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ABSTRACT

There is a growing incidence of younger patients contracting joint disease.
Osteochondral Autograft Transfer (OAT) remains a widely adopted surgical technique
to treat the presence of osteochondral lesions in the knee. In this procedure, grafts of
cartilage and bone are harvested from a non-load bearing site and used to replace the
damaged tissue, predominately at a load bearing location. However, it is not well
understood if a mismatch exists between the mechanical properties of the graft tissues
and those of the local environment in which they are placed.

To investigate this, a number of the key mechanical properties of cartilage and bone are
determined in tibiofemoral and patellorfemoral locations, using a porcine model
analogue. These include the strength of the bone but also the aggregate modulus,
Poisson’s ratio and frictional properties of the cartilage. It was discovered significant
variations do exist between the sites of interest for many of these parameters and, should
this translate to human models, may have implications for the integration and survival of
osteochondral grafts. However, some evidence of relative immaturity in the porcine

model was found, which may have had an influence on the results.

Possible alternatives to OAT include tissue engineering, which has gained substantial
momentum in clinical settings, and the use of allograft tissues. However, the health and
viability of these osteochondral repair products is highly dependent on the environment
in which they are developed (tissue engineered tissues) or stored (allograft tissues). The
preliminary design and development stages of a novel bioreactor/joint simulator capable
of producing physiologically relevant mechanical stimulus are discussed. It is hoped that
this device can eventually be employed to grow site-specific osteochondral tissues or

store osteochondral allografts in a mechanically beneficial environment.
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1 Background

1.1 The Knee

The knee is arguably one of the most complex joints in the human body and consists of
two primary joint structures; the tibiofemoral and patellofemoral joints. It is positioned
between the two largest lever arms in the body making it particularly prone to injury
(Mow and Hung, 2001). This susceptibility to injury is all the greater if one considers
that the knees of average young men and women experience 5400 and 4700 daily
loading cycles respectively and more than 10% over a lifespan (Neu et al., 2008).
Furthermore, peak joint loads in the knee can vary from 1.9 to 7.2 times body weight

during any one loading cycle (Komistek et al., 2005).

The knee is located between the two longest bones of the leg; the femur and tibia (figure
1-1). Both the tibiofemoral and patellofemoral joints are synovial joints, consisting of
synovial fluid filled capsule that surrounds the articulating bones. At the inferior end of
the femur are the femoral condyles. The medial and lateral condyles form the convex
elements of the tibiofemoral joint and articulate against the corresponding concave
compartments created by the meniscus in the tibial plateau. Between the condyles lies
the intercondylar notch which extends superiorly to the patellofemoral (trochlear)
groove. It is along this furrowed surface that the patella slides under flexion and

extension of the knee (Mow and Hung, 2001).

Covering the articulating surfaces of the bones is approximately 1-2mm of articular
(hyaline) cartilage. This light grey, almost translucent material provides an effective,
self-lubricating bearing surface to transmit load and motion. Cartilage is not a shock
absorber. It is so thin that its capacity to absorb energy is minor in comparison to the
eccentric contractions of muscles and the energy absorption in the bones either side of
the joint (Martin et al., 1998).



Figure 1-1. Anterior view of the knee with patellar elements, collateral ligaments and joint capsule
removed (Gray, 1973).



1.2 Articular Cartilage

1.2.1 Structure

Cartilage is a connective tissue composing primarily of an extracellular matrix (mostly
composed of water) and a sparse quantity of cells. The extracellular matrix primarily
consists of collagen and proteoglycan (PG) molecules. Cartilage is structurally
heterogeneous and is divided into four zones; the superficial, transitional (middle), deep

and calcified zones (figure 1-2).

The superficial zone is the thinnest and has itself a surface and deep layer. The surface
layer consists of random, flat bundles of collagen fibrils, while the deeper layer consists
of dense collagen fibres parallel to the plane of the surface. This zone is structured so as
to resist shear stresses. The strength and stiffness of the collagen fibres is greater in
parallel with the split lines than perpendicular. The surface layer is crimped, and so not
entirely smooth. The deeper layer possesses elongated chondrocytes whose long axis is
parallel to the surface. The water content in the superficial zone is approximately 80%
which decreases linearly to 65% in the deep zone (Mow and Hung, 2001).

The transitional zone contains collagen fibrils with larger diameters than those located in
the superficial zone and are also ordered in a less parallel pattern. The chondrocytes are
spherical in shape and randomly dispersed. In the deep zone there are large bundles of
collagen running perpendicular to the plane of the surface. Water content is low and
chondrocytes are round and stacked perpendicularly on top of one another. The calcified
zone marks the transition between soft cartilage tissue and stiff subchondral bone. This
zone is separated from the deep zone by a 2-5um thick border called the tidemark. The
collagen fibres in the deep zone anchor the cartilage to the bone by inserting themselves
into the subchondral bone (Mow and Hung, 2001).
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Figure 1-2. Cross-section of articular cartilage revealing the various zones through its depth (Mow
etal., 1992).

1.2.2 Cells

The cells of articular cartilage (chondrocytes) account for less than 10% of the tissues
volume. They vary in size and density according to location. They are highly
metabolically active cells and are responsible for the synthesis and degradation of the
matrix. Chondrocytes are isolated, lie in lacunae, and receive their nourishment through
the diffusion of substrates through the extracellular matrix. In different cartilages of the
body, chondrocytes have different synthetic activities. In articular cartilage, they
specialise in producing Type Il collagen and proteoglycan which form the majority of

the extracellular matrix (Mow and Hung, 2001).

1.2.3 Extracellular Matrix

The structural macromolecules consist of collagen, proteoglycan and other proteins such
as glycoproteins and lipids. The collagen in cartilage is similar to the insoluble fibrous
protein found in bone, but has a slightly different structure. The basic biological unit of
collagen is tropocollagen, a structure composed of three procollagen polypeptide chains,
or alpha chains, coiled into left-handed helixes that are further coiled about each other

into a right-handed triple helix. Each chain is composed of about a 1000 coiled around



each other to form a spiral. Tropocollagen is rich in glycine, proline, hydroxyproline and
hydroxylysine. But the triple helix of cartilage contains three identical alpha chains,
whereas bone has two identical and one different. Hyaline cartilage is primarily
composed of Type Il collagen and is responsible for the tensile strength of the tissue.
The inter-molecular and intra-molecular cross-links between collagen fibrils act to add
further strength and stability (Mow et al., 1992, Mow and Hung, 2001).

In addition, molecular chains from the glycosaminoglycan and polysaccharide found in
proteoglycan play a role. Proteoglycans are a group of glycoproteins formed of subunits
of disaccharides linked together and joined to a protein core (figure 1-3). They are found
in relatively large proportions in hyaline cartilage. The glycosaminoglycan part of the
proteoglycan (95%) contains sugars that are both negatively electrostatically charged
and are attracted to water (Mow and Hung, 2001). Due to the large numbers of negative
charges, monosaccharides repel one another as much as possible. The resulting structure
resembles a “bottle brush”. In cartilage proteoglycan, the species of glycosaminoglycans
include chondroitin sulphate and keratin sulphate. The linkage between the carbohydrate
chain and the protein is most commonly through a trihexoside and a serine residue
respectively. A glycosidic bond is formed between the xylose and hydroxyl group of the
serine (Champe and Harvey, 1987). The proteoglycan monomers associate with the
molecule of the hyaluronic acid to form proteoglycan aggregates. The association is not
covalent, but occurs primarily through ionic interactions between the core protein and
the hyaluronic acid. The association is stabilised by additional small proteins called link
proteins (Mow et al., 1992, Mow and Hung, 2001).

Both collagen Il fibres and proteoglycan molecules are interlaced with one another
providing additional mechanical strength by forming a complex composite structure
(figure 1-4) (Mow et al., 1992). This solid phase has a low permeability which is due to
a high frictional resistance to fluid flow. This causes a high interstitial fluid
pressurisation in the fluid phase contributing to >90% of the instantaneous load

transmission of the tissue. However, this decreases with time as fluid is exuded.
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1.3 Introduction to Osteochondral Transfer Therapy

Osteochondral transfer therapy, particularly a variation of it known as Osteochondral
Autograft Transfer (OAT), is a well-established technique for the repair of both chondral
and osteochondral defects in cartilaginous joints, particularly in the knee. The procedure
is a relatively simple concept which involves the harvesting of small, cylindrically
shaped plugs of healthy cartilage and underlying bone from a relatively non-load bearing
site and transplanting them into the site of an osteochondral lesion (Brown et al., 2009,
Leitman and Morgan, 2005, Miniaci et al., 2007). This is achieved via a recipient socket
prepared at the injured location into which the plugs are press-fitted. OAT is often
referred to as mosaicplasty, where in concept multiple cylindrical plugs may be
employed to match the natural curvature of cartilage surface at the damaged area, thus
maintaining overall joint congruence (Miniaci et al., 2007). These plugs should maintain
similar biomechanical properties as intact cartilage and, once healed, produce a durable

hyaline cartilage surface (Treme and Miller, 2008).

OAT is performed as a one-step procedure and can be accomplished either open or
arthroscopically with little expense. Furthermore, since the graft is autologous, there is
no risk of disease transmission or transplant/host incompatibility (Miniaci et al., 2007).
The donor sites, should they be left open, will refill with new bone material up to
approximately 3mm from the surface and disorganised fibrocartilage scar thereafter
(Brown et al., 2009). Alternatively, allograft or synthetic materials may be utilised to fill
these voids. However, the OAT process does suffer from a number of limitations,
namely: possible donor site morbidity, the limited amount of donor material available,
the inability to completely match the topology of the graft to the site of injury, poor
integration into the surrounding area, and newly altered tissue mechanics due to the
surgery. Other variations of osteochondral transfer therapy such as allograft transfer and
the tissue engineering of replacement cartilage constructs may help to overcome some of

these difficulties, but often at the cost of introducing additional inherent problems. As a



result, no gold standard of treatment exists at present, but for the most part this thesis

shall focus on the OAT route of treatment.
1.4 Osteochondral Autograft Transfer

1.4.1 Surgical Procedure

Implementing an arthroscopic method, anterolateral and anteromedial ports may be
used. Prior to donor harvest, a thorough diagnostic arthroscopy including inspection of
the chondral surface and the pathology of meniscal and ligamentous structures is advised
(Leitman and Morgan, 2005). The donor sites of choice are either the margin of the
lateral femoral condyle or the interchondylar notch (Brown et al., 2009) or possibly the
superior margin of the medial chondyle (Miniaci et al., 2007). The margins of the
femoral condyles are useful for harvesting convex surfaces suitable for condylar areas,
whereas the interchondylar notch provides concave surfaces suitable for reconstruction

of sites such as trochlear groove (Miniaci et al., 2007).

Sizing instruments are used to measure the number and size of the plugs that will be
required. The knee is manipulated to bring the donor harvest area into view of either the
medial or lateral portal (depending on the harvest site selected). Harvesting Kits such as
OATS (Arthrex) or Acuflex Mosaicplasty (Smith & Nephew) are used as standard. The
harvesting chisel tool is placed perpendicularly flush to the donor tissue and impacted to
a depth of approximately 15mm. Twisting the instrument 180 degrees dislodges the
core, allowing for removal (Leitman and Morgan, 2005). This can be achieved via two
abrupt twists of 90 degrees (Brown et al., 2009). The plug is then inspected for obliquity
through a window in the harvesting tool. The recipient site is prepared in much the same
manner. The knee is manipulated to bring the site to the appropriate portal. A core is
creating using a harvester Imm smaller in diameter than the donor plug, which is
impacted once more to a depth of approximately 15mm and twisted (Leitman and
Morgan, 2005). However, in the case of larger defects and where more than one graft is
required, a drill may be used to create the receiving core. All that remains is the transfer



of the donor plug. A depth stop is implemented on the harvesting tool (containing plug)
to limit the passage of the plug into the recipient site. The end of the harvester is placed
at the core orifice, and ensuring alignment is correct, a plunger pin is lowered, often by
tapping a surgical mallet, until it reaches the depth stop. Upon withdrawal of the
harvester, it should be observed that the depth stop succeeded in leaving the plug
approximately 1Imm proud. Finally an oversized tamp is used to seat the graft flush with

the local chondral surface (Brown et al., 2009, Leitman and Morgan, 2005).

(a) (b)
Figure 1-5. Osteochondral autograft transfer (a) the defect site is prepared and osteochondral plugs
harvested (from the edge of the lateral condyle in this instance), (b) the plugs are then inserted into

the prepared site (Erggelet and Mandelbaum, 2008).

In the surgical procedure care is taken to ensure that the graft is seated both at the distal
osseous end and flush at the articular surface. In fact, if the plug is too short then
spongiosa taken from the harvest site is used to fill in the core as required and if the plug

is too long, the core is shortened a little with a burr (Erggelet and Mandelbaum, 2008).



1.4.2 Fixation of Osteochondral Grafts

Primary to the survival of osteochondral grafts is adequate and correct fixation.
Eliminating post-operative micro-motion is imperative in enhancing the overall
longevity of the treatment. This is hardly surprising given that poor fixation has often
been the cause of failure in joint arthroplasty therapies for some time.

Duchow et al. measured the repeated pull-out strength of porcine osteochondral plugs of
different length and diameter by towing a 2mm screw threaded into them (rate
10mm/min) (Duchow et al., 2000). Results followed intuition; the more surface contact
area a graft possessed, the more force was necessary to remove it. For a give diameter of
11mm, the failure loads of 10mm long grafts (mean 47N) were significantly lower than
those of the 15mm long grafts (mean 93N) and 20mm long grafts (mean 110N).
Reinserting the 15mm long grafts and retesting the pull-out strength showed the mean
failure load to drop from 93 to 44N on second insertion and from 44 to 32N on third
insertion. Abrasion of material on the contacting surfaces of both the plug and receiving
site as well as permanent deformation are the most likely explanations for these load
reductions. Changing the contact area by altering the diameter showed an increase in the
mean failure load from 41 to 92N for two sets of plugs of equal length (15mm) but
different diameters (8 & 11mm respectively). Finally, the standard harvesting method of
turning the surgical chisel to dislodge the plug was assessed against graft removal by
levering the instrument. Levering was found to break the distal ends of the grafts
obliquely, reducing the contact area and accordingly the pull-out force was also found to

diminish from means of 52 to 32N.

Whiteside et al. assessed sections of porcine femoral condyles for pull-out and push-in
strength both on the day of graft insertion and after a week in tissue culture (Whiteside
et al., 2003). It was postulated that this model could be representative of a patient’s knee
directly after surgery and after a week of boney in-growth. Graft plugs of 6.4mm
diameter, 12mm length were fitted to drill-hole channels of 6.4mm diameter. Push-in
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and push-out strengths were defined as the load to initiate slippage and translation of the
grafts in each case. A schematic of the porcine sections with pull-out, push-in methods

used is displayed in figure 1-6.

Figure 1-6. Sections of porcine femoral condyle with pull-out and push-in of osetochondral plugs
(Whiteside et al., 2003).

Mean pull-out strengths decreased from approximately 120N to just under 90N, whereas
mean push-in strengths decreased from approximately 150N to 80N. Furthermore, the
elastic modulus of the subchondral bone was determined using an indentor before and
after culture, but no significant difference was found to occur. It was concluded that the
results demonstrated a substantial deterioration in such grafts in the immediate post-
operative period which could be a threat to congruency and newly formed blood vessels.
This may be overcome however, as it has been demonstrated that the bottoming of
osteochondral grafts can lead to improved adherence (Kock et al., 2006, Kordas et al.,
2005) and the use of bioresorbable bone cement has also been shown to boost graft
fixation (Changoor et al., 2006).

Using the Acuflex mosaicplasty system, Kordas et al. inserted 15mm long plugs into
drill-holes of varying depth in porcine femoral condyles (Kordas et al., 2005). Push-in
forces were recorded from a 7mm proud position, to flush, and then to 3mm below the
articular surface. The mean forces for pushing grafts flush were 36.58, 43.33 & 118.13N
for drill holes of 20, 15 & 12mm in height respectively. There was no significant

11



difference between the 20 & 15mm drill-hole groups; the little difference that does occur
is most likely due to the end of the plug contacting the end of the receiving hole and
bottoming out. However, contact of the osseous end alone occurs and no compaction.
This is not the case with the 12mm drill-hole group. The effort required to compact the
plug (end) sufficiently enough to achieve a flush surface is observed in the rise of the
mean force to 118.13N. The mean forces required to push the plugs 3mm deeper were
122.5, 249.33 & 377.25N for the 20, 15 & 12mm holes respectively. Quite a large
increase of force (=36 to 122N) occurs in the 20mm drill-hole cases to drive the plug
down further even though bottoming or compaction of bone still does not take place.
Additionally, in the 15mm deep holes, a larger degree of force is required to compact the
plug the same 3mm that was seen previously in the 12mm drill-hole cases (=118 to
249N). This demonstrates that a significant effort is required to overcome the static
inertia due to friction after the plugs have become stationary, seemingly more so when
grafts have already reached the bottom of the hole. Thus, it was suggested that primary
stability is better when grafts and drill holes are the same length and, based on the
magnitudes of forces recorded, excessive force must be used for shorter holes. Cartilage
may be damaged by such overloading, the relevance of which will be discussed in detail

at a later stage.

Kock et al. determined the forces required to push osteochondral plugs into defect sites
from a position of being 5mm proud, to flush, and then to 2mm below flush (rate
0.5mm/s) (Kock et al., 2006). This was performed for two variations of defect site in
cadaveric femoral condyles. One variation was cored to the exact correct depth for a
perfect osteochondral fit, whereas the other was 5mm deeper than required. This was to
simulate what is referred to as “bottomed” and “unbottomed” plugs. Additionally,
various lengths of osteochondral plugs were employed (8, 12, & 16mm), but the same

diameter (6mm) was used in all cases.
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Figure 1-7. (a) 3 “bottomed plugs” of length 8, 12 &16mm, (b) 3 “unbottomed plugs” of same
lengths mentioned in (a) (Kock et al., 2006).

Not surprisingly, no significance differences were recorded in the amount of force
required to displace the plugs to a flush level for both “bottomed” and “unbottomed”
cases (means of 143, 150 & 138N for 8, 12 & 16mm lengths respectively). In
“unbottomed” cases, more force was required to cause displacement below the surface
for the 12mm plugs than the 8mm plugs (means 171 vs. 123N). This is presumably due
to larger surface contact areas and frictional resistance that are present as a result of the
additional length. However, the force required to displace the 16mm long plugs below
the surface was less than the 12mm plugs (151 vs. 171N). This is contrary to the surface
area argument, but perhaps more abrasion occurs when longer plugs are fitted, meaning
a loss of contact resistance occurs. In the “bottomed” cases, it was generally observed
that more force was required to displace shorter plugs below the chondral surface
(means of 528, 384 & 294N for 8, 12 & 16mm lengths respectively). It was thus

concluded that short “bottomed” plugs would perform best in a clinical setting.

It is clear that when the “bottomed” plugs were displaced below the surface, the distal
0sseous ends became compacted. Since the same displacement of 2mm was used in all
cases, the shorter the plug, the larger the compressive strain it encountered and the more
compact the bone would become at the distal ends. Thus, it is not surprising that the
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shorter plugs required more force for insertion. Such compaction is not prescribed for
surgery, nor is it imaginable that it could occur naturally postoperatively. It has already
been shown that often compaction leads to excessive forces of the grafts (Kordas et al.,
2005). Hence, the general consensus is to bottom-out grafts at the osseous end whilst

maintaining articular congruence at the opposing end.

Perhaps another route towards this goal is the use of cement in the fixation process. In
this manner, grafts could be implanted without the need for impaction, much like the
stems of cemented hip prostheses. Changoor et al. used an resorbable calcium sulphate
cement (MIIG X3) to anchor grafts in various configurations in 20mm diameter defects
and measured the push-out strength of 6mm sections with an indentor (Changoor et al.,
2006). The configurations consisted of 5 distinct groups; (A) 12x4.5mm diameter grafts,
(B) 5x6.5mm diameter grafts, (C) a combination of 4x4.5mm & 4x6.5mm diameter
grafts, cement alone and finally intact bone. Interface failure was defined as the load and
corresponding stress at the 1% offset strain point. Interface failure stresses were then
found by dividing this load by the contacting area of the grafts. These results are

presented in figure 1-8.
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Figure 1-8. Interface falure stresses for groups (A), (B), & (C), cement only and intact bone
(Changoor et al., 2006).
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The construct to host interface failure stresses were measured at approximately 1.4, 1,
1.15, 1.75, & 18.5MPa for groups (A), (B), (C), with cement only and with the intact
bone respectively. This work can be readily compared to the push-in experiments
documented by Whiteside et al. (Whiteside et al., 2003). The reader is asked to recall
that a failure load of 150N was required to cause translation of a 6.4 diameter, 12mm
long graft. This corresponds to an interface failure stress of 0.62MPa. All configurations
of osteochondral plug with bone cement are almost twice as high as this, clearly
indicating a marked increase in graft stability. However, in a clinical setting it is unlikely
that configuration (A) would be adopted due to the amount of material needed.
Nevertheless, performing mosaicplasty with the added aid of such bone cement may
offer rewards. It has been shown that the cement can serve as a temporary scaffold into
which bone incorporation occurs at approximately 8 weeks (Kelly and Wilkins, 2004).
However, it is doubtful that implant micromotion of the implanted osteochondral grafts

may be controlled whilst osteointegration is concurrently achieved.

1.4.3 Influence of Surgical Preparation

1431 The Effects of Impact Loading

Whiteside et al. examined the effect of impacting the articular surface during graft
delivery on chondrocyte death (Whiteside et al., 2005). It was proposed that significant
death of chondrocytes occurs within the articular surface of osteochondral grafts during
the process of implantation itself. To test this hypothesis, two different experiments were
designed; (1) measuring the effects of large single impact load and (2) measuring the
effects of smaller multiple impacts to deliver a graft. In order to achieve this, a custom-
made instrument with known mass was built and fitted with accelerometers to deliver
4.5mm diameter osteochondral plugs. It was discovered that for single impact loading a
logarithmic relationship emerged between the applied impact energy and the depth to

which chondrocyte death occurs below the articular surface (figure 1-9).
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Figure 1-9. The relationship between impact energy & the percentage depth of chondrocyte death
(Whiteside et al., 2005).

Given the previous discussion on the fixation of osteochondral plugs and the forces
required to push or pull them, it may be of use to view the forces and stresses imparted
onto the grafts in this study. The corresponding peak forces and stress for each of the
impact energy levels applied in the study are displayed in table 1-1.

Table 1-1. The corresponding peak forces and stresses for each applied impact energy (Whiteside et

al., 2005).

Impact energy im.)  Peak impact force IN] - Peak impact stress (MPa)
15 24.04 529
37 210.11 12.21
49 280.14 17.62
&1 350.18 22,02
424 T62.20 48,02
739 942.90 59.32
1615 1209.09 87.56

When applying multiple impacts to the grafts it was found that the mean force of impact
predicted the depth of cell death more so than the number of impacts applied. Hence,
insertion using multiple low level impacts is more beneficial than a single large impact
delivery to the site of interest. Another interesting discovery was that when plugs
bottomed-out, reaction forces were larger than the forces to overcome the press-fit
interference (an order of magnitude larger). Hence, it is clear great care must be taken if

bottoming of the plugs is desired. Whiteside et al. (Whiteside et al., 2005) suggest that
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the recipient hole be deeper to ensure this does not occur, essentially suggesting that

plugs be “unbottomed”. However, it has already been demonstrated that that fixation in

these cases is inferior to “bottomed” plugs. Hence this author suggests the following;

If plugs must be “unbottomed” then insertion is practiced in combination with
resorbable bone cement.

If “bottoming” is desired, a steady application of force is applied to the grafts
rather than impacts, a viscoelastic tip on the plunger could help absorb reaction
forces when they occur. Given magnitude of forces describe for the pushing-in of
plugs described in the “Fixation of Osteochondral Grafts” section, it possibly
may be achieved by a steady hand or screw driven stage.

The use of bone cement in conjunction with the suggestion for “bottoming”
above. Of course, in any of the cases where resorbable bone cement is used, it is
essential to ensure that the rate of new bone matrix growth is appropriate to the
degree of cement degradation. Cement will also provide a seal around the graft is
achieved at all time and prevent contaminant bone resorption by the infiltration

of synovial fluid at the boney interfaces.

Pylawka et al. investigated the effect of repeated insertion impact force on cell viability

in adult bovine osteochondral plugs (Pylawka et al., 2007). This was examined

immediately after insertion and after 48 hours and 7 days in culture. An 8mm OATS

(Arthrex) system was employed to harvest the grafts which were then inserted using a

tamp (modified to include a 1kN load cell) and a surgical hammer. Grafts were 10mm in

length with receiving holes >10mm indicating no bottoming of the plugs occurred. Peak

forces were found to increase from mean initial values of 25N (recorded during the

initial alignment of the graft) to 307N, before it decreased again towards the end of the

insertion matching process. On average 18 taps were necessary for insertion. A typical

load profile recorded during insertion is shown in figure 1-10. What is most noticeable

about figure 1-10 is the very short duration over which loads and loading is applied.
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Typically, load application was found to last <10 milliseconds with peak loading rates

measuring up to mean values of 133kN/s.

Load [kN)]

Time [3]

Figure 1-10. Typical load profile recorded for insertion of 8mm diameter osteochondral plug
(Pylawka et al., 2007).

This loading on the cartilage surface translated into the measurements of cell viability
which was significantly lower for impacted plugs over controls at time zero. Cell death
levels were found to be 60% in the superficial zone for all groups at all time points,
indicating this is by far the most affected region of the cartilage. Cell viability decreased
for both groups at 48 hours and 7 days but differences between the groups were no
longer significant. Culture in this case may be used to model in vivo changes in cell
viability after graft implantation, but the loss of cell viability in culture is an issue of
even more concern when dealing with osteochondral allografts. This matter will be

discussed in greater detail at a later stage.

Patil et al. measured the effect of varied repeated insertion load on chondrocyte viability
and GAG release in osteochondral grafts (Patil et al., 2008). This was achieved using a
“drop tower” apparatus where a weight was dropped from different heights in a
controlled manner upon an extruder within a harvesting tool to simulate the loads
applied from a mallet to a tamp. 5 repeated loads of 200, 400 & 800N were applied and

compared to a “sham” control group where grafts were harvested but not loaded
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thereafter. Figure 1-11 displays the results of the varying loads on cell viability in the

different cartilaginous zones.
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Figure 1-11. Cell viability of (a) chondral zones and (b) overall chondral depth at 48 & 120 hours for
varying repeated impacts (Patil et al., 2008).

Cell viability was found to decrease in all zones with increased load but was found to be
most affected in the superficial zone for all impact levels which agrees with the work of
Pylawka et al. (Pylawka et al., 2007). This was a feature that became more prominent
with greater loads and significantly so at 800N. The outcome of these loading scenarios
on global chondrocyte viability after 48 & 120 hours in culture was also investigated.
Little difference was found between the time periods for a given impact load but as the
magnitude of the impacts increased the cell viability decreased linearly to approximately
50% at 800N. Interestingly, when GAG release was measured the reverse was the case,
as for the control and for each impact level, significant differences were observed
between the 48 & 120 hours, but these GAG levels remained unchanged with increasing
load impact.

1.4.3.2 The Effects of Instrument Design

The choice of instrument used in harvesting may also influence the cell viability of the

cartilage in osteochondral grafts. Huntley et al. investigated the influence of the
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harvesting tool used on cell viability in the peripheral contact margins of osteochondral
plugs (Huntley et al., 2005a). Fresh human tissue was obtained from 11 knees at the time
of total knee arthroplasty and osteochondral plugs were harvested using a 4.5mm
diameter Acuflex (Smith & Nephew) osteotome. A confocal laser scanning microscope
was used to acquire images of in situ chondrocytes and the mean margins of cell death

were calculated using the following expression;

d =1000(r —{r — (2rA/ p)}) Equation 1-1

Where;

d is the mean margin cell death (um),

r is the radius of the graft (mm),

A is the concordant area of cell death (mm?),

p is the perimeter of the graft (mm).

Substantial marginal cell death was observed in the superficial zone (mean 382um) with
over 99% cell viability seen more centrally. The effects of the osteotome were then
compared to incisions using a scalpel blade by splitting the grafts and creating
demiplugs. A mean margin of cell death of 390.3pum was discovered at the curved edges
compared to a significantly lower value of 34.8um at the site of the scalpel cut. Similar

findings were found when the cartilage alone was incised and the bone left intact.

In a follow-up study by the group it was proposed that cutting-tip of the Acuflex (Smith
& Nephew) system was sub-optimal, with injury to cartilage occurring due to
compression of the graft edges by an internal bevel within the device (Huntley et al.,
2005b). For the purposes of comparison, the group engineered their own harvesting tool
without an internal bevel, designated the “Lissimore” osteotome, and quantified the
margins of chondrocyte death for grafts harvested by both devices. Schematic sections

of both devices are displayed in figure 1-12.
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Figure 1-12. Osteotomes used for harvesting grafts, (a) the Acuflex 4.5mm internal diameter

osteotome and (b) the "*Lissimore’ osteotome (Huntley et al., 2005b).

It was discovered that the 4.5mm diameter Acuflex osteotome yielded grafts with a
mean margin of cell death of 315.3um in the superficial zone, whereas the Smm
diameter “Lissimore” osteotome vyielded a significantly lower value of 117.8um.
Furthermore, transverse sections of the plugs revealed Acuflex generally caused cell
death in all zones, but “Lissimore” tended to exhibit sparing in the mid and deep zones,
with significant cell viability in these regions. It was also discovered that after
processing the plug diameter of the Acuflex grafts increased by 10.9% compared to an
increase of 3.3% in the “Lissimore” system. This may reflect the presence of the internal
bevel in the Acuflex tool, which forces more tissue into its core and is re-expanded after
removal. In addition, it may be the case that the expansion is due to swelling caused by
damage to the cartilage matrix by the bevel. It is most likely that the expansion is caused

by a combination of these suggestions.

So far the effects of the surgical process on the osteochondral grafts themselves have
been discussed. However, it cannot be forgotten, that the core that receives the plugs
requires preparation with surgical instruments also, leading one to believe that
chondrocyte damage can occur in this area in much the same way it occurs in the grafts.
Vizesi et al. compared the healing response of osteochondral defects created with either
a punch or a drill in ovine knees at 4 and 26 weeks after surgery (Vizesi et al., 2007).

Time zero radiographs showed there was minimal trauma to the surrounding cartilage
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with the punched defect, whereas major deformation was evident with the drilled defect.
Intraoperative observations of the punched defects highlighted clearly defined edges
with no evidence of obvious scoring. In contrast, drilled defects had a rough appearance
around the perimeter. Interestingly, the drilled group had a significantly better
histological appearance at 4 weeks. This was attributed to small quantities of hyaline-
like cartilage found in the defects which was not found in the punched group at the same
time point. However, at 26 weeks the reverse was the case, with the punched group
presenting a much greater decline in subchondral bone resorption, bonding of the repair
tissue with bridges across the defect and a higher concentration of proteoglycans. Thus,
it can be concluded that drilled defects cause a more aggressive inflammatory response
consistent with the radiographic images and intraoperative observations of damaged
tissue, which in turn leads to spontaneous healing in the short term. In the long term

however, punched defects promote a superior and controlled degree of healing.

1.4.3.3 The Effects of Osmolarity

To help limit the damaging influences of the harvesting instrument Amin et al.
investigated the choice, and more specifically the osmolarity, of the irrigating fluid used
in theatre (Amin et al., 2008). Full chondral explants were retrieved from adult bovine
metacarpophalangeal joints and exposed to a varying medium osmolarity (0-480mQOsm)
for 90 seconds to allow chondrocytes to respond to the altered environment. Using a
scalpel, a full thickness articular defect was imparted upon the samples, which were then
placed in a solution of the same osmolarity for 2.5 hours before being transferred to a
control medium for further incubation for 7 days. Finally, cell death of the samples was
assessed at 2.5 hours and 7 days using confocal microscopy, the results of which are
displayed in figure 1-13.
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Figure 1-13. Percentage cell death in the superficial zone (a) and marginal cell death (b) as a

function of osmolarity and time (Amin et al., 2008).

A very clear decline is observed between OmOsm (i.e. distilled water) and 480mQOsm in
both terms of percentage cell death in the superficial zone and marginal cell death
around the initial wound. The authors suggest that this decline is due to the reduced
swelling of chondrocytes at higher osmolarities. An alteration in medium osmolarity
leads to rapid movement of water across the plasma membrane leading to increased cell
volume. Thus, at low medium osmolarity, chondrocytes are more likely to be injured by
the scalpel cut by virtue of their increased size. Furthermore, there was no significant
difference in the values of % cell death and marginal cell death for varying osmolarity at
2.5 hours and 7 days. This implies that the majority of damage occurs within the 2.5

hour period immediately after the scalpel injury.

One final point is that the 0OmOsm marginal cell death is consistent with those recorded
by Huntley et al. in assessing the “Lissimore” device (Huntley et al., 2005b). This
should be the case as the “Lissimore” tool employs a straight cutting edge much like the
scalpel used in this study. Hence, it is likely that by using the “Lissimore” instrument in
combination with an irrigation fluid of high osmolarity, cell death can be largely

prevented promoting a corresponding increase in integration.
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1.4.4 Donor site morbidity

Although adequate filling of defects with fibrocartilage scar does occur, the principal
disadvantages of OAT are nevertheless still associated with the graft harvesting site
(Treme and Miller, 2008). The majority of studies concentrate their efforts on recovery
at the site of implantation rather than the site of harvest. However, a limited number
focus on the harvest location or indeed both areas in tandem (Al-Shaikh et al., 2002,
Hangody and Fules, 2003, Iwasaki et al., 2009, lwasaki et al., 2007, LaPrade and Botker,
2004, Paul et al., 2009, Reddy et al., 2007).

In a case report spanning 24 months, LaPrade and Botker specifically followed the
progress of two patients demonstrating fibrocartilage hypertrophy causing pain and
locking of the joint (LaPrade and Botker, 2004). This necessitated abrasion of the
overgrowths in both patients and in one case the introduction of allograft plugs to the

site.

Using the Lysholm knee scale, Al-Shaikh assessed 19 patients who underwent OAT for
treatment of osteochondral lesions of the talus using harvests from the knee (Al-Shaikh
et al., 2002). This scale scores a patient out of 100 on the existence of a limp, use of
walking aids, locking of the knee, giving way sensation, pain, swelling, and stair
climbing and squatting. Excellent scores were reported (mean 97) with only 2 patients
suffering from mild knee pain at an average follow-up time of 16 months. It was also
discovered that patient age correlated with knee scores, with those below 30 years
gaining better results than those above 30 years. In a similar study, Reddy et al. reported
an average Lysholm score of 81 in a group of 15 patients with lesions of the talus
indicating some loss of function (Reddy et al., 2007). However, more significantly
perhaps, no negative effect was observed with regard to the number of plugs harvested
in any patient in the group. Using a patient population of 831, Hangody and Fules
reported that only slight donor site disturbances existed in 3% of patients within a 10

year period (Hangody and Fules, 2003). Pain at the harvest site was found to be absent
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for 95% of the population at 6 weeks and 98% at 1 year. Paul et al. studied the follow-up
progression of 112 patients who underwent treatment of talus lesions over a minimum of
2 years (Paul et al., 2009). A mean Lysholm score of 89 was again encouraging.
Interestingly unlike Al-Shaikh et al. (Al-Shaikh et al., 2002), no correlation was found to
exist between patient age and clinical outcome, but like Reddy et al. (Reddy et al., 2007)
neither the size nor the number of plugs harvested affected the recovery score.
Furthermore, it was indicated that a higher body mass index had a negative effect on
patient scores, with a decrease of one point in the Lysholm score for every point increase

in body mass index.

Finally, Iwasaki et al. studied 11 competitive athletes who underwent OAT for
osteochondral defects of the elbow joint (lwasaki et al., 2007). With follow-up periods
ranging from 12-65 months, the Lysholm score for the donor knees was 100 in all but
one case who scored 96 at 13 months. Additionally, magnetic resonance images reported
good defect fill in the majority of cases and all athletes returned to their previous level of
competitiveness. In a similar and more recent study by Iwasaki et al., a mean Lysholm
score value of 99.6 was recorded over a range of 24-87 months in 19 athletic patients
(lwasaki et al., 2009). However, the patient selection periods would seem to suggest
some of the same patients were used in both of this group’s studies.

1.45 Clinical Results

Excellent to good results have been found to occur in 66-92% of femoral implantation
cases depending on the source study used (Treme and Miller, 2008). Wang et al. found
similar results in 80% of patients (Wang, 2002), whereas it was 83% of cases with Chow
et al. (Chow et al., 2004). The upper value of the quoted range relates to the previously
mentioned study performed by Hangody and Fules (Hangody and Fules, 2003). In this
review, the authors found excellent to good results in 92% of femoral condyle
implantations, 79% of patellar and/or trochlear mosaicplasties and 94% of talar

implantations.

25



1.5 Osteochondral Allografts

Although literature suggests that there are relatively few cases of donor site morbidity,
one possible means to avoid such instances is the use of allografts. Furthermore,
allografts can provide structurally mature articular cartilage matrix with viable
chondrocytes and have no size limitations, thus overcoming the issue of limited
autograft harvest material in a patient (Feeley and Williams 111, 2009). In many respects,
cartilage is an ideal transplantation material as it is avascular, aneural and relatively
immunoprivileged by virtue of the chondrocyte fixation within the matrix (Bugbee and
Ostempowski, 2006). This gives protection from the host immune surveillance and so
allows for chondrocyte survival without tissue matching or immunosuppression
(McCulloch et al., 2007). However, the latter comment does not account for the presence
of subchondral bone and the medium the tissue is stored in, to which the

immunogenicity of these areas will be touched on later.

1.5.1 Storage Effects on Osteochondral Allografts

15.1.1 Structural, Mechanical & Biochemical Effects

Besides the procurement of the material and the technically demanding surgery, one of
the principle complexities involved is the storage of the transplant material.
Traditionally, osteochondral allograft material has been transplanted within 1 week of
sourcing, but due to safety concerns involving bacterial contamination and disease
transmission, in addition to logistical issues, this may be extended to as much as 40-42
days (Allen et al., 2005, Williams et al., 2003). Although it appears that maintenance of
the extracellular matrix is achieved, significant decreases in chondrocyte viability, viable
cell density and metabolic activity have been observed within time periods of just 30
days (Allen et al., 2005, Ball et al., 2004, Pearsall et al., 2004, Williams et al., 2003).
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Quite a comprehensive analysis was performed on the effects of prolonged allograft
storage by Williams, S.K et al. (Williams et al.,, 2003). This included analysing
chondrocyte viability, viable cell density, PG synthesis, GAG content, and the
measurement of four different biomechanical properties (indentation stiffness,
compressive modulus, permeability & equilibrium tensile modulus) at intervals of 7, 14
& 28 days. Although minor changes occurred, no significance was witnessed in viability
and viable cell density until day 28, whereas a significant decline was seen in
proteoglycan (PG) synthesis by the reduction in SO, uptake at days 14 & 28. No
significant changes were observed to occur in GAG content or in any of the four

biomechanical properties at any time period.

Ball et al. examined the effects of refrigeration of allografts within a lactated Ringer’s
solution against a serum-free culture medium (Ball et al., 2004). A significant decline in
chondrocyte viability and metabolic activity was seen in the samples stored in Ringer’s
solution at 7 days. However, baseline levels remained unchanged for up to 14 days in
samples stored in the media culture. It was also observed the noted declines occurred in
the superficial zone of the cartilage. Since this region is responsible for resisting shear

stresses and reducing contact friction, this finding may have particular significance.

After a mean storage period of 34 days, Pearsall et al. measured the ultrastructure and
chondrocyte viability of allografts prior to implantation (Pearsall et al., 2004).
Measuring by means of flow cytometry, chondrocyte viability was found to be 67%,
quite similar to the 70.7% value quoted by Williams, S.K et al. (Williams et al., 2003)
after 28 days of storage. Metabolic activity, structural and mechanical properties were
not investigated. Another major drawback with this study was that the tissues were
stored in fetal bovine serum, which carries the potential risks of disease transmission and

immunological issues.

Allen et al. examined 16 allografts which had been stored commercially for a mean time

period of 20.3 days up until the time of surgery (Allen et al., 2005). The hypothesis here
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was that laboratory storage conditions may vary in comparison to set commercially
stored protocol. Confocal microscopy revealed significant reductions in chondrocyte
viability and viable cell density and significant decreases in PG synthesis. A viability of
82% was reported at 20.3 days which corresponds well with the decline of viability
reported by Williams, S.K et al. between 14 & 28 days (97.5-70.7%) (Williams et al.,
2003). Since no significant changes have already been shown to occur in viability before
14 days, it can hence be deduced the majority of cell destruction occurs after 2 weeks.
Like Ball et al. (Ball et al., 2004), there was shown to be preferential chondrocyte death
in the superficial zone. Additionally, like Williams, S.K et al. (Williams et al., 2003), no
affect was observed in the cartilage matrix, as measured by glycosaminoglycan (GAG)
content and biomechanically via indentation stiffness.

1512 Patient Outcome

It is clear that major cellular and metabolic problems arise when storing these tissues
beyond a threshold period of approximately 2 weeks. However, these tissues are
nevertheless still implanted into patients, whose clinical outcome now comes into
question. A number of studies have reported follow-up postoperative data after allograft
transplantation (Davidson et al., 2007, McCulloch et al., 2007, Williams et al., 2007).

McCulloch et al. reported on a minimum of 2 years follow-up assessment of 25 patients
who received allograft treatment for defects of the femoral condyles (McCulloch et al.,
2007). The age of patients ranged from 17-49 and the graft was transplanted after an
average procurement time of 24 days (range, 15-43 days). In all but two of nine
functional indexes used, their overall subjective scores showed significant
improvements. For example, the Lysholm score was raised from an average of 39 to 67.
Although in most cases significantly better, the magnitudes of functional outcome scores
in this study do not in themselves seem particularly encouraging. However, it seems the
relief of pain is a powerful influence on patient opinion as patients reported 84% overall

satisfaction with their results and that the treated knee functioned at an average of 79%
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of their unaffected knee. 22 of the patients showed a normal radiographical contour
indicating good incorporation with the host, two developed osteoarthritis and one
suffered fragmentation of the graft. The study discovered no link between increasing
storage time of the grafts and clinical outcome. However, this author believes since all
grafts were used after 2 weeks storage, they were collectively all in a process of decline

and no definitive conclusion can be drawn from the absence of a link in this case.

Williams, RJ et al. reported similar functional outcomes in a group of 19 patients who
received osteochondral allografts at a mean clinical follow-up time of 48 months (range,
21-68) (Williams et al., 2007). The mean patient age at the time of surgery was 34 years
and the Activities of Daily Living scale in conjunction with Short Form-36 assessment
(which grades physical and mental responses to treatment) were employed. Increases
from baseline scores of 56 to 70 and 51 to 66 were reported for the Activities of Daily
Living scale and Short Form-36 respectively. No correlations were attempted between
graft storage time, patient age, body mass index etc., due to concerns over the limited
sample size of patients studied. Like McCulloch et al. (McCulloch et al., 2007)
integration with the host tissue with examined using imaging techniques. On this
occasion however, magnetic resonance imaging methods were used, and images were
subsequently graded on signal properties to determine tissue incorporation, in addition to
morphology and geometry to determine overall congruence. Using this technique,

trabecular incorporation was found to positively correlate with Short Form-36 scores.

The clinical outcome of a much larger group was assessed in further detail by Davidson
et al. (Davidson et al., 2007). 67 patients received femoral allografts stored at a mean
storage time of 36 days and were assessed postoperatively at a mean of 40 months after
surgery. Functional scores were representative of McCulloch et al. (McCulloch et al.,
2007) and Williams, RJ et al. (Williams et al., 2007) with mean Short From-36 scores
improving from 38 to 51 and mean Lysholm scores increasing from 37 to 78.
Additionally, 10 knees out of 8 patients underwent second look arthroscopic evaluation

and biopsy. A comparison of native cartilage and graft biopsies revealed very little
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between mean chondrocyte viability values within the two groups (71% native, 78%
grafts). A similar observation was noted for mean cell density values (345 cells/mm?
native, 429 cells/mm? grafts). These results are very similar to those seen in studies
previously mentioned (Pearsall et al., 2004, Williams et al., 2003). The fact that the
native tissue was found to possess chondrocyte viability and density akin to that seen in
grafts after over a month’s storage may mean it could be acceptable to do so. However
the mean viability value for the native biopsies hides the spread of results recorded
(range, 22-97%, SD, 23.7%). Thus, it may be the case that although intentions were to
gather native cartilage from a healthy site, they may have been taken from a site in the
process of decline secondary to the insult of the original lesion. Furthermore, a number
of additional limitations exist in this study as the cell viability and density values for
graft and host tissues were not recorded just prior to implantation, and there is no

indication as to how metabolically active the biopsied cells are.
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1.6 Contact Pressures in the Knee and Osteochondral plugs

1.6.1 Contact Pressures in the Tibiofemoral Joint

In order to understand the particular biomechanical effects due to the presence of
osteochondral plugs, it is necessary to acknowledge the biomechanical performance of a
healthy knee joint. Perhaps the most relevant of the biomechanical events that occur
with regard to OAT treatment are the apparent contact stresses acting on the cartilage
surfaces. Thus, before attention is given to the biomechanical effects of the implanted

plugs, the stresses present in unaltered joint surfaces will be analysed.

Thambyah et al. examined the contact stresses in the knee joint at various simulated
stages of walking but also deep flexion to simulate squatting (Thambyah et al., 2005).
Five cadaveric knees were loaded on a materials testing machine under the following

loading conditions;

e 2.25x BW & 5.5° flexion to simulate heel strike (HS)

e 1.85xBW & 15.5° flexion to simulate single limb stance (SLS)
e 3.5Xx BW & 4.5° flexion to simulate toe-off (TO)

e 4 xBW & 90° flexion to simulate deep flexion position 1 (DF1)
e 5xBW & 120° flexion to simulate deep flexion position 2 (DF2)
where body weight (BW) was assumed to be 700N.

For each of the loading conditions varus/valgus rotations, internal/external rotations,
anterior/posterior displacement and medial/lateral displacements remained unrestrained
and the final equilibrium position of the joint recorded using scales and markers. Each of
the joints was then disarticulated and a Tekscan pressure sensor inserted into the
tibiofemoral articulation. Each of the positions determined earlier for the five loading
conditions was then reproduced, and so the joint was reconstructed for each scenario.

This translated to a varus angulation of 2° for heel strike and toe-off. For the single limb
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stance phase, besides the slight varus tilt, an internal rotation of 5° was allowed for also.
In deep flexion, some anterior translation (10-12mm) of the tibia was imparted, in
addition to internal rotation ranging for 10-20°. Medial and lateral translations were
negligible.
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Figure 1-14. Contact areas (a) and Peak pressures recorded (b) in the tibiofemoral joint for the five

different loading conditions simulating various walking conditions and squatting (Thambyah et al.,
2005).

The contact areas with the medial compartment were smallest at SLS (~75mm?) and
largest at TO (=180mm?) as shown in figure 1-14a. During the conditions that simulated
the various cycles of gait (HS, SLS & TO), little variation was observed in the medial
compartment pressures (14.1+2.4MPa). However, in deep flexion, pressures were
significantly higher, rising by 80% to 26.6+7.1MPa. Figure 1-14b also demonstrates the
ratio at which medial and lateral compartments undertake stress. It appears that the
lateral compartment encounters only about 50% of what the medial undertakes at HS
and TO, both compartments have approximately the same pressures at SLS and the

lateral encounters about 70% less stress in deep flexion.

In a later study Thambyah examined this phenomena further in the medial and lateral
compartments of four cadaveric knees in stance position alone (Thambyah, 2007). The
knees were dissected carefully to expose the tibial plateau with meniscus intact and

femoral condyles. A Tekscan pressure sensitive film was placed in between the condyles
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and joint compartments to measure contact stresses as the joint was loaded via a
specially constructed six degree of freedom apparatus. To simulate stance phase a load
in the region of 1000N was applied to the knee in 15.5° flexion and 2° varus tilt, or until
the distribution of forces between the medial and lateral compartments were about 70%

and 30% respectively.
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Figure 1-15. The tibiofemoral contact forces (a), contact areas (b), and contact pressures (c) for the

medial and lateral compartments of four cadaveric knees (Thambyah, 2007).

The mean forces applied to each knee were found to be approximately 1144N, which
was distributed by an average of 806.3N (SD 183.4N) in the medial compartment and
337.5N in the lateral compartment. As expected the contact areas recorded correlated
well with the magnitude of force applied, ranging from 40-130mm? for forces of 400-
1000N. Pressure recordings showed no statistical difference between the medial and
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lateral compartments measuring 8MPa and 7.6MPa for the medial and lateral
respectively. This agrees with the evidence that both compartments share stress during
stance phase in Thambyah et al.’s previously mentioned study (Thambyah et al., 2005).
However a >50% difference in the magnitude of the peak loads is observed in all knees
but number 2 (figure 1-15). A similar trend appears in the contact areas recorded.
Considering, the loading conditions are almost identical, it is difficult to understand why
this is the case unless there was some alteration in the preparation that is not explicitly
mentioned. Or perhaps, it may simply just be a case of varying gender, donor size and

anatomical variations, which were also not referred to prior to testing.

Few studies measure the stress distribution of a healthy joint in its own right, but rather
in tandem with altered joints as a control. For example, studies on the effects of meniscal
repair (Becker et al., 2005, Marzo and Gurske-DePerio, 2009) or ligament damage (Paci
et al., 2009). However, since this particular facet of surgery is distinctly separate from
OAT treatment, only the untreated controls used in these studies will be analyzed with

the intention of understanding the stresses in a healthy knee joint.

Marzo and Gurske-DePerio studied the effect of medial meniscus posterior horn
avulsion on peak contact pressures in the tibiofemoral region of articulation (Marzo and
Gurske-DePerio, 2009). Intact knees were inspected for the presence of cartilage damage
by performing anterior capsulectomies on 8 knees and to allow the introduction of a
Tekscan knee sensor. The knees was held in full extension and measured
goniometrically at 0°, allowing for varus/valgus freedom but otherwise constrained. A
load of 1800N was then applied axially through the knees. Peak contact pressures were
found to be larger in the lateral compartment than the medial compartment, measuring
5.1MPa compared to 3.8MPa. This is an intriguing result, as it seems to be generally
witnessed that larger stresses occur in the medial compartment when the joint is under
full extension (Becker et al., 2005, Thambyah et al., 2005).
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Paci et al. hypothesized that if the anterior intermeniscal ligament was cut, larger
pressures would be observed in the medial compartment (Paci et al., 2009). In this study
five cadaveric knees, four male and one female, with a mean age of 59 years (range 31-
75 years). A Tekscan pressure sensor was inserted inframeniscally into the medial
compartment and sutured to extra-articular suture anchors placed in the tibia. The knees
were then mounted on a testing machine that allowed or controlled all 6 degrees of
freedom of motion. The tibia was mounted on a sliding table connected to an
anterior/posterior actuator and the load cell. The anterior/posterior position was
dynamically controlled to maintain zero anterior/posterior force on the knee. Similarly, a
rotational actuation was dynamically controlled to maintain zero torsional force on the
tibia. Free medial/lateral translation and varus/valgus angulation were allowed, limited
only by the ligamentous structures of the knees. The loading protocol simply consisted
of a maintained axial load of 1000N while the knees were flexed from O to 60° at a rate
of 0.5°/s.
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Figure 1-16. Variation of mean peak contact pressures recorded with knee flexion angle. Note: the

intact joints are represented by the solid line (Paci et al., 2009).

Peak pressure levels for intact, healthy knees remained steady at approximately 2.5MPa

from 0-15°, after which pressures were found to rise linearly up to 4.5MPa at 60° flexion
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as shown in figure 1-16. Interestingly, Thambyah et al. also witnessed a maintenance of
peak pressures at low flexion angles and higher pressures at greater flexion angles even
though, unlike this study, he applied different loads for different flexion angles
(Thambyah et al., 2005). The magnitude of these peak values varied, however it may
nevertheless be deduced that the shape of the articulating bodies plays a major role (in

combination with load) on the pressures encountered within the joint compartments.

In a study performed by Becker et al., meniscofemoral contact pressures were recorded
to assess the success of a range of biodegradable implants in correcting meniscal tears
(Becker et al., 2005). Thirteen cadaveric knees from donors ranging between 40 and 60
years of age were employed. Parapatellar incisions were performed to expose the
anterior portion of the joint. The meniscus, cruciate & collateral ligaments, patella &
patellar ligament and quadriceps tendon were all preserved. The femur and tibia regions
were then mounted in a testing machined augmented to offer six degrees of freedom, the
femoral ends to a hydraulic cylinder with attached load cell and the tibial ends to a base
plate. The quadriceps tendons were fixed to a second hydraulic cylinder, also with load
cell, which acted to control knee flexion. After mounting, the collateral ligaments were
detached to allow the placement of Tekscan pressure sensors into the medial and lateral
compartments before being reattached securely. In order to determine the natural
mechanical axis, the knees were loaded to 100N under full extension whilst the axis was
adjusted to generate equal pressure in both joint compartments. Having found this axis,
the joints were then loaded to 350N and contact pressures recorded at the meniscal
posterior horns at flexion angles of 0, 30, 60 & 90°.
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Figure 1-17. Peak contact pressure in the meniscal posterior horns for varying degrees of flexion
(Becker et al., 2005).

In full extension the peek contact pressures were found to be 1.46MPa and 1.08MPa in
the medial and lateral compartments respectively. No significant difference in the peak
pressures were recorded in the early stages of flexion in the medial compartment up until
30°. At this point and beyond, the peak pressures in both compartments began to rise to
maximal values of 5.5MPa in the medial compartment and 4.87MPa in the lateral
compartment at 90° flexion. This is a trend almost identical to that mentioned by Paci et
al. previously (Paci et al., 2009). In fact, a great similarity is observed when figure 1-17

is compared to figure 1-16.

1.6.2 Contact Pressures in the Patellofemoral Joint

Ward and powers examined the influence of patella alta (a condition in which the patella
rests in a superior trochlear position) on patellofemoral joint stresses during slow and
fast walking (Ward and Powers, 2004). Sagittal and axial MRI images of normal knees
and those with patella alta were taken to quantify the extensor mechanics and contact
areas of the patellofemoral joints. Gait analysis was performed using a six camera
motion analysis system and four force plates in order to measure the kinetics and

kinematics of the knee joints. The MRI and gait analysis data was then inputted into
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patellofemoral joint stress model. In eleven healthy knees patellofemoral joint reaction
forces reached peaks of 500N during slow walking, rising to over 700N during fast
walking. Accordingly, joint stresses reached peaks of approximately 2.3MPa and

3.1MPa during slow and fast walking respectively (figure 1-18).
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Figure 1-18. The variation of patellofemoral joint contact stress throughout the gait cycle for slow
(above) and fast (below) walking conditions (Ward and Powers, 2004).

In another study by the same group utilising an adaptation of the same methods to
incorporate a set of stairs, the patellofemoral joint contact stresses were measured during
stair ascent and descent in ten patients with and without patellofemoral pain (Brechter
and Powers, 2002). In the healthy knee control group joint forces peaked at
approximately 3.5 times body weight for both stair ascent and descent. This translated to

contact stress of approximately 6-7MPa for both ascent and decent.
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Goudakos et al. measured the contact pressure in the patellofemoral joint in eight
cadaveric knees using a Tekscan pressure sensitive film (Goudakos et al., 2009). The
joints were loaded in two arrangements of flexion, 12 and 30 degrees, whilst static
loading was applied via simulated muscle forces. This was achieved via four servo-
electronic actuators which generated muscle forces known to occur at those flexion
angles during walking and stair climbing. Specifically, the four muscles simulated were
the rectus femoris/vastus intermedius, vastus medialis, vastus lateralis and the
semimembranosus/semitendinosus. During the walking scenario, average peak pressures
of 6.1 & 5.5MPa were recorded at flexion angles of 12 and 30 degrees respectively.
However, during stair climbing larger pressures were recorded with average peak values
of 7 & 11.8MPa for 12 and 30 degrees of flexion respectively (figure 1-19).
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Figure 1-19. Peak pressures recorded for eight cadaveric knees under two different knee flexion

angles and two different simulated activities (Goudakos et al., 2009).

Adopting a similar experimental approach, Wilson et al. measured the contact pressure
in the patellofemoral joint of nine cadaveric knees under simulated walking whilst
wearing different knee braces (Wilson et al., 2010). A Tekscan pressure sensor was
positioned in the joint space as physiological dynamic loading was applied to the femur
through a custom knee joint driving device and servo-motors controlled
flexion/extension and abduction/adduction angles. Peak contact pressures of 3.5 &
4.2MPa were found to occur during the instances of the gait cycle when knee flexion

angles peaked (approximately 15 & 70% respectively). Interestingly this is not in

39



accordance with the work performed by Ward and Powers who predicted much lower

stresses at approximately 70% of the gait cycle (figure 1-18) (Ward and Powers, 2004).

In a study performed by Ostermeier et al., the contact pressures in the patellofemoral
joint were measured in eight human knees having had patellofemoral ligament
reconstruction using a number of techniques (Ostermeier et al., 2007). A Tekscan
pressure sensitive film was inserted into the paellofemoral joint space by means of
performing lateral parapatellar incision and internally everting the patella. Once the
sensor was securely in place, the knees were mounted in a kinematic knee simulator and
isokinetic extension under dynamic or static physiological loading. When the knees were
tested as unaltered, healthy controls, prior to any surgery, contact pressures were found
to peak at 4.5MPa under dynamic loading and 3.4, 3.6 & 4.1MPa under static conditions
at flexion angles of 30, 60 & 90 degrees respectively. The dynamic values present
similar levels of contact pressures to those described by Wilson et al. under similar
loading methods (Wilson et al., 2010).

1.6.3 Influence of Osteochondral Defects/Plugs on Contact Pressures

A feel for the standard contact pressures that occur in the knee joint has been established
in the previous section. This now allows for a clearer understanding of the alterations

that can occur due to osteochondral defects and the benefits from surgical correction.

Guettler et al. investigated the effect of defect size on the defect’s rim stress
concentration, peak rim stress and load redistribution to the adjacent cartilage (Guettler
et al., 2004). Five left and three right cadaveric knees (2 male, 6 female) from 5 sources
were used from donors aged 78-91 years. The knees were mounted in a materials testing
machine under 30° flexion. An anterior arthrotomy allowed the placement of Tekscan
pressure sensors into the medial and lateral compartments of the joint. Each knee was
loaded to 100N, at which point small adjustments were made to the specimen’s
medial/lateral orientation to ensure both compartments were loaded equally. This

position was then fixed in place. After a capsulotomy, each intact knee was loaded from
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100 to 700N at 100N/s and held at 700N for a period of 5 seconds while pressure
measurements were taken. The load center of each condyle was then marked and an
osteochondral coring device used to create a 5mm diameter, 9mm deep defect centered
on this mark. Loading was then repeated as previously described. Consecutive
concentric defects with diameters of 8, 10, 12, 14, 16, 18 & 20mm were then created
around the 5mm defect, repeating the loading for each individual defect whilst pressures
were recorded. Peak rim pressures were not found to increase significantly from 10mm
to 20mm. However, rim stress concentration was shown for defects of 10mm diameter
and larger. This was deemed to alter load distribution, prompting implications for the

longevity of the cartilage surrounding the defect.

Koh et al performed a study investigating the effect of angularly fitted osteochondral
grafts on contact pressure (Koh et al., 2006). The contact stresses were determined in 50
pig knees using Fuji Photo Film under an applied load of 80N applied via a piston and
held for 120 seconds. This was carried out under the following conditions:

e On intact articular surfaces;

e On surfaces with a 4.5mm diameter defect;

e On surfaces where the defect was grafted with a flush osteochondral plug from
the contralateral condyle;

e On surfaces where the defect was grafted with a 30° plug with the lower edge
flush to the adjacent surface;

e On surfaces where the defect was grafted with a 30° plug with the upper edge

flush to the adjacent surface;

Peak pressures were found to be 8.57 +/- 2.35kg/cm? in intact surfaces but were
significantly higher (P<0.001) after creation of the 4.5mm diameter defect (11.97 +/-
1.89kg/cm?). These were reduced to near normal levels after insertion of the flush
osteochondral plugs (9.81 +/- 1.01kg/cm?). When angled plugs were inserted with the
lower edge flush, significant rises (P<0.001) were observed in the peak pressures, even
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larger than when the defect alone was present (14.5 +/- 2.21kg/cm?). When the angled
plugs were inserted with the upper edge flush, contact pressures (9.15 +/- 3.34kg/cm?)
were not significantly (P=0.497) different from the intact cartilage surfaces or where
flush plugs were present, but were significantly different than surfaces with empty
defects (P<0.001). The study concluded by outlining the importance of maintaining
surface conformity and that if and angled plug is inadvertently harvested than it should

be fitted in place with the upper edge flush to the adjacent surface.
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2 Aims, Objectives & Deliverables

The previous chapter described the OAT procedure, involving the harvesting of
osteochondral material from a relatively non-load bearing location and its implantation
into a load bearing site where a defect has occurred. Although excellent to good results
are obtained in the majority of cases (66-92% depending on the source study) (Treme
and Miller, 2008), poor integration and failure nevertheless happens and it is worthy of
investigation to determine why this occurs. The work hence-forth hypothesises that the
mechanical properties of the cartilage and bone at the harvesting site are different from
that required at the site of implantation and that this mismatch could be detrimental to

graft integration and ultimate survival.

It has been demonstrated that there can be certain difficulties in fixation of the grafts,
with bone losing its embedding capability simply after a week’s simulation in-vivo
(Whiteside et al., 2003), bone resorption if the graft/implantation site interface is
exposed to synovial fluid (Changoor et al., 2006) and the use of high impact loads to
deliver the grafts (Pylawka et al., 2007) which may also cause damage to the bone
element of the graft, not just the surface cartilage. Hence, given that all of this can occur,
it is vital that the graft bone is strong enough to match its local environment so as not to

exacerbate the situation any further.

It has also been shown that cartilage defects in the knee lead to concentrated contact
pressures (Guettler et al., 2004), but that normal pressure distribution is restored if these
defects are correctly substituted with the same osteochondral material from the
contralateral knee (Koh et al., 2006). However, there is no guarantee that the cartilage in
an osteochondral graft from a non-load bearing harvest site will functionally replicate
the host site like this. Should the mechanical properties vary, then the function and

integration of the cartilage element of the graft may also be adversely affected.
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A number of studies were performed determining the mechanical properties of articular
cartilage and trabecular bone in regions of the porcine knee correlating to possible
implantation sites. Specifically, these included the femoral condyles and the
patellofemoral groove. The patellofemoral groove may not bear as much load as the
tibiofemoral joint, however the joint load can be as much as body weight during walking
(Ward and Powers, 2004) or 3.5 times body weight during stair ascent/descent (Brechter
and Powers, 2002), meaning the resulting contact pressures are comparable at both sites
(section 1.6). Hence, it proves worthy to investigate whether the mechanical properties
of the osteochondral material at these sites are different. Should this be the case, then it

is unlikely that grafts harvested from any one non-load bearing site are suitable.

The porcine knee was chosen due to its ease of acquisition but also because of its
similarity to the human knee in terms of shape and relative geometry. Essentially, the
porcine knee represents a scaled down version (0.7-0.8) of the human joint, even if some
differences with regard to the joint’s features are found. The evidence of this is
presented in appendix A. It is hoped that due to this anthrometrical similarity, load
distribution would also be comparable and any regional variations in the mechanical

properties of the cartilage and bone would be representative of that in human knees.

The first study is presented in chapter 3 and involves the determination of the aggregate
modulus of the cartilage and strength of the bone in the highlighted locations of interest.
The aggregate modulus is determined by means of confined compression methodology
and fitting the experimental data to a non-linear biphasic equation. The strength of the
bone is determined via conventional uniaxial compression. Correlations are then

investigated between the cartilage and bone results.
Chapter 4 presents the second study, which determines the Poisson’s ratio of cartilage at

the same locations as before. This involves optical extensometry to calculate the radial

expansion of cartilage discs under compression at the superficial and deep surfaces.
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These results are then correlated with the aggregate modulus results from chapter 3 to
determine whether any relationship exists between these two parameters.

Chapter 5 presents the results of a histological study. It is hoped that the content and
distribution of the structural proteins collagen and PG’s may explain the mechanical

characteristics witnessed in the previous experimental studies.

The final experimental study into osteochondral tissue is presented in chapter 6. This
details an investigation into the frictional properties of the cartilage at the same locations
of interest as the other chapters. This is carried out via a simplified pin-on-plate set-up

and also examines the temporal effect of loading on friction.

It has been demonstrated that significant decreases in chondrocyte viability, viable cell
density and metabolic activity have been observed within time periods of just 30 during
the storage of osteochondral allograft tissue (Allen et al., 2005, Ball et al., 2004, Pearsall
et al., 2004, Williams et al., 2003). In recognition of this, Chapter 7 presents the design
and proof of concept for a novel bioreactor/joint simulator system. This system
generates hydrodynamic pressures capable of providing the essential mechanical cues
for cell health and proliferation during allograft storage. Furthermore, this concept can
be extended to the realm of tissue engineering as an in-vitro growth environment for cell
seeded scaffolds. This chapter details the design, validation and operation of an early
stage prototype involving predicting the fluid pressures it generates for a given set of
operating conditions using hydrodynamic lubrication theory and verifying this via
experimental measurements. A design proposal for the incorporation of osteochondral

tissues and scaffolds is also put forward.

Given that differences exist in the loading and kinematics of certain parts of the knee
such as the femoral condyles and patellofemoral groove, it may be expected that at least
some regional variation exists in the various mechanical properties of the tissues at these
sites. It is proposed that the bioreactor/joint simulator may act as a means to work

harden and tailor osteochondral tissues in accordance with their eventual site of
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implantation. These tissues could be constructed via cell-seeding in a single phase or
two-tier composite of synthetic or biological biomaterials (Cui et al., 2011, Grayson et
al., 2008, Lee et al., 2008, Lien et al., 2009, Lima et al., 2004, Oliveira et al., 2006,
Sherwood et al., 2002), or by reseeding previously decellularised auto or allograft

osteochondral materials with a patient’s own cells.

Hence, to summarise the experimental chapters in brief, chapters 4-7 investigate the
particular traits (mechanical or otherwise) required of tissues in the femoral condyles
and patellofemoral groove and chapter 8 presents a means of delivering bespoke tissue

engineered constructs to replace them.
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3 General Statistical Methods

Although a modern statistical software package (Minitab™

, v.16) was used to perform
all statistical analysis, it is perhaps best to first establish what general methods are used
throughout this thesis and briefly describe how these techniques operate listing any

assumptions that are made.

3.1 Basic Population Description

The mean (x), standard deviation (SD) and standard error (SE) relating to the sample
populations in all of the forthcoming studies are calculated using equations 3-1, 3-2 & 3-
3 respectively.

1
DXy Xy et X,
X =

Equation 3-1

n

— 0.5
> (x-x)?

SD=|=—/—— Equation 3-2

n-1
SE = @ Equation 3-3

Jn
Where;

X is the variable,

n is the sample number.

In all cases the true population variances are not known. Hence, confidence intervals can

be calculated in accordance with the t-distribution in the following manner;

)_(J_rta,z(v)*SE Equation 3-4
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Where;
v is the number of degrees of freedom (defined as n — 1),
t,2(v) is the point on the t-distribution curve where with a confidence interval of a and v

degrees of freedom.

3.2 Student t-test

When a comparison between two unpaired populations was required, significance testing
using the t-distribution was performed. Initially, samples were evaluated to determine
whether they were drawn from normally distributed populations of equal variances. The

latter can be tested for by using the F-test statistic.

2
SD
F=| — Equation 3-5

SD,

Where;
SD; is the larger variance,

SDs is the smaller variance.

The F value is then compared against known F-distribution data. If no significant

differences are found, the variances are pooled (s?) and the t value determined.

t =——=— Equation 3-6

Where;

(n _1)512 +(n, _1)522
n,+n, -2 '

s is calculated from s? =

Equation 3-7
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5,2 is the variance of population 1,
s,” is the variance of population 2,
ny is the sample number for population 1,

N, is the sample number for population 2,

Following calculation of t, it is compared against known t-distribution data at n;+n,+2
degrees of freedom and a significance level of o = 0.05.

Assumptions of the t-test include the data in each of the two populations is normally
distributed, the two populations should have equal variances and the data is sampled
independently from the two populations being compared.

3.3 Correlation

Correlational analysis results in bivariate data sets, which can be best pictured using
scatterplots. Linear relationships within this data can be investigated by measuring the

Pearson correlation coefficient (r).

. > (x=x)(y-y)
IS -0 (y-y)°

Following the calculation of the Pearson correlation coefficient, it can be tested for
significance by first calculating the t value.

Equation 3-8

ry(n-2
t= g Equation 3-9

Va-r?)

Following calculation of t, it is compared against known t-distribution data at n-2
degrees of freedom and a significance level of o = 0.05.
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Assumptions made in this process include bivariate normality exists (i.e. both data sets

are normally distributed and both data sets have equal variances.

3.4 1-way ANOVA

If a comparison between more than two groups was required than a 1-way analysis of
variance (ANOVA) was performed. Throughout this thesis, confidence levels of a =
0.05 were used for 1-way ANOVA’s. Table 3-1 lists the formulae relevant when
performing a 1-way ANOVA.

Table 3-1. Formulae in performing a 1-way ANOVA where Y is the measurement, Y is the group

mean, Y is the grand mean, a is the number of groups, n is the number of measurements per group,
SSamong Us the sum of squares among groups, SSyiwnin is the sum of squares within groups, MSamong IS

the mean sum of squares among groups and MS,,iin IS the mean sum of squares within groups.

Source of Degrees of Mean sum of
o Sum of Squares (SS) F’s
Variation Freedom Squares (MS)
MS
A - — among
mong a1 ny (Y -Y)? SSanong IV
Groups a—-1 within
Within . — SS.
a(n-1) D> =) R
Groups a(n-1)
a . = a n —
Total an-1 Y (Y=Y)2+> D (Y-Y)?

Following the 1-way ANOVA, uplanned or post-hoc test was performed to ascertain
whether significance existed between groups using the Tukey HSD (honestly significant

difference) method.

Assumptions of the 1-way ANOVA include the independence, homogeneity and

normality of the variances of the residuals and equal population variances.
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4 Determination of the Aggregate Modulus of Articular

Cartilage & Trabecular Bone Strength in the Porcine Knee

4.1 Introduction

The primary structures that absorb stress in any diarthrodial joint (in this case the knee)
are the cartilage that provides the covering layer to the articulating surfaces and the
trabecular bone beneath it. Moreover, the geometrical configuration and mechanical
properties of the articular cartilage and trabecular bone plays an important role in
providing effective load transmission throughout an individual’s lifetime. As a result, it
is apparent that over the millennia their biomechanical properties have been optimised

through an evolutionary process for this particular function.

However, the progression of joint disease in some individuals leads to the requirement
of radical treatment options such as osteochondral autograft transfer (OAT) which may
alter this delicate balance. In fact, on occasion, OAT has been known to suffer from a
number of drawbacks, such as the tendency of the harvested cartilage to degenerate
(Tibesku et al., 2004) or convert to a more fibris state (Benazzo et al., 2008, Khan et al.,
2008, Moriya et al., 2007) and resorption of the trabecular bone, particularly in the early
stages of healing (Oshima et al., 2002, von Rechenberg et al., 2003, Benazzo et al.,
2008). This may be due to the damage imparted to the grafts at the point of harvesting
(Huntley et al., 2005a, Huntley et al., 2005b, Vizesi et al., 2007), or indeed a result of
the methods used to fixate the grafts (Patil et al., 2008, Pylawka et al., 2007, Whiteside
et al., 2005), but perhaps more importantly there may be a difference in the mechanical
properties of the harvested tissues and what the area of implantation demands of them,
on which hypothesis, this study is based. The mechanical properties of the articular
cartilage and trabecular bone from different regions of the porcine knee were
determined. Specifically these regions included areas of the patello-femoral groove

(PFG) and the medial and lateral condyles.
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The mechanical characteristics of cartilage are complex and have been widely
investigated using methods such as indentation (Athanasiou et al., 1994, Froimson et al.,
1997, Jurvelin et al., 1990, Korhonen et al., 2002a, Korhonen et al., 2002b, Lu et al.,
2009), unconfined compression (Boschetti et al., 2004, Boschetti and Peretti, 2008,
Kiviranta et al., 2006, Korhonen et al., 2002a, Laasanen et al., 2003) and confined
compression (Ateshian et al., 1997, Boschetti et al., 2004, Boschetti and Peretti, 2008,
Hung et al., 2004b, Korhonen et al., 2002a, Willett et al., 2005, Chen et al., 2001).
However, although none of these options accurately mimic cartilage mechanics, it is the
latter that has been most commonly used to describe it, as it offers a simple, one-
dimensional representation of cartilage under deformation. Using biphasic theory, one
can calculate the aggregate modulus, a measure of the compressive stiffness of a two
phase tissue in confined conditions. Furthermore, it has been demonstrated that the
compressive stiffness of cartilage can be related to its proteoglycan (PG) content
(Kiviranta et al., 2006, Laasanen et al., 2003, Lu et al., 2009).

Determining and comparing the mechanical parameters of cartilage from different
anatomical locations has been extensively studied. For example, Froimson et al.
compared the properties of human patellar and patellofemoral groove cartilage using
indentation and discovered that the patellar cartilage had a 30% lower compressive
stiffness (Froimson et al., 1997). Korhonen et al. showed that the aggregate modulus of
the cartilage on the bovine humeral head was greater than that of the patella, which in
turn was greater than that of the medial femoral condyle (Korhonen et al., 2002a). In a
study more closely related to the locations of interest in this chapter, Willet and co-
workers determined at the aggregate modulus of cartilage on both femoral condyles and
the patellofemoral groove in porcine knees (Willett et al., 2005). However, although it
was shown that the PFG cartilage was twice as stiff as that of the condyles, the primary
aim was determine the effect of freezing on cartilage in these areas. Interestingly, this
was found to reduce the aggregate modulus up to 20% in some areas. Jurvelin et al.
discovered that the aggregate modulus of canine cartilage was greatest in the PFG, then

the medial condyle, lateral condyle and finally the tibial plateau (Jurvelin et al., 2000).
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As for the trabecular bone, the most common method to determine the mechanical
properties of trabecular bone is uniaxial compression as this is the most accurate
reproduction of events in vivo. This allows material parameters such as the compressive
strength and Young’s modulus of specimen to be determined. Tensile testing is very
rarely used on trabecular bone as it is extremely difficult to obtain thin, elongated
specimens of trabecular bone for the testing. Furthermore, Ryan et al. demonstrated that
stress distribution in the intervertebral disc correlates with strength distribution in
subdiscal bone in the porcine spine (Ryan et al., 2008). It may be expected that such a
relationship exists in the knee joint also, with the areas regularly experiencing higher
stresses undergoing adaptive morphological changes leading to an increase in overall
bone strength and density in accordance with Wolff’s law.

Yet, despite all the comprehensive studies that have been carried out on both articular
cartilage and trabecular bone, as far as the author is aware, no study has determined and
compared the mechanical properties of both cartilage and its trabecular bone in different
anatomical locations with a view to OAT treatment. Hence, the following was

performed:

e Harvest osteochondral plugs from different regions of the porcine knee
representative of the locations where OAT would take plugs from and
subsequently implant them;

e Perform confined compression testing to determine the aggregate modulus;

e Perform a biochemical assay to determine whether PG content is correlated to
the aggregate modulus;

e Perform uniaxial compression testing on the trabecular bone to determine the
compressive strength & elastic modulus and

e Interpret the results to determine if differences exist for both the cartilage and
bone in separate harvest location groups and whether or not this may have

implications for OAT treatments.
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4.2 Methods

4.2.1 Preparation of Osteochondral Tissues

Five knee joints were harvested from 6-8 month old female pigs 5 days after slaughter.
Prior to dissection, the animal carcass remained chilled at 4°C, keeping the joint capsule
intact and maintaining the sterility of the joint. The joint capsule was carefully dissected
to expose the femoral condyles and the femur gripped in a vice mounted on a laboratory
work bench. A steel cork borer of 10mm diameter was then used to harvest
osteochondral material from several sites with the aid of a plastic mallet. All throughout
the harvesting process, PBS was used to irrigate the cartilage and prevent dehydration.
Two sites were highlighted on both the medial (M1 & M2) and lateral (L1 & L2)
condyles in addition to the patellofemoral groove (PFG1 & PFG2) for harvesting. These
sites are highlighted in figure 4-1. For each osteochondral plug, the trabecular bone was
maintained for strength testing, whereas the covering articular cartilage was maintained

for confined compression testing (figure 4-2).

After removal of the osteochondral plug, the cartilage was carefully removed from the
bone with a scalpel before being irrigated once again with PBS and frozen at -20°C. The
remaining bone was then shaped slightly at both ends using a band-saw, removing the
subchondral bone, to produce a cylindrical plug 10mm diameter, 10-15mm in length.
This too was then irrigated and frozen at a temperature of -20°C. Bone samples were

thawed overnight and equilibrated in PBS for 30min prior to testing.

Once five specimens for each location had been collected, each frozen cartilage disc was
then embedded in a support resin (Thermo Scientific Shandon Cryomatrix™) and placed
on a cryotome maintained at -20°C (Thermo Scientific Shandon Cryotome) for
sectioning. Serial 10um slices were removed from the bottom surfaces until they
appeared to be smooth and parallel to the articular surfaces. The prepared samples
together with embedding resin were then placed in storage again at -20°C until the day

of testing when they were thawed, cleaned of the embedding resin and equilibrated in
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PBS for 30min. It was hoped that because the cartilage surfaces were thoroughly
irrigated with PBS whilst harvesting, that any relative osmotic swelling effect between
the time of harvesting and after equilibrating would be minimal. Thus, the sample should

remain close to its size when it was taken from the knee while it was being tested.
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Figure 4-1. Location of osteochondral plug harvesting sites in porcine knee.

Figure 4-2. Cartilage and trabecular bone are separated from one another. The bone undergoes

strength testing whereas cartilage undergoes confined compression.
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4.2.2 Mechanical Testing of Cartilage

A Schematic Diagram, along with picture, of the custom made apparatus used for
confined compression testing of the prepared cartilage specimens is shown in figures 4-3
& 4-4 respectively. The apparatus consisted of an impermeable Telfon® base section
into which a porous 5mm thick polyethylene disc (80-130um average pore size) (Porex
Technologies GmbH, Aachen, Germany) was seated to act as the lower platen for
specimen compression. A further impermeable Teflon® section was used as a
confinement ring to restrict radial progression of specimen under compression. This was
fixed to the before mentioned base section. To act as the upper platen, a solid, stainless
steel indenter was employed. Finally, the entire apparatus mentioned thus far was fixed

to the base of a Perspex water bath and immersed in PBS at room temperature.
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Figure 4-3. Schematic of apparatus used for confined compression testing of cartilage.
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Figure 4-4. Picture of confined compression chamber used for cartilage testing; with water bath and

indenter (left), and unassembled (right). The coloured marbles were used to reduce the volume of

the external solution required to immerse the chamber.

The indentor was connected in series to a load cell on a materials testing system (MTS)
(Model Z005, ZwickRoell, Ulm, Germany). A previous study demonstrated that the
internal MTS measurement system is reliable and repeatable against externally applied
LVDT methods (Heneghan, 2008). Hence, this system was deemed appropriate to be

used in conjunction with the load cell for load/displacement measurement.

The indenter was lowered manually prior to each specimen being tested until contact
was made with the porous platen and a load of 0.25N was recorded. The digital
crosshead position of the MTS (in mm to 4 decimal points) was then noted at this point

(LE1), and the indenter was raised for placement of the cartilage.

After thawing and equilibrating in PBS at room temperature for 30min, a 10mm
diameter cartilage sample was placed neatly into the confinement chamber with care
taken to ensure the articular surface remained flush against the porous surface. The
sample was loaded so as to guarantee correct specimen confinement, followed by
unloading for a period of time to allow stress relaxation to occur and ultimately
determine the specimen thickness. This consisted of the following steps in load control:
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e The indenter was lowered into position into the chamber to contact the
microtomed surface of the specimen until a load of 0.25N was recorded, and
which was maintained for 60s;

e The load was then ramped up to 5N at a rate of 0.05N/s (A);

e The load was maintained at 5N for 60s (B);

e The cartilage was unloaded at a rate of 0.025N/s until the load was once again
0.25N (C); after which

e The load was maintained at 0.25N for 10min (D).

This is a similar methodology to that used by other groups who also tested cartilage
under confined compression conditions (Ateshian et al., 1997, Huang et al., 2005). An
example of these duties performed by MTS (desired input load profile & actual output

load profile performed by MTS) and the response from a cartilage specimen is shown in

figure 4-5.
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Figure 4-5. An example of the cartilage pre-test program input and sample response.
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The digital crosshead position was noted at this location (LE2) and the difference was
calculated to determine the cartilage sample thickness (LE1 - LE2). The reference
displacement at this point was also defined as zero strain (i.e. &=0, A=1). Once the
thickness of a sample was known, a series of ramp and hold cycles in steps of 10% strain
compression up until 50% strain was performed with the MTS in displacement control.
The ramps were performed at a rate of 25um/min, while the dwell periods were
maintained for a period of 30min, during which load was concurrently recorded by the

load cell.

Five cartilage samples from each of the six harvest location sites were tested. The
equilibrium compressive stresses at each of the 10-50% strain conditions were deemed
to be the lowest stresses recorded at each of those corresponding dwell periods. The zero
strain aggregate modulus for each sample was also determined using a non-linear
biphasic equation for tissue undergoing finite deformation (Holmes and Mow, 1990).
This equation has been used previously for determining the aggregate modulus of both
cartilage (Ateshian et al., 1997, Huang et al., 2005) and intervertebral disc tissue
(Heneghan, 2008, Perie et al., 2006a, Perie et al., 2006b). The equation states that the
equilibrium compressive stress can be related to the stretch ratio in the following

manner;

1 A2 =1 s
O-e ZEHAO(/IZﬂ+1 )eﬂ(;b K

Equation 4-1

Where Hap is the initial zero aggregate modulus and g is a non-dimensional constant
which measures the sensitivity of ¢° to large strains. Furthermore, the strain dependent
aggregate modulus can be determined by calculating the derivative of equation 4-1 with

respect to stretch ratio yielding;
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Equation 4-2
In order to determine the parameters Hpo and £ in equation 4-1, curve fitting using non-
linear least squares regression was performed using Matlab. A typical example of the

curve fitting results is shown in figure 4-6 and table 4-1. In this case Hao and g are

designated the labels a and b respectively.

+  stress ws. Lambda
fit 1

-0.05

-0.1

015

1 1 1 1
05 05 0B 0B 07 07 08 085 0% 095 1

Figure 4-6. Typical example of Matlab curve fitting to equilibrium data.
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Table 4-1. Matlab curve fitting results to figure 4-6.

General Model

f(x) = (0.5%a)*((x"2-1)/(x*(2*b+1)))*exp(b*(x*2-1))

Coefficients (with 95% confidence bounds)

a=  0.2332 (0.2153, 0.2512)
b= 0.7307 (0.5906, 0.8708)

Goodness of Fit

SSE: 3.344e-005
R-square: 0.9994
Adjusted R-square: 0.9992
RMSE: 0.002891

4.2.3 s-GAG Assay

Once mechanical testing was complete, samples were cut in half with a scalpel, freeze
dried for 24 hours, their weight recorded and stored. A digestion solution was then

prepared consisting of the following:

e 100ml 0.2M sodium phosphate buffer, pH 6.4.

e 0.1M sodium acetate.

e 0.01M NaEDTA.

e 0.005M cysteine.

o After all the above components had dissolved 80ul of crystallised papain

suspension was introduced.

The stored tissue samples were then placed in 1.5ml micro-centrifuge tubes and 1ml of
the digestion solution was added. The tubes were then placed in a water bath at 65°C and
incubated for 18 hours with agitation every few hours were possible. The tubes were

then spun at 10,000rpm for 10 minutes to clarify the solution and the supernatant
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decanted for use in a commercial s-GAG assay kit (Blyscan, Biocolor, Carrickfergus,

Northern Ireland).

The samples needed to be appropriately diluted to be measured against the assay

calibration curve. This was done in the following manner:

e Dry weight of cartilage sample (= 20mg) was added to 1ml of digestion solution
giving a sample concentration of 20mg/ml.

e Assuming a conservative level of GAG content — 20%, gives 4mg/ml GAG
concentration.

e This was then diluted to give 1ug/10ul, which was the same protein
concentration used in the standards supplied to generate the calibration curve.

e The calibration curve was accurate up to 5ug of protein, thus 20ul of each
sample solution was measured against the calibration curve midway, with some
room above this point on the curve as initial GAG approximation was

conservative.

Assessment of GAG content in the supplied standards for the calibration curve and the
actual tissue samples was performed using a reagent dye (dimethylmethylene blue) and a

spectrometer against a reagent blank.

e The sample to be measured was made up to 100ul in a 1.5ml micro-centrifuge
tube using the same solvent as the reagent blank (in this case de-ionised H,0).

e 1ml of the reagent dye was added to the tube. They were then sealed, inverted
and placed on a mechanical shaker for 30 minutes.

e Tubes were then transferred to a micro-centrifuge and spun at 12,000rpm for 10
minutes during which time pellets formed.

e The supernatant was carefully drained and replaced with 0.5ml of dissociation
fluid. Tubes were then sealed and the dye pellet dissolved using a vortex.

e The resulting solution was then measured on a spectrometer at 656nm.
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Duplicates were run for the standards used to generate the calibration curve. The zero
standard (blank) was subtracted, the data plotted and fitted to a linear tread line (figure
4-7). Duplicates were also used for all cartilage samples and an average taken.

Duplicates were repeated should their value be greater than +/-5% of the mean.

16 y = 0.297x

R2 = 0.9901
1.4 o

1.2 1

0.8 -

Absorbance

0.6

0.4 -

0.2 -

0 T T T T T
0 1 2 3 4 5 6

s-GAG Reference Standard (pg)

Figure 4-7. Calibration curve used to calculate s-GAG content.

4.2.4 Mechanical Testing of Bone

Cylindrical plugs of trabecular bone were subjected to uniaxial compression using an
Instron E10,000 (Instron, Bucks, UK). Hydraulic tensile grips were adapted to become
two solid compression platens by means of gripping to pieces of aluminium T-bar
between the grips as shown in figure 4-8. The lower grip was connected in series to a
1,000N load cell. Prior, to testing the testing the sample length was measured using a
Vernier callipers, then placed centrally upon the lower platen. The upper platen was
lowered until contact was made with the top surface of the sample and a load of 0.5N
was recorded. The load cell was subsequently tared and a deformation rate of 5Smm/min

was used to deform each specimen along their long axis until a drop off of load was
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detected. The load-displacement curves recorded were converted appropriately to stress-
strain curves, from which a number of material parameters including Young’s Modulus

(E), the ultimate compressive strength (UCS) and the yield strength (oy) were

determined. The yield strength was calculated at a 0.2% strain offset.

Instron Grips

Bone Sample

T-bar

Instron Grips

Figure 4-8. Instron E10,000 used for strength testing of bone samples complete with schematic of

test set-up incorporating T-bar pieces into the hydraulic grips.

4.2.5 Statistics

Unless otherwise specified, all statistical analyses in chapter 4 were carried out using

statistical software (Minitab™

, Vv.16). Statistical variances between regions were
determined by one way analysis of variance (ANOVA). Tukey's honesty significant
difference test was used for post hoc evaluation of differences between groups. A
student t-test was used to investigate significance between any two groups if so desired.

A P-value of <0.05 was considered to be statistically significant.
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4.3 Results

4.3.1 Mechanical Properties of Articular Cartilage

43.1.1 Cartilage Thickness

The results of the pre-test program to determine the cartilage thicknesses of the samples
are presented in figure 4-9. Samples from both lateral groups were found to be
significantly thinner than those from both PFG groups. There was also no significant
difference between L1 & L2. The medial groups were compared to the PFG groups and
both M1 & M2 were significantly thinner than PFG2 but not PFG1. Again, as it was for
the lateral groups, no significant difference was found between these inter-condyle
groups. However, interestingly, when a comparison was performed between the PFG
groups, PFG1 was found to be significantly thinner. Finally, when the lateral groups
were compared to the medial groups, L1 was significantly thinner than both medial
groups, but L2 was only significantly different than M2. Overall, the mean cartilage
thicknesses ranged from 1.57-1.69mm on the lateral condyle, 1.98-2.0mm in the medial
compartment and 2.07-2.35mm on the patellofemoral groove region of the knee. Thus,

the mean lateral to medial cartilage thickness ratio ranged from 0.79-0.85.

4.3.1.2 Cartilage Sample Compression

Thereafter, when all cartilage samples were tested they experienced a rise in
compressive stress during the displacement phases with peak stresses occurring at the
end of each of the ramp strains. These were followed by characteristic stress relaxation
curves for each of the holding phases. A typical example of the strain applied to the

samples and the stress recorded against time is shown in figure 4-10.
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4.3.1.3 Equilibrium Stress

Figure 4-11 presents plots of the mean equilibrium stresses for each harvest location
against strain (¢° vs. ¢). Equilibrium stresses are found to rise steadily against strain in an
exponential fashion consistent with equation 3-1. At nearly all levels of strain, the
patellar femoral groups were significantly greater (P<0.05) than the medial and lateral
condyle groups. Exceptions did occur however for PFG1 against M1 & and for PFG2
against M1 at 0.Lmm/mm strain. Differences between all the condyle groups were not
significant, with the exception of groups M1 & L2 at 0.5mm/mm strain. A significant
difference was also found to occur between both PFG groups at 0.3mm/mm strain levels
onwards. Table 4-2 is intended to complement Figure 4-11, by highlighting the levels of

strain where significant differences in equilibrium stresses occur between harvest site

groups.
0.45 -
—o—L1
041 | L2
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0.35 - M2
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. 0.3 —— PFG2
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w
£ 02 ~
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01
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Figure 4-11. Equilibrium stresses recorded for each harvest location group against input strain.
Results shown as mean +/- SD (n=5). Data was analysed using a 1-way ANOVA. Cartilage appears

to be stiffer in the PFG rather than the femoral condyles.
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Table 4-2. Areas where significant differences in equilibrium stresses were found to occur between

harvest location groups. Values indicate the strain in mm/mm where significance occurs.

L1 L2 M1 M2 PFG1 PFG2
L1 n/a
L2 n/a
M1 05 n/a
M2 n/a
PFG1 All All 021005 0.2t005 n/a
PFG2 All All 021005 All 0.3t005 n/a

4314 Aggregate Modulus

The zero strain aggregate modulus (Hao) was determined for all samples in each group
according to equation 4-1. The calculated means for the groups are displayed in figure 4-
12. The mean aggregate modulus for both PFG1 & PFG2 was found to be significantly
larger than all the medial and lateral condyle groups (P<0.05). In all cases the
magnitudes of the PFG groups were greater than twice those of the condyle groups. A
near significant difference was also found to exist between both PFG1 & PFG2 when the

groups were analysed separately using a student t-test (P=0.052).
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Figure 4-12. Calculated aggregate modulus for each harvest location group. Results shown as mean
+/- SD (n=5). Data was analysed using a 1-way ANOVA. The significantly higher aggregate modulii

in the PFG sites indicates once again cartilage is stiffer here.

Having calculated the zero strain aggregate modulus (Hap), the strain dependent
aggregate modulus (Ha) was calculated for each harvest site group using equation 4-2.
Figure 4-13 presents a plot of Ha against strain for each of the harvest groups. It was
found that the aggregate modulii in the PFG groups were significantly greater than the
M1, M2, L1 & L2 groups at all strains, except in the M1 group at 0.5 mm/mm were no
significant differences occurred against both PFG1 and PFG2 (P>0.05).
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Figure 4-13. Calculated aggregate modulus for each harvest location group against strain.. Results
shown as mean +/- SD (n=5). Data was analysed using a 1-way ANOVA. In all cases (except M1 at
0.5mm/mm) the differences in cartilage stiffness between the condylar and PFG groups is

independent of applied strain.

Table 4-3 compiles the mean values of equilibrium stress (oe) and aggregate modulus
(Hp) for each harvest location group at each level of applied strain (¢). The areas of
significance against both the PFG1 & PFG2 are indicated in order to highlight the
emerging trend of stiffness mismatch between the femoral condyles and the

patellofemoral grove regions of the porcine knee.
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Table 4-3. The equilibrium stress (¢.) and aggregate modulus (H,) for each harvest location group
at levels of applied strain (g). Values reported as mean (SD) (n=5). Data was analysed using a 1-way
ANOVA. Black shading indicates <PFG1 & PFG2 whereas grey indicates <PFG2 alone (P<0.05).

L1 L2 M1 M2 PFG1 PFG2
Ha Ha Ha Ha Ha Ha
€ ° x10® x10° x10° 10° X108 X108
(kPa) (kPa) (kPa) (kPa) (kPa) (kPa)
(kPa) (kPa) (kPa) (kPa) (kPa) (kPa)

0.110 0.101 0.125 0.110 . 0.246 . 0.309
(0.032) (0.029) (0.045) (0.031) (0.016) (0.060)
0.131 . 0.119 . 0.149 0.131 206  0.360
(0.036) (0.033) (0.050) (0.035) (8.8)  (0.066)
0.184 0.162 0.207 0.178 639  0.467
(0.041) (0.042) (0.053) (0.042) (18.3)  (0.075)
0.297 0.249 0.333 0.278 1314 0673
(0.046) (0.063) (0.061) (0.053) (21.4)  (0.089)
0553 0.438 0.627 0.495 0936 2252  1.085
(0.040) (0.123) (0.136) (0.078) (0.092) (32.5) (0.136)
1.201 0.899 1.410 1.023 1771 3590 1981
(0.068) (0.322) (0.508) (0.180) (0.238)  (44.4) (0.312)
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4.3.2 Mechanical Properties of Trabecular Bone

43.2.1 Bone Sample Compression

A typical loading curve is shown in figure 4-14. The load-deformation response of the
uniaxial compressive tests consisted of an initial non-linear region (A), followed by a
linear, elastic region (B) and a region of yield (C). Loading then continued until failure
occurred, defined here as the first detectable decrease in load. An extensive region of
plastic behaviour was witnessed post-yield. Initially strains are considerable with little
change in stress (D), but this is then followed by a final rise in stiffness before failure
(E).This post-yield behaviour can be related to the structural changes that occur in the
specimen. Plates of bone collapse upon one another, explaining the slight wavering of
the curve, until the material becomes compacted and fracture finally occurs.
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Figure 4-14. Typical loading curve associated with bone samples (in this case a M1 specimen) under

uniaxial compression.
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4.3.2.2 Bone Strength

Figure 4-15 presents the ultimate compressive strength (UCS) and yield strength (oy)
results for all six of the harvest location groups. Beginning with the UCS results,
significant differences are observed to occur between the L2, M1 & M2 groups and both
PFG groups, while the L1 group was found to be significantly higher to the PFG2 group
but not the PFG1 group. There was no statistically significant difference between the
UCS of PFG1 & PFG2. Within the condyle groups, no significant difference emerged
between L2, M1 & M2, but L1 was found to be lower than L2 & M1 but not M2.
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Figure 4-15. Ultimate compressive strength (UCS) and yield strength (oy) at sites of harvest. Results
shown as mean +/- SD (n=5). Data was analysed using a 1-way ANOVA. Bone is significantly

stronger in femoral sites, particularly the medial groups, compared to PFG sites.

In terms of yield strength, only the M1 & L1 groups of the load bearing areas showed
any significant difference against the PFG groups. M1 was significantly higher than both
PFG1l & PFG2, whereas L1 was higher than PFG1 alone (P<0.05). No significant

difference was discovered between all of the condyle groups or indeed the PFG groups.
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The UCS and vyield strength results indicate that the bone harvested in the femoral

condyles, especially the medial condyles, is stronger that the patellofemoral grove sites.

4.3.2.3 Young’s Modulus

The results for the Young’s modulii of the harvest groups are displayed in figure 4-16.
The medial groups emerge as the stiffest harvest locations. In fact, bone is found to be
significantly stiffer in the M1 group when compared to the PFG1 & PFG2 groups
(P<0.05). The same trend is seen with M2 against PFG1 & PFG2. No statistical
difference was discovered between the lateral groups and the PFG groups. Although the
lateral groups are lower, particularly L1, no statistical significance was also found in

their modulii and those of the medial groups.

-1
TN N NN N\

M2 PFG2
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Figure 4-16. Young's Modulus results for harvest location groups. Results shown as mean +/- SD
(n=5). Data was analysed using a 1-way ANOVA. Bone is found to be significantly stiffer in the

medial condyle sites compared to the PFG sites.



4.3.3 s-GAG Assay Results
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Figure 4-18 indicates a strong correlation exists between cartilage thickness and
aggregate modulus when all harvest groups are analysed as a whole (r=0.605, P<0.001)
but not when condylar and PFG groups are analysed independently. This suggests a
specimen’s stiffness in confined conditions is due, at least to some extent, on the site

dependent thickness in question.

Figure 4-19 presents a scatter plot of s-GAG content against aggregate modulus. In this
instance the data suggests correlative trends between s-GAG content and the aggregate
modulus for condylar locations (r=0.771, P<0.001), PFG locations (r=0.597, P=0.068)
and all specimens as a whole (r=0.606, P<0.001). The higher P-value in the PFG group
is most likely due to the smaller sample population. Figure 4-19 is suggestive that
greater PG content tends to result in a larger Hao. However, this is unlikely to be the full
story as collagen and collagen matrix architecture are also likely to play a role which

may also explain the clear separation of condyle and PFG groups in the plot.

Figure 4-20 demonstrates that no correlation exists between cartilage thickness and s-
GAG content either for condylar and PFG groups, or all the specimens as a whole. It
appears that although both cartilage thickness and s-GAG content both seem to affect the

aggregate modulus of the specimen, they do so independently of one another’s affects.
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Figure 4-18. Scatterplot of sample thickness vs. Hpo for all cartilage specimens tested.
Solid black treadline - L1, L2, M1 &M2, dashed treadline - PFG1 & 2, Solid grey treadline — All.
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Figure 4-19. Scatterplot of s-GAG content vs. Hug for all cartilage specimens tested.
Solid black treadline - L1, L2, M1 &M2, dashed treadline - PFG1 & 2, Solid grey treadline — All.
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Figure 4-20. Scatterplot of sample thickness vs. s-GAG content for all cartilage specimen tested.
Solid black treadline - L1, L2, M1 &M2, dashed treadline - PFG1 & 2, Solid grey treadline — All.

4.3.5 Correlating the Mechanical Properties of the Cartilage & Bone

When the material parameters determined for the trabecular bone (UCS, oy & E) are
combined with the cartilage material parameter Hpao for each harvest location, significant
differences occur between particular femoral condyle locations and the patellofemoral
groove locations. These are presented in table 4-4. For both cartilage and bone, the areas
where most difference is found to occur is in the medial condyle harvest locations. There
is striking evidence to suggest that cartilage and bone from both the PFG locations are
too stiff and weak respectively compared to medial condyle osteochondral tissues. This

is highlighted using the dark background shading.
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Table 4-4. The ultimate compressive strength (UCS), yield stress (¢,) & Young’s modulus results

for the trabecular bone and the zero strain aggregate modulus (Hpo) for the cartilage taken from

each harvest location. Values reported as mean (SD) (n=5). Data was analysed using a 1-way
ANOVA. Black shading indicates <PFG1 & PFG2, dark grey indicates <PFG2 alone & light grey
indicates <PFG1 alone (P<0.05).

UCS (MPa)

o, (MPa)

E (MPa)

Hao (MPa)

L1

146.92
(49.68)

0.110
(0.032)

PFG1 & PFG2

L2

6.90
(0.45)
PFG1 & PFG2

185.77
(59.57)

0.101
(0.029)
PFG1 & PFG2

M1

7.25
X
PFG1 & PFG2

437
(0.29)
PFG1 & PFG2

207.57
(52.67)
PFG1 & PFG2

0.125
(0.045)
PFG1 & PFG2

M2

7.23
(0.51)
PFG1 & PFG2

226.66
(70.19)
PFG1 & PFG2

0.110
(0.031)
PFG1 & PFG2

PFG1 PFG2
5.80 5.44
(0.87) (0.41)
3.62 353
(0.45) (0.64)
120.73 135.45
(50.17) (40.25)
0.246 0.309
(0.016) (0.060)

Scatterplots were created to determine if the aggregate modulus of the cartilage

correlated with the compressive properties of the bone beneath it. UCS & g, correlated

against Hap only when all groups were analysed as a whole (P=0.001 in both instances),

but not for condylar or PFG groups alone in figures 4-21 & 4-22 respectively. However

the weight bearing and non-weight bearing sites correlated independently for E against

Hao (P<0.001 & 0.052 respectively), indicating a site-specific relationship (figure 4-23).
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4.4 Discussion

This chapter aimed to discover the regional variation in the mechanical characteristics of
articular cartilage and trabecular bone in the porcine knee. This was achieved by
mechanically testing these tissues in six areas of interest across the knee; two on the
medial condyle (M1 & M2), two on the lateral condyle (L1 & L2) and two on the
patellofemoral groove (PFG1 & PFG2). The condyles and the patellofemoral groove are
known to be sites through which large joint forces are transmitted. However, the
kinematics and magnitude of forces vary in these joints and consequently these sites
were selected on the principle that their properties may vary in accordance with activity.
This is of particular interest when considering OAT procedures, particularly
mosaicplasties, where multiple osteochondral plugs are routinely harvested from non-
load bearing sites to replace a defect in a load bearing site as these grafts are unlikely to
truly replicate the mechanics of the host site.

The mean thicknesses calculated for L1 & L2 were 1.57+0.27 & 1.69+0.28mm
respectively. This corresponds well with a study performed by Wayne et al., who used
both radiographic and optical methods to determine cartilage thickness across the entire
width of porcine lateral condyles (1.843+1.163 & 1.844+1.161mm respectively) (Wayne
et al., 1998). The cartilage thickness in the PFG2 location was found to be significantly
greater than PGF1. Furthermore, both PFG groups had significantly thicker cartilage
than both lateral groups, whereas both medial groups were only significantly different to
PFG2 (figure 4-9). Similar results to these were found in bovine knees, with cartilage on
the lateral femoral groove found to be more than 30% thicker than the medial femoral
groove (Kiviranta et al., 2006). In fact, thicker cartilage has been shown to be present in
the patellofemoral groove for bovine and human species but not so for dog, monkey or
rabbit (Athanasiou et al., 1991).

The overall thickness of cartilage on the medial condyle was found to be significantly

thicker than the lateral condyle. This was a phenomenon also seen in ovine knees by
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Armstrong et al., where central areas of the medial condyle were found not only to have
thicker cartilage, but also a thicker subchondral bone plate beneath it, suggesting that
more load passed through the medial joint compartment (Armstrong et al., 1995).
Furthermore, it has been demonstrated that medial femoral cartilage is thicker in bovine,
dog, rabbit, monkey (Athanasiou et al., 1991), ovine (Armstrong et al., 1995) and now
porcine models (this study). Intuitively, like these animal models, one may suspect that
there may be thicker cartilage on human medial condyles, as the knee adduction moment
during stance phase should cause a greater proportion of load to pass through the medial
joint compartment. Yet, this does not seem to be the case, as there appears to be thicker
cartilage present on the lateral condyle rather than the medial (Eckstein et al., 2001, Koo
and Andriacchi, 2007, Li et al., 2005).

To say this is simply because the animals previously mentioned are quadrupeds seems a
rather simplistic deduction. However, it is not unwarranted to deduce there may be
interspecies structural variations in the knee that may cause a greater quantity of
cartilage to develop in the opposite compartment. For example, it has been demonstrated
that the ovine lateral femoral condyle and tibial plateau are larger than their medial
counterparts (Armstrong et al., 1995), whereas the reverse is the case in humans (Koo
and Andriacchi, 2007, Iwaki et al., 2000). Therefore, it is most likely that it is the
presence of a greater contact pressure in a compartment rather than the magnitude of

dynamic load that governs cartilage thickness (Koo and Andriacchi, 2007).

Confined compression testing was performed on cartilage samples from each location to
initially discover their aggregate modulus (Hao), which once known, allows for
determining of their strain-dependent aggregate modulus (Ha). This was achieved by
performing multiple ramp and hold cycles and using the corresponding equilibrium data
recorded to develop a relationship between the compressive equilibrium stress (¢°) and
the stretch ratio (A). This relationship was then interpreted using a non-linear biphasic

equation which can determine Hao (Holmes and Mow, 1990).
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After applying sequential displacement ramping to the cartilage, the equilibrium stresses
were found to increase in an exponential fashion with increasing strain as expected and
in line with previous studies (Ateshian et al., 1997, Huang et al., 2005). In the majority
of cases, the equilibrium stresses at both PFG1 & 2 were found be increasingly larger
than all of the condyle groups. Furthermore, little significant difference was found
between the stresses observed within the condyle groups with increasing levels of strain
(figure 4-11 & table 4-2). As a consequence of the significant differences found between
the equilibrium stress curves of condylar and patellofemoral locations, it is not
surprising therefore that this pattern is translated into the values determined for the
aggregate modulus and strain-dependent aggregate modulus. Indeed, following the
curve-fitting procedure, values for the aggregate modulus were found to range from
approximately 0.1-0.125MPa in the condyles and 0.2-0.3MPa in the patellofemoral
groove (figure 4-12). These values of the aggregate modulus were found to correlate
with sample thickness when both condyle and patellofemoral groups were analysed as a
whole (r=0.606, P=0.001). However, as no significant correlation was found to exist
within these groups when taken on their own, any relationship between cartilage

thickness and Hao must be put into doubt for this porcine model at least.

Previous studies quote aggregate modulus values of 0.4MPa for bovine glenoid cartilage
(Ateshian et al., 1997), 0.178 & 0.141MPa for bovine glenoid and humeral cartilage
respectively (Huang et al., 2005), 0.754MPa for bovine humeral cartilage (Jurvelin et al.,
1997), 1.113-2.084MPa for canine knee articular cartilage (Jurvelin et al., 2000), 0.87,
0.66 & 0.38MPa for bovine humeral, patellar and femoral cartilage respectively
(Korhonen et al., 2002a), 0.38 & 0.47MPa for bovine patellofemoral cartilage (Chen et
al., 2001, Schinagl et al., 1997) and 0.11-0.31MPa for bovine femoral condyle and
patellofemoral cartilage (Williamson et al., 2001). Little investigation has been invested
into determining the aggregate modulus of porcine articular cartilage.

In a study by Willet et al., porcine cartilage from the femoral condyles and the

patellofemoral groove were subjected to confined compression to determine the effect of
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freezing at -20°C on the tissue mechanics (Willett et al., 2005). The aggregate modulus
was found to be 0.239 & 0.191MPa for the femoral condyles and 0.464 & 0.402MPa for
the patellofemoral grove, before and after freezing respectively. It is noticeable that the
magnitude of values for the aggregate modulus are markedly different from the values
determined in this thesis, however distinctions in the methodologies can explain this
feature, including a final applied strain of 0.35mm/mm and a shorter hold time of 1000s.
Furthermore, an alternate means to calculate the aggregate modulus was employed
which was based on a finite deformation model developed by Kwan et al. (Kwan et al.,
1990). Nevertheless, what is apparent is the ratio between the aggregate modulus in the
two investigated regions is remarkably similar in both studies, and that cartilage on the
patellofemoral grove is significantly stiffer than that found on the condyles in pigs.

The work of Athanasiou et al. demonstrated that amongst other mammalian species this
relationship did not seem to exist (Athanasiou et al., 1994). No difference in the cartilage
aggregate modulus was discovered between the condyles and the patellofemoral groove
in humans and dogs. In fact, in rabbits the medial condyle modulus was significantly
higher than the groove, whereas monkey and bovine species had stiffer cartilage in both
condyles rather than the patellofemoral grove — the reverse of the porcine model in this
thesis. Yet, there is evidence to dispute the results of Athansiou & co-workers as, for
example, Jurvelin et al. found cartilage in the patellofemoral groove to be stiffer than the
condyles in dogs (Jurvelin et al., 2000), and Williamson et al. found no difference
between the grooves and the condyles of adult cows (Williamson et al., 2001).
Interpreting between such studies is not entirely routine, as there exists a broad range of
methodologies in literature yielding an equally broad range of results. This does not
solely rest on the experimental set-up, loading protocol or simply the species of animals

used, but also the maturity of the animals in question.
In OAT, cartilage is routinely harvested from margins of the condyles and inter-condylar

notch. The absence of sustained contact pressures in these harvest locations are therefore

likely to result in thinner cartilage being present. Thaunat et al. found this to be the case,
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postulating that gross mismatch in cartilage thickness may lead to abnormal stresses
developing and poor function (Thaunat et al., 2007). In total, seven donor sites were
analysed against four recipient sites and statistically different thicknesses were observed
in 28 out of a possible 34 combinations. Nevertheless, it appears this particular shortfall
may be accommodated for by countersinking the implanted graft slightly. Huang et al.
found that when grafts are seated no more than 1mm below the native articular surface,
the graft cartilage will thicken to meet the surface (Huang et al., 2004). What is
worrying however is that human cartilage thickness has been found to be inversely
correlated with its compressive modulus (Shepherd and Seedhom, 1999). Thus, one may
deduce that cartilage grafts harvested from relatively non-weight bearing sites are
inherently stiffer than their site of implantation and may produce some degree of stress

shielding.

The s-GAG levels were found to be between 25-30% dry weight across all groups tested.
No significant difference was found in the amount of s-GAG between any of the groups
bar one pairing (PFG2>L2). This result was somewhat surprising considering that stiffer
cartilage is often reported to be related to increased levels of PG (Julkunen et al., 2007,
Kiviranta et al., 2006) and the patella-femoral groove sites had already proven to be
significantly stiffer. Hence, a scatterplot was constructed plotting s-GAG levels against
the Hao of the sample. This plot was found to demonstrate a significant level of
correlation when all groups when analysed as a whole (r=0.606, P<0.001). Thus, it may
be proposed that although the quantitative difference in PG levels between certain
condylar and patella-femoral groups may not be significant statistically, it is adequate to
induce statistically relevant differences in the aggregate modulus between the same
groups. The correlation of PG content and tissue stiffness across anatomical locations in
this study compares well to the bovine model, as correlations have been observed
between not only the Young’s modulus and collagen content, but also the PG content of
tibial, femoral condyle, patellar and humeral cartilage when grouped together (P<0.01 in

both instances) (Kiviranta et al., 2006). Furthermore, this has also been demonstrated
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between the equilibrium modulus and PG content of cartilage in the same harvest
locations discussed here (P<0.001) (Julkunen et al., 2007).

The trends of regional cartilage PG content in this porcine knee model can be translated
to more significant levels in human knees. Rogers et al. determined the GAG content in
what were deemed to be non-weight bearing (patellar groove, margins of the medial &
lateral condyles) and weight bearing (medial & lateral femoral condyles) areas in 13
human knees (Rogers et al., 2006). These of course are areas of osteochondral harvest
and implantation respectively. Results demonstrated a significantly greater amount of
GAG in the weight bearing sites. Given what has just been discussed about the
relationship between GAG content and the aggregate modulus in these sites, it may be
extended that GAG content alone does not contribute to increased stiffness and that

other factors such as collagen content and distribution may play a role.

Alterations may occur during the development of cartilage with age such as its
thinning/thickening or changes in the structure of macromolecules or indeed the quantity
of these molecules (Hyttinen et al., 2009, Julkunen et al., 2009, Rieppo et al., 2009,
Williamson et al., 2001). These changes are the most likely explanation as to why the
aggregate modulus of the patellofemoral groove is greater than the condyles in the
porcine model as they are relatively young at slaughter (6-8 months), effectively at
adolescence when translated to human models. This will be discussed in much more
detail in chapter 6 when reviewing the histological work performed, as it will encompass
collagen as an accompanying structural macromolecule to PG and their distribution

rather than simply their content alone.

A correlative investigation was also found to reveal that no relationship existed between
s-GAG content and cartilage thickness (r=0.046, P=0.848). This proved to be an
interesting discovery considering that cartilage thickness has already been shown to
correlate significantly with Hao which, as we have just discussed, correlates with s-GAG

content. It must be repeated however that cartilage thickness correlates with Hao only
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when all groups are taken as a whole and condyle and patellofemoral groove sites
correlate poorly (r=-0.06, P=0.802 for condyles & r=0.584, P=0.076 for patellofemoral
groove). Thus, it may be that cartilage thickness is an artefact of the anatomical site in
this instance and is linked to the aggregate modulus in an alternative manner than its PG
structural contributors such as collagen content. Evidence also exists demonstrating
significant differences between rabbit femoral and tibial cartilage thicknesses can be
reduced with maturation (Julkunen et al., 2009). Perhaps, a similar effect may occur with
the femoral and PFG cartilage in pigs and hence the thickness/Hao relationship is present
merely because just two anatomical sites were analysed and at a relatively early
developmental stage. Correlation is always a likely outcome when only two distinct sites
are grouped so must be given due scepticism. Including an additional anatomical site,
say from the tibia may destroy this correlation, indicating no overall relationship exists

between thickness and the aggregate modulus.

After bone testing no eventful macroscopic changes were evident in both the medial and
lateral groups, but such changes were observed in the patellofemoral groove groups,
when marrow was often found to exude between the rapidly collapsing trabeculae. A
larger proportion of marrow to bone material seemed to exist at these locations, with a
greater concentration of bone present in the condyles. No microscopic observations were
performed. The magnitude of results for UCS, yield strength and Young’s modulus are
approximately half of what has been determined in porcine vertebral trabecular bone
(Ryan et al., 2008, Teo et al., 2006), but the UCS of porcine humeral trabecular bone
appears to be very similar (approx. 6MPa when converted from failure load data)
(Matter et al., 2001).

The UCS of the trabecular bone beneath the articular cartilage was found to be
significantly higher in the condyle sites compared to the PFG sites in nearly all cases.
This trend is not surprising in light of Wolff’s law which states that a stress/structural
morphology relationship exists in most biological tissues. Given that the femoral
condyles distribute body weight more so than the PFG, the bone in the condyles would
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encounter more stresses during daily activates which provides greater stimuli for

adaptive remodelling to occur.

Interestingly, the observation of PFG bone being inferior was found only to occur
significantly in the medial condyle with regard to Young’s modulus. This feature relates
well to the cartilage thickness results discussed previously. Cartilage was significantly
thicker in the medial condyle over the lateral condyle, most likely a result of greater
stresses existing in the medial joint compartment. If the Young’s modulus of bone in the
medial condyle, but not the lateral condyle, is significantly greater than that of the PFG,
then this also tends to suggest that greater stresses exist and/or more load passes through
the medial compartment.

The results of the regression analyses highlight that although there appears to be a
correlation between both the UCS and yield strength of the bone against Hao of the
cartilage, this is only the case when all harvest sites are taken as a whole. There was
distinctly no correlation found between these respective properties within the femoral
and PFG groups. As was the case with the correlation between cartilage thickness and
Hpo, and for the same reasons, this result should be viewed in a rather critical light.
However, there certainly appears to be a correlation between the Young’s modulus of
the bone and the aggregate modulus of the cartilage above it. This was found to be more
significant in the condyles (r=0.790, P<0.001) than the PFG (r=0.627, P=0.052), but the
PFG group suffered from a distant outlier. Given the two well-defined correlations, it
appears that this stiffness relationship between the cartilage and bone is specific to a

particular anatomical site.

A relationship has also been demonstrated between the stiffness of cartilage and bone in
human tibias and then extended to demonstrate a further correlation between the elastic
energies of the tissues (Ding et al., 1998, Rohl et al., 1997). This indicates that articular
cartilage and trabecular bone may act together as a unit in response to mechanical

loading.
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The testing performed in this chapter to determine the aggregate modulus was of a
quasi-static nature, that is, it was performed a rate slow enough to almost be static.
Under such conditions there are no the acceleration dependent inertial effects and, more
importantly, the velocity dependent damping effects are eliminated. However, the
physiological loading experienced in the knee joint is obviously dynamic and these
acceleration and velocity effects are present. Under cyclic loading it has been
demonstrated that the greater the applied frequency of loading, the greater the
pressurisation of the interstitial fluid and as a result the lesser the deformation of the
cartilage over time (Soltz and Ateshian, 2000, Suh et al., 1995, Wu et al., 1998, Park et
al., 2004). Such deformational behaviour is linked to the diffusional phenomenon
between the solid and fluid states. The rate of diffusion can be approximated by the
primary diffusion characteristic time, z4, and the critical frequency at which dynamic
loading becomes significant is 1/zq (Suh et al., 1995). That is to say, for loading at
frequencies lower than 1/z4, low interstitial pressurisation is present and large matrix
deformation occurs. Similarly, for loading at frequencies greater than 1/zy, large
interstitial pressurisation is present and low matrix deformation occurs. If the tissue
freely deforms then it cannot be considered to be as stiff as the case when it does not
deform easily. Hence, as no cyclic loading was applied to the tissues discussed in this
chapter, large deformations occurred which are not representative of in-vivo
deformations and the magnitude of aggregate moduli derived are similarly askew. In
fact, the compressive modulus has been shown to increase by over a factor of 30 when a
frequency of 1Hz is applied in contrast to standard quasi-static conditions (Gannon et al.,
2012).

Therefore, the quasi-static testing performed here clearly has its limitations. However,
quasi-static testing due to its simplicity is largely used in the field of tissue mechanics.
As a result, the data generated here offers a simple means for comparison to similar
quasi-static testing on cartilage published in the literature. Furthermore, for a simple
comparison between cartilage properties at various sites of the knee, quasi-static testing

is more than sufficient.
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5 Determination of the Poisson’s Ratio of Articular

Cartilage in the Porcine Knee

5.1 Introduction

Along with the aggregate modulus, another fundamental material property of cartilage is
Poisson’s ratio i.e. the ratio of transverse strain to applied axial strain. The ability of
contacting joint tissues to deform laterally in the appropriate manner may be essential in
providing joint conformity under load and effective stress distribution. As such, there
have been many investigations into directly measuring the Poisson’s ratio of cartilage
(Ficklin et al., 2007, Jurvelin et al., 2000, Jurvelin et al., 1997, Kiviranta et al., 2006,
Korhonen et al., 2002a, Wang et al., 2003, Williams et al., 2010, Wong et al., 2000) but
also other similarly load-bearing tissues such as the intervertebral disc (Cloyd et al.,
2007, Elliott and Setton, 2001).

For over 20 years, the leading pioneers in direct measurement of the Poisson’s ratio of
cartilage have been the group of J.S. Jurvelin in Kuopio University Hospital, Finland
(Jurvelin et al., 2000, Jurvelin et al., 1997, Kiviranta et al., 2006, Korhonen et al., 20023,
Wong et al., 2000). The first publication of note determined the Poisson’s ratio of bovine
humeral cartilage optically, and compared this against a theoretical vale based on
experimentally derived data for the equilibrium Young’s (unconfined) and aggregate
(confined) modulus (Jurvelin et al., 1997). This was achieved by assuming the cartilage

was an isotropic linearly elastic material and solving for vs in the following equation;

1-v,

H,=— "+ % Equation 5-1
AT dv)a-2v) a
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where,
Ha = aggregate modulus,
Es = equilibrium Young’s modulus &

Vs = Poisson’s ratio.

Cartilage discs were compressed and Poisson’s ratio was calculated at two time points;
at the end of the ramp phase and after lateral recoil homeostasis was achieved at the end
of the hold phase. Thus, a short term (or apparent) and equilibrium value for Poisson’s
ratio could be determined. Although inhomogenousity was observed at low strains,
results indicated that cartilage could be successfully interpreted as an isotropic linearly
elastic material between strains of 5 & 20% (vs = 0.185+/-0.065 vs. 0.174+/-0.106 for

direct and indirect methods respectively).

This optical technique was employed further in a number of follow-up studies.
Korhonen et al. attempted to again determine Poisson’s ratio indirectly using the
equilibrium Young’s and aggregate modulus but also using indentation data (Korhonen
et al., 2002a). This was achieved using a combination of equation 4-1 and the following

equation assuming a single phase, elastic material;

_@-v)m

E
: 2xh

E Equation 5-2

where,

a = radius of the indenter,

h = cartilage thickness,

E = slope of equilibrium stress-strain curve in indentation,

k = theoretical scaling factor — obtained from Hayes et al. (Hayes et al., 1972).

This was performed on humeral, patellar and femoral cartilage and again results

indicated that cartilage could be successfully interpreted as an isotropic linearly elastic
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material when using confined and unconfined data. However, this was not found to be
the case when indentation techniques are applied. According to the authors, the most
likely explanation for this was due to the tangential collagen fibrils of the superficial
zone being placed in tension as the tissue is indented, causing an increased compressive
stiffness. Hence, the values for Poisson’s ratio obtained using this indirect method did

not agree with those determined optically.

The contribution of the structural proteins to the Poisson’s ratio of cartilage has also
been investigated by Jurvelin’s Group. The topographical variation of Poisson’s ratio
over a number of key locations in the canine knee were analysed and found to inversely
correlate with the collagen/PG content ratio of the tissues (Jurvelin et al., 2000). The
Poisson’s ratio of the medial condyle was found to be greater than the lateral condyle,
which in turn was greater than the PFG. Wong et al. demonstrated that adult bovine
humeral cartilage had a greater instantaneous and equilibrium Poisson’s ratio than
immature cartilage after a step input strain of 5%. This however, was found not to
depend on collagen or PG content as such, but rather the degree to which the proteins
had become cross-linked over time (Wong et al., 2000). Finally, Kiviranta et al.
measured the Poisson’s ratio and Young’s modulus of bovine cartilage from the tibial
plateau, medial femoral condyle, patella and humeral head, along with determining
guantitative data for PG and collagen content (Kiviranta et al., 2006). It was discovered
that not only did Poisson’s ratio correlate well with Young’s modulus (P<0.01), but also
with the collagen content (P<0.01). Poisson’s ratio did not correlate well with PG
content (P=0.07). Hence, it was concluded that it is the collagen content that primarily

controls the Poisson’s ratio of cartilage.

Although it is apparent there have been studies that investigate the Poisson’s ratio of
cartilage in anatomical locations that relate to OAT treatment, none have specifically
investigated with this therapy in mind or in a porcine model. As such, the following will

be carried out:
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Prepare discs of cartilage from different regions of the porcine knee
representative of the locations where plugs are taken from and then implanted;
Perform compression testing whilst simultaneous measuring the lateral strain of
the cartilage discs using digital video extensometry in order to determine the
Poisson’s ratio at each anatomical site.

Correlate these results with the aggregate modulus results from chapter 3.

Interpret the results to ascertain whether there are possible implications for AOT.
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5.2 Methods

521 Sample Preparation

Circular discs of cartilage were harvested in the same manner as described in section
3.2.1. However, on this occasion after the osseous end has been microtomed, the
diameters of the samples were further reduced to 7mm using an appropriately sized cork
borer and frozen at a temperature of -20°C for storage purposes. Samples were thawed

and equilibrated in PBS for one hour prior to testing.

A bluntly tipped needle was used to stain five dots of India ink onto the articular surface
of the thawed specimen in the pattern shown in figure 5-1. In order to achieve the
spacing of the dots accurately, a PTFE stencil was placed atop each cartilage sample and
the needle placed through the holes provided. Even though the needle tip was blunted,
great care was taken not to damage the cartilage surface. After removal of the stencil, the
ink was left to dry for a minute before drops of 0.1M acetic acid were gently placed over
the markings to seal them in place. Again the sample was left untouched for 60 seconds
then turned to reveal the opposite osseous interface which was patterned in the same

manner.

Cartilage Sample

India Ink Dot

PCD Smm

Figure 5-1. Marking system employed on cartilage specimen for video extensometry.
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522 Measurement of Poisson’s Ratio

A schematic Diagram, along with picture of the custom experimental set-up is shown in
figure 5-2. A Bose Electroforce 3200 series with 450N load cell (Bose Corporation,
Electroforce Systems Group, USA) was employed to subject the cartilage tissue to
deformation. A preload of 0.5N was imparted onto the tissue to ensure contact had been
made. This was followed by a single ramp to 20% deformation at 0.05s™ strain rate and a
15 minute hold period. This methodology is in line with previous studies determining
the Poisson’s ratio of articular cartilage (Kiviranta et al., 2006, Korhonen et al., 2002a,
Laasanen et al., 2003). The lower, fixed crosshead was adapted to hold a piece of
polished glass which would act as the lower platen. A modified indenter was employed,
having a contact surface that was also covered in a sheet of polished glass. The use of
glass platens allowed for an unhindered view of the tissue sample by a Prosilica GE
digital video extensometer camera (Allied Vision Technologies, USA) directly beneath,
which would track the displacement of the India ink markings. Polished glass was used
to reduce friction and allow easy radial expansion under deformation. This was further
enhanced by coating the glass with a commercial, water based, transparent lubricant

which was mixed with PBS solution approximately 1:2 by volume.

Indentor
Sample

=

B

Polished
oS o = Glass Camera

Figure 5-2. Left, picture of the Bose Electroforce 3200 and video camera and right, a close-up

schematic of the experimental set-up.
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The Digital Video Extensometer (DVE) uses digital video techniques along with an
integrated DVE software application to optically monitor two dimensional (planar)
displacement relationships between five markers made on a specimen. Using these five
markers, the extensometer software acquires primary strain, secondary strain, and shear
strain values as the specimen is subjected to mechanical stress. The DVE software also

calculates two principle strain values at the same time

The strain measurements (€11, €12 and &) that are calculated by the software are based
on the Green-Langrange strain calculation, and the ‘11’ and ‘22’ represent the axis of the
camera. Due to the specimen orientation adopted to measure the Poisson’s ratio of a
sample in compression, €1, IS not required. Figure 5-3 displays the realtime user
interface of the software used to measure the radial strain of the tissue. Figures 5-3a
displays the image of the tissue sample recorded by the camera and the centroids of the
markers tracked by the system respectively. Figure 5-3b displays the graphs recorded for
the two orthogonal strains (e11 & €22) in addition to the load encountered. The radial
strain (E;) can then be calculated using the following equation (the derivation of which

can be found in Appendix B);

2 2,05
Ery Zﬁ(gn +&5,) Equation 5-3

Two parameters were to be calculated from the recorded data; the apparent Poisson’s
ratio and the equilibrium Poisson’s ratio. The former was defined as the radial strain
divided by the axial strain directly at the end of the ramp phase, whereas the latter was
defined as the radial strain divided by the axial strain at the end of the hold phase when
stress relaxation had reached equilibrium. These parameters were measured for the
articular surface (superficial) and the opposite osseous interface (deep) of each cartilage
specimen. Finally, these parameters could then be plotted against the Hao2 (aggregate
modulus at 20% strain) results determined in section 4.3.1.2 to investigate if any

correlation exists across harvest locations.
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Figure 5-3. (a) A screen shot of the centroids determined by the DVE software and (b) real time data

capture of the two strains and load.
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However, before any testing could be performed on cartilage, the accuracy of the system
needed to be verified using a material of known Poisson’s ratio. The rubber family of
materials are said to be incompressible, i.e. they are known to possess a Poisson’s ratio
of 0.5. Thus, this was deemed to be an ideal test material for verifying the measurement
system. There is also a precedent for this validation technique in previous studies (Cloyd
etal., 2007).

A silicone analogue (Rhodorsil RTV 3428, Bentley Creative Chemicals, Kidderminster,
UK), 10mm diameter x 4mm thickness, was created from a mould. This was then
subjected to the same test protocol mentioned earlier for the cartilage. As was the case
for the cartilage specimen, a stencil with 5mm PCD holes was used to mark up the
rubber sample with India ink. However, a second stencil with 9mm PCD holes was also
employed to ensure there was no variation in Poisson’s ratio depending on where the
markers where placed. The Smm and 9mm marker systems were designated “inner” and
“outer” respectively. In both cases, this was repeated 3 times, with an hour between each

successive test to allow the sample to recover sufficiently.

5.2.3 Statistics

All statistical analyses in chapter 5 were carried out using statistical software
(Minitab™, v.16). Statistical variances between regions were determined by one way
analysis of variance (ANOVA). Tukey's honesty significant difference test was used for
post hoc evaluation of differences between groups. A student t-test was used to
investigate significance between any two groups if so desired. A P-value of <0.05 was

considered to be statistically significant.
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53 Results

Figure 5-4 presents the results of the tests performed on the rubber sample. The apparent
Poisson’s ratio was found to be 0.51 (0.0041 SD) and 0.51 (0.011SD) for the inner and
outer marker systems respectively. This is remarkably close to the predicted values of
0.5, indicating that the system is indeed sufficient to measure Poisson’s ratio in a
predictable and reliable fashion. No statistical significance was found between the
apparent Poisson’s ratio values and their corresponding equilibrium values. This was
expected to be the case as rubber is a hyper-elastic material in nature and as such does
not exhibit stress relaxation characteristics.
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Figure 5-4. Apparent and equilibrium Poisson’s ratio calculated for the silicone analogue. Both
inner and outer marker system results are displayed. Results shown as mean +/- SD. Data was

analysed using a 1-way ANOVA.

Figure 5-5 presents the apparent Poisson’s ratio of cartilage determined for the various
harvest locations. For superficial surfaces, all medial and lateral condyle cartilage results

were found to be significantly higher than PFG1 (P<0.05). M1 superficial was also
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found to be significantly higher than PFG2 superficial. For deep surfaces, no significant
differences were found. But, when both superficial and deep results were combined into
an average, all medial and lateral condyle cartilage results were again found to be
significantly higher than PFG1 (P<0.05).
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Figure 5-5. The apparent Poisson’s ratio measured at each harvest location. Results are shown as
mean +/- SD (n=5 for superficial and deep results, n=10 for averaged). Data was analysed using a 1-
way ANOVA.

The results for the equilibrium Poisson’s ratio are shown in figure 5-6. For superficial
surfaces, L2 & M1 were found to be significantly higher than both PFG1 & PFG2
(P<0.05). For deep surfaces, L2 was found to be significantly higher than both PFG1 &
PFG2 and M2 was significantly higher than PFG1 (P<0.05). When the superficial and
deep results were combined, L2 & M1 were found to be significantly higher than both
PFG1& PFG2 and M2 greater than PFG1 (P<0.05). Finally, L2 deep and averaged
results were significantly higher than their L1 counterparts (P<0.05). This was further
investigated using a student t-tests reporting P-values of 0.026 & 0.029 respectively.
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Figure 5-6. The equilibrium Poisson’s ratio measured at each harvest location. Results are shown as
mean +/- SD (n=5 for superficial and deep results, n=10 for averaged). Data was analysed using a 1-
way ANOVA.

Figures 5-7 to 5-9 plot the apparent and equilibrium Poisson’s ratio results against the
Hpo2 results determined in section 3.2.1.4. In all the figures, each individual data point
represents a particular harvest location. In Figure 5-7, a significant correlation is found
to exist between the apparent superficial Poisson’s ratio and Hap, (r=-0.815, P=0.048),
but significance is not witnessed between the equilibrium superficial Poisson’s ratio and
Hao2 (r=-0757, P=0.082). Figure 5-8 shows that a similar trend exists for the apparent
deep Poisson’s ratio against Hap2 and equilibrium deep Poisson’s ratio against Hag 2,
with significance achieved in the former but not the latter (r=-0.888, P=0.018 & r=-
0.760, P=0.079 respectively). Unsurprising, when superficial and deep results are
pooled, again significance is witnessed in the apparent Poisson’s ratio results but not the

equilibrium Poisson’ ratio results (r=-0.877, P=0.022 & r=-0.801, P=0.052 respectively).
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Figure 5-7. (a) Apparent Poisson’s ratio & (b) equilibrium Poisson’s ratio of superficial cartilage

surface vs. Aggregate modulus at 0.2 strain. Results shown as mean +/- SD (n=5).
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Figure 5-8. (a) Apparent Poisson’s ratio & (b) equilibrium Poisson’s ratio of deep cartilage surface

vs. Aggregate modulus at 0.2 strain. Results shown as mean +/- SD (n=5).
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Figure 5-9. (a) Apparent Poisson’s ratio & (b) equilibrium Poisson’s ratio of superficial & deep

cartilage combined vs. Aggregate modulus at 0.2 strain. Results shown as mean +/- SD (n=10).
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54 Discussion

This chapter aimed to discover if any regional variation in Poisson’s ratio existed in the
porcine knee. The mean values of apparent Poisson’s ratio ranged from 0.33 to 0.44 in
all four condyle harvest sites with no statistical difference found between any of them
(figure 5-5). The mean apparent Poisson’s ratio of the PFG sites was lower, ranging
from 0.19 to 0.32. All superficial and average (superficial & deep combined) values for
the condyles sites were found to significantly greater than their PFG1 counterparts,
whereas only the superficial value for the M1 site was significantly greater than PFG2.
There also appeared to be a more discernible difference between respective superficial
and deep values in the PFG sites. These larger deep apparent Poisson’s ratio values in
the PFG are responsible for the lack of significance when compared to deep condyle

values.

The mean values for equilibrium Poisson’s ratio ranged from 0.1-0.4 for L1, 0.17-0.24
for L2, 0.15-0.16 for M1, 0.1-0.2 for M2 and 0.07-0.12 for both the PFG groups (figure
5-6). Within the condyle groups, L2 was significantly greater than L1 for deep and
averaged measurements. L2 was significantly greater than both PFG groups in all
aspects and M1 was significantly greater than both PFG groups in superficial and
averaged measurements. M2 was only significantly greater than PFG1 and in deep and

averaged measurements alone.

The higher values of Poisson’s ratio in the condyle harvest sites indicate that cartilage in
these locations expands laterally more readily under compression than the cartilage in
the PFG. Poisson’s ratio is related to many elastic moduli such as the bulk modulus,
shear modulus and Young’s modulus. However, these moduli are all ratios of stress and
strain and hence essentially measures of stiffness, so it can be inferred that Poisson’s
ratio can be viewed in a similar light. Intuitively of course this makes a great deal of
sense. If a specimen is more resistive to uniaxial compression, then it is less likely to

expand laterally. Thus, the presence of a lower Poisson’s ratio in the cartilage of the
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PFG compared to that of the condyles is indicative of the cartilage being stiffer in the

PFG, which has already been shown to be the case in chapter 4.

The magnitude of the various Poisson’s ratio values compare favourably with bovine
humeral cartilage studies. Jurvelin et al. found apparent values of 0.129 & 0.593 for
superficial and deep zones respectively and equilibrium values of 0.068 & 0.225 for
superficial and deep zones respectively (Jurvelin et al., 1997). However, it must be
stated that these were measured using a considerably different method. The overall
lateral expansion of thin slices taken from the deep and superficial zones was measured,
whereas in this study the lateral expansion of the most superior and deep surfaces of full
thickness specimens was tracked. Nevertheless, in the same study Jurvelin et al. also
measured full thickness specimens using the same method yielding apparent Poisson’s
ratio values of 0.38 and equilibrium values of 0.185 which again compare well with the

values reported in this study (Jurvelin et al., 1997).

As was observed in the PFG groups for the apparent Poisson’s ratio, the deep values
appeared to be greater than the superficial equilibrium values but now across all harvest
sites. In fact in many of the groups, there appeared to be a larger drop in apparent to
equilibrium Poisson’s ratio in the superficial zone. This was also observed by Jurvelin et
al. for bovine humeral cartilage where the superficial zone values reduced 53%
compared to 37% in the deep zone (Jurvelin et al., 1997). The differences between
superficial and deep zones are further emphasised in work by Wang et al where a rise in
apparent Poisson’s ratio is seen from values as low as 0.01 in the superficial zone to
approximately 0.2 in the deep zone in bovine carpometacarpal cartilage (Wang et al.,
2003). Furthermore it was discovered that the rise in apparent Poisson’s ratio throughout
the depth became less pronounced for greater applied strains. Hence, averaged values
over the entire thickness of a specimen were found to become lower for greater applied

strains.
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In a further study, Jurvelin et al. determined the topographical variation of Poisson’s
ratio in the canine knee (Jurvelin et al., 2000). This was achieved using the exact same
method discussed in the group’s earlier work on bovine humeral cartilage (Jurvelin et
al., 1997). Samples were taken at the patellar groove, medial & lateral femoral condyle
and the medial & lateral tibial plateau. Equilibrium values of Poisson’s ratio at these
sites were found to be 0.07, 0.159, 0.079, 0.236 and 0.167 respectively. These values for
the patellofemoral groove and the condyles are again similar to those determined at the

same anatomical sites in the porcine knee in this thesis.

Yet, interestingly a regional variation of Poisson’s ratio was not found to be the case in
the bovine cartilage by Korhonen et al. (Korhonen et al., 2002a). In this study, cartilage
from humeral, femoral and patellar regions was subjected to not only confined &
unconfined compression but also indentation. Using the data from two different
combinations of these three methods, the equilibrium Poisson’s ratio was determined
indirectly via analytical methods (see equations 4-1 & 4-2). These indirect values were
then compared to direct optical measurements made upon the same specimens. When
indentation data was used in conjunction with unconfined data, significant difference
was found between indirect and direct measurements of the equilibrium Poisson’s ratio.
However, when confined & unconfined data were used in combination with one another,
no significant differences were discovered across all sample groups between indirect and
direct methods. These values were approximately 0.15, 0.16 & 0.21 for humeral, patellar
and femoral sites respectively. Although no statistical difference was found between
harvest sites, compared to the canine model produced by Jurvelin et al. (Jurvelin et al.,
2000), it must be noted that the choice of sites was vastly different; in fact the only
common site was the femoral condyles. Thus, the results of canine model remain more
relevant to the porcine model in terms of gauging the results against one another

between harvest locations.

The marked difference found between direct and indirect values when indentation data

was used was a result of a much greater Young’s modulus being measured whilst using
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this method. When this was inputted into the analytical expression, a greater value for
Poisson’s ratio was produced. However, the reason as to why a greater Young’s modulus
is found when using indentation now needs to be explained. It was suggested within the
study that as indentation deforms the cartilage in-situ the collagen fibres running parallel
to the surface remained tensioned. Confined & unconfined compression, along with the
direct method of measuring Poisson’s ratio, relies on tissue samples being excised from
the joint, so it is possible these fibres become slack. Thus, a similarity between direct

and indirect results is found in this instance.

Although, there seems to be a lesser degree of inter-species variation in the Poisson’s
ratio of articular cartilage when compared to the differences encountered in the
aggregate modulus results, this is not to say that there may be other factors which may
dictate Poisson’s ratio. When analysing the aggregate modulus results, one issue that
was highlighted with regard to the porcine model was the age and skeletal maturity of
the animal tissue used. Thus, Poisson’s ratio should also be examined in this regard. The
work of Roemhildt et al. sheds light on this issue as they measured the equilibrium
Poisson’s ratio in rabbits of 4 & 12 months (Roemhildt et al., 2006). The more immature
cartilage was found to possess a greater Poisson’s ratio (0.32-0.38 vs. 0.25-0.31).
However, in this instance Poisson’s ratio was determined indirectly by means of fitting
indentation data to a non-linear biphasic creep solution. Thus, direct methods may
represent a truer indication of the effects of age. Wong et al. found the opposite trend
when they measured the instantaneous (apparent) and equilibrium Poisson’s ration of
adult, calf and fetal bovine humeral cartilage via direct optical methods (Wong et al.,
2000). It was discovered that the instantaneous adult value approached their initial
assumption of incompressibility (0.49), but that this reduced with decreasing age of the
tissue (0.38 & 0.36 for calf and fetal respectively). Furthermore, the same trend was
found to exist for the equilibrium Poisson’s ratio across the maturity of the specimens

(0.26, 0.11 & 0.09 for adult, calf and fetal respectively).
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This may explain why the skeletally immature porcine model discussed in this thesis
failed to satisfy the assumption of incompressibility, with apparent values of Poisson’s
ratio in the condyles ranging 0.33-0.44 (figure 5-5). To lend further credence to the
similarity of the young bovine and porcine models, the equilibrium values of the
condyles are well represented by the young bovine variants. However, although the
equilibrium values of the PFG sites are similar to the condyles, the apparent values are
vastly different. This may mean that the porcine PFG matures at a slower rate and
requires a longer period of time to achieve maturity than the condyles. This may explain
the variation of the aggregate modulus found between the condyles and the PFG in
chapter 3. Alternatively, it may simply be due to variations of loading and kinematics

between these regions and between animals.

Wong et al suggested the likely cause of an increasing Poisson’s ratio with age is due to
not only an increasing collagen content in the tissue but also an increasing cross-link
density (Wong et al., 2000). This alludes to a structure-function relationship within the
tissue, which has been proposed by a number of authors. Ficklin et al. demonstrated this
trend by examining the equilibrium Poisson’s ratio of new born bovine PFG cartilage at
day O and after 14 days in a non-stimulating in-vitro environment (Ficklin et al., 2007).
At both time points Poisson’s ratio was found to correlate with both collagen and
collagen cross-link content. Furthermore, the reduction in collagen and collagen cross-
link content at day 14 caused an increase in Poisson’s ratio. In an opposite approach,
Williams et al. endeavoured to stimulate growth in vitro using IGF-1 and TGF-B1 in
bovine calf PFG cartilage (Williams et al., 2010). Once again, it was found that there
was a negative correlation between both collagen and collagen cross-link content and the
equilibrium Poisson’s ratio. Finally, Kiviranta et al. found once more that the
equilibrium Poisson’s ratio was strongly inversely correlated collagen content in mature
bovine knee cartilage sites (P<0.01) (Kiviranta et al., 2006), again lending credence the
suggestion of Wong et al. (Wong et al., 2000). Only a very weak correlation was
discovered between Poisson’s ratio and PG content (P=0.07), hence the hypothesis that

collagen content primarily controls Poisson’s ratio was suggested.
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What is most interesting about these studies is that while they demonstrated that
collagen content, and indeed collagen crosslink density, correlated with Poisson’s ratio,
there also appeared to be a relationship between collagen and compressive stiffness.
Kiviranta et al. demonstrated that the greater the collagen content, the greater the
Young’s modulus (P<0.01) (Kiviranta et al., 2006). More importantly with regard to the
work in results presented here, it was found that there was a significant negative
correlation between Poisson’s ratio and Young’s modulus. When the 0.2 strain aggregate
modulus from chapter 3 was correlated against the Poisson’s ratio data from chapter 4 in
this thesis a negative correlation was also found for both apparent and equilibrium
Poisson’s ratios (figure 5-7 to 5-9). Interestingly, this was only significantly so (P<0.05)
for the apparent Poisson ratio’s in all superficial, deep and averaged groups not the
equilibrium Poisson’s ratio. However, this may be somewhat misleading. Only the
means for each of the six harvest sites could be used to generate the plots as both sets of
experiments used different cartilage specimen (the cartilage used to determine the
aggregate modulus was digested for the s-GAG assay). If the same cartilage specimens
were used to determine both the aggregate modulus and Poisson’s ratio, the resulting
scatter plot would most likely prove significance for both apparent and equilibrium

Poisson’s ratio cases.

Kiviranta et al. demonstrated the inverse relationship of Poisson’s ratio and compressive
stiffness explicitly (Kiviranta et al., 2006), but some of the other groups mentioned
demonstrated this correlation implicitly. As already discussed both Ficklin et al. and
Williams et al. found that as collagen content/cross-linking grew Poisson’s ratio fell, but
they also found that as collagen content/cross-linking grew the compressive stiffness
grew (Ficklin et al., 2007, Williams et al., 2010). Hence, one may extrapolate that
cartilage, over a range of different harvest sites (each with site specific collagen/cross-
linked collagen content), will also produce a negative correlation between Poisson’s
ratio and aggregate modulus. This is of course is what was observed in the porcine
model (figures 5-7 to 5-9). Therefore it stands to reason that, given the PFG sites

position on the correlation curve (due to their higher aggregate modulus and lower
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Poisson’s ratio), they may possess a lower collagen and/or cross-linked collagen content.
This may be a site specific phenomenon (i.e. due to variations in loading and kinematics
at these joint sites), but it is more likely due to tissue immaturity, giving further
momentum to the argument that this site matures at a slower rate than the femoral

condyles. This will become clearer in chapter 5 when the histology is reviewed.

However, if this is a site specific phenomenon, or rather that measurable, significant
topographical variations exist in human knees, than this may have great implications for
OAT therapy. Evidence exists to suggest that this is indeed the case in canine knees.
Jurvelin et al. found that a negative correlation existed not between collagen content and
Poisson’s ratio but rather with the ratio of collagen/PG content and Poisson’s ratio at
various locations over the canine knee joint (Jurvelin et al., 2000). Not only could there
be a mismatch of the mechanical properties of cartilage at the grafting site but rather the
entire osteochondral construct implanted. Such an inference may only be resolved
through a complete inter and intra statistical analysis of potential harvest sites and

implantation sites in human knees.

As was the case in chapter 4, the testing performed here was of a quasi-static nature. In
this instance however, testing was performed in unconfined conditions allowing the
cartilage samples to bulge radially under compression. Nevertheless, under dynamic
conditions one may expect greater interstitial fluid pressure and lesser deformation with
increasing frequency as observed in previous unconfined studies (Gannon et al., 2012).
In a study performed by Woo et al., two contacting joint surfaces were idealised as two
circular rigid bodies (representing the bone) covered by a thin layer of biphasic material
(representing the cartilage) (Wu et al., 1998). As the bodies came in contact with one
another a contact radius was generated at the interface between the opposing cartilage
layers. As was expected, when placed under cyclic dynamic loading the interstitial fluid
pressure grew with increasing frequency and deformation decreased. However, what
was also observed was that the dilation of the contact radius decreased with increasing

frequency.
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Hence, it is reasonable to expect that should the cartilage testing performed in this
chapter have been of a dynamic nature, then the radial expansion would have been less.
As a result, the Poisson’s ratio of all the specimens tested would have been less.
Therefore the values of Poisson’s ratio presented in this chapter are not truly
representative of cartilage under in-vivo loading conditions. Yet, as was stated in the
previous chapter, quasi-static testing due to its simplicity is largely used in the field of
tissue mechanics for determining stiffness and such is also the case for determining the
Poisson’s ratio. All the literature discussed in this chapter which determined Poisson’s
ratio adopted quasi-static techniques and so offers a simple means of comparison.
Furthermore, as was the case with the aggregate modulus, quasi-static testing is more
than sufficient for a simple comparison between the Poisson’s ratios at various sites of

the knee.
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6 Histology of Articular Cartilage in the Porcine Knee

6.1 Introduction

This chapter aims to investigate whether qualitative histology can aid in establishing
links between the mechanical properties of porcine articular cartilage presented in
chapters 3 & 4 and the extracellular matrix within. As discussed in detail in sections 3.4
& 4.3, many authors have suggested that such links exist, for example between PG
content and the equilibrium compressive stiffness (Julkunen et al., 2007, Kiviranta et al.,
2006) and between the collagen content and the Poisson’s ratio (Ficklin et al., 2007,
Kiviranta et al., 2006, Williams et al., 2010).

Specifically, the histological approach discussed here will involve performing a depth
wise, qualitative investigation of the content and spatial distribution of collagen and
PG’s using appropriate staining methodology. This will be also performed for each of
the harvest locations employed in the previous mechanical property studies with a view
to exploring if regional variations in the mechanical properties are accompanied by with
regional histological differences. Furthermore, questions have arisen previously in
sections 3.4 & 4.3 as to whether cartilage in certain regions of the porcine knee was
structurally immature. A histological examination of these regions would reveal if an

adult phenotype was present or not. Thus, the following is to be performed:

e A qualitative, histological analysis of the content and spatial distribution of
collagen and PG’s in the porcine knee.

e Establishing if regional variations in the mechanical properties can be explained
by the histological observations.

e Investigating whether there is evidence to suggest cartilage has not reached

maturity in particular locations.
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6.2 Methods

The methods discussed in this chapter are based on those proposed by Schmitz et al in a

review paper detailing methods in joint tissue histopathology (Schmitz et al., 2010).

6.2.1 Fixation, Decalcification and Embedding

Disks of cartilage were halved along their diameter to expose a plane perpendicular to
both the articular and osseous faces (figure 6-1). Any further sectioning would be taken
parallel to this exposed surface so that the distribution of the proteins of interest could be

observed along the samples full thickness from the articular surface down to the bone.

Articular Surface

\ Cutting Line
‘.'/
Cartilage Disk is Halved
|

Osseous Surface \

Plane of Interest

Figure 6-1. Schematic depicting the plane of interest from which all sections were taken parallel to.

To fix the samples they were placed in test tubes of 10% buffered formalin and
refrigerated at -4°C for 3 days. Samples were then removed and rinsed in buffer before
being decalcified in test tubes of 10% EDTA in 0.1M phosphate buffer (pH 7-8), for two
weeks at -4°C, changing the solution half way through. After further rinsing in buffer,
specimens were then embedded in paraffin and sectioned along the plane of interest.

Serial 8um slices were taken and placed on glass slides to be stained.
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6.2.2 Picrosirius Red Staining Protocol

Solutions required:
Weigert’s hematoxylin - Solution A: 1% hematoxylin in 95%
alcohol
Solution B: 4ml 30% ferric chloride
(anhydrous), 1ml concentrated HCI,
95ml distilled H,0..
Mix equal parts A & B and use

immediately
Acidified water - 5ml acetic acid (glacial) in 1L H,0.
Picrosirius red solution - 0.5g of Sirius red F3B added to
500ml of saturated picric acid.
Proceedure:
1. Xylene - 4min
2. Xylene - 4min
3. Xylene - 4min
4. 96% alcohol - 1min
5. 96% alcohol - 1min
6. 70% alcohol - 1min
7. Tap water rinse - 1min
8. Weigert’s hematoxylin - 8min
9. Running tap water - 10min
10. Picrosirius red solution - 60min
11. Acidified water - 5min
12. Acidified water - 5min
13. 100% alcohol - 5min
14. 100% alcohol - 5min
15. 100% alcohol - 5min
16. Xylene - 5min
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17. Mount sample & image.

6.2.3 Toluidine Blue Staining Protocol

Solutions required:
0.2M Acetate Buffer -
0.04% Toluidine blue - Added to 0.2M acetate buffer and
mixed on a magnetic stirrer. Before

use ensure pH is between 3.75 &

4.25.
Procedure:
1. Xylene - 4min
2. Xylene - 4min
3. Xylene - 4min
4. 96% alcohol - 1min
5. 96% alcohol - 1min
6. 70% alcohol - 1min
7. Tap water rinse - Imin
8. 0.04% Toluidine blue - 10min
9. Tap water rinse - 1min
10. Warm air dry - 9min
11. Xylene - 5min

12. Mount sample & image.

6.2.4 Imaging

All histological sections were imaged using a Zeiss Axiolmager Z1 upright microscope
(Carl Zeiss Ltd., UK). A magnification level of x2.5 was found to be sufficient to image

the sectioned specimens over the entirety of their thicknesses.
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6.3 Results

The histological results for all the cartilage harvest locations are shown in figures 6-2 to
6-7. The first of these presents the stains for collagen and PG in location L1. Four
distinct bands are observed when stained for collagen as opposed to the three bands
observed for PG. L2 possesses two distinct, similarly spaced bands that correspond to
both histological sections. Variation in the numbers of bands between stains is seen
again for M1, as only one continuous collagen band exists compared to three PG bands.
M2 and PFG1 are similar to L2 in that they have the same number of, and similarly
spaced corresponding collagen and PG bands. Finally, PFG2 presents singular, uniform

collagen and PG stains from the articular surface to the bone interface.

In general it appears that where there are higher levels (darker staining) of collagen
content, there are low levels of PG content and vice versa. Furthermore, the banding
patterns present are indicative of consecutive variation in the protein content. For
collagen, low content is witnessed at the articular surface, changing sequentially down
through the specimen thickness. For PG, high content is witnessed at the surface, again
sequentially down through the depth.

Substantial variations in the tidemark thickness are also observed from position to
position. The anterior parts of both condyles (L1 &M1) and the inferior part of the PFG
(PFG1) are located adjacent to one another spatially. These locations all appear to
possess thick tidemarks and as one moves away from these locations, whether it be

superiorly (to PFG2) or posteriorly (to L2 & M2), the tidemarks become thinner.

Superficial zones are also present in all locations but they appear to be more prevalent
relative to the full cartilage thickness in the PFG sites.
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X25MAG |1
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e ~ X25MAG |1

Figure 6-2. Histological depth profile of cartilage take from L1; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.

' X2.5 MAG

X2.5 MAG L2
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Figure 6-3. Histological depth profile of cartilage take from L2; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.
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Figure 6-4. Histological depth profile of cartilage take from M1; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.
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Figure 6-5. Histological depth profile of cartilage take from M2; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.
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Figure 6-6. Histological depth profile of cartilage take from PFGL1; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.

PFG2 " X25MAG  ppG2
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Figure 6-7. Histological depth profile of cartilage take from PFG2; left - picrosirius red stained for

collagen, right - toluidine blue stained for proteoglycan.

121



6.4 Discussion

The histological analysis performed here offers qualitative information about the content
and distribution of extracellular matrix proteins, namely collagen and proteoglycans, in
all the harvest locations. Given that it has been already demonstrated that the
compressive stiffness and Poisson’s ratio can be dependent on these proteins, the
information presented here may offer a further insight and discussion to the results found

for these parameters earlier in this thesis.

The compressive stiffness of cartilage has been strongly linked the tissues PG content
both in this thesis and in other literature (see section 3.4) and the aggregate modulus of
the cartilage in the PFG sites was found to be significantly higher indicating a greater
PG content is present. This certainly appears to be the case with the toluidine blue stain
of PFG2 (figure 6-7), with a single constant concentration of PG visible throughout the
depth of this sample. The condyles present a layered distribution of PG, ranging from 1-
3 layers, beginning with a high concentration at the surface to a low concentration just
prior to the calcified zone (figures 6-2 to 6-5). This, however, is not indicative of
preferential strain occurring in areas of low PG content. The stiffness of articular
cartilage is varied, increasing from the superficial layer in a depth-dependent manner
and preferential strain occurs at the articular surface (Schinagl et al., 1997). This acts to
improve the congruence between joint surfaces and reduce permeability to maintain
interstitial fluid pressurisation. Hence, it is likely that there are other influences
contributing to the aggregate modulus rather than just PG content and its distribution.

The Poisson’s ratio of cartilage has been found to inversely correlate with collagen
content (see section 4.3). Like the toluidine blue staining did for PG’s, the picrosirius red
stains revealed a layered distribution of collagen content. The number of layers varied
from site to site, but what was generally consistent was that the collagen content at the
deep surface was generally higher than the articular surface. A greater Poisson’s ratio

should thus be located at the articular surface. However, Poisson’s ratio has been
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consistently shown to be greater in the deeper surfaces in most of the harvest locations
albeit not statistically. Thus, there appears to be other influences at work in dictating the
mechanics of the structure rather than protein content alone.

The collagen network structure and the age-related development of this structure is the
most likely explanation. Rieppo et al. examined the changes in collagen content and the
collagen network with time in the cartilage of the porcine patellofemoral groove (Rieppo
et al., 2009). In animals of 4 months of age, relatively constant low collagen content and
a fibril organisation parallel to the surface was witnessed throughout the depth of the
cartilage. At 11 months, collagen content began to rise with depth together with
substantial heterogeneity in fibril organisation and after 21 months a characteristic adult
cartilage phenotype was observed. The distribution of collagen in PFG1 and PFG2
observed in figure 6-6 & 6-7 is similar to that found in the patellofemoral grove by
Rieppo et al. in pigs of 11/21 and 4 months respectively. The pigs used for the studies in
this thesis were sacrificed at 6-8 months of age. Thus, it may be the case that maturation
of cartilage in the patellofemoral groove is occurring earlier inferiorly nearer the
condyles (PFG1) and progressing superiorly (PFG2). Cartilage thickness was also found
to be significantly thinner at PFG1 compared to PFG2 (section 3.3.1.1) which is also
indicative of tissue maturation (Rieppo et al., 2009). Hence, there appears to be varying

stages of maturation occurring within the PFG itself in these animals.

In order to explain the results of some of the mechanical properties, it has previously
been suggested that the cartilage in the condyles is at further stage of maturation. For the
most part, this appears to be true, except for M1, which possesses a collagen distribution
similar to that of PFG2. Further to this hypothesis, is evidence that maturation occurs at
different rates in different locations in the rabbit knee by Julkunen et al. (Julkunen et al.,
2009). Prior to 3 months of age collagen architecture appeared to mature earlier in the
femur rather than the tibia, effecting the thickness and mechanical properties of the

tissues. As was shown by Rieppo et al. (Rieppo et al., 2009), there was a dominant
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collagen fibril orientation parallel to the surface which accounted for an enhanced

apparent stiffness in immature cartilage.

Julkunen et al. also demonstrated that as both femoral and tibial cartilage matured
collagen content and cross-linking increased and correlated with the equilibrium moduli
of the tissues (Julkunen et al., 2009). However, the rate at which these increased is also
likely to vary from site to site depending on the demands of the particular location.
Hyttinen et al. examined two sites in equine metacarpophalangeal joints with this in
mind (Hyttinen et al., 2009). Sites 1 was exposed to intermittent peak loading and shear,
whereas site 2 was exposed to constant, moderate loading. Prior to 5 months of age, both
sites appear to have similar amounts of collagen, but a greater rate of collagen synthesis
at site 1 thereafter leads to a greater collagen presence in adulthood. Cross-linking and
parallelism of the fibrils was also found to be enhanced in site 1. It was thus proposed

that the nature and history of govern the local collagen network development.

Hence, it has become clear that a number of factors could be working in conjunction
with the distribution of the extracellular matrix proteins seen in the histological images
to govern the aggregate modulus and Poisson’s ratio results. Beginning with the
Poisson’s ratio results, the most likely explanation for variations is the orientation of
collagen fibrils. Collagen content and crosslinking undoubtedly has an influence on the
lateral expansion of the tissue (Ficklin et al., 2007, Kiviranta et al., 2006, Williamson et
al., 2001). However, the more collagen that is aligned in this lateral axis (i.e. parallel to
the articular surface), the more fibrils are in tension and resisting lateral expansion. The
variations between Poisson’s ratios in surface and deep zones are also likely to be
caused by fibril orientation parallel to the surface in the superficial zone and the axial
arrangement deep in the tissue which is likely to be less resistive to lateral shape
changes (Jurvelin et al., 1997).

The Poisson’s ratio of the PFG sites was significantly lower than the condyles. Rieppo et

al. demonstrated high collagen fibril parallelism in immature porcine PFG cartilage
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(Rieppo et al., 2009), and it is likely that it is this key feature that produced such a low
Poisson’s ratio in PFG2. PFG1 appears to be more mature in phenotype so the reason
why it is generating a large Poisson’s ratio may be related to increased fibril
heterogeneity possible in PFG should not be present. Perhaps, as the patellofemoral joint
is subject to different loading conditions than the condyles, maturation has caused
greater collagen content and crosslinking in a similar manner to that suggested by
Hyttinen et al. (Hyttinen et al., 2009). Although perhaps not in a parallel orientation, any
strengthening of the fibrils due to crosslinking would nevertheless increase lateral

resistance to expansion and so reduce the Poisson’s ratio.

As previously mentioned, the uniform distribution of PG’s in PFG2 may uniformly resist
axial strain, hence leading to the higher aggregate modulus observed. The stratified
arrangement of PG’s in the PFGI site suggests a lower aggregate modulus similar to that
found in the condyles. However, although it was lower than PFG2 (not surprising due to
the variation in PG distribution), PFG1 produced an aggregate modulus higher than that
found in the condyles. Collagen content and crosslinking have been shown to correlate
with compressive equilibrium moduli (Ficklin et al., 2007, Julkunen et al., 2009,
Kiviranta et al., 2006), confined or unconfined. An increase in collagen content and
crosslinking due to site specific maturation may also explain the significant difference
discovered in aggregate modulus between PFG1 and the condyle locations. Thus, it may
be the case that cartilage in the PFG locations maintains a greater stiffness than the

condyles as it matures.
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7 The Frictional Properties of Articular Cartilage in the

Porcine Knee

7.1 Introduction

Friction may be described as the resistance to motion when two opposing surfaces move
relative to one another. This resistance is most commonly due to abrasion between
microscopic asperities on the contacting surfaces, but may also be due in part by the
shear resistance of the lubricant between the surfaces.

The relative proximity of the asperities causes adhesive contacts due to interatomic
attractions. Fundamentally, adhesion can be described as either physical or chemical in
nature. Chemical adhesion describes covalent, ionic and electrostatic bonds whereas
physical adhesion involves the hydrogen and van der Waals bonds due to intermolecular
forces. Physical bonds are weaker than their chemical counterparts because there is no
electron exchange in these cases. However, van der Waals bonds are always present
between neighbouring asperities and experimental data suggests that adhesion is
primarily due to these forces (Bhushan, 2003, Williams, 2005).

Furthermore, any viscoelastic deformation under load such as creep increases the real
area of contact (contact between opposing asperities) leading to an increase in adhesion
as a function of duration of contact (Bhushan, 2003). This is observed in figure 7-1 for

the case of a steel sphere on indium.
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Figure 7-1. (a) Adhesive force versus normal load for a steel sphere on indium after two different

time periods and (b) the coefficient of friction for the steel sphere is seen to increase with duration of

contact (Bhushan, 2003).

Figure 7-2 presents a graph of frictional force versus time. In this instance, the static

frictional force (Fs) to initiate sliding is greater than the kinetic or dynamic frictional

force (FK) to maintain the sliding. This is known as “stiction”. Such is the case in the

presence of a thin fluid film separating the contacting surfaces as high static friction can

occur due to meniscal and rate dependent viscous effects. Curved menisci form around

the contacting asperities due to surface energy effects and an attractive meniscal force is

generated from negative Laplace pressure inside the meniscus as a result of surface
tension (Bhushan, 2003).
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Figure 7-2. Graph depicting the change of frictional force with time for the case of static frictional

force being initially higher than the Kkinetic frictional force.

When linearly applying a load between two surfaces, the applied force changes from
meniscal to viscous prior to the separation of the surfaces. Thus, for an applied force less
than that of the meniscal force, there is no tendency for separation to occur. When the
meniscal force is exceeded, the viscous component in the normal direction is activated
until finally separation occurs (figure 7-3). The viscous component of this adhesive force
is far more significant in fluids of greater viscosity but can still dominate at high shear
rates in fluids of more modest viscosity.
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Figure 7-3. The meniscal and viscous contributions of the force-time relationship between two
surfaces with a liquid bridge under a ramping load. Adapted from (Bhushan, 2003).

The surface roughness of cartilage may be considered relatively large at 1-6um (Martin
et al., 1998), as the femoral head of metal and ceramic hip prostheses boast surface
roughness’s of 0.01um and 0.005um respectively (Mabuchi et al., 2004, Udofia and Jin,
2003). Yet, despite this the coefficient of cartilage against cartilage has been found to be
exceptionally low, in the range of 0.002-0.02 (Mow and Lai, 1980), prompting many
hypotheses to be developed as to why this is the case. Many classical engineering
theories have been extended to explain the low friction and wear of cartilage. However,
no single theory has been able to comprehensively explain all the lubrication

characteristics in every loading scenario.

One such theory is hydrodynamic lubrication. This occurs when two opposing surfaces
moving at high speeds converge to a ‘wedge’ shape, generating fluid pressure great
enough to push the two surfaces apart. However, hydrodynamic lubrication fails to
predict an adequate fluid film thickness greater than the average surface roughness of
cartilage. Therefore, it is far more likely that elastohydrodynamic or a mixed lubrication
regime is present during the swing phase and boundary lubrication is present throughout

the stance phase given the velocity to load ratios over each period (Neu et al., 2008).

129



Elastohydrodynamic lubrication is a theory generally applied to metal-on-metal and
metal-on-plastic joint prostheses (Jalali-Vahid et al., 2003b, Jalali-Vahid et al., 2003a,
Scholes and Unsworth, 2000, Udofia and Jin, 2003, Wang et al., 2008, Wang et al.,
2004, Yew et al., 2004). The underlying principle here is that when the fluid pressure
generated between the surfaces is sufficiently high, elastic deformation of the surfaces
takes place which in turn causes the pressure to drop off. As for cartilage, Dowson and
Jin developed the theory of micro-elastohydrodynamic lubrication, whereby the
asperities are deformed and flattened causing an overall increase in the surface

roughness to film thickness ratio (Dowson and Jin, 1986).

If a lubrication film thickness capable of separating the joint surfaces cannot be
generated, then the only potential barrier preventing direct contact is an adsorbed
molecular monolayer (Neu et al., 2008). This is known as boundary lubrication. A
number of synovial fluid constituents has been shown to adhere to and significantly
reduce the friction coefficient (Schmidt et al., 2007). This was been shown for
hyaluronan (Bell et al., 2006, Schmidt et al., 2007), lubricin (Jay, 1992, Schmidt et al.,
2007, Swann et al., 1981, Swann et al., 1985) and both combined together (Jay et al.,
1992, Schmidt et al., 2007). The lubricious effect of surface-active phospholipids also
been investigated but was shown to play no significant role (Schmidt et al., 2007).
Superficial zone protein (SZP) however has been highlighted as potential source of

friction reduction.

Another form of lubrication is the squeeze-film variant. This is said to occur if the
viscosity of the lubricant is sufficiently high that it is slow to be squeezed out of the
cartilage as the surfaces approach each other. A slowly reducing film thickness is
formed, separating the joint articulations. However, if this form of lubrication is to exist,
the proposed time for the surfaces to touch should be greater than that found

physiologically.
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Perhaps, the most recognised form of lubrication is bi-phasic lubrication. The hypothesis
that interstitial fluid may have a role to play in lubrication was first put forward by
Lewis and McCutchen in 1959 as ‘weeping’ lubrication (Lewis and McCutchen, 1959).
This exists when cartilage is brought in contact with an opposing surface of metal or
glass and enough interstitial fluid is exuded to separate the surfaces. However, this
principle had to wait until 1980 when Mow described bi-phasic theory (Mow et al.,
1980) until it could be adapted to form bi-phasic lubrication theory (Mow and Lai,
1980). According to this theory it is the load sharing between solid and fluid phases,
primarily the fluid phase, which causes such a minimal coefficient of friction. However
the longer cartilage is loaded, the more it is increasingly supported by the solid phase
resulting in an increasing coefficient of friction. This occurrence was demonstrated
experimentally by Forster and Fisher for cartilage against metal on a pin-on-plate setup
for time periods of up to 120 minutes (Forster and Fisher, 1999). Further evidence was
provided by Krishnan et al. using a similar cartilage against polished glass pin-on-plate

arrangement (Krishnan et al., 2004).

It is proposed that it is worthy of investigation to determine the coefficient of friction of
cartilage from anatomical sites relevant to OAT therapy in a bi-phasic lubrication
context. It may be possible that a different coefficient of friction occurs at the harvest
site than that is normally at the site of the condyles, either initially, or with time under

with applied load. The following is to be performed to examine this possibility:

e Harvest osteochondral plugs from different regions of the porcine knee
representative of the locations where OAT would take plugs from and
subsequently implant them.

e Calculate the coefficient of friction of the cartilage using a simplified cartilage
against polished glass pin-on-plate setup.

e This shall be carried out with varying sliding velocity against loading time.

e Interpret the results to ascertain whether there are possible implications for AOT

therapy.
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7.2 Methods

7.2.1 Sample Preparation

Osteochondral plugs were harvested from a further five porcine knee joints from the
same anatomical locations (L1, L2, M1, M2, PFG1 & PFG2) and using the same method
described in section 4.2.1, however, an alternative cork borer was employed to yield
7mm diameter plugs. On this occasion, cartilage was not removed but the bone ends of
the plugs were squared using a band-saw, then well irrigated with PBS and frozen at a
temperature of -20°C for storage purposes. Samples were thawed and equilibrated in

PBS for one hour prior to testing.

7.2.2 Friction Testing

A Schematic Diagram, along with picture, of the custom made apparatus used for
friction testing of the prepared osteochondral specimens is shown in figure 7-4a & b
respectively. The apparatus consisted of a fixed linear bearing with accompanying
aluminium shaft (igus® UK Ltd, Brackmills, Northampton). One end of the aluminium
shaft was machined to accept the insertion of a 7mm osteochondral plug with a press-fit
tolerance. The remaining end of the shaft was fitted with a nylon cap, upon which
weights could be mounted. A polished glass dish was fixed to a linear carriage and
railing system (igus® UK Ltd, Brackmills, Northampton) with adhesive. The dish was
half filled with PBS and the shaft-bearing assembly arranged vertically above it so as to
insert the osteochondral plug into the PBS with the cartilage end flush against the glass
surface. Fishing line was attached to the carriage and run horizontally to a pulley from
which it ran in a vertical path to the MTS. When the line was taut a 90 degree angle was
formed by the line and pulley system. This was achieved by incurring a pre-load of
0.2N. With all elements in place, the MTS crosshead could be raised at a predefined rate
to slide the glass plate beneath a weighted cartilage specimen a distance of 40mm. The

force required to cause translation of the glass plate was recorded by the MTS. Hence, a
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frictional force was determined corresponding with the applied normal load to the

cartilage (weight applied plus aluminium shaft & nylon cap).

Linear B earing

Pulley
Osteochondral Plug
Linear Carriage
PBS Water Bath
& Railing / /’ a

(@)

(b)

Figure 7-4. (a) Schematic and (b) picture of rig used in friction testing.
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Weight was applied in five successive stages; 98, 196, 391, 587 & 799g, translating to
normal loads of 0.961, 1.923, 3.836, 5.758 & 7.838N. For each weight applied, 5
minutes was allowed to elapse before testing began, at which point the frictional force
was recorded for sliding velocities of 1, 2 & 3mm/s in quick succession. These velocities
were chosen as they satisfy the range specified by Katta et al. in a review of pin-on-plate
biotribology (Katta et al., 2008). Often synovial joints are considered to operate in a
mixed lubrication regime in simple elastic contact. Hence, these slow sliding velocities
are adopted in pin-on-plate testing in an attempt to replicate these conditions in-vitro.
Higher speeds may result in the formation of elastohydrodynamic lubrication. This was
repeated every 5 minutes until 20 minutes under constant loading had elapsed upon
which time the next successive weight was then added and the routine repeated.

It has previously been demonstrated that the engineering frictional coefficient of
cartilage (i.e. the ratio of frictional force to normally applied load) decreases with
increasing normal loads or contact stresses (Katta et al., 2008, Lizhang et al., 2011) and
that this is particularly evident over greater sliding distances (10mm) (Katta et al., 2008).
The decline of the engineering frictional coefficient will eventually equilibrate at a value
known as the true frictional coefficient at high contact stresses. However, this can be
more readily calculated be measuring the slope of a plot of frictional force versus normal
load (Chan et al., 2011). This method was performed in this study, as it not only
calculated a frictional coefficient representative of in-vivo loading, but it also allowed
this single representation of friction to be analysed independently with, or with a
combination of other parameters such as sliding velocity and the duration of loading.

Prior to any testing however, it was essential to determine the force required to slide the
carriage and glass plate (with PBS) alone so that this could be deducted when measuring
the frictional force of cartilage specimen within the set-up. To this end, ten trials were
performed for each of the sliding velocities so that their average values could be
ascertained and deducted from any points of interest. Again, a pre-load of 0.2N was

employed to ensure the line was taut. The results of the trial assessment of the carriage
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and plate are presented in figure 7-5. No significant differences were observed between
velocity groups so an average value of 0.6N was taken to be the static friction at Omm
and 0.52N to be the dynamic friction at 40mm translation for all velocities concerned.
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0.6 == ==
A P s =
| e g
e
2 ¢ 1mm/s
(=]
[T
051 | B 2mmis
A 3mmls
— Linear (1mm/s)
0.45
— = Linear (2mm/s)
______ Linear (3mm/s)
0.4

0 5 10 15 20 25 30 35 40

Translation (mm)

Figure 7-5. Frictional force produced by carriage and glass plate alone. An average static friction of
approximately 0.6N and dynamic friction of approximately 0.52N exists after 40mm translation for

all three sliding velocities.

7.2.3 Statistics

A 4-way repeated measures ANOVA was performed for the purposes of statistical
analysis in chapter 7. Friction type, sliding velocity and time were within-subjects
factors, whilst sample location was a between subjects factor. The model included main
effects and all two-way interactions between the within-subjects variables. The
Greenhouse-Geissersphericity correction factor was employed over the less conservative
Huynh-Feidt correction factor to calculate P-values. A P-value of <0.05 was considered

to be statistically significant
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7.3 Results

A typical load curve recorded for the frictional force of cartilage on glass is presented in
figure 7-6. The presence of “stiction” is clearly observed. A rapid rise is observed
initially from the 0.2N pre-load to peak and steadily relax to an equilibrium force over
the majority of the translation. The peak recorded was attributed to be the force to
overcome static friction, whereas the dynamic frictional force was defined as the force
recorded after the full 40mm translation. The trials of the unloaded rig specified that
0.6N be deducted from the static frictional value and 0.52N be deducted from the
dynamic value to determine a cartilage specimen’s corresponding frictional values
without interference from the test rig. Furthermore, since both the trials and the actual
tests both employed the same pre-load of 0.2N, it was essentially negated in calculating

the difference.
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Figure 7-6. Example of a typical load curve recording the frictional force of cartilage within the
experimental rig (Site: PFG1, Load: 1.923N, Time: 10mins).
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For each sample, at each given time period and velocity, a scatter plot was created
plotting the recorded frictional forces against the normally applied load increments. An
example of such a plot for the dynamic coefficient of friction is shown in figure 7-7. The
slope of the line of best fit to this data was deemed to be the true coefficient of friction in

accordance with the following equation;

F=uR Equation 7-1

Where,
F = Frictional force,
R = Normal applied load,

i = Coefficient of friction.

3 -
< 1mm/s
0O 2mm/s
2.5 1
A 3mm/s
2 —Linear Tmm/s
S (1mm/s) y = 0.363x
°© . R%=0.992
0 —— Linear
o (2mm/s)
ic; 154 | 2mm/s
c y = 0.348x
2 (3mm’s) R®= 0.996
i 1
3mm/s
y = 0.362x
R?=0.989
0.5 1
0 1 2 3 4 5 5} 7 8 9

Normal Load (N)

Figure 7-7. Plot of the dynamic frictional force measurements of cartilage (Y -axis) after being
subjected to 5mins of their corresponding normal applied loads (X-axis). The specimen in this case
was from the L1 group. In this instance, friction coefficients of 0.363, 0.348 & 0.362 were found for

1, 2 & 3mm/s sliding velocities.
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Figures 7-8 through to 7-13 display all the complied calculations of friction coefficient
for L1, L2, M1, M2, PFG1 & PFG2 groups respectively. Each chart shows the effect of
time on friction for velocities of 1, 2 & 3mm/s. On first observations of the charts, it is
intuitively evident that for both friction types (static & dynamic) the more time a
cartilage specimen spends loaded, the larger the friction becomes. It also appears that an
increase in velocity can increase friction, though this is far more evident for static
friction rather than dynamic friction. On first observation, there appears to be no obvious
effect of anatomical location on the magnitude of the friction types, for any given time
period or velocity. However, a full in-depth analysis demands a statistical examination

of the data to reveal any trends emerging.

The relationships between friction and time, and friction and sliding velocity were found
to be different for both static and dynamic conditions combined (P<0.001 in both cases).
There was some evidence suggestive of a trend that the relationship between friction and
time may depend on sliding velocity, but found to be inconclusive (P=0.067). There was

no effect on sample harvest location to any of the variables (P=0.867).

Due to the main effect and significant interaction of static and dynamic friction with
time and sliding velocity, it was deemed valid to analyse each type of friction (static and
dynamic) independently. Time and velocity were found to have a highly significantly
different influences on static and dynamic friction groups (P<0.001 in all cases). On this
occasion, the relation between friction and time was found to be significantly affected by
sliding velocity within static groups (P=0.016). However, this did not appear to be the
case within dynamic friction groups (P=0.069). Finally, sample harvest location
introduced no significant affect to either static or dynamic friction groups (P=0.644 &

0.876 respectively).
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Figure 7-8. (a) The static coefficient of friction & (b) dynamic coefficient of friction for L1. Results

shown as mean +/- SD (n=5). Time indicates duration of applied loading.
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Figure 7-12. (a) The static coefficient of friction & (b) dynamic coefficient of friction for PFG1.

Results shown as mean +/- SD (n=5). Time indicates duration of applied loading.
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Figure 7-13. (a) The static coefficient of friction & (b) dynamic coefficient of friction for PFG2.

Results shown as mean +/- SD (n=5). Time indicates duration of applied loading.
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7.4 Discussion

The range of values determined for the frictional coefficients are similar to those
specified by many other authors for cartilage on glass and cartilage on metal plate
configurations. For example, Krishnan et al. and Forster and Fisher found coefficients of
friction that ranged to upward values of 0.25 and 0.35 for cartilage on glass and cartilage
on metal respectively (Forster and Fisher, 1996, Krishnan et al., 2004).

One of the dominant findings of this study was the temporal response of the coefficient
of friction to loading. For either static or dynamic conditions, friction was found to
increase with loading time, a trait consistent with biphasic lubrication theory and the
findings of many other authors whether the normal load is static (Forster and Fisher,
1996), dynamic (Krishnan et al., 2005) or multi-directional (i.e. with rotation)
(Northwood and Fisher, 2007). Friction becomes elevated in cartilage with time due to
the increasing influence of its solid phase. Therefore, friction can be kept at a very low
level as long as the fluid phase load support is maintained at a very high level (Katta et
al., 2008). The fluid phase load support is generated in a number of ways. In addition to
osmotic pressure due to physiochemical effects, the interstitial fluid of the tissue will
pressurise as a result of mechanical loading (Ateshian, 2009). Due to the very low
permeability of cartilage (in the region of 10 to 10™® m*Ns), any mechanically induced
internal fluid flow generates large drag forces and pressure gradients. However, the
mechanical load applied to cartilage is only initially supported by this interstitial fluid
pressurisation and as time increases the fluid pressurisation decreases as fluid escapes,
transferring more of the load to the solid phase of the cartilage. Hence, the friction

increases as the fluid load support decreases.

Shi et al demonstrated this loss in fluid load support and rise in friction for a similar set-
up to that described here (Shi et al., 2011). Using a bovine cartilage pin on a
reciprocating alumina plate, the fluid load support was found to drop from an initial

value of 71% to 0% after 1885 seconds. The corresponding coefficient of friction was
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found to rise from 0.099 to 0.271 over this period. Even after periods as short as 5mins,
it appeared the coefficient of friction had risen to over 0.25, similar to values presented
in section 6.3. Krishnan et al. found that a fluid load support drop of 88.8% to 8.7%
corresponded to an increase in friction from 0.01 to 0.243 in a cartilage on glass
configuration (Krishnan et al., 2004). However further to this, it was also demonstrated
that this loss in interstitial fluid load support was inversely correlated to both the
fictional coefficient and the creep displacement. The frictional study performed in this
thesis also demonstrates a significant association between friction and time, confirming
that interstitial fluid pressurisation is the primary mechanism in regulating the frictional

response.

Only the static coefficient of friction was found to be influenced by the sliding velocity
applied. Furthermore, this friction was found to increase with increasing velocity
regardless of the loading time. It has previously been discussed in section 7.1 that the
force of adhesion grows with increasing time under creep loading conditions (figure 7-
1). Furthermore, it has also been shown that, in the presence of thin film of fluid
between contacting surfaces, the force of adhesion is comprised of meniscal and viscous
components (figure 7-3). The viscous component is time-dependent and so sensitive to
varying sliding velocities. Either one of these suggestions, or possibly a combination of

both, may explain this apparent increase in the static friction.

The dynamic coefficient of friction appeared to be unaffected by sliding velocity. This
agrees with Coulomb’s law of kinetic (dynamic) friction which states that the dynamic
friction is independent of the sliding velocity. However, this is in contrast to the work of
other authors (Gleghorn and Bonassar, 2008, Shi et al., 2011). Shi et al. demonstrated a
decreasing coefficient of friction as sliding velocity increased from 0.2 to 0.5, 1 &
5mm/s for alumina pins on cartilage (Shi et al., 2011). The coefficient of friction
decreased from 0.095 at the 0.2mm/s to 0.044 at 5mm/s, although the decrease was more
dramatic at lower rather than higher changes in velocities. A similar observation was

made by Gleghorn and Bonassar (Gleghorn and Bonassar, 2008). For cartilage on glass
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interfaces, an increase in sliding velocity was found to reduce the coefficient of friction.
Furthermore, using Stribeck curves (used determine lubrication regimes) it was found
that increasing the sliding velocity was found to cause a transition from boundary

lubrication to mixed lubrication even under applied strains as large as 40%.

However, the differences between the influence of sliding velocity in this study and that
observed by others can be explained by the experimental set-up and methodology. The
method employed in this study had cartilage pins under constant loading periods but not
subject to constant translation of the glass plate. Translation was initiated only after the
specifically allocated loading periods (i.e. 5, 10, 15 & 20mins). Previous experimental
studies maintained constant reciprocating translation in their studies (Gleghorn and
Bonassar, 2008, Krishnan et al., 2004, Shi et al., 2011). Thus, the length of time the pin

is loaded in combination with continuous translation is a key factor.

There may also be another factor that is contributing to increased resistance at start-up to
explain the differences between the static and dynamic frictional values. It is likely that
the test rig itself, more specifically the carriage and rail system upon which the glass
rests could have introduced a degree of resistance. The carriage possesses a series of
polymer bearings to provide smooth transition along the rail. However, there will always
be some degree of friction in these bearings. Although the frictional resistance of this
system was measured so as to be deducted when cartilage pins were introduced, it was
done without including the effects of the normally applied loads on the bearing friction.
The result of this would have a much greater impact on the static friction rather than the
dynamic friction, although both would no doubt be affected. For each successive weight
that was applied it is likely that resistance of the sliding system grew greater and hence,
a greater force was required to overcome it and cause motion. Once this resistance was
overcome, it is unlikely that such small loads had any effect on the dynamic friction. To
eliminate this adverse static affect, it is recommended that any future pin-on-plate work

employ a calibrated actuator with embedded force sensor to measure frictional force.
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The differences found between the static and dynamic values of friction are not evidence
that elastohydrodynamics are taking place. This is very unlikely to occur at the very low
velocities detailed here (1-3mm/s), as sufficiently thick fluid films cannot be generated.
In contrast, Forster and Fisher determined the “stationary” coefficient of friction of 3
and 9mm diameter cartilage pins on metal plates and found that these were similar to the
steady state friction values (Forster and Fisher, 1996). It was deduced that the low-
velocity sliding was not sufficient enough to generate fluid film lubrication and that
boundary lubrication was maintained. Similarly, in this study, the theoretical static and
dynamic film thickness values are much lower than the surface roughness of cartilage
(approximately 1um). Hence, boundary lubrication conditions occur at both start-up and
running conditions. These calculations are shown in Appendix C.

Interestingly, the harvest locations of the osteochondral plugs were found to cause no
significant difference in the coefficient of friction for ant given sliding velocity or
loading time. Given that the PFG cartilage has already proved to possess significantly a
significantly higher aggregate modulus, one would expect these sites to lose interstitial
load support at a slower rate than the condyles and so exhibit superior time-dependent
frictional properties. The results are also contrary to the work of Chan et al. who
discovered differences in the ‘true’ frictional coefficient of bovine femoral cartilage
from load bearing and non-load bearing locations (0.13 & 0.2 respectively) (Chan et al.,
2011). However, although no analyses of mechanical properties were performed, a
greater expression of superficial zone protein was expressed in the load bearing sites,
which is known to be an important boundary lubricant in cartilage (Neu et al., 2008). It
may be possible that this protein is not as of yet present in significant amounts at the
load bearing sites in immature animals, or indeed that this may reduce at non-load
bearing sites as maturity progresses. However, it is most likely due care was not given to

preserving this protein and it may have been washed away.

It is unclear what effects osteochondral transplantation would have on the frictional

properties of the altered composite articular surface. Although the coefficients of friction
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were found to be similar in all harvest locations, there are nevertheless a number of
issues to be considered. The PFG cartilage has been shown to be stiffer than the
condyles in chapter 4. Stiffer cartilage has been reported to have a slower recovery rate,
presumably due to its lower permeability (Barker and Seedhom, 2001). Thus, the
coefficient of friction after prolonged loading periods may remain at a high level,
running the risk of subsequent damage. Furthermore, all the plugs employed from all the
locations were of all the same size, but the contact areas of the cartilage in the condyles
and the PFG is undoubtedly different and alter throughout the gait cycle. The temporal
response of the frictional coefficient has been found to depend on the contact area, with
larger areas maintaining interstitial fluid load support for longer (Carter et al., 2007).
Hence, given that the surface area of the transferred osteochondral plug is smaller than
that of the surrounding native tissue, the surface of the plug may lose fluid load support
and have a frictional rise at a much faster rate than its surroundings due to fluid loss at
the perimeter of the implant cartilage. This may be significant not only tribologically,
but also a factor in the time taken for full integration of both cartilage surfaces to occur.
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8 Development of an in-vitro  Hydrodynamic

Environment for Osteochondral Tissue Constructs

8.1 Introduction

The growing incidence of younger patients contracting bone and joint disease presents a
considerable challenge to the bioengineer. There is a limited amount of donor material,
the possibility of donor site morbidity and difficulty in matching the surface topology
(Wendt et al., 2005). Allografts are also associated with some major disadvantages such
as limited availability, immunological rejection and pathogen transmission
(Mahmoudifar and Doran, 2005). One alternative avenue of approach is that of tissue
engineering, and in particular a procedure known as Autologous Cell Implantation
(ACI). In this practice, a patient’s own cells are harvested in a minimally invasive
manner and processed in culture in vitro using degradable polymeric scaffold structures
and specialised analytical equipment. This is not a new concept, and as such subsequent
technology is currently available in the form of devices such as Carticel®, yielding
implantable cartilage repair products or plugs to replace the affected area. However, any
tissue engineered cartilage constructs are highly dependent on the environment in which
they are developed as poor matrix production is a consequence of inadequate mechanical
stimuli and poor transport of nutrients and oxygen. Therefore, the greatest challenge lies
in the optimisation of the in vitro environments in which these constructs are grown

(bioreactors), in order to promote successful cartilage integration and repair in vivo.

It has previously been demonstrated that osteochondral extracellular matrix can be
promoted by applying mechanical stimuli within physiological ranges, leading to
enhanced mechanical properties (Angele et al., 2003, Shieh and Athanasiou, 2003).
However, the mode by which mechanical stimulus is applied is by no means
standardised, with many differing methodologies still being employed, including static
and dynamic compression, hydrostatic pressure, strain induced shear and flow induced

shear. Ideally, any bioreactor system should attempt to mimic the natural environment of
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the tissue in question. Hence, for osteochondral tissue, none of the previously mentioned
methodologies alone is truly representative, but rather a combination of them. With this
in mind, it is postulated that the predominant mechanical factors are the applied pressure

in combination with shear.

There have to date been many varied intermittent and cyclic applications of hydrostatic
pressure and shear to culture systems (Angele et al., 2003, Carver and Heath, 1999,
Frank et al., 2000, Jin et al., 2001, Parkkinen et al., 1993). Many of these technologies
have been found to produce beneficial outcomes. For example, Parkkinen et al
discovered that proteoglycan (PG) synthesis can be enhanced in both chondrocyte
cultures and bovine cartilage tissue using hydrostatic pressure but that this was highly
dependent on load duration and magnitude (Parkkinen et al., 1993). Furthermore, the
relative effects of duration and magnitude were found to vary between culture systems.
Carver and Heath applied intermittent pressurisation to scaffolds seeded with juvenile
and adult horse chondrocytes (Carver and Heath, 1999). GAG concentrations were
found to resemble those of native cartilage in the juvenile seeded scaffolds but not the
adult. However, disappointingly collagen levels never even reached 10% of native
cartilage concentrations in either case. Angele et al. examined the effects of cyclic
hydrostatic pressure on aggregates of bone marrow derived mesenchymal progenitor
cells (Angele et al., 2003). It was found that loading for multiple days rather than single
days statistically increased collagen and PG concentrations and the overall cell/matrix
ratio. As for the application of strain-induced shear, Frank et al. compressed 1.1mm
thick bovine cartilage explants to Imm whilst they were subjected to 1% cyclic shear
deformation yielding 25 and 41% increases in PG and protein content (Frank et al.,
2000). This work was followed up by Jin et al. by subjecting explants to shear loading of
1-3% producing an increase of approximately 25 and 50% in PG and protein synthesis
(Jinetal., 2001).

From such studies it is apparent that the application of cyclic hydrostatic pressure is

principally successful in synthesising PG, whereas the direct application of shear is more
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successful in producing collagen matrix. This thesis will discuss the design and
construction of a novel test apparatus capable of combining these mechanical stimulus
methodologies. The design utilises hydrodynamic lubrication theory, creating fluid flow
through a reducing annular space to induce fluid pressure and shear effects. This is
achieved by attempting to mimic the components of load and rotation experienced by the
femoral condyles in vivo. The test apparatus does not include control systems for pH,
temperature, gas exchange, humidity etc., but merely aims to reproduce the mechanical
environment experienced by osteochondral tissue in the knee, and in doing so is hoped
will be the first step in the design of a complete bioreactor system. Additionally, it is
hoped that this device could double as a joint simulator for the storage of osetochondral
allografts over prolonged periods of time. The same mechanical cues employed to grow
tissue engineered constructs are also likely to maintain the health of osteochondral tissue

prior to implantation.

The design of the apparatus revolves around an eccentric cylinder concept subject to a
recent patent publication (Black et al., 2007, Black et al., 2013). As such, the feasibility
of this concept in being able to provide the correct mechanical cues is vital. The

following shall be performed in this section to address this matter:

e A description and experimental evaluation of a pre-existing device known as
version 1, highlighting the apparent shortcomings and suggesting potential
solutions to overcome them.

e The proposal of a new bioreactor/joint simulator incorporating these solutions
(version 2), including finite element analysis of the design.

e The construction and experimental evaluation of the test apparatus,
experimentally recording the hydrodynamic pressures it can generate.

e Comparison of the recorded experimental data to a mathematical model

governed by lubrication theory.
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8.2 Methods

8.2.1 Experimental Apparatus

A pre-existing rig had been constructed before the author’s involvement in this study,
but a subsequent evaluation found the device to be inadequate. Please refer to Appendix
D for a full description of this assessment. Based on these shortcomings, a second
custom experimental test rig (version 2) was designed and built for the purposes of
generating and measuring hydrodynamic pressures. This particular rig was designed to
resemble that of a journal bearing, consisting of a solid S.S. journal supported and sealed
at either end with bearings and rotary seals housed within an A-frame and a S.S. bearing
surface (or bushing) of larger diameter which encompassed the shaft. This bushing was
housed in a subassembly which was constrained to move vertically up and down (z-axis)
via four alignment pins anchored in the carriage base plate. This base plate was in turned
attached to a carriage on a guide rail which allows freedom of the journal housing to
translate in the x-axis via a guide rail and carriage assembly (igus® UK Ltd, Brackmills,

Northampton). A CAD model of the newly designed system is presented in figure 8-1.

Housing Subassembly

Motor

Alignment
Pins
Guide Rail

Figure 8-1. A CAD model of hydrodynamic test rig: version 2 using Pro-Engineer Wildfire 4.0.
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Two specially moulded silicone rubber bellows (Rhodorsil RTV 3428, Bentley Creative
Chemicals, Kidderminster, UK) linked the two A-frames to the journal housing,
encasing any remaining rotating elements that may be exposed, sealing in the lubrication
fluid and maintaining a fluid filled environment for the journal. Load was applied to the
top of the journal housing via a housing cap, reducing the fluid gap between the bushing

and rotating journal, causing hydrodynamic lubrication to occur.

The journal was coupled to a servomotor with encoder feedback that maintained the
prescribed speed of rotation at all loading conditions (Maxon Motor & Motor Control,
Switzerland). Load is applied to the housing cap via a Zwick-Roell materials testing
system (MTS). The magnitude of the load is controlled by the user via a software

interface on a desktop computer assigned to the MTS.

The housing subassembly itself consists of a number of components. Figure 8-2a
presents a section of the subassembly, highlighting each individual component. Two
concentric cylinders pass through the core of the journal housing, the housing insert and
the shell liner. The shell liner is initially composed of stainless steel, and acts as the
bushing to the shaft ensuring a metal-on-metal interface. A 1.5mm port was drilled as
shown in order to allow access for measurement of the hydrodynamic pressure within.
Connection products for chromatography and fluidic applications (IDEX® Health &
Science 2009/2010 Catalogue) are used to connect the 1.5mm diameter port in the
bearing surface to a 2.5MPa capacity gauge pressure transducer (Keller Piezoresistive
Transmitters, Switzerland). By correctly aligning the port in the shell liner with a drilled
and tapped hole in the housing insert, a PEEK M6 bolt can then be used to secure the
shell liner, housing insert, ferrule and tubing all together and create a hydraulic seal.

This is shown in the highlighted area named detail ‘A’ (figures 8-2a & b).
One further feature is a keyway on the surface of the housing insert. This interacts with

two M3 bolts in the journal housing so the housing insert can be rotated radially by a set

number of degrees and then fixed in place. This allows for positioning of the port in the
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shell liner at any radial position for the measurement of the local hydrodynamic
pressure.

SEE DETAIL A

SHELL LINER

g —aree L
L=

M6 BOLT TUBING TO TRANSDUCER

JOURNAL HOUSING | SECTION A-A

(@) (b)

Figure 8-2. (a) Section of journal housing subassembly, (b) closer look at detail ‘A’.

Voltage signals from the pressure transducer are captured via a data acquisition system
(National Instruments, US), then converted and recorded as pressure readings by
purpose/user written software program on a laptop computer (NI LabView, U.S.A)).
Figure 8-3 displays a schematic of the overall experimental set-up and a picture of the
hydrodynamic rig during testing.
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Figure 8-3. Hydrodynamic test rig, (a) schematic of test set-up, (b) during testing.
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8.2.2 Finite Element Validation of Apparatus Design

Having designed all of the components of the hydrodynamic test rig and suitably
assembling them, a three dimensional finite element analysis of the structure was
performed to validate the design. This was achieved using ANSYS© Workbench version
11.0. The model of the structure was generated by simply saving the assembly as a SAT
file in Pro Engineer Wildfire 4.0. Subsequently, this SAT file was uploaded into ANSYS
Workbench and geometry defined.

However, one of the limitations of the software is the finite number of nodes available to
the user. In this case, 32,000 nodes were available to mesh a large assembly of
components. Hence, a decision had to be made either to mesh all of the components with
a very low density and corresponding loss of resolution, or mesh the more critical
components with a finer density and yielding more genuine results. Intuitively, the latter
presented the better option and so the directly loaded components of the housing

subassembly and the journal shaft itself were selected for analysis.

A worst case scenario of hydrodynamic pressure breakdown and contact occurring
between the shaft and journal housing was postulated as a good indicator of the rig’s
structural strength. Hence, an initial line contact was created between the journal
housing and the shaft. Material properties were assigned to all of the components;
aluminium for the housing cap, journal housing, and housing insert, whereas stainless
steel was chosen for the journal shaft and the shell liner. Non-essential components such

as the bolts were excluded for simplicity.

The ends of the shaft were constrained radially, while the all the components of the
journal housing subassembly were restricted in all degrees of freedom except the z-axis
to mimic the action of the alignment pins. A ramped load of 750N was applied to the

housing cap over a period of 0.25s, simulating twice the eventual load that will be
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applied. Finally, a mesh was generated with a density as fine as was allowable, and the

von-Mises stresses, displacements and factors of safety calculated.

8.2.3 Contact Mechanics

8.2.3.1 Hertzian Contact Theory

The contact mechanics theory originally developed by Hertz allows for simple
calculation of the stresses generated between a contacting journal shaft and shell liner.
When contact occurs between a solid cylinder (radius R;) and the internal surface of
another cylinder (radius R,) of equal length (I) due to an external load (W), a narrow
rectangular area of contact is formed with width 2b and length I. The half width b is

given by the following equation;

AWR'

)0® Equation 8-1
7E'

b=

Where;

1 1
R’ = Effective radius, given by R'= (—-—)"
RZ Rl

E’ = Effective elastic modulus, given by E'=(
El EZ

E1, v1, Eo, voare the elastic constants of each respective cylinder.

The maximum contact stress can then be found using;
Equation 8-2

and the maximum deflection is determined by;
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4R R,

0= 0.319(%)[% + In(b—z)] Equation 8-3

8.2.3.2 2D Finite Element Analysis

A 2 dimensional finite element analysis was performed to validate the Hertzian contact
theory using ANSYS®© version 11. An axisymmetric plane stress model was created
using line and curve commands in the model space and two different areas created
within them representing the journal shaft and the shell liner. The lines and curves were
divided using the NDIV and aspect ratio commands to ensure an ever increasing
availability of nodes towards the region of contact. The number of divisions was
increased x2, X6, and x8 for each simulation to generate finer mesh densities and achieve
solution convergence. The elements chosen were solid 4-node quadrilaterals, the
appropriate material properties were entered and the mesh created. Appropriate
axisymmetric boundary conditions and loads were then applied. The nodes at the contact
interface were then coupled and all their degrees of freedom limited but that of the line
of action of the applied force. The simulation was run for each mesh density case and the
von-Mises stress results and displacements incurred analysed in the post processor.

8.2.4 Calibration of Pressure Transducer

Calibration of the pressure transducer was achieved by connecting the pressure
transducer, via the same fluidic application products mentioned earlier, to a bespoke test
rig comprising of a piston and cylinder arrangement. Fluid within the cylinder was
pressurised by applying load to the piston and this pressure was in turn recorded by the
transducer in terms of a voltage value. If the applied load was known, then the pressure
within the cylinder could be determined, and related to the recorded voltage. Thus,
various increments of load and pressure could be plotted against their corresponding

recorded voltages and a calibration curve generated.
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Load was transmitted by connecting the piston to an Instron 5800. A preload of 5N was
initially applied for 20 seconds to steady the system, before a sequence of ramp-and-
hold cycles were performed. This consisted of 7 consecutive ramps of 50N at a rate of
12.5N/s and dwell periods of 60 seconds. Thus, the load was ramped from 5 to 355N in

50N increments.

The pressure in the cylinder for each dwell period was determined by dividing the load
by the cross-sectional area, which was then plotted against the corresponding average
voltage. A line of best fit was then applied to each of the 7 dwell data points and an
equation relating voltage to pressure derived. Thereafter all acquired voltage signals
were converted within LabView software to units of to pressure in MPa.

8.2.5 Determining the Absolute Viscosity of Glycerol

Prior to any experimentation being performed, it was essential to know the viscosity of
the lubricant used in the test rig. The viscosity of glycerol was determined by employing
the well-established Stokes falling sphere method, which was in turn then verified by
means of cone and plate viscometry of various glycerol/water blends.

8.2.5.1 Falling Sphere Method

A 250ml measuring cylinder (diameter 37.35mm) was filled with glycerol to
approximately 60mm above the upper 250ml marking. A steel ball bearing (diameter
4.75mm, mass 0.441g) was carefully lowered into contact with the glycerol surface
centrally within the cylinder using wide-gripped plastic tweezers and then released.
After passing through the first 60mm in height of glycerol, the ball bearing reached the
250ml marking on the cylinder, upon which a stopwatch was activated. This was
allowed to continue until the bearing had reached the 30ml marking, upon which the

stopwatch was stopped. Each 10ml marking on the cylinder was found to be 9mm apart,
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so the distance travelled during this period of time was calculated to be 198mm. In all,

the time for the ball bearing to complete this distance was measured 20 times.

Ball Bearing is 7 @ AL
released H

' 60ml

® § 250ml

Stopwatch starts

30ml

o _| v

Ball Bearing ‘ Stopwatch stops

terminates

Figure 8-4. Schematic of falling sphere method set-up.

Using the times measured, in addition to knowledge of some physical characteristics of
the set-up, the viscosity of the glycerol can be calculated using the following method:

According to Stokes, the force required for a sphere to separate the molecules of any
fluid is;

F= 67ZRs,UVs Equation 8-4
where,
R = Radius of the sphere,

K = Absolute viscosity of the fluid,
vs= Velocity of the sphere.

161



This force can be equated with the gravitational force, modified to include buoyancy

effects,
4 :
67R Vg = gﬂRg (ps —pL)0 Equation 8-5

where,

ps = Density of the sphere,

pL = Density of the liquid,

g = Acceleration due to gravity (9.81m/s?).

The velocity term can be replaced by L/t (distance travelled/time taken) and the equation

solved for p yielding;

_ 29R§ (os —pL )t

Equation 8-6
oL

However, this equation calculates p based on a falling sphere in an infinite fluid. For this
particular experimental set-up, edge and end effects will play a role and should be
accommodated for. The velocity term can be modified be modified to include edge

effects and the finite falling distance using the following;

Vg =V (1+2.4x)(1+1.65y) Equation 8-7

Where,
x = Ratio of the sphere diameter to cylinder diameter,

y = Ratio of the sphere diameter to total liquid height.
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Finally, incorporating the new continuous velocity term, the viscosity can be expressed

as;

_ ZgRs?(ps -pt
9L(1+2.4x)(1+1.65y)

Equation 8-8

The density of the sphere was found by simply calculating its mass/volume. The density
of glycerol was found by determining the mass of 5, 10, 15 20 & 25 ml volumes of
solution and after applying the mass/volume relationship to each of them, then

calculating the average (1230.11kg/m3).

Of course the viscosity and density of glycerol is temperature dependent, so all
measurements described were performed in the same operating environment as the
hydrodynamic test rig in which it will be used. This was an enclosed materials testing

laboratory maintained at 22°C via air conditioning.

8.2.5.2 Cone & Plate Viscometry

A Well-Brookfield cone and plate viscometer was employed which consists of a cone
element rotating at a constant angular velocity relative to a fixed plate. The conical
spindle rotates at a precise speed and measures the torque necessary to overcome the
viscous resistance to the induced movement caused by the fluid sample situated between
the cone and the plate. This is achieved by driving the spindle through a calibrated
beryllium copper spring. The degree at which the spring is wound is proportional to the
viscosity of the fluid and is indicated by a dial and pointer as a per cent of the full scale

torque reading.
However, in this instance, the spring available was found to be not stiff enough for full

concentrations of glycerol. Hence, the viscosity of glycerol and deionised water blends

were determined. Three concentrations of glycerol were measured, 25%, 50% and 75%
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glycerol by volume. The experimental viscosity results of these blends can then be
reproduced using a theoretical method described by Cheng (Cheng, 2008) using data
from the falling sphere results. Hence, it is hoped one each method will validate the

other.

The equation described by Cheng (Cheng, 2008) for calculating glycerol/water blends is

as follows;

a , l-a

My = My, 1y Equation 8-9

Where,

Mp = Viscosity of the blend,

Mw = Viscosity of water (taken to be 0.001Pa.s),

Hg = Viscosity of glycerol (calculated from falling sphere test),

a. = Weighting factor, varying from 0 to 1 depending on glycerol/water concentration.

The « term must be solved independently using the following equation;

#=1-C, + abC,(1-C,)
aC, +b(1-C,,

Equation 8-10

Where;
Cm = Mass concentration of glycerol against water,
a & b = Temperature sensitive coefficients given by

a=0.705-0.0017T &b = (4.9 +0.036T)a>°

Where;

T = Temperature of the glycerol/water blend.
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8.2.6 Hydrodynamic Lubrication Theory

In order to mathematically model the pressures occurring within the system
hydrodynamic lubrication theory was employed. Consider a section of the two

articulating bodies within the hydrodynamic test rig (figure 8-5).

B()

Load is applied to
bushing to develop
the geometry shown

3. Steel Tournal

Lubricant

S. Steel Bushing 0=0,360°

Figure 8-5. Section of the articulating bodies within the hydrodynamic rig.
A solid shaft of radius Ry, surrounded by a cylindrical bushing of inner radius R,, with
their centres offset by a distance e. A fluid lubricant separates the two bodies. The theory

defines the maximum fluid film thickness as hma at @ = 0 and the minimum film

thickness as hyinat @ = 180°, yielding an expression for the film thickness;

h =c(1+ &Cos ) Equation 8-11

Where;
c is the radial clearance, given by R, — Ry,

¢ is the eccentricity ratio, given by e/c.
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For a journal of infinite length 4R/l < 1) and lubrication fluid of constant viscosity, the

Reynolds equation may be reduced to the following polar coordinate expression;

P h
h®. 8 a)R2 0 Equation 8-12

( 00

where;
P is the fluid pressure,
w is the kinematic viscosity of the fluid,

o is the angular velocity of the shaft.

The fluid pressure can be determined by solving the Reynolds equation for P and

implementing the following Swift-Stieber (Reynolds) boundary conditions;

(DP=0ato=0,
(i) P =0 at fc <6 < 360°,
(iii) dP/d6 = 0 at 6= 6c (Hc is known as the cavitation angle).

Solving requires a complicated back-substitution procedure known as the Sommerfeld
method and determining the cavitation angle requires iterative techniques. These actions
were solved numerically using Maple 13, a mathematical analysis software package. A
more detailed description of the derivation involved and the script for the software

programs can be found in the appendices.

8.2.7 Operating Conditions

The input values to the theoretical model were based on the conditions at which the
hydrodynamic test rig was operated, namely the geometry of the articulating bodies, the
viscosity of the lubricant (in this case glycerol), the rotation velocities applied by the

motor and the load applied by the Zwick MTS. These are listed as follows:
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e R;=0.015m, R, =0.016m, meaning ¢ = 0.001m.

e The viscosity (u) of glycerol is approximately 0.715Pa.s.
e The angular velocity (w) was taken as 1 & 2rev/s.

e The applied load (W) was 375N (Half body weight).

The value of ¢ was determined by Raimondi-Boyd charts (based on empirical data)

graphing ¢ against the bearing characteristic number (Sommerfeld number);

R
S = ((1)2(H2) Equation 8-13
¢’ 'R

W
2RI

Where Py, is the nominal bearing pressure, P, = (I = bushing length = 0.06m).

The charts described were digitised and a 5™ order polynomial used to describe the chart

and calculate ¢ for a given S.
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8.3 Results

8.3.1 Finite Element Validation of Apparatus Design

Figures 8-6a, b & c present the 3 dimensional finite element analyses to validate the
design of the hydrodynamic test rig v2. Figure 8-6a demonstrates the von-Mises stresses
present under load. It is evident that the highest stresses occur at the shaft ends where
they are fixed in position by the bearings. A maximum value of 7.76MPa is recorded
here. Other areas of stress accumulation occur at the interface of the journal shaft and
shell liner as would be expected. Average values at this interface range from 1.72-
3.45MPa, however precise peak contact values cannot be determined from this model,
due to the highly localised nature of this contact area involved and the relatively coarse
mesh employed. However, the Hertzian contact analysis will achieve this goal and these

results are presented at a later stage.

Figure 8-6b presents the deformation that occurs to the journal housing subassembly
under load. Results again are not surprising with now deformation occurring at the fixed
ends of the journal shaft, and maximum deformation occurring at the site of load
application. A deformation value of 1.1958 x 10°m is recorded here. This is partially
due to the lower elasticity value of the aluminium of the loading area to the steel of the
journal shaft, but also due to the vent incorporated directly before the load area which
allows for exit of the PEEK tubing to the pressure transducer. Although this vent allows
for minor three-point bending to occur, they are minor and not significant to the

workings of the overall apparatus.
Finally, figure 8-6¢ displays the factor of safety of the model. It is apparent that the

minimum factor exceeds a value of 15 which is considered more than an adequate level

for such an apparatus.
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Figure 8-6. Finte element validation of test apparatus, (a) von Mises Stress distribution, (b)

deformation & (c) safety factor.

8.3.2 Contact Mechanics

Hertzian contact theory calculates a maximum stress and a maximum deflection of
63.6MPa and 4.399 x 10°®m respectively at the contact interface. Using the 2 dimension
finite element model with the greatest mesh density (figure 8-7a), a maximum stress
value of 60.46MPa and a maximum deflection value of 4.15 x 10®m is determined.
These results are observed in figure 8-7b, where a closer look at the stress distribution at
the interface is highlighted. Figure 8-8 presents a graph emphasising the convergence of
the finite element solution to the Hertzian value using increasing mesh densities. This is
a good indicator of the robustness of the simulation, it having been validated against
established contact theory. Finally, table 8-1 presents a summary of the data collected

from both methods and the percentage difference that exists between them.
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Figure 8-7. 2-D Analysis of Hertzian contact region, (a) highest and final mesh density used, (b) von-

Mises stress distribution.
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Figure 8-8. Convergence of Ansys solution to Hertzian contact value.
Table 8-1. Contact analysis results.
Hertz Contact Theory Finite Element Model % Difference
Stress (MPa) Deflection (m) Stress (MPa) Defection (m) Stress Deflection
63.6 4.399 x 10°® 60.46 4.15x 10 2.17 5.68

8.3.3 Calibration of Pressure Transducer

The load applied by the Instron along with the voltage recorded by the pressure
transducer is displayed in figure 8-9a. As one would expect, for each ramp and hold load
cycle imparted by the Instron, a similar pattern is observed in the corresponding trace
generated by the pressure transducer. The appearance of the two curves to converge on
one another is explained simply by the fact that the scale of linearity to which transducer
relates pressure to voltage (which we are trying to determine), is different to that at

which the load was scaled when they were being recorded.
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Figure 8-9. Calibration of 2.5MPa capacity pressure transducer, (a) voltage recordings as Instron

imparts ramp and hold loads onto calibration rig, (b) transducer calibration curve.
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Figure 8-9b presents a plot of Instron loads during the dwell periods against the average
values of the corresponding voltages generated by the transducer. The line of best fit
suggests a strong degree of linearity (R? = 0.9999), and so the equation used to describe
this line was used hence forth to measure the pressure experienced by the transducer

when incorporated into the hydrodynamic test rig.

8.3.4 Viscosity of Glycerol

For the falling sphere method, an average time of 2.33 (+/- 0.039 SD) seconds was taken
for the sphere to descend through the glycerol between the two reference points. When
this was used to determine the glycerol’s viscosity using equation 6-7, it was found to be
0.715+/- 0.012Pa.s. When this value was used to determine the viscosity of 75, 50 &
25% glycerol/H,0 blends using the method described by Cheng (Cheng, 2008), these
were calculated to be 0.03677, 0.00668 & 0.00220Pa.s respectively.

Figure 8-10 presents a graph of shear stress against shear rate for the three Glycerol /
H,O Blends. The Newtonian behaviour of the fluid mixtures is demonstrated by the
strongly linear relationship. This is an indicator that the viscosity is not independent of
shear rate and that the shear stress is directly proportional to the strain rate. The constant
of proportionality in each case is of course the fixed absolute viscosity of the blend,
specifically 0.03928, 0.00674 & 0.00253Pa.s for the 25, 50 & 75% volumetric
concentrations respectively. These values compare quite favourably with those
determined using theory and the falling sphere result, indicating that the 100% glycerol
concentration viscosity value is indeed correct and can be used for any other calculations
regarding its role in the hydrodynamic test rig. All the viscosity results are summarised
in table 8-2.
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Figure 8-10. Flow curves for 25, 50 & 75% by volume glycerol/H,O blends.

Table 8-2. Summary of viscosity results. The direct viscosity results were found to closely resemble

those that were calculated by employing theory and the falling sphere result.

Viscosities of Glycerol/H,O Blends (Pa.s)

Method Used

100%

Falling Sphere

0.715
(0.012)

Viscometer

0.03928

0.00674

0.00253

Theory using
Falling Sphere
Result

0.03677

0.00668

0.00220
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8.3.5 Hydrodynamic Test Rig and Lubrication Theory

Figure 8-11 presents typical recording of pressure at one particular port location. For
each port location, pressure was measured three times, halting the applied load and shaft
rotation between attempts and allowing the system to come to rest. It is very apparent
that the results generated by the test rig are very repeatable as in each instance the results
vary very little. It is also evident that a period of time (in this case between t = 50 &
100s) is required for the pressure recordings to stabilise after load is applied. An average
of the steady state values over the three attempts was taken as the pressure reading for

each individual port location.

During the ramp phases shown in figure 8-9a it is clear that the transducer is quite
responsive to the application of load. Hence, there must either be a delay in the test rig
equilibrating under load, or something else is delaying the pressures encountered at the
area of interest from reaching the transducer (such as shear forces in front of the
recording port). Either of these explanations could well be true, however once the

pressure recordings had stabilised the readings were highly reproducible.
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Figure 8-11. Repeatability of pressure measurements in the test rig.

Figure 8-12 displays the pressure distributions that would be expected to exist for two
different scenarios according to the hydrodynamic lubrication theory described in the
methods. However, also present is the experimental measurements made at various port
locations for the same conditions applied to the model. Whether the shaft angular
velocity is 1 or 2rev/s, it is clear that the experimental results tend to describe the
magnitudes, as well as profiles of the pressures quite well. In the case of an angular
velocity of 2rev/s, pressures rise steadily around the bushing to a maximum of
approximately 0.9MPa, whereas, in the case of an angular velocity of lrev/s, pressures
rise on a much steeper gradient to approximately 1.5MPa. Furthermore, it is not just the
magnitude of the maximum pressures that vary, but also the position at which they

occur.
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Figure 8-12. Experimental measurements from test rig compared to the theoretical model.

However, having now validated the model against experimental results, these can be
predicted quite easily as seen in figure 8-13a. A decrease in viscosity results in a
decrease in film thickness and corresponding increase pressure (figure 8-13b). In fact,
for the kinematic conditions described, a viscosity of 0.1Pa.s will generate a peak
pressure of approximately 5.5MPa which is in the in-vivo range of pressures found in the
contact areas of the tibio-femoral joint.
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viscosity.
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8.4 Discussion

A hydrodynamic test rig has been designed and built for the purposes of generating fluid
pressures similar to those experienced by cartilage in vivo. This rig was then subjected to
controlled input performance parameters such as shaft angular velocity and the load
applied to the bearing surfaces. Measurements of pressure were taken at various
locations within this closed system using a calibrated pressure transducer and data
acquisition system. It was discovered that a great degree of repeatability existed between

measurement attempts at any particular location.

A generalised mathematical model was created in an attempt to predict these pressures
based on the fundamental principles established by lubrication theory. Swift-Stieber
(Reynolds) boundary conditions were employed over more simplistic Full-Sommerfeld
or Half-Sommerfeld boundary conditions. Although their application may result in a
reasonable depiction, the Full-Sommerfeld conditions gives rise to the presence of
negative pressures and the Half-Sommerfeld conditions fail to satisfy the continuity of
mass flow. However, these are shortcomings overcome by utilising the Swift-Stieber

boundary conditions, albeit at the cost of a more demanding computational process.

Good agreement was found to exist between the predictions provided by the model and
the measurements taken form the experimental apparatus. Hence, both the theoretical

model and the test rig can be interpreted as being verified against one another.

The magnitudes of the pressures were found to peak at 1.5 and 0.9MPa for shaft angular
velocities of 1 & 2rev/s respectively. In section 1.7.1, it was found that the contact
pressures that cartilage experiences in the knee can range from 1MPa up to as large
15MPa, although the majority of studies citied values of less than 10MPa. Tailoring of
the pressure magnitude in the test rig towards a particular value can be readily carried
out. As observed increasing angular velocity, increases the film thickness and lowers the

pressure. Conversely, increasing load will reduce the film thickness and increase the
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pressure within the rig. Furthermore, the experimental and theoretical models here are
based on a single lubricant, glycerol, having a viscosity of 0.8Pa.s. The range of
viscosity of non-Newtonian synovial fluid is approximately 0.01-1Pa.s (Fam et al.,
2007), and it has been seen that choosing a fluid with lower viscosity will result in
higher peak pressures. However, choosing lubricants with too low a viscosity is not
advised as this leads to overly thin fluid films, isolated pressure peeks of great
magnitude and potential damage to the bearing surfaces. Hence, due consideration must
be given to choosing a more suitable lubricant, such as fetal calf serum, for future
studies on the test rig. Fetal calf serum is an often employed lubricant in wear testing of
various joint prostheses and hence must be considered as a strong candidate for an

alternative lubricant in this system.

Although the agreement between experimental and theoretical results remains a key area
of interest, the primary focus is the application of this system to the medical device
industry and the clinical need of cartilage repair. Thus, harvested osteochondral plugs
can now be incorporated into the test rig and an updated mathematical model produced.
Once inside the system, parameters such as the fluid flux through the tissue could be
accessed directly. Adequate mass transfer is critical in maintaining or growing cartilage
constructs in order to deliver nutrients, maintain pH levels and remove waste products.
The shear stresses upon the chondrocytes generated by this fluid flow may also be
beneficial as media flowing through cartilage constructs as low as lum/s has been

previously been shown to increase matrix synthesis (Kim et al., 1995).

In principle, this technology also has applications in the tissue engineering of cartilage
replacement constructs. Engineered tissues grown in mechanically active environments
generally possess superior composition, morphology and mechanical properties
compared to those grown in static environments (Vunjak-Novakovic et al., 2005). Cell
death has been found to occur preferentially in the superficial tangential zone of
cartilage rather than middle or deep zones under applications of high axial and even

transverse static strains (65%) (Chahine et al., 2007). This apparent depth-dependence in
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chondrocyte behaviour is most likely due to their cell properties/metabolism and/or the
depth-specific extracellular matrix in which they rest. However encouragingly, true
physiological dynamic loading (4.8MPa peak stress at frequencies of 0.1-40Hz in this
case) together with the complex viscoelastic material behaviour of cartilage can maintain
strains below 20% (Park et al., 2004).

Furthermore, mechanical stimuli presented within physiological values can promote the
synthesis of cartilage extracellular matrix and enhance the mechanical properties of the
tissue (Shieh and Athanasiou, 2003). Bioreactors providing cyclic hydrodynamic
pressures, within the range of those expected in vivo, have been demonstrated to induce
significant changes in aggregan and collagen 1l mRNA in bovine chondrocyte
monolayers (Smith et al., 2000), increased GAG and collagen production in equine
chondrocyte seeded PGA scaffolds (Carver and Heath, 1999) and enhanced sGAG

incorporation in bovine explants (Parkkinen et al., 1993).

Another avenue of interest is the continued upkeep and preservation of explants in
storage such as allografts. Traditionally, osteochondral allograft material has been
transplanted within 1 week of sourcing, but due to safety concerns involving bacterial
contamination and disease transmission, in addition to logistical issues, this may be
extended to as much as 40-42 days (Allen et al., 2005, Williams et al., 2003). Although
it appears that maintenance of the extracellular matrix is achieved, significant decreases
in chondrocyte viability, viable cell density and metabolic activity have been observed
within time periods of just 30 days (Allen et al., 2005, Ball et al., 2004, Pearsall et al.,
2004, Williams et al., 2003). It has been demonstrated that physical stimuli can control
the metabolism of chondrocytes and osteoblasts and can up-regulate the production of
extracellular matrix when applied with specific magnitudes and frequencies (Wendt et
al., 2005). Joint simulators similar to the hydrodynamic test rig have been previously
shown as a successful means of preserving cartilage grafts for future implantation,
boasting improved cell vitality and the elimination of central necrosis consistent with

statically maintained tissue (Cohen et al., 2000). Furthermore, dynamic mechanical
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loading has been shown to have a much more substantial effect on the health and
maintenance of articular cartilage over static loading (Hung et al., 2004b). In fact, a
decrease in proteoglycan synthesis and release from the extracellular matrix has been
demonstrated for static compressive loads (Guilak et al., 1994, Jones et al., 1982), in
addition to damaging gene expression and synthesis (Aufderheide and Athanasiou, 2006,
Lietal., 2001, Ragan et al., 1999).

Given the potential uses for such a joint simulator/bioreactor, the question remains as to
how either osteochondral plugs or scaffolds could be incorporated into the system. One
possible envisaging of this is shown in figure 8-14. The osteochondral plug or scaffold
could be housed in the shaft (or journal) element of the system. There are a number of
reasons for choosing this housing location over the outer annulus. The first is quite
intuitive. The vast majority of tissues replaced in AOT procedures in knees are in the
medial condyles of patients. The surface topography of the tissue in this location is of
course convex and thus the cartilage is more likely to lay flush with the outer surface of
the shaft. The shaft itself is also a more readily available of the shelf product than the
annulus and can be purchased in a variety of diameters to suit patient specific condyle
curvatures. In theory, the smaller the osteochondral plug/scaffold incorporated the more
flush the transition of the shaft to the construct will be. A number of 4-6mm diameter
plugs/scaffolds could be situated along the length of the shaft, not just one as depicted in
figure 8-14. Furthermore, smaller diameter plugs are likely to be more effective in
mosaicplasties over larger diameter plugs as there would be less spacing between

adjacent plugs.

The second reason for using this particular set-up is that the biological maintenance of
the tissues (i.e. adequate nutrient & oxygen supply and removal) can be readily
regulated. The septum-divided configuration discussed here is based on the principles of
a double-chamber stirring bioreactor developed by Chang et al. (Chang et al., 2004).
Consider the specifics of the osteochondral construct placement in figure 8-14. In order

to accommodate the constructs, the shaft has been split along its long axis yielding two
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sections denoted “Part A” and “Part B”. Part A has a through bore along its long axis
and a second through bore that is orthogonal to the first. This second bore has a stepped
shoulder on one end at the interface with the first bore, within which a silicon septum
has been fixed. A sintered metal tube is placed into the second bore to meet the silicon
septum, within which the osteochondral plug/scaffold has been placed. The septum seals
around the cartilage/bone interface thereby creating two separate environments above
and below this interface. The purpose of the sintered metal tube is to ensure that the
bone tissue is secured laterally while experiencing axial micro-motion due to the
external hydrodynamic pressures applied to the cartilage above. When Part B is reunited
with Part A, the osteochondral construct and sintered metal tube are fixed in place. The
shaft assembly can now be fixed at its distal ends by the hubs of two separate suspension

shafts mounted in a frame with bearings and rotary seals.

The suspension shafts in the frames possess their own internal bores coupled with rotary
valves which allow osteogenic medium to be pumped into the space around the sintered
metal tube, then through the sintered metal tube to the bone phase of the construct and
out the bore of the second suspension shaft. The environment between the shaft and the
annulus is sealed by bellows linking either end of the annulus to the frames.
Chondrogenic medium can be pumped into this sealed environment through a port in
one frame and out a port in the second frame. This will act as a lubricant for
hydrodynamic pressures to be created, but also provide nutrients and remove waste
products. Additionally, the rotation of the shaft will provide agitation for mixing of the
osteogenic and chondrogenic media inside and outside of the shaft respectively. In-line
sensors before the inlets and after the outlets may also be used for real-time

measurement and recording of oxygen concentration levels, pH, and temperature.

Lastly, the third and final reason as to why the osteochondral constructs should be
housed in the shaft portion of the system is that the periodicity of loading applied to the
construct can be readily and simply controlled. The outer annulus could be maintained in

a fixed position as the shaft rotates within at a chosen speed and it is this speed that will
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determine the frequency of loading. For example, should a speed of 1 rev/s be chosen
then the construct will make a complete revolution once a second and so be exposed to
the hydrodynamic pressures generated at the pinch point at a rate of once a second. This
essentially translates to a frequency of 1 Hz and the standard walking loading rate.

Similarly, faster or slower frequencies can be applied by altering the speed of the shaft.

Chondrogenic
Medium Outlet
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Osteogenic LA ‘7////////////4 Osteogenic
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Chondrogenic
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(Cartilage Element)

/ 777  Silicon Septum

Y
PartA
Outer Annulus Shaft { %

Osteochondral Plug or scaffold
(Bone Element)
i,

Figure 8-14. Hydrodynamic joint simulator/bioreactor incorporating osteochondral plugs or

Sintered Metal Tube

scaffolds. Two separate media chambers simultaneously but separately provide nutrients & oxygen
to the cartilage and bone phases of the tissue/scaffold. Some elements of the diagram are

exaggerated and not to scale.
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9 Discussion

9.1 General Review

Osteochondral defects affect both the articular cartilage and underlying subchondral
bone within the knee joint. They typically originate from traumatic mechanical injuries
or osteochondritis, and are often associated with joint instability and associated
osteoarthritic degenerative changes (Martin et al.,, 2007, Wendt et al.,, 2005).
Transplantation of articular cartilage and subchondral bone in the shape of osteochondral
plugs has been proven to be useful in clinical practice (Moriya et al., 2007, Zaslav et al.,
2009). OAT involves the harvesting of intact cartilage and bone in the form of
cylindrical plugs from joint compartments of lesser weight-bearing and their transfer
into the defect site. These plugs should maintain similar biomechanical properties as
intact cartilage and, once healed, produce a durable hyaline cartilage surface (Treme and
Miller, 2008). However, it is not without its drawbacks. Principally, the process suffers
from a limited amount of donor material available, the inability to completely match the
topology of the graft to the site of injury and poor integration into the surrounding area
(Martin et al., 2007, Wendt et al., 2005).

Alternative options include palliative treatments, marrow stimulation, cell therapies and
cell/scaffold tissue engineered constructs. Palliative treatments focus entirely on the
providing relief to the mechanical symptoms using techniques such as debridement in a
strategy angled at removing the sources of pain rather than filling the lesion (Williams,
2006). Marrow stimulation cell therapies rely on the local recruitment of pluripotent
stems cells based in the marrow and can be achieved in a number of manners such as
abrasion arthroplasty, subchondral drilling and microfracture. The term “marrow
stimulation” however, may deemed somewhat as a misnomer, as typically very little to
no red bone marrow resides in the subcondral bone meaning the pluripotent cells
attracted are no different than those which occur in a clot at a majority of sites in the
body (Farr et al., 2011).
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Abrasion arthroplasty involves the complete removal of the damaged cartilage and
providing the subchondral plate with a gentle superficial burring (Farr et al., 2011). This
initiates bleeding, releasing local pluripotent stem cells and the development of a fibrin
clot which is used as a scaffold for the formation of the repair tissue (Aroen et al., 1998).
Subchondral drilling involves perforating the subchondral plate with small drill holes
whilst maintaining the majority of its structure (Aroen et al., 1998). As was the case with
abrasion arthroplasty, vascular infiltration is induced, resulting in the formation of a
fibrin clot. Cytokines are released during clot formation attracting pluripotent cells and
leading to the formation of repair cartilage (Farr et al., 2011). Lastly, the microfracture
technique involves the use of an awl to create multiple microfractures spaced 3 to 4mm
apart in the subchondral bone which disrupts the vasculature beneath and inducing
bleeding. As mentioned previously, this leads to clot formation, an inflammatory

response, pluripotent cell infiltration and subsequent defect repair (Aroen et al., 1998).

Cell based therapies for cartilage repair include autologous chondrocyte implantation
(ACI) which utilizes an autologous periosteum flap to construct a watertight lid under
which a chondrocyte suspension is injected (Farr et al., 2011). The repair tissue has been
reported to possess hyaline-like structural elements such as collagen Il, cartilage
oligomeric protein and aggrecan but at lower percentages than would be expected in
healthy articular cartilage (Aroen et al., 1998). As an alternative to periosteum, collagen
patches have been introduced (collagen-associated chondrocyte implantation or CACI).
These involve additionally cell-seeding the collagen patch and such techniques have
been expanded to include further matrix/cell composites such as matrix-associated
chondrocyte implantation (MACI) and Hyalograft C (Williams, 2006).

Currently, substantial research is focused on the development of cell-seeded
biodegradable scaffolds which, when processed in the correct in-vitro environment, are
hoped to produce newly generated osteochondral tissue suitable for implantation.
Generation of such tissues relies heavily on the principles of the tissue engineering triad.

This consists of cell type, scaffold type and environmental factors. Scaffolds composed
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of porous biodegradable biomaterials are inhabited by cells whose controlled behavior is
the driving force in the formation of repair tissue. Essentially, the type of scaffold
employed can be of one or more phases and fits into one of four categories (Martin et al.,
2007). These include a scaffold phase for the bone component but scaffold free for
cartilage, different scaffolds for bone and cartilage components, one heterogeneous/bi-
layered scaffold or one homogeneous/single-layered scaffold. Furthermore, scaffolds
can be made from a variety of synthetic and natural materials such as hydrogels
(Grayson et al., 2008, Hung et al., 2004a, Lima et al., 2004), PLGA (Cui et al., 2011,
Lee et al., 2008, Sherwood et al., 2002), hydroxyapatite (Lee et al., 2008, Oliveira et al.,

2006), chitosan (Oliveira et al., 2006) and ceramic (Lien et al., 2009) to name a few.

Critically, the behavior of the cells used is controlled by the environmental
circumstances they are exposed to such as chemical, biological and mechanical factors
(Chiang and Jiang, 2009). The latter of these, the mechanical environment, has been
keenly investigated by many authors as it has been found to govern the structural and
mechanical properties of the end product (Hung et al., 2004b, Carver and Heath, 1999,
Kim et al., 1995, Parkkinen et al., 1993, Vunjak-Novakovic et al., 2005, Kelly and
Prendergast, 2005). The ability to create the correct mechanical environment is a matter
that became significant in the formation of this thesis (chapter 8), as it is believed by

many that tissue engineering is the future of osteochondral repair.

At the outset, this thesis proposed the hypothesis that that the mechanical properties of
cartilage and bone at harvesting sites for osteochondral material are different from those
required at the site of implantation and, although patient problems are relatively few, this
disparity could influence the integration and survival of the graft in-situ. This is due to
the fact that osteochondral tissue throughout the joint is likely to vary due to site-specific
loading and kinematics. In order to investigate this, a number of studies were performed
determining mechanical properties key to the function and performance of an
osteochondral graft in sites which experience different joint mechanics. The femoral

condyles and patellofemoral groove were chosen as these sites and indeed it was
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discovered that the properties of the tissues in these sites were significantly different in a
number of aspects. Furthermore, given that such differences are observed throughout the
knee joint, a novel bioreactor was discussed with the aim of tissue engineering

osteochondral replacements tailored specifically to a chosen site of implantation.

The first step performed in determining the properties in the condyles and PFG was
evaluating the basic mechanical properties of these sites. Chapter 4 demonstrated that
the aggregate modulus of articular cartilage and strength of trabecular bone at the PFG
were significantly different to that of the femoral condyles. A correlation was found
between the s-GAG content and the aggregate modulus, but there was no conclusive
significant increase in the s-GAG content in the PFG where cartilage was stiffer. This
could indicate that other factors may also be contributing to this. The strength of the
trabecular bone from the condyles was significantly greater than the PFG, presumably
due to functional adaptation of the bone structure in response to the greater joint stresses
encountered. Furthermore, separate correlations were found for the PFG and the condyle
sites between the aggregate modulus of the cartilage and the Young’s modulus of the
trabcecular bone beneath, indicating that the cartilage and bone couple to form a

functional unit that can vary between different anatomical sites.

The possible ramifications of these results with regard to OAT in human patients come
to light when it is considered that osteochondral plugs are taken from non-load bearing
sites and so are very likely to have different cartilage/bone functional units. Secure
fixation of the osteochondral plugs, particularly in the early stages of weight bearing, is
vital to graft integration. Wolff’s law dictates that the more bone experiences stress, the
more it remodels itself to bare that stress and as a result becomes stronger. If the bone
from non-load bearing sites should be weaker, it runs the risk of loosening whether it is
through a repetitive process such as micro-motion at the interface, or through a single
incident such as yielding of the bone under a sudden impact load. The bone will also
experience remodelling once transplanted which may further weaken the already

vulnerable graft bone. Furthermore, as it is unlikely that the cartilage from a non-load
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bearing site is akin to that of a particular implantation site, then some degree of stress
shielding may occur at the site of implantation due to preferential distribution of load
through the stiffer material, be it the implant or the immediate area around the implant.

In continuing to examine the variation of the mechanical properties of the osteochondral
tissues in the chosen sites, chapter 5 determined the Poisson’s ratio of the cartilage. It
was revealed that a lower apparent and equilibrium Poisson’s ratio existed for the
cartilage of the PFG then that of the condyles. These results signify that cartilage from
the PFG is more resilient to radial expansion at physiological levels of deformation.
When the Poisson’s ratio results were examined in combination with the aggregate
modulus results, an inverse correlation was realised between the two parameters.
Essentially, the cartilage of the PFG possessed a combination of a higher aggregate
modulus and a lower Poisson’s ratio, whereas in contrast the condylar cartilage

presented a lower aggregate modulus and a higher Poisson’s ratio.

The ability of any synovial joint to maintain joint conformity is of great importance in
reducing contact stresses, friction and tribological wear. In fact, Barker and Seedhom
hypothesised that cartilage adapts its matrix constituents to be least susceptible to
damage as it minimizes strain by optimising the response of viscous and elastic
contributions according to location in the knee (Barker and Seedhom, 2001). It was
discovered that there exists an optimal range of cartilage stiffness (8-12MPa dynamic
indentation modulus) at which strains are minimised (=23%). For stiffer cartilage
existing beyond that range, larger strains were found to occur that were primarily
contributed to by large viscous strains. Alternatively, for softer cartilage which existed
below that range, larger strains were also found to occur but this time the primary
contributor was large elastic strains. This phenomenon is most likely the driving
mechanism by which cartilage in the porcine PFG was found to be stiffer than cartilage

in the condyles in the study performed in this thesis.
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Also key to joint conformity is the ability of the cartilage to deform under joint load and
expand laterally (i.e. the tissue’s Poisson’s ratio). Given the evidence that there is a site-
dependent variation in the Poisson’s ratio throughout the knee, it is possible therefore
that OAT affects the joints ability to maintain conformity. Further still, given the inverse
correlation between Poisson’s ratio and the aggregate modulus, it is possible that the
cartilage of transferred tissue, should it be stiffer, may remain prominent to the native
articular surface under prolonged durations of loading.

The inverse correlation between the Poisson’s ratio and aggregate modulus of cartilage
has been demonstrated in other animal models (bovine) than simply the porcine model in
this thesis (Kiviranta et al., 2006). Thus, it is very likely that it also exists in human
articular cartilage. There are further indications that the animal model results of the
mechanical properties translate to humans as a correlative relationship between the
stiffness of cartilage and trabecular bone beneath has also been demonstrated in human
tibias (Ding et al., 1998, Rohl et al., 1997).

Chapter 6 initially set out to understand the regional variations found in the mechanical
properties of the cartilage via a simple histological examination, but it also succeeded in
raising another issue; that the maturity, or rather the immaturity, of the tissue may be a
complex, integrated factor in the results. Prior to this, it had been eluded to that the
tissue immaturity may indeed hold relevance. In discussing the aggregate modulus
results, it was postulated that this could explain why variations exist between different
anatomical locations in different animal models. This issue was raised again with
regards regional variations in the Poisson’s ratio results, but also to explain why the
apparent Poisson’s ratio does not satisfy theoretical incompressibility. This
incompressibility has been shown previously to exist in mature but not immature
cartilage (Wong et al., 2000).

The distribution of the structural proteins collagen and PG should vary though the depth
of cartilage in accordance with the standard phenotype of mature cartilage. Laminar
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distributions of these proteins were observed in many of the locations, but a
homogenous distribution was found at PFG2 in the patellofemoral groove which may
indicate that maturation had not occurred there. This is especially interesting as it was
been shown that a mature cartilage phenotype occurs in a very similar position in pigs
merely a few months older (Rieppo et al., 2009). The presence of what appeared to be a
more mature phenotype at PFG1 could suggest that maturation of cartilage within the
porcine PFG begins initially inferiorly near the condyles and then progresses superiorly.
In time, PFG2 will present the same distribution of proteins as PFG1. This is most likely
stimulated by alteration of the joint load and kinematics in these animals as they develop

and mature with age.

It is unclear whether these indications of immaturity in the joint cartilage affect the
results of the mechanical properties (the aggregate modulus & Poisson’s ratio) in any
significant way. ldeally, all tissues would be fully mature. However, PFG1 presents a
similar level of maturity to the condyles but still remains significantly stiffer than the
condyles. Hence, the inference that this increased stiffness is due to its anatomical
location (and associated loading conditions) may still hold and with it the application of

the porcine knee model.

The results of the friction study in chapter 7 revealed far fewer variations between sites
than the mechanical properties determined. In fact, the results demonstrated that the site
where an osteochondral plug is taken from has no significant effect on its friction.
According to bi-phasic lubrication theory, the longer cartilage is loaded the more
interstitial fluid load support is lost and friction rises as a result of this. This trait was
clearly demonstrated, but it is surprising that the rate of loss of fluid load support did not
vary in the PFG sites given that they were found to possess a higher aggregate modulus.
This may be as a result of influences that were not quantified, such as the content of
superficial zone protein at the sites, or indeed it may simply be that the test apparatus is

not sensitive enough to measure more discrete variations of friction. Furthermore, it may
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be due to the cartilage still being attached to be subchondral bone in the friction tests but

not attached in the determination of the aggregate modulus.

It was demonstrated however, that the static coefficient of friction was found to be
influenced by the sliding velocity applied and that this friction was found to increase
with increasing velocity regardless of the loading time. This is likely due to the time-
dependent viscous component of the force of adhesion which is sensitive to velocity.
The dynamic coefficient of friction appeared to be unaffected by sliding velocity. This
agrees with Coulomb’s law of kinetic (dynamic) friction, which states that the dynamic

friction is independent of the sliding velocity.

Given the evidence that the mechanical properties of osteochondral plugs harvested from
different regions around the knee joint are significantly different, the tissue engineering
of repair products become an increasingly attractive prospect. This is due to the fact that
because of this topographical variation, it is unlikely that osteochondral tissue from any
harvest site will match a given implantation site. The bioreactor described in chapter 8
offers a novel approach to growing such constructs in physiologically relevant
mechanical conditions. The possible benefits of the specified design include the
development of constructs with tailored composition and mechanical properties
(Vunjak-Novakovic et al., 2005) including increased GAG and collagen synthesis
(Carver and Heath, 1999) and enhanced GAG incorporation (Parkkinen et al., 1993).
Hence, this device offers a potential to develop superior osteochondral grafts then those
currently employed during AOT procedures. Additionally, since cell viability, cell
density and matrix synthesis in osteochondral allografts have been found to reduce
during storage periods (Allen et al., 2005, Ball et al., 2004, Pearsall et al., 2004), the
apparatus may be employed as a joint simulator to maintain biological homeostasis.
Thus, the device has the potential to make a significant impact in the medical device

industry, as well as the health and activity of those suffering from osteochondral lesions.

193



9.2 Limitations & Future Work

The foremost limitation of the work presented in this thesis is the use of a porcine model
to characterise the mechanical properties at sites akin to those found in human knees. It
was chosen in spite of knowledge that the osteochondral tissues of the porcine knee are
unlikely to possess mechanical properties of equal or similar magnitude. However, it
was the porcine knee’s relatively similar geometry (i.e. features are scaled similarly) and
shape to the human knee that formed the basis for its inclusion, suggesting that load
distribution and joint movement may also occur in a similar manner to human knees. It
was hoped that due to the topographical resemblance, the regional variation in the
mechanical properties would also be comparable to human knees, even if they do not
present the same magnitude. The ovine model offers a similar quandary to the porcine
model, but was excluded due to greater difficulty in its acquisition. In contrast,
osteochondral tissues in the bovine knee are known to exhibit comparative mechanical
properties to humans, but the topography is considerably different and this formed the

basis of its exclusion.

Appendix A presents a brief study examining the suitability of the porcine knee model.
Anatomical features representative of the overall shape of the knee joint were measured
and compared to similar data for ovine and human knee joints (Osterhoff et al., 2011).
The resulting porcine/human feature ratios spanned from approximately 0.7-0.8 for 7 of
the 8 anatomical features. The remaining feature was the intercondylar height. Speaking
more broadly of the knee, the condylar and tibial aspect ratio were rather comparable,
yielding values of 0.91 and 0.99 respectively. On average, this was found to be slightly

superior to the ovine/human aspect ratios.
However, these features alone do not necessarily account for the gait patterns, load

bearing or movement characteristics of the knee joint, or that the porcine knee is

comparable to humans in this respect. Sadly, no such kinematic data appears to exist for
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pigs, but examining the knee joint kinematics of sheep may shed some light given its

similarity in size and it also being a quadruped.

Slow walking is known to produce a stance and swing phase lasting approximately 1
second in humans and 0.8 seconds in sheep. Hence, a similar porcine/human ratio is
found to that describing the shape and relative size of the joint. Furthermore, the stance
and swing gait percentages are the same as in human knee joints (Agostinho et al.,
2012). The peak load forces that pass through the tibiofemoral joint in sheep exceed
twice that of body weight (Taylor et al., 2006, Taylor et al., 2011), which is also similar
to the respective human joint when take at a 0.8 ratio. There are some kinematic changes
however, most notably that the flexion/extension patterns during the stance phase are
different and generally are offset by approximately 30 degrees throughout the entire gait
cycle (Cottrell et al., 2008, Darcy et al., 2008, Tapper et al., 2006). It has previously
been demonstrated that similar flexion angles induce greater PFG contact pressures in
human knees compared to relatively extended angles, especially during activities such as
stair climbing (Goudakos et al., 2009). Hence, it is possible a greater proportion of stress
is constantly present in the porcine PFG compared as muscle contractions to maintain
joint stability. This could be responsible for the generation of stiffer cartilage in this PFG
rather than the femoral condyles.

In truth, no animal model can be comprehensively representative of human knees, but
they can be used to establish that similar tends could exist. In this thesis, this practice
was employed to demonstrate that osteochondral tissues from alternative bearing sites in
porcine knees behave differently and that this may translate to human knees, possibly
having implications for OAT procedures. Future work may include investigating directly
if these trends exist in humans. This could be achieved by broadening the study to
encompass clinical input from orthopaedic surgeons, the application for ethical approval

in using human osteochondral tissues and gaining access to human tissue banks.
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The methodology of the studies performed remains predominately sound, but these
investigations could be developed further. The Poisson’s ratio study consisted of
compressive ramping and holding of the specimens to 20% strain and measuring the
resulting apparent and equilibrium radial expansions. Successive ramps and holds of 5%
strain are likely to demonstrate a strain dependency for Poisson’s ratio. Although, it is
known such strain dependencies exist (Jurvelin et al., 1997), the extent and relationship
of this dependency may alter from site to site around the knee.

In attempting to understand the results of the cartilage mechanical properties determined
(namely Hpo & Poisson’s ratio), there was some conjecture as to whether the collagen
network played a significant role at certain locations. The inclusion of a collagen assay
to accompany the s-GAG assay would quantify the collagen content at chosen sites and
could also be expanded to measure the presence of cross-linked collagen. Furthermore,
the histological analysis could be improved by employing such techniques as polarised
light microscopy to determine the spatial orientation and organisation of the collagen
network throughout the depth of cartilage specimens (Rieppo et al., 2009).

In determining the aggregate modulus of the articular cartilage and the strength of the
trabecular bone, the cartilage was completely removed from the sub-chondral bone and
the sub-chondral bone was completely removed from the tested bone plugs. Hence, the
sub-chondral plate contributed nothing to the mechanical properties of either material
tested. However, in-vivo, the sub-chondral plate most likely affects the mechanics of
both elements. Removal of sub-chondral bone from cartilage greatly affects the tissue’s
permeability and by association deformational characteristics, whether it is creating a
hole (Suh et al., 1995) or completely removing the plate (Gannon et al., 2012). However,
in the study determining the aggregate modulus in this thesis, the cartilage face where
bone was attached was loaded with a solid indenter (section 4.2.2). Thus, an effort was
made to minimise the removal of the sub-chondral plate by attempting to mimic the
attachment of the bone. As for the bone compression testing, the sub-chondral bone is

denser the trabecular bone beneath it, so the removal of the sub-chondral bone plate
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weakens the properties of the samples tested. Although assumptions are often made
about homogeneity in tissue mechanics in order to simply a model, this would certainly
not be true should the sub-chondral plate be attached to the bone plugs. One possible
way around this would be to model the plugs as composites, using the Reuss model for
example. However, this would necessitate determining the volume fractions of both

phases, adding more, perhaps unrequired, effort to the process.

Another limitation of the biomechanical studies performed in this thesis, especially
chapters 4 and 5, is that the aggregate modulus and Poisson’s ratio of cartilage was
determined under quasi-static loading conditions. Dynamic conditions, such as those
experienced in-vivo, elicit a substantially different response over static conditions,
generating vast amounts of interstitial fluid pressurisation and in turn significantly
reducing the deformational strain (Soltz and Ateshian, 2000, Suh et al., 1995, Wu et al.,
1998, Park et al., 2004). Furthermore, the dynamic deformational response is strongly
influenced by the loading frequency, which has been attributed to the diffusive
momentum changes between solid and fluid phases governing cartilage’s viscoelasticity
(Suh et al., 1995). When the frequency is low, the deformational response can adapt
easily to the applied load. However, when the frequency is high the tissue cannot adapt
as quickly, meaning less deformation occurs. For example, this translates to a
deformation of approximately 30um at OHz (i.e. static conditions) to near zero
deformation at 0.1Hz for calf carpometacarpal cartilage under the same loading
conditions. (Soltz and Ateshian, 2000). Hence, this reluctance to deform in tandem with
the presence of large interstitial fluid pressures results in a large increase in the apparent
stiffness of the tissues (Gannon et al., 2012), which increases the aggregate modulus.
Similarly, the dilatory ability of the tissue is reduced (Wu et al., 1998), which decreases

the Poisson’s ratio.
Therefore, the quasi-static testing performed determining the aggregate modulus and the

Poisson’s ratio has its limitations. However, quasi-static testing due to its simplicity is

largely used in the field of tissue mechanics. Hence, the data generated for these
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parameters in this thesis offers a simple means for comparison to similar quasi-static
testing published in the literature. In any case, a comparison between cartilage properties
at various sites of the knee can be made regardless of it not being loaded in a

physiologically relevant manner.

Although simple in its application, and adequate for all intents and purposes, the friction
study in chapter 7 presented a number of limitations. Considerable adaptions could be
made to the pin-on-plate test-rig if so desired. The first of these is the removal of the
carriage and rail system employed for translation and replacing it with an actuator with
in-line load sensor. This now frees the materials testing system to apply a choice of
constant, stepped or dynamic loads over prolonged time periods. The addition of
biocides such as sodium azide to lubrication solutions would ensure no bacterial growth
over these periods, or if a simple constant applied load is sufficient, the rig could be

mounted in a fume hood to maintain sterility.

One pin-on-plate friction study that could be of particular interest to OAT procedures is
the utilisation of a cartilage plate configuration, but with the inclusion of osteochondral
plugs of varying diameters. The pin element of the rig could be alumina, steel, or
cartilage. The differences in friction could then be measured against a control intact
cartilage plate. Further still, differences in friction relating to OAT could be measured by
incorporating osteochondral plugs from load bearing and non-load bearing regions,

allograft tissues and even tissue engineered constructs.

The study describing the development of the hydrodynamic bioreactor/joint simulator
was far from exhaustive and served merely as a proof of concept and to establish the
feasibility of such a device. This presents a plethora of potential future work to develop
the concept further. The inclusion of a non-Newtonian viscosity lubricant may be
considered as a next step, but given that the lubricating solutions will most likely be
Newtonian culture media to maintain the health of incorporated tissues, this may not be

required. The inclusion of osteochondral constructs presents a considerable
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developmental step. Although, suggestions were provided as to how this may be
achieved (section 8.4), it is nevertheless a substantial undertaking, worthy of a doctorate
in itself.

The hydrodynamic lubrication theory upon which the mathematical predictions were
produced in this thesis assumes the articulating surfaces are sufficiently stiff that
deformations are minimal under the fluid pressures generated. A reasonable assumption
given stainless steel was employed for theses surfaces. The inclusion of osteochondral
plugs into one of these surfaces introduces regions susceptible to significant deformation
and thus elastohydrodynamic lubrication must be employed to model such a system.
Perhaps, as an initial step it may be beneficial to introduce an articulating surface
comprising entirely of a polymer, develop the elastohydrodynamic model for the system
and verify this with physical pressure measurements. Once this has been achieved, one
could attempt to model the inclusion of a composite articulating surface similar to
osteochondral plugs being incorporated into the shaft. Given the degree of complexity
this presents, perhaps the use of computational fluid dynamics (CFD) software offers a
superior route in determining the pressures generated. Furthermore, the deformations of
the tissues and fluid flux through the cartilage could also be assessed via a 2-D

approximation.
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9.3 Conclusions

In a porcine knee model, the aggregate modulus of articular cartilage and the strength of
trabecular bone in the femoral condyles differ from those found at the patellofemoral
groove. The Poisson’s ratio of the articular cartilage also differs between these sites and
an inverse correlation with the aggregate modulus appears to exist. It describes sites of
higher aggregate modulus possessing a lower Poisson’s ratio and conversely sites of
lower aggregate modulus possessing higher Poisson’s ratios. A frictional study found no
significant differences between the coefficient of friction at condylar and patellofemoral
groove sites, even though these sites present starkly different mechanical properties.
Translating this information to a human model indicates that harvesting osteochondral
material from non-load bearing sites and implanting it into load bearing sites such as the
condyles or patellofemoral groove may affect the integration and survival of the graft as
it is highly unlikely the graft will possess the appropriate properties. Although failure of
grafts is relatively rare, this may prove to be a cause in some instances. Hence, the future
of repairing osteochondral lesions may lie in tissue engineering. The hydrodynamic
bioreactor/joint simulator proposes a promising and novel solution in providing the
essential mechanical stimuli required during the tissue engineering of ostoechondral
constructs or the storage of similar allograft tissues. In this manner, it may be possible to
tailor the mechanical properties of a tissue engineered construct to a particular
implantation site. Further still, it may also be possible to work harden auto or allograft
tissues to the needs of the implantation site. However, considerably more work is
required to be done before this potential can be fully realised.
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APPENDIX A — Comparative Features of the Porcine Knee

Introduction

Experimentation on ostehochondral tissues throughout this thesis were performed on
tissues excised from porcine knees. Hence, it worth discussing some of the features of
the porcine knee and how they compare to other animal models such as the ovine model
and more importantly, the human knee. To begin with, a study will be performed
measuring the dimensions of a number of key anatomical features. These will then be
discussed with regard to human knee joints and then the discussion further extended to

include other important parameters such as joint load and kinematics.

Methods

Six knee joints were harvested from 6-8 month old female pigs 5 days after slaughter.
Prior to dissection, the animal carcass remained chilled at 4°C, keeping the joint capsule
intact and maintaining the sterility of the joint. The joint capsule was opened to expose
the articular surfaces of the joint. The patellar tendon was transected immediately prior
to its insertion point on the tibial tuberosity and the fat pad behind it removed. The
medial, lateral and cruciate ligaments were transected along with any remaining joint
capsule so as to separate the femoral and tibial potions of the joint. The meniscus,
transected joint ligaments, joint capsule and any other excess soft tissue was removed to
leave the condyles and patellofemoral groove of the femur, in addition to the tibial
plateau of the tibia. All exposed areas were cleaned via irrigation using phosphate
buffered saline (PBS).

Key anatomical features of the femoral condyles, patellofemoral groove and tibial
plateau were then measuring using Vernier callipers in accordance with techniques
established by Osterhoff et al. for human and ovine knee joints (Osterhoff et al., 2011).

These anatomical features comprised of the following:
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e Epicondylar width (ECW),

e Lateral condyle width (LCW),

e Medial condyle width (MCW),

e Intercondylar width (ICW),

e Troclear width (TW),

e Intercondylar height (ICH),

e Anterior-posterior tibial width at the plateau (APTW),
e Medial-lateral tibial width at the plateau (MLTW).

The results were tabulated and compared to similar gross values for these features in
human and ovine knees published by Osterhoff et al. (Osterhoff et al., 2011). Ratios
were calculated between species for each feature to compare feature sizes relative to one
another. Finally, aspect ratios were calculated for the femoral condyles
(ICW*100/ECW) and the tibial plateau (MLTW*100/APTW) and compared to human

and ovine data.

Unless otherwise specified, all statistical analyses in appendix A were carried out using
statistical software (Minitab™, v.16). A student t-test was used to investigate
significance between any two groups if so desired. A P-value of <0.01 was considered to

be statistically significant.

Results

Table A-1 presents the gross values of the measurements taken from porcine knee joints
against human and ovine data published by Osterhoff et al. (Osterhoff et al., 2011).
Additionally, the ratios between each of the three species groups are presented for each
anatomical feature. It is apparent first of all that the dimensions of both animal models
are less than the human knee for each recorded feature. For the most part, based on the
ovine/human ratios, the ovine model appears to be a two-thirds scaled model of the

human knee. The porcine model appears simply to be a slightly larger version of the
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ovine model for most anatomical features (ovine/porcine ratios ranging from 0.77-0.87)
bar the intercondylar height (1.22).

Table A-1. The results of measurements made to anatomical features of the porcine tibiofemoral

joint compared against those made by Osterhoff et al. (Osterhoff et al., 2011).

Human Ovine Porcine | Ovine/Human | Porcine/Human | Ovine/Porcine
ECW 81.2(6.2) | 47.2(1.8) | 58.6 (1.2) 0.58 0.72 0.81
LCW 29.7 (3.0) | 20.1(1.8) | 23.2(0.6) 0.68 0.78 0.87
MCW | 29.1(2.9) | 18.1(1.6) | 23.6 (1.0) 0.62 0.81 0.77
ICW 19.9 (3.4) | 10.8(1.2) | 13.1(0.5) 0.54 0.66 0.82
TW 44.4(5.1) | 21.9(1.5) | 29.6 (0.8) 0.49 0.67 0.74
ICH 249 (4.4) | 13.9(3.4) | 11.4(1.6) 0.56 0.46 1.22
APTW | 52.0(3.7) | 21.5(1.9) | 422(2.7) 0.63 0.81 0.78
MLTW | 76.4(5.4) | 146 (1.4) | 61.9(2.7) 0.68 0.81 0.84

The results from the condylar and tibial aspect ratio calculations (Table A-2) indicate

that no statistical difference is found between all three groups (P>0.01 in all cases). In

this respect, it appears overall that the porcine model appears to be slightly more

representative of the human knee joint. Although the porcine condylar aspect ratio is

slightly lower than the ovine compared to humans (0.91 vs. 0.93), the tibial aspect ratio
is far closer (0.99 vs. 1.10).

Table A-2. The calculated condylar aspect ratios (CAR) & tibial aspect ratios (TAR) of the porcine

knee joint compared against ovine and human data published by Osterhoff et al. (Osterhoff et al.,

2011)
Human Ovine Porcine | Ovine/Human | Porcine/Human | Ovine/Porcine
CAR | 24.6(3.8) 23.0(2.6) 22.4(0.9) 0.93 0.91 1.03
TAR | 147.4(9.3) | 162.2(29.4) | 146.9 (8.8) 1.10 0.99 1.10
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Discussion

The results of this study indicate that the porcine knee joint, like the ovine knee joint,
represents a scaled version of the human knee joint. However, it is far from being a
perfectly scaled model. The measured porcine/human feature ratios ranged from
approximately 0.7-0.8 for seven of the eight measured features (Table A-1). The
remaining feature, the intercondylar height, had a ratio of merely 0.49. However, this is
unlikely to be significant in altering the mechanics to such a degree that joint mechanics
would alter. More globally speaking, the results of the condylar and tibial aspect ratios
were quite encouraging with ratios of 0.91 and 0.99 respectively (Table A-2). This
would seem to indicate that the porcine knee model is similar in many respects to human

knees if only based on anthrometrical data describing its shape.

However, it is important to remember that this animal is a quadruped and as such may
have joint forces and kinematics that are quite different from humans. Unfortunately, a
literature review revealed there were sparse studies which have analysed the kinematics
of the porcine knee joint. In fact, the only reasonable studies of relevance found were
more concerned about the friction and slipping of the animals on different types of
flooring (von Wachenfelt et al., 2010, von Wachenfelt et al., 2009). Hence, in the
absence of this data, pig kinematics will be assumed to be akin to sheep. This may not be
such a stretch given that both animals are both quadrupeds and possess very similar knee

joints in terms of the size of their anatomical features (Table A-1).

The joint forces in the tiobiofemoral compartment of the human knee can be expected to
peak at approximately 2 to 3 times body weight throughout normal gait (Thambyah et
al., 2005). In the patellofemoral joint, they can be expected to reach at least body weight
(Ward and Powers, 2004). Although there appears to be no studies examining the joint
reaction force in the patellofemoral compartment in sheep, there are however studies that
quote the joint forces in the tibiofemoral compartment at having peak values that exceed
2 times body weight (Taylor et al., 2006, Taylor et al., 2011). Given the scaled size of
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the knee joint, these values of tibiofemoral joint forces appear to be reasonable enough

to be interpreted as a model of the human joint.

It is generally accepted that the periodic gait cycle during walking in humans is
approximately 1Hz (i.e. one combined stance and swing phase per second). Hence,
repetitive joint contact forces within the human knee occur at a frequency of 1Hz.
Furthermore, approximately 60% of the gait cycle is accounted for by the stance phase
and the remaining 40% by the swing phase (Ward and Powers, 2004). In a study
examining the gait cycle of three different age categories of sheep, the length of the gait
cycle in the hind limbs was found to be consistently in the region of 0.8 seconds for all
ages (Agostinho et al., 2012). Again, this matches the previously mentioned scaling
factor against humans for joint dimensions and forces. Furthermore, the percentages of

the gait cycle split into stance and swing phase were found to be 60 & 40% respectively.

However, there does appear to be variations in the flexion and extension patterns of the
knees between sheep and humans. Typically, the knee flexion angle varies between 0
and 20 degrees in sinusoidal manner throughout the stance phase in humans. This then
continues in one smooth peak from 20 to 60 and back to O degrees in the swing phase
(Ward and Powers, 2004). In sheep this flexion/extension profile of the knee is notably
different for two main reasons. The first of these is that there is an initial offset of 30-40
degrees in the flexion angle of sheep (Cottrell et al., 2008, Darcy et al., 2008, Tapper et
al., 2006). That is to say sheep knees are already flexed by an initial extra 30-40 degrees
compared to human knees. Secondly, the shape of the flexion/extension profile during
the stance phase is different (Cottrell et al., 2008, Darcy et al., 2008, Tapper et al.,
2006). The flexion angle rises from approximately 40 to 60 and back to 40 degrees in
one smooth peak rather than a two peaked sinusoidal pattern. However, the change of
the flexion angle during the swing phase is very similar to humans, albeit at a 40 degree

offset.
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It has already been mentioned that the length of the stance and swing phases are in sheep
and humans are comparable. However, due to the differences in the flexion/extension
pattern in the stance phase, it is likely that the joint rotation speeds are different.
Conversely, as the flexion/extension pattern is very similar in the swing phase and
operating over the same flexion angle range (even if at an offset), it may be deduced the

joint rotations speed during this phase are comparable to humans.

No animal model is capable of completely representing the human condition, whether it
is the knee joint or any other facet. However, there appears to be enough evidence
detailing the porcine knee as being representative enough of its human equal to justify
its use. There will be differences, as mentioned above, and these will be highlighted in
due respect to any study performed. One important difference not discussed in this
section is the maturity of the porcine model. However, this will be discussed in detail in

the chapters of the main body of the thesis.
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APPENDIX B - Derivation of Expression for Radial Strain
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APPENDIX C - Elastohydrodynamic Calculations

The following is based on theoretical predictions made by Forster and Fisher (Forster
and Fisher, 1999).

(@) Squeeze film (for stationary loading periods)

The squeeze film thickness (h) is given by the following;

h=a° |— Equation C-1

where;

n = viscosity of the lubricant (Pa.s)
W = normal load (N)

t = squeeze film time (s)

a = contact radius (m)

Parameters chosen were based on constructing a best possible scenario. (i.e. lowest
load & lowest loading time) For this study n of PBS was taken as 0.001Pa.s, W =
0.961, t =300s, a =0.0035m.

= h =0.035um

(b) Minimum film thickness for entraining action

The cartilage disc is approximated to a square pad such that the length of the square,

L, was such that L? = 72,

The minimum film thickness (hyin) is given by;
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hn = /0_071(%) * L Equation C-2

where;
n = viscosity of the lubricant (Pa.s)
W = normal load (N)

u = sliding velocity (m/s)

L= ar? (m)

Again parameters chosen were based on constructing a best possible scenario. (i.e.
lowest load & highest sliding velocity) For this study n of PBS was taken as
0.001Pa.s, W=10.961, u = 0.003m/s, a =0.0035m.

= hmin = 0.23Hm
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APPENDIX D — Hydrodynamic Test Rig: Version 1

Introduction

This section shall detail the design of an earlier version (version 1) of the hydrodynamic
test rig discussed in chapter 8. Furthermore, a feasibility study and the results thereof are
also presented, followed by a discussion highlighting the weaknesses of the sytem and

how these could possibly be overcome in the improved version of the test rig.

Methods

Version 1 of the hydrodynamic test rig is shown in figure D-1a. This device pre-existed
the beginning of this studentship, but was deemed as an appropriate starting point in
order to familiarise oneself to working with such systems. The apparatus consisted of a
solid stainless steel shaft (or journal) located between two semi-cylindrical Perspex
bushings which were machined to mate rigidly at a split-line so as to encompass the
entire solid journal. The annular space created was filled with glycerol to act as a
lubricating agent. The journal was supported at either end by simple rotary bearings
housed in aluminium blocks and linked in series to a servomotor to provide input

rotation speed.

The journal itself was not located concentrically within the bushings, but was in fact
offset vertically so as to almost contact the upper bushing. The intention was to create a
reducing space for the fluid to flow through, with the minimum gap directly on the
journals vertical line of centre (figure D-1b). As a consequence of this, it was proposed
that a fluid film and hydrodynamic pressure would be created to balance any applied

load.
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Figure D-1. (a) Test apparatus used, (b) schematic of section A-A.

A bore was located centrally in the upper bushing to accommodate a PTFE tipped insert,
specially machined to match the inner profile of the bushing. A conduit existed within
this insert linking the fluid interface at the minimum gap to an external 20bar pressure
transducer (Sensortechnics GmbH, Puchheim, Germany). As the journal rotated, load
could be applied to the insert from above and excite pressure within the system which
was measurable via the voltage produced by the transducer. Although this test rig may
have been simple in design and application, it nevertheless should promote an
understanding of the scale of pressures that are achievable using such a set-up.

Load was applied to the insert by the careful placement of calibration weights on its
outer end. Weight was applied in 0.5kg intervals up to 3kg. 2kg was then added, with
2.5kg additions subsequently applied to reach 25kg, approximately a third of body
weight. This was deemed an appropriate watershed for device assessment. This process
was performed for four journal speeds, 1, 1.5, 2 and 2.5Rev/s. Each test cycle was

repeated twice for statistical purposes.
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Elastohydrodynamic lubrication (EHL) of elliptical conjunctions was first applied to low
elastic modulus materials (soft EHL) by Hamrock and Dowson (Hamrock and Dowson,
1978). A least squares fit of experimental data was used to obtain the following formula

for minimum film thickness;

H,., =7.43U°%% % (1-0.85EXP ) Equation D-1

Where;

Hmin = Dimensionless minimum film thickness,
U = Dimensionless speed parameter,

W = Dimensionless load parameter,

k = Ellipticity parameter.

Furthermore,

D
U:ﬂ,W= sz and k= —
E'R, E'R D

X X
Where,
w = Absolute viscosity of lubricant,

_ - L U, +Ug
u = Entraining mean velocity, given by u = —————
Where,

ua and ug are the velocities of the inner and outer conjunctions respectively.

, . . . o A-vio1-vi o
E’ = Effective elastic modulus, given by E'= (E— + E—)
A B

Where,
va and vg are the Poisson ratios of the inner and outer conjunctions respectively,

Ea and Eg are the elastic modulii of the inner and outer conjunctions respectively,

Rx = Effective radius, given by R, = (i + i)‘l
R, Rg
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Where,

Raand Rg are the radii of the inner and outer conjunctions respectively.
w, = Applied load,

Dy = Elliptical contact diameter in transverse direction,

« = Elliptical contact diameter in the direction of entraining motion.

This has been an approach used by many previous authors to determine the film
thicknesses of various hip prostheses (Jalali-Vahid et al., 2003b, Scholes and Unsworth,
2000, Udofia and Jin, 2003, Wang et al., 2004, Yew et al., 2004), in addition to wrist
prostheses (Pylios and Shepherd, 2004) and various other types of bearing (Hamrock et
al., 2004, Hamrock and Dowson, 1978). In all of these cases, the ellipticity factor k was
chosen to be 1, in accordance with prosthesis design. However, based on the design of
the test apparatus discussed in this paper, an ellipticity factor of k = 19/30 was chosen
(diameter of PTFE insert divided by diameter of steel journal). Values for the radii
mentioned were found by measuring apparatus geometry. All other parameters where
found by choosing them as set input conditions such as journal velocity or applied load
(discussed previously), determining the lubricant viscosity (section 7.2.2.1) and by
estimating material properties (Ea = Esteer = 213GPa, Eg = Eprre = 0.73GPa, va = vsTeEL
= 0.3, vg = vprre = 0.47).

The lubrication regime of a system is determined via the dimensionless film parameter,

which is expressed as follows;

hmin
B (Raz +Raj)®°

Equation D-2

Where,
A = Film parameter,
hmin = Minimum film thickness,

Raa & Rag are the surface roughness of the inner and outer conjunctions respectively.
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This formulation again has been used readily in the analysis of implanted prostheses.
The film parameter can define four important lubrication regimes, useful for assessing
how affective a device is in providing lubrication for any particular load scenario
(Hamrock et al., 2004). The regimes and the range of 4 required for each of these

regimes are as follows;

e Boundary lubrication, A<1
e Partial lubrication, 1 <4< 5
e Elastohydrodynamic lubrication, 3 <4< 10

e Hydrodynamic lubrication, 5 <4< 100

The value of hpi, was determined from the previously mentioned calculation of
minimum film thickness (equation D-1), whereas the values of Ras and Rag were

estimated (Raa = Rastee = 0.05 microns, Rag = Rapree=~ 1 micron).

Results

Figure D-2 presents a graph of the fluid film parameter (lambda ratio) against load. As
load increases it is observed that the film parameter decreases steadily in a non-linear
fashion. This is a tread witnessed for all rotation velocities, with higher film parameter
values for greater rotation velocities. In addition, it is also apparent that the rate of film
parameter decrease with load is greater at with larger rotation velocities. The reduction
in film parameter values ranges from 0.37-0.23 for 2.5Rev/s, to 0.20-0.12 for 1Rev/s.

Figure D-3 presents a graph of the fluid film parameter against journal velocity, and
highlights a non-linear increase of the film parameter as the velocity increases. This is
witnessed for all applied load scenarios, but film parameter values are comparatively
higher at lower loads rather than higher. Furthermore, it is witnessed that the rate of
increase of the film parameter with velocity is higher at these lower loads. The increase
in film parameter values ranges from 0.17-0.32 for 50N, to 0.12-0.23 for 250N. The
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fluid film parameter at all times in both figure D-2 and D-3 is less than 1 indicating

boundary lubrication.
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Figure D-2. Calculated film parameter vs. applied load. Film parameter decreases steadily in a non-

linear fashion with increased load.
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Figure D-3. Calculated film parameter vs. journal velocity. Film parameter increases steadily in a

non-linear fashion with increased journal velocity
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Consider the data presented in figure D-4. It is observed that the pressure rises steadily
for a period before decreasing at a lower rate, and that this occurs for all rotation
velocities. This is not an expected event given the low loads applied. Pressure is
expected to rise continuously (i.e. inversely with the film parameter). Increasing the
rotation velocity appears to prolong this event, as the peak pressures drift along the x-
axis, but not only to a minor extent. Peak pressures range from 0.096MPa for 1Rev/s up
to 0.184MPa for 2.5Rev/s. Figure D-5 plots the experimentally recorded pressure against
journal rotation velocity for the various applied loads. Pressure seems to increase
linearly with increasing rotation velocity. However, the pressure differences between
successive load scenarios increases only between 50-100N and then decreases for all
others (100-150N, 150-200N etc.). The unexpected pressure drop first witnessed in

figure D-4 is evident once again.
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Figure D-4. Experimental pressures recorded vs. load using version 1 test rig. Results shown as

mean * SD (n=3).
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Figure D-5. Experimental pressures recorded versus journal rotation velocity using version 1 test

rig. Results shown as mean + SD (n=3).

Discussion

The response of the film parameter to load, as seen in figure D-4, demonstrates a
reduction of the difference in the parameter between various rotation speeds with
increasing load. This would tend to indicate that although the parameter is decreasing,
the importance of rotation speed also decreases with increasing load. Figure D-5
highlights a similar trend where it is observed that the importance of load becomes more
of an issue with increasing revolution speed. However, throughout gait, various
combinations of load and revolution speed occur, and the effect of this is unclear and

demands further assessment.

The lubrication regime analysis for the articulation surfaces also suggests that for the
given conditions, boundary lubrication occurs. This suggests that the surfaces are in
direct contact, which is of course, not a desirable event. The apparent limiting of the

curves in figure D-4 is self-evident of this. One possible method of rectifying the issue is
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to increase load/rotation speed combinations. However, it is not entirely likely that this
will occur at conditions resembling a physiological range of motion. Similar results are
to be found in prosthetic implant systems using metal against UHMWPE surfaces
(Pylios and Shepherd, 2004, Scholes and Unsworth, 2000) but generally not metal on
metal articulations (Jalali-Vahid et al., 2003b, Udofia and Jin, 2003, Yew et al., 2004).
So the problem lies in the uses of a polymer in the system, as these materials cannot
achieve the same level of smoothness as their metal counterparts. Hence, another
solution to this problem is to replace the PTFE component with a stainless steel version.
Entering this parameter into the calculation made for the test apparatus results in
lubrication regimes in the elastohydrodynamic region. Altering the geometry of the
structures also has a positive effect but to a much lesser extent. Hence, it is perhaps best
to adopt both the introduction of new materials and geometry alteration for further

development of the device.
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