant. Loosening has been correlated to the UHMWPE particulate
wear debris and the resulting biological inflammatory response [14]. Controlling the wear in
UHMWPE and improving its longevity in vivo has driven a series of changes to the material
composition over its years of use in TJR.
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Over its years of use, many changes have been made to UHMWPE to improve the perfor-
mance of the material in orthopedic devices. Different sterilization methods, manufacturing
methods, base resins, and additives have been used. Sterilization methods include gamma
radiation in air, ethylene oxide gas sterilization, gamma radiation in inert atmosphere, and
gas plasma. UHMWPE implants have been manufactured using ram extrusion and compres-
sion molding. Base resins including (1020 and 1050 GUR) have been used and carbon fibers
have been included [38]. Each of these changes impact the crystallinity and structure of the
material and influence clinically relevant performance parameters such as wear resistance
and fracture resistance.

A significant body of research has characterized the tradeoffs between processing changes
on the clinical performance of UHMWPE. Crosslinking through gamma irradiation, anneal-
ing processes, antioxidant additives, and mechanical deformation have been used to address
the wear related concerns of UHMWPE [38]. Although crosslinking (5 - 10 Mrad gamma-
irradiation) increased the wear performance of UHMWPE (Figure 1.9), it also caused a loss
of oxidative resistance and fatigue crack resistance (Figure 1.10) [37, 38].

Figure 1.9: Crosslinking with gamma irradiation was shown to improve the wear performance of
the UHMWPE. Reprinted from [37], with permission from Elsevier.

Post irradiation annealing processes limited the effect on oxidative resistance, but did not
improve the lost fatigue crack resistance [38]. These tradeoffs are driven by the microstruc-
tural properties of the material. The crystallinity, quantity and quality of lamellar structures
drives these tradeoffs [38] and is central in predicting the impact of future changes to the
material on the mechanical performance in vivo (Figure 1.11).

As researchers investigate alternative materials for use in TJR, the lessons learned from
decades of UHMWPE use must be considered. New materials offer new and interesting prop-
erties and potentials. But still, tradeoffs between functional properties must be considered
when making alterations to material composition or structure. This must all be taken into
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Figure 1.10: Crosslinking through gamma irradiation was used to improve the wear performance
of UHMWPE, but led to a reduction in the fatigue crack propagation resistance, requiring a lower
cyclic stress to drive an equivalent crack growth rate and shifting the da/dN vs ∆K curve to the
left. Reprinted from [39], with permission from Elsevier.

account within a scope of long-term, high-cycle use in vivo.
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Figure 1.11: As UHMWPE treatments and compositions were changed and developed over the
years, the performance results showed a tradeoff between oxidation resistance, wear resistance, and
fatigue crack propagation resistance. An improvement in one typically led to a reduction in one or
two of the others. Reprinted from [37], with permission from Elsevier.

1.4.2 Alternative Materials to UHMWPE in
Total Joint Replacement

With the success of TJR, there is a demand for implants that last longer and perform under
higher loading situations. It is projected that now over half of patients receiving total hip
and total knee replacements and revisions are under the age of 65 [13]. In order to meet this
rising demand, designs that address the current failure mechanisms, such as wear, must be
found. Alternative materials and coatings have been the main focus of the effort to improve
the longevity and load capacity of total joint replacements.

Current alternatives to UHMWPE bearing surfaces can be grouped into surface modifi-
cations or coatings and new bulk materials [14]. Surface modifications and coatings include
diamond-like carbon, nano-crystalline diamond, pyrolytic carbon, nitrated and carbonated
surfaces, surface oxidized zirconium, and oxidized titanium. New bulk materials include
non-oxide ceramics, carbon fiber reinforced PEEK, polyurethane, and hydrogels. Based on
an evaluation of use in other fields, in vitro evaluation, clinical use, chemical stability, and
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mechanical stability, the leading alternatives were reported in a review by [14] to be nitrated
and carbonated surfaces, surface oxidized zirconium, and polyurethanes (Figure 1.12). In
evaluating the performance of hard on soft implant designs, the former two alternatives are
surface modifications or coatings that increase the wear resistance of the hard articulating
surface. The use of polyurethane was found to be the most promising polymeric alternative
to UHMWPE as a new soft bearing surface material [14].

Figure 1.12: Rating of the potential of alternate materials in total joint replacement by Sonntag
et. al. 2012 Fig 3. Materials were evaluated based on established history in other fields, in
vitro studies, clinical use, chemical stability, and mechanical stability. PU - polyurethanes, OxZr -
oxidized zirconium, nitrated/carbonated - titanium coatings, PyC - pyrolytic carbon, NCD - nano
crystalline diamond, DLC - diamond like carbon, PEEK - Polyetheretherketone). Reprinted from
[14], with permission from Elsevier.

1.5 Polycarbonate Polyurethane in

Total Joint Replacement

1.5.1 Previous Use of Polyurethanes in Medicine

Polyurethanes are a broad class of polymers that are known for a large number of compo-
sitions, properties, and applications. The wide range of properties are a result of the many
combinations in the ratio and respective molecular weights of the two components that make
up the copolymer [10]. More details on the polymer chemistry will be outlined in Chapter
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3. Controlling these parameters dictates the hardness and modulus of the material as well
as lubricity, opacity, and biocompatibility [40]. Additionally, the phase-separated structure
that results from the separation of the two blocks of the polyurethane copolymers create a
quasi-rubber reinforced composite behavior. Because of their toughness and highly tailorable
properties, they are used in applications that range from car bumpers in the automotive in-
dustry, to skate board wheels in the consumer goods industry. For the same reasons, their
high toughness and mechanical tailorability, polyurethane elastomers are also attractive ma-
terials for use in medical devices.

Due to their tuneable mechanical properties, along with relatively good hemo- and bio-
compatibility, polyurethanes are good candidates for use in the medical industry. Polyurethane
copolymers were first introduced into the medical device industry in the 1970’s. Polyether
polyurethanes were used in neurological leads in 1975, cardiac leads in 1977, and then con-
nector modules for implantable cardiac pacemakers, defibrillators, and neurologic stimulators
[40, 41]. Polyester polyurethanes have been used in breast implants.

However, both polyether and polyester polyurethane copolymers underwent failures due
to unforeseen biodegradation mechanisms [40, 41, 42]. Polyester polyurethane underwent
hydrolytic degradation and polyether polyurethane underwent stress corrosion cracking [40].
Polyurethane pacemaker leads in pacemakers failed due to hydrolytic degradation and stress
corrosion cracking [40]. Polyurethane films in early breast implants degraded and leached
silicone [40, 43]. Degradation in both cases was due to oxidative attack of the soft segment
chemistry. In order to combat this degradation mechanism, the soft segment was replaced
with the more stable polycarbonate [44].

1.5.2 Polycarbonate Polyurethane Properties

Polycarbonate polyurethane was introduced in the 1990’s as a more biostable alternative
to polyether and polyester polyurethane biomaterials. Polycarbonate urethane (PCU) con-
tains a polycarbonate soft segment, poly(1,6 hexyl 1,2-ethyl carbonate) diol (PHECD) with
similar hard segment components to polyether urethanes commonly used in medical devices
[43, 44]. The polycarbonate soft segment is less susceptible to hydrolytic attack and degra-
dation yet still biocompatible [45, 46, 47, 40, 48, 49, 50].

As will be discussed in Chapter 3, polycarbonate polyurethane (PCU) is a block copoly-
mer. Thermodynamic interactions between the polyurethane (hard) and polycarbonate (soft)
segments create phase separation into amorphous regions of mixed hard and soft segments
and regions of ordered hard segments that dictate the structure of the material [51, 52, 53].
The exact degree of phase separation is dependent on thermal and temporal processing
[53, 54]. Correspondingly, the mechanical properties of PCU are dependent on the degree
of phase separation [52, 53, 55, 44]. The ordered hard segments effectively create a quasi-
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rubber-reinforced energetic toughening mechanism that enables an increased ductility while
maintaining strength in the polymer. Hard segments form highly ordered structures with a
high degree of hydrogen bonding within the domain. The remaining amount of hard seg-
ments in the amorphous mixture of soft segments determines the degree of phase separation
of the material [40, 43, 51, 54, 56].

PCU has also been shown to be more resistant to oxidation caused by sterilization and
aging than UHMWPE. PCU was found to have no impact on mechanical properties follow-
ing irradiation or accelerated aging alone, but lost 9% of ultimate strength following both
irradiation and 5 years of accelerated aging. UHMWPE (1050 GUR extruded) was found to
have a 70% reduction in ultimate load following the same procedure [41]. With improved
stability, PCU is an attractive material for load bearing orthopedic applications.

As stated previously, PCU has been introduced due to its attractive elastomeric prop-
erties. It has a high toughness and a low modulus. The range of moduli for PCU is more
similar to the moduli of soft tissues ( 1 MPa) than the traditional materials used in TJR
(1 - 200 GPa) (Figure 1.5). The mechanical properties of PCU, like other polyurethanes,
can be tuned by changing different variables in the chemical composition. By varying the
ratio of hard to soft segments in the polymer chain, the Shore hardness of PCU can go from
80A to 75D. Similarly, the modulus of the material can range from 11 MPa to over 1 GPa.
Elastic modulus values that have been published for Bionate® 80A and 75D are summarized
in Table 1.2. As will be addressed in the following sections, the modulus of PCU is highly
dependent on hydration and is viscoelastic.

Table 1.2: Summary of measurements of the elastic modulus Bionate® polycarbonate
polyurethane

Modulus (MPa) Testing Condition

Bionate® Bionate® Strain Rate
80A 75D Test Conditioning (mm/min) Temp. Ref.

335

Tension Hydrated

10

Room [57]
493 75

562 150

1560 500

22 - 24 131-328 Compression Dry 0.5 37◦C [58]

16 - 25 Compression Hydrated 32 37◦C [59]
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Hydration

Polycarbonate polyurethane is also hygroscopic. Absorbed water disrupts the hydrogen
bonding in the ordered domains of PCU and has a plasticizing effect on the polymer. It
takes up to two weeks of soaking to reach steady hydrated state of approximately 1.3 wt %
for both Bionate® 80A and 75D [56, 57]. This absorption of water has a significant influ-
ence on mechanical properties of PCU [60]. Conditioning reduces the modulus [47, 61] and
reduces the ultimate strength of 75D by more than 50% compared to dry material [47, 56].
This drop in stiffness was correlated with a decrease in glass transition temperature observed
after hydration in PBS and indicated an increase in phase separation and order in the hard
domain [47]. A significant drop in tensile properties following 3 - 5 months of hydration
has been reported. This suggests that, although no significant additional water is being
absorbed, interactions with water and the domain structures are occurring on different time
scales [47, 56].

Hydration also influences the surface organization of polyurethane copolymers. The ther-
modynamics driving phase separation also dictates the order at the surface. The segment
orientation that lowers the surface free energy will be favored. An experiment by Xu et al.
2009 showed a dynamic restructuring of the hydrophilic hard segments during hydration.
They showed that for biological applications, this change in surface energy led to a change in
the conformation of adsorbed fibrinogen and corresponded to a decrease in platelet adhesion
[62].

Viscoelasticity

As an elastomer, PCU exhibits highly time dependent behavior characterized by its vis-
coelastic properties [63, 64, 65, 66, 67]. Viscoelasticity describes both the elastic and viscous
components that make up the mechanical behavior of most polymers. The elastic response
of a polymeric material is attributed to the entropic stretching of the polymer chains beyond
their equilibrium length. This has been shown to be a linear elastic response. However,
polymer chains also have the capability to move in relations to each other. This response
is the viscous nature of the polymer and is time dependent. Longer time periods provide
the opportunity for chains to move relative to one another. This manifests itself in different
stiffnesses and ultimate properties of a single material when exposed to variable strain rates.
Viscoelasticity can also manifest itself in stress relaxation or creep under constant loading.

For Bionate® specifically, Shemesh et al. characterized the viscoelastic response of the
material in the NuSurface® meniscal implant in a simulated device setup. They found a
stiffening response with increasing strain rate, see in a reduction of the maximum strain
from 1 mm/min to 100 mm/min. Following hydration the maximum strain at all strain
rates decreased significantly as the modulus increased signaling a embrittling effect. Under
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dynamic loading the maximum strain was further reduced. Under fatigue loading all proper-
ties initially changed in the first 300,000 cycles, and then remained constant up to 2 million
cycles. However, following fatigue loading, permanent plastic deformation was observed [65].

Wear Performance

Early friction and lubrication experimental studies and computational modeling suggest that
PCU has potential to have better wear performance than UHMWPE. PCU can be formulated
to have a much lower modulus of elasticity than UHMWPE. Theoretically, a lower modulus
will reduce the contact stresses and increase the potential for a full fluid film lubrication
regime. Initial models of the elastohydrodynamic lubrication (EHL) regimes (discussed fur-
ther in Chapter 4) in a PCU hip implant predicted a lubricating film that was 1.5 - 3.4 times
thicker than that of UHMWPE, suggesting better wear performance [68].

Figure 1.13: Promotional material for Tribofit® depicts an increased lubrication layer in PCU
acetabular cups compared to UHMWPE based on EHL modeling. Adapted from promotional
material [69].

This has initiated the introduction of orthopedic implants with PCU bearing materials.
Several medical companies use PCU in spine devices with various indications. Active Im-
plants Inc. (Memphis, TN) has led the market with a PCU hip and knee implant. They
have also led the publication of in vitro wear testing that shows improved wear performance
of PCU over UHMWPE [70, 71, 72]. Each of these publications state that polycarbonate
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promotes fluid film lubrication to reduce wear citing: [73, 74, 75]. Additionally, the promo-
tional material from Active Implants Inc. [69] cites improved EHL as a marketing point for
PCU citing [74] (Figure 1.13).

1.5.3 Polycarbonate Polyurethane:
Clinical Applications and Performance

PCU, produced under the name Bionate® by DSM in Berkeley, California, has been used in
the acetabular cup of hip replacements by Active Implants Inc. since 2006, in the European
market [76, 14, 77, 78] and is in a meniscus implant in clinical trials in the United States
(Figure 1.17, right). Outside of TJR, PCU is also approved by the FDA for use in the
Dynesys spine stabilization device, with a temporary indication [78, 79, 80] (Fig.1.18) and
the the Bryan cervical disc replacement device [81, 82]. The initial data for each clinical
application will be reviewed below. A summary of mechanical and thermal properties of
Bionate® can be found in Table 1.3. Early results show promise, but long term performance
is unknown [79, 78, 77, 76].

Table 1.3: Summary of selected mechanical and thermal properties of Bionate® polycarbonate
polyurethane.

Property Bionate® 80A Bionate® 75D Reference

Hardness 84A 73D [83]

Density (g/cm2) 1.19 1.22 [83]

UTS (MPa) 46.6 63.2 [83]

Ultimate strain (%) 531 241 [83]

Water absorption (%) 1.2 0.8 [83]

Coefficient of friction 1.52 0.64 [83]

Poisson’s ratio 0.4924 - 0.4926 0.3844 - 0.4254 [58]

Glass transition temperature (◦C) 17 76 [56]

PCU Total Hip Implants

The low and evenly distributed contact stresses in the highly conforming ball and socket
hip joint are ideal conditions for the hypothesized improved fluid lubrication layer of a more
compliant PCU bearing surface (Figure 1.14) [84, 85, 72, 86]. The Tribofit® acetabular hip
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component (Active Implants, Memphis, TN, USA), is a 3mm thick PCU liner designed to
be press fit directly into the pelvis, or with a metal liner [87].

Figure 1.14: Example of a PCU acetabular cup compared to an UHMWPE cup of the same
dimensions. Reprinted from [72] with permission from Sage Publishing.

Large animal studies showed promising results. A four year ovine study using PCU ac-
etabular cups observed no physical or chemical degradation, little immune response, and
minimal wear. Of 37 implants, fracture was observed in the hard backside of one device,
but did not continue into the compliant bearing material (Figure 1.16) [60]. Additionally,
the hardness of the material increased after one year of implantation and then remained
constant. Correspondingly, the phase separation of the material increased with implantation
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time [60]. Another two year ovine study showed similar positive results with no observed
fracture and acceptable wear. Asperities on the initial implant wore down to a smoother
bearing surface than when initially implanted [88].

Isolated human explant case studies, though limited in implant time, have also been pos-
itive. The first human explant after 10.5 months showed wear rates (1.4 - 14 mm3/year) [77]
similar to what was predicted in the wear simulator studies, but wear particle size smaller
than was predicted in vitro: average = 2.9 µm, range = 0.5 - 90 µm, with one particle at 200
µm [70, 71]. A second explant, at 1 year, showed a similar wear rate (15 mm3/year) on the
front side, though 10% of thickness was lost on the superior side [76]. A third explant study
of a Tribotfit® cup that was implanted without a metal backing directly into the acetabulum
showed heavy wear on the backside. Movement and wear against the native acetabulum was
indicated as the cause of a wear rate of 160±45mm3 in 11 months. This is significantly more
than had been previously reported for metal backed acetabular cups (Figure 1.15) [89].

Figure 1.15: A PCU acetabular cup before implantation (right) and after 11 months of implanta-
tion (left) showing the deposits of biological material on the back of the cup. Reprinted from [89]
with permission from Sage Publishing.

Results from the first early clinical studies contradicted some findings in the in vitro
and animal studies. One study compared PCU THA implants to hemiarthroplasty in the
treatment of femoral neck fractures in elderly osteoporotic patients. They found no differ-
ence in Harris Hip Score for function and pain between PCU THA and hemiarthroplasty
[90]. Another study, comparing PCU THA to metal-on-metal THA systems found equivalent
performance between the two, with less metal ion levels in the serum of the PCU implants
[91]. However, a third study, comparing the use of PCU implants to hemiarthroplasty to
treat femoral neck fractures in elderly osteoporotic patients, showed higher pain reported in
the PCU implants with only a 84% three-year-survival rate. Of the 42 patients, 6 required



27 Chapter 1

revisions. Dislocation and wear were the main causes of revision. Of the six revisions, two
were acutely dislocated, but did not have signs of wear, and two had heavy signs of wear.
One instance of a 2.5 cm2 hole was reported [92].
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Figure 1.16: Examples of the modes of damage that were observed in a 4 year ovine study of 37
total implanted PCU acetabular cups. Although damage was observed, overall good function and
satisfactory wear outcomes were seen. Reprinted from [60], with permission from Elsevier.
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PCU Meniscus Implants

The NuSurface® meniscal implant is produced by Active Implants, Memphis, TN, USA, as a
replacement meniscus. The device is made of Bionate® 80A reinforced with circumferential
high modulus UHMWPE fibers (Dyneema Purity®, DSM Biomedical, Geleen, NL) (Figure
1.17, right) [93]. These fibers mimic the native collagen architecture of the meniscus and
resist bulging under the hydrostatic pressure of axial loading. The device aims to reduce
the contact forces in the knee following meniscectomy [94, 65, 95]. A six-month sheep study
using an early design showed positive results [96]. In a one-year goat study (Figure 1.17,
left), the PCU meniscus device was found to perform similarly to an allograft control. How-
ever, a tearing failure was observed in one of seven implants [94]. The incidence of failures
in these studies, with limited sample size, highlights the need for further study of the failure
mechanisms of PCU.

Figure 1.17: Examples of PCU meniscus devices. The image on the left shows an PCU meniscus
implant adapted for an in vivo goat study. Reprinted from [94] with permission from Sage Pub-
lications. The image on the right shows the Nusurface® device from Active Implants in in vitro
viscoelasticity testing. Reprinted from [65] with permission from Elsevier.

PCU in Spinal Implants

PCU has also been of much interest as a tough, impact-absorbing, and elastomeric interver-
tebral disc replacement for spine devices. The spine stabilization device, Dynesys® (Zimmer
Biomet, Warsaw, Indiana, USA), is an alternative to stabilize a motion segment in place
of fusion. It allows for limited motion while providing support and stability [97] (Figure
1.18). The Dynesys® device consists of two pedicle screws that fix a PCU spacer on a
poly(ethylene-terephalate) (PET) cord. The PCU spacer supports compressive loads while
the PET cord resists tensile loading.
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Figure 1.18: Example of a Dynesys spine stabilization device. The screws are put into adjacent
vertebra and the PCU spacer allows for limited mobility of a degenerated intervertebral disc.
Reprinted from [78], with permission from Wolters Kluwer Health, Inc.

One explant case with two spacers, implanted for 5.5 years and removed due to an abscess
near one likely caused by infection, reported evidence of hydrolysis at the surface in one of
the two spacers. However, no damage was observed at a depth of 100 µm [97]. This finding
was supported by work by Ianuzzi et al. who found surface level chemical modification in
2 of 44 retrieved devices where the device was in contact with bodily fluid [97, 78]. Gross
deformation and abrasive wear were observed (Figure 1.19). Additionally, one spacer had
cracks that extended from the surface to the center (Figure 1.20) [78]. Similar findings were
made in another set of explant devices. Gross deformation, surface (< 10µm) chemical mod-
ifications attributed to oxidation, and surface cracking were observed [79].

There are other, though less studied, spine stabilization devices containing PCU that
are in various stages of regulatory approval. Other devices include: Transistion® (Globus
Medical, Audubon, PA, USA), NFix®, II/NFlex/NGarde® (Synthes GmbH, Oberdorf,
Switzerland), Total Posterior Spine® (Impliant Ltd, Netanya, Israel, now Premia Spine
Ltd, Herzeila, Israel), and the PDS System® (Interventional Spine, Irvine, CA) [80].

Beyond spine stability, PCU has been used to mimic the function of the IVD in cervical
intervertebral disc replacement devices. The Bryan cervical disc replacement (Medtronic,
Minneapolis, MN, USA) (Figure 1.21), utilizes a PCU core and sheath between two tita-
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Figure 1.19: Example of plastic deformation observed in the PCU spacer of a Dynesys spine
stabilization device implanted for one year. The deformation was the result of bending in addition
to the compressive loads that the PCU component of the device is designed to sustain. Reprinted
from [97], with permission from Elsevier.

nium plates [97]. Animal studies found satisfactory immune response and wear rates of
1.2 mg/million cycles with an average particle size of 3.9 µm. Loss of height, largely due
to creep, was measured at 0.02mm [81]. Clinical trials began in Europe in 2000 and early
prospective clinical trials also reported satisfactory results similar to those seen with anterior
discectomy and fusion [98, 82]. Movement was preserved in 87.3% of patients with a single
level replacement [82]. However, complications have been identified related to: operative
approach, spinal chord or neural root injury related to inadequate decompression, loosening
and failure of the device, postoperative kyphosis or unwanted spinal curvature, heterotrophic
ossification or growth of bone cells, and loss of movement through fusion [82]. One explant
study reported on a device failure after 8 years of implantation. Upon investigation, a 5 mm
crack was found in the PCU sheath. A cyst (2 x 1 x 1 cm) was found adjacent to the Bryan
disc that may have been related to the release of wear debris from the fractured sheath [99].

Another disc replacement that utilizes PCU is the LP-ESP device (FH Orthopedics,
Chicago, IL, USA) for lumbar disc replacement. Positive results were reported following
7-years post implantation [100, 80]. Further disc replacement devices that utilize PCU are
available at different levels of regulatory approval including: M6 Cervical and Lumbar discs
(Spinal Kinetics, Sunnyvale, CA, USA), Theken eDiscTM (Theken Disc, Akron, OH), and
the Freedom® Lumbar Disc (Axiomed Spine Corp., Garfield Heights, OH, USA) [80].
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Figure 1.20: Example of fatigue fracture observed in the PCU spacer of a Dynesys spine sta-
bilization device implanted for over 1 year. The PCU spacer provides resistance to compressive
loading to give support to a diseases intervertebral disc in place of a spinal fusion. Reprinted from
[97], with permission from Elsevier.
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Figure 1.21: The Bryan cervical intervertebral disc implant (Medtronic, Minneapolis, MN, USA)
includes a PCU core and sheath ‘IVD’ between two titanium plates. The implant allows for motion
to be maintained following disc degeneration rather than immobilizing the segment through a
fusion. Reprinted from [98], with permission from Elsevier.
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1.6 Summary

In synovial joints and the spine, cartilage is the soft tissue that allows for motion and pro-
vides pain free articulation. Cartilage does not have the ability to heal and repair itself, so
with injury or damage over time, it degrades. The degradation of cartilage leads to painful
bone-on-bone contact in the case of articular joints, or nerve impingement in the spine.

The current gold standard to treating osteoarthritis is total joint replacement. The gold
standard in total joint replacement material design is crosslinked UHMWPE on a hard ar-
ticulating surface. Current UHMWPE hip replacements designs have a 1% per year or
less revision rate in the first 10 years [15]. However, with increasing demand, devices are
being pushed to perform better and last longer. Currently, wear related failure in total
joint replacements is the greatest challenge. In order to rival or exceed the performance of
UHMWPE, PCU needs to show promise at implantation times at or exceeding those cur-
rently reported for UHMWPE.

PCU has been introduced as an alternative material to UHMWPE with the potential for
improved wear performance. PCU is more compliant than UHMWPE and is marketed as
having better lubrication. In vitro wear studies have shown promising results, but not as
great of an improvement as predicted.

Historically, improvements to the wear performance of UHMWPE, through crosslinking,
has led to tradeoffs with fracture resistance and oxidation resistance. Moving forward, these
lessons must be applied in new materials. Even though PCU has been presented as a po-
tential good alternative material with respect to wear performance, the fatigue and fracture
resistance is also important to consider.

Clinical data on PCU remains limited especially in the long-term. However, there are
clinically available devices using PCU in hip, knee, and spine applications. Therefore, ex-
tensive in vitro testing must seek to explore the behavior of PCU under high cycle fatigue
and wear.

This thesis will evaluate the mechanical performance of PCU with respect to its use in
load bearing medical implants. The research questions investigated are: 1) What factors
influence the mechanisms of fatigue crack growth in PCU? 2) How does strain impact the
structural organization of PCU? 3) What is the lubrication regime in a PCU hip implant
under transient 3D walking gait?
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Micromechanisms of Fatigue Crack
Growth in Polycarbonate
Polyurethanes

2.1 Introduction

The loading environment of an orthopedic implant is highly cyclic in nature. It is commonly
estimated that, based on the average number of steps per year, an implant will undergo at
least 1 million loading cycles per year. The loading is highly variable due to the inter-patient
differences in activity levels, weight, stride etc. Loading is further variable with type of ac-
tivity. For example, walking, stair ascent, standing from seated, etc. all create different
loading patterns. In addition to this heterogeneity of loading, the design requirements of a
medical implant are highly safety critical. Due to the highly invasive nature of the surgery
required to access the implant, there is no ability to inspect the implant after implantation.
An implant must perform for years without the maintenance or inspection available in other
safety critical industries (i.e. aerospace).

Unlike wear, which causes progressive failure of the device, fracture can require an im-
mediate revision surgery. In the hip, a more conforming geometry reduces the contact stress
and reduces the likelihood of fracture. However, notches and features designed to provide
mechanical fixation into the metal backing, create stress concentration locations that have
led to fracture (Figure 2.1). In the knee, designs that aim to recreate the native kinematics
have a less conforming design and therefore higher contact stresses. These contact stresses
have led to subsurface cracking and delamination in the material.

35
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Figure 2.1: Example of clinical fractures observed in crosslinked UHMWPE acetabular cups.
Reprinted from [101], with permission from Elsevier.

Due to the high-cycle loading environment facing total joint replacements, it is crucial
to characterize the long-term fatigue performance of a candidate material for long-term im-
plantation. A linear elastic fracture mechanics (LEFM) approach has historically been used
to compare new formulations of UHMWPE for use in orthopedic implants. For a safety
critical applications, fatigue crack growth characterization studies how flaws in the material
can grow under cyclic loading and potentially lead to failure.

The cartilage-like modulus and elastomeric properties of PCU make it an attractive ma-
terial for orthopedic joint replacement applications. As introduced in Chapter 1, PCU has
been introduced as an alternative polymer to ultra high molecular weight polyethylene as the
bearing surface in hip, knee, and spinal implants [76, 14, 77, 78, 79, 80]. Initial clinical data
on PCU device performance is limited [76, 78, 79, 97, 99] and there is no long-term clinical
data. The development of PCU has been motivated by improving the wear performance of
total joint replacements (TJR). However, the polymer bearing surface must provide both
good wear resistance and fracture resistance.

Although PCU is an elastomer and promoted for its high toughness, examples of fracture
of PCU have been reported in explant case studies and in vivo animal studies. In a case
study, Ianuzzi et al. reported fracture in a PCU spacer of a Dynesys spine stabilization device
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explanted after 0.7 years (Figure 2.2) [78]. Khan et. al. reported fracture in the Bionate®

75D backing of an acetabular cup lined with Bionate® 80A. The fracture occurred in 1 of
37 cups in a 3 year sheep study [60]. Finally, Vrancken et al. reported fracture of a PCU
total meniscus prosthesis in 1 of 7 implants in a 12 month goat study [94]. These examples
underline the importance of understanding the fracture and fatigue mechanisms of PCU to
predict the long-term performance of PCU implants.

Figure 2.2: Fracture was observed in the PCU spacer of a Dynesys spine stabilization device
explanted after 0.7 years. The crack in the fractured spacer (right) was confirmed to be through
the full thickness in a CT scan (left). Reprinted from [78], with permission from Wolters Kluwer
Health, Inc.

This chapter presents a LEFM-based approach to characterize the fatigue crack prop-
agation mechanisms in PCU. This approach investigates the mechanisms that control and
propagate a flaw under the fatigue conditions similar to those faced in orthopedic implant
applications. By characterizing the way cracks grow to failure in PCU, we can better predict
potential long-term failure mechanisms of this material. This chapter will first review fa-
tigue characterization methods and the theory of a LEFM approach to fatigue. It will then
introduce previous work characterizing fatigue in PCU. Finally, we report the results of a
study testing variables including temporal loading effects, frequency, hydration, and thermal
annealing on the fatigue crack propagation mechanisms in PCU.

2.2 Fatigue of Polymers: Theory

Fatigue characterization is typically divided between two distinct approaches, total life fa-
tigue and defect tolerant fatigue. Total life fatigue, also referred to as the stress-life approach,
measures the number of cycles to failure at a given load. It assumes the material is initially
defect free, that life encompasses flaw initiation and growth, and does not emphasize mech-
anisms of failure. In contrast, the defect tolerant approach to fatigue assumes that the
material has an initial defect and then characterizes the growth of that defect until failure,
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emphasizing the mechanisms of growth.

2.2.1 The Total Life Approach

Total life fatigue looks at the relationship between applied load and number of cycles until
failure. This is done experimentally by testing a sample in cyclic fatigue at a given stress
level and recording the number of cycles until failure. Repeating this process at a range of
stress levels results in a relationship between stress and number of cycles until failure. This
curve, known as the stress-life curve, is used to fit the Basquin equation (Equation 2.1):

σa = σ′f (Nf )
b (2.1)

where σa is the cyclic stress, σ′f is the stress coefficient, b is the Basquin exponent, and
Nf is the number of cycles to failure. The number of cycles to failure is written as Nf or 2Nf

depending on the curve is calculated based on the number of full reversals or full cycles. To
create the S-N curve, multiple samples are tested at various σa, resulting in multiple num-
bers of cycles to failure. A series of such tests produce sufficent data point to predict σf and
b, and creating a relationship to predict the life of a part under a known load (Figure 2.3) [10].
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Figure 2.3: Each data point in the S-N curve represents the number of cycles sustained until
failure of a sample tested at a given cyclic stress. Many sample points form the curve which, for
many materials, plateaus at a minimum stress level after which failure is not observed, referred to
as the ‘fatigue limit’.

The lower stress bound of the curve is known as the ‘fatigue limit’ of the material. Under
that stress, the part is not expected to fail within the maximum number of cycles tested.
Applying an appropriate safety factor to this fatigue limit is used in design. Although some
materials do not exhibit a fatigue limit, if a finite number of cycles is expected, statistical
confidence can be established for non-safety critical designs.

The stress-life curve is only appropriate for the specific cyclic loading that was used to
generate the curve (i.e. fully reversed loading or zero to tension loading). The applica-
tion of a mean stress, variable amplitude loading, or a geometry with stress concentrations
can change the stress-life relationship. Adjustments to the Basquin equation can be made
to account for mean stress effects. However, the more accurate method is to recreate the
stress-life curve for a given design and loading case. This is not always possible because
experimentally creating a stress-life curve is time and sample intensive. Multiple samples
are needed at each stress level, and a long time can be required to reach high cycle failure
at low stresses. High amounts of scatter is commonly observed and is linked to inter-sample
variability due to manufacturing and material defects [10].

Various cycle counting techniques can be used in applications where variable amplitude
loading occurs, such as the highly heterogeneous loading of orthopedic implants. One com-
monly used technique is Miner’s rule of damage accumulation (Equation 2.2):
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1 =
m∑
i=1

n(σi)

Nf (σi)
(2.2)

where: n(σi) is the number of cycles that occur at σi and Nf (σi) is the number of cycles
to failure at σi.

Miner’s rule assumes that there is a finite life of the part. Loading at a finite number
of cycles a given cyclic stress takes a fraction of the life of the device proportional to the
number of cycles to failure at that stress. Loading at each cyclic stress is then summed to
estimate the total stress-life of the part. This method to accommodate variable loading is a
first pass at predicting failure in a material, but there is a high statistical scatter based on
the existence of flaws in the material. For safety-critical applications, this estimate can only
serve a limited predictive role.

Total life fatigue assumes that the initial material is flawless. The presence of a flaw re-
duces the fatigue life because, under cyclic loading, flaws (cracks) can grow towards a length
that can cause failure. Flaws and inconsistencies due to manufacturing defects and variabil-
ity are inevitable in most materials. This is not accounted for in total life fatigue beyond the
statistical scatter in the stress-life curve. But, in parts where the fatigue is safety critical,
such as airplanes, nuclear applications, and medical devices, more robust testing techniques
are used to predict failure.

2.2.2 Defect Tolerant Fatigue

Linear Elastic Fracture Mechanics

Predicting and understanding fracture is the goal of the defect tolerant approach to fatigue.
The defect tolerant approach assumes that there is a defect in the material, either from
manufacturing or damage, and seeks to understand the stress state and material response
at the crack tip that lead to crack growth and, finally, to fracture. To do this, the defect
tolerant approach to fatigue utilizes LEFM. Although polymers are typically not linear elas-
tic materials, LEFM has proven to be useful in characterizing their behavior. This will be
further addressed later in the chapter. This section will introduce the theory behind LEFM,
but is not an exhaustive review. For further reference see [102].

The field of LEFM began with the development of Griffith’s energy balance. The Griffith
energy balance approach quantifies crack growth within the global stresses of a linear elastic
solid. The Griffith energy balance describes crack growth as a lowering of the energy of a
system (ε) through the work required to release strain energy (Π) and to create new surfaces
(WS) (Equation 2.3, Figure 2.4).
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∆ε = ∆Π + ∆WS (2.3)

Figure 2.4: The Griffith energy balance states that crack growth will occur when the strain energy
exceeds the energy of the new surface. Thickness (t) is the dimension into the page.

As the crack grows (da), the crack area (dA), product of the crack growth and thickness
(t), also increases (Equation 2.4):

dA = (2da)t (2.4)

The energy balance, with respect to the changing area is then:

dε

dA
=
dΠ

dA
+
dWS

dA
= 0 (2.5)

Inglis estimated the strain energy as a function of changing crack area. The strain energy
(
∫
σ∞dε = σ2

∞/E) can be estimated by considering the area of a cylinder around the crack
area (Figure 2.4 right, Equation 2.6):

Π = πa2t
σ2
∞
E

(2.6)
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where σ∞ is the far field stress, a is half the crack length, t is the thickness of the material,
and E is the modulus of elasticity.

The change in strain energy per change in crack area is then given in Equation 2.7:

dΠ

dA
=
−πσ2

∞a

E
(2.7)

The change in surface energy (Ws) is equal to 2 times the crack length, to account for
both top and bottom surfaces, multiplied by the thickness and a surface energy parameter
(γs):

Ws = 4atγs (2.8)

The derivative with respect to crack area is then given by Equation 2.9.

dWs

dA
= 2γs (2.9)

Using the elastic energy to define the work, fulfilling the Griffith Energy balance gives
the following relation:

−πσ2
∞a

E
= 2γs (2.10)

Irwin named the left value of equation 2.10 the energy release rate (G) and the right
term the material resistance. The strain energy release rate (Equation 2.11) provides a
failure criteria based on the global stress state in the material and the flaw size:

G =
−πσ2

∞a

E
(2.11)

A strain energy that exceeds the surface energy will lead to fracture, while the opposite
will remain intact.

The strain energy release rate failure criteria does not account for material ductility and
therefore is applicable only to brittle materials. Further, this method uses global stresses
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and does not address the stress state at the crack tip where ductility plays a key role. In
order to move towards a description of the stress state at the crack tip we can consider the
stress concentration impact of notches and other geometric irregularities.

Geometric irregularity, holes, or cracks create areas of stress concentration with respect
to a far field load. The stress concentration factor (kt) describes this increase of the local
stress with respect to the global stress (σlocal, Figure 2.5):

Figure 2.5: The stress concentration factor (kt) is the ratio of the stress at a local point of stress
concentration (σlocal) to the global stress in the body away from the concentrated point (σ∞).

kt =
σlocal
σ∞

(2.12)

The stress concentration factor can be solved for analytically for simple geometries and
was also studied by Griffith. For an elliptical hole in an infinite plate, he found the stress
concentration factor to be a function of the notch root radius (ρ) (Equation 2.13 & 2.14,
Figure 2.6).

σx = 2σ∞

√
a

ρ
(2.13)

ρ =
b2

a
(2.14)

For an atomically sharp crack, a crack that has no curvature beyond that on the atomic
scale, the notch root radius goes to zero, making the limit of the stress infinite at the crack
tip (Equation 2.13).
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Figure 2.6: The stress concentration factor solved by Griffith for an elliptical center crack in an
infinite plate is a function of the notch root radius or ’sharpness’ of the notch. The sharper the
notch is the higher the stress concentration at point x.

Infinite stress should cause any material to fail. However, from experience, cracks do not
immediately cause failure in a material, therefore there is another mechanism at play that
prevents failure in the presence of a crack.

Irwin and Williams proposed the stress field in front of a crack tip. They defined the
stress field as a function of a stress intensity (KI), the radial distance from the crack tip (r),
and the angle from the direction of crack growth (θ) (Equation 2.15 - 2.17, Figure 2.7).

σxx =
KI√
2πr

cos
θ

2
1− sinθ

2
sin

3θ

2
(2.15)

σyy =
KI√
2πr

1 + sin
θ

2
sin

3θ

2
(2.16)

σxy =
KI√
2πr

sin
θ

2
sin

3θ

2
(2.17)
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Figure 2.7: The stress field is defined as a function of stress intensity (K), radial distance from
the crack tip (r), and the angle from the direction of the crack tip (θ).

The stress intensity factor is unique for different loading modalities. KI , KII , and KIII

correspond to tensile, sliding, and shear motions, as outlined in Figure 2.8. Mode I stress
intensity (KI) is a function of the geometry (F ), far field stress (σ∞), and crack length (a)
(Equation 2.18).

KI = Fσ∞
√
πa (2.18)

The geometry factor (F) is calculated for standard compact tension specimens (ASTM
D5045). The stress intensity factor can be similarly defined for each mode of loading and
combined for cases of complex loading. However, because the tensile loading of Mode I rep-
resents a worst case for fatigue crack growth, we will focus on this case. The stress intensity
factor (K) is not equivalent to the stress concentration factor (kt) which describes a ratio of
local to global stresses. Instead, stress intensity describes the driving force of crack growth
for a given loading type in the form of the global stress and corresponding strain field in
front of the crack.
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Figure 2.8: The stress intensity factor is unique for each of three loading modes: tension (I),
sliding (II), and shear (III).

Stress intensity can be correlated to the strain energy release rate through:

K2
I

E
= G (2.19)

Like the solution for the stress concentration at an elliptical hole, the analytical descrip-
tion of the stress field in front of the crack (Equation ??) produces a singularity at the crack
tip (limr→ 0 σ(r) = ∞). However, in many materials, localized ductility acts to reduce the
stress at the crack tip. In ductile materials, local yielding ahead of the crack tip creates a
so-called plastic zone (Figure 2.9).
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Figure 2.9: For an infinitely sharp crack the theoretical stress concentration should go to infinity.
However, plasticity of the materials changes the response at a yield stress. This results in a plastic
zone (circled in red) around the crack tip in which plastic deformation occurs controlling crack
growth and fracture.

From empirical observation, stress intensity (K) still governs the crack growth rates as
long as the local yielding and plasticity effects are small with respect to the linear elastic
region where K describes the stress state. In practice, K can be used as a parameter to
predict fracture and failure based on this LEFM approach when the condition of small scale
yielding,

B, a, (W − a) ≥ 2.5

(
KIC

σyield

)2

(2.20)

based on sample geometry (W, a, and B, Figure 2.10) and material properties (critical
stress intensity: KIC and yield strength: σyield) is met (Equation 2.20).
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Figure 2.10: The geometry parameters that are used to determine conditions of small scale
yielding include sample thickness (B, dimension into figure), distance from load line to edge of
sample (W), and crack length measured from the load line (a).

The stress intensity (K) quantifies the crack tip driving force. In order to predict frac-
ture, a criteria for a critical value of stress intensity must be established. The critical stress
intensity (KIC) is the stress intensity at which fracture occurs. This can then be used along
with Equation 2.18 to predict a critical crack length for a given stress state and geometry
or vice versa. In conditions of plane stress, the critical stress intensity remains dependent
on the geometry of the sample. In plane strain conditions, the critical stress intensity is
independent of geometry and can be used as a material property.

In conditions of plane stress (thin samples), the dominant yielding is at 45◦ to the thick-
ness axis (Figure 2.11, left). This leads to an inconsistent stress field through the thickness
and a large plastic zone relative to the thickness of the material. In conditions of plane
strain (thick samples) the ductile failure planes at 45◦ form in the direction perpendicular
to the thickness (Figure 2.11, right). This creates symmetric planes of ductile yielding with
respect to the crack growth. In plane strain conditions, Poisson contraction and changing
stress state at the edges are negligible relative to a homogeneous stress state through the
thickness of the material at the crack tip and the plastic zone is small relative to the thick-
ness. Consequently, the stress intensity is a function of the sample geometry (Equation 2.18).
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Figure 2.11: In thin samples the Poisson contraction at the edges is large relative to the total
thickness and the planes of maximum shear are at 45◦ to the axis of load. However, in plane strain,
when the sample is thick, the dominant yielding is also at 45◦, but in parallel to the direction on
load which leads to a symmetric highly constrained stress state at the crack tip that is independent
of geometry.

In conditions of plane stress, typically thin specimens, KI is a function of geometry.
However, in conditions of plane strain, the value of KI is constant (Figure 2.12). Since the
stress intensity factor (KI) is constant in plane strain conditions, the critical stress intensity,
the stress intensity at which fracture occurs, can be considered a material property.
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Figure 2.12: The critical stress intensity can be considered a constant material property if condi-
tions of plane strain are met and the stress state is homogeneous throughout the thickness of the
sample. In conditions of plane stress, this is not the case and the stress intensity remains a function
of the specimen geometry. Adapted from [102]

Application of LEFM to Fatigue

We have introduced stress intensity as a failure criteria to predict fracture under a static
applied far field stress. Stress intensity can also be used to describe the driving force for
crack growth under cyclic loading, such as the loading present in orthopedic implants. Like
in the static case, in cyclic loading, stress intensity is a function of geometry (F ) and crack
length (a). The difference is that rather than a monotonic far field stress, cyclic stress (∆σ∞)
is used (Equation 2.21).

∆KI = F∆σ∞
√
πa (2.21)

The relationship between crack growth rate ( da
dN

) and the cyclic stress intensity (∆K)
characterizes fatigue crack propagation. Paris was the first to define a linear relationship
between the log-log plot of ∆K and da

dN
(Equation 2.22, Figure 2.13):

da

dN
= C(∆K)m (2.22)

The region below the linear region is referred to as the threshold. Generally, no crack
growth is observed below ∆Kthreshold. This region can be compared to the fatigue limit of
the total life approach. However, studies of small crack behavior show that this is not a true
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Figure 2.13: The Paris regime describes the linear relationship between cyclic stress intensity
(∆K) and the crack growth rate ( dadN ) between the initiation of crack growth (∆Kthreshold) and fast
fracture (∆Kcritical).

limit to crack growth and different mechanisms operate at small length scales. At high values
of ∆K, runaway crack growth occurs as the material fails in fast fracture. This critical limit
(∆Kcritical) is loosely related to the monotonic KIC .

The fatigue crack growth properties for a given material are used to predict the life of
a material based on a known initial crack size and critical stress intensity, KIC , at which
failure will occur. The Paris relationship can be integrated to obtain an initial or final crack
length or number of cycles between two given crack lengths. This approach can be used to
establish inspection regimes to detect potentially critical cracks in a safety critical design.

The assumptions inherent in a LEFM approach to fatigue are the following: 1) ductile
yielding at the crack tip is small relative to the region described by the stress intensity factor
and 2) the material behavior is linear elastic. These assumptions must be considered when
applying a LEFM approach to characterize crack growth in medical polymers.

The first assumption of a LEFM approach to fatigue is that ductile yielding at the crack
tip is small relative to the region described by the stress intensity factor. This can be met
by using specimen geometries that meet the condition of small scale yielding (Equation
2.20). The standard geometries used are outlined in ASTM 647 - Standard Test Method
for Measurement of Fatigue Crack Growth Rates and ASTM D5045 - Plane-Strain Fracture
Toughness and Strain Energy Release Rate of Plastic Materials.
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The second assumption of LEFM is that the material behavior is linear elastic. A crite-
ria for the validity of a linear elastic approximation for non-linear materials is presented in
ASTM D5045 Section 9.1.1.

As discussed in Chapter 1, LEFM has been used in orthopedics to predict the fracture
behavior and fatigue life of UHMWPE. Yet, UHMWPE, as a polymer, is not a linear elastic
material, violating an assumption of LEFM. Rather, the material response of UHMWPE
is nonlinear and viscoelastic. However, at relevant strain rates, a linear approximation of
the material properties is close enough to make the predictions of LEFM useful for design.
UHMWPE exhibits a linear Paris regime as do other polymeric materials that do not adhere
to linear elastic behavior [103].

2.2.3 The Application of LEFM to Orthopedic Polymers

Little is known about the mechanisms of fatigue crack growth in PCU biomaterials. Histor-
ically, LEFM has been used to study the impact of different processing techniques on the
fatigue crack resistance of UHMWPE. Therefore, this study seeks to apply LEFM to study
fatigue crack growth in PCU.

Extensive work has been done in studying the fatigue crack growth and fracture behavior
of UHMWPE using a LEFM approach beginning in the early 1980’s [104]. As outlined in
Section 1.4.1, various changes the the microstructure of UHMWPE have been made over the
years in attempt to improve the wear and oxidation resistance of the material. These changes
have come at the cost of a loss in resistance to fatigue crack growth leading to premature
fracture [38, 15, 37, 105, 106, 107].

The microstructure of UHMWPE is characterized by crystalline lamellar regions within
regions of amorphous polymer chains. Other variables that impact the microstructure of
UHMWPE are the degree of crosslinking within the amorphous region of the polymer as
well as the overall molecular weight of the polymer chains [38]. The degree of crosslinking is
controlled by irradiation applied during sterilization or specifically to increase the crosslink
density of the material. The percent crystallinity and lamellar thickness can be impacted
by irradiation, high pressure molding processes, annealing, and post-annealing remelting
processes. Finally, post-synthesis changes to the molecular weight of the polymer through
oxidation can be impacted by irradiation, annealing, post-annealing remelting processes, and
the addition of antioxidants (Vitamin E) into the material. All of these parameters can then
be correlated to a change in the fatigue resistance of UHMWPE [38].

UHMWPE is a nonlinear and viscoelastic material. However, the application of a LEFM
approach to describe its fracture and fatigue crack resistance has been shown to be informa-
tive in studying the impact of structural changes on the material performance. Reproducible



53 Chapter 2

Paris behavior has been reported by numerous groups [106, 105, 37, 107]. It has been shown
that the crack growth in UHMWPE dominates any viscoelastic creep or relaxation effect
[108]. It does not exhibit many mechanisms commonly seen in polymers like crazing ahead
of the crack tip or shear banding. This results in crack growth that is dominated by the
peak load rather than the cyclic loading magnitude [108].

Like PCU, the properties of UHMWPE that make it an effective material in TJR are
based on the structure of the polymer. UHMWPE has crystalline regions within an amor-
phous matrix that provide the high energetic toughness of the material. PCU has a phase-
separated structure giving it a high toughness as well. In a similar parallel, it is likely that the
fatigue crack resistance of the material will be highly sensitive to the structural organization
of PCU. Therefore, it is important to explore the mechanisms of fatigue crack growth in PCU.

Miller et al. used a stress-based total life fatigue evaluation of injection molded polycar-
bonate polyurethane to show that the fatigue life was positively correlated with the hard
segment content (Figure 2.14). The stress life curve shifted higher with increased hard seg-
ment content and higher effective hardness [109, 110, 111]. Wiggins et al. did a study using
a diaphragm to study the impact of fatigue loading on biodegradation of PCU. Although
this is not a direct evaluation of the mechanical properties of the material, they found that
strain rate and stress state (uniaxial vs. biaxial loading) were important factors impacting
degradation [112, 113].

This study uses a safety-critical, defect-tolerant approach to characterize fatigue in PCU.
This approach investigates the mechanisms that control and propagate a flaw under fatigue
conditions that mimic orthopedic implant applications. Understanding the mechanisms that
propagate a flaw under cyclic loading, we can better predict potential long-term failure
mechanisms of this material. The objective of this study is to explore the impact of time-
dependent effects and hydration on the ability for cracks to propagate in PCU.
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Figure 2.14: The stress-life relationship between cyclic load and number of cycles to failure for
three polycarbonate polyurethane copolymers. Arrows at the end of the curves indicate that failure
was not observed. Reprinted from [111], with permission from Elsevier.

2.3 Methods

Polycarbonate polyurethane, trade name Bionate® 75D (named for its Shore hardness
value), was obtained from DSM Biomedical, Berkeley, CA. Extruded rod stock of UHMWPE
1020 GUR was obtained from Orthoplastics, Lancashire, UK.
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Figure 2.15: Geometry of compact tension disc specimens based on guidelines of ASTM E647
(thickness = 3.3 mm).

Compact tension disc specimens were machined from injection molded Bionate® 75D
discs (3.3 mm thick, 38 mm in diameter) and machined from rod stock of UHMWPE 1020
as guided by ASTM E1820 and E647 (Figure 2.15). A 1.0 ± 0.2 mm pre-crack was started
with a razor blade in the 0.005 in radius notch. The samples were cyclically loaded in
tension (loading ratio Fmax/Fmin: R = 0.1, number of samples: n = 3 - 4) using a servohy-
draulic Instron 8871 (Norwood, MA). Unless otherwise specified, testing was done in air at
room temperature, with a forced air-cooling system to reduce hysteretic heating, and under
cyclic loading from 14 - 140 N. Crack growth was recorded optically (Infinivar CFM-2/S, 5
µm/pixel and Sony XCD-SX910 camera) and a custom MATLAB code was used for crack
tip image processing.

Five test sub-groups were evaluated to test the effects of material, loading, frequency,
conditioning, and annealing, respectively, as outlined in Table 2.1. First, compact tension
specimens of PCU and UHMWPE with identical geometries were compared. Loading was
applied with an increasing ∆K in order to avoid crack blunting in the UHMWPE. Samples
were loaded with increasing ∆K stepped from 10 - 100 N in increments of 1 - 10 N every
30,000 cycles until failure (i.e 10 - 100 N, 11 - 110 N, ... ). The goal of this test was to
compare PCU to the current clinical standard, UHMWPE, for which extensive fatigue crack
growth characterization has been performed.

Second, samples were tested both intermittently, continuously, and with increasing ∆K
at 5 Hz in air. Intermittently loaded samples were loaded 8 - 10 hours/day and unloaded
completely overnight (1 - 4 nights). Continuously loaded samples were loaded 24 hours/day.
Ramped samples were loaded intermittently, but with only one period of unloading. This
test was run based on time observations made during testing and is relevant to potential
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Table 2.1: Outline of the test variables studied

Test Group Material Loading Frequency Conditioning Annealing

1
UHMWPE

Ramped 5 Hz Dry None
PCU

2 PCU
Ramped

5 Hz Dry NoneContinuous
Intermittent

3 PCU
Intermittent 2 Hz

Dry None
Continuous

5 Hz
10 Hz

4 PCU Continuous 5 Hz
Dry

None
Hydrated

5 PCU Continuous 5 Hz Hydrated
None
140◦C

relaxation effects that could occur in an in vivo loading situation.

Third, the effect of frequency was evaluated by testing samples at 2, 5, and 10 Hz. Sam-
ples tested at 2 Hz were tested intermittently while samples tested at 5 and 10 Hz were
tested continuously. Following the time depending observations of the second test group,
frequency was investigated to further understand the viscoelastic impacts on fatigue crack
growth in PCU.

Fourth, the effect of hydration was evaluated by testing conditioned samples fully sub-
merged in a phosphate buffered saline (PBS) bath at room temperature. Crack measure-
ments were performed while samples were loaded in the environmental bath chamber (acrylic
walls). Hydrated samples were soaked in PBS and the mass was measured daily (to ensure
that equilibrium had been reached). All samples were tested after more than 30 days of
conditioning. This test was run because of the known impact of hydration on the mechan-
ical properties of PCU. The in vivo environment is hydrated, therefore understanding the
impact of hydration is highly relevant.

Fifth, the effect of annealing was evaluated by testing hydrated samples that had been
annealed at 140◦C for 24 hours. The goal of this test was to evaluate the impact of a different
structural organization on the mechanical response to crack growth. Different thermal and
temporal processing during manufacturing can lead to a range of phase-separated structures
in PCU. Therefore, the goal of looking at a different heat treatment was to understand how
much the mechanical response could potentially shift.
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After fatigue failure, the fracture surfaces were sputter coated and imaged with a Hitachi
2460 Scanning electron microscope (SEM). In order to compare the fatigue fracture surfaces
to monotonic failure, a single compact tension specimen of equivalent geometry was tested
at a strain rate of 50 mm/min until failure, sputter coated and imaged with the SEM.

Results are presented as average ± standard deviation. A Student’s t-test and one-way
ANOVA with post hoc analysis were used to compare means.

2.4 Results

2.4.1 Test Group 1: PCU vs. UHMWPE

Table 2.2: Summary of Test Group 1

Test Group Material Loading Frequency Conditioning Annealing

1
UHMWPE

Ramped 5 Hz Dry None
PCU

The aim of the first test group was to compare the fatigue crack propagation in PCU
to the ‘gold-standard’ polymer in the orthopedics industry, UHMWPE (Table 2.2). The
UHMWPE samples did not meet conditions of small scale yielding and PCU samples only
met the conditions of small scale yielding for approximately the first 1.4 mm of crack growth.
Therefore, with the presence of plane stress conditions, an equivalent geometry, at clinically
relevant thickness, was used to compare crack growth. The presence of plane stress con-
ditions is reflected in the high stress intensity values measured for UHMWPE. Previously
reported stress intensity values, for fatigue crack growth of UHMWPE under small scale
yielding conditions, was in the range of 0.5 - 2 MPa

√
m [39, 37]. The plane stress fatigue

crack growth data was, as expected for plane stress conditions, observed in a higher range
of stress intensities (2 - 8.5 MPa

√
m, Figure 2.16).

The rationale for using thin specimens was due to the limitations of injection molding
PCU samples. The PCU samples had to be thin in order to obtain specimens that had a
homogenous structural organization. Thicker samples resulted in a gradient in phase separa-
tion through the thickness of the sample, due to uneven cooling gradients, that was optically
observable in the opacity of the sample. A distribution in structural organization was ex-
pected to impact the mechanical response and was therefore undesirable. A 3.3 mm thick
disc was decided upon as a thickness that already had an existing mold made and produced
an optically homogenous structure.
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Figure 2.16: Fatigue crack growth in PCU compared to UHMWPE. A strong Paris regime was
not observed for either material, but the slope of the data was higher for UHMWPE than for PCU.
Crack growth occurred at a similar range of ∆K for both materials, but UHMWPE showed a larger
range of crack speeds. (n = 3)

The results of test group 1 found that neither material exhibited a strong linear Paris
regime, but the Paris coefficient, m, is higher for UHMWPE (Figure 2.16). The crack growth
rate as a function of number of cycles of PCU proceeded at a very consistent rate as ∆K
increased (slope = 1 x 10−5 ± 0, R2 = 0.91 ±0.1). In comparison, UHMWPE crack growth
proceeded very slowly at first before accelerating at higher values of ∆K (slope = 4.3 x 10−6

± 0, R2 = 0.85 ± 0.1, Figure 2.17). Although crack growth proceeded with largely different
rates, both PCU and UHMWPE have a similar number of cycles to failure and crack length
at failure (p > 0.05, Figure 2.18). In PCU, the crack remained sharp throughout crack
growth with little crack mouth opening displacement (CMOD). However, crack growth in
UHMWPE was characterized by a process of blunting and sharpening with much greater
CMOD and crosshead displacement (Figure 2.19).
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Figure 2.17: Crack growth as a function of number of cycles. Individual lines represent individual
samples (n = 3).

Figure 2.18: Number of cycles to failure (left) and crack length at failure (right) for PCU and
UHMWPE.
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Figure 2.19: Crack growth in representative samples was characterized in UHMWPE (left two
images) by blunting and sharpening of the crack tip, while in PCU (right) the crack tip remained
sharp throughout growth.

2.4.2 Test Group 2: Intermittent vs. Continuous Loading

Table 2.3: Summary of Test Group 2

Test Group Material Loading Frequency Conditioning Annealing

2 PCU
Ramped

5 Hz Dry NoneContinuous
Intermittent

The second test group looked at the impact of continuous loading (24 hours/day), inter-
mittent loading (8 - 10 hours/day, allowing for relaxation overnight), and ramped loading
(increasing ∆K by 10 - 100 N every 30,000 cycles) (Table 2.3).

Similar to samples loaded continuously, samples loaded intermittently and with ramped
loading did not exhibit a strong Paris relationship between da

dN
and ∆K. However, comparing

the Paris data for samples loaded continuously and samples tested under ramped loading
shows that neither group shows significant crack acceleration with increasing ∆K. However,
the range of crack growth rates in continuously loaded samples was much greater for contin-
uously loaded samples than for ramped samples. Crack speeds of 10−8 - 10−6 mm/cycle were
observed for continuously loaded samples, but not ramped samples where all crack growth
proceeded closer to 10−5 mm/cycle until failure (Figure 2.20). This highlights the fact that
∆K is not the dominant variable controlling crack growth when the applied load can alter
crack growth speeds.

Crack growth in samples tested intermittently was observed to proceed linearly (Figure
2.21A). Stress shielding mechanisms evidenced by crazing, out of plane crack deflection, and
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Figure 2.20: Comparison of crack velocity (da/dN) and stress intensity factor (∆K) range between
samples loaded with a constant cyclic load (continuous) and increasing cyclic load (ramped). In
the case of continuous loading, the increase in stress intensity (∆K) was driven by crack extension.
In the case of ramped loading, an increasing applied load the increase in stress intensity (∆K) was
a combination of crack extension and increasing cyclic load (reference Equation 2.21).

the presence of multiple initial crack tips, that ultimately resulted in the dominance of one,
were observed. Additionally, crack growth did not proceed evenly through the thickness of
the sample. Fatigue crack propagation proceeded without an increase in crack mouth open-
ing displacement or crosshead displacement.

Following a period of unloading, samples failed in fast fracture upon reloading. For ex-
ample, samples were tested 8 - 10 hours (144,000 - 180,000 cycles) per day and testing was
stopped and the samples were unloaded overnight. After 1 - 4 days of this regimen, upon
reloading, the samples failed before 1000 cycles had been completed. Failure occurred after
3 - 6 mm of stable crack growth. The abrupt brittle failure is clear on the fracture surface
with a transition from a rough to a smooth surface (Figure 2.22). The initial crack growth
exhibits a classically rough crazed fracture surface attributed to the fibril fracture during
craze failure. At failure, the crazed fracture surface transitions to a smooth and largely
featureless surface characteristic of brittle failure [103].

Crack growth in samples tested continuously as a function of number of cycles was linear
until failure. In continuously tested samples, the first 2 - 4 mm of crack growth proceeded
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Figure 2.21: Crack growth per number of cycles for PCU samples with intermittent, continuous,
and ramped loading. Each line represents individual samples [57].

without discernible CMOD. After 2 - 4 mm, the crosshead displacement increased, but the
crack tip remained sharp for a total crack length of greater than 10 mm before opening into
a mode of ductile tearing with visible gross deformation at the crack. Multiple crack tips
were observed in one one sample. Otherwise, crack growth was largely Mode I. In contrast
to the fracture of the intermittently loaded sample, the continuously loaded samples never
completely fractured, but, at large crack lengths, proceeded to tear until opening to 180◦

(seen in Figure 2.21B as abrupt increase in crack length at failure). In the continuously
loaded samples, fractography showed a continuous crazed surface, 7 - 9 mm long, with reg-
ular bands perpendicular to crack growth at longer crack lengths (Figure 2.23). Both the
number of cycles until failure and the crack length at failure for continuously loaded samples
was statistically significantly greater than intermittently loaded sample (Student’s t-test: p
≤ 0.05, Figure 2.24). Samples continuously loaded sustained approximately twice as many
cycles until failure as those samples that were intermittently loaded and underwent brittle
fracture.

In samples that were loaded with increasing ∆K, ramped from 10 - 100 N by 1 - 10
N every 30,000 cycles, the crack growth was linear. The crack growth rate had a constant
slope similar to that of samples loaded continuously at a constant ∆K (Figure 2.21C). The
formation of multiple crack tips was observed in 2 of 3 of the samples. Both crack tips were
traveling perpendicular to the direction of loading and one quickly dominated. Ramped
samples were also loaded over two days and so had a period of relaxation similar to the
intermittently loaded samples. However, ramped samples were unloaded after over 17 - 170
N of cyclic loading which is significantly higher than the constant 14 - 140 N of the inter-
mittently loaded samples. Samples with ramped loaded exhibited both tearing and brittle
fracture. One sample underwent fast fracture upon reloading at 18 - 180 N. Two samples
underwent tearing failures after being reloaded at 20 - 200 N. Irregardless of the difference
in failure modes, the total number of cycles to failure and crack length at failure for sam-
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Figure 2.22: Fractography of a sample that was loaded intermittently shown at three size scales.
A clear transition can be seen between the rough crazed fracture surface where crack growth was
slow and the smooth, brittle, fast-fracture surface [57].

ples with ramped loading were statistically similar to that of samples loaded intermittently
(ANOVA: p ≥ 0.05), but statistically different than samples loaded continuously (Figure
2.24).
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Figure 2.23: Fractography of a sample that was continuously loaded. Compared to the intermit-
tently loaded sample, the crazed region extends much further with features increasing in size until
it recedes into ductile lips as the sample tore open to 180◦. (note: the SEM image was stitched
together from multiple images so the scale is inconsistent) [57].

Figure 2.24: Number of cycles to failure (left) and crack length at failure (right) was signifi-
cantly greater for samples with continuous loading than those with intermittent or ramped loading
(*individual Student’s t-test: p ≤ 0.004, one-way ANOVA for crack length: p = 0.0575) [57].
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2.4.3 Test Group 3: Frequency

Table 2.4: Summary of Test Group 3

Test Group Material Loading Frequency Conditioning Annealing

3 PCU
Intermittent 2 Hz

Dry None
Continuous

5 Hz
10 Hz

The third test group investigated the effect of frequency on the fatigue crack growth in
PCU (Table 2.4). Crack growth proceeded largely linearly for samples tested at 5 Hz while
greater variability in crack growth rates was seen at both 2 and 10 Hz (Figure 2.25).

Figure 2.25: Crack growth as a function of number of cycles for samples tested at 2, 5, and 10
Hz. Multiple lines represent individual samples [57].

Crack growth for samples evaluated at 2 Hz was largely Mode I, perpendicular extension
with respect to the direction of tensile loading, with little out of plane crack advance (Figure
2.26A). Crack growth in samples tested at 5 Hz was also largely Mode I, but multiple crack
tips were present in 1 of 3 samples. In contrast, crack growth in samples tested at 10 Hz did
not remain in the plane normal to the load. Rather, crack growth in 3 of 4 samples tested
at 10 Hz exhibited crack tip deflection, when the direction of crack growth deviated from
growth normal to the loading direction. Additionally, multiple crack tips and non planar
growth through the thickness of the sample were observed in 4 of 4 samples (Figure 2.26B).
The high prevalence of stress shielding mechanisms at 10 Hz is also seen in the variable crack
growth rates .

No significant differences (p > 0.2) were observed between the number of cycles to failure
and crack length at failure between 2 Hz (1,236,000 ± 525,642 cycles and 16.0 ± 0.5 mm) and
5 Hz (804,000 ± 39,344 cycles and 15.8 ± 1.0 mm). Samples evaluated at 10 Hz, compared
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Figure 2.26: Representative images of the growing crack in a sample tested at 5 Hz (A) and 10
Hz (B). The sample at 5 Hz has a single crack growing in Mode I while the sample at 10 Hz shows
the growth of multiple crack tips out of plane [57].

to samples tested at both 2 Hz and 5 Hz, had a similar number of cycles to failure (969,000
± 414,231 cycles), but sustained a longer crack length at failure (18.9 ± 0.5 mm, p < 0.002,
Figure 2.27). Although samples tested at 2 Hz were tested intermittently, no brittle fracture
was observed upon reloading.

Figure 2.27: Number of cycles until failure and crack length at failure for PCU testing at 2, 5,
and 10 Hz (mismatched letters indicate significant difference: p = 0.0006) [57].
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Figure 2.28: Fracture surfaces for disc compact tension specimens tested in monotonic tension at
50 mm/min (A), in cyclic fatigue at 2 Hz (B), 5 Hz (C), and 10 Hz (D). Dotted line indicates start
of crack [57].

The testing frequencies resulted in three distinct fracture surfaces. A reference fracture
surface of a PCU sample of equivalent geometry pulled in monotonic tension to failure at
50 mm/min is shown in Figure 2.28. The tensile reference has a classically ductile failure
surface with evidence of tearing (Figure 2.28A).

In contrast, fractography of samples tested at 2 Hz showed evidence of crazed failure,
but features were less evenly distributed. The craze-like features were coarser than that of 5
Hz and coupled with larger-scale ductile features (Figure 2.29B, Figure 2.30). Additionally,
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large edge effects were observed where smooth areas rise towards the ductile features in the
center of the specimen. Samples tested at 5 Hz show a very consistent craze pattern of fibril-
lated failure (Figure 2.23, shown in previous section). The size scale of the pattern increases
with crack growth. Samples tested at 10 Hz show multiple different failure regions consistent
with the growth of multiple crack tips (Figure 2.29A). Additionally, the changes in crack
growth rate are apparent in the smooth, brittle region of crack growth which transitioned
abruptly to a craze surface more similar to that observed in the 5 Hz samples.

Figure 2.29: Comparison of the fracture surface of a sample loaded at 10 Hz (top) and 2 Hz
(bottom). The sample loaded at 10 Hz shows inconsistent features with large areas of smooth
brittle failure that return to a crazed surface later on. Fracture on different planes in visible close
to the beginning of fracture due to the presence of multiple crack tips. The sample loaded at 2 Hz
shows craze like features, but with overall larger features and strong transverse edge effects [57].
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Figure 2.30: Crazing was observed in samples tested at both 2 Hz (top) and 5 Hz (bottom). This
image compares the size of the craze features on the same length scale. The crazed features in the
sample tested at 2 Hz are larger with a striated pattern perpendicular to the direction of crack
growth that is spread further apart than the similar pattern perpendicular to the direction of crack
growth. In both samples a smooth surface is observed on the edge of the sample. This is likely
due to a different stress state in which poisson effects play a more significant role than in the more
constrained middle of the sample [57].

2.4.4 Test Group 4: Hydration
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Table 2.5: Summary of Test Group 4

Test Group Material Loading Frequency Conditioning Annealing

4 PCU Continuous 5 Hz
Dry

None
Hydrated

The fourth test group explored the impact of hydration on the fatigue crack growth in
PCU (Table 2.5). Hydrated samples were conditioned in PBS for over 30 days prior to test-
ing. During which time the water uptake reached equilibrium at an average of 0.72 wt.%
increase. Hydration resulted in smoother and more exponential crack growth rate than the
discontinuous FCP observed in dry specimens (Figure 2.31).

Figure 2.31: Crack growth as a function of number of cycles for dry versus hydrated samples.
In dry samples, crack growth is largely linear, but proceeds in jumps. In hydrated samples, crack
growth proceeds in a much smoother manner with more exponential growth than dry samples [57].

At small crack lengths (< 1 mm), craze mechanisms (fibrillation) were observed as darker
bands at the crack tip ahead of the crack mouth opening. At longer crack lengths, there was
an increase in crack mouth displacement with extension compared to dry samples (Figure
2.32). Crack growth to failure was only seen in three of five tested samples. In two samples,
the crack blunted and no further crack growth was observed for approximately 700,000 cycles.

The number of cycles to failure for hydrated sample was not statistically different than
that of dry samples, but the crack length at failure of hydrated samples was significantly
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Figure 2.32: Crack growth in dry sample (A) proceeded with less crack mouth opening displace-
ment than hydrated sample (B) [57].

lower than those observed for dry samples (p = 0.02, Figure 2.33C & F).

Figure 2.33: Number of cycles and crack growth at failure for dry and hydrated PCU. No signifi-
cant difference was observed in number of cycles to failure, but hydrated samples had a significantly
lower crack length at failure (*p = 0.02) [57].

Fractography for the hydrated samples showed a rough fracture surface for the first 0.5
- 2 mm of crack growth with larger and more regularly spaced surface features than the
crazed surfaces observed in dry samples (Figure 2.34A). The surface then transitioned into
a smooth surface with ductile chevrons for the remainder of crack growth (Figure 2.34B).
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Figure 2.34: Representative fracture surface of a hydrated sample. Evidence of fibrillation was
seen for a short distance at the very beginning of crack growth (A), but quickly opened to a smooth
characteristically ductile fracture surface for the remainder of crack growth (B) [57].

2.4.5 Test Group 5: Annealing

Table 2.6: Summary of Test Group 5

Test Group Material Loading Frequency Conditioning Annealing

5 PCU Continuous 5 Hz Hydrated
None
140◦C

The fifth test group explored the impact of annealing on fatigue crack growth in hydrated
PCU (Table 2.6). One sample annealed at 140◦C demonstrated behavior very similar to that
of hydrated unannealed samples (Figure 2.35).

However, the other two samples annealed at 140◦C initially blunted and then cracks
began to form on the shear planes at 45◦ to the direction of loading (Figure 2.36, top).
These cracks then began to grow together as the crack progressed until they joined to form
a blunt crack with a large CMOD (Figure 2.36). This behavior is seen as the very low initial
crack growth in two of the annealed samples followed by an increase in crack growth around
400,000 cycles (Figure 2.35 B).

Due to high variability, both crack length at failure and number of cycles at failure were
statistically similar, though the number of cycles until failure for two annealed samples was
much greater due to the blunting effect (Figure 2.37).



73 Chapter 2

Figure 2.35: Crack growth as a function of number of cycles for unannealed and annealed PCU.

The initiation of two cracks is apparent in the presence of two fracture planes in the
fractography (Figure 2.38). Fractography from a blunted sample also reveals a much more
textured surface (Figure 2.38 A) compared to the highly ductile markings on the unannealed
sample (Figure 2.38 B). Little evidence of crazing exists (Figure 2.39).
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Figure 2.36: Annealed samples initially blunted. Cracks then grew at 45◦ to the direction of load,
began to extend in the crack direction, and ultimately grew together into a single crack. Images
are in temporal order top to bottom.
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Figure 2.37: Number of cycles to failure and crack length at failure for unannealed and annealed
PCU.

Figure 2.38: Fractography of annealed samples (A) shows a separation between the planes of
growth of two cracks (arrow). The surface shows little evidence of crazing, but a more featured
surface than the ductile failure surface of unannealed samples (B).
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Figure 2.39: Fractography of an annealed sample shows two separate fracture planes from the
two crack tips that merged after several millimeters of crack growth.
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2.5 Discussion

The primary objective of this study was to explore the variables that control the mechanisms
of fatigue crack growth in PCU for its use in medical devices. It has been well established
that the tensile mechanical properties of PCU are dependent on a wide range of tempo-
ral, thermal, and chemical variables. In agreement with the complex interactions between
chemical, structural, and mechanical properties of PCU, the fatigue behavior of the material
was impacted by loading manner, rate, hydration, and annealing. These studies point to
a need to better understand these interactions with respect to their impact on the clinical
performance of PCU.

The aim of the first test group was to understand how PCU compares to UHMWPE, a
well-characterized benchmark in the orthopedic polymer industry. Due to dimensional lim-
itations, identical compact tension geometries were used to compare PCU and UHMWPE.
The stress state for UHMWPE was too thin to meet the conditions of plane strain and
the PCU sample transitioned out of conditions of plane strain at crack lengths over 1.4mm.
This geometric constraint confounds the comparison at a consistent highly constrained stress
state, especially at long crack lengths. However, a thickness of 3.3 mm is relevant to the
geometries of medical devices where cracks may be growing in thin sections or features.

The range of crack speed and ∆K in which crack growth was stable was similar for both
PCU and UHMWPE, but the mechanisms were largely different. Compared to UHMWPE,
PCU exhibited less uniform and in-plane crack growth. Stress shielding mechanisms such
as crack tip deflection, multiple crack tips, out-of-plane crack growth, and crazing were ob-
served. Comparatively, in UHMWPE, only crack blunting was observed as crack growth
progressed straight and uniformly. This is reflected in the more linear da

dN
versus ∆K rela-

tionship in UHMWPE compared to more scatter seen in the crack growth of PCU with the
exception of the few points of ductile tearing before failure. In UHMWPE, an increasing
cyclic load was required to maintain a sharp crack and progress crack growth. In contrast,
in PCU a crack could be propagated to failure at a constant cyclic load without blunting. In
order to investigate the impact of a ramped loading to drive ∆K, a comparison of ramped
versus un-ramped loading was incorporated into the second test group.

Compared to UHMWPE, PCU had a smaller range of crack growth rates ( da
dN

). Similarly,
there was little positive correlation between da

dN
and ∆K for PCU. This suggests that the

stress shielding mechanisms were more dominant than the stress driving force (∆K). This
is further supported by the fact that the crack growth rate remained constant for samples
that underwent ramped loading (increasing cyclic load) compared to the samples tested at a
constant cyclic load. Clinically, this may have negative implications if crack growth proceeds
at a similar rate regardless of the applied cyclic load. It would suggest that a larger range
of loads would be equally problematic for damage. Future work should investigate of the
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influence of K max versus ∆K on the crack growth in PCU.

Based on this study, a LEFM approach could not be used to quantitatively compare the
fatigue crack resistance of PCU to UHMWPE by means of the Paris law. Although the crack
growth mechanisms were very different between PCU and UHMWPE, comparing cycles to
failure and crack length to failure, there is no clear benefit of PCU over UHMWPE from a
fatigue resistance perspective. It should be noted that the PCU used here is 75D, a harder
formulation of PCU than the 80A commercially used in orthopedics so a direct clinical pre-
diction is not valid. The fatigue character of PCU is further complicated by the variables
evaluated in the other following test groups.

The aim of the second test group was to explore the effect of loading on crack growth in
PCU. Previous studies have explored the tensile and viscoelastic properties of polyurethane
copolymers outside of fracture and fatigue applications [56, 50, 53, 52]. Based on the obser-
vations of the impact of strain rate and conditioning on the tensile properties of PCU, it is
expected that, under a highly-constrained stress state of a crack tip, the same factors would
influence the fatigue crack growth in the polymer.The rate-dependent response of PCU is
important with respect to the performance of the polymers in long-term load bearing ortho-
pedic implants where load magnitude and rate can be highly variable.

Unloading the samples overnight resulted in premature brittle failure. This brittle failure
was not observed in samples loaded 24 hours a day. This result suggests the existence of a
localized transformation at the crack tip due to the highly concentrated stress state or hys-
teretic heating caused by the cyclic loading. Fatigue-loading and thermal treatments have
been shown to impact the structural organization of polyurethane copolymers [54, 114, 115].
Therefore, we hypothesize that this localized transformation causes a shift in the structural
organization of the polymer surrounding the crack tip. A shift in the structural organization
of the polymer at the crack tip would lead to a different mechanical response of the material
at the crack tip than that of the bulk material. When the sample was removed and al-
lowed to relax overnight, any temperature increases were lost and/or any strain effects were
allowed to relax. Then upon reloading, the stress state at the crack tip was not the same
as when the sample was removed from testing and a different failure mechanism was observed.

A counterargument to this hypothesis could be that there was an external test-setup
effect that caused the samples to fail upon reloading such as a jump in the equipment at
startup, etc. First, the failure did not occur immediately upon reloading, but within the
first 1000 cycles of loading. Making it unlikely that a jump in the first few cycles created
the failure. The ramped samples were also tested intermittently, which allows us to check if
this phenomena was due to testing conditions or the relaxation overnight.

The ramped samples were tested intermittently and brittle failure upon reloading was
observed in 1 of 3 of the samples. The lack of brittle failure in two the the three samples may
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be explained by the fact that they only underwent one overnight relaxation cycle compared
to multiple unloading cycles for the intermittently loaded samples. Additionally, the ramped
samples had already reached a high Kmax (loaded at 20 - 200 N compared to 14 - 140 N for
the un-ramped samples) before being unloaded. The ramped sample that failed was relaxed
at 17 - 170 N of loading. Therefore, the state of stress at the crack tip in the samples that
did not fail brittlely likely had transitioned to a different stress state at the crack tip than
the samples that failed after relaxation.

Samples tested intermittently at 2 Hz further support the hypothesis that there was a
thermal or strain induced transformation at the crack tip leading to brittle failure. Brittle
failure upon reloading was observed at 5 Hz, but not at 2 Hz. The slower loading would
create less hysteretic heating and reduce thermal differences between the continuously loaded
and relaxed state.

It is not clear if the relaxation effects are dependent on the crack length, the number
of cycles sustained, temperatures, or length of time unloaded. However, a dramatic shift in
failure mechanisms due to time dependent loading effects could have serious implications for
device design. More testing is required to understand what controls this response especially
with respect to physiologically relevant parameters.

Crack growth in PCU that was loaded at a constant ∆K was similar to PCU loaded with
an increasing ∆K. The range of ∆K for which crack growth occurred was similar between
both loading conditions with the exception of crack growth ∆K’s below that of the constant
loading case. This suggests that it is the stress shielding mechanisms that are determining
the crack growth rate rather than the stress intensity. This supports the poor applicability
of Paris behavior in classic LEFM and suggests that it is the cyclic nature of the loading
that is more important than the magnitude. Further work should investigate the relative
contribution of creep induced by static loading on a crack versus cyclic loading at a given
magnitude of loading.

The aim of the third test group was to investigate the influence of loading frequency
on the crack growth rate of PCU at clinically relevant levels. Loading frequency was also
observed to change the mechanism of fatigue crack growth in PCU. At 2 and 5 Hz, craz-
ing and nonplanar crack growth were observed, but overall, a single crack tip dominated in
Mode I (orthogonal to the loading axis and in plane with the initial notch). In contrast, at a
frequency of 10 Hz, multiple crack tips, nonplanar crack growth, crazing, and discontinuous
FCP were observed. We hypothesize that this behavior is related to the ability of the well-
ordered hard phase and amorphous soft phase to accommodate the stress state at the crack
tip. At lower effective strain rates the amorphous soft phase has sufficient time to deform in
the direction of applied stress creating a crazed fracture surface; whereas, at higher strain
rates, brittle fracture processes and the nucleation of multiple crack tips become dominant
as the amorphous regions do not have the time to deform and fracture occurs in regions
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where the structural organization is weakest.

Most of the frequencies used in this study are higher than what is physiologically relevant
(≤ 1 Hz). The baseline was set at 5 Hz based on pervious experience with UHMWPE which
indicated that 5 Hz was the highest frequency that would not induce hysteretic heating ef-
fects. This has been shown to not be the case with PCU, which shows frequency effects
below 5 Hz.

The fourth aim of this work was to understand the changes to fatigue crack growth in
PCU following hydration. Fatigue crack growth in conditioned PCU, with a 50% reduction
in elastic modulus [56], proceeded at a slower rate, as would be expected with a more elas-
tomeric material. The mechanism of FCP was much different than in dry samples. Notably,
the fatigue crack grew with a large crack opening displacement. It should be noted, how-
ever, that in highly-constrained clinical applications, large tensile displacements may not be
relevant. These findings suggest that in a constrained clinical application conditioned PCU
may offer greater fatigue crack growth resistance when the mechanism of ductile tearing is
not available. However, a reduced presence of the stress shielding mechanisms that were
observed in dry PCU may also negatively influence the ability to resist crack growth.

The final aim of this work was to investigate the effect of annealing on the FCP in
hydrated PCU. Annealing has been shown to increase the phase separation in PCU [54].
Therefore, it would be expected that, if the fatigue crack growth behavior is dictated by the
phase separation at the crack tip, annealing should influence fatigue crack growth. This is in
line with the hypothesis from test group 2, that hysteretic heating or strain induced changes
to the structure at the crack tip resulted in the change in failure behavior. A change in crack
growth behavior between annealed and unannealed material was observed. Annealed mate-
rial initially blunted and then cracks nucleated at 45◦ from the direction of loading, grew,
and eventually joined together into a single crack. The blunting of the primary crack was
likely due to the more ductile mechanical behavior of the annealed material. However, the
appearance of the secondary cracks at 45◦ to the direction of loading aligns with the planes
of maximum shear in the plane strain configuration of a compact tension specimen. Failure
along this plane shows low shear strength relative to the strength in the principal direction.
At longer crack lengths, when the two crack tips rejoined into a single crack front, the stress
state had moved from plan strain towards plane stress, where the planes of maximum shear
are rotated. This curiously different behavior from an unannealed sample highlights that
the thermal history is important to the fatigue resistance of PCU.

Future work will focus on understanding how the phase separation of PCU is impacted
by hysteretic heating and cyclic strain under fatigue loading. Understanding the relationship
between the degree of phase separation of PCU and applied cyclic loading is essential to elu-
cidate the mechanisms of fatigue failure. In clinical applications thermal treatments occur
throughout device production, from manufacturing to sterilization. The complex interactions
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between many variables in PCU and its fatigue performance underscore the importance of
understanding how the processing of the material could impact its clinical performance.

Overall, it is important to understand the failure mechanisms of PCU in order to suc-
cessfully predict its long-term performance as a load-bearing implantable biomaterial. This
study explores potential failure mechanisms of the PCU rather than prediction of clinical
outcomes. This study is a first look at what parameters might be important to character-
izing the fatigue behavior of PCU. In this study we sought to explore the mechanisms that
control crack growth and failure in PCU. We must first understand the structure-function
relationships of the material to understand what is important to control clinically to accu-
rately design load-bearing implants comprising PCU.

2.6 Conclusions

This study showed the impact of hydration and time dependent effects on fatigue crack
growth in PCU. Samples unloaded overnight experienced premature brittle failure compared
to those tested continuously. Higher loading frequencies resulted in the formation of multiple
crack tips, variable crack growth rates, and out of plane crack growth. Finally, condition-
ing resulted in highly ductile crack growth with large crack mouth opening displacement.
Dry crack growth was characterized with evidence of crazing and less crack mouth opening
displacement. These results suggest that there is a strong time dependent interaction be-
tween the fatigue crack growth in PCU and the microstructural organization at the crack
tip. Understanding this interaction and the mechanisms that control crack growth in PCU
is important to inform the design of PCU devices used in long-term implant applications.



Chapter 3

The Impact of Strain on the
Structural Organization of
Polycarbonate Polyurethane

3.1 Introduction

Chapter 1 reviewed PCU in its commercial uses in spine, hip, and knee implant designs
[97, 77, 78, 76, 79, 80]. A large body of work has explored the mechanical performance of
PCU for long-term orthopedic implant applications, but heavily focuses on the wear perfor-
mance [116, 117, 71, 70, 118, 119, 72]. As discussed in Chapter 2, less work has focused on
the fatigue behavior of PCU [111, 110, 112, 113, 50, 120, 57].

Previous work (Chapter 2) demonstrated highly time dependent fatigue crack growth and
failure behavior in PCU [57]. We hypothesized that this behavior was a result of shifting
structure caused by the highly-constrained stress state at the crack tip. Our results from
a material-level fatigue test motivate a study to understand the interaction between stress
and structure of PCU. Additional motivation is found clinically in an in vivo study of PCU
acetabular cups in sheep by Khan. Khan et al. reported a significantly lower glass transition
temperature, correlated to an increase in phase separation, in PCU following implantation
[47]. This suggests that clinically-relevant loading can alter the structure of PCU. Therefore,
it is important to understand how in vivo loading can impact the structure and correlated
properties of PCU for its use in long-term medical implants. The objective of this study is
to understand the impact of strain on the structural organization of PCU.

The introduction will review the phase-separated structure of polyurethane block copoly-
mers, from intrinsic properties, like chemistry and thermodynamic interactions, to the ex-
trinsic variables, such as processing. Next, we introduce the impact of structure on the
mechanical properties of polyurethanes. Finally, we review previous studies of the im-
pact of mechanical deformation and fatigue on the structural organization of segmented
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polyurethanes in general. Then we present our findings on the impact of strain on the struc-
tural organization of PCU.

3.1.1 Polyurethane Chemistry

Polyurethane copolymers are of interest in many applications, ranging from automotive to
medical, because of their wide range of tuneable properties. This wide span of mechanical
and chemical properties derives from the range of chemical combinations allowed by the
copolymerization of hard diisocyanates with chain extenders and soft macrodiol segments
[121, 122]. The thermodynamic incompatibility of the two blocks leads to a phase-separated
structure, as the hard and soft segments agglomerate with like-blocks. The phase-separated
structure of the material dictates the unique elastomeric mechanical properties with high
toughness while maintaining rubber-like extension [43, 54, 51].

The degree of phase separation for a given polyurethane copolymer is dictated by many
variables. Intrinsic parameters, like block chemistry, weight fraction of each block, and molec-
ular weight and polydispersity of each block all impact the resulting structure. Additionally,
extrinsic parameters, like thermal and temporal treatment, hydration, and mechanical load-
ing all contribute to determining the final structure of the copolymer [54, 51, 123, 55, 53,
62, 124, 52, 125, 115, 114]. Because all of these variables can change the physical properties
of the material it is important to understand their potential influence on an end point ap-
plication, such as a medical implant.

Polymers are chains of covalently bonded repeat units, ‘mers’, that form structures based
on the makeup of the backbone of the chain as well as secondary interactions between and
within chains. Polymers can be made up of only a single repeat unit (A-A-A...) or multiple
repeat units (A-B-A-B... or A-A-B-B-B-A...) in many permutations (Figure 3.1). The ther-
modynamic interactions of the chain chemistry and lengths of the chain (molecular weight)
play a role in dictating the structure and properties of the material.

Polyurethanes were developed by Dr. Otto Bayer in 1937. They are a broad class of
polymers classified by the presence of a urethane linkage in the polymer chain and are de-
rived from carbamic acids. The generalized urethane unit is polymerized with repeating
urea, ester, ether, or aromatic units, typically of lower glass transition temperature. The
linkage is formed with the reaction of an isocyanate -N=C=O with an alcohol -OH. This
forms the generalized polyurethane repeat unit (Figure 3.2) [42, 44].

Polyurethane block copolymers, or segmented polyurethanes can be synthesized using
addition products of the soft segment component with terminal hydroxyls and diisocyanate
to produce alternating blocks. These are then chain extended with a short chain diol to the
desired ratio (Figure 3.3). The end groups can then be terminated, used to form crosslinks,
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Figure 3.1: Polymers are chains or repeat ‘mer’ units. Monomers are combined into chains.
Chains of a single monomer or multiple monomers or blocks of monomers can be combined to
change the properties of the material.

Figure 3.2: The chemical structure of a urethane monomer. Adapted from [40].

or add an end group [40]. The wide range of chemical, mechanical, electrical, and optical
properties of polyurethanes derive from the range of combinations of hard segments, soft
segments, and chain extenders that this process allows. The combination of potential diiso-
cyanates, polyols, and chain extenders is exponentially increased with the combination of
different molecular weights of each component and stoichiometric ratios between each.
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Figure 3.3: Polyurethane block copolymers are composed of a hard (polyurethane) and soft
(polycarbonate) segment. The soft segment is generally a dihydroxy terminated oligomer. They
are polymerized with a diisocyanate and then chain extended. This process gives the high degree
of tailorability of the composition and properties of the polyurethane copolymers.

3.1.2 Structural Organization of Polyurethanes

The block chemistry of polyurethane copolymers creates a phase-separated structure. The
phase separation creates an effective physical crosslinking mechanism like that which exists
in lightly crosslinked rubbers and provides the elastomeric properties of polyurethanes [51].
The crystalline phase of the diisocyanate with a chain extender is referred to as the hard
segment, while the polyol phase that forms an amorphous matrix is referred to as the soft
segment [42]. The phase separation of the segments is dependent on both intrinsic and ex-
trinsic variables such as chemistry and molecular weight and thermal processing (annealing)
and hydration respectively [43, 54, 40, 51, 55, 53]. Although a number of variables can alter
the structure of polyurethanes, these interactions are thermodynamically driven. The hard
and soft segments in polyurethanes are thermodynamically incompatible and fundamentals
of polymer chemistry describe the interactions.

The degree of separation is thermodynamically-driven to minimize free energy (∆G)
through a balance of enthalpy (∆H) and entropy (∆S) (Equation 3.1).

∆G = ∆H − T∆S (3.1)

The chemistry and molecular weight of each block dictates the inter- and intra-segment
interactions. This affinity is described by χ in Flory Huggins Theory of phase separation of
copolymers (Equation 3.2).
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The enthalpic term describes the relative affinity of each segment to itself and the other
segment (first term of Equation 3.2). The enthalpic contribution is dependent on character-
istics of the polymer chemistry such as degree of polymerization (N) and domain periodicity
(λ). The parameter χ is a function of the number of neighboring available free sites (z),
temperature (T ), and a parameter describing the pairwise interactions of each segment (w)
(Equation 3.3).

χ =
z∆w

kT
(3.3)

The entropic contribution describes the state of deformation of the polymer chain relative
to its equilibrium state (second term of Equation 3.2). The entropy is related to the degree
of polymerization (N), domain periodicity (λ), and Kuhn step size (a), a measure of chain
flexibility.

The molecular weight is additionally dependent on both processing temperature and
method [56, 54, 51]. The polyurethane organizes into amorphous regions of rubbery soft
segment interspersed with semicrystalline regions of hard segment stabilized by hydrogen
bonding (Figure 3.4). In different polyurethane copolymers, an increase in molecular weight
of the soft segment while maintaining hard to soft segment ratio was found to increase the de-
gree of phase separation, inter-domain spacing, and order in the hard domains [55, 122, 120].
An increase in hard segment content also creates larger hard domains, but the total degree
of phase separation is dependent on the mobility and composition of the segments. [122, 51].
The size scale of the hard domains and domain separation ranges based on the variables
described above, but using atomic force microscopy has been estimated to be on the order
of 10 - 100 nm scale for different polyurethane copolymers (Figure 3.5) [126].

Initially after molding or being taken out of solution, the polymer is randomly mixed.
As the polymer cools and with increased time, the phase separation increases (Figure 3.4)
[44]. The mechanical properties of the material are dependent on the size, concentration,
and level of order in the hard segment domains which drives their ability to orient and crys-
tallize upon the application of strain [44]. After or during processing, annealing and curing
temperatures can affect the degree of phase separation, especially at temperatures above the
glass transition temperature [40, 54, 123, 53]. The structures formed in the hard domains are
also dependent on thermal processing. Kojio et al. found that spherical structures formed in
a polyurethane elastomer cured at a lower temperature, while larger and more regular tilted
cylinder structures formed when cured at a higher temperature [123].

Like other polyurethane copolymers, PCU is organized into a phase separated structure.
In the case of Bionate®, the exact ratios of hard to soft segment, molecular weights, and
polydispersity is unknown due to the proprietary nature of the material. However, it will be
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Figure 3.4: The hard and soft segments in the polyurethane copolymer are thermodynamically
incompatible and therefore separate into ordered regions of hard blocks and amorphous regions of
soft segments. The degree to which this occurs depends on thermal and temporal treatments.

Figure 3.5: Tapping mode atomic force microscopy has been used to probe the size scale of the
structure of polyurethane copolymers. The image shows topographical data (left) with a height
range from 0 - 5 nm in Pellethane, a polyurethane copolymer. The image on the right is phase data
that has been correlated to the hard and soft domains of the copolymer showing the distribution of
phase separated domains. The images widths are 250 nm. Reprinted with permission from [126].
Copyright (1997) American Chemical Society.

similarly influenced by the extrinsic parameters previously discussed such as thermal treat-
ments and hydration. Therefore, understanding the structure-function relationships of the
material with respect to processing is important in order to design for a desired mechanical
performance in medical applications.
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3.1.3 Impact of Structure on the Mechanical
Properties of Polyurethanes

The degree of phase separation dictates the mechanical behavior of the material. The me-
chanics are controlled by size and concentration of hard segments, strength of segment adhe-
sion, and segment mobility [44]. Phase separation is required to impart elastomeric behavior
[51]. Although the specific interactions are further dependent on the polymer composition,
trends have been reported in many different polyurethane copolymers. An increased ratio of
hard to soft segment increases the tensile strength of the material, but reduces the ductility
[52, 122, 109]. Similarly, increasing the molecular weight of the soft segment increases the
tensile strength, stiffness and hardness with greater ability to form crystal structures within
the soft segment domains. This crystallinity also contributes to greater ductility as well
[52, 51, 55]. In contrast, with some soft segment chemistries this can lead to a decrease
in modulus [122]. Increased phase separation in PCU compared to PEU leads to higher
modulus and lower ultimate elongation from reduced flexibility of carbonate soft segment.
[49, 55]. An increase in hard segment content led to an increase the tensile modulus and de-
crease in elongation at break [51]. The influence of microstructure on the material properties
is important to understanding and predicting the long-term performance of the material in
vivo.

3.1.4 Impact of Mechanical Deformation
on the Structure of Polyurethanes

The structure of polyurethanes is what dictates the material properties, but it is also im-
pacted by mechanical deformation. Most semicrystalline polymers and elastomers have some
degree of strain induced crystallization and a stiffening effect at high strains as polymer chains
align in the direction of the strain. In the case of semicrystalline polymers, the amorphous
regions provide the flexibility for the crystalline regions to orient normal to the direction of
strain, and eventually the amorphous regions also crystallize as they are drawn out in the
direction of the strain (Figure 3.6).

The phase-separated structure of polyurethanes has a similar behavior. The ordered hard
domains act as ‘crosslinks’ restricting the relative motion of regions of amorphous soft phase.
With the application of strain, the inter-domain spacing in a polyurethane elastomer was
shown to increase in the direction of strain and decrease normal to the direction of strain
(Figure 3.7). This effect was found to be greater in polyurethanes with larger and more
ordered hard domains [123]. Strain induced crystallization of the soft phase was observed
at large strains and this was inhibited by the presence of increased crosslinking limiting the
motion of the amorphous soft phase [123].
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Figure 3.6: In semicrystalline polymers, like UHMWPE, increasing strain is taken up first by the
entropy of the chains in the ‘elastic’ region. This is followed by the region of greatest strain with
stretching of the amorphous regions, eventually leading the the break up of crystalline regions as
the chains aline in the direction of strain before failure when the backbone of the chains ruptures.
Adapted from [127].
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Figure 3.7: The impact of strain on the 2D SAXS diffraction patterns of a polyurethane elastomer
showing a change in the structure with applied strain. Reprinted by permission from Springer
Nature: [123] (2011).
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3.1.5 Fatigue Effects on the Structure of Polyurethanes

In addition to static strain, the impact of cyclic loading has also been explored, though to a
lesser extent, in segmented polyurethanes. One model, showing the effect of cyclic strain (±
20% strain with a mean strain of 100%) in polyurethane ureas, describes a three stage re-
sponse (Figure 3.8 & 3.9). During the initial phase the structure is unaffected. In the second
phase the phase separation begins to decrease the phases mix. This occurs as the lamellar
structures in the axis of spherulitic structures normal to the applied strain break apart and
lamellar domains orient normal to the direction of applied strain. Finally, in the third phase,
domain separation is largely lost and the segments orient and align in the direction of strain
[114, 115].

Figure 3.8: Impact of strain of the elastic modulus, the orientation factor, and cohesive force index
(the latter two both related to the structure of the domains) in a polyurethane urea. Reprinted by
permission from Springer Nature: Polymer Journal [114], (1986).

However, testing of another polyurethane copolymer at lower mean strains and strain
amplitude showed more complex behavior. Jimenez et al. tested segmented polyurethanes
with variable soft segment molecular weights at a strain of ± 20% with a mean strain of



92 Chapter 3

Figure 3.9: Schematic showing the impact of fatigue on the structural organization of
polyurethane ureas hypothesized by Shibayama et al. Reprinted by permission from Springer
Nature: Polymer Journal [115], (1987).

3%. This study found that, depending on the soft segment molecular weight, the phase
separation and order in the hard domains could either increase or decrease following fatigue
loading [120]. This suggests that fatigue at lower strains can play a more subtle role in
manipulating the microstructure than the destruction seen with static strain.

It is well established that fatigue and static strain can impact the structure of polyurethane
copolymers. It is equally established that the complex interaction of many variables dictating
the ultimate structure, such that the trends observed for one copolymer cannot be general-
ized to other chemistries and blends.

3.1.6 Polycarbonate Polyurethane Chemistry and Structure

Polycarbonate polyurethane, trade name Bionate®, DSM Biomedical, Berkeley, CA, is
the specific copolymer that is currently utilized broadly in orthopedics. In Bionate® the
hard segments are a 4,40-diphenyl- methane-diisocyanate (MDI), the chain extender is 1,4-
butanediol (BD), and the soft segments are composed of poly(1,6-hexyl 1,2-ethyl carbonate)
diols (PHECD) (Figure 3.10) [54]. Bionate® is produced in several ratios of hard to soft
segments. They are named for the Shore hardness durometer and range from 80A to 75D.
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Although the exact chemistry and synthesis processes are proprietary, a body of work has
been published characterizing the performance of the material with respect to its use in the
medical industry (See Chapter 1).

Figure 3.10: The chemical structure of Bionate® polycarbonate polyurethane. Reprinted from
[54] with permission from Elsevier.

3.2 Methods

This study uses differential scanning calorimetry (DSC), Fourier transform infrared spec-
troscopy (FTIR), and small angle X-ray scattering (SAXS) to characterize the impact of
static strain on the structural organization of PCU. Table 3.1 summarizes the samples that
were characterized with each technique.

Table 3.1: Study Testing Summary

Characterizations
Annealing Condition Strain Condition DSC FTIR SAXS

Unannealed
Unstrained x x x

Failure x x

70◦C

Unstrained x x x
Yield x x x
100% x x
200% x x x

Failure x x x

100◦C
Unstrained x x x

Failure x x x

140◦C
Unstrained x x x

Failure x x



94 Chapter 3

3.2.1 Materials

Polycarbonate polyurethane, trade name Bionate® 75D was obtained from DSM Biomedical
(Berkeley, CA). Bionate® 75D films (0.3 mm thick) were compression molded at 460◦C (485
◦C top plate and 435◦C bottom plate) and 19000 lbf. Tensile dog bone specimens (ASTM
D1708) were punched from the films. The dogbones were annealed at variable temperatures
(70◦C, 100◦C, and 140◦C) for at least 4 hours and compared to an unannealed control.

3.2.2 Tensile Testing

The samples were pulled to variable strains at a strain rate of 102 mm/min (4 in/min) using
an Instron 5566 (140◦C samples were pulled using a Zwick-Roell testing machine) at room
temperature and ambient humidity. All annealing conditions were strained to failure and
unstrained. Samples annealed at 70◦C were strained at approximately yield strain (12.5%
± 0.7%), 100% strain (102.5% ± 0.2%), 200% strain (202.4% ± 0.8%), and failure strain
(258.3% ± 10.1%) and compared to an unstrained control. At the given strain, testing was
stopped, and the samples were unloaded. Total relaxation strain was recorded after more
than 30 days after loading. Elastic modulus was calculated as a linear regression from the
yield point of the material.

3.2.3 Differential Scanning Calorimetry

Differential Scanning Calorimetry (DSC) was performed using a Thermal Analysis Q2000 to
collect DSC thermograms from -75◦C to 220◦C in a heat-cool-heat cycle at 20◦C/min in an
atmosphere of nitrogen or helium. A sample mass of 7 - 10 mg was used.

A heat-cool-heat DSC curve for Bionate® 75D (Figure 3.11) shows four main signals in
the first heat ramp: an endotherm around 55◦C (T0), a secondary endotherm (TI), and then
two endotherms at 180◦C and 204◦C (TII and TIII). T0 was not reported in Bionate® 80A
[54]. It is likely related to enthalpic relaxation following molding, and masked the Tg of 75D
on the first ramp. The TI endotherm has been related to the presence of hydrogen bonding
in highly ordered structures and has been shown to be highly dependent on the thermal
history of the material [54]. TII and TIII are related to the loss of order between the hard
and soft segments and are independent of the thermal history of the material [54]. In the
cooling ramp there is a single exothermic peak which is attributed to re-crystallization of the
domains or the appearance of ordered structures. In the second heating ramp the T0 and TI

endotherms are indistinct suggesting that the order that was present in the hard domains
was lost by heating over the TII temperature and was not reformed in the rapid cooling. The
appearance of these peaks in the first but not the second heating ramp suggests that they are
related to hydrogen bonding in the hard domain. A TIII

′ peak is present near the location
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of the peaks attributed to loss of order in the first cycle, but it appears at a higher tempera-
ture. Without the T0 endotherm, the glass transition temperature (Tg) is distinguishable in
the second heating ramp. For samples annealed at 70◦C the Tg was between 22.5◦C and 24◦C.

Figure 3.11: A representative DSC heat-cool-heat curve for Bionate® 75D (unstrained and an-
nealed at 70◦C). The second heating ramp is shifted down 2 mW for better visualization. The first
heat ramp shows four characteristic endotherms. T0 was attributed the the enthalpic relaxation of
the material and masks the glass transition temperature. TI is related to the thermal history of
the material and degree of hydrogen bonding in ordered domains. TII and TIII are independent
of thermal history and mark a loss of phase separation. The cooling ramp has an exothermic peak
attributed to re-separation or recrystallization of order in the domains (Texo). The second heating
ramp does not have T0 and TI endotherms suggesting that they are processing related. Without
these endotherms, the Tg is distinguishable in the second heating.

3.2.4 Fourier Transform Infrared Spectroscopy

A Brucker Spectrum ATR Vertex 70 Fourier Transform Infrared Spectroscopy machine
(FTIR) was used to collect spectra from 600 cm1 to 4000 cm1 in attenuated total reflectance
(ATR) mode using a sample scan rate of 32 scans and a resolution of 4 cm1.

The broad carbonyl peak gives information about the relative influence of free carbonyls
and those involved in hydrogen bonding in both ordered hard domains and in the amorphous
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Figure 3.12: Hydrogen bonded carbonyls in ordered hard domains is attributed to the peak at
1700 cm−1 and hydrogen bonded carbonyls in the amorphous matrix are attributed to the peak
at 1722 cm−1. The ratio of these peaks (COII :COIII) is used to describe changes in the hydrogen
bonding with strain and annealing condition. The example shown is sample annealed at 70◦C at
control and strain to failure conditions.

soft matrix. The peak at 1737 cm−1 (COI) is attributed to free, non-hydrogen bonded car-
bonyls, the peak at 1722 cm−1 (COII) to hydrogen bonded carbonyls in the amorphous
matrix, and the peak at 1700 cm−1 (COIII) to hydrogen bonded urethane carbonyls in
the ordered hard domains [54]. The ratio between the relative number of carbonyls that
are hydrogen bonded in the amorphous matrix to the number in ordered hard domains
(COII :COIII) will be used for comparisons. Since these peaks are very close together they
cannot be resolved independently and result in one broad peak. Figure 3.12 shows two
example peaks where the relative contribution of each peak is shifted. A higher value of
COII :COIII corresponds to relatively less order in the hard domains.

3.2.5 Small Angle X-ray Scattering

Small angle X-ray scattering (SAXS) was performed using an Itaku BioSAXS 1000 with a
Pilatus detector (79 µpixels). The maximum scattering angle was 0.7 Å−1 using a Cu K(α)
source with a wavelength of 1.52 Å.
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The peak width is correlated to the disparity of size of features [123]. The peak in the
intensity versus scattering angle at 0.05 Åhas been attributed to the distance between hard
domains [52, 123, 53]. Bragg’s law (Equation 3.4) was used to estimate this inter-domain
spacing [120].

dbragg = 2π/Qmax (3.4)

3.3 Results

3.3.1 Tensile Testing

Annealing was found to significantly reduce the yield stress and Young’s modulus of Bionate®

75D (Figure 3.13). Samples annealed at 140◦C compared to samples that were not annealed
had a drop in yield stress and modulus from 46.75 ± 0.8 MPa to 14.4. ± 4.0 MPa and 980.1
± 24 MPa to 354.1 ± 126.0 MPa respectively. Additionally, the distinct peak in stress at
the yield point was reduced with increasing annealing to no peak observed at 140◦C. The
trend of lower modulus with increasing annealing temperature is consistent with the findings
of Cipriani et al. for Bionate® 80A and indicates more ductile behavior with increasing
annealing temperature. The ultimate stress and strain was only significantly different for
PCU annealed at 140◦C where ultimate stress decreased while the ultimate strain increased
(Figure 3.14, p ≤ 0.0006) further indicating more ductile and elastomeric material with in-
creasing annealing temperature.

The distinct ‘waves’ or ‘bumps’ observed in the unannealed stress-strain curve after yield-
ing was repeatable and attributed to the material and not a machine effect. At the yield
point, a very distinct transition to necking was observed as a ‘pop’ as the shaft of the dog
bone specimen formed at necking region at an observable angle to the direction of load. The
neck then began to extend as the region of large strain post yield. The waves in the curve are
a result of the dynamic response of the sample following this formation of a neck and quick
increase in strain. Although other samples had similar necking behavior, the transition was
less dynamic and this recoil behavior was not observed.

The samples annealed at 70◦C and strained at intermediate steps before failure exhibited
some relaxation following unloading. Some plasticity was observed following strain to the
yield point because the test was stopped shortly after yield. The recovery at higher strains
was also significant (40% - 50%) showcasing the highly nonlinear behavior of the material
(Table 3.2). This residual plastic deformation is expected to then correlate to a change in
the structural organization of the material.
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Figure 3.13: Tensile behavior of Bionate® 75D annealed at various temperatures after molding.
With increasing annealing temperature, the Young’s modulus and yield strength of the material
decreased as characteristic of a more ductile and elastomeric material.

Table 3.2: The final recovered lengths of samples annealed at 70◦C and loaded to yield, 100%,
and 200% strain.

Sample Initial Average Average Average
Recovery (%)Strain Length Applied Final Recovered

Condition (mm) Strain (%) Strain (%) Length (mm)

Yield
22

12.5 1.2 22.4 ± 0.4 90.2
100% 102.5 44.9 32.6 ± 0.8 56.2
200% 202.4 124.5 48.9 ± 0.6 38.5
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Figure 3.14: Mechanical properties of Bionate® 75D annealed at various temperatures following
molding. These results point to more ductile and elastomeric material behavior following annealing
compared to a more brittle response with less annealing. Mismatched letters signify statistically
significant difference (p < 0.05, ANOVA). Error bars represent ± 1 standard deviation.
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3.3.2 Differential Scanning Calorimetry

Based on previous studies, it was expected that annealing would increased the amount of
order in the hard domains of PCU which would correlate to an increase of the TI endotherm
in the DSC signature. As expected, DSC characterization showed an increase in TI with
annealing in the unstrained specimens (Table 3.3, Figure 3.15A). This is indicative of in-
creased hydrogen bonding and the development of more ordered hard domains. As expected,
TII , attributed to a loss of order and independent of thermal history, was unchanged with
annealing. The T0 endotherm masked the Tg.

After strain to failure, the DSC signature was similar for all annealing conditions. All
annealing conditions also exhibited a prominent endotherm around 55◦C that is likely due to
the enthalpic relaxation following the release of strain. No distinct TI was observed, but TII

was broadened in all samples (Figure 3.15B). Given that all post-failure curves were similar,
the final structure is independent of the initial degree of phase separation.This suggests that,
following failure, the order in the hard domains is lost.

The impact of strain on the DSC endotherms was smaller than that of annealing. In
Bionate® 75D samples annealed at 70◦C, the TI endotherm was not appreciably affected
with increasing strain (Figure 3.16). An ANOVA analysis showed a statistical difference (p =
0.04), but in a post hoc analysis, no individual groups were different. The lack of observable
change suggests that there is no measurable loss of order in the hard domains following strain
using this indirect measurement technique. This suggests that strain is accommodated by
the amorphous soft segment regions of PCU.

Table 3.3: The location of the TI endotherm in unstrained Bionate® 75D as a function of
annealing temperature.

Annealing TI (◦C)
Condition Average ± St. Dev.

Untreated 84.9 ± 0.3*(exo)
70◦C 92.2 ± 2.1
100◦C 124.0 ± 0.7
140◦C 166.9 ± 0.7
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Figure 3.15: The DSC curves for unstrained Bionate® 75D annealed at increasing temperatures
(A) show a correlated increase in TI marking increased hydrogen bonding in the hard domains and
no change in TII and TIII . After strain to failure (B) T0 is increased due to relaxation effects, and
TII is broader, but there are no notable differences between annealing conditions.
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Figure 3.16: Impact of strain on the DSC curves of PCU.
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3.3.3 Fourier Transform Infrared Spectroscopy

In line with the results of DSC, it was expected that FTIR would show an increase in or-
der in the hard domain with increasing annealing. Such behavior would be indicated by a
shift in the the ratio of the carbonyl peak for hydrogen bonded carbonyls in the amorphous
region to hydrogen bonded carbonyls in the ordered hard domains (COII :COIII). A lower
COII :COIII ratio suggests more hydrogen bonding in the hard domain and therefore a more
ordered hard domain.

In unstrained samples, annealing reduced the number of free carbonyls (1737 cm1) and
hydrogen bonded carbonyls in the amorphous matrix (1722 cm1) relative to the number
of strongly hydrogen bonded carbonyls (1700 cm1) (Figure 3.17, left). This suggests that
annealing increased the order in the hard domains with more hydrogen bonding in the or-
dered domains relative to the amorphous regions. Unlike the results of DSC, there was no
observable difference between different annealing temperatures. Samples annealed at 70◦C,
100◦C, and 140◦C all showed a similar shift compared to the unannealed control. Following
strain to failure, the carbonyl peaks were similar for all annealing conditions (Figure 3.17,
right). The difference between the control and failed curves in the annealed samples was
more pronounced than the difference for unannealed samples (Figure 3.18).

Figure 3.17: The carbonyl peak of unstrained Bionate® 75D (left) shifted with annealing to
indicate fewer free and hydrogen bonded carbonyls in the amorphous matrix compared to those
strongly hydrogen bonded. Peak shown normalized at 1700 cm−1. When strained to failure (right),
hydrogen bonds in the amorphous matrix and free carbonyls increase relative to hydrogen bonded
carbonyls in the ordered domains for all annealing conditions.

Following strain to failure, COII :COIII was similar for all annealing conditions (Figure
3.19, ANOVA p = 0.22). The COII :COIII for unstrained and strained to failure unannealed
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Figure 3.18: Comparison between no strain and strain to failure for unannealed samples and
samples annealed at 140◦C.

75D was similar (Figure 3.19, Student’s t-test p = 0.38). For all other annealed conditions,
the COII :COIII ratio was significantly higher following strain to failure (Figure 3.19, Stu-
dent’s t-test p < 0.008). These results support what was seen in DSC. Annealing increases
the amount of hydrogen bonding present in the ordered domains and, following strain to
failure, all hydrogen-bonding-induced order is lost. The final state following strain to failure
is independent of the initial degree of order in the hard domains.
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Figure 3.19: In unstrained 75D, the ratio of the carbonyls involved in hydrogen bonds in the
amorphous matrix compared to those in ordered domains (COII :COIII) decreased with annealing
temperature. Following strain to failure, in all annealed samples, COII :COIII increased compared
to the unstrained condition and no difference was seen with annealing temperature. Mismatched
letters (ANOVA) and *(Student’s t-test) indicate statistical difference.

In contrast to the results of DSC, FTIR resolved some differences between strain con-
ditions. Increasing strain in the samples annealed at 70◦C increased the number of free
carbonyls and hydrogen bonded carbonyls in the amorphous matrix relative to the number
of strongly hydrogen bonded carbonyls in ordered domains (Figure 3.20). The pattern was
not linearly correlated, but qualitatively showed lower hydrogen bonding in the hard domain
at yield strain and 100% strain compared to the control and then another increase in 200%
strain and failure strain compared to the control. Quantitatively, this correlates to a signif-
icant increase in COII :COIII with strain (Figure 3.21, ANOVA p = 0.003).
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Figure 3.20: The carbonyl peak shifts from less contribution of hydrogen bonded carbonyls in
the matrix and free carbonyls to more with increasing strain indicating a loss of order in the hard
domains.
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Figure 3.21: In 75D annealed at 70◦C, the ratio of the carbonyls involved in hydrogen bonds
in the amorphous matrix compared to those in ordered domains (COII :COIII) increased with
increasing strain indicating loss of order in the hard domains. Mismatched letters indicate statistical
significance (ANOVA, p = 0.003).
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3.3.4 Small Angle X-ray Spectroscopy

Compared to DSC and FTIR which indirectly correlate to hydrogen bonding in the hard do-
mains, SAXS directly measures the domain spacing. We observed that inter-domain spacing
decreased with increasing annealing temperature as indicated by the shift in the location of
the peak in scattering intensity (Figure 3.22). Using Bragg’s Law, the domain spacing was
estimated to be between 11.4 - 14.3 nm (Table 3.4). No trend was observed with respect to
the distribution of the domain sizes. The width of the scattering intensity peak can be cor-
related to the distribution in domain sizes. Peak width increased at annealing temperatures
of 70◦C and 100◦C with respect to the unannealed control, but decreased again at 140◦C.
Scattering intensity images show symmetric scattering patterns for the unstrained control
samples indicating an isotropically distributed structure (Figure 3.23).

Table 3.4: The domain spacing calculated form Bragg’s law and width of the peak for each
annealing condition, related to the distribution in spacing.

Annealing Domain Spacing Peak Width
Condition Å Å−1

Untreated 139 0.047
70◦C 143 0.060
100◦C 114 0.053
140◦C 120 0.041

Following failure, we were no longer able to measure the inter-domain spacing due to
the fact that we only had measurements in 1D. Comparing the scattering patterns between
the unstrained and failed samples shows symmetric patterns in the unstrained sample for all
annealing conditions and a non-symmetric scattering pattern emerged following failure for
all annealing conditions (Figure 3.23). This asymmetric pattern indicated anisotropic dis-
tribution of the domains. This is likely a result of alignment of the domains in the direction
of strain.

For samples annealed at 70◦C the scattering patterns show a symmetric scattering pat-
tern for both the control and yield conditions. However, after yield, the 200% strain and
failure strain conditions show increased asymmetry in the scattering patterns (Figure 3.24).
This suggests that the yield point is the transition where chain alignment begins as the
structure orients in the direction of strain. Such behavior is similar to what is reported in
semicrystalline polymers.
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Figure 3.22: The maximum intensity shifted right with increasing annealing temperature indi-
cating a reduction in domain spacing. The peak widths increased with annealing temperatures of
70◦C and 100◦C indicating a broader distribution of spacing dimensions, but then decreased again
at 140◦C.



110 Chapter 3

Figure 3.23: SAXS scattering patterns for unstrained and strained to failure and samples annealed
at 70◦C (left) and 100◦C (right). For both annealing conditions, samples show symmetric scattering
patterns before strain followed by asymmetric patterns after strain indicating a shift from isotropic
to anisotropic structure.

Figure 3.24: SAXS scattering patterns for samples annealed at 70◦C at control, yield, 200%, and
failure strains. The control and yield strains show symmetric patterns indicating isotropy, while
the 200% and failure strain show increasing degrees of anisotropy as would be expected.
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3.4 Relating Structure to Mechanical Properties

The correlation between structure and mechanical properties, although well known to exist
within polyurethane copolymers, has not been well documented for the particular formu-
lation of Bionate® PCU. This study begins to relate thermal processing (annealing) with
mechanical properties (yield stress, modulus) through measurable metrics of the structure
(DSC, FTIR, SAXS). Yield stress and modulus decrease with increasing order in the hard
domains shown by a decrease in the TI endotherm, measured from DSC (Figure 3.25), and
increasing COII : COIII ratio, measured with FTIR (Figure 3.26). The relationship between
domain spacing, measured by SAXS, and mechanical properties, modulus and yield stress
was less clear, but the highest moduli and yield stress correlated with larger domain spacing,
suggesting more ordered domains (Figure 3.27). These relationships are important to inform
design with PCU biomaterials where material properties of a part post injection molding
could differ from test specimens molded in a different geometry with different molding tem-
peratures and cooling times. Further, any heating during sterilization and post processing
could also impact the properties of the end device.

Figure 3.25: The yield stress and elastic modulus were found to be negatively correlated with
the TI endotherm relating more order in the hard domain to more ductile material (R2: elastic
modulus = 0.95, yield stress = 0.95).
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Figure 3.26: The yield stress and elastic modulus did not have a strong correlation to the COII :
COIII ratio, but the trend was positive suggesting that more order in the hard domain to more
ductile material (R2: elastic modulus = 0.59, yield stress = 0.57).

Figure 3.27: The domain spacing did not correlate linearly with material properties, but the
maximum modulus and yield strength had higher domain spacing suggesting more ordered domains
(R2: elastic modulus = 0.41, yield stress = 0.37).

3.5 Discussion

The objective of this study was to investigate the impact of static mechanical strain on the
structural organization of polycarbonate polyurethane with respect to the impact of in vivo
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loading of medical devices. DSC and FTIR, indirectly probe the order in the copolymer
through relative amounts of hydrogen bonding as a proxy for amount of order in the hard
domain. SAXS gives a more quantitative measure of the size scale and organization of struc-
tural features in PCU.

Results from both FTIR and DSC suggest an increase in hydrogen bonding in the hard
domains, following post-molding annealing treatments, correlating positively with temper-
ature. Higher annealing temperatures lead to more hydrogen bonding. This result is in
agreement with well documented behavior of polyurethane copolymers [54]. Further, both
FTIR and DSC indicate a loss of order in the hard domains from hydrogen bonding following
strain to failure which is independent of the initial degree of phase separation. Both DSC and
FTIR showed a difference in hydrogen bonding between the control and yield strain. SAXS
results confirmed the finding by showing a decreasing domain spacing which could imply an
increase in hard domain size with increasing annealing treatment. SAXS qualitatively shows
a disruption in the isotropy of the structural organization at 100% and 200% strain.

The finding that structural changes occur post yield also aligns with the results found
in Chapter 2. The highly constrained stress state in the plastic zone ahead of the crack
tip likely undergoes structural changes as the order in the hard domain is disrupted. The
combination of strain and hysteretic heating effects combine to alter the structure ahead of
the crack tip and control crack extension. This further supports that following relaxation,
these effects are diminished and the mechanisms of crack growth are changed. Beyond the
fracture implications previously discussed, a strain induced change to the structure of the
material over time could change the overall mechanical behavior of a device over time. This
has larger implications for contact stresses in the device that, if greater than the yield stress,
could lead to the accumulation of bulk structural changes in the material structure over time.

This study shows that DSC, FTIR, and SAXS can resolve some differences in structure
following annealing. However, the resolution of these methods is not high enough to create
truly mechanistic understandings. The indirect approximation of hydrogen bonding is not
correlated well enough to structure to show clear trends. For example, the different relative
changes between strain conditions were not resolved by DSC, and FTIR differentiated only
between large steps in strain. Therefore, DSC and FTIR could likely not resolve the impact
of more subtle changes, for example as a result of fatigue. SAXS has a greater capacity to
elucidate for quantitative features in the structure and using 2D SAXS would be ideal to
characterize the structures.

The resolution of DSC, FTIR, and SAXS were even more limited with respect to strain
induced changes. There was little measurable impact at very high strains. Therefore, it is
unlikely that DSC and FTIR would be able to capture more subtle changes to the structure
as a result of bulk cyclic loading as had originally been proposed for this study. Similarly,
SAXS might be able to capture these changes, but 2D would be required to take quantitative
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measurements on anisotropic order. Other methods such as AFM might be alternatives to
characterize the structure.

The study aims to investigate the complex interactions between strain and the structural
organization of PCU. We recognize that the geometry of the samples and the simplicity of
uniaxial tensile loading, limit the clinical applicability of the results. Clinical loading is not
only multi-axial and highly constrained, but also cyclic in nature. This is more relevant in
the highly constrained geometries of medical devices where large plastic strains are limited,
but long device lives are required. However, based on the findings here, in order to pur-
sue future work focusing on investigating the impact of multi-axial and cyclic strain on the
structural organization of PCU, structural characterization methods must first be developed.

3.6 Conclusions

The results of this study demonstrate that, like other copolymers, the order in the phase-
separated domains of Bionate® 75D is dependent on thermal annealing and mechanical
strain. Annealing had a strong impact on the stress-strain response of PCU. Samples an-
nealed at higher temperatures had an increasingly ductile response. Hydrogen bonding in
the ordered hard domains increased with increasing annealing temperature and decreased
with increasing strain. A lack of resolution in the characterization methods limit the creation
of detailed structure-function relationships between these parameters. Therefore, additional
study is needed to understand the complex structural organization of PCU with respect to its
use in medical devices where thermal processing during manufacturing and in vivo loading
could change the structure and, consequently, the mechanical response of the material.
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Elastohydrodynamic Lubrication
in PCU Hip Implants

4.1 Introduction

As discussed in Section 1.3.1, the leading cause of failure in polymeric hard on soft total joint
replacements is loosening, a wear related failure. Wear of the ultra-high molecular weight
polyethylene (UHMWPE) bearing surface creates particulate debris that is released into the
joint cavity. On small size scales, these particles initiate an immune response. The immune
response begins a biological cascade, releasing cytokines that can then lead to bone resorption
and further accelerate implant failure [19]. Therefore, the primary target in moving toward
PCU as an alternative material is to improve the wear performance. Reducing wear would
increase the lifespan of the device and meet the increasing demand for longer lasting implants.

The use of a softer, more compliant, bearing surface has, therefore, been proposed as a
potential solution to improve the wear performance of total joint replacements. The only
commercialized compliant bearing material is polycarbonate polyurethane (PCU). As an
elastomer, PCU has a high energetic toughness, while also having a lower modulus ( 20
MPa) than UHMWPE (1 GPa). It is marketed as having a lower contact stress and in-
creased lubrication thickness to improve wear performance (See Chapter 1). The Tribofit®

acetabular cup (Active Implants, Memphis, TN, USA) has been available in the EU since
2006 and the Nusurface® meniscus implant (Active Implants, Memphis, TN, USA) has been
available in the EU since 2008 and is currently undergoing FDA clinical trials. Other devices
using PCU were reviewed in Chapter 1.

In the previous chapters we investigated the fatigue performance of PCU with respect
to its clinical use in orthopedic implants. However, given that wear related failures present
the largest challenge for current UHMWPE implants, the tribological performance of PCU
is central to the application of orthopedic implants. Theoretical elastohydrodynamic lubri-
cation (EHL) models of the lubricant thickness, initially showed great promise predicting
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full fluid lubrication and low wear for PCU systems [73, 74, 75]. In vitro experimental hip
simulator studies have not shown as large of an improvement as was predicted [70, 71, 72].
We hypothesize that the loading assumptions in early lubrication models led to an over pre-
diction of the lubrication regimes. Simplified models predicted thick lubricant films, which
would reduce surface contact and improve wear performance.

The aim of this chapter is to apply a more physiologically accurate 3D-transient EHL
model to reassess lubrication thicknesses of lower modulus materials in hip implants com-
pared to an UHMPWE cup. First, an overview of wear studies related to PCU will be
presented. The theory of contact, wear, and lubrication modeling will be reviewed. Then
the theory of EHL modeling will be introduced. Finally, we will present simulated lubrica-
tion results using an existing 3D-transient EHL model with a compliant, PCU, acetabular
cup in a hip implant.

4.2 Experimental and Simulated Wear

Performance of PCU

EHL modeling has been used to evaluate the impact of using a compliant bearing material,
like PCU, in orthopedic implants. Early studies predicted that a more compliant bear-
ing surface would lead to lower contact pressures and thicker lubrication layers than with
UHMWPE [74, 128]. However, these studies were limited in that they used a model fit
for the solution of the Reynold equation and used a non-physiologically high viscosity for
convergence stability. These models predicted film thicknesses on the order of 0.2 µm.

Wang et al. used a 1D steady-state EHL model to model a generic polyurethane elastomer
with a linear elastic modulus of 20 MPa and Poisson’s ratio of 0.4999 versus UHMWPE. He
found that the polyurethane designs with radii of 16mm and 23mm had fluid film thicknesses
of 0.166 µm and 0.364 µm respectively compared to a fluid film thickness of 0.110 µm for the
UHMWPE design with a radius of 14 mm (Figure 4.1) [68]. This corresponded to a reduction
in the fluid pressure distribution in PCU implants (Fig. 4.2). This model suggested that
while the lubrication thickness of UHMPWE (0.11 µm) is lower than the surface roughness
(0.1 - 2.5 µm) [129], it is operating in a mixed mode lubrication regime and susceptible to
wear. A thicker film for PCU suggested a better lubricated regime compared to its surface
roughness (reported as 26.6 - 783.0 nm) [71].
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Figure 4.1: The film thickness distribution in UHMWPE and PCU for a steady state model with
only flexion and extension motion at a load of 1456 N and viscosity of 0.5 Pa·s. Reprinted from
[68], with permission from Sage Publishing.
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Figure 4.2: The lower modulus of polyurethane reduced the fluid pressure distribution compared
to UHMWPE. Increasing the radius further reduced the peak pressure. Reprinted from [68], with
permission from Sage Publishing.
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A full fluid film lubrication regime is how native cartilage maintains such low coefficients
of friction. The two articulating surfaces are separated by the lubricant and do not come
into contact. As the lubricant thickness decreases within the range of the surface rough-
ness, some of the higher asperities (peaks) come into contact and wear can occur. With
thinner lubricant thicknesses, more and more asperities come into contact, increasing wear
until a boundary lubricated regime is reached and only a thin layer of the lubricant ex-
ists. Early EHL studies predicted full fluid film lubrication regimes to mixed lubrication
(but better than UHMWPE) and led to the promotion of the material as ‘biomimetic’ and
‘cartilage-like’, implying that it utilizes the same mechanisms as native cartilage to maintain
its incredible friction and wear resistance [69]. These early models were used to motivate the
study of PCU and many publications looking at PCU as a candidate material for medical
devices cite improved lubrication regimes as a motivation [116, 130, 70, 71, 72, 14, 84, 131].
However, experimental data does not fully align with these predictions.

Simulation and experimental studies of PCU have shown low friction levels and full or
partial lubrication regimes in PCU bearing [116, 131]. Bionate® articulating on cartilage
also showed good results with a low coefficient of friction and limited wear to the cartilage
[86]. The measured coefficients of friction were 0.24 - 0.5 compared to 0.0005 - 0.04 for native
cartilage on cartilage articulation [86].

There is no clinically acceptable wear rate or failure criteria. Therefore, wear is typically
assessed in comparison to the current standard, UHMWPE. Since UHMWPE is known to
fail due to wear related issues, a lower wear rate than UHMWPE would signal promise for
the material.

Initial data from in vitro wear studies suggests that the wear properties of PCU are sim-
ilar to or slightly lower than those of UHMWPE. Two studies by Elsner, of Active Implants
Inc, using the ISO 14242 gait loading curve with a maximum load of 3000 N for 8 and 20
million cycles, report a volumetric wear rate for PCU of 5 - 11 mm3/million cycles (2 - 3 x
106 particles/million cycles) [70, 71, 132]. Another hip simulator study by Active Implants
Inc, used direct UHMWPE control with a Paul loading curve and 3000 N max loading for 5
million cycles. This study reported a higher wear rate for PCU, at 19.1 mm3/million cycles
compared to a control of UHMWPE at 25 - 27 mm3/million cycles [72]. Other studies re-
port positive results for PCU compared to UHMWPE in a less clinically relevant dual axis
pin-based wear simulator [133].

Compared to crosslinked UHMWPE, the wear rate of PCU is less promising. Wear
rates of UHMWPE have been significantly lowered with the addition of crosslinking. Wear
rates of conventional UHMWPE range from 17.1 - 56.7 mm3/million cycles with metal and
ceramic respectively. Crosslinking reduces these rates to 4.7 - 8.1 mm3/million cycles for
UHMWPE on metal and ceramic respectively [14]. The reported wear rates for PCU of 5 -
19.1 mm3/million cycles [70, 71, 72] falls within and above the range reported for crosslinked
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UHMWPE (Figure 4.3). There is not a clear improvement in wear performance of PCU over
UHMWPE based on wear volumes in experiments as was predicted by lubrication models.

Figure 4.3: The wear rate of PCU reported from in vitro studies is comparable to current wear
rates in crosslinked UHMWPE. Adapted from [14].

Although explant data is very limited, wear estimates from in vivo data estimates similar
wear to what has been reported in vitro. One study reported a wear rate of approximately
13.4 mm3/year after 10.5 months on implantation [77]. Another study of an explant from
12 months of implantation estimated a wear rate of less than 15 mm3/year [76].

Beyond wear volume, the size of the PCU particles, from in vitro hip simulator testing,
was also found to be different from that of UHMWPE [70, 71]. Generally, small wear debris
0.2 - 10 µm triggers immune cells to start an inflammatory response [70]. Therefore, if PCU
wear particles are larger, macrophage inflammatory response to PCU may be lower than
the inflammatory response to smaller UHMWPE wear particles [19]. The inflammatory
cell response has been correlated with changes in osteoclast function and long-term bone
resorption. This can lead to loosening and failure of a device. The large size of the PCU
particulate debris is therefore less likely to initiate the adverse biological cascade. However,
larger particles could produce additional tribological challenges.

PCU particles in a wear simulator study were found to be 8 - 13 µm (Figure 4.4) com-
pared to the reported size of UHMWPE (0.1 - 5 µm) and metal debris (0.051 - 0.116 µm)
[70, 71]. In contrast to what was found in simulator studies, in an explant study, Wipper-
mann found significantly smaller wear particles than reported by Elsner. After 10.5 months
in vivo, Wippermann reported average particles sizes of 0.9 and 2.9 µm using filtration and
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SEM with a range of 0.5 - 30 µm (plus a single particle of 200 µm) [77].

Figure 4.4: The wear particles in PCU were reported to be larger on average than those in
UHMWPE or metal on metal implants. Larger wear particles are hypothesized to have lower
inflammatory potential. Reprinted from [70], with permission from Elsevier

Overall there is a conflict between the optimistic predictions of EHL modeling and the
outcomes of in vitro wear studies for PCU in orthopedic implant applications. In this chap-
ter we present the results of a collaboration between the author and Dr. Leiming Gao. We
apply a more clinically relevant 3D loading EHL model, developed by Dr. Gao, to revisit
the mechanics of lubricated contact with a compliant surface. The goal of this study is to
align the simulations with the in vitro experimental studies to understand the tribological
characteristics of using compliant materials, like PCU, in orthopedic implants.
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4.3 Theory of Elastohydrodynamic

Lubrication Modeling

The best way to reduce wear in engineering contact systems is through lubrication. In the
case of a total joint replacement, the lubricant, synovial fluid, is naturally available. However,
the presence of a lubricant does not ensure better tribological performance. The lubricant
must be able to maintain separation of the two contacting surfaces under an applied load and
relative motion. Hydrodynamic lubrication/mixed lubrication describes the fluid layer that
separates or partially separates two surfaces based on the relative velocity and applied load
of one of the surfaces based on lubrication approximation theory. The Reynolds equation
can be solved to determine the fluid thickness and pressure distribution in the fluid based
on a given applied load, geometry, fluid viscosity, and velocity. EHL couples the solution for
the elastic deformation of the materials due to the applied pressure with the film thickness of
the lubricant. EHL uses the finite difference method to solve the highly non-linear coupled
problem in lubricated contact. Along with the stability challenges of the nonlinear nature of
the problem, efficient solvers are required for convergence.

Lubrication in bearing contacts is well studied from the perspective of classical mechani-
cal bearings and acts to limit the direct interaction between asperities of the two contacting
surfaces through the balance between mechanical deformation of the surfaces and the flow
of the fluid. For contacts where the load is high and relative motion is low, the material
deformation dominates the fluid lubrication layer. Therefore, the dry contact approxima-
tion for deformation can be used to typify the physical character of the contact. But fluid
lubrication effects are still important to consider. Examples of such bearing surfaces include
roller bearings and cams in which the contact areas are small and the pressures are high
leading to deformation of the contacting surfaces. Such classic mechanical examples have
strong analogies to a ball-in-socket hip implant.

Lubrication modeling is so well studied because it is impractical to measure lubricant
thickness and pressure in many applications. To measure lubricant thicknesses, white light
interferometry is used which requires on of the bearing couples to be optically clear. In
the case of total joint replacement, EHL provides the ability to model complex lubrication
regimes that cannot be experimentally measured and have important implications to device
life and performance.

The results of EHL approximate the lubrication regime and are related to wear, but do
not directly predict the wear potential of the material. We begin by motivating the use of
EHL for approximating wear performance by outlining the relationship between lubrication,
contact, and wear.
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4.3.1 Lubrication Regimes

In an effort to reduce wear, lubrication is employed to reduce contact between articulating
surfaces. Lubrication reduces the frictional force which correlates to wear. It also physically
separates regions of the contacting surfaces, reducing adhesive effects and contact stresses.
Lubrication is described as three main regimes, boundary lubrication, mixed lubrication,
and full film lubrication.

The Stribeck curve describes the interaction between the lubrication regimes and the re-
sultant coefficient of friction for a given system as a function of the relative velocity between
the surfaces, applied pressure, and viscosity of the fluid (Figure 4.5). Boundary lubrication
occurs when there is a majority of contact between the two surfaces, mixed lubrication is a
middle state where some regions are lubricated, while some asperities of the surfaces are in
contact, and full fluid lubrication is a regime where the lubricant fully separates the surfaces
and no solid-solid contact occurs (Figure 4.6). Elastohydrodynamic lubrication is the ideal
state for reducing wear of a system. However, the lubrication regime is a function of velocity,
and when velocity goes to zero the system tends toward boundary lubrication.

In the case of total joint replacement, where loading is highly variable, even if a bear-
ing couple provides good lubrication in a steady state case, there will exist time points of
start-up and reversal of motion, where the lubrication regime will tend towards mixed or
boundary lubrication.

The hydrodynamic lubrication regime (λ) is dictated by the ratio between the minimum
film thickness (hmin) of the lubrication layer and the composite surface roughness (average
roughness: R′a or rms roughness: R′q) (Equation 4.1).

λ =
hmin
R′(a)

(4.1)

A boundary lubrication regime is defined as systems where 0.1 ≤ λ < 1, a mixed lubrica-
tion regime is defined as 1 ≤ λ < 3, and a full fluid film lubrication regime is defined as λ ≥ 3.

For materials with low modulus subjected to high contact pressures, microelastohydro-
dynamic lubrication may reduce the roughness height. The theory of microEHL is that the
high contact pressures deform asperities in the contact region to create a more uniform and
smooth surface and decrease the potential for mixed lubrication regimes. This theory has
been cited in support of the use of compliant bearing surfaces like PCU.

The lubrication regime is based on fluid behavior, but in EHL, the relative displacement
due to material deformation typically dominates compared to the undeformed fluid thickness.
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Figure 4.5: The Stribeck curve shows that lubrication regime and coefficient of friction are a
function of the relative velocity, lubricant viscosity, and applied pressure of the contact system.
The coefficient of friction is highest in boundary lubrication, then lower in mixed lubrication, and
then lowest in elasto- and hyrodynamic lubrication or full-fluid lubrication. Adapted from [134].

Figure 4.6: Lubrication regimes are defined as full-fluid lubrication, also referred to as hydrody-
namic lubrication or elastohydrodynamic lubrication (left), mixed lubrication when some asperities
are in contact while other areas are lubricated (center), and boundary lubrication, where little
lubricant separates the surfaces and a large portion are in direct contact (right).

In an EHL model, different methods have been developed to calculate the elastic deformation
in the acetabular cup based on a given pressure distribution. The contact problem was first
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solved analytically by Hertz. The Hertzian contact solution relates the loading, geometry,
and material properties of two contacting bodies and the resulting contact area, contact
stress, and deformation. These relationships between load, contact area, contact stress, and
deformation provide context for the results of the EHL model with respect to wear potential.

4.3.2 Hertzian Contact Theory

As will be presented in the next section, the wear rate has generally been shown to be a
function of contact pressure, sliding distance, and contact area. Hertzian contact theory
provides an analytical model to understand the interaction of contact stress, material prop-
erties, contact area, and geometry in a given contact. Hertz was the first to find an analytical
solution to the problem of two contacting spheres assuming a parabolic approximation for
the bodies. The gap between the two bodies can be described by:

h(x, y) = h0 +
x2

2Rx

+
y2

2Rx

+
2

πE ′

∫ +∞

−∞

∫ +∞

−∞

p(x′, y′)dx′dy′√
(x− x′)2 + (y − y′)2

(4.2)

where h is the gap between the two bodies, h0 is the initial distance between two rela-
tive points in the two bodies, Rx = Ry which are the equivalent radii, E’ is the equivalent
modulus of the two body system, and p is the pressure distribution in the contact area.

According to Hertzian contact theory, contact stress and the resulting material deforma-
tion is a function of the modulus of the contacting material, applied load, geometry, and
the contact area. When two surfaces are pressed together in contact, both bodies deform
to give a contact area with a pressure distribution that balances the applied load (Figure 4.7).

In contact, the gap (h) is equal to zero and pressure is positive. Where the gap (h) is
greater than zero, no contact occurs and the pressure is zero. The force balance between the
applied load (w) and the pressure distribution in the area of contact is given as:

w =

∫ ∫
Ω

p(x, y)dA (4.3)

where Ω is the contact area.

The analytical solution by Hertz for two spheres of equal radius in contact results in a
contact area disc of radius a. The central deformation is given as:
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Figure 4.7: Hertzian contact theory for two spheres gives an analytical solution for the contact
area and pressure distribution based on the radii of each sphere (R), the applied load (F), and the
elastic modulus and Poisson’s ratio of each sphere (E and ν).

h0 =
−a2

Rx

(4.4)

and the resulting pressure distribution in the contact area is given as:

p(x, y) = ph
√

1− (x/a)2 − (y/a)2 (4.5)

Both these results are in terms of only two variables, the contact radius (a) and the
central contact pressure (ph). These variables are defined as:

ph =
3w

2πa2
(4.6)
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a =
3

√
3wRx

2E ′
(4.7)

where :
2

E ′
=

(1− ν2
1)

E1

+
(1− ν2

2)

E2

(4.8)

The Hertzian contact solution provides a relationship between the contact pressure and
the modulus of the material based on this simplified geometry. A reduction in modulus
increases the contact area which in turn reduces the contact pressure. Although the solution
is less straight forward for a conforming geometry, in the case of orthopedic implants, the
reduction in modulus of PCU (24 MPa) from that of UHMWPE (1 GPa), would then also
reduce the maximum contact pressure. However, a reduced contact stress does not directly
correlate to lower wear. Material interactions, surface roughness, and lubrication can all
influence the wear rate. In a conforming contact, a lower modulus will also increase the
contact area leading to statistically more opportunity for interaction of surface asperities
and wear to occur.

Hertzian contact has many simplifying assumptions that enable its analytical solution. It
assumes similar material properties, low contact areas, and linear elastic material behavior.
In early EHL models, Hertizan contact for a ball-on-plane geometry was used to estimate
the elastic deformations under hydrodynamic pressure. To improve the fidelity of the model
other analytical approximation such as the constrained column model were incorporated.
Other analytical approximations of elastic deformation and finite element methods will be
discussed in the solution of the EHL model. However, Hertzian contact provides a simple
basis to understand the complex relationships between the variables that ultimately influ-
ence the lubrication regimes that are modeled in EHL.

4.3.3 A Generalized Wear Model

Archard’s wear law provides an empirical wear relationship to understand what variables
play a role in the wear rate of a material. Archard’s law relates the wear rate (V ) to a wear
rate coefficient (C), the contact load (P ), and the sliding distance (L) [135]:

V = CPL (4.9)

Variations of Archard’s Law have been adopted for modeling wear of UHMWPE joint
replacements, incorporating material parameters such as hardness, yield strength, and cross
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shear ratio [136, 137, 138, 139]. Liu et al. showed that for UHMWPE, the linear wear rate
(δ = volumetric wear rate per area) was independent of contact pressure, but dependent on
the cross shear ratio (Co, Equation 4.11), contact area, and sliding distance. The cross shear
ratio is the ratio of the frictional work component normal (Wti) and parallel (Wpi) to the
principal molecular orientation to the total frictional work discretized across a motion cycle
[138, 139], leading to the relationship:

δ = C(Co)L (4.10)

Co =
ΣWti

Σ(Wti +Wpi)
(4.11)

Although these wear laws can be informative in modeling and predicting wear, they
rely on empirically derived relations rather than material properties or damage mechanisms.
Some studies of UHMWPE have aimed to look more mechanistically to understand wear in
UHMWPE, but without establishing a fundamental relation [140].

For PCU, although many simulator wear studies have been done [70, 71, 72], none have
used the Archard wear model or a derivative of the model. Instead, wear rates have been
reported in volume or mass per year or million cycles. Since the wear coefficient captures all
the mechanistic information of the wear process, it is an oversimplification to assume that a
lower contact stress could reduce the wear rate in PCU. Further, it has been shown that in
UHMWPE, the wear rate is independent of contact pressure [139]. Therefore, to understand
the long-term wear potential of PCU, a more detailed model is needed to capture the contact
in a PCU joint replacement.

Wear has been incorporated into EHL models through the application of Archard’s law
iteratively with the transient EHL solution for metal on metal implants [141]. A wear model
for metal was developed based on a modified Archard’s Law which incorporates material
thickness and surface roughness to predict wear rates. This model was able to capture the
two regimes of wear observed in hip simulator studies: the ‘wear-in’ regime of a higher wear
rate and ‘steady-state’ period with a lower equilibrium wear rate [142, 143].

Fundamentally, Archard’s wear law relates the contact load (P ) and the sliding distance
to the wear rate through a coefficient that incorporates material, lubrication, and mechanis-
tic effects. The results of EHL produce an estimate of the contact load (P ), a direct variable
in the wear law, and the lubrication regime, which is incorporated into the wear coefficient.
Therefore, indirectly, the results of EHL can be used to predict changes in wear performance.
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4.3.4 Elastohydrodynamic Lubrication

Next we will outline the components of the EHL model: hydrodynamic lubrication, elastic
deformation, force balance, and numerical methods. Hydrodynamic lubrication consists of
the fluid dynamic equations that approximate the film thickness and pressure based on an
applied load and velocity. Elastic deformation considers the amount of deformation in the
acetabular cup as a result of the fluid pressure. The force balance ensures equilibrium is
maintained between the fluid pressure and applied loading. Finally, the numerical methods
used to solve the highly nonlinear problem will be reviewed. The following overview serves to
provide a basic foundation to understand the results of EHL modeling. For a more detailed
overview of the problem and numerical methods employed in the solution see [144].

Hydrodynamic Lubrication

EHL simultaneously solves the Reynolds equation for fluid thickness and pressure distribu-
tion as well as elastic deformation of the material. It must first solve for the fluid thickness
and pressure an initial thickness, then calculate the material deformation due to the pres-
sure, and then iterate until a converged film thickness and pressure is reached. In some cases,
the relationship between pressure and the viscosity and density of the fluid may need to be
accounted for. However, that is not the case for total joint replacements where the viscosity
can be approximated as Newtonian at the loads and velocities of motion.

Hydrodynamic lubrication refers to the uncoupled case without the consideration of elas-
tic deformation. In hydrodynamic lubrication, the Reynolds equation (Equation 4.12) de-
scribes the pressure distribution in a viscous fluid flow through a small gap. The Reynolds
equation can be derived from the Navier Stokes equations assuming negligible inertial and
external forces, large planar dimensions relative to height, and no slip boundary conditions:

∂

∂x

(
ρh3

12η

∂p

∂x

)
+

∂

∂y

(
ρh3

12η

∂p

∂y

)
− ∂(umρh)

∂x
− ∂ρh

∂t
= 0 (4.12)

where p is the pressure, h is the total film thickness, um is the mean surface velocity, η
is the viscosity, ρ is the density, and t is time (Figure 4.8).

A cavitation boundary condition is applied to ensure that no negative pressures exist in
the solution. This results in the creation of a complimentary problem in which the Reynolds
equation is valid when p(x, y) > 0 and set to p(x, y) = 0 everywhere else [144].

In the case of a total joint replacement (Figure 4.9), a spherical coordinate system is
adopted [145, 146, 147] .
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Figure 4.8: The Reynolds equation solves for the fluid thickness (h) and pressure (p) under the
average velocity (um) considering the fluid viscosity (η) and density (ρ).

Figure 4.9: In the hip geometry, the Reynolds equation includes the rotation motion (ω) of the
gait cycle considering that the fluid pressure must be in equilibrium with the applied load (F ) from
the gait cycle. The θ direction is along the arc shown and φ is normal to θ.

Solid Elastic Deformation

EHL couples the hydrodynamic lubrication problem with the elastic deformation of dry
contact. In order to solve this coupled problem, the solver must iterate between a current
solution for the film thickness and pressure and an updated solution accounting for material
deformation as a result of that pressure. The elastic deformation has been incorporated into
the EHL solution in several different ways, using analytical models, like the Hertzian contact
solution, or, as used in this study, through relationships derived from finite element models
[147].

The elastic deformation of the two bodies, the acetabular cup and femoral head, can
be most simply approximated based on Herztian contact theory as described in Section
4.3.2. However, that is only valid for the limited geometries for which the assumptions
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of the analytical solution apply. Another analytical method to approximate the elastic
deformation based on a linear elastic response is through the constrained column model
[145, 17]. In spherical coordinates the deformation based on the constrained column model
can be calculated as:

δ =
R2

[
(R3

R2
)3 − 1

]
E
[

1
1−2ν

+ 2
1+ν

(R3

R2
)3
]p (4.13)

Another method to solve the elastic deformation is to use the finite element method to
create a relationship between pressure and displacement based on an assumed symmetry and
linear elastic material behavior. This method is used in Dr. Gao’s 3D-transient EHL model
[147]. First, a finite element model is used to solve for the deformation that results from a
unit pressure applied at a single element area in the center of the cup. The deformation at
every point due to a unit pressure at the center can then be used to generate a map between
the distance of one point from another and the relative displacement [148]. A matrix map-
ping the displacement at every point in the mesh relative to a unit pressure at any other
given point is created. The map is then incorporated into the model using the equivalent
spherical discrete convolution (ESDC) technique and fast Fourier transform (FFT) to cal-
culate displacement from a pressure distribution [148, 147]. This method assumes perfect
symmetry such that no edge effects occur to change the material deformation as the load
moves away from the center of the cup. This finite element approach allows for factors like
supporting material and thickness to be incorporated in the elastic deformation.

Force Balance

Finally, a force balance between the fluid pressure and the applied load boundary condition
must also be satisfied, incorporating the applied load from the gait cycle into the solution
(Equation 4.14):

F =

∫ +∞

−∞

∫ +∞

−∞
p(x′, y′)dx′dy′ (4.14)

where F is the total external applied load and p is the fluid pressure.
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Numerical Methods of the Solution

In joint replacement models, a spherical mesh is adopted such that the element size in equal
in both the θ and φ direction (∆θ = ∆φ). Finite difference discretization schemes are used
to discretize each equation. Typically, multiple finite difference schemes are applied to the
Reynolds equation to promote stability. Gauss Seidel or Jacobi relaxation is used in the pres-
sure iteration of the fluid solution. Multi-grid methods are used to accelerate the solution by
relaxing different error frequencies on different mesh densities. Multi-level multi-integration
methods are used to incorporate the elasticity solution into the solver. Convergence is then
set as a limit on the change in the pressure error over one cycle, typically error ≤ 10−4 [144].

4.4 Elastohydrodynamic Lubrication in

Orthopedic Implants

EHL theory can be applied to many examples of friction, wear, and contact in biology
including, microcirculation of red blood cells in capillaries, the blinking of an eye and con-
tact lens, respiratory motion between pleural surfaces, and articulation in synovial joints
[149, 150, 151]. Its application to synovial joints and subsequently, artificial joint replace-
ments provides a tool to study the complex in vivo environment [152, 153]. The designs that
have been modeled include, metal on metal, ceramic on ceramic, metal on UHMWPE, and
metal on polyurethane. Within more general EHL solutions, orthopedic applications have
highly conforming bearing surfaces (i.e. ball-in-socket), synovial fluid as the lubricant, and
highly variable and heterogenous loading patterns based on the gait cycle [129, 153].

EHL solves the coupled problem of the thickness of a pressurized fluid (the synovial fluid
under loading) and the elastic deformation of the contacting surfaces. The governing equa-
tions and solution will be outlined below. The output of the EHL model is an approximation
of the lubricant fluid thickness throughout the area of contact and the pressure distribution
in that fluid. The fluid thickness can then be used to estimate the lubrication regime as
outline in Section 4.3.1. The lubrication regime can then be related to the coefficient of
friction and propensity of the system to undergo wear.

4.4.1 Geometry

EHL models of hip implants typically use a ball-in-socket geometry assuming a highly con-
strained geometry. In some cases, such as hard contacts (i.e. metal-on-metal), a ball on
plane assumption can be used to simplify the problem (Figure 4.10, right). For soft contact,
such as metal on polymer, a ball-in-socket geometry must be used to improve the accuracy
of the results (Figure 4.10, left) [129, 145]. Another geometrical consideration is the position
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of the acetabular cup. Anatomically the cup is typically positioned at an angle of 45◦ with
respect to the horizontal [152].

Figure 4.10: A ball-on-plane geometry can be assumed for hard-on-hard couples where the contact
area is much smaller than the radius. Assuming ball-on-plane allows simple analytical models to be
used to calculate elastic deformation. However, for soft contact, a ball on plane model is required
to improve accuracy.

4.4.2 Lubricant

The lubricant used in orthopedic EHL models is synovial fluid, present in both the natural
hip joint and TJR. Synovial fluid is known to decrease in viscosity as a results of disease
(Figure 4.11) [154]. Synovial fluid is typically modeled as a Newtonian fluid with a rep-
resentative viscosity of 0.002 - 0.0025 Pa·s or 0.0009 Pa·s for 25% bovine serum typically
used in simulator studies. In reality, synovial fluid is non-Newtonian and experiences shear
thinning. However, at physiological shear rates (105s−1) and contact pressures below 100
MPa, a Newtonian approximation without piezo-viscous effects is applicable [152, 153, 129].
In many models, especially earlier models, a higher than physiological viscosities (0.01 - 0.1
Pa·s) were used for convergence stability [68]. Higher viscosities will result in higher film
thicknesses [68]. Therefore, it is important to consider the solution viscosity when comparing
results of EHL models.
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Figure 4.11: EHL modeling models synovial fluid as Newtonian and constant at physiological
loads and shear rates. However, the viscosity of synovial fluid is shear thinning and lowered by the
onset of osteoarthritis. Reprinted from [154] with permission from John Wiley and Sons.

4.4.3 Loading Conditions

The loading conditions in orthopedic EHL models have progressively become more sophis-
ticated. Early models began with 1D quasi-static loading and 1D rotation. The model
progressed to a 1D transient analysis, which revealed the role of squeeze film action in
maintaining the film thickness during walking and a higher film thickness than quasi-static
analysis [155]. EHL modeling of joint replacements has evolved to include a 3D gait cycle
incorporating 3D loading and rotation. This allows the same loading pattern, for example
the ISO14242 gait pattern (further detailed in the Methods Section), to be used in EHL
models as is used in experimental wear simulator studies. Further development has incorpo-
rated load data collected from in vivo instrumented implants [156]. It has been shown that
the film thickness in a metal on metal hip implant increases with 3D loading compared to
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an equivalent 1D case [147]. Typical loads applied range from 300 - 3000 N with a steady
state angular rotation of 2 rad/s [157, 155, 158].

4.4.4 Previously Studied Material Couples

The results of EHL studies on the different material types follow the trends expected from
theory. The harder materials have smaller contact areas and lower film thicknesses. Metal on
metal implants have the highest contact pressures and lowest film thickness, then UHMWPE
on metal, and finally PCU on metal with the lowest contact pressures and largest film thick-
ness. Within each of these designs, variations in the geometry of the device can further
impact the character of the contact.

Metal on metal hip prostheses have lubrication film thicknesses in the range of 0.1 µm
and contact pressures of 20 MPa - 55 MPa [155, 158]. It has been shown that the film
thickness increases with increasing femoral head diameter and decreasing radial clearance
[155, 159]. The thickness of the acetabular component also plays a role in dictating the EHL
character [155]. However, other studies have shown little impact of the underlying material
[159, 158]. It has been shown that accounting for the underlying bone compliance does not
have a significant impact on the contact mechanics [158].

EHL studies of metal on UHMPWE hip prostheses have approximated a film thickness
on the order of 0.2 - 0.3 µm with maximum contact pressures of 8 - 12 MPa [157, 145]. There
was no observed difference in the predicted film thicknesses between quasi-static and tran-
sient analysis [157]. As stated earlier, this film thickness is lower than the average surface
roughness of UHMWPE (0.5 µm) suggesting a mixed lubrication regime facilitating the wear
issues seen in current implants. In mixed lubrication, some asperities are in contact with
the opposing surface and there is not continuous lubrication. This mixed lubrication regime
has been studied using a sinusoidally varying radial surface. This resulted in a reduced film
thickness and a mixed lubrication regime at viscosities higher than physiological [152].

EHL solutions for a hip implant with a more compliant bearing surface material, us-
ing 1D-steady state loading, predicted lower contact pressures and thicker lubrication layers
than with UHMWPE [74, 160, 68]. Early models, that ran parametric studies, predicted an
increasing film thickness with reducing modulus [74].

Wang et al. modeled a generic polyurethane elastomer with a linear elastic modulus
of 20 MPa and Poisson’s ratio of 0.4999 versus UHMWPE using a 1D-steady state model.
They found that the polyurethane designs with radii of 16 mm and 23 mm had fluid film
thicknesses of 0.166 µm and 0.364 µm respectively compared to a fluid film thickness of 0.110
µm for the UHMWPE design with a radius of 14 mm [68]. This corresponded to a reduction
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in the fluid pressure distribution.

In summary, 1D-steady-state EHL models have predicted that softer PCU acetabular
cups will promote full-fluid lubrication and reduce wear in total hip replacements. However,
experimental wear studies have shown less promising results. The aim of this study is to ap-
ply a 3D-transient model of the physiological gait cycle to explore the impact of 3D motion,
reversals, and time dependance on the lubrication predictions of PCU hip implants.

4.5 Methods

4.5.1 Geometry and Materials

A PCU total hip replacement and a UHMWPE total hip replacement were modeled by Dr.
Gao using her 3D-transient EHL model [147]. A cobalt chromium femoral head, typical for
hip implant designs, was assumed to be articulating on the polymer. Due to the mismatch
in stiffnesses, the femoral head was assumed to be rigid. Similarly, the titanium metal lining
between the polymeric acetabular cup and the bone of the pelvis was assumed to be rigid.
This assumption was validated by comparing displacements in the acetabular cup with a
rigid surface or a titanium back.

The clinically available sizes of PCU acetabular cup range from 34 mm - 50 mm diame-
ters. The diameter of commercial PCU implants are larger, to accommodate larger femoral
heads, than a typical UHMPWE implant (28 mm), to provide a higher thickness, which
is designed to accommodate the known wear that will occur. The outer diameter is fixed
by the anatomical constraints of the pelvis. We modeled a 34 mm diameter PCU implant
and an equivalently sized UHMWPE liner in order to compare the film thicknesses directly.
The radial clearance that was modeled was 0.5 mm. The cup thickness was 3 mm for the
34 mm diameter devices. The geometries and material properties that were modeled are
summarized in Table 4.1.

4.5.2 Loading

A steady state solution was used as the initial guess for the solution of the transient model.
The steady state condition was with wy = -300 N and an angular velocity ωx = -2 rad/s.
Figure 4.12 shows the loading and rotations with respect to the cup geometry. The transient
solution was based on loading parameters that are used in hip simulator studies to mimic
the 3D loads of a single walking gait cycle. This 3D loading curve was based on ISO 14242
(Figure 4.13). The total cycle was solved discretely in 100 time steps.
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Table 4.1: Summary of the geometry, fluid properties, and material properties modeled in this
study.

Material
Property UHMWPE PCU

Radius (mm) 17
Cup thickness (mm) 3
Clearance (mm) 0.5
Viscosity (Pa·s) 0.01
Elastic Modulus (MPa) 1000 24

Poisson’s Ratio 0.4 0.4924

Figure 4.12: The ISO14242 load was applied to the acetabular cup via the femoral head in the
coordinate system shown here. The rotations correspond to the anatomical motions of flexion-
extension (ωx), internal-external rotation (ωy), and adduction-abduction (ωz). The angle β repre-
sents the 45◦ anatomical angle of implantation with respect to the face of the cup.
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Figure 4.13: The standard loading curve for joint simulator studies per ISO14242 was used as
the 3D load input into the model. One gait cycle was modeled at a rate of 1 Hz. At the top a
schematic of the corresponding motion (red leg) is shown. The gait cycle is typically divided into
the stance phase where the majority of loading occurs when the leg is on the ground and swing
phase when the leg is swinging forward for the next step.
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4.5.3 EHL Solution

This work employed a EHL model of a hip implant. For further details of the method
reference previously published work [147, 142, 143]. This model simultaneously solves the
Reynolds equation for the pressure distribution under the applied load and assumed fluid
thickness. The pressure distribution is then used to update the elastic deformation which
increases the fluid thickness and the two equations are iteratively solved until a converged
solution in reached for each time point in the gait cycle. The transient 3D Reynolds equation
in spherical coordinates (φ and θ) is given in Equation 4.15.
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(4.15)

where h is the fluid thickness, p is the fluid pressure, η is the fluid viscosity, Rc is the cup
inner radius, ω is the rotational velocity in x, y, and z directions in the global coordinate
frame of the applied load (Figure 4.12), and dyn is a switch parameter to switch between
steady state (dyn = 0) and transient conditions (dyn = 1). A zero pressure boundary con-
dition is used to ensure that all pressures in the solution are non-negative. The spherical
mesh in φ and θ is shown in Figure 4.14.

The total fluid thickness (Equation 4.16) is a function of the radial clearance (c) and
geometric gap between the femoral head relative to the cup in the x, y, and z directions (ex,
ey, and ez) and elastic deformation of the surfaces (δ(φ, θ)).

h(φ, θ) = c− exsinθcosφ− eysinθsinφ− ezcosθ + δ(φ, θ) (4.16)

The elastic deformation of the surfaces (δ, Equation 4.17) is calculated as a function of
the influence coefficient (K) as a function of pressure, spherical coordinate location, and
mean fixed latitude (θm).

δ(φ, θ) =

∫
φ

∫
θ

K(φ− φ′, θ − θ′, θm) · p(φ′, θ′)dθdφ (4.17)
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Figure 4.14: The mesh used for the finite difference discretization was a n x n spherical mesh in
the φ and θ directions.

The influence coefficient matrix (K) for estimating the elastic deformation of the cup
based on a given pressure was based on previously published method [68]. To create the
influence coefficient matrix, a COMSOL model of the acetabular cup was created with a
mesh equivalent to spherical mesh that would be used in the multi-grid solution. A unit
pressure with area ∆φ x ∆θ was applied at the center node (Figure 4.15). The resulting
displacement field on the surface was exported. From the displacement field with an n x n
mesh, a n2 x n2 matrix was created mapping the deformation as a function of distance from
the node where the pressure was applied was created. The equivalent spherical discrete con-
volution (ESDC) technique and fast Fourier transform (FFT) technique is used to calculate
the elastic deformation from this matrix as previously described by [68, 147].

In order to maintain equilibrium, the pressure solution (px,y,z) must be equivalent to the
applied load from the walking motion (wx,y,z), in this case the ISO standard loading curve:

fx,y,z = R2
c

∫
φ

∫
θ

px,y,zdθdφ = −wx,y,z (4.18)

The pressure transformation from the surface spherical cup mesh (θ, φ) to the global
cartesian coordinate system (x, y, z) of the applied loading is defined as:
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Figure 4.15: A unit pressure was applied to an area of ∆φ x ∆θ to calculate the displacement
field resulting at that node.

px = psin2θcosφ

py = psin2θsinφ

pz = psinθcosθ

(4.19)

The above governing equations are non-dimensionalized using the modulus (E), radial
clearance between femoral head and acetabular cup (c), radius of the cup (Rc), viscosity of
the fluid (η), and a unit rotational velocity (ωo):
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P =
p

E

H =
h

c

∆ =
δ

c

Wx,y,z =
wx,y,z
ER2

c

Fx,y,z =
fx,y,z
ER2

c

ε =
c2E ·H3

6ηR2
cωo

Ωx,y,z =
ωx,y,z
ωo

T = t · ωo
ēx,y,z =

ex,y,z
c

(4.20)

Additionally, non-dimensionalization was done such that all variables are on the order of
1 in effort to reduce error and improve numerical stability. The non-dimensional parameters
in Equation 4.20 were used to non-dimensionalize the Reynolds equation (Equation 4.21), the
film thickness equation (Equation 4.22), the elastic deformation equation (Equation 4.23),
and the force balance equation (Equation 4.29 and 4.31).
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(4.21)

H(φ, θ) = 1− ēxsinθcosφ− ēysinθsinφ− ēzcosθ + δ̄(φ, θ) (4.22)

δ̄(φ, θ) =
E

c

∫
φ

∫
θ

K(φ− φ′, θ − θ′, θm) · P (φ′, θ′)dθdφ (4.23)
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Fx,y,z =

∫
φ

∫
θ

Px,y,zdθdφ = −Wx,y,z (4.24)

Px = Psin2θcosφ

Py = Psin2θsinφ

Pz = Psinθcosθ

(4.25)

The EHL problem was solved numerically using the finite difference method. The cup
surface was discretized into a spherical mesh of equal sizing in the φ and θ directions as shown
in Figure 4.14. In the case of the Reynolds equation, multiple finite difference schemes were
applied to different parts of the equation in order to support stability and convergence of
the solution (Equation 4.26). In order to solve the transient cases, the film thickness from
the previous time step (H̄i,j) was used.

1

∆2
φ

[
εi−0.5,jPi−1,j − (εi−0.5,j + εi+0.5,j)Pi,j + εi+0.5,jPi+1,j]

+
sinθj
∆2
θ

[εi,j−0.5sinθj−0.5Pi,j−1 − (εi,j−0.5sinθj−0.5

+ εi,j+0.5sinθj+0.5)Pi,j + εi,j+0.5sinθj+0.5Pi,j+1

]
=− Ωx

[
sin2θjsinφi

Hi,j −Hi,j−1

∆θ

+ sinθjcosθjcosφi
Hi,j −Hi−1,j

∆φ

]
+ Ωy

[
cosφisin

2θj
Hi,j −Hi,j−1

∆θ

− sinθjsinφicosθj
Hi,j −Hi−1,j

∆φ

]
+ Ωzsin

2θj
Hi,j −Hi−1,j

∆θ

]
+ 2sin2θj

Hi,j − H̄i,j

∆T

· dyn

(4.26)

The half step discretization for the second-order discretization is defined as:
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εi−0.5,j =
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(4.27)

δ̄i,j =
E

c

Nφ∑
k=1

Nθ∑
l=1

Ki−j,k−lPk,l∆θ∆φ (4.28)

The force balance was discretely approximated using a simplified 9-point weighted sum-
mation (Equation 4.29).

Fx,y,z =
∆φ∆θ

9
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P x
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2θjcosφi

P y
i,j = Pi,jsin

2θjsinφi

P z
i,j = Pi,jsinθjcosθj

(4.30)

Gauss-Seidel relaxation is used to solve the Reynolds equation. The non-dimensional
eccentricities (ē) were adjusted based on the error between the calculated (F) and applied
load (W) multiplied by a factor (µ) to accelerate convergence.

ēx,y,z = ēx,y,z − µx,y,z(Fx,y,z +Wx,y,z) (4.31)
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Multigrid methods were used to solve the problem. Two grid levels, 65 x 65 and 129 x
129, were used. The convergence criteria that were used are outlined in Equation 4.32 and
4.33.

errwx,y,z =| fx,y,z + wx,y,z
wx,y,z

|< 0.05 (4.32)

errp =

∑257
i=1

∑257
j=1 p

new
i,j − poldi,j∑257

i=1

∑257
j=1 p

new
i,j

< 0.05 (4.33)

4.6 Results

We solved the transient 3D EHL problem for a acetabular cup made of either PCU or
UHMWPE. All geometry and fluid variables were held constant except the material prop-
erties (elastic modulus and Poisson’s ratio) for the different materials. The results will be
presented at key points within the gait cycles highlighted in Figure 4.16, heel-strike, mid-
stance, toe-off, and swing.
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Figure 4.16: The film thickness and pressure distributions will be presented at the time points of
the gait cycle (heel strike, mid-stance, toe off, and swing) marked in this figure. Colors of the lines
will match the color of the results curve.

4.6.1 UHMWPE

The minimum film thickness along a central cross section for UHMWPE ranged from 2.53
µm to 3.78 µm throughout the gait cycle (Figure 4.17, left). The maximum pressure in the
fluid reached a peak at 12.7 MPa and followed the loading pattern of the applied loads from
the gait cycle (Figure 4.17, right). The film thickness increased at the peak loads. This
might be due to the fact that the minimum film thickness occurred at a ring around the
central area of maximum pressure such that at higher loads, as the contact area increased,
there was sufficient central film thickness to support the increasing load.

The distribution of the film thickness and pressure at a central cross section in the en-
training direction (direction parallel to dominant rotation) is shown in Figure 4.18. The
region of minimum film thickness does not correspond to the region of maximum pressure,
but the distributions are symmetric around the center of pressure even under varying rota-
tion in 3D. The mismatch between pressure distribution and film thickness distribution may
seem counterintuitive, but is due to the complex interactions between the rotations in 3D
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Figure 4.17: The minimum film thickness in the UHMWPE cup throughout the gait cycle (left)
and corresponding maximum pressure (right).

changing the direction from which new lubricant is pulled into the pressurized area relative
to what is squeezed out.

The film thickness and area under loading both vary with respect to applied loading of
the gait cycle. The distribution of the film thickness and pressure at a cross section normal
to the direction of dominant rotation (squeeze direction) are shown in Figure 4.19. There is
little difference between the two directions, because the distributions are symmetric around
the center of loading. The near symmetry is clearly seen in the distributions of film thickness
and pressure shown in Figures 4.20 & 4.21.
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Figure 4.18: The film thickness and pressure distribution at the mid-line in the entraining direc-
tion of the UHMWPE cup at the major inflection time points in the gait cycle. Note: heel-strike
and toe-off curves overlap.

Figure 4.19: The film thickness and pressure distribution at the mid-line in the squeeze direction
(normal to the entraining direction) of the UHMWPE cup at the major inflection time points in
the gait cycle. Note: heel-strike and toe-off curves overlap.
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Figure 4.20: Contour plot of the fluid pressure distribution in the UHMWPE acetabular cup at
heel-strike (top left), mid-stance (top right), toe-off (bottom left), and swing (bottom right). The
pressure is plotted in a 2D projection of θ and φ as spherical locations in degrees from 0 to 180
along the arc of the cup.
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Figure 4.21: Contour plot of the film thickness distribution in the UHMWPE acetabular cup at
heel-strike (top left), mid-stance (top right), toe-off (bottom left), and swing (bottom right). The
film thickness is plotted in a 2D projection of θ and φ as spherical locations in degrees from 0 to
180 along the arc of the cup.
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4.6.2 PCU

The maximum fluid pressure predicted in PCU was lower than that predicted for UHMWPE.
The maximum fluid pressure at a central cross section was 6.0 MPa and changes in the max-
imum pressure followed the pattern of changing applied load (Figure 4.22, right). A lower
fluid pressure is what is expected with a more compliant material and would create lower
contact stresses in the material.

Figure 4.22: The minimum film thickness in the PCU cup throughout the gait cycle (left) and
corresponding maximum pressure (right).

The changes in film thickness in PCU relative to those predicted for UHMWPE were
large. The range in minimum film thickness at a central cross section for PCU ranged from
0.02 µm (set as a zero limit in the code, representing full contact) to 14.8µm (Figure 4.22,
left). These large changes in film thickness throughout the gait cycle are a result of the more
compliant behavior of the material and much larger displacement magnitudes. The film
thickness was observed to go to zero during heel strike, then rebounds dramatically during
stance as the load drops, and drops at a similar rate when reloaded at toe-off, but does not
return to zero (0.5 µm). Finally, during the swing phase, although the load drops, a dramatic
spike in film thickness is not repeated. This could be due to the reversal in the direction of
ωx. However, it should be noted that throughout the swing phase, rather than maintaining
the minimum film thickness, the film thickness slowly decreases over time, suggesting that
lubricant is squeezing out faster than it is being pulled in through entraining motion at the
low load.

Compared to UHMWPE, the total loaded area of the PCU cup is much greater. At
toe-off, where the applied load is maximum, the percent of nodes in PCU where the fluid
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thickness is less than 5 µm is 68% compared to 20% in UHMWPE (Figure 4.23). Statisti-
cally, this means that, for a an equivalent film thickness, there is more potential for wear with
a larger contact area because there is more likelihood that large asperities will be present in
a larger area to come into contact.

Figure 4.23: The film thickness and pressure distribution at the mid-line in the entraining direc-
tion of the PCU cup at the major inflection time points in the gait cycle. Note: heel-strike and
toe-off curves overlap in the pressure distributions.

The pressure distributions at each timepoint in the gait cycle is symmetric around the
center (Figure 4.23 & 4.24, right, and Figure 4.25). One exception is seen in the swing phase
of the gait cycle (Figure 4.26). In contrast, the film thickness distributions are not symmetric
in the entraining direction and are lower at the inlet than the outlet (Figure 4.23, left). This
behavior is typical of EHL distributions with a minimum film thickness near the inlet. In the
direction normal to the entraining direction, the squeeze direction, the distribution is less
directed, but asymmetry can still be observed (Figure 4.24). The minimum film thickness
distributions show that the minimum film thickness at each time point in the gait cycle does
not occur in the same region or occur in the location of highest pressure. For example, in
the swing phase, the minimum film thickness occurs not only at the edge of the cup, but it is
off the central axis (Figure 4.26). The presence of a minimum outside of the major loading
directions demonstrates the limitation of using an assumption of 1D loading.
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Figure 4.24: The film thickness and pressure distribution at the mid-line in the squeeze direction
(normal to the entraining direction) of the PCU cup at the major inflection time points in the gait
cycle. Note: heel-strike and toe-off curves overlap in the pressure distributions.
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Figure 4.25: Contour plot of the fluid pressure distribution in the PCU acetabular cup at heel-
strike (top left), mid-stance (top right), toe-off (bottom left), and swing (bottom right). The
pressure is plotted in a 2D projection of θ and φ as spherical locations in degrees from 0 to 180
along the arc of the cup.
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Figure 4.26: Contour plot of the film thickness distribution in the PCU acetabular cup at heel-
strike (top left), mid-stance (top right), toe-off (bottom left), and swing (bottom right). The film
thickness is plotted in a 2D projection of θ and φ as spherical locations in degrees from 0 to 180
along the arc of the cup.
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4.7 Discussion

PCU has been marketed as a ‘cartilage-like’ material that was predicted to maintain full-
fluid lubrication regimes to alleviate the wear challenges that limit the life-span of current
total joint replacements. This was based on studies of 1D-steady state EHL modeling that
predicted fluid film thicknesses of 0.1 - 0.4 µm [68]. The study presented in this chapter
contradicts the findings from the 1D-steady state model and predicts a lower minimum film
thickness in PCU compared to UHMWPE.

The film thicknesses predicted in UHMWPE in this study (2.5 - 3.8 µm) are higher than
those found in a similar study by Lu et al (approximately 0.5 µm) [161]. This is likely due
to the difference in geometry. The cup radius in our study was 17 mm for direct geometric
comparison to the PCU cup compared to clinically-sized 14 mm cup in the Lu et al. study.
A larger radius leads to an increased contact area and thicker lubricant films. The loading
patterns used were different between the two studies. The Lu et al. study used the Leeds
ProSim gait cycle data which differs from the ISO 14242 load pattern in that it only incor-
porates flexion and extension, but not internal-external rotation and adduction-abduction.
Finally, they also only simulated one ‘start-up’ gait cycle and did not look at steady state gait.

The film thickness results of this study do not directly correlate to wear, but the lubri-
cation regime indirectly relates to friction and surface interactions that can be correlated to
wear performance. The lubrication regime is dictated by both the lubricant film thickness
and the surface roughness. Previous studies have determined that UHMWPE operates in a
mixed mode lubrication regime. Film thicknesses have been predicted to be between 0.2 - 0.5
µm compared to the surface roughness that is on the order of 0.1 - 2.5 µm [129]. Therefore,
the higher asperities are likely to be in contact with the opposing material while lower areas
are supported by the lubricant and remain separated.

The average surface roughness of PCU has been reported to be between 0.06 and 0.8
µm using atomic force microscopy and profilometry respectively, and measured each to be
significantly reduced following 20 million cycles of wear in a simulator study [71]. Since pre-
vious studies predicted lubricant thicknesses over 0.16 - 0.36 µm it was predicted to operate
in full-fluid lubrication [68]. Based on the results of this study PCU is predicted to operate
in between boundary lubrication (at heel-strike, h = 0.02 µm) and full-fluid lubrication (at
stance and swing, h > 2 µm) depending on the stage of the gait cycle. This suggests that
the wear potential of a PCU bearing surface is greater than that of UHMWPE early in the
gait cycle during peak loads at heel-strike and toe-off. Not only is the lubricant regime more
likely to cause wear, but the total contact area is also greater in PCU during those critical
time points than at any time-point in the gait cycle. Based on the relations of Archard’s
wear law, that increases the wear rate.
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The time points that this model predicts high film thicknesses (mid-stance) PCU cou-
ples would be operating in full-fluid lubrication regimes and little wear would be predicted.
However, these regions of high film thickness are likely overestimated because of the instan-
taneous response of the linear elastic material model. Due to the highly viscoelastic behavior
of PCU, it is likely that the elastic recovery would be delayed due to creep in the material
during loading. Because of the time delay in the material response, the change in fluid
thickness would likely not be as dramatic because the elastic response would not be as great.
This is a limitation of the current study. A study by Lu et al. incorporated the influence of
viscoelastic material behavior of UHMWPE [161]. Their study showed significant influence
of the viscoelastic material response, however the parameterized approach using a single
relaxation time model cannot be directly compared to predict the influence of viscoelastic
material response on PCU. Another study by Putignano et al. showed that incorporating
viscoelasticity into and EHL model reduced the film thickness due to the lag in deformation
response [162]. However, we hypothesize that adding the viscoelastic material properties to
PCU would reduce the magnitude of the changes in the film thickness.

This study demonstrates the importance of considering the full 3D loading environment
and transient nature of the problem in predicting lubrication regimes in total joint replace-
ments. By utilizing a 3D-transient we predict much less optimistic tribological characteristics
in compliant bearing couples. The results from this study better align with the experimental
results that showed little improvement in PCU wear behavior compared to the clinical stan-
dard of crosslinked UHMWPE. Our results further align with the fact that in lubrication,
start-stop behavior and reversals in velocities pose the greatest challenge. By introducing
3D motion we more accurately capture these time points when motion is reversed and take
into account the impact of the squeeze-effect.

The value of EHL modeling is the ability to probe lubricant film behavior that is difficult
or impossible to directly measure. The same fact is also a main limitation of EHL, the
challenge of experimental validation. EHL modeling is a very mature field which has led
to the development of these highly complex nonlinear models. However, the only method
for direct validation is using white light interferometry. This technique requires one of the
surfaces in the contact couple to be optically clear and flat so that the film thickness can
be measured based on the refraction of light. EHL models have been extensively validated
using this method. These validations provide a strong basis for the validity of EHL models
of systems with different geometries (i.e. ball-in-socket) and couple materials that are not
optically clear (i.e. UHMWPE). Without the possibility for direct experimental validation,
whole models can be validated against previously published models, and pieces of the mod-
els can be validated separately. For example, the elastic deformation approximation of our
EHL model was validated against a commercially available FE model of the same applied
pressure. Future work will model the same geometry as presented by Lu et al. to test our
results for UHMWPE [161].
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This study is a first look at the impact of 3D-transient loading on the lubrication me-
chanics in a PCU total hip replacement. Future studies will look at the full range of clinically
available geometries for both PCU and UHMPWE to look at the influence of geometry on
the film thickness in these implants. Next, a study of a range of moduli for PCU will be mod-
eled. One of the benefits of PCU is that the chemistry allows for highly ’tuneable’ properties.
We have only modeled an implant with the properties of the 80A formulations of PCU. It is
possible that a mid-range modulus provides the benefit of greater deformation without such
extreme loading areas and swings in film thickness. Additionally, the incorporation of the
nonlinear and viscoelastic material properties of PCU into the EHL model would improve
the fidelity of the model. A linear elastic assumption for such large displacements in an elas-
tomer is only a first approximation. Future studies will work to solve the problem at a more
physiologically relevant viscosity. This study used 0.01 Pa·s while physiological viscosities
are typically reported to be 0.001 Pa·s.

4.8 Conclusions

This study uses a 3D-transient EHL model to predict the lubricant film thickness in compli-
ant acetabular cups for hip implants. In contrast to the results of 1D-steady state models,
we predict a lower film thickness for a soft material compared to the current clinical stan-
dard, UHMWPE. The regions where there was a reversal of flexion-extension motion had
the lowest film thickness. These results are in agreement with in vitro wear studies that
showed higher wear than predicted with full-fluid lubrication. The results of this model
explain the discrepancy between the predicted and actual wear performance of PCU acetab-
ular cups. Moving forward, a 3D-transient EHL model of the hip can be used as a tool to
test the wear potential of novel material and geometric implant designs. It can also be used
to gain a more mechanistic understanding of the challenge of wear in total joint replacement.
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Conclusions

This thesis evaluated the mechanical performance, with respect to fatigue, structural organi-
zation, and lubrication, of PCU with respect to its use in long-term implantable orthopedic
device applications. In the first chapter, we motivated the need to find a solution to make
total joint replacements (TJR) last longer to serve a growing patient population with increas-
ing demands on the device performance. Using an alternative, more compliant material, like
the elastomeric PCU, was proposed as a potential solution to the leading challenge of wear
related failures in TJR. In addition to wear performance, TJR applications also require high
fatigue performance of a material.

In the second chapter we study the impact of loading, frequency, hydration, and thermal
annealing on the mechanisms of fatigue crack growth in PCU. We found that the mecha-
nisms of fatigue crack growth in PCU are highly time-dependent and impacted by hydration.
A brittle failure mechanism was induced when samples were unloaded and allowed to relax
compared to those continuously loaded. Testing at higher frequencies led to the formation
of multiple crack tips, less crazing, and out of plane crack growth. Hydration led to more
ductile behavior and less crazing. Each of these mechanisms points to a strong dependence
on the organization of the material at the crack tip. With hydration, disrupted order in the
hard domains led to a much different response than with more order in the dry condition.
Similarly, the brittle failure points to a time-dependent reorganization of the structure in
the highly stressed process zone ahead of the crack tip that strongly influences the frac-
ture behavior. Clinically, the highly complex behavior of fatigue crack growth in PCU may
lead to challenges in predicting failure. The in vivo performance of PCU under highly vari-
able loading, in magnitude, direction, and rate, could lead to unpredictable fatigue failures.
Therefore, more work is needed to understand the clinical relevance of these mechanisms
and work to understand the structural mechanisms in PCU that are controlling the crack
growth and fracture behavior.

In Chapter 3, we sought to test the hypothesis that the time dependent failure behavior
was related to the changing structural organization of PCU. To do so, we used differential
scanning calorimetry (DSC), Fourier transform infrared spectroscopy (FTIR), and small an-
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gle X-ray scattering (SAXS) to investigate the structural organization of PCU as a function
of annealing temperature and applied strain. We found that annealing significantly changed
the tensile mechanical response of the material. Based on indirect measures of hydrogen
bonding from DSC and FTIR, increasing annealing corresponded with increasing order in
the hard domain and, from tensile testing, increasing ductility in the material. This trend
was reversed with increasing strain, showing a decrease in hydrogen bonding with increasing
strain. A lack of resolution in the indirect DSC and FTIR measurements and in SAXS was
limited to resolve differences within very large changes in uniaxial strain. Therefore, it is
unlikely that more subtle changes in response to fatigue at a highly concentrated and con-
strained stress state, like that at the crack tip, would be resolved. Without the ability to
directly measure the structural shifts, further fatigue characterization becomes more impor-
tant to design against fatigue and fracture in implant applications.

In the fourth chapter we revisit the hypothesized wear improvements of more compliant
materials, like PCU, in total hip replacements. Early elastohydrodynamic lubrication (EHL)
models, that assumed 1D-steady state loading, predicted improved lubrication regimes in ma-
terials with lower moduli than the current standard UHMWPE. However, in vitro wear sim-
ulation studies did not show as significant a benefit as predicted. We applied a 3D-transient
lubrication model to PCU hip implants to investigate the disconnect between the model and
the experimental studies. In contrast to previous studies, we predicted a lower minimum
lubricant film thickness in PCU compared to UHMWPE, suggesting a less optimistic wear
performance. This finding aligns better with what has been reported in experimental studies
and early clinical case studies.

5.1 Future Work

This thesis highlighted the complex mechanical response of PCU with respect to its use in
implantable medical devices. Due to the complex behavior that was observed, further work
is encouraged to better understand the potential clinical implications of what was observed.

5.1.1 Fatigue

Future work should aim to explore the time dependent impact on the fatigue crack growth
mechanisms in PCU. Most importantly, we recommend looking at the limits of the brittle
fracture transition following unloading. We observed this only after a certain crack lengths.
For example brittle fracture was not observed upon reloading after the first day at very low
crack lengths. Only after 2 - 3 relaxation cycles was brittle fracture observed. As the crack
grows, the plastic zone grows in front of the crack tip. Therefore, we hypothesize that there
is a critical size of process zone where the material undergoes structural changes to induce



161 Chapter 5

this behavior.

The next steps would be to also look at relaxation periods more regularly interspersed
in testing. Rather than unloading overnight, the test could be intermittently stopped for a
given period of time at regular intervals to look at the interaction between relaxation, crack
growth rate, and crack growth mechanisms.

In line with time-dependent impact on fatigue performance of PCU, creep effects should
also be studied. Especially at slow physiologically relevant frequencies (0.5 - 2 Hz), the
contribution of creep relative to fatigue should be investigated. This could be done with
static creep studies of the same compact tension geometry, through different loading curves
(i.e. square waves with different hold times, or looking at the relative contribution of Kmax

versus ∆K on crack growth.

Moving forward, for clinical applications, the impact of temperature should also be con-
sidered with hydrated testing at 37◦C. Additionally, studies of the softer grades of Bionate®,
such as 80A should be investigated.

5.1.2 PCU Structure-Function Relationships

In order to study the two-way relationship between structural organization and the me-
chanical properties of PCU, and the relationship between applied strain and the structural
organization of PCU, alternative methods should be established to probe the structure of
PCU. DSC and FTIR do not provide direct measures of structure and the resolution is not
good enough to differentiate subtle changes. Moving forward, direct measurements with
2D-SAXS would allow for direct quantification of structures [123].

Beyond directly establishing relationships between structure and function in PCU for
clinical applications, it is important to consider the potential impact of structural changes
as a result of processes known to occur in a medical implant. For example, making sure
that end use characterizations are done with consideration of all thermal processes that the
device would undergo post molding, such as sterilization, that could change the structural
organization. Similarly, characterizing changes in the mechanical properties following high-
cycle loading would also indirectly study any potential structural changes induced in the
material.

5.1.3 Lubrication Modeling

Future work in EHL modeling of PCU in hip implants will seek to validate the current model
by comparing to clinical geometries that have previously been published for UHMWPE (28
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mm radius) [161, 68] and PCU [68]. We modeled the smallest clinically available geometry
of a PCU acetabular cup. The largest size should also be modeled to understand the impact
of cup radius on the lubrication thickness predictions. Additionally, the Tribofit® PCU
acetabular cup is indicated for implantation with or without a metal backing. Our finite
element models predicted a significant influence on the material deformation between a cup
with rigid backing (i.e. metal backed) or a cup with a foundation with generalized material
properties for bone. Therefore, the impact of foregoing the metal backing on the lubrication
performance could be evaluated.

This study compared the clinically available PCU acetabular cup to the clinical stan-
dard, UHMWPE. One of the attributes of PCU’s is their ‘tuneable’ modulus. Therefore,
a parametric study of varying the modulus within the range available for PCU (20 - 1000
MPa) could look at potential designs that could optimize the modulus for lubrication prop-
erties. It is possible that this current material modulus is too low and an optimum solution
is somewhere between Bionate® 80A and UHMWPE. In such a parameterized design study,
the cup thickness, radius, and femoral head clearance should also be considered.

One major limitation of this study is the assumption of a linear elastic material model
for PCU, a highly nonlinear and viscoelastic material. Recent studies have incorporated
viscoelastic material properties into the EHL model [161, 162]. They have found that the
viscoelastic response reduced the minimum film thickness in certain applications. Many
finite element studies have included the nonlinear hyperelasticity of PCU. As a rubber-
like elastomer, PCU is commonly modeled using the Mooney-Rivlin constitutive model for
hyperelasticity. The Mooney-Rivlin model gives the stain energy density (W) as a function
of the strain invariants (Ī1, Ī2, Ī3). Different model fits utilize from 2 to 9 model coefficients.
Most commonly, a two parameter model (C10 and C01) is used for PCU using only the first
two strain invariants (Equation 5.1).

W = C10(Ī1 − 3) + C01(Ī2 − 3) (5.1)

The Mooney-Rivlin constitutive model for rubber elastomers has been widely applied
to finite element modeling of PCU in biomedical devices [93, 118, 87, 58]. Three studies
reference the manufacturer for a two term Mooney-Rivlin model using C10 = 2.912 and
C01 = −1.025 [118, 87, 93], while Ghaill et al. published different parameters for a 2 and
3-term model fit [58]. This model captures the nonlinear stress strain relationship of PCU,
but does not capture the time dependent viscoelastic behavior of PCU. Work by Beckmann
et al. captured both the hyperelasticity of PCU and the viscoelastic relaxation and creep of
the material with the Yeoh model of hyperelasticity and the Bergström-Boyce model through
a parallel rheological framework in ABAQUS [64].
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Future work should focus on implementing a more accurate constitutive model for PCU.
Both the nonlinear and viscoelastic material response are important for accurately predicting
the lubrication regime which is dominated by the elastic deformation.

5.2 Summary

PCU has been proposed as a novel biomaterial for use in load bearing applications, like
orthopedics. Due to the highly complex and dynamic structural organization of PCU, the
mechanical performance of the material is similarly nuanced. This poses many challenges
to predicting the long-term performance of this material in vivo. This thesis characterizes
elements of the fatigue, fracture, and wear performance of PCU. Looking toward clinical ap-
plications, work should continue to understand the consequences of the complex mechanical
behavior of PCU on device performance.
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