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Summary

Osteoarthritis (OA) is a chronic degenerative joint disease, which typically affects
articular cartilage and the underlying subchondral bone. Total joint replacement using a
synthetic prosthesis is the only surgical treatment option for end-stage OA. While this
procedure is well established, complications and failures are not uncommon, which
typically results in a more complex revision surgery. This has led to increased interest in
tissue engineering strategies that combine biomaterials, cells and/or signalling molecules
to regenerate damaged tissues. The overall goal of this thesis is to combine 3D bioprinting
with computational modelling and tissue engineering strategies to fabricate regenerative
implants for biological joint resurfacing. To realize such an ambitious goal, the implant
must be mechanically functional to support the load immediately upon implantation, and
to provide cells with appropriate biochemical and biophysical cues to stimulate functional
tissue formation. In particular, strategies capable of engineering different tissue
phenotypes in a spatially defined manner within the implant are required. The engineered
cartilage layer should stimulate the production of phenotypically stable articular cartilage,
with depth-dependent anisotropic properties similar to those of the native tissue. The
osseous layer should facilitate osseointegration with the host bone and vascularization to

ensure stability of the implant.

This thesis began by developing a finite element modelling (FEM) strategy to design
3D printed polymeric networks with defined mechanical properties prior to their
fabrication (Chapter 3). Considering geometric discrepancies between scaffold designs

pre- and post-fabrication was found to be critical to developing predictive finite element



(FE) models. These FE models were then used to tune structural and mechanical
properties of 3D printed polycaprolactone (PCL) scaffolds, obtaining constructs covering

a large range of compressive properties.

In Chapter 4, PCL networks (designed in Chapter 3) were combined with an alginate-
gelatin methacryloyl (GeIMA) interpenetrating network (IPN) hydrogel to develop 3D
bioprinted constructs that are both mechanically functional and supportive of
mesenchymal stromal cells (MSCs) chondrogenesis for cartilage tissue engineering.
When the IPN hydrogels were reinforced with a PCL network characterized by relatively
high tension-compression nonlinearity, the resulting composites possessed equilibrium
and dynamic properties matching or approaching those of native cartilage. FE models of
these composites revealed that such PCL networks reduced the radial expansion and
increased the hydrostatic pressure generated within the IPN under compression. /n vitro,
such biomimetic composites were able to support robust chondrogenesis when a co-
culture of bone marrow-derived stromal cells (BMSCs) and chondrocytes (CCs) was

encapsulated within the IPN.

The next stage of this thesis (Chapter 5) explored the use of 3D bioprinting to fabricate
mechanically reinforced bi-layered constructs, consisting of spatially defined hyaline and
hypertrophic cartilage-like layers for osteochondral tissue engineering. To generate
hypertrophic cartilage in the osseous (or endochondral) region of the constructs, BMSCs
were encapsulated in an RGD-y irradiated alginate hydrogel bioink. To engineer
phenotypically stable articular cartilage in the chondral region two different approaches
were explored: 1) a co-culture of BMSCs and CCs was loaded in an alginate-GelMA IPN
bioink or 2) dynamic compression was applied to constructs containing only BMSCs.

Both approaches showed promise, although further work is needed to identify the
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appropriate loading regime to produce spatially distinct tissue phenotypes. Conversely,
printing a co-culture of BMSCs and CCs was found to be an effective approach to
engineer phenotypically stable cartilage in the chondral layer of osteochondral constructs

in vitro.

Finally, a novel multiple-tool biofabrication strategy was established to produce ‘off-
the-shelf” implants through the accurate deposition of growth factors-containing bioinks
within specific areas of a bi-layered PCL network (Chapter 6). The performance of such
implants was evaluated in vivo either for the treatment of large osteochondral defects in
the knee condyle of goats or for resurfacing the whole shoulder joint of rabbits. Although
animal-to-animal variability was observed, the quality of repair in the osteochondral
defects created in goats was comparable between defects treated with the 3D printed bi-
layered constructs and empty controls, pointing to areas for improvement especially in
terms of osseointegration of the implant. In rabbits, the implant was scaled-up and the
design was refined to ensure anatomical accuracy and stability. However, the prosthesis

failed mechanically, affecting the healing process.

To conclude, this thesis describes a novel multiple-tool biofabrication framework for
engineering biological joint resurfacing implants. By integrating FEM and bioprinting
technology it was possible to design cell-laden constructs with cartilage-mimetic
biomechanical properties and to spatially direct the formation of phenotypically stable
articular cartilage and hypertrophic cartilage within bi-layered osteochondral constructs.
This work lays the foundation for new tissue engineering strategies that could ultimately

be used to provide new regenerative treatments for joint diseases such as OA.
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Chapter 1

Introduction

1.1 Osteoarthritis

Osteoarthritis (OA) is a disease of the whole joint that causes structural alterations to
the articular cartilage, subchondral bone, ligaments, capsule, synovium and periarticular
muscles (Hunter et al., 2019). The symptoms include inflammation, stiffness and loss of
mobility which are often associated with significant functional impairment. The number
of individuals affected by OA is expected to double by 2030 mainly due to aging of the
worldwide population, along with the increase in obesity (Loeser et al., 2017). When a
joint is severely compromised, the current gold standard treatment is total joint
arthroplasty, where the entire joint is replaced with a polymer or metal prosthesis.
Although the procedure is well established, there are several limitations such as loosening
of the implant and a lifespan of about 15 years, which necessitates a more complicated
revision surgery if and when the original implant fails (Schiavone Panni et al., 2009; Seil

etal., 2011).

The anatomical progression of OA begins with thinning of the articular cartilage
leading to narrowing of the joint space. The articular surface plays a key role in
withstanding high loads while maintaining a frictionless articulating interface between
the bones (Lepage et al., 2019). Understanding the dynamic relationship between
cartilage and the underlying subchondral bone, which together form the osteochondral
unit, is fundamental when determining new treatment strategies. This has led to increased

interest in tissue engineering to develop functional cartilage and bone tissue



replacements, often combined to create regenerative osteochondral implants to treat joint

defects and prevent the progression of OA.

1.2 3D bioprinting for joint tissue engineering

Tissue engineering therapies are promising treatments as they offer the potential to
repair damaged cartilage and bone in a joint by using a combination of biomaterials, cells
and bioactive factors. This concept has already been applied mainly to treat focal
chondral lesions. For example, autologous chondrocyte implantation (ACI) is a two-stage
procedure currently used in the clinic where cells are first isolated from a non-load
bearing location of the joint, expanded in vitro and then implanted in the defect beneath
a collagen membrane or a periosteal flap (Brittberg et al., 1994). Although patients
experience improvements in mobility and pain, a more fibrocartilaginous tissue is
generally formed (Nehrer et al., 1999). Additionally, although ACI does not involve
direct intervention into the bone, it has been deemed responsible for complications in the
subchondral bone such as intralesional osteophytes, subchondral bone plate advancement
and cysts formation (Henderson et al., 2005; Lepage et al., 2019; Minas et al., 2009).
Most of the existing tissue engineering products are not designed to treat both the injured
articular cartilage and subchondral bone, and more importantly are not suitable for
treating osteoarthritic joints. Realising tissue engineering strategies capable of
biologically resurfacing diseased joint surfaces will require addressing multiple
challenges, including the development of mechanical functional materials that are
capable of supporting spatially defined and tissue-specific differentiation of

stem/progenitor cells.



A central challenge when engineering functional osteochondral tissue is
recapitulating the complex environment of the cartilage to bone interface. Both cartilage
and bone layers must be mechanically competent to provide immediate support upon
implantation and stimulate native-like tissue formation. To this end, the engineered
cartilage should mimic the anisotropy of the native tissue which is believed to be
fundamental to its mechanical functionality. On the other side, the bone layer should
promote vascularization and osseointegration with the host tissue. 3D bioprinting is an
emerging technology with the potential to enable the engineering of such complex tissues
as it enables the spatial patterning of biomaterials, cells and biological factors (Daly et
al., 2017a; Kang et al., 2016; Mouser et al., 2016; Murphy et al., 2014a). Thermoplastic
polymers can be printed alongside cell-laden hydrogels (bioinks), resulting in composite
constructs with controlled internal and external architectures and mechanical properties
tuned to specific applications (Castilho et al., 2019; Kang et al., 2016; Kundu et al., 2015;
Visser et al., 2015). Moreover, 3D bioprinting can be integrated with patient-specific
computed tomography (CT) data to develop scaled-up, anatomically accurate implants

for joint regeneration.

Key to engineering functional bioprinted constructs for osteochondral tissue
regeneration is the choice of suitable hydrogel bioinks, cell types and reinforcing
materials which, when combined together, provide a biomimetic environment able to
stimulate tissue specific extracellular matrix (ECM) deposition. Hydrogels are water
swollen materials that have been extensively investigated in cartilage tissue engineering.
A number of hydrogel parameters such as polymer chemistry, crosslinking density,
mechanical properties, degradation and release rate of biochemical factors, can be tuned

to improve their performance in tissue repair (Ahadian et al., 2018; Drury et al., 2003;



Spiller et al.,, 2011). Traditional hydrogels used for cartilage tissue engineering
applications are characterized by single polymer networks which are mechanically
inferior compared to native cartilage. Recently, more complex hydrogel systems, often
characterized by the combination of two or more independent polymer networks, have
been explored. These systems can offer superior mechanical and biological properties
better mimicking the properties of native tissues (Ahadian et al., 2018; Cooper et al.,
2016; Jeon et al.,, 2017b; Moffat et al., 2018). Using bioprinting, such hydrogels
combined with cells and specific biological factors can be precisely deposited to form
heterogeneous constructs to mimic the composition and/or structural organization of the

native tissue.

To further improve the mechanical properties of cell-laden bioinks for load-bearing
applications (e.g. osteochondral defect repair), they can be reinforced with 3D printed
porous polymer networks (Bas et al., 2017c; Castilho et al., 2018; Visser et al., 2015).
The geometry features of such polymer networks can be tailored to obtain functional
constructs that are both conducive to tissue formation and mimetic of the mechanical
properties of a specific tissue. Recently, finite element modelling (FEM) has been
increasingly used to aid on the optimization of such tissue engineered constructs
(Boccaccio et al., 2016; Hendrikson et al., 2017; Lacroix et al., 2009). FEM could be used
for the design of scaffolds a priori with optimized mechanical and structural properties
that could promote a specific cell function or phenotype. Such approaches have yet to be
used to design and produce composite constructs that mimic the complex mechanical

properties of articular cartilage.

Mesenchymal stromal cells (MSCs) are commonly used for cartilage and bone tissue

engineering as they can differentiate along multiple pathways. Numerous studies have



demonstrated that bone marrow-derived stromal cells (BMSCs) can produce cartilage-
like tissue if supplemented with growth factors such as transforming growth factor — beta
3 (TGF-B3) (Johnstone et al., 1998; Vinardell et al., 2012). A limitation with this
approach is that the resulting cartilaginous tissue is phenotypically unstable and tends to
undergo endochondral ossification, expressing hypertrophic markers such as collagen
type X and generating a calcified tissue in vivo (Vinardell et al., 2012). This endochondral
ossification process can be used as a strategy for bone tissue engineering, as it replicates
the developmental process by which long bones are formed (Scotti et al., 2010). To
engineer stable articular cartilage, alternative strategies and/or additional cues will likely
be required. For example, co-cultures of MSCs and chondrocytes (CCs) have been
explored with the aim of suppressing hypertrophy and generating stable articular cartilage
using a relatively small number of CCs (Acharya et al., 2012; Bian et al., 2011; Fischer
et al.,, 2010). Altering the biochemical and/or physical environment of MSC-laden
constructs may be another route that can be employed to generate phenotypically stable
articular cartilage (Buckley et al., 2010; Burke et al., 2013; Critchley et al., 2018b; Daly

et al., 2018; Hung et al., 2004; Mauck et al., 2007; O'Conor et al., 2013).

1.3 Thesis objectives

The overall goal of this thesis was to use FEM-aided 3D bioprinting to develop
biomimetic, osteochondral implants to repair large load bearing defects. Therefore, the

specific objectives of the thesis are:

Objective 1: To develop a computationally efficient FEM approach to design 3D

printed polymeric networks with user-defined mechanical properties. This thesis will



first investigate discrepancies between the designed and final geometry of 3D printed
polycaprolactone (PCL) scaffolds due to the fabrication process. Novel CAD-based finite
element (FE) models, that account for such discrepancies, will then be used in
combination with fused deposition modelling (FDM) to accurately design 3D printed
porous PCL constructs with user-defined mechanical properties for cartilage tissue

engineering.

Objective 2: To 3D bioprint cell-laden composites with articular cartilage-like
mechanical properties and assess their ability to provide an environment conducive to
MSC chondrogenesis. Motivated by the need to develop engineered tissues that are both
biomechanically functional and supportive of MSC chondrogenesis, PCL networks
(designed in Objective 1) will be combined with interpenetrating network (IPN)
hydrogels consisting of alginate and gelatin methacryloyl (GeIMA). FE models and
experimental mechanical tests are used to characterize the mechanical behaviour of the
resulting composites. Finally, 3D bioprinting is used to encapsulate a co-culture of
BMSCs and CCs within the fibre-reinforced IPN bioink to assess the constructs capacity

to support the development of stable cartilage-like tissue in vitro.

Objective 3: To investigate the influence of specific cell types and mechanical
stimulation on ECM deposition within 3D bioprinted bi-layered composites with depth-
dependent mechanical properties. Co-cultures and the application of appropriate
biophysical cues are two strategies that can be utilized to engineer phenotypically stable
articular cartilage. Building on the outputs from Objective 1 and 2, the 3™ objective of
this thesis is to 3D print bi-layered networks with hyaline and hypertrophic cartilage-like
mechanical properties in each layer. Next, cell-laden and layer-specific bioinks will be

bioprinted within each region of the construct. The ability to engineer both phenotypically



stable articular cartilage (top layer) and hypertrophic cartilage (bottom layer) within such
bi-layered constructs in vitro is explored using two different strategies: 1) using a co-
culture of BMSCs and CCs in the chondral layer and BMSCs only in the osseous layer,
or 2) applying dynamic compression stimulation when only BMSCs are encapsulated

throughout the construct.

Objective 4: To explore the capacity of 3D bioprinted biphasic constructs
containing bioinks functionalized with specific growth factors to regenerate 1)
critically sized osteochondral defects in the knee condyle of goats and 2) the entire
glenohumeral joint of rabbits. The final objective of this thesis is to evaluate in vivo the
performance of the engineered bi-layered PCL-reinforced bioinks for osteochondral
tissue regeneration. To develop ‘off-the-shelf” products that do not require in vitro
maturation prior to in vivo implantation, BMSCs and/or specific growth factors will be
incorporated into each layer of the construct to promote chondrogenesis in the chondral
layer and osteogenesis and vascularization in the osseous layer. Finally, the bi-layered
constructs will be 1) evaluated in a caprine model to treat large osteochondral defects in

the knee condyle or 2) scaled-up to resurface the whole shoulder joint in a lapine model.



Chapter 2

Literature review

2.1 Introduction

Regenerating the osteochondral unit within a synovial joint requires the engineering
of functional cartilage and bone and the complex interface that integrates these unique
tissues. Therefore, this literature review will discuss about the developmental processes
that determine the formation of the osteochondral unit, with special attention to the
composition and structural organization of each tissue. This will provide insights into the
key aspects that should be taken into account when engineering cartilage and bone
replacements. Next, the review will focus on advances in osteochondral tissue
engineering, highlighting how several fabrication methods, cell sources, biomaterials and
biological signals have been explored to identify potential approaches for treating
cartilage and/or osteochondral defects. In particular, this review will describe how 3D
bioprinting technology enables the spatial positioning of materials, cells and bioactive
cues in 3D. The use of multi-material bioprinting will be summarized, which could
potentially be used to engineer functional osteochondral tissue replacements with
mechanical properties compatible with high load bearing applications. Furthermore,
advances in computational modelling and bioreactor systems will be reviewed; this will
demonstrate the advantage of using computational approaches for the optimal design of
tissue engineering constructs, while bioreactor systems are necessary for providing

physiological mechanical stimuli to enhance new tissue formation.



2.2 The osteochondral complex

In articulating joints, articular cartilage and subchondral bone form a highly organized
composite system referred to as the osteochondral unit, which is responsible for the
transmission of load during joint motion (Goldring et al., 2016; Hoemann et al., 2012a;
Lepage et al., 2019; Tamaddon et al., 2018). Articular cartilage lines the ends of the long
bones and is capable of withstanding high loads by maintaining a compliant articulating
surface with negligible friction. The transferred load is shared with the subchondral bone
plate. The bone-cartilage relationship is crucial to maintaining joint health and
functionality. The hyaline cartilage present in the osteochondral unit is connected to the
subchondral bone through a zone of calcified cartilage. Hyaline and calcified cartilage
are separated by a distinct histological boundary known as the tidemark (Lepage et al.,
2019). The mature osteochondral complex is the result of the endochondral ossification
process that turns the foetal cartilage “anlagen” into stable articular cartilage at the ends
of fully developed long bones (Hoemann et al., 2012a; Lepage et al., 2019). Bone tissue
develops first in the primary ossification centre (diaphysis) and then in the secondary
ossification centres (epiphysis). Following proliferation, mesenchymal cells condensate
before differentiating into cartilage cells, named chondrocytes and secrete collagenous
matrix, giving rise to cartilage templates. Next, chondrocytes stop proliferating and
undergo hypertrophy, expressing collagen type X, angiogenic factors and alkaline
phosphatase that determine calcification of the surrounding matrix (Kronenberg et al.,
2003; Long et al., 1995; Mackie et al., 2008; Shen et al., 2005). The developing tissue is
invaded by blood vessels that deliver osteoblasts and osteoprogenitor cells that promote
the expression of osteogenic factors, turning the transient cartilage into bone (Chen et al.,

2014a; Clarkin et al., 2010; Provot et al., 2005). The newly formed bone is anchored to



the stable articular cartilage thanks to a thin layer of calcified cartilage present at the distal
ends of the long bones after ossification has occurred (Figure 2.1). During joint
development, differentiated chondrocytes convert into non-chondrogenic cells in
between the continuously forming cartilage templates leading to the formation of a three-
layered interzone (Archer et al., 1995). Two outer interzone layers participate in the initial
lengthening of long bones, whereas cells in the intermediate layer of the interzone
develop into the layers of articular cartilage found in mature joints (Ito et al., 2000;

Koyama et al., 2008; Lamb et al., 2003; Pacifici et al., 2006).

Lesions or repetitive overloading to the joint could result in cartilage deterioration
that could affect adjacent structures such as subchondral bone, causing mechanical
instability of the joints as well as loss of joint function (Goldring et al., 2016; Lepage et
al., 2019; Temenoff et al., 2000; Yousefi et al., 2015). Therefore, it is essential to
understand the composition, structure and function of the entire osteochondral unit, in

order to develop efficient treatment strategies.
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Figure 2-1 Schematic representation of the endochondral ossification process leading to the formation of
the osteochondral unit. Histological section of the osteochondral tissue obtained by staining with Toluidine

Blue and von Kossa is shown on the right-hand side. (Lepage et al., 2019).
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2.2.1 Articular cartilage composition and structure

Articular cartilage is a multiphasic tissue composed of an organic solid matrix that is
saturated with water and mobile ions (Mow et al., 2002). It is a thin layer of connective
tissue that covers the ends of articulating bones providing a low-friction load bearing
surface that is key to the overall function of the osteochondral unit. Articular cartilage
has limited regenerative capacities. This is due, at least in part, to the fact that it is an
avascular tissue with no connection to the nervous system, meaning that regenerative
cells cannot enter into a damaged part of the tissue from the vascular network and that
nutrients transfer occurs by diffusion through the surrounding synovial fluid or the
underlying bone (Hoemann et al., 2012b; Magill et al., 2011). Chondrocytes are the main
cell type of articular cartilage, responsible for secreting and maintaining the cartilage
extracellular matrix (ECM). Chondrocytes are surrounded by their own ECM, therefore

they do not experience direct cell-to-cell contact.
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Figure 2-2 Schematic of proteoglycan structures aggregated to a backbone of hyaluronic acid. Adapted
from (Izadifar et al., 2012).
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The cartilage ECM consists primarily of fluid (70%) and an organic component
(30%), whilst no mineral constituents are present in the healthy tissue (Darling et al.,
2003; Schlichting et al., 2008). The interstitial water is distributed non-uniformly within
the tissue and represents an important constituent in regulating many physical properties
(Mow et al., 1993; Mow et al., 2002). The organic component of the ECM comprises of
collagens (60%), proteoglycans (25%) and other matrix proteins (15%) (Buckwalter et
al., 1998; Cohen et al., 1998; Eyre et al., 2002). Collagen type II is the most abundant
type of collagen present in cartilage (95%) whereas collagen types I, IV, V, VI and IX
are found in smaller amounts (Mow et al., 1992). Overall, collagen fibres are responsible
for the tensile stiffness and strength of the tissue. This is due to the triple helix
arrangement of polypeptides of the amino acid alpha chains, which are characterized by
a high length to thickness ratio resulting into weak compressive properties (Mow et al.,
1992). The most abundant proteoglycan is aggrecan, characterized by its ability to
interact with hyaluronan to form large proteoglycan aggregates through a link protein
(Figure 2.2) (Izadifar et al., 2012; Mow et al., 2002). Aggrecan occupies the interfibrillar
space of the cartilage ECM, where the link protein prevents their escape from the tissue.
A single aggrecan is composed of a protein core to which several glycosaminoglycan
(GAG) side chains are covalently attached (Figure 2.2). Such GAG chains (i.e. keratan
sulphate and chondroitin sulphate) consists of at least one negatively charged group such
as carboxyl and/or sulphate (Hardingham et al., 1992; Schaefer et al., 2010). The
negatively charged groups give rise to a fixed charged density (FCD), which exerts an
internal swelling pressure known as the Donnan osmotic fluid pressure (Gannon et al.,
2015a; Mow et al., 2002; Mow et al., 1980). This is responsible for governing the tissue

hydration, the rate of fluid transport and various electromechanical effects (Mow et al.,
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2002). When an external compressive load is applied to a joint, the intrinsic swelling

pressure is increased causing the fluid to move through the cartilage matrix. Because
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Figure 2-3 Graphs showing how the articular cartilage ECM components content varies in each region

determining the depth-dependent properties of the tissue. (Mow et al., 2002).

cartilage ECM components are densely packed, the GAG negative charge generates
repulsion forces, but they are restrained by the collagen network, providing the tissue

with resistance to compressive forces (Mow et al., 2002).
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Figure 2-4 Schematic diagram of the structural organization of chondrocytes and collagen fibres within the

three zones of articular cartilage. Adapted from (Buckwalter et al., 1994).
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The unique zonal structure and composition of articular cartilage plays a key role in
determining its mechanical functionality (Gannon et al., 2015a; Musumeci et al., 2016).
Spatial changes in the amount and organization of the two dominant ECM components,
proteoglycan and collagen, give rise to inhomogeneous (depth-dependent) mechanical
properties (Figure 2.3) (Mow et al., 2002). Cartilage can be divided into four zones:
superficial (or tangential), middle (or intermediate), deep (or radial) and calcified zones
(Figure 2.4). The uppermost superficial zone has high collagen and water content which
decreases progressively with depth, while the aggrecan content increases showing a
maximum peak in the deep zone (Figure 2.3). The superficial region makes up 10-20%
of the overall tissue thickness and contains a high number of chondrocytes that show a
flattened morphology and follow the collagen fibres orientation. Chondrocytes in the
superficial zone produce a boundary lubricant called lubricin or PRG-4 which reduces
friction within the joint during articulation (Jay et al., 2014; Schumacher et al., 1994).
While the proteoglycan concentration is low, there is a high content of collagen fibres
that are densely packed and arranged parallel to the articular surface, providing high
resistance to shear and transverse expansion (Buckwalter et al., 1994a). The middle zone
is a transitional region between superficial and deep zones, where chondrocytes appear
more rounded in shape and randomly distributed. The middle region is characterized by
the highest proteoglycan content that provides the tissue with compressive resistance,
while collagen fibres are larger and less dense in order to entrap the proteoglycan
molecules (Buckwalter et al., 1994a). Moreover, collagen fibres are randomly oriented
as they transition from the parallel form in the superficial zone to perpendicular. In the
deep zone, chondrocytes are distributed in a columnar fashion as thick collagen fibres

and are arranged perpendicular to the surface, anchoring the cartilage to the underlying
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subchondral bone (Buckwalter et al., 1994a). The matrix anisotropy through the thickness
of the tissue results in depth-dependent mechanical properties that are essential to

cartilage functionality.

2.2.2 Articular cartilage mechanical properties

Diarthrodial joints are subjected to physiological loading daily, causing the deforming
cartilage to increase contact areas and local joint congruence (Mow et al., 2002). As a
result, articular cartilage experiences a combination of compressive, tensile and shear
stresses. The tissue is viscoelastic, as can be observed during creep and stress-relaxation
experiments (Figure 2.5). The viscoelastic behaviours are determined by flow-dependent
and flow-independent dissipative mechanisms in response to loading. The former derives
from the frictional drag force generated by the interstitial fluid flowing through the
porous-permeable solid matrix, the latter is due to the time-dependent deformations of
the solid macromolecules (Mow et al., 2002). Understanding how fluid can flow through
the cartilage solid matrix helps understanding the cartilage deformational behaviour.
When cartilage undergoes compressive loading, the interstitial fluid will flow within the
tissue or will be exuded from the tissue as a result of the formation of a pressure gradient.
As the fluid passes through the matrix, high drag forces are generated giving rise to the
frictional dissipation mechanisms that contribute to the viscoelastic properties of the
tissue in compression (Lu et al., 2008) (Soltz et al., 2000). Because articular cartilage is
composed by a solid collagen and proteoglycan phase and an interstitial fluid phase, the
cartilage viscoelastic behaviour is best described by the biphasic theory developed by
Mow and colleagues (Mow et al., 1980). According to this theory, three main internal
forces are developed within the tissue in the presence of an external load: 1) the pressure

generated within the fluid phase, 2) the stress created within the deformed solid matrix
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and 3) the frictional resistance determined by the solid and fluid phases when they flow
past each other (Lu et al., 2008). The viscoelastic effect is a result of the three
aforementioned forces acting in synergy to balance out the externally applied load.
Furthermore, as the permeability of cartilage is very small, the interstitial fluid pressure
and dissipation mechanisms occurring within the tissue provide an efficient method to
protect the solid matrix components as well as the embedded chondrocytes from the high

stresses and strains associated with the complex loading experienced by the joint daily

(Soltz et al., 1998) (Soltz et al., 2000).
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Figure 2-5 Schematics representing the (a) creep and (b) stress-relaxation test curves that describe the load-

deformation viscoelastic behaviours of articular cartilage. (Mow et al., 2002).

2.2.2.1 Compressive properties

As the dominant force experienced by articular cartilage is compression, the most
used testing protocols to evaluate the tissue compressive properties are confined
compression, unconfined compression and indentation tests (Figure 2.6a). When

subjected to compressive loading, the interstitial fluid moves through the tissue
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generating frictional drag forces and high pressures within the matrix. Therefore, articular
cartilage will undergo stress-relaxation if a constant displacement (or strain) is applied
and will creep in response to an applied constant force (or stress) (Figure 2.5a, b) (Mow
etal., 2002). Fluid nearest the surface is exuded first, followed by movement of the deeper
sections. Upon removal of the load or displacement, the solid matrix begins to redistribute
the fluid back into the depths of the tissue recovering its initial dimensions. At the end of
the ramp phase of a stress-relaxation test (Figure 2.5b), the stress in the cartilage
decreases exponentially until an equilibrium phase is reached, in which the applied stress
is balanced by the stress in the matrix, there is no pressure gradients nor fluid flow,

therefore the intrinsic compressive modulus can be quantified (Soltz et al., 1998).

In a creep or stress-relaxation test under uniaxial confined compression (Figure 2.6 a
— top), a cartilage plug is placed in an impermeable chamber with matching diameter in
order to prevent the bulging of the specimen in the radial direction. The fluid is forced to
escape the tissue only in the vertical direction as the sample is compressed using a porous
platen. Two intrinsic material properties can be determined: 1) equilibrium confined
compressive aggregate modulus (Ha) and 2) hydraulic permeability (k). The aggregate
modulus of articular cartilage has been shown to range from 0.1 - 2.0 MPa, whereas the
permeability was reported to be (1.2 - 6.2) x 10°'® m*/N's (Armstrong et al., 1984; Mow
et al., 2002; Mow et al., 1980). In unconfined compression configuration (Figure 2.6 a —
middle), the cartilage sample is placed between two non-porous platens. The tissue is
compressed with one of the platens and is allowed to bulge, as it is not constrained on the
sides. The properties that can be determined from unconfined compression tests are: 1)
equilibrium Young’s modulus (E), 2) Poisson’s ratio (v) and 3) hydraulic permeability

(k). The intrinsic Young’s modulus was quantified to be approximately 0.41 - 0.85 MPa,
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whereas the Poisson’s ratio ranged from 0.06 - 0.18 (Athanasiou et al., 1991; Jurvelin et

al., 1997; Kempson et al., 1970).

Indentation test (Figure 2.6a — bottom) is another relevant testing technique used to
measure articular cartilage compressive properties. Advantages include minimal
disruption of the tissue sample as well as higher accuracy when assessing the mechanical
properties in situ or of specimen with curved surfaces (Athanasiou et al., 1994; Lyyra-
Laitinen et al., 1999; Lyyra et al., 1999). The set-up involves the use of an appropriate
stage to keep the sample in place, while a constant load is applied via a porous/non-porous
platen of variable diameter. Using the biphasic theory for articular cartilage, the
equilibrium aggregate modulus (Ha), Poisson’s ration (v) and hydraulic permeability (k)
have been quantified as follows: Ha = 0.4 — 0.9 MPa; v=0.13 - 0.45; k= (4 - 10) x 10
16 m*/N-s, falling in the range measured by the techniques mentioned above (Kempson et

al., 1970; Mow et al., 2002).
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Figure 2-6 (a) Diagrams of the most used testing configurations to evaluate the compressive properties of
articular cartilage: (top) confined compression, (middle) unconfined compression and (bottom) indentation.
(b) Diagram of the tensile testing set-up (top) and typical tensile stress-strain graph (bottom) where each
phase of the curved is associated to a schematic showing how collagen fibres re-arrange under tensile

loading. (Mow et al., 2002).

2.2.2.2 Tensile properties

The tensile properties of articular cartilage are mainly attributed to the organization
and structural properties of the collagen network present in the solid matrix of the tissue.
When cartilage is subjected to tensile loading, the collagen fibres and the entrapped

proteoglycans align and stretch in the loading direction. A non-linear toe region is
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observed when the specimen is subjected to small deformations, due to re-alignment of
the collagen fibrils as they pull through the proteoglycans (Figure 2.6 b). Following re-
alignment, the tensile stress in the sample is high due to the intrinsic stiffness of the
collagen network and the collagen fibres are stretched (Figure 2.6 b) (Akizuki et al., 1986;
Kempson et al., 1973; Woo et al., 1976). The equilibrium tensile Young’s modulus can
be measured as the proportionality constant of the linear region of the tensile stress-strain
curve and gives information about flow-independent stiffness of the collagen and
proteoglycan solid matrix. The tensile modulus of articular cartilage ranges from 5 — 40
MPa, varying throughout the depth of the tissue as well as with the location of the joint
surface (Mow et al., 2002). Generally, superficial zone cartilage samples are stiffer than
specimens isolated from the middle and deep zones, as a result of the zonal collagen
distribution. Moreover, samples oriented parallel to the split-line direction (indicating the
collagen fibre direction) at the articular surface are stiffer in tension (Akizuki et al., 1986;
Kempson et al., 1973; Mow et al., 2002). Overall, this demonstrates that articular

cartilage possesses inhomogeneous and anisotropic tensile properties.

2.2.2.3 Tension-compression non-linearity

Comparison of articular cartilage compressive and tensile properties demonstrate that
the equilibrium stiffness is typically 5 — 20 times higher in tension than in compression
(Akizuki et al., 1986). This dramatic difference in cartilage tensile and compressive
mechanical properties has an impact on the deformation mechanisms of the tissue in the
presence of an external load (Mow et al., 1992). Under unconfined compression, cartilage
specimens experience tension in the radial and transverse directions, and compression in
the axial direction. In this case, the tension-compression non-linearity of articular

cartilage lead to enhanced interstitial fluid load support (Jurvelin et al., 1997). Differences
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between tensile and compressive properties were observed by Huang and co-workers
(Huang et al., 2001; Huang et al., 2003) when performing confined compression tests on
superficial zone cartilage samples as well as uniaxial tensile tests on cartilage specimens
placed perpendicular and parallel to the local collagen fibres directions. The equilibrium
compressive modulus was measured to be approximately 0.5 MPa. At small strains, the
equilibrium tensile modulus reached 6.5 and 4.5 MPa parallel or perpendicular to the
collagen fibres direction, respectively. At high strains, the tensile modulus was found to

be 45 MPa along the split-line direction and 25 MPa perpendicular to this direction.

2.2.2.4 Fracture toughness

The fracture behaviour of articular cartilage is dependent on its unique structure.
Crack formation and propagation is a key factor in the degeneration process of articular
cartilage (Stok et al., 2007; Xiao et al., 2013). It has been reported that the osteoarthritic
process in articular cartilage could be initiated by micro-mechanical damage to the
cartilage surface due to overloading and damage, resulting in impaired joint function
(Frost et al., 1999; McCormack et al., 1997). Fracture toughness is the parameter used to
quantify the resistance of a loaded tissue matrix to the growth. A typical test for
measuring apparent fracture toughness is characterized by the propagation of a crack
through the specimen in order to measure the energy required to create a certain amount
of new crack area (Taylor et al., 2012; Xiao et al., 2013). Traditional fracture mechanics
uses three primary fracture loading modes to measure the apparent fracture toughness of
materials, which is defined as the ability of a material to resist the propagation of cracks
(Ahsan et al., 1999). Mode I loading opens a crack upon the application of tensile stresses
normal to the crack plane. Mode II loading propagates a crack between two surfaces upon

the application of in-plane shear forces. Mode III loading generates a crack by transverse
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shearing. Mode I is the most used for cartilage, as tensile stresses are the primary forces
responsible for crack opening (Ahsan et al., 1999), although fracture mechanics methods
were originally developed to evaluate linear elastic materials. As articular cartilage is
viscoelastic and anisotropic, crack propagation can vary in magnitude and mode, making
it tricky to quantify the apparent fracture toughness of the tissue. Using Mode I loading
such as single edge notch (SEN) tests, cartilage values of fracture toughness (J) have been
reported to range from 0.14-1.2 kJ/m? (Adams et al., 2003; Chin-Purcell et al., 1996; Xiao
et al., 2013). Because of the collagen fibres being arranged parallel to the articular
surface, the superficial layer of articular cartilage is generally known to be more resistant

to wear and shear forces compared to the middle and deep layers (Clarke et al., 1971).

2.2.2.5 Coefficient of friction

During joint articulation, articular cartilage must be able to provide a frictionless
surface in order to prevent tissue degeneration and wear. The coefficient of friction ()
of cartilage gliding on cartilage is used as a measure of cartilage lubricity, which is
considered an indicator of tissue function. p can be quantified by compressing the two
opposing surfaces against each other, and then sliding (Gleghorn et al., 2008; Katta et al.,
2008; Krishnan et al., 2010; Mow et al., 1984) or rotating (Lakin et al., 2013; Schmidt et
al., 2007a; Wang et al., 1997) them against each other. Therefore, p is calculated as the
ratio between the normal and shear forces. p of articular cartilage has been reported to be
as low as 0.002, which means that a contact force of 1 kN across the joint generates a
frictional shear force of only 2 N at the cartilage surface (Guilak et al., 2005). A number
of factors such as magnitude of applied compressive force (Wang et al., 1997), sliding
and rotating speed (Gleghorn et al., 2008; Schmidt et al., 2007b), number of oscillations

or rotations (Lakin et al., 2017), and cartilage source can affect p. In addition, p is also
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affected by cartilage matrix and synovial fluid components that include lubricin,

hyaluronic acid and surface-active phospholipids (Schmidt et al., 2007a).

2.2.3 Bone composition and structure

Bone is a dynamic tissue that provides support to and protects organs in the body. It
can be described as a composite material consisting of an inorganic and organic matrix.
The inorganic phase, or mineral component, is responsible for bone strength and stiffness.
It makes-up 55% of the tissue and is composed primarily of hydroxyapatite crystals and
amorphous calcium phosphate (Sommerfeldt et al., 2001). The organic phase makes-up
20-30% of the wet weight of the tissue that consists mainly of type I collagen, small
amounts of collagen type V and VII, non-collagenous glycoproteins and bone-specific
proteoglycans (Sommerfeldt et al., 2001). There are three types of bone resident cells:
osteocytes, osteoblasts and osteoclasts. In mature bone, osteocytes make-up 90% of the
bone cells and are responsible for maintaining the bone matrix. On the other hand,
osteoblasts and osteoclasts’ main function is bone remodelling and resorption,
respectively (Raggatt et al.,, 2010). Furthermore, bone-lining cells are present in the
mature tissue, which attract osteoclasts and undifferentiated mesenchymal stem cells
(MSCs). Such undifferentiated MSCs are stimulated to undergo osteoblasts

differentiation in the case of a critical event, such as bone fracture (Raggatt et al., 2010).

From a morphology standpoint, bone can be divided into a denser and stiffer tissue
called cortical (or compact) bone that compose the outer layers, and the inner more porous
trabecular (or cancellous) bone with a central marrow cavity (Sommerfeldt et al., 2001;

Wolfram et al., 2016). The subchondral bone is the area underlying the articular cartilage
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immediately below the cartilage tidemark. It can be separated between subchondral plate
(or cortical end plate) and subarticular spongiosa (or cancellous bone). The subchondral
bone provides the cartilage with nutrients from the marrow as it is highly vascularized,
with some vessels and nerves reaching to the calcified region of the cartilage (Imhof et
al., 1999; Madry et al., 2010). Moreover, it serves as a supporting framework for the
articular cartilage, playing a key role in absorbing stresses generated during everyday

activity.

Bone development occurs via two mechanisms, intramembranous and endochondral
ossification. During intramembranous ossification, MSCs undergo condensation
followed by differentiation into osteoblasts and ultimately osteocytes. In the
endochondral ossification process (Figure 2.7), a pre-existing cartilage template is
systematically replaced by bone. The MSCs that have differentiated into chondrocytes
increase approximately 2-fold in volume, resulting in the formation of hypertrophic
chondrocytes that begin to secrete collagen type X and a number of angiogenic factors
(Kronenberg et al., 2003; Mackie et al., 2008). As the matrix calcifies, nutrients will no
longer be able to reach the hypertrophic chondrocytes that either trans-differentiate into
osteoblasts or undergo apoptosis followed by disintegration of the surrounding
cartilaginous tissue. This allows for invasion of blood vessels carrying osteogenic cells,
many of which will become osteoblasts and form a periosteal collar of compact bone
around the cartilage of the diaphysis, where the primary ossification centre will be
created. A second ossification centre is formed in the epiphyseal regions, at the ends of

the bone, where chondrocytes and cartilage continue to grow by increasing the bone
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length as the cartilage in the diaphysis is replaced by bone tissue (Kronenberg et al.,

2003).

(a)

Articular cartlage
|

Figure 2-7 Schematic of the endochondral ossification process. (a) Condensed MSCs differentiating into
chondrocytes forming a cartilage template. (b) The cartilage in the centre becomes calcified and the
perichondrium forms. (c) Blood vessels invade the tissue while osteoblasts form and give rise to the
periosteal collar. (d) Chondrocytes continue to proliferate at the ends of the bone increasing the bone length.
(e) The secondary ossification centre is formed. (f) Articular cartilage tissue remains at the joint surface

and at the epiphyseal plate.
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Figure 2-8 Schematic diagram demonstrating the sequential changes in the osteochondral tissue during the

progression of osteoarthritis. (Goldring et al., 2016).
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2.2.4 Changes in the osteochondral unit during osteoarthritis

Damage to either the articular cartilage or subchondral bone lesions can cause
disruption of joint integrity, impaired movement, inflammation and significant pain.
Lesions to the articular cartilage can also lead to narrowing of the joint space. If unable
to heal, such lesions can degenerate into osteoarthritis (OA) (Figure 2.8), a major
healthcare problem affecting millions of people worldwide (Johnson et al., 2014).
Moreover, it was previously mentioned that the articular surface plays a key role in
transferring the load across the joint and it has been demonstrated that increased load
transfer as well as altered patterns of load distribution can accelerate the progression of
OA (Roos et al., 2005). OA typically includes progressive loss of cartilage, osteophyte
formation, remodelling and sclerosis of subchondral bone, inflammation of tendons and
synovium tissue, and muscle weakness (Buckwalter et al., 2006; Madry et al., 2016).
Osteochondral defects form in adults as a consequence of trauma to the cartilage and
underlying subchondral bone or in association with ligament/meniscal tears. In young
active individuals, osteochondral defects can occur as a result of osteochondritis
dissecans, a condition characterized by bone sclerosis followed by cartilage
fragmentation (Edmonds et al., 2013). In general, focal damage to the osteochondral
complex gives rise to a series of repair and remodelling events that often have detrimental
effects on the joint functionality leading to OA. In articular cartilage, one of the important
changes caused by OA is the breakdown of the collagen network resulting in swelling of
the matrix and subsequent increased water content which results in increased
permeability, lower frictional forces and decreased matrix stiffness (Cooke et al., 2018;
Goldring et al., 2016). Therefore, the articulating surface undergoes higher deformation

and there is increased fluid flow, which reduce the load bearing properties. Alterations in
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the collagen network composing the superficial zone also occur, affecting the tensile and
shear resistant properties of the tissue and leading to further degradation (Goldring et al.,
2016). These changes in the cartilage ECM are associated macroscopically with the
presence of fibrillations characterized by microscopic cracks in the superficial zone. As
the disease progresses, the fissures extend into the deeper regions of articular cartilage
until they ultimately expose the subchondral bone (Lepage et al., 2019; Pritzker et al.,
2006; Zhou et al., 2016). The structural and compositional changes in the cartilage also
influence chondrocytes activity, as the excessive mechanical loading leads to phenotypic
changes or to cell death. As tissue degradation increases, chondrocytes tend to form
clusters and become hypertrophic (Goldring et al., 2016). Following delamination of the
articular cartilage layers, calcified cartilage and underlying bone are exposed. The
calcified cartilage is invaded by blood vessels from the subchondral bone, altering the
cartilage homeostasis (Walsh et al., 2007). The subchondral bone experiences structural
changes including thickening of the cortical plate, alterations in the mass, shape and
orientation of the trabeculae, development of bone cysts and osteophytes at the joint
margins (Madry et al., 2010). Furthermore, the state of mineralization of the tissue is
altered, affecting the ability of the bone to deform under load (Burr et al., 2012; Day et

al., 2001).

2.3 Advances in osteochondral tissue engineering

The osteochondral tissue is difficult to regenerate when damaged. The repair process
relies on the migration of bone marrow stem cells (BMSCs) or progenitor cells into the

defect site to regenerate the tissue (Seo et al., 2014). While an injury in the subchondral
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bone, being a highly vascularized area, can be spontaneously repaired, any repair of the
overlying articular cartilage layer is typically fibrocartilaginous in nature and tends to
degenerate over time. Surgical therapies are commonly employed to treat cartilage and
osteochondral defects. These procedures include arthroscopic debridement,
microfracture, autologous chondrocyte implantation (ACI) and osteochondral

autograft/allograft transplantation (Izadifar et al., 2012).

Arthroscopic debridement is characterized by removal of debris from damaged joints

and is associated to pain alleviation (Laupattarakasem et al., 2008).

Microfracture involves the penetration of the subchondral bone to cause bleeding
which facilitates the migration of progenitor cells from the bone marrow cavity into the
defect. Although microfracture is still considered the gold standard by the FDA, it often
results in inferior fibrocartilage poor mechanical properties, and limited sGAG and
collagen type II levels compared to articular hyaline cartilage (Kalson et al., 2010;
Mithoefer et al., 2009). This makes microfracture a temporary repair solution and more

suited to smaller defect (Mithoefer et al., 2009; Vanlauwe et al., 2011).

ACI consists of a two-step procedure, where chondrocytes are first harvested from
a low weight bearing area of the joint and expanded in monolayer in vitro until a sufficient
number of cells is obtained. During a second surgery, expanded cells are injected into the
lesion beneath a periosteal flap to secrete new cartilage matrix (Brittberg et al., 1994).
The advantage of this technique is that using autologous cells prevents undesired immune
reactions. However, chondrocytes when expanded in monolayer culture tend to de-
differentiate, resulting in the production of inferior fibrocartilage or a mixture of hyaline

and fibrocartilage (Diaz-Romero et al., 2008; Marlovits et al., 2004; Schnabel et al.,
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2002). Another drawback of this technique is that two surgeries are required which
increases the chance of infection. Matrix-induced autologous chondrocyte implantation
(MACI) is a ‘next generation” ACI, that involves similar steps except that cells are seeded

onto, or encapsulated into a biomaterial (Kalson et al., 2010).

Larger sized defects that affect both articular cartilage and subchondral bone require
different treatment approaches such as mosaicplasty or osteochondral autograft
transplantation system (OATS). These involve the transplantation of one or more
osteochondral plugs in the defect area, where the plug is harvested from an undamaged,
low weight bearing area. Drawbacks include harvest site morbidity and potential
degeneration of the implanted plugs as they originate in a low weight bearing area and
might not be able to withstand much higher and more frequent loads (Hunziker et al.,
2002). To overcome these limitations, allogenic cadaver plugs can be used, although
immunogenic issues can arise and cryopreservation of the graft can lead to cell death and
tissue deterioration (Hunziker et al., 2002). Clinical successes with the autograft/allograft
methods have been reported, although many of them were for a younger population with

no obvious signs of degeneration (Gudas et al., 2005).

In general, the repaired tissue generated using these techniques is primarily
fibrocartilage which is biomechanically inferior compared to articular cartilage and
contains more collagen type I (Rodrigues et al., 2011). Moreover, a total joint
replacement is necessary when the damage to the osteochondral tissue is severe. The
prosthesis consists of metal tibial and femoral components with plastic inserts between
the two. This implant has a limited lifespan meaning that the probability of a second
surgery is high. In addition, there are limitations in terms of implant loosening, stress

shielding, wear and integration with the underlying bone.
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Therefore, tissue engineering approaches have emerged as a promising advance for
osteochondral tissue repair with the aim of promoting the regeneration of damaged tissues
or the development of adequate tissue replacements. A number of key aspects determine
the success of osteochondral tissue engineering. The primary requirements for scaffold
biomaterials include biocompatibility and biodegradability to provide the cells with a
biologically functional environment. The structural as well as the mechanical properties
of a scaffold are important to provide adequate porosity and pore interconnectivity for
nutrients diffusion and cell penetration, as well as mechanical functionality. Moreover,
the type of scaffold and/or the employed scaffold manufacturing techniques determine
how cells and signalling factors are utilized. The following sections will present the key

aspects for the successful development of cartilage and bone tissue engineered scaffolds.
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Figure 2-9 Analysis of bilayered constructs where the bone phase was characterized by a MSC-laden
alginate hydrogel, while the chondral phase was derived from self-assembly of chondrocytes, BMSCs, or
CCs and BMSCs. The top row shows macroscopic images of the scaffolds post-implantation, followed by

micro CT scans, histological and immunohistochemical results. Adapted from (Mesallati et al. 2015).
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2.3.1 Cell sources for osteochondral tissue engineering

For tissue engineering strategies that utilize exogenous cells as part of the regenerative
strategy, the selection of a suitable cell source is essential to success. The first cell choice
would be chondrocytes and osteoblasts as they are the native cells of cartilage and bone
tissues, respectively. Chondrocytes are particularly attractive as they are used in clinical
treatments and have been shown to form cartilage-like tissue both in vitro and in vivo (An
et al., 2001; Brittberg et al., 1994; Mesallati et al., 2015). There is a number of limitations
associated with the use of tissue-specific cells that include taking tissue biopsies which
can cause donor site morbidity and further lesions (Matricali et al., 2010), and in the case
of chondrocytes, limited number of available cells as well as cells gradually losing their

phenotype when passaged in vitro (Benya et al., 1978; Darling et al., 2005).

BMSCs represent a promising alternative to tissue-specific cells as they have the
capacity to proliferate extensively and differentiate along a number of lineages. Several
studies have demonstrated that BMSCs can be primed to differentiate into chondrocyte-
like cells in the presence of transforming growth factor-beta 3 (TGF-3) and hypoxic
conditions (Almeida et al., 2017; Daly et al., 2016a; Johnstone et al., 1998; Vinardell et
al., 2012). Nevertheless, chondrogenically primed BMSCs have the tendency to undergo
endochondral ossification and form bone, making this approach more suitable for bone
tissue engineering (Vinardell et al., 2012). A number of strategies have been explored to
inhibit hypertrophy of MSCs and hence maintain a stable chondrocytic phenotype, once
MSC:s have differentiated into chondrocytes. For instance, co-culture of a small number
of chondrocytes and a larger number of BMSCs has been successfully used to enhance
the chondrogenic potential of BMSCs (Critchley et al., 2018b; Giovannini et al., 2010;

Hendriks et al., 2009). It has been reported that osteochondral constructs can be
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successfully engineered utilizing a MSC-laden alginate hydrogel for the bone region and
a self-assembled co-culture of chondrocytes and MSCs in the cartilage region (Figure
2.9) (Mesallati et al., 2015). Following in vivo implantation, it was observed that a stable
layer of articular cartilage was formed with no evidence of mineralization or
vascularization, whereas the MSCs in the alginate hydrogel became hypertrophic

undergoing endochondral ossification.

2.3.2 Functional design of cartilage and bone constructs

2.3.2.1 Biomaterials choice

The choice of biomaterials for osteochondral tissue engineering should meet a number
of criteria. The selected material determines biological and physical properties of the
tissue engineered scaffold facilitating cells adhesion, migration, proliferation and
differentiation into tissue-specific cells. The ideal scaffold material is one which is
biocompatible as it must not cause immune responses or foreign body reactions (O'Brien
et al., 2011), has adjustable degradation rate possibly occurring simultaneously to tissue
growth in vivo, provides appropriate mechanical support and a microenvironment capable
of facilitating adequate ECM deposition. Materials for osteochondral tissue engineering
include natural and synthetic polymers, decellularized ECMs, inorganic materials and

their composites.

Hydrogels are hydrophilic polymeric networks characterized by high water content
and swelling properties. Such properties have made them appealing materials for
osteochondral tissue engineering because they mimic the 3D gel-like native ECMs.
Generally, they can be divided into two categories: natural and synthetic hydrogels.

Natural hydrogels (i.e. alginate, gelatin, collagen, agarose, fibrin) are often characterized
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by structural similarities to native ECMs and in some cases possess inherent cell binding
sites that can promote cell attachment, proliferation and growth; however, they usually
have limited mechanical properties. Synthetic hydrogels (i.e. polyethylene glycol (PEG),
polyvinyl alcohol (PVA), polyethylene oxide (PEQO)) do not usually possess cell binding
sites, but they are more versatile as they can be functionalized and their mechanical
properties can be tailored to the specific application. Alginate and gelatin hydrogels will

be discussed in more detail as they will be exploited in later chapters of this thesis.

Alginate is a negatively charged linear polysaccharide consisting of 1,4-linked o-1-
guluronic acid (G) and B-d-mannuronic acid (M) residues, which is isolated from brown
algae (Drury et al., 2004; Drury et al., 2003). Alginate has been extensively used in tissue
engineering due to its biocompatibility, non-immunogenicity and its capacity to undergo
relatively fast gelation which allows for rapid cells encapsulation. In addition, alginate
has the ability to absorb water and other molecules through capillary action (Axpe et al.,
2016). Alginate forms a gel through ionic crosslinking with calcium ions such as calcium
chloride, calcium sulphate, calcium carbonate or calcium phosphate (Lee et al., 2012).
One drawback is that alginate is non-degradable by mammals, therefore it degrades by
random dissolution in vivo (Boontheekul et al., 2005; Loibl et al., 2014). However, the
degradation rate can be controlled by altering the degree of oxidation (Gomez et al., 2007)
or by reducing the molecular weight of the polymer through gamma irradiation (Alsberg
et al.,, 2003; Kong et al., 2002; Lee et al., 2003). Despite such methods increase the
degradation rate of alginate, they also affect negatively their mechanical properties.
Nevertheless, alginate has been shown to support chondrogenesis of stem cells and
chondrocytes both in vitro and in vivo (Awad et al., 2004; Daly et al., 2016a; Igarashi et

al., 2010; Mo et al., 2009; Sukegawa et al., 2012).
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Gelatin is derived from denaturation of the triple-helix structure of collagen into
single strand molecules through hydrolysis. Therefore, it retains some of the bioactive
cues such as Arg-Gly-Asp (RGD) motifs from collagen, promoting cellular attachment,
while cellular remodelling is facilitated by the presence of matrix metalloproteinase
degradation sites (Klotz et al., 2018). Gelatin is a thermosensitive hydrogel, that dissolves
at 37°C and gels at temperatures below 25°C in a concentration dependent manner. The
most common use of gelatin in tissue engineering comes in its methacrylated form,
gelatin methacryloyl (GelMA), which can be covalently crosslinked by UV light
exposure overcoming the limitation of reversible thermal crosslinking. GelMA has been
widely used for cartilage tissue engineering applications due to its high cell compatibility
and the possibility to be easily combined with ECM-derived materials to stimulate tissue-
specific ECM matrix production (Li et al., 2016; Schuurman et al., 2013; Visser et al.,

2015).

Biodegradable synthetic polymers, including aliphatic polyesters (i.e. poly (glycolic
acid) (PGA), poly (lactic acid) (PLA), polycaprolactone (PCL)), have been widely used
as tissue engineered scaffolds. As they generally possess poor surface activity and cell
affinity, a number of chemistries or processes to obtain functionalized blend or co-
polymers have been applied to improve their intrinsic properties (Seo et al., 2014). For
example, PCL was combined with PVA to produce electrospun scaffolds for cartilage
tissue engineering. Incorporation of PVA resulted in improved hydrophilicity as well as
the tensile properties of the PVA/PCL scaffolds, which supported proliferation and

chondrogenic differentiation of MSCs in vitro (Shafiee et al., 2011).

Ceramics such as hydroxyapatite or calcium phosphates have been primarily used in

bone tissue engineering. Such materials have excellent osteoinductivity and
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osteoconductivity, and are known for promoting biomineralization (Nooeaid et al., 2012).
Although ceramic-based scaffolds exhibit high stiffness, they are brittle and have low

structural integrity making them unsuitable for load bearing applications.

As discussed in the previous paragraph, bone tissue engineering strategies that look
to recapitulate the endochondral ossification process offer a promising route to bone
regeneration (Sheehy et al., 2019). Several studies have shown that it is possible to repair
critically-sized bone defects using endochondral strategies (Bernhard et al., 2017;
Cunniffe et al., 2015; Harada et al., 2014). For example, cartilage templates have been
formed by culturing BMSCs on a hyaluronic/gelatin sponge, and their capacity to
regenerate carpal bone in a lapine model was investigated. After 12 weeks in vivo, the

implanted constructs were filled with bony tissue and neo-vessels (Huang et al., 2006).

2.3.2.2 Scaffold mechanical properties

Hydrogels have been shown to support MSCs viability, differentiation and tissue-
specific matrix formation especially in the presence of exogenous biochemical or
biophysical cues. The mechanical properties (e.g. stiffness, viscoelasticity) of hydrogels
play a key role in determining the phenotype of encapsulated cells (Engler et al., 2006;
Park et al., 2011; Pek et al., 2010; Tse et al., 2011; Yeung et al., 2005). It has been shown
this is determined in part by the stiffness of the hydrogels themselves. In general, cells
are more adherent on rigid substrates than soft ones, and this stiffness-dependent cell
adhesion regulates migration, morphology, gene expression and ultimately cell function
(Engler et al., 2006; Guilak et al., 2009; Yeung et al., 2005). Engler et al. (Engler et al.,
2006) demonstrated that MSCs differentiation could be modulated by the stiffness of the
local substrate (Figure 2.10). When culturing human MSCs on type I collagen-coated

polyacrylamide gels with variable compliance, it was observed that the stiffest substrates
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(25-50 kPa) enhanced the expression of osteogenic markers and cells exhibited the typical

cuboidal osteoblast morphology. The softest substrates (0.1-1 kPa) upregulated
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Figure 2-10 (a) Range of stiffness exhibited by solid tissues. (b) Human MSCSs cultured on
polyacrylamide substrates change their morphology as the matrix stiffness varies (scale bar = 20 um).

Adapted from (Engler et al., 2006).

neurological markers and cells showed a dendritic morphology, while gels mimicking the
stiffness of smooth muscle tissue (8-17 kPa) favoured myogenesis and adopted a spread
cell morphology. Similar stiffness-dependent changes in MSC differentiation have been

reported in 3D hydrogels (Pek et al., 2010).
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A limitation of hydrogels for load-bearing applications is their poor mechanical
properties. Several strategies have been explored to improve the mechanical properties
of hydrogel scaffolds for tissue engineering applications. For example, the stiffness of
alginate hydrogels has been shown to strongly depend on the efficiency of ionic
crosslinking (Li et al., 2018). Four alginate-gelatin hydrogels were prepared with
increasing phosphate buffered saline (PBS) concentrations. It was observed that high PBS
ionic strength limited macromolecule interactions, thereby preventing the crosslinking of
the alginate. This limited the availability of sites for embryonic stem cells to spread within
the tissue engineered scaffolds, which instead formed isolated clusters. On the other hand,
lower cell proliferation and aggregation was observed in the stiffest constructs (low ionic

strength).

Other measures to enhance the mechanical performance of hydrogels include
increasing crosslinker density, introduction of covalent crosslinks, modulation of
material molecular weight and preculture to promote matrix deposition before the
implantation of a tissue engineered graft (Anseth et al., 1996). The mechanical strength
of hydrogels can usually be tuned by using lower or higher molecular weight hydrogels
or by increasing or decreasing the number of crosslinking sites. Freeman et al. (Freeman
et al., 2017) demonstrated that by using the same alginate bioink and calcium sulphate as
a crosslinker, it was possible to spatially control the stiffness from the core to the
periphery of MSC-laden bioprinted constructs by varying the material to crosslinker ratio.
Dual Oil Red O and Alkaline Phosphatase staining showed that MSCs in the stiffer region
(periphery) differentiated preferentially towards the osteogenic lineage, whereas in the
soft core cells underwent adipogenesis. Although the introduction of high polymer

concentration or chemical crosslinking can enhance hydrogels mechanical stability, this
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does not necessarily represent an optimum solution. High polymer concentration can
limit nutrients diffusion, and crosslinking agents are often toxic to cells. Moreover,
despite the above mentioned modifications, the mechanical properties of the gels remain
generally inadequate for high load bearing applications such as in osteochondral tissue

engineering.

As cells in native tissues are responsive to different types of mechanical stimuli, it is
hypothesized that the performance of hydrogel scaffolds is superior when they possess
tissue specific-like mechanical properties. Commonly used hydrogels for tissue
engineering comprise of only a single polymer, but recently intense effort has been
dedicated to the development of more complex hydrogel systems by combining multiple
polymer networks (Brigham et al., 2009; Chimene et al., 2016b; Jeon et al., 2017b; Liao
et al., 2013a; Srikumar et al., 2017). The latter often exhibit superior mechanical
properties compared to the single polymer networks and are known as Interpenetrating
Network (IPN) hydrogels. IPNs are composed by separate polymer networks, physically
entangled with each other where different chemistries are used to encourage the
individual networks to crosslink only with themselves (Chimene et al., 2016b). The two
networks cannot be separated unless chemical bonds are broken. Partial inter-network
binding can occur depending on the type of crosslinking reaction and polymer used. For
example, Jeon et al. (Jeon et al., 2017b) engineered highly elastic and tough IPNs based
on alginate and gelatin. Mechanical stimulation of encapsulated human MSCs in the IPN

hydrogel resulted in enhanced proliferation and osteogenic differentiation.

2.3.2.3 Composite scaffolds
More recently, the combination of biomimetic strategies to create both mechanically

and biologically functional constructs has been explored. Hydrogels have mainly been
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combined with solid polymer backbone materials, where the solid polymer provides a
reinforcing skeleton for mechanical strength and the hydrogel offers a cell-supportive
matrix within the scaffold (Izadifar et al., 2012; Moutos et al., 2010; Moutos et al., 2008).
Advantages of using such hydrogel-solid composites include retention and homogeneous
distribution of cells within the 3D solid scaffolds, hydrated cell-friendly environment
within the hydrogel, possibility of delivering growth factors within the scaffold to better
instruct cells, and better control over the shape of the scaffold (Izadifar et al., 2012). Cell-
encapsulating hydrogels or acellular hydrogels have been incorporated into solid
scaffolds via different methods that include casting, vacuum-assisted infusion and 3D
bioprinting. Jung et al. (Jung et al., 2010) combined poly (L-lactide-co-E-caprolactone)
scaffolds with chondrocyte-laden fibrin and hyaluronan hydrogels. After 8 weeks in vivo,
a homogenously distributed layer of cartilage was formed with compressive properties
comparable to native articular cartilage. Moutos et al. (Moutos et al., 2007a), infused 3D
woven PGA structures with either agarose or fibrin gels which showed anisotropic,
viscoelastic and tension-compression non-linearity properties similar to native articular
cartilage (Figure 2.11). The hydrogel components seemed to be responsible for the
viscoelastic behaviour, whereas the presence of the fibre network resulted in tension-
compression non-linear properties which are believed to play a key role in the load

bearing capacity under compression.
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2.3.2.4 Multiphasic scaffolds

To replicate the biological and/or mechanical functionality of the native
osteochondral tissue, a number of studies have explored the development of multiphasic
scaffolds that could provide an optimal environment able to transfer adequate physical or
chemical events from the cartilage to the bone layer. Recently, some effort has been made
to design constructs that mimic the zonal structure and composition of articular cartilage.
Self-assembling fabrication techniques have been used to engineer cartilage tissue by
layering zone-specific chondrocytes to replicate the zonal organization of the cells in the
native tissue (Elder et al., 2009b; Hu et al., 2006; Ofek et al., 2008). A limitation is that
the initial mechanical properties of the cellular structures are low, although strategies
such as 3D printing can be used to improve the mechanical functionality of self-

assembled constructs.
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Figure 2-11 (a) Scanning electron microscope image of a 3D woven structure and (b) live-dead staining of
porcine articular chondrocytes in a fibre-reinforced agarose composite. (¢) Compressive modulus, (d)
hydraulic permeability, (¢) shear modulus and (f) ultimate tensile stress of fibre-reinforced gels. Adapted

from (Moutos et al., 2007).
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Another approach is to tailor the structural and/or biochemical design of solid or
hydrogel scaffolds. For example, the orientation of fibre-based scaffolds can be
modulated to determine mechanical and cell alignment properties of the native tissue
(Wise et al., 2009; Woodfield et al., 2005). Articular cartilage- and growth plate-derived
ECM biomaterials were used to create bi-layered scaffolds via freeze-drying. It was
demonstrated that such multiphasic constructs were able to drive tissue-specific stem cell
differentiation both in vitro and in vivo (Figure 2.12) (Cunniffe et al., 2019). In some
studies cartilage and bone scaffolds have been engineered separately and joined later by
suturing, glue or press fitting. For example, fibrin/PCL and PCL/PCL-tricalcium
phosphate (TCP) scaffolds were fabricated individually to replace the cartilage and bone
regions, respectively. Such constructs were seeded with cells and cultured in
chondrogenic and osteogenic media before being combined into a single scaffold using
fibrin glue (Swieszkowski et al., 2007). However, these methods are limited because of
the poor integration between cartilage and bone phases, resulting in delamination. To
overcome this issue, Grayson et al. (Grayson et al., 2010) proposed agarose-
decellularized bone constructs, where the two materials were overlaid allowing the
agarose to penetrate into the bone layer by 500 um. Others have focused on developing
trilayer constructs aiming to reproduce the interface zone of the osteochondral unit,
which, in the native tissue, is important to provide a smooth compositional transition
between the mineralized/vascular bone and the unmineralized/avascular articular
cartilage. Qu et al. (Qu et al., 2011) developed trilayer osteochondral scaffolds where the
cartilage phase was made of porous PVA, the bone phase comprised of
nanohydroxyapatite-polyamide6 composites, and the interface was composed of non-

porous PVA. After being seeded with adipose stem cells, such scaffolds showed the
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potential to differentially support cartilage and bone tissue formation. In another study,
Da et al. (Da et al., 2013) fabricated a multiphasic construct where the chondral phase
was a sponge-like structure made of bovine cartilage ECM, whereas the bone phase was
an interconnected tubular structure made of a poly (lactic-co-glycolic acid) (PLGA)/TCP
core, embedded in collagen type I. Chondral and bone phases were separated by a
PLGA/B-TCP compact layer. The addition of the compact layer provided chondrogenic-
and osteogenic-induced BMSCs with separate environments for optimal proliferation and
differentiation. Triphasic constructs containing chemical and morphological gradients

have also been produced (Filardo et al., 2013a; Kon et al., 2010; Tampieri et al., 2011).
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Figure 2-12 Evaluation of articular cartilage and subchondral bone repair post-implantation. (a) Safranin-
O staining for cartilage matrix at 6 and 12 months, followed by (b) quantification of cartilage matrix present
in chondral and subchondral bone region of the bi-layered scaffolds. (¢) Immunohistochemical analysis of
collagen type II for control and bi-layered samples compared to a native condyle control. (Cunniffe et al.,
2019).

2.3.3 Growth factors delivery

Tissue regeneration is also possible by controlling the release of growth factors or

other biomolecules over time from a biomaterial. In osteochondral tissue regeneration,

45



many growth factors work synergistically as molecular cues that stimulate cell maturation
and differentiation towards a specific phenotype. The main families of growth factors
involved in both cartilage and bone regeneration include fibroblast growth factors
(FGFs), insulin-like growth factors (IGFs), transforming growth factors 8 (TGFs-8) and
bone morphogenetic proteins (BMPs). Another important factor for bone is the vascular

endothelial growth factor (VEGF).

In general, TGF-8 is able to induce MSCs differentiation into chondrocytes, promote
their proliferation, increase ECM production and inhibit endochondral ossification
(Giovannini et al., 2010). TGF-81, TGF-B2 and TGF-B3 have been widely used in
cartilage tissue engineering, showing their capability in promoting chondrogenesis of
BMSC:s pellets and subsequently maintaining the chondrocytic phenotype (Giovannini et
al., 2010). TGF-83 has also been incorporated into scaffolds and released in a controlled
manner, resulting in chondrogenesis of human derived fat pad stem cells (Almeida et al.,

2014).

BMPs are primarily responsible for triggering osteogenic differentiation of bone
progenitor cells and MSCs present at the injury site (Bessa et al., 2010; Bose et al., 2013).
In particular, BMP-2 has been shown to play a key role in expressing osteogenic markers.
For example, osteocalcin and alkaline phosphatase expression is increased in the presence
of BMP-2 (Sivashankari et al., 2016). For cartilage applications, BMP-7 is able to support
MSCs chondrogenesis when combined with a member of the TGF family (Iwakura et al.,

2013).

VEGEF is a key regulator of angiogenesis during bone formation. It is responsible for

stimulating the proliferation and migration of endothelial cells to form neo-vessels
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(Hankenson et al., 2015; Nyberg et al., 2016). VEGF and BMP-2 have been sequentially
released in a rat subcutaneous model, demonstrating improved bone and vessel formation

when compared to release of BMP-2 only (Kempen et al., 2009).

2.4 3D bioprinting

3D bioprinting has become an attractive tool for tissue engineering, as it allows
accurate and controlled spatial deposition of biomaterials, cells and exogenous biological
cues. Moreover, current technologies enable the fabrication of complex, anatomically
accurate geometries potentially mimicking the structure, composition and ultimately
function of the target tissues/organs. Bioprinting aims at overcoming the limitations
present in the traditional tissue engineering approaches. Seeding efficiency is improved
due to simultaneous fabrication of the cellular and structural components, resulting in
homogeneous/desired cell distribution within the bioprinted construct. Furthermore, the
achievable spatial resolution allows for a multi-scale fabrication approach including the
development of customized cellular microenvironments through the structuring of

multiple biomaterials.

One of the main bioprinting techniques is microextrusion, where biomaterial
filaments are extruded through a needle onto a solid substrate, from a pressurized syringe.
The pressure can be applied mechanically or pneumatically by a screw or a piston
(Murphy et al., 2014a). Moreover, the printer heads can be surrounded by cooling or
heating sleeves to allow the printing of thermosensitive biomaterials. Many materials
including polymers or polymer-ceramic composites have been used to create 3D

structures via microextrusion. Hydrogels are the most commonly used because of their
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capacity of encapsulating viable cells and growth factors. In the context of bioprinting,
hydrogels incorporating cells or biomolecules are termed bioinks. Aside from supporting
cell viability and tissue growth post-printing, a bioink must have adequate rheological
properties that will determine printability of the bioink itself. The most important
rheological properties to consider are viscosity, yield stress and shear thinning
characteristics (Malda et al., 2013). Shear thinning is the non-Newtonian behaviour of
fluids defined as the inverse relationship between the material viscosity and the shear
force generated by the pressure applied during microextrusion (Guvendiren et al., 2012).
This shear force decreases the viscosity of the bioink initiating flow through the needle;
once the shear force is removed, the material viscosity increases resulting eventually in
the material to hold its given shape (Chimene et al., 2016b; Murphy et al., 2014a). The
viscosity of a bioink can be altered by varying the bioink concentration (Chang et al.,
2010), printing temperature (Blaeser et al., 2016; Ouyang et al., 2016), by pre-
crosslinking the bioink or combining it with sacrificial thickening materials that can be

washed away post-printing.

Fused deposition modelling (FDM) is considered a type of microextrusion. The
technique involves the extrusion of a molten thermopolymer (i.e. PCL, PLGA) through a
temperature controlled needle using pressure. FDM does not allow the encapsulation of
cells within the extruded material, but it permits high resolution control over the scaffold
architecture, both internally and externally. In addition, polymeric structures fabricated
via FDM are often used to reinforce softer cell-laden bioinks to provide structural and
mechanical support. The polymer of interest in this thesis is PCL. PCL is a semi-
crystalline aliphatic polyester characterized by melting temperature ranging from 59 and

64°C, which enables it to be co-printed with bioinks with little or no negative effect on
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cell viability (Woodruff et al., 2010). PCL is biodegradable as well as bioresorbable,
presenting a total degradation rate of 2-4 years depending on the initial molecular weight
of the construct (Gunatillake et al., 2003). It is an attractive material thanks to a number
of advantages such as ease of shaping and manufacture which permit control over
scaffold porosity to promote tissue ingrowth, delivery of biomolecules in a controlled
manner, tailorable degradation kinetics and mechanical properties. The mechanical
properties of 3D printed PCL scaffolds can be tailored by varying the polymer molecular
weight or the scaffold structural features such as filament diameter, spacing and pattern

(Olubamiji et al., 2016).

2.4.1 3D bioprinting of cartilage and bone-like tissues
Early cartilage and bone bioprinting studies used traditional hydrogels to evaluate the
effect of 3D printing on cell viability and how printing and rheology parameters

influenced cell function.

These studies demonstrated that 3D bioprinting could be used to create constructs
with a viable homogeneous distribution of cells. For example, porous grid scaffolds were
created through microextrusion of chondrocytes-laden GelMA hydrogels for cartilage
tissue production (Schuurman et al., 2013). GAG and collagen type Il were deposited
after 4 weeks in vitro. Other approaches have shown that GeIMA could be combined with
more viscous components such as gellan gum, hyaluronic acid or fibrin to obtain more
stable bioinks (Melchels et al., 2014; Schuurman et al., 2013; Zhou et al., 2017).
Alternatively, GelMA fibres have been UV crosslinked immediately after being extruded

during printing, to form stable structures (Ouyang et al., 2016).
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For bone tissue engineering, alginate-based bioinks were mostly used in early studies.
Poldervaart et al. 3D printed constructs made of alginate bioinks containing BMP-2-
loaded gelatin microspheres to stimulate bone formation in vivo (Poldervaart et al., 2014).
In another study, a bioink blend of alginate and gelatin promoted bone matrix production
in the presence of human adipose derived stem cells, after 8 weeks in vivo (Wang et al.,
2016). Bioprinting of growth factors has been used to accelerate vascularization during
bone regeneration. For example, bioprinting has been used to engineer composite
constructs containing dental pulp stem cells and spatial patterns of VEGF (centre) and
BMP-2 (periphery) (Park et al., 2015). Vascularization was increased when VEGF was

localized in the centre, compared to homogenous growth factor deposition.

Later studies have investigated the advantage of 3D printing tissue-derived ECM
scaffolds. ECM has either been printed on its own or incorporated into existing bioinks,
in order to provide encapsulated cells with biological cues that drive cell differentiation
(Kim et al., 2017; Pati et al., 2014). Pati et al. demonstrated that printable bioinks can be
developed by decellularizing and solubilizing cartilage ECM (Figure 2.13) (Pati et al.,
2014). The ECM-derived bioink provided cartilage-specific factors that directed the
differentiation of embedded MSCs into chondrocytes. In another study, Lee at al. (Lee et
al., 2015) developed collagen/ECM/alginate-based bioinks from the matrix synthesised
by pre-osteoblast cells cultured on gelled collagen. The addition of the alginate
component increased the bioink printability. This bioink provided the embedded pre-
osteoblasts with a more suitable microenvironment compared to pure alginate, which led
to improved osteoblastic differentiation and higher levels of mineralization. Recent
approaches have used bioprinting to engineer tissues with zonal differences. Cartilage

constructs were 3D bioprinted creating a density gradient of bioink stiffness (Rhee et al.,
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2016) or chondrocytes (Ren et al., 2016) throughout, resulting in a graded distribution of

ECM components. 3D bioprintining has also been explored for the fabrication of
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Figure 2-13 (a) Printing of cartilage ECM bioink with a PCL frame. (b) Representative microscopic images
of cartilage ECM constructs (scale bar = 400 pm). (c¢) Quantification of SOX9 and COL2A1 genes in
collagen (COL) and cartilage ECM-based (cdECM) gels. (d) Immunofluorescence images showing
collagen type IT (COLII), cell nuclei (DAPI) and F-actin in (d) COL and (¢) cdECM constructs (scale bar
=200 um). Adapted from (Pati et al., 2014).

multiphasic scaffolds. Bilayer cartilage constructs were fabricated by combining an
articular chondroprogenitor cell-laden bioink and an MSC-laden bioink to mimic the
superficial and deep zone of native articular cartilage, respectively (Levato et al., 2017).

After 8 weeks in vitro, the constructs presented region-specific cellular and ECM

composition with higher content of lubricin found in the superficial region.
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2.4.2 3D bioprinting of fibre-reinforced hydrogels

As previously mentioned, one of the advantages of 3D printing is the ability to
reinforce hydrogels with a stiffer polymer network with a defined architecture. Moreover,
this network can be designed to mimic key structural and/or mechanical aspects of a
specific tissue. The architecture of many native tissues is, in fact, characterized by the
presence of a fibrous framework which not only provides structural integrity, but also
anisotropy and depth-dependent mechanical properties (Aspden et al., 1994; Visser et al.,
2015). Hydrogels have been reinforced with thermoplastic polymer fibres obtained via
melt electrospinning writing (Bas et al., 2015; Bas et al., 2017c; Visser et al., 2015),
solution electrospun (Eslami et al., 2014), woven (Boere et al., 2014; Liao et al., 2013a;
Moutos et al., 2007a; Schuurman et al., 2011) and non-woven scaffolds (Marijnissen et
al., 2002). This multiple-tool biofabrication strategy allows the hydrogels to be processed
at low polymer concentrations, while the thermoplastic polymer network features can be
tailored in order to obtain stable structures and secure the strength of the overall construct
(Malda et al., 2013). Visser et al. (Visser et al., 2015) mechanically reinforced soft
GelMA hydrogels with organized, highly porous, 3D printed PCL microfibre networks
(Figure 2.14). Compared to the hydrogel or fibre scaffolds alone, the composite
constructs showed a synergistic increase in stiffness up to 54-fold and approached that of
native articular cartilage. When subjected to physiological compressive loading of 20%
strain at 1Hz, chondrocytes incorporated in the composite scaffolds significantly
upregulated the expression of ACAN and COL1A1 compared to non-reinforced gels. Bas
et al. (Bas et al., 2017¢c) functionalized four-armed maleimide terminated PEG with
Heparin (sSPEG/Hep) to create a bioink that emulates the negatively charged proteoglycan

matrix of articular cartilage. The soft SPEG/Hep bioink was then reinforced with melt
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electrospun fibrous networks to mimic the biomechanical behaviour of articular cartilage.
Above all, the high negative charge density and strong water retention capacity of the
bioink led to a charge-driven osmosis similar to native articular cartilage that resulted
into enhanced biological performance, as demonstrated by high chondrocyte viability and
differentiation under physiological mechanical stimulation. Boere et al. (Boere et al.,
2014) fabricated reinforced scaffolds wusing a blend of PCL and
poly(hydroxymethylglycolide-co-e-caprolactone) functionalized with methacrylate
groups. The blend-based constructs were then covalently linked to a chondrocyte-laden
GelMA hydrogel to improve the integration between the materials. This resulted in an
enhanced resistance to repeated axial and rotational loads. Furthermore, the embedded
chondrocytes showed significant increase in cartilage-like matrix production both in vitro

and in vivo.
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Figure 2-14 Macroscopic images of (a) GeIMA-hyaluronic acid (HA) and (b) PCL-reinforced GeIMA-HA
constructs (scale bar =2 mm). (¢) Comparison of Young’s moduli between PCL microfiber scaffolds alone,
PCL-reinforced gels and native articular cartilage. (d, €) Gene expression analysis for (d) ACAN and (e)
COL1A1. Adapted from (Visser et al., 2015).

3D printed PCL-based constructs have been used not only in an attempt to mimic the
mechanical properties of native tissues, but also to provide mechanically stable implants
that would allow a better integration with the surrounding environment in vivo.
Osteochondral defects in a rabbit model were treated by 3D printing PCL networks
supporting hyaluronic acid and collagen-based bioinks containing human MSCs in the
cartilage and bone region of the construct, respectively (Shim et al., 2016). After 8 weeks,
regeneration of thick neocartilage tissue was observed which integrated well with the
adjacent tissue. Another emerging application of 3D bioprinted mechanically reinforced
constructs is the fabrication of developmentally inspired templates for tissue or organ
regeneration (Daly et al., 2016b; Jukes et al., 2008; Scotti et al., 2010). In the case of
bone tissue regeneration, vertebrae-shaped hypertrophic cartilage templates were

engineered in vitro by co-printing MSC-laden RGD-y irradiated alginate bioink and a
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network of PCL microfibres (Figure 2.15) (Daly et al., 2016b). When implanted in vivo,

the bioprinted construct matured into a vascularized bone organ.
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Figure 2-15 (a) Schematic of the multi-material bioprinting approach used to develop 3D bioprinted
reinforced composite constructs in the shape of a vertebral body. After 12 weeks in vivo, vascularized bone-
like tissue was formed as demonstrated by (b) macroscopic and (¢) micro CT images (scale bar = 2 mm).
Adapted from (Daly et al., 2016).
2.4.3 3D bioprinting of whole joints

Biological resurfacing of whole articulating joints represents an important but
challenging strategy for tissue engineering. To date, tissue engineering has primarily
focused on treating small cartilage or osteochondral defects, but diseases such as OA

affect the entire joint surface. 3D bioprinting technology offers the potential to engineer

functional tissue-specific scaffolds able to resurface an entire osteoarthritic joint.

For meniscus regeneration, Lee et al. (Lee et al., 2014) developed a 3D printed PCL

meniscus-shaped implant loaded with PLGA microspheres to control the release of both
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connective tissue growth factor (CTGF) and TGF-833. The spatial controlled release of
CTGF and TGF-83 induced cells to form region-specific collagen type I and II matrices,
similar to the native tissue. When grafted in place of a resected meniscus in an ovine
model, the growth factor-releasing construct was found to facilitate the regeneration of
the tissue with zone-specific matrix: collagen type I in the outer region and collagen type
I in the inner region. Mechanical functionality was restored 3 months after implantation.
In another study, 3D printing techniques were used to develop poly(ethylene glycol)-
terephthalate/poly-(butylene terephthalate) implants for congruent articulating
restoration in a rabbit knee model (Woodfield et al., 2009). After performing tibial and
femoral osteotomies, the chondrogenically primed implants were fixed within the joints.
It was observed that the implant was stable, and the formed articulating layer was
functional. However, histological analysis of operated joints showed that the repaired
tissue was more fibrous-like. For synovial joint regeneration, Lee et al. (Lee et al., 2010)
3D printed a PCL-hydroxyapatite scaffold mimicking the geometry of a rabbit proximal
humeral joint (Figure 2.16). The fabricated constructs were infused with TGF-B3 to
promote host cells infiltration. After 4 months of implantation, bone growth and some

cartilage repair were observed, while the animals showed no impaired movement.

All in all, these studies demonstrated the potential of 3D bioprinting strategies for
whole joint regeneration. More recent advances, including high control over the spatial
deposition of cells, biological cues, and biomaterials, open up the possibility to use multi-

tool biofabrication approaches for engineering of more functional joint tissue implants.
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Figure 2-16 Development of humeral head shaped implants fabricated via FDM for synovial joint
replacement in a lapine model. (a-d) Macroscopic images of the implant with or without TGF-B3 in
comparison to unimplanted construct and native tissue. (¢) Number of cells per mm?, (f, j) Safranin-O
staining of the cartilage layer, (h) matrix density and (k) cartilage thickness present in constructs with and
without TGF-B3. (Lee et al., 2010).

2.5 Computational methods for aiding on the design of tissue engineered

scaffolds

Computational modelling has been extensively explored to aid on the design of
implants for tissue engineering. Traditionally, scaffolds are fabricated according to in
vitro and in vivo experimental results by adopting a “trial-and-error” approach, which is
expensive, time-consuming and has poor control over the scaffold properties. Design of
a scaffold before fabrication using computational methods such as computer-aided design
(CAD), finite element analysis (FEA) and computational fluid dynamics (CFD) is
advantageous for a number of reasons. It can reduce the iteration of experiments, it
becomes a predictive tool for scaffold properties prior to fabrication and testing, it permits

the evaluation of some scaffold properties that are challenging to investigate
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experimentally (i.e. stress and strain distribution), and it provides researchers with a broad
range of choices for the design and/or optimization of scaffolds (Zhang et al., 2019). As
previously discussed, geometrical and mechanical properties are believed to play a
critical role in the successful development of implants for osteochondral tissue
engineering. Geometrically, the construct needs to have adequate porosity and full
interconnectivity (internal architecture) as well as functional external architecture to fit
the defect dimensions. Mechanically, it needs to provide structural support to the
surrounding tissue and distribute appropriate stresses and strains to the cells to influence
subsequent tissue formation (Lohfeld et al., 2015). Finite element modelling (FEM) tools
have been used to simulate how changes in the internal architecture and applied external

forces can affect the scaffold performance (Eshraghi et al., 2012; Giannitelli et al., 2014).

Melchels et al. (Melchels et al., 2010) developed CAD models of 3D scaffolds with
different architectures (cube, diamond and gyroid). The designed structures were
fabricated by stereolithography and made either of poly(D,L-lactide) or poly(D,L-lactide-
co-E-caprolactone). Bulk properties of the solid materials were used to implement finite
element (FE) models to predict the deformation characteristics of the porous scaffolds.
The gyroid structures were found to provide more evenly distributed mechanical stimuli
within the construct, which would be beneficial for cell proliferation and differentiation.
Lipowiecki et al. (Lipowiecki et al., 2010) studied how scaffold pore shape, pore size and
loading regime influenced the scaffold stress distribution in the context of bone
remodelling. Other studies investigated how the fabrication technique influenced scaffold
architecture properties. Cahill et al. (Cahill et al., 2009) developed FE models of
polyamide (PA) and PCL scaffolds fabricated using selective laser sintering, in order to

predict the effective moduli of the constructs. Assuming isotropic material properties, it
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was found that the effective modulus under compression was overpredicted by 67% for
PCL scaffolds, whereas it was overestimated by 81, 125 and 147% in the x, y and z
directions respectively for PA scaffolds. They suggested that microfeatures of the
structure, such as roughness and microporosity, influenced the predicted scaffold
mechanical properties. Entezari at al. (Entezari et al., 2016) optimized scaffold
geometrical features such as filament size, pore size and amount of overlapping between
filaments to design structures with high compressive strength while maintaining high

porosity.

Among the number of factors that could affect cell fate, the local mechanical
stimulation determined by fluid flow is very important and could be affected by the
scaffold structure. Scaffold fluidic properties can be investigated and optimized using
CFD. Almeida et al. (Almeida et al., 2013) explored the effect of varying pore size on the
fluidic behaviour of scaffolds. It was predicted that scaffolds with smaller pores
experienced variable wall shear stress and shear strain rate in different regions of the
scaffold. Olivares et al. (Olivares et al., 2009) have investigated the scaffold behaviour
under fluid flow and axial compression, observing that cell differentiation is more

sensitive to fluid flow.

Combining FEM with mechanobiological models could potentially help evaluating
the effect of specific biophysical factors on tissue in vitro and in vivo, and ultimately
improving the scaffold design (Checa et al., 2009). O’Reilly et al. (O'Reilly et al., 2016)
developed a model that simulated osteochondral defect repair following the implantation
of different variations of a construct developed by Da et al. (Da et al., 2013) (Figure 2.17).
It was predicted that the presence of a compact layer, separating the cartilage from the

bone region of the scaffold, improved tissue formation as angiogenesis was confined to
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the subchondral region of the defect. Moroni et al. (Moroni et al., 2007) performed a
numerical investigation on the mechanical behaviour of poly(ethylene oxide-

terephthalate)-co-poly(butylene terephthalate) anatomical 3D scaffolds as menisci
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Figure 2-17 Simulating treatment of an osteochondral defect with a trilayer engineered scaffold. (a)
Predictions of cell differentiation over 24 weeks. (b, ¢) Quantification of the different type of tissue forming
within the chondral region of an empty defect, bilayer and trilayer scaffolds at 12 and 24 weeks. (O’Reilly
etal., 2016).

replacements. A comparison between FE models of both the proposed scaffold and
meniscectomy, suggested that the designed constructs would determine a more

physiologic stress and strain distribution on the articular cartilage surface.
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2.6 Bioreactor systems

Mechanical stimulation can directly influence the structure and function of
musculoskeletal tissues at different stages of life. Chondrocytes have been shown to
respond to a wide range of mechanical stimuli (i.e. hydrostatic pressure, osmotic pressure,
fluid flow, shear, deformation) during development and growth (O'Conor et al., 2013).
Growing interest has been paid in understanding the mechanobiology of MSCs and how
to leverage mechanical and biophysical cues to drive MSCs differentiation, leading to
appropriate tissue regeneration. Bioreactor systems have been explored to identify the
specific mechanical environment to enhance tissue-specific matrix production within

cell-encapsulated tissue engineered constructs.

A number of in vitro studies have demonstrated that the type of applied mechanical
stimulus, duration and frequency, influence the cell response (Mauck et al., 2007). It has
been shown that unconfined dynamic compression significantly improved the functional
properties of chondrocyte-seeded scaffolds (Mauck et al., 2003; Mauck et al., 2000).
Similar results were observed in MSC-seeded constructs. Aggrecan and collagen type 11
expression increased when human or rabbit MSC-based constructs were subjected to
dynamic compressive loading (Huang et al., 2004). The presence of exogenous growth
factors such as TGF-8, can also determine the MSCs response to compressive loading. In
the absence of TGF-B, it was found that compressive loading alone resulted in
chondrogenic differentiation that was comparable to stimulation with TGF- alone or
TGF-8 plus loading (Kisiday et al., 2009). The architecture of cell-seeded constructs or
the stiffness of the scaffold material were also found to affect how loading is transferred
to the cells during mechanical stimulation. Bartnikowski et al. demonstrated how the

internal architecture of 3D printed PCL scaffolds influenced the cellular response of
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osteoblasts in perfusion bioreactor cultures. (Bartnikowski et al., 2014). Aziz et al. (Aziz
et al., 2019) studied the effect of hydrostatic pressure on cell fate within a bi-layered
hydrogel with soft and stiff layers. It was found that, high hydrostatic pressure inhibited
late-stage osteogenesis of human MSCs in the stiffer layer; when hydrostatic pressure

was reduced, mineralization was recovered.

2.7 Summary

Engineering both a mechanically functional and cell-instructive environment within
tissue engineered constructs is critical to their likelihood of success. Engineering
biomimetic scaffolds for the regeneration of the osteochondral unit will likely require a
multi-disciplinary approach, involving the combined use of 3D bioprinting,
computational modelling and bioreactor systems, which has not been identified yet . The
integration of such advanced technologies could provide a framework for tissue
engineering anatomically accurate regenerative implants for biological joint resurfacing.
The literature review has discussed the potential of using co-cultures to produce cartilage-
like tissue, and the advantage of forming hypertrophic cartilage templates, that can
undergo endochondral ossification in vivo, to generate bone-like tissue. In general,
studies have focused on engineering implants for treating focal defects, with only few
papers on developing whole joint prosthesis. The literature review also showed that the
mechanical environment and the structural organization of the native tissue components
are key to the development of functional tissues, but difficult to recapitulate when
engineering tissue replacements. Transitioning from repairing focal defects to resurface

an entire joint will require providing a spatially defined, biomimetic environment with
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both biological and mechanical functionality of the tissue engineered construct. The
literature review highlights that a number of strategies including tailoring of constructs
architecture, controlling spatial distribution of biomaterials, cells and biological cues
within the construct, and providing suitable mechanical cues to the engineered construct
could potentially result in the development of adequate tissue replacements. The most
promising study by (Lee et al., 2010), showed the potential of using 3D printed polymer
constructs loaded with a growth factor to recruit host cells, for repairing the shoulder joint
of a rabbit. Despite this study has laid the groundwork for tissue engineering total joint
prosthesis, additional steps of elucidating the optimal combination of cells, biomaterials
and bioactive cues for both cartilage and bone tissue are required to engineer a functional

biological joint.

The next chapter of this thesis (Chapter 3) will use FEM to aid in the design of 3D
printed polymeric structures with desired mechanical properties. Recognizing that
hydrogels alone do not possess suitable mechanical properties for load-bearing
applications, Chapter 4 will use 3D bioprinting to produce fibre-reinforced IPN hydrogels
with mechanical properties mimicking those of articular cartilage and capable of
providing a pro-chondrogenic environment in vitro to encapsulated MSCs. FEM and
experimental mechanical tests will be used to characterize the mechanical behaviour of
the resulting composites. Chapter 5 will explore the ability to engineer both
phenotypically stable articular cartilage and hypertrophic cartilage in 3D bioprinted bi-
layered constructs in vitro. Specifically, the influence of co-cultures and mechanical
stimulation as strategies to develop stable articular cartilage will be evaluated. With a
view to develop ‘off-the-shelf” implants for total joint resurfacing, Chapter 6 will

investigate the capability of 3D bioprinted bi-layered constructs containing bioinks
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functionalized with specific growth factors to regenerate 1) large osteochondral defects

in the knee condyle of goats or 2) to replace the whole glenohumeral joint in rabbits.
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Chapter 3
Integrating finite element modelling and 3D
printing to engineer biomimetic polymeric

scaffolds for tissue engineering

3.1 Introduction

Tissue engineering applications often require the use of porous and biocompatible
three-dimensional (3D) scaffolds that serve as temporary templates for cell attachment
and proliferation, ultimately promoting tissue specific extracellular-matrix secretion and
functional regeneration (Hollister et al., 2016; O'Brien et al., 2011). For the engineering
of many tissues, the geometry and mechanical properties of the scaffold are key factors
that must be carefully tuned to appropriately direct regeneration. Geometrically, the
scaffold needs both a suitable external architecture to properly fit the defect, and an
internal architecture with sufficient porosity to facilitate cell migration and cell-cell
interactions. Mechanically, it should have sufficient strength to resist physiological
loading while appropriately distributing such stresses to the surrounding tissue during the

regeneration process (Lohfeld et al., 2015).

3D printing technology in tissue engineering allows the fabrication of patient-specific
scaffolds with high cell ingrowth capability, appropriate pore interconnectivity, highly
controlled internal geometry and more recently the incorporation of bioinks containing
cells (Giannitelli et al., 2014; Murphy et al., 2014a; Park et al., 2011). Among the number
of 3D printing techniques available, Fused Deposition Modelling (FDM) has shown great

potential in advancing the development of functional tissue replacements, as it enables
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the fabrication of scaffolds with precisely defined compositions and architecture (Sachlos
et al., 2003; Zein et al., 2002). Highly interconnected pore geometries with a wide range
of pores size can be obtained by varying printing parameters such as needle diameter,
extrusion pressure and speed (Olubamiji et al., 2016; Sachlos et al., 2003; Zein et al.,
2002). Moreover, mechanically robust scaffolds can be produced with mechanical
behavior mimicking that of several biological tissues (Olubamiji et al., 2016; Roohani-

Esfahani et al., 2016; Woodfield et al., 2004).

From a mechanical point of view, there is still a lack of knowledge on the behavior of
3D printed structures under compressive load and how such implants might respond to
physiological loading conditions. The absence of a simple and efficient framework to
explain the micromechanical behavior of 3D scaffold structures can limit or slow down
the development of appropriate tissue engineered scaffold designs. Previous studies
attempting to develop functional scaffold designs have typically adopted a “trial-and-
error” approach, where modifications to an existing design are assessed using
experimental work. Computational methods that simulate the mechanical behavior of 3D
constructs can also provide valuable insights into the structure-function relations of such
implants (Giannitelli et al., 2014; Lacroix et al., 2009). A number of studies have used
Finite Element Analysis (FEA) to optimize and/or evaluate scaffold designs in terms of
oxygen diffusion (O'Reilly et al., 2016; Woo Jung et al., 2013), mechanical properties
(Almeida et al., 2013; Eshraghi et al., 2012) and cell response to external stimuli (O'Reilly
et al., 2016; Sun et al., 2004; Yan et al., 2010). The accuracy of such FE models strongly
depends on how precisely the architecture of the printed structure is represented.
Discrepancies between the originally designed structure and the actual printed geometry

will always occur during the FDM process. For example, filaments from one layer of a
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printed scaffold fuse to differing degrees into the previous layer, altering the geometry of
the scaffold. The importance of considering these geometrical differences when
developing FE models of 3D printed structures has only recently been appreciated
(Gleadall et al., 2018; Naghieh et al., 2018). Therefore, FE analysis aided design of 3D
printed scaffolds must consider the actual printed geometry of the construct, ideally
without resorting to use of computationally expensive techniques that would limit the

widespread use of such approaches.

The overall goal of this study was to develop a computationally efficient and
accessible FE modelling strategy that could be used to design 3D printed
polycaprolactone (PCL) scaffolds with user-defined mechanical properties. To this end,
we first printed a range of PCL scaffolds with altered fibre spacing and fibre diameters,
and then created Computer Aided Design (CAD)-based FE models of both the idealized
scaffold designs (pre-fabrication) and the actual printed scaffolds (post-fabrication). The
advantage of modelling actual printed geometries and the ability of such models to predict
the mechanical behavior of complex 3D structures is demonstrated by comparing
computational predictions to experimental measurements. The utility of this integrated
approach is demonstrated by designing and 3D printing scaffolds with defined stiffness
and elasticity, with a particular focus on articular cartilage tissue engineering.
Computational efficiency will be ensured by using CAD-based scaffold representations,
that only account for key geometrical features of the actual printed geometry parameters
(e.g. fibre diameter, fibre spacing, layer fusion), to predict the mechanical behavior of 3D
printed scaffolds. Using CAD-based FEA in this way is advantageous as there is no need

to develop sample-specific models that require expensive and time-consuming imaging
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techniques (i.e. micro-computed tomography (micro CT)) to determine the geometry of

the scaffolds.

3.2 Materials and methods

3.2.1 Scaffold design and fabrication

All scaffold geometries were designed to obtain cube shaped constructs with
dimensions 9 mm x 9 mm x 4 mm. To investigate how geometry features can influence
scaffold mechanical properties and porosity, five different architectures were obtained by
varying fibre spacing (s) (1 or 1.5 mm), fibre diameter (d) using two different needle sizes
(25 or 30 Gauge) and internal fibre pattern (Aligned, Single Offset or Double Offset).
Scaffold geometrical features are described in Figure 3.1a-d. The Aligned architectures
(Figure 3.1b) were characterized by a fibrous network comprising of aligned filaments
stacked in horizontal layers that followed a 0°0° - 90°90° pattern, whereby layer X was
plotted orthogonally to layer X-2 (resulting in a 90° angle) and was plotted in the same
relative position of layer X-1. By systematically varying fibre spacing and fibre diameter,
three different Aligned designs were obtained. Aligned 1 and Aligned 2 structures had a
filament diameter of 0.26 mm (25 gauge needle) and two different spacings, 1 and 1.5
mm respectively. This resulted in filament inter-spacings of 0.74 mm for Aligned I and
1.24 mm for Aligned 2. To study the effect of filament diameter, A/igned 3 architecture
had a fibre diameter of 0.16 mm (30 gauge needle), while the fibre spacing was the same
as the Aligned 2 design (1.5 mm), resulting in a fibre inter-spacing of 1.34 mm. The Single
Offset (Figure 3.1c) and Double Offset (Figure 3.1d) patterns are also orthogonal

architectures characterized by layer X being printed with an offset distance, which is half
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the fibre spacing, relatively to the position of layer X-4. Offset layers are present only in
the xz-plane for Single Offset structures (showed in red in Figure 3.1c), whereas they are
present in both xz- and yz- planes for Double Offset geometries (showed in red in Figure
3.1d). Fibres orientation was modified after the deposition of two consecutive layers in

all geometries to provide the scaffolds with high side porosity.

All constructs were manufactured using the 3D Discovery bioplotter purchased from
RegenHU (Switzerland) with spatial resolution of + 5 um. PCL pellets with an average

molecular weight (Mn) of approximately 50,000 Da (CAPA 6500D, Perstorp, Sweden)
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Figure 3-1 (a) Scaffold geometrical features: d, fibre diameter; s, fibre spacing; inter-s, fibre inter-spacing;
LT, layer thickness; 1, length of the scaffold; h, height of the scaffold. (b-d) Schematic describing the
different filament patterns of the designed scaffolds consisting of a regular orthogonal architecture in the
case of (b) the Aligned pattern, whereas offset layers are present only in one plane for (¢) the Single Offset
pattern or in both planes for (d) the Double Offset pattern. Offset layers are indicated in red.
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were used as received. Porous PCL frames were fabricated via FDM using the parameters

reported in Table 3.1.

Table 3-1 Summary of FDM printing parameters.

Aligned 3 (d=0.12mm; s=1.5mm)

Aligned 1 (d=0.3mm; s=1.0mm) | Single OffSet (d=0.12mm; s=1.5mm)

Printing Parameters | Aligned 2 (d=0.3mm; s=1.5mm) | Double Offset (d=0.12mm; s=1.5mm)
Needle (Gauge) 25 30
Layer Thickness (mm) 022 0.1
Pressure (MPa) 0.5 0.1
Printing Speed (mm/s) 4 6
Extrusion Speed (revs/m) 14 10
Tank Temperature (°C) 70 86
Needle Temperature (°C) 70 78

3.2.2 Scaffold characterization

3.2.2.1 Geometry analysis
The geometry of the PCL scaffolds post-printing was characterized using micro-CT.
Scans were performed using a Scanco Medical 40 pCT system (Scanco Medical,

Switzerland) with a 70 kV and 114 pA x-ray source with a voxel size of 16 um.
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Simpleware™ ScanIP (Synopsys,Inc., USA) was used for processing, segmentation, 3D
model reconstruction and analysis of the previously obtained CT images. Scaffolds fibre
diameter and inter-spacing (inter-s) were measured from the top cross-sectional view of
the reconstructed model, while the length of two consecutive fused layers was determined

from the front cross-sectional view. Layer Fusion was calculated as follows:
Layer Fusion (mm) = (2 * designed LT) — FL (1)

where LT refers to the ideally designed Layer Thickness (Figure 3.1) and FL indicates

the length of two consecutive Fused Layers in the fabricated constructs.

3.2.2.2 Porosity
The theoretical porosity (Py) of the designed scaffolds was estimated by volumes as

follows:

P, (%) = 1 — 2¢affold , 10 )

solid

where Vicaffold 18 the theoretical volume of the porous cubic scaffold and Volig is the

volume of a non-porous cube with the same scaffold dimensions.

The porosity of the 3D printed structures was evaluated experimentally using the

gravimetric method according to the following equation:

P, (%) = 1 — Zeffold 4 100 3)

PPCL

where P. is experimental porosity, pscaffold 1S the apparent density of the scaffold,

whereas ppcr is the PCL density which is 1.145 g/mL. pscatfold Was obtained as:

Mscaffold
Dicoffold )
scaffold

pscaffold (g/mL) =
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where mgcaffold and Vicatfold are the weight and the volume of the scaffold respectively.
The weight of the 3D printed constructs was quantified using an analytical balance

(Mettler Toledo Excellence XS205 DualRange with sensitivity of 0.01 mg).

3.2.3 Mechanical characterization

Mechanical tests were carried out in unconfined compression in air at room
temperature (~25°C) using a twin column Zwick universal testing machine (Zwick, Roell,
Germany). All samples (n = 4 per group) were subjected to a compressive-strain cycle
load up to 5 cycles with nominal strain amplitude of 10, 20, 30, 40 and 50 % in sequence.
The specimens were compressed at a cross-head speed of Imm/min between two
impermeable metal platens after applying an initial preload of 1 N. A 2,500 N load cell
was used for testing samples produced with a 25 Gauge needle, whereas a 100 N load
cell was used for those fabricated with a 30 Gauge needle. The load versus displacement
data were recorded throughout. The engineering stress and strain were calculated by
dividing the load value with the initial apparent cross-sectional area of each sample and
the displacement value with the initial sample height, respectively. The elastic modulus
was taken as the slope of the initial linear region of the plotted stress-strain curve obtained

from the first compressive cycle.

The scaffold permanent deformation (PD), defined as apparent uniaxial plastic strain

in the material, was calculated at the end of the tests as follows:

Test Speedx* Ats

PD (%) = %100 (5)

where Ats (s) is the interval of time at the start of the 5™ cycle in which no force is
applied, assuming the sample underwent permanent deformation, while ho (mm) is the

height of the sample prior to test.

72



3.2.4 Finite element analysis

To predict the compressive properties of the 3D printed scaffolds, CAD-based FE
models were developed using ABAQUS v6.14 (DS Simulia, USA). For Aligned 1
(d=0.3mm; s=1.0mm) and Aligned 2 (d=0.3mm; s=1.5mm) structures, ramp compression
tests until 10 % strain were simulated for both an idealized and an actual printed scaffold
representation. In the idealized models, pre-fabrication scaffold geometry features were
reproduced. On the other hand, actual printed scaffold models were characterized by
geometry parameters measured post-fabrication including layer fusion. For Aligned 3
(d=0.12mm; s=1.5mm), Single Offset (d=0.12mm; s=1.5mm) and Double Offset
(d=0.12mm; s=1.5mm) structures, only actual printed models were developed simulating
the same mechanical loading conditions as for Aligned I and Aligned 2. Both idealized
and actual printed models consisted of a symmetric structure of approximately cubic
scaffolds (4.5 mm x 4.5 mm x 4 mm). For all groups, the nodes at the top face of the
scaffolds were given a displacement of approximately 0.4 mm corresponding to 10 %
compressive strain. The nodes at the bottom ends of the constructs were constrained only
in the direction of loading, allowing for scaffold expansion in the remaining two
directions due to the Poisson’s effect. Symmetry boundary conditions were also applied
as the model was reduced to a quarter section cut along the xz and yz planes of symmetry.

Therefore, x and y DOFs perpendicular to the symmetry planes were constrained.

The effective compressive modulus of the constructs was determined from the stress
and strain values of the linear region of the curve calculated from the displacement and
resultant reaction force data computed from the simulations. To compare the predictions
to the experiments, the resultant reaction force was multiplied by four to evaluate the

models’ outputs for the entire constructs. Isotropic elastic behaviour was initially
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assumed for Aligned 1 and Aligned 2 models. Quadratic ten-node tetrahedral elements
(C3D10) were used. Table 3.2 summarizes the material properties of PCL which were

obtained from literature (Lohfeld et al., 2015; Ragaert et al., 2009; Rosa et al., 2004).

3.2.4.1 Elastoplastic material model

As PCL will deform plastically once the stress in the material exceeds its yield stress,
an elastoplastic material model is preferable to an elastic material model when the stress
in the material is expected to exceed the yield stress during loading (Entezari et al., 2016;
Ribeiro et al., 2017). To predict more accurately the PCL scaffolds’ stress-strain
behaviour under compression, uniaxial elastoplastic models were implemented (only for
the actual printed geometries for all scaffold groups). The same model configuration and
boundary conditions as in the purely elastic material models were applied. The plasticity
model used was the von Mises yield criterion with isotropic hardening. To define the
stress-strain curve, the yield and failure points of the material were considered as found
in literature (Rosa et al., 2004). The implemented material parameters are summarized in
Table 3.2. In Abaqus the plastic input parameters required were true stress and true plastic
strain. Assuming no volume change in the specimen, the true stress (Gwue) Was calculated

as follows:
Otrue = Oeng * (1 + Seng) (0)
where Geng and €eng are engineering stress and strain.

The true total strain (ewue) Was calculated as:

Etrue = ln(l + eeng) (7)

from which the true plastic strain (gp1) was obtained as:
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j— —_ O-tT’U.e
Epl = Etrue — €el = Etrue — < E ) (8)

where ¢ is the elastic strain, o},

irue 15 the true yield stress and E is the Young’s

modulus.

3.2.4.2 Determination of permanently deformed element volume fraction

To determine theoretically which scaffold architecture was more likely to undergo
higher permanent deformation, the element volume fraction experiencing stress greater
than 17 MPa, which is approximately the yield stress of PCL (Ragaert et al., 2009; Rosa

et al., 2004), was quantified as follows:

(element volumeg>17Mpa)

Element Volume Fraction (%) = * 100 9)

(total element volume)

where element volumes-17mpa represents the volume of the elements in the FE model
showing stress greater than 17 MPa, whereas total element volume represents the volume
of all the elements composing the scaffold model.

Table 3-2 Elastic and plastic material parameters used for the numerical analysis of PCL scaffolds where

E is the Young’s modulus; v is the Poisson’s ration; o7,

rue 15 the true yield stress; sil is the true plastic yield

strain; o{me is the true stress at failure; slfﬂ is the true plastic strain at failure.
Material Material Model Material Properties
PCL Isotropic elastic  E =430 MPa
v=03
Isotropic plastic o, = 17.745 MPa
y —
&= 0
o/ . =113.39 MPa
?
£, = 1.3316
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3.2.5 Statistical analysis

Statistical analysis was performed using GraphPad (GraphPad Software, La Jolla
California USA). Compressive modulus, porosity and permanent deformation analysis
for varying filament spacing (Aligned 1 vs. Aligned 2) and filament diameter (Aligned 2
vs. Aligned 3) were examined using a student’s t-test where means were compared. One-
way analysis of variance (ANOV A) with the addition of Tukey’s correction was used for
multiple comparisons testing (Aligned 3 vs. Single Offset vs. Double Offset). Results are
expressed as mean + standard deviation. For all comparisons, the level of significance

was p < 0.05.

3.3 Results

3.3.1 The effect of filament diameter and spacing on the porosity and mechanical

properties of 3D printed PCL scaffolds

3.3.1.1 Scaffold design and fabrication
To evaluate the effect of filament diameter and spacing on both the porosity and
mechanical properties of 3D printed PCL scaffolds, three different idealized architectures

were designed as shown in Figure 3.1b.
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3D Printed Top Cross Section Cross Section Isometric
a Scaffolds Section xz-plane yz-plane Section

1.0mm)

Aligned 1

Aligned 2
(d=0.3mm; s=1.5mm) (d=0.3mm; s

Aligned 3
(d=0.12mm; s=1.5mm)

Figure 3-2 Microscopy and micro-CT images of (a) Aligned 1 (d=0.3mm; s=1.0mm), (b) Aligned 2
(d=0.3mm; s=1.5mm) and (c) Aligned 3 (d=0.12mm; s=1.5mm) scaffolds fabricated via 3D printing. Scale

bar: 1 mm.

The actual printed structures of the different scaffold designs are shown in Figure 3.2.
3D printing allowed for accurate and controlled deposition of PCL filaments, although
micro-CT reconstructions demonstrate that some fibre diameter inhomogeneities exist in
all three structures (Figure 3.2a-c). From the CT scans, the average fibre diameter was
found to be approximately 0.3 mm in both the Aligned I and Aligned 2 architectures,
whereas the filament diameter was about 0.12 mm for Aligned 3. Therefore, the inter-
spacing between consecutive struts was smaller in Aligned 1 (0.660 = 0.017 mm) and
Aligned 2 (1.168 + 0.089 mm) compared to the ideal designs, while it was bigger in
Aligned 3 (1.373 + 0.025 mm). This had an effect on the resultant porosity of the actual
printed scaffolds (Table 3.3). Compared to the idealized structures, Aligned I and Aligned

2 structures were less porous, whereas Aligned 3 scaffolds had greater porosity. From
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the cross-sections of the CT scan images (Figure 3.2), it was observed that the printed
filaments in all architectures did not have a regular rounded shape as ideally designed.
This is because some degree of fusion between consecutively deposited layers occurred.
Layer Fusion, which is considered 0 in the ideal designs, was quantified according to
equation (1). It was found to be approximately 0.08 mm in Aligned 1 and Aligned 2,

whereas it was approximately 0.02 mm in A/igned 3 (Table 3.3).

3.3.1.2 Constructs porosity, permanent deformation and mechanical properties
The compressive modulus and the extent of permanent deformation following the
application of cyclic strain was calculated for each scaffold design (Figure 3.3a).
Representative stress-strain plots of the first loading cycle for the three architectures are
shown in Figure 3.3b, while representative stress-strain graphs of the five applied
compressive cycles are shown in Supplementary Figure 1a, b. As expected, increasing
the filament fibre spacing from 1 mm (Aligned I) to 1.5 mm (Aligned 2) increased the
porosity and reduced the compressive modulus of the resulting scaffold (Table 3.3; Figure
3.3c). Both Aligned I and Aligned 2 geometries experienced permanent deformation after
the application of the first compressive cycle (10 % applied strain) as it is shown in
Supplementary Figure 2a, b for Aligned 1 and Aligned 2 scaffolds, respectively. Overall,
the higher porosity scaffolds (4/igned 2) underwent higher permanent deformation (~25
%) compared to the less porous constructs (Aligned 1; ~22 %) (Figure 3.3¢). Reducing
the filament diameter (4/igned 3) also increased the porosity and reduced the compressive
modulus of the scaffold (Table 3.3; Figure 3.3d). Moreover, lower permanent

deformation was observed (Figure 3.3f).
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Figure 3-3 (a) Schematic illustration of the mechanical testing set-up and protocol used to perform
unconfined cyclic compression tests. (b) Representative stress-strain curves for Aligned I (d=0.3mm;
s=1.0mm), Aligned 2 (d=0.3mm; s=1.5mm) and Aligned 3 (d=0.12mm; s=1.5mm) architectures. Effect of
modifying (c, e) fibre spacing and (d, f) fibre diameter on porosity, compressive modulus and permanent

deformation of 3D-printed PCL constructs. *p<0.01, n = 4 per group.
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3.3.2 FE models incorporating actual printed geometries can accurately predict the
mechanical behaviour of 3D printed scaffolds

FE simulations of unconfined ramp compression tests were first performed using both
idealized and actual printed geometries for the Aligned I (Figure 3.4a, ¢) and Aligned 2
(Figure 3.4b, d) structures using an elastic material model. In idealized in silico models,
the ideally designed geometry parameters generated by CAD models were used to
represent the constructs. In actual printed models, scaffolds were reproduced using the
structural features measured post-fabrication where the actual fibre diameter and the
amount of fusion between layers were included as model parameters. The Von Mises
stress was predicted to be higher at the crossover areas between consecutive printed layers
for both idealized (Figure 3.4a, b) and actual printed (Figure 3.4c, d) models for the
Aligned 1 (Figure 3.4a, c) and Aligned 2 (Figure 3.4b, d) scaffolds. Comparing the
predicted stress-strain behaviour with the experimental results (Figure 3.5a, c¢), it can be
observed that using the idealized representation of both Aligned 1 (Figure 3.5a) and
Aligned 2 (Figure 3.5¢) scaffolds resulted into a significant underestimation of the bulk
compressive modulus (Figure 3.5b, d). On the other hand, the actual printed models,
which reproduced key scaffold geometrical features (including layer fusion) as they were
measured after fabrication, showed good agreement with the experimental measurement
of compressive modulus for the Aligned 1 (Figure 3.5b) and Aligned 2 (Figure 3.5d)
scaffolds. Nevertheless, actual printed models that considered only elastic material
properties failed to accurately predict the stress-strain response, specifically the apparent

transition from the linear elastic to the plastic region under compression (Figure 3.5a, c).

Due to the architecture of these scaffolds it is expected that some local permanent

deformation will occur within the body of the scaffold once the localized stress exceeded
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the material yield stress (the yield stress of PCL is estimated to be ~17 MPa (Ragaert et
al., 2009; Rosa et al., 2004)). Therefore, an elastoplastic material model for PCL was

introduced and simulations of ramp compression tests were performed only for the actual
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Figure 3-4 Comparison of von Mises stress distribution in (a, b) idealized elastic, (c, d) actual printed
elastic and (e, ) actual printed elastoplastic models for (a, c, e) Aligned 1 (d=0.3mm; s=1.0mm) and (b, d,
f) Aligned 2 (d=0.3mm; s=1.5mm) designs.

printed configurations of both Aligned 1 (Figure 3.4e) and Aligned 2 (Figure 3.4f). The
predicted peak values of von Mises stress were lower using the elastoplastic material
model (Figure 3.5a, c). Furthermore, the predicted stress-strain behaviour was more

representative of experimental observations.
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To evaluate the effect of varying filament diameter on scaffold mechanical properties
using FEA, in silico models of the Aligned 3 constructs were also developed using an
elastoplastic material model and the actual printed geometry (Figure 3.6d-f). When
comparing Aligned 2 and Aligned 3 models, it can be observed once again that the
compressive forces are mainly supported at the filament junctions of adjacent layers,
although the stresses generated within the Al/igned 3 structure were lower compared to
Aligned 2 (Figure 3.6a,d). The actual printed elastoplastic models were again capable of
accurately predicting the stress-strain behaviour (Figure 3.6¢) and compressive modulus

(Figure 3.6f) of the scaffolds.
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3.3.3 FE modelling to inform on the design of 3D printed scaffolds with user defined
mechanical properties

Having developed a computational framework that was able to accurately predict the
uniaxial compression behaviour of 3D printed scaffolds, we next sought to leverage this
approach to design scaffolds with biomimetic mechanical properties. Articular cartilage
has a region specific-compressive modulus that varies from approximately 0.25 MPa to
1.8 MPa (Athanasiou et al., 1994; Boschetti et al., 2004). Ideally scaffolds designed to
regenerate this tissue should have mechanical properties falling in the aforementioned

range to provide a physiological-like mechanical environment.

The effect of varying filament pattern of fibrous constructs was evaluated. Figure

3.1c, d shows the strategies adopted to modify the scaffold fibre arrangement starting
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from the Aligned 3 structure. The new designed architectures had the same filament
diameter and spacing as Aligned 3, but different filament pattern. The Single Offset
architecture (Figure 3.1c) was characterized by offset layers present only in the xz-plane,
whereas it showed a regular orthogonal arrangement in the yz-plane. The Double Offset
scaffold (Figure 3.1d) differed from the previous one because it had offset layers in both
xz- and yz- planes. The offset was set to 0.75 mm (half the fibre spacing) in both cases.
Single Offset and Double Offset mechanical properties were predicted simulating
compression tests as done previously. Von Mises stress plots for the Single Offset
architecture (Figure 3.7a) were similar to the previously analysed structures if looking at
the yz-plane where filaments are arranged orthogonally with no offset. Here higher levels
of stress were experienced at the points where filaments crossed over. On the xz-plane,
the stress was not particularly concentrated in certain areas, but it was more

homogeneously distributed through the fibres.

In the Double Offset architecture model (Figure 3.7b), the same homogeneous stress
contour, which was present only in the xz-plane for the Single Offset model, was observed
throughout. This resulted in overall lower levels of stress experienced by the Double
Offset architecture. Predicted compressive stress-strain curves (Figure 3.7¢) showed that
varying the filament pattern of the porous scaffolds from Aligned 3 to Single Offset and
Double Offset decreased the stiffness of the constructs. This was confirmed when
calculating the compressive modulus (Figure 3.7d) which was 1.88, 0.56 and 0.22 MPa

for Aligned 3, Single Offset and Double Offset respectively.

To predict which architecture is more likely to undergo higher permanent
deformation, the element volume fraction of each model which experienced stress greater

than 17 MPa (PCL yield stress) was calculated according to equation (9). Figure 3.7¢
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shows the quantified element volume fraction for the three analyed models. It was
predicted that the Aligned 3 configuration had the highest volume fraction (9.56 %)
indicating this was the structure that would experience more permanent deformation
when subjected to 10 % compression. The Single Offset model had a volume fraction of

4.44 % and the Double Offset model had 0.2%, thereby the latter having the lowest plastic

deformation.
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3.3.3.1 Models validation

Single Offset and Double Offset PCL constructs were 3D printed according to the
fabrication parameters used for the Aligned 3 architecture as reported in Table 3.1. Figure
8a shows microscope images of the obtained scaffolds. Constructs were mechanically
tested following the same cyclic compression test protocol applied for the previous
experiments. Representative stress-strain curves of the first loading cycle are shown in
Figure 3.8b, in which Aligned 3, Single Offset and Double Offset mechanical properties
are compared. Stress-strain graphs of the five applied compressive cycles are shown in
Supplementary Figure 1c-e. As it was predicted, Double Offset constructs are the softest
whereas Aligned 3 structures are the stiffest among the three groups. This was evidenced
by the differences in slope of the stress-strain curves. Moreover, the trend of the
experimental curves matched the predicted ones. The fabricated scaffolds where
characterized by high porosity which was about 90 % regardless of the filament pattern
chosen (Figure 8c, d). In good agreement with the computational results, the Single Offset
and Double Offset constructs had a compressive modulus of 0.817 + 0.02 MPa and 0.320
+ 0.03 MPa respectively (Figure 3.8c). Furthermore, varying the arrangement of the
scaffold filaments reduced the permanent deformation the constructs underwent after
being subjected to cyclic compressive loadings. All scaffold geometries underwent
plastic deformation after being subjected to 10 % compressive strain (Supplementary
Figure 2c-¢). Permanent deformation at the end of the test was measured to decrease from
about 18 % in Aligned 3 structures to approximately 16 and 14 % in Single Offset and
Double Offset constructs respectively (Figure 3.8d). Once again, CAD-FE models based
on actual printed scaffold geometry proved to be an efficient approach to design

constructs with desired structural and mechanical properties.
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Figure 3-8 (a) Microscopy images of Single Offset (d=0.12mm; s=1.5mm) (top) and Double Offset
(d=0.12mm; s=1.5mm) (bottom) 3D-printed PCL scaffolds; scale bar: Imm. Representative experimental
stress-strain curves for Aligned 3 (d=0.12mm; s=1.5mm), Single Offset (d=0.12mm; s=1.5mm) and Double
Offset (d=0.12mm; s=1.5mm) architectures. (c,d) Effect of modifying fibre pattern on porosity,
compressive modulus and permanent deformation of 3D-printed PCL constructs. *p<0.0001 Aligned 3
(d=0.12mm; s=1.5mm) vs. Single Offset (d=0.12mm; s=1.5mm), °p<0.0001 Aligned 3 (d=0.12mm;
s=1.5mm) vs. Double Offset (d=0.12mm; s=1.5mm), °p<<0.0001 Single Offset (d=0.12mm; s=1.5mm) vs.
Double Offset (d=0.12mm; s=1.5mm) when evaluating the compressive moduli, n = 4 per group. ‘p<0.01
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(d=0.12mm; s=1.5mm) vs. Double Offset (d=0.12mm; s=1.5mm), °p<0.01 Single Offset (d=0.12mm;

s=1.5mm) vs. Double Offset (d=0.12mm; s=1.5mm) when evaluating the permanent deformation, n = 4 per

group.
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3.4 Discussion

The fabrication of scaffolds with a controlled shape and interconnected pore network,
as well as appropriate mechanical properties, is fundamental when developing tissue
engineered constructs (Bracaglia et al., 2017; Hollister et al., 2005; O'Brien et al., 2011;
Salerno et al., 2009; Woodfield et al., 2004). 3D printing allows such control and permits
the creation of constructs that serve as temporary templates while the extracellular matrix
is produced, and can provide a mechanical environment conductive to tissue formation,
especially when combined with soft hydrogel materials (Bas et al., 2017c¢; Castilho et al.,
2018; Critchley et al., 2017; Daly et al., 2016b; Liao et al., 2013a). Computational
modelling has been increasingly applied to tissue engineering in order to aid in the design
of such 3D scaffolds (Bas et al., 2017a; Hendrikson et al., 2017; Milan et al., 2009;
Moroni et al., 2007). However, it can be challenging to develop FE models capable of
accurately predicting scaffolds mechanical properties, at least in part due to unintended
geometrical differences between the idealized and actual fabricated scaffolds (Cahill et
al., 2009; Doyle et al., 2014; Lohfeld et al., 2015). Herein we described a strategy for
designing 3D printed scaffolds with different structural and mechanical properties that is
informed by a FE model that accounts for differences between the idealized scaffold
geometry and what is eventually printed. Models of different scaffold architectures
provided an insight into the structure-function relation of such scaffolds, and how
modifying specific structural features can tailor the mechanical properties to those of a

wide range of native tissues.

Using FDM, we produced a number of scaffolds made of PCL, which is a synthetic
polymer widely used in 3D printing due to its biocompatibility, low melting temperature

and mechanical stability (Critchley et al., 2017; Daly et al., 2017a; Olubamiji et al., 2016;
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Woodruffetal.,2010). The optimal sets of fabrication parameters for two different needle
sizes (25 and 30 Gauge) were chosen to obtain defined porous structures with a good
resolution and to avoid delamination between consecutively printed layers. Varying PCL
scaffold geometrical features such as filament spacing and diameter had an effect on
scaffold porosity, mechanical properties and plastic deformation. Increasing the fibre
spacing from 1 mm (Aligned 1) to 1.5 mm (Aligned 2), but maintaining the same fibre
diameter, resulted in structures with a higher porosity and therefore a lower compressive
modulus. The more porous scaffolds also experienced higher permanent deformation.
This may be due to sagging of the filaments when spanning from one fibre to the next,
resulting in densification (impacting of the fibres against one another) of the scaffold
occurring earlier when compression forces are applied. Scaffold stiffness further
decreased whereas porosity increased when reducing fibre diameter (4/igned 3), although
lower permeant deformation was observed. This is likely due to the lower stresses (and
hence material yielding) that are predicted to be generated within the scaffolds with lower

fibre diameters as they are compressed.

Using micro CT, we revealed geometric discrepancies between idealized and actual
printed structures which are dependent on the fabrication process. Depending on the set
of fabrication parameters used, the PCL filament diameter was either larger (for the 25
Gauge needle) or smaller (for the 30 Gauge needle) than originally designed. Moreover,
the shape of the individual fibres was hard to distinguish as consecutively printed layers
fused together post-extrusion. Such discrepancies impact both scaffold geometry and
mechanical properties (Domingos et al., 2012; Tellis et al., 2008; Zein et al., 2002), but
to date there are only few modelling techniques that have simulated these geometrical

variations which have mainly focused on scaffolds for the regeneration of hard tissues
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(Campoli et al., 2013; Gleadall et al., 2018; Karamooz Ravari et al., 2014; Melancon et
al., 2017; Naghieh et al., 2016; Naghieh et al., 2018). For example, Campoli et al.
(Campoli et al., 2013) utilized FE models that implemented variations in the cross-section
area of the struts in porous metallic biomaterials, showing good predictions when
comparing computational and experimental results. Melancon et al. (Melancon et al.,
2017) developed a morphological map that would capture structural differences post-
fabrication of porous biomaterials, which was then used to create statistical based
numerical models that incorporated such geometrical irregularities. These models
produced more reliable predictions of experimentally measured mechanical properties.
Ravari et al. (Karamooz Ravari et al., 2014) developed a strategy to take account of
variations in filament diameter into their FE models of 3D printed structures, which also
improved the predictive capacity of the computational models. Naghieh et al. (Naghieh
et al., 2016; Naghieh et al., 2018) investigated the effect of fusion between the different
layers in 3D printed scaffolds, and again demonstrated the importance of considering this
when developing accurate FE models. In the current study, a FE modelling framework
was used to design scaffolds with mechanical properties suitable for soft tissue
applications. CAD-based FE models of the idealized and actual printed scaffold
architectures were developed to study the impact of such geometrical differences when
predicting the scaffold mechanical properties. Our models demonstrated that including
layer fusion is essential to accurately modelling 3D printed scaffolds. Indeed, when
comparing idealized to actual printed models (Figure 3.4 and 3.5), we have shown that
the idealized model, in which layer fusion was not accounted for, was not able to provide
accurate predictions because the geometry of the scaffold itself (e.g. scaffold height) was

inaccurate. The actual printed models described filament diameter and amount of layer
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fusion as measured post-fabrication. For both Aligned 1 and Aligned 2 designs, modelling
the idealized structures lead to a significant underestimation of the mechanical properties
compared to the experimental results. On the other hand, the predicted compressive
stiffness of the actual printed designs showed good agreement with the experiments,
especially when the plasticity of PCL was also considered. Implementing an elastoplastic
material model not only accurately predicted the compressive elastic modulus of the 3D
printed constructs but also captured the mechanical behaviour past the yield point. This

was observed for Aligned 1, Aligned 2 and Aligned 3 scaffold models.

To demonstrate how the proposed computational approach could be used to help
inform the design of a scaffold prior to printing, the laydown filament pattern of the actual
printed Aligned 3 structure was theoretically modified to obtain Single Offset and Double
Offset architectures. Introducing offset layers in one plane only (Single Offset) or in two
planes (Double Offset) reduced the compressive stiffness by almost one order of
magnitude (compressive modulus was decreased from 1.88 to 0.56 and ultimately to 0.22
MPa for Aligned 3, Single Offset and Double Offset designs, respectively), despite the
scaffold porosity being maintained constant. Varying the filament pattern also reduced
the permanent deformation within the scaffolds following the application of a defined
level of compressive strain. In the stiffer Aligned scaffolds, deformation of the entire
scaffold primary occurs due to the filaments undergoing compressive strain. The scaffold
is better designed to resist compressive deformation as columns of material are generated
where filament layers overlap, and large strains and stresses are generated locally in the
scaffold material at these points of overlap (Figure 3.4 and 3.6a, d). These large local
stresses cause the material to locally undergo plastic deformation. In the softer Offset

scaffolds, deformation of the scaffold occurs due to bending of the filaments. As the
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scaffold deforms in this way, it offers less resistance to compressive loading and smaller
stresses and strains are generated locally within the scaffold material (Figure 3.7a, b);
such smaller local stresses result in lower levels of permanent deformation. Experimental
compression tests confirmed the ability of the FE modelling framework to produce
scaffolds with specific mechanical attributes prior to their fabrication. Experimentally,
the porosity of the analysed structures was the same and the compressive moduli matched
the predicted values. In summary, we have developed a computationally efficient
modelling approach using CAD-based scaffold representations that account for key
geometrical features of the actual printed construct to predict the mechanical behaviour
of 3D printed scaffolds. Employing such CAD-based FE models by using the average
values of the scaffold geometrical parameters measured experimentally is advantageous
as there is no need to develop computationally expensive sample-specific models that
require complex and time-consuming imaging techniques (i.e. micro CT) to accurately
determine the geometry of the scaffolds. This approach is particularly beneficial in the
initial scaffold design phase, although considering sample-specific geometries (which we
have not undertaken in this study) will be important if trying to understand the variability

in scaffold mechanical properties from print to print.

3.5 Conclusion

This study demonstrates the benefits of combining computational and experimental
strategies for engineering spatially complex scaffolds. Specifically, a simple and
relatively accessible FE strategy was developed, which was shown capable of

successfully predicting the mechanical properties of 3D printed scaffolds prior to their
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fabrication. The geometric discrepancies between scaffold designs pre- and post-
fabrication was found to be critical in developing FE models capable of accurately
predicting the mechanical behaviour of 3D printed scaffolds. A number of strategies to
modulate the structural and mechanical properties of 3D printed PCL scaffolds was
explored, allowing constructs to be obtained with compressive properties spanning from
the kPa to the MPa range. Thus, the proposed FEA method combined with 3D printing
represents a powerful approach to producing biomaterial scaffolds mimicking the

mechanical properties of a broad range of biological tissues.
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Chapter 4
Reinforcing interpenetrating network hydrogels
with 3D printed polymer networks to engineer

cartilage-mimetic composites

4.1 Introduction

Articular cartilage is a thin layer of connective tissue that lines the ends of bones
within synovial joints. Under normal physiological conditions, cartilage provides a
smooth, lubricated surface for articulation that facilitates load support and distribution
across the joint. Biomechanically it functions as a multiphasic, fibre-reinforced material
that has anisotropic, nonlinear and viscoelastic properties (Gannon et al., 2012; Moutos
etal., 2007b; Mow et al., 1980). The complex load bearing properties of articular cartilage
strongly depend on the anisotropic nature of the tissue, consisting primarily of collagen
and proteoglycans, and the associated tension-compression nonlinearity (Guilak et al.,
2001; Moutos et al., 2007b; Mow et al., 1980; Soltz et al., 2000). The negatively charged
proteoglycans within articular cartilage generate an osmotic swelling pressure, which is
balanced by a pre-stress that is developed in the collagen network (Gannon et al., 2012;
Horkay et al., 2012). The compressive properties of cartilage typically increase as the
proteoglycans content increases, and the loss of proteoglycans has been shown to make
the tissue more prone to microdamage during mechanical loading (Buckwalter et al.,
1994b; Kempson et al., 1970; Mow et al., 1980; Pastrama et al., 2019; Schmidt et al.,
1990). The architecture and organization of the collagen fibres determine the intrinsic

tensile stiffness and strength of cartilage (Bae et al., 2008; Lu et al., 2008; Schmidt et al.,
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1990). The tensile modulus of articular cartilage is significantly higher than the
compressive modulus (Kempson et al., 1968; Williamson et al., 2003). When cartilage is
tested in unconfined compression, this tension-compression nonlinearity enhances fluid
pressurization and elevates the dynamic modulus of the tissue (Park et al., 2004; Park et
al., 2003), as the collagen network restricts lateral expansion of the tissue during
compressive loading. The relative importance of the different matrix components on the
overall mechanical properties of articular cartilage has been studied by depleting cartilage
samples of collagen and/or proteoglycans (Federico et al., 2008; Moutos et al., 2007b;
Pastrama et al., 2019; Schmidt et al., 1990). For example, the compressive modulus of
the proteoglycan-depleted cartilage matrix may be as low as 3 kPa, representing less than
2% of the normal tissue modulus (Canal Guterl et al., 2010). Therefore, the collagen in
articular cartilage can be considered as a fibrillar matrix that primarily sustains tension.
Biomaterial strategies that aim to mimic articular cartilage should consider such

complexities in their design.

As articular cartilage has poor regenerative capacity, damage to this tissue impairs its
mechanical function and can lead to an abnormal loading within the joint. If left untreated,
the damage can progress to osteoarthritis of the joint, causing significant pain and
disability. This motivates the need for new regenerative approaches capable of restoring

the normal biomechanics of the joint.

A number of tissue engineered strategies to engineer cartilage replacements have
been developed (Almeida et al., 2015; Bas et al., 2017b; Bhattacharjee et al., 2015;
Cunniffe et al., 2019; Izadifar et al., 2012; Johnstone et al., 2013; Kwon et al., 2019;
Thorpe et al., 2013b; Yang et al., 2017). A typical approach is to design biomaterial

environments capable of supporting chondrogenesis; this commonly involves combining
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cells and/or bioactive molecules with hydrogels as a scaffolding material due to their high
water content and attractive transport properties (Filardo et al., 2013b; Liao et al., 2013b;
Neumann et al., 2016; Yang et al., 2018). Other than presenting pro-chondrogenic
biological cues to the encapsulated cells, such biomaterial scaffolds must also provide a
suitable mechanical environment capable of instructing cell fate as well as withstanding
the challenging physiological loading conditions experienced in vivo upon implantation
into the body (Johnstone et al., 2013). Commonly used single network hydrogels (e.g.
alginate, gelatin methacryloyl (GelMA), agarose, polyethylene glycol, etc.) have been
extensively studied and have been shown to provide an environment that is conducive to
chondrogenesis. However, they are typically mechanically weak and unable to withstand
the challenging environment of the joint (Hung et al., 2004; Neumann et al., 2016).
Recently, more complex hydrogel systems such as interpenetrating network (IPN)
hydrogels, characterized by the combination of multiple polymer networks have been
investigated. Within such IPN hydrogels individual polymer networks are physically
entangled with each other and crosslinked only with themselves using specific
chemistries (Brigham et al., 2009; Chimene et al., 2016a; Jeon et al., 2017a; Xu et al.,
2019). In general, such IPN hydrogels have displayed synergistic increases in mechanical
properties, including increased toughness and elasticity when compared to the single
hydrogel components. However, they do not mimic many of the features of load bearing
tissues like articular cartilage, such as anisotropy and tension-compression nonlinearity.
Furthermore, engineering IPN hydrogels with bulk mechanical properties approaching
those of articular cartilage typically requires very high hydrogel polymer concentrations,

resulting in biomaterial environments that are not compatible with robust extracellular
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matrix (ECM) deposition by encapsulated cells (Bian et al., 2013; Malda et al., 2013; Sun

etal., 2017).

To address these concerns, hydrogels can be reinforced with networks of fibres to
produce composites with improved mechanical properties (Liao et al., 2013a; Liao et al.,
2013b; Moffat et al., 2018; Moutos et al., 2007b; Visser et al., 2015). However, these
techniques typically involve the use of complex biofabrication strategies (e.g. weaving,
melt electrowriting) that are challenging to scale and personalize to specific patient
anatomies. In contrast, Fused Deposition Modelling (FDM) can be used to 3D print fibre
networks that are relatively simple to scale, with internal and external architectures that

are easily defined based on medical imaging (Daly et al., 2017b; Murphy et al., 2014b).

In this study, alginate — GeIMA IPNs were reinforced with polycaprolactone (PCL)
networks printed using FDM to develop biomechanically competent composite
constructs for cartilage tissue engineering. Alginate, GeIMA and alginate — GeIMA IPN
hydrogel scaffolds were first mechanically characterized to investigate the benefit of
combining the two single hydrogel components. These hydrogel bioinks were then
reinforced with 3D printed PCL networks with architectures and mechanical properties
inspired by the collagen network of articular cartilage. The reinforcement mechanism
resulting from the combination of PCL networks with IPN hydrogels was examined using
Finite Element Analysis (FEA). Finally, the ability of 3D bioprinted cell-laden PCL
reinforced IPN constructs to support chondrogenesis was assessed in vitro over 6 weeks

of culture.
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4.2 Materials and methods

4.2.1 Materials preparation

Alginate was prepared by dissolving Alginate (PRONOVA UP LVG) in DMEM to
make up a final concentration of 3.5% w/v. Cylindrical constructs were obtained by
pouring the alginate solution into 2 mm high-6 mm diameter agarose-CaCl> moulds
(DMEM, 3% w/v agarose, 45 mM CaCl,) and allowed to crosslink for 20 min at room
temperature. GelMA synthesis was previously described (Van Den Bulcke et al., 2000a).
Briefly, GeIMA was synthesized by reaction of porcine type A gelatin (Sigma- Aldrich,
average molecular weight 40-50 kDa) with methacrylic anhydride (Sigma Aldrich) at 50
°C for 4 h. To achieve a high degree of functionalization, 10 mL of methacrylic anhydride
was added to a 10% w/v gelatin solution in phosphate-buffered saline (PBS) under
stirring for 1 h. The functionalized polymer was dialyzed against distilled water for 7
days at 40 °C to remove unreacted methacrylic anhydride, freeze-dried and stored at -20
°C protected from light until further use. GeIMA constructs were formed by dissolving
GelMA in DMEM (including 0.05 % v/v Irgacure (Sigma Aldrich) as photoinitiator)
obtaining final concentrations of 5, 10 and 15% w/v. The GelMA solution was poured
into polydimethylsiloxane (PDMS) moulds (same dimensions as for the agarose-CaCl,
moulds) and exposed to UV light for 15 min (365 nm, 5 mW/cm?) to perform the
crosslinking. Alginate - GelMA IPN hydrogels were prepared by combining alginate
solution (DMEM, 7% w/v) with GelMA solution of various concentrations (DMEM, 10,
20 and 30% w/v) containing 0.05% w/v Irgacure in 1:1 ratio. The final mixture was
poured into the same agarose-CaCl, moulds used for alginate constructs and cured with

45 mM CacCl; and under UV light exposure for 20 and 15 min respectively.
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4.2.2 Isolation and expansion of MSCs and CCs

Bone marrow was removed from the femoral shaft of a porcine donor and washed in
high-glucose Dulbecco’s Modified Eagle Medium (hgDMEM) (Biosciences)
supplemented with 10% foetal bovine serum (FBS), 1% penicillin (100 U/mL) —
streptomycin (100 pg/mL) (all Bioscience) and amphotericin B (2.5 pg/mL) (Sigma-
Aldrich). A homogenous cell suspension was achieved by triturating with a 18G needle.
The solution was centrifuged twice at 650g for 5 min, with removal of the supernatant.
The resultant cell pellet was triturated, and the cell suspension was filtered through a 40
um cell sieve (Sarstedt). Cell counting was performed with trypan blue and acetic acid
before plating at a density of 5 x 10° cells/cm? and maintained in a humidified chamber.
Following colony formation, cells were trypsinized, counted and re-plated for a further
passage at a density of 5 x 103 cells/cm?. FGF-2 (Prospec-Tany TechnoGene Ltd) was

added to the media which was changed twice weekly.

Cartilage tissue from another porcine donor was rinsed with PBS, weighed and finely
diced. Chondrocytes were isolated by digestion in hgDMEM containing 1% penicillin
(100 U/mL) — streptomycin (100 ug/mL) and 8 mL/g of collagenase type II (350 U/mL)
for 12-14 h under constant rotation at 37 °C. The resulting cell suspension was filtered
through a 40 um cell sieve, centrifuged and rinsed with PBS twice. Cell number and

viability were determined using a haemocytometer and 0.4% trypan blue staining.

All expansion was conducted in hypoxic conditions and media was changed twice

weekly.
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4.2.3 3D bioprinting process

All 3D printed constructs were fabricated using the 3D Discovery bioplotter
purchased from RegenHU with spatial resolution of +£ 5 pm. Porous PCL (CAPA 6500D,
Perstorp, Mn 50 kDa) scaffolds with two different geometries named Aligned and Double
Offset were printed using a FDM printhead. All printing parameters are described in

Table 4.1.

For the in vitro evaluation, previously printed PCL scaffolds were sterilized with
ethylene oxide (EtO) and soaked overnight in a solution of 45 mM CaCl, to facilitate the
crosslinking process of the hydrogels during printing. Prior to hydrogels printing, the
PCL constructs were placed in each well of a 6-well plate by means of 3D printed poly
lactic acid inserts containing PDMS moulds that kept the scaffolds in place in the centre
of the well. This allowed for z-direction printing of the hydrogel bioinks through

microextrusion bioprinting.

Table 4-1 Summary of FDM and microextrusion printing parameters for PCL and hydrogels.

Printing Parameters FDM printing Microextrusion printing
Material PCL 3.5% alginate | 5% gelMA IPN
Needle (Gauge) ' 30 23 23 23
Pressure (bar) ' 1 0.5 03 13
Screw Speed (revs/m) ' 10 » - ' - ' -
Temperature (°C) 86 (tank). 78 (needle) - » 13 ' 13
Layer Thickness (mm) 0.1 - - -
Extrusion Speed (mm/s) ' 6 4 2 4

To form the single hydrogel component bioinks, alginate and GelMA were dissolved
at a concentration of 7 and 10 % w/v respectively. To produce the IPN bioink, alginate

and GelMA were firstly dissolved to 14 and 20% w/v respectively and then mixed
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together in 1:1 ratio using a luer lock system (7 and 10% w/v alginate and GeIMA final
respectively). As co-cultures of bone marrow-derived stromal cells (BMSCs) and
chondrocytes (CCs) have been shown to support stable cartilage tissue formation resistant
to hypertrophy and endochondral ossification in vivo (Mesallati et al., 2015), using the
above mentioned luer lock system, the obtained bioinks were then combined with a
mixture of BMSCs and CCs (3:1 ratio) in 1:1 ratio (3.5% w/v alginate final, 5% w/v
GelMA final, 3.5% w/v alginate — 5% w/v GeIMA IPN final, 20 x 10° cells/mL). Next
the cell-laden bioinks were loaded into a pressure driven system to be bioprinted in the
open pores of the PCL constructs. See Table 4.1 for printing parameters. Following the
fabrication process, the constructs were fully crosslinked as follows: PCL + alginate
scaffolds were immersed in a bath of 45 mM CaCl, for 20 mins; PCL + GelMA
constructs underwent UV light exposure for 15 mins; PCL + IPN constructs were
subjected to both CaCl, (45 mM) and UV light crosslinking for 15 and 20 min

respectively.

4.2.4 In vitro culture conditions

3D bioprinted scaffolds were cultured for 6 weeks in chondrogenically defined media
consisting of hgDMEM supplemented with 1% penicillin (100 U/mL) — streptomycin
(100 pg/mL), sodium pyruvate (100 pg/mL), L-proline (40 pg/mL), L-ascorbic acid 2-
phosphate (50 pg/mL), linoleic acid (4.7 pg/mL), bovine serum albumin (1.5 mg/mL),
Ix insulin-transferrin-selenium, dexamethasone (100 nM) (all Sigma-Aldrich) and
human TGF-83 (10 ng/mL) (Prospec-Tany TechnoGene Ltd). Media change was
performed twice weekly. The oxygen tension was kept to 5% pO- for the first 3 weeks of

culture, and then switched to 20% pO: for the final 3 weeks.
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4.2.5 Live/Dead confocal microscopy

Cell viability was evaluated 24 h post-printing using a Live/Dead assay kit
(Bioscience). Bioprinted cell-laden scaffolds were rinsed with phenol free medium and
incubated in a solution containing 4 uM ethidium homodimer-1 and 2 pM calcein for 1
h. Following incubation, the scaffolds were rinsed again and imaged with Olympus FV-
1000 Point-Scanning Confocal Microscope t 488 and 543 nm channels. Cell viability was

quantified using Image-J software.

4.2.6 Biochemical analysis

The biochemical content of all constructs was quantified. Samples were digested with
papain (125 pg/mL) in 0.1 M sodium acetate, 5 mM L-cysteine-HCl, 0.05 M ethylene-
diamine-tetracetic acid (EDTA) (all Sigma-Aldrich) and pH 6 under constant rotation at
60 °C for 18 h. DNA content was assessed using the Hoechst Bisbenzimide 33258 dye
assay. The amount of sulphated glycosaminoglycans (sGAG) was measured using the
dimethyl methylene blue-binding assay (DMMB) (Blyscan, Bicolor Ltd.). Total collagen
content was determined by quantifying the hydroxyproline content using the
(dimethylamino)benzaldehyde and chloramine T assay and a hydroxyproline to collagen

ratio of 1:7.69.

4.2.7 Histological and immunohistochemical analysis

Scaffolds were fixed with 4% paraformaldehyde solution, dehydrated in graded series
of ethanol, embedded in paraffin wax, sectioned at 8 pym and affixed to microscope slides.
The sections were stained with Alcian Blue/Aldehyde Fuchsin, Picrosirius Red and

Alizarin Red to assess for sGAG, collagen and calcium content.
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Immunohistochemical technique was used to evaluate collagen types II and X.
Sections were rehydrated and treated with chondroitinase ABC (Sigma-Aldrich) in a
humidified environment at 37 °C to enhance permeability of the extracellular matrix. This
was followed by incubation in goat serum to block non-specific sites and the relevant
collagen type II (5¢52658, 1:400) (mouse monoclonal; Santa Cruz Biotechnology) or
collagen type X (ab49945, 1:200) primary antibodies (mouse monoclonal; Abcam) were
applied overnight at 4 °C. Treatment with peroxidase preceded the application of the
secondary antibody (collagen type II, B7151, 1:300; collagen type X, ab49760, 1:200) at
room temperature for 1 h. Thereafter, all sections were incubated with ABC reagent
(Vectastain PK-400; Vector Labs) for 45 min. Finally, sections were developed with
DAB peroxidase (Vector Labs) for 5 min. Positive and negative controls were included

in the immunohistochemical staining protocols.

4.2.8 Mechanical characterization

All mechanical experiments were performed at room temperature (~25 °C) using a
twin column Zwick universal testing machine (Zwick, Roell). Unconfined compression
tests were carried out in a PBS bath using a 100 N load cell. To ensure contact between
the surface of the scaffolds (n = 4 per group) and the top compression platen, a preload
of 0.05 N was used for hydrogels alone constructs, whereas 0.5 N preload was applied to
PCL alone as well as composite constructs. A combined stress-relaxation and dynamic
compression protocol (Figure 4.1a) was implemented, where a series of compressive
strains were applied in increasing steps of 10% to a maximum of 30%. Peak strain was
reached within 500 s and the equilibrium stress was obtained after a relaxation time of 45
min. After the relaxation phase, five compressive cycles at 1% strain at a frequency of 1

Hz were superimposed. Ramp (or compressive), equilibrium and dynamic moduli were
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quantified at each strain increment. The ramp modulus was calculated as the slope of the
initial linear region of the obtained stress-strain curves. The equilibrium modulus was
determined as the equilibrium force divided by the sample’s cross-sectional area divided
by the applied strain. The dynamic modulus was measured as the average force amplitude
over the five cycles divided by the sample’s cross-sectional area divided by the applied

strain amplitude.

Cell-laden 3D bioprinted constructs underwent a shorter version of the stress-
relaxation and dynamic compression protocol, to prevent cell death as there was no
temperature and/or oxygen control during testing. Samples (n = 3) were subjected to 20%
compressive strain followed by 45 min relaxation time and five dynamic compressive
cycles at 1% strain and 1 Hz frequency. Ramp, equilibrium and dynamic moduli were

quantified as explained in the previous paragraph.

Uniaxial tensile tests on 3D printed dog bone-shaped PCL samples were performed.
Each sample (n = 4 per group) was mounted on a sandpaper frame with Araldite glue
(Huntsman). The sandpaper frame, along with the PCL scaffold attached to it, was then
fixed between two grips. Every test started after cutting through the frame to allow for
stretching of the sample. Tensile specimens were tested using a 2500 N load cell at a
displacement rate of 1 mm/min and loaded to 50% strain. The tensile modulus was taken

as the slope of the stress-strain plots between 2 and 7% strain.

4.2.9 Finite Element Analysis
IPN only, PCL only and composite constructs (4.5 mm x 4.5 mm x 4 mm) were
modelled using axisymmetric FE models developed in Abaqus 6.14 (DS Simulia, USA)

to evaluate von Mises stress, maximum principal stress, hydrostatic pressure and scaffold
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lateral expansion upon loading application. PCL structures were modelled according to a
previously described approach (Schipani et al., 2019). PCL reinforced IPN constructs
were simulated by placing an IPN hydrogel matrix inside the pores of the PCL scaffold.
A tie interaction between the PCL and IPN meshes was applied in order to constrain the
translation degrees of freedom of the common nodes of the IPN to those of the PCL
scaffold. The models simulated ramp compression tests in unconfined configuration, until
10% strain was applied. For all groups, the nodes at the bottom ends of the scaffolds were
constrained only in the loading direction, allowing for scaffold lateral expansion in the
other two directions. A displacement of approximately 0.4 mm was prescribed through a
platen that was considered a rigid body and in full contact with the nodes at the top surface
of the scaffolds. Symmetric boundary conditions were applied to the constructs’ inner
faces. The engineering compressive modulus of the constructs was obtained from the
stress and strain values of the linear region of the curve, calculated from the displacement
and resultant reaction force data computed from the simulations. Quadratic ten-node
tetrahedral elements (C3D10) were used. Material properties were determined from
experimental mechanical testing. Isotropic elastic behaviour was assumed for the IPN
hydrogel with a Poisson’s ratio of 0.49, representing an almost incompressible material

(Castilho et al., 2018). Based on our previous work (Schipani et al., 2019), isotropic
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elastic and plastic material properties were assigned to the PCL. Material properties of

both PCL and IPN are summarized in Table 4.2.

Table 4-2 Material parameters for the PCL and IPN hydrogel used for the numerical analysis.

Material Material Model Material Properties

PCL Isotropic elastic E =430 MPa;v=03

ofme =17.745MPa; £ =0;

true

Isotropic plasti
SOWOPICPIASHC | of _=113.39 MPa: ¢, =13316

IPN Isotropic elastic E=0.036 MPa; v=10.49

4.2.10 Statistical analysis

Results are presented as mean =+ standard deviation. Statistical analysis was performed
with GraphPad (GraphPad Software, La Jolla California, USA). Experimental groups
were analysed for significant differences using either a t-test or a general linear model for
analysis of variance (ANOVA) and performing Tukey’s post-test. For all comparisons,

significance was accepted for p < 0.05.

4.3 Results

4.3.1 Alginate — GelMA IPNs possessed superior mechanical properties to their
single hydrogel components

The mechanical properties of alginate — GeIMA IPN hydrogels were first compared

to that of the individual hydrogel components. This was achieved using a series of stress-

relaxation tests combined with dynamic tests in an unconfined compression configuration
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(Figure 4.1a). The ramp phase of the unconfined compression test clearly showed that the
IPN hydrogel was significantly stiffer than either the alginate or GeIMA hydrogel alone
(Figure 4.1b). From the ramp phase of each compression test (to either 10%, 20% or 30%
strain), it was possible to quantify the ramp modulus of the hydrogels (Figure 4.2a; Table
4.3). The ramp modulus of IPN hydrogel was significantly higher than the alginate and
GelMA only hydrogels, and significantly higher than the sum of the individual hydrogel
components (shown by the red dashed line) at 20% and 30% strain, demonstrating a
synergistic increase in stiffness. Strain stiffening was observed for all three hydrogels,
with the ramp modulus increasing with the applied strain amplitude. Stress-relaxation
tests were next used to determine the equilibrium modulus of the hydrogels in the absence
of fluid flow. Stress-time curves (Figure 4.1b) revealed the distinct stress-relaxation
behaviour of each hydrogel. Alginate gels exhibited a complete relaxation of the stress
after only 900 s, presumably due to the unbinding of the ionic crosslinker followed by
polymer matrix flow (Chaudhuri et al., 2016; Gu et al., 2017; Metzger et al., 2015; Zhao
et al., 2010). In contrast, GeIMA hydrogels displayed relatively little stress relaxation.
The IPN hydrogel stress-relaxation response fell in between that of the alginate and

GelMA alone, where the equilibrium state was reached after about 1500 s.

Both the equilibrium and dynamic modulus of IPN hydrogels were higher than the
sum of the individual alginate and GeIMA hydrogels, significantly so at 20% and 30%

strain (Figure 4.2b, c; Table 4.3).
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4.3.2 3D printing of PCL networks with tension-compression nonlinearity

3D printing parameters (Table 4.1) were varied in order to obtain two distinct 3D PCL

geometries named Aligned and Double Offset (Figure 4.3a, b). The Aligned geometry

(Figure 4.3a) was characterized by a regular orthogonal architecture in a lay-down pattern

of 0°0°/90°90° forming square pores. The Double Offset geometry (Figure 4.3a)
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Figure 4-1 (a) Schematic representation of the unconfined compression testing configuration where the

loading protocol consisted in a series of applied strain levels (10, 20 and 30% strain) followed by relaxation.

After reaching equilibrium, cyclic loading at 1% amplitude and 1Hz frequency was applied at each strain

level. (b, c¢) Representative stress-strain and stress-time curves when comparing (b) 3.5% alginate, 5%

GelMA and IPN constructs and (c) IPN, PCL and PCL + IPN scaffolds.
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Q

Ramp Modulus (MPa)

consisted of an orthogonal architecture with the same lay-down pattern. This differed
from the Aligned pattern because of the presence of offset layers every other four layers
that were deposited at an offset distance equal to half the fibre spacing. The obtained 3D
network/scaffold architectures were tested in uniaxial tension and compression
configurations to evaluate the effect of network geometry on the degree of tension-
compression nonlinearity. Aligned constructs were stiffer in both tension and
compression compared to Double Offset networks (Figure 4.3c, d), with more dramatic
differences observed in the compressive properties of the PCL networks. The tensile
stiffness was 14.795 & 0.278 MPa for the Aligned geometry and 8.358 = 0.990 MPa for
the Double Offset one (Figure 4.3¢c), whereas the compressive modulus was 1.341 +0.095
and 0.218 + 0.014 MPa for Aligned and Double Offset samples respectively (Figure 4.3d).

When quantifying the ratio between tensile and compressive moduli, higher tension-
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Figure 4-2 (a) Ramp modulus, (b) equilibrium modulus and (c¢) dynamic modulus in unconfined
compression of 3.5% alginate (blue bars), 5% GelMA (orange bars) and IPN (black bars) hydrogels when
applying increasing levels of strain amplitude: 10, 20 and 30%. The sum of the modulus of the single
component hydrogels for each applied strain is indicated by the dashed red line. #p<0.0land ###p<0.001
IPN vs. 3.5% alginate and 5% GelMA at 20% applied strain; 5%p<0.0001 IPN vs. 3.5% alginate and 5%
GelMA at 30% strain amplitude; *p<0.01, ***p<0.001 and ****p<0.0001 vs. IPN; n = 4 per group.
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compression nonlinearity was observed in the Double Offset networks in comparison to

Aligned samples (Figure 4.3e).

Table 4-3 Summary of constructs mechanical properties under unconfined compression.

Ramp Modulus fquilibrium Modulus Dynamic Modulus
(MPa) (MPa) (MPa)
10% 20% 30% 10% 20% 30% 10% 20% 30%
strain strain strain strain strain strain strain strain strain
' ATy 0.011% | 0.044 = | 0049 +|0001 +|0006 | 0007 *|0046 *| 0066 | 0094 =
270 AGINAE | 6 003 | 0.031 0.026 | 0.001 0.005 0.007 0.034 0.058 0.095
T 10,008+ | 0015 = | 0.018 =|0005 +| 0005 = 0007 +|0015 | 0018 = 0027 =
. 0.001 | 0.003 0.002 0.002 0.003 0.002 0.006 0.005 0.005
— 10,036+ | 0110 | 0214 =|0013 +| 0028 = 0034 +|0147 | 0265 | 0385 =
0.009 | 0.035 0.048 0.011 0.005 0.001 0.044 0.070 | 0.090
| Double Offset | 0221+ | 0304 | 0.623 +|0246 +| 0261 +|0395 +|0515 £| 0777 | 1.603
PCL 0.060 | 0.041 0.092 0.041 0.043 0.036 |0.127 0.117 | 0205
| Double Offset | 0.775+ | 1.034 +| 1445 +|0203 +| 0652 +| 0957 +|0.757 £| 1415 2293 +
PCL+IPN | 0081 | 0378 0256 |0215 0284 | 0527 0.195 0.285 0.352
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Figure 4-3(a) Schematic of the PCL scaffolds depicting the 4/igned geometry characterized by a regular

orthogonal architecture and the Double Offset geometry comprising of offset layers present in both xz and

yz planes. Offset layers are shown in blue. Scaffold architecture features are also indicated: h, height of the
scaffold; 1, length of the scaffold; s, fibre spacing. (b) Microscopy images of Aligned (left column) and

Double Offset (right column) constructs. Scale bar: 2 mm. (¢) Tensile modulus, (d) compressive modulus

and (e) ratio between tensile and compressive modulus of Aligned (black bars) and Double Offset (grey

bars) 3D printed PCL scaffolds. ****p<0.0001; n = 4 per group.

4.3.3 Combining IPN hydrogels with reinforcing PCL networks to produce
biomimetic composites with mechanical properties comparable to native
cartilage

Alginate — GeIMA IPNs were next reinforced with 3D printed PCL networks with
two distinct architectures (4ligned and Double Offset). The PCL scaffolds were infused
with different alginate - GeIMA IPN hydrogel formulations where the alginate
concentration (3.5% w/v) was maintained constant, whereas the GelMA content was

increased (5, 10 and 15% w/v). The resulting composite constructs were subjected to

compression tests to determine their ramp modulus in comparison to PCL scaffolds alone,
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IPNs alone and the sum of the moduli of the individual components (Figure 4.4a-c). After
infusing the Double Offset PCL scaffolds with the IPN hydrogels (Figure 4.4b), a
synergistic increase in stiffness was observed for all IPN formulations. Specifically, the
ramp modulus of the composite samples (grey bars) was higher than the sum of the
moduli of the single components (blue dashed lines) as well as to the individual
components, i.e. the PCL scaffolds (red bars) and IPN gels (black bars). The ramp
modulus of the composite increased as the GeIMA content in the IPN increased (0.554 +
0.090, 0.665+0.140 and 0.713 £ 0.153 MPa at 5, 10 and 15% w/v GelMA concentration,
respectively). Moreover, Double Offset PCL + IPN constructs were significantly stiffer
than the Double Offset PCL alone samples (0.218 + 0.014 MPa), showing approximately
2.5-, 3- and 3.3-fold increases in stiffness at 5, 10 and 15% w/v GelMA concentrations,
respectively. Combining the Aligned PCL constructs with the IPN hydrogels (Figure
4.4¢) did not result in the same synergistic increase in stiffness. The ramp moduli of the
composite constructs did not increase as the GelMA content in the IPN gels increased
(1.147 £ 0.149, 1.183 = 0.164 and 1.206 + 0.195 MPa at 5, 10 and 15% w/v GeIlMA
concentration, respectively). Furthermore, there was no statistical difference in ramp
modulus compared to the Aligned PCL alone scaffolds (1.261 + 0.051 MPa), indicating

that the PCL component was dominating the mechanical behaviour of the composite.
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Figure 4-4 (a) Schematic illustration of the mechanical testing set-up and scaffold groups (PCL, IPN and
PCL + IPN) that underwent compression tests. (b, c) Ramp moduli of PCL frames (red bars), IPN hydrogels
(black bars) and PCL + IPN scaffolds (grey bars) when varying GeIMA concentration in the IPN from 5 to
15% (w/v). Results are shown for groups containing either the (b) Double Offset or (c) Aligned PCL
geometry. The sum of the compressive modulus of the individual components for each GelMA

concentration is indicated by the dashed blue line. ***p<0.001 and ****p<0.0001; n =4 per group.
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Figure 4-5 (a) Ramp modulus, (b) equilibrium modulus and (c) dynamic modulus in unconfined compression of
IPN hydrogel (black bars), Double Offset PCL (red bars) and PCL + IPN (grey bars) scaffolds when applying
increasing levels of strain amplitude: 10, 20 and 30%. The sum of the moduli of the individual components for
each applied strain is indicated by the dashed blue line. ¥¥¥p<0.001 PCL + IPN vs. PCL at 10% applied strain;
#p<0.01 and #*p<0.0001 PCL + IPN vs. PCL at 20% applied strain; *p<0.05 and %**p<0.001 PCL + IPN vs. PCL
at 30% applied strain; *p<0.05, **p<0.01, ***p<0.001 and ****p<0.0001 vs. PCL + IPN; n = 4 per group.

114



The ramp, equilibrium and dynamic moduli of the composites were also assessed after
the application of 10, 20 and 30% strain for the Double Offset PCL design (Figure 4.5a-
c; Table 4.3). Stiffness was found to increase with increases in the applied strain
amplitude. For all strain levels, the ramp moduli was significantly higher for the
composite constructs (grey bars; 0.775 = 0.081, 1.034 + 0.378 and 1.445 + 0.256 MPa
when applying 10, 20 and 30% strains respectively) compared to the PCL alone (red bars;
0.221 £+ 0.060, 0.304 + 0.041 and 0.623 £+ 0.092 MPa at 10, 20 and 30% applied strain
amplitudes respectively), the IPN alone (black bars) as well as the sum of the individual
components (blue dashed line) at all applied strain amplitudes (Figure 4.5a; Table 4.3).
The equilibrium modulus of the PCL + IPN composites was only higher than the PCL

scaffolds alone at higher strain levels.

The dynamic modulus for composite constructs was measured to be 0.757 + 0.195,
1.415 + 0.285 and 2.293 + 0.352 MPa at 10, 20 and 30% applied strain amplitudes
respectively, whereas it increased from 0.515 + 0.127 to 1.603 + 0.205 MPa and 0.147 +

0.044 to 0.385 + 0.090 MPa for PCL and IPN alone, respectively.

4.3.4 FE modelling to better understand the mechanism by which 3D printed fibre
networks mechanically reinforce IPN hydrogels

FEA was next utilized to better understand the mechanism by which the PCL
networks were mechanically reinforcing the IPN hydrogels. FE simulations were
performed of uniaxial compression tests on the IPN alone, PCL alone and composite
constructs for both Double Offset and Aligned PCL-based structures (Figure 4.6). The
predicted stress-strain behaviour (Figure 4.6a, b) and compressive modulus (Figure 4.6c,
d) of all groups were in good agreement with the experimental results. Having

demonstrated that this computational approach was able to accurately predict the
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compressive mechanical behaviour of 3D printed scaffolds, we next sought to investigate
how the Double Offset PCL network was reinforcing the IPN hydrogels. When comparing
the expansion in both x- and y-direction of IPN in Double Offset PCL + IPN, Aligned
PCL + IPN and IPN alone models, it was observed that reinforcing the IPN with either
of the PCL networks reduced lateral expansion of the composite, with the lowest
expansion observed in the Double Offset PCL composite (Figure 4.6¢). Next, the average
hydrostatic pressure produced in the IPN when applying 10% compressive strain was
predicted. In general, higher pressure was generated within the IPN in the presence of
both Aligned and Double Offset PCL, with the highest values predicted in Double Offset
PCL + IPN structures. Compared to IPN alone, there was approximately a 24- and 7.5-
fold increase in hydrostatic pressure in Double Offset PCL + IPN and Aligned PCL + IPN
constructs, respectively (Figure 4.6f). The FE model also predicted higher stresses in the
PCL filaments within the Double Offset PCL network in composites compared to Double

Offset PCL only structures (Figure 4.6g). On the other side, little difference in von Mises
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Figure 4-6 Computational and experimental (a, b) compressive stress-strain curves and (c, d) ramp modulus
for (a, ¢) Double Offset and (b, d) Aligned PCL-based structures; ***p<0.001; n =4 per group. Comparison
of predicted IPN (e) lateral expansion and (f) hydrostatic pressure in IPN alone, A/igned PCL+IPN and
Double Offset PCL+IPN structures. Von Mises stress contour plots for (g) Double Offset and (h) Aligned
PCL-based constructs.

stress distribution was predicted in the PCL network of the Aligned PCL + IPN

composites compared to Aligned PCL only scaffolds (Figure 4.6h). Together, the FE

117



models suggest two related mechanisms by which the Double Offset PCL network
reinforces the IPN hydrogel. Firstly, the presence of the IPN in the PCL network increases
the tensile stresses generated in the PCL filaments (see also Supplementary Figure 3),
allowing them to play a greater role in supporting the applied load. Secondly, the PCL
network is predicted to limit lateral expansion of the composite and lead to higher
magnitudes of hydrostatic pressure being generated within the IPN. Such reinforcement
mechanisms are enhanced by PCL networks with greater tension-compression
nonlinearity. The FE simulations further demonstrate that the combination of the Double

Offset PCL network with the IPN produce a cartilage biomimetic construct.

4.3.5 PCL reinforced cell-laden IPNs fabricated using 3D bioprinting support
chondrogenesis with minimal hypertrophy

Having successfully obtained composite constructs with mechanical properties
comparable to those of native cartilage, we proceeded to assess the capacity of these
composites to provide a pro-chondrogenic environment in vitro. With a view to
bioprinting cell-laden implants, we established a multiple-tool biofabrication process that
first involved the bioprinting of the porous reinforcing Double Offset PCL networks in
the shape of a cylinder (6 mm x 6 mm). In a second bioprinting step, the obtained PCL
networks were placed in a moulding system that kept them in the centre of the well of a
6-well plate, which facilitated the z-direction bioprinting of the bioinks (alginate, GeIMA
and alginate - GelMA IPNs containing a co-culture of BMSCs and CCs) into the PCL
networks (Figure 4.7a). Z-direction bioprinting consists of depositing the cell
encapsulating-bioinks within the empty pores of the previously printed PCL networks by
moving the needle in the z-direction. The bioprinted constructs were then transferred to

chondrogenic media and cultured in static conditions at 5% O- for the first 3 weeks and
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then at 21% O, for further 3 weeks. To verify that cell viability was not affected by the
3D printing process or the post-fabrication crosslinking of the bioinks, all constructs were
analysed using live-dead staining after 24 h of culture (Figure 4.7b-c). All bioinks
supported high levels of cell viability (~80%; Figure 4.7¢), showing that the fabrication

process was not overly harmful to the cells.

Over 6 weeks of in vitro culture, the ramp modulus of the PCL reinforced GeIMA and
IPN-based composites progressively increased (Figure 4.7d-f). The PCL reinforced-IPN
constructs possessed the highest ramp modulus at all time points reaching values of 1.469
+ 0.326 MPa compared to 0.830 + 0.114 and 0.927 4+ 0.082 MPa for alginate-based and
GelMA-based composites respectively at day 42 (Figure 4.7d). No major differences in
the equilibrium modulus were observed between the different groups, which was
approximately 0.350 MPa after 42 days of culture (Figure 4.7¢). Significant increases in
dynamic modulus with time in culture were only observed in the GelMA-based
composites (Figure 4.7f). All three PCL reinforced bioinks supported the development of
a hyaline cartilage-like tissue that stained positive for sGAG and collagen type II
deposition (Figure 4.8a-c). sGAG and collagen deposition appeared quite pericellular
within the IPN-based composites at day 21 (Figure 4.8b) but become more diffuse with
further time in culture (Figure 4.8c). What was presumed to be non-specific type X
collagen staining, was observed in the GelMA-based composites at day 1, making it
difficult to assess type X collagen deposition in this group. There was no positive staining
for collagen type X in the other groups at any time point, suggesting that the engineered
tissues were not becoming hypertrophic with time in culture. Alginate and GelMA-based
scaffolds showed some positive staining for Alizarin Red at day 42, demonstrating the

presence of calcium deposits. In contrast, no evidence of calcium deposition was
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Ramp Modulus (MPa)

observed in IPN-based composites, suggesting then the development of phenotypically
stable articular cartilage-like tissue within the IPNs. Histological observations were

confirmed by biochemical analysis, which demonstrated that sGAG and collagen content
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Figure 4-7 (a) Schematic of the experimental set-up: Double Offset PCL frames were 3D printed via FDM
and then placed in a moulding system that kept the PCL scaffolds in the centre of each well of a 6-well
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alginate, 5% GelMA and IPN bioinks. Scale bar: 200 pm. (c) Quantitative analysis of the cell viability for
all of the bioinks. (d) Ramp modulus, (e) equilibrium modulus and (f) dynamic modulus for all composite
groups after day 1, 21 and 42 of culture. *p<0.05, **p<0.01, ***p<0.001 and ****p<0.0001; n = 3 per
group.
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significantly increased over the culture period, with no drama tic differences observed

between the three hydrogel groups (Figure 4.8e-f).
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Figure 4-8 (a-c) Histological and immunohistochemical staining of all 3D bioprinted constructs groups
after (a) 1, (b) 21 and (c) 42 days of in vitro culture. Scale bar: 500 um. (d-f) Biochemical analysis of all
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*H*%p<0.0001; n = 3 per group.
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4.4 Discussion

Engineering constructs that mimic the complex structure, composition and
biomechanics of the articular cartilage represents a promising route to joint regeneration.
Such tissue engineering strategies require the development of biomaterials that mimic the
mechanical properties of articular cartilage whilst simultaneously providing an
environment supportive of chondrogenesis. Particularly, equilibrium and dynamic
properties are important functional parameters to measure when assessing articular
cartilage and biomaterials designed to regenerate this tissue (Gannon et al., 2012; Guilak
etal., 2001; Mow et al., 2002; Mow et al., 1980). The dynamic properties of a biomaterial
reflect its capacity to generate fluid load support, which in the case of articular cartilage
is associated with the low permeability of the solid matrix (Gannon et al., 2012; Soltz et

al., 2000).

The goal of this study was to use 3D bioprinting to engineer PCL-reinforced alginate-
GelMA IPNs that were both pro-chondrogenic and biomimetic of the mechanical
properties of articular cartilage. The benefit of combining alginate and GeIMA single
hydrogel components to form IPNs was demonstrated, as synergistic increases in
mechanical properties were observed. In spite of the improvements associated with the
IPN hydrogel, its equilibrium and dynamic mechanical properties still remained at least
one order of magnitude lower than that of native articular cartilage (Beck et al., 2016b;
Jurvelin et al., 1997; Little et al., 2011; Park et al., 2004). Therefore, recognizing that
hydrogels alone (Critchley et al., 2019; Critchley et al., 2017; Daly et al., 2016a; Daly et
al., 2017b; Erickson et al., 2009; Hofmann et al., 2006), even IPN hydrogels, fail to
recapitulate the complex mechanical properties of articular cartilage, this chapter next

investigated whether it was possible to design more biomimetic materials with nonlinear
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mechanical properties by reinforcing IPN hydrogels with 3D printed PCL networks with
distinct tension-compression nonlinearity. As tension-compression nonlinearity is
believed to play a critical role in the load-bearing capacity of articular cartilage by
enhancing fluid pressurization under compression, we hypothesized that reinforcing IPN
hydrogels with PCL network designs that were relatively soft in compression and stiff in
tension (Double Offset PCL) would result in the development of constructs that more
closely mimicked the mechanical behaviour of the native tissue. The obtained ramp
modulus values for the Double Offset PCL + IPN constructs fell in the range of native
tissue properties (Beck et al., 2016b; Little et al., 2011; Shepherd et al., 1997). In
unconfined compression, the equilibrium modulus of articular cartilage ranges from
approximately 0.2 to 2 MPa (Athanasiou et al., 1994; Gannon et al., 2015b; Gao et al.,
2014; Jurvelin et al., 1997; Little et al., 2011; Mow et al., 2002), whereas the dynamic
modulus in response to cyclic loading ranges from approximately 10 to 60 MPa,
depending on the loading frequency (Bian et al., 2008; Kinnunen et al., 2011; Liao et al.,
2013b; Little et al., 2011; Park et al., 2004). The composite 3D printed PCL reinforced
IPN constructs possessed equilibrium moduli that fell in the range of native cartilage
equilibrium properties (Figure 4.5b; Table 4.3). Although the dynamic modulus of PCL
+ IPN composites did not match the values of the native tissue, it showed a marked
improvement compared to PCL and IPN alone (Figure 4.5¢; Table 4.3), reaching the same
order of magnitude as articular cartilage. The fact that the dynamic properties of the
composite did not reach native values is likely related to the fact its permeability is
significantly higher than that of articular cartilage. While a lower permeability (and hence
a superior capacity to generate fluid load support) could be achieved by increasing the

density of the IPN, this could negatively impact nutrient transport and waste removal
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once the biomaterial is seeded with cells for tissue engineering applications. Hence, the
properties achieved can be viewed as a balance between providing initial mechanical
function (mimicking native equilibrium and ramp modulus values) and an environment

supportive of chondrogenesis (that was assessed in vitro).

FE models were used to better understand the interactions between the different
components of fibre-reinforced composites, revealing that reinforcement of IPN
hydrogels with the Double Offset PCL network limited the radial expansion of the
composite and increased the hydrostatic pressure generated within the IPN upon the
application of compressive loading. This is similar to when articular cartilage is subjected
to compressive loading, as the collagen network resists lateral expansion and fluid
pressurization supports a significant component of the applied load. Other studies have
reported similar reinforcement mechanisms, mainly when reinforcing hydrogels with
electrospun fibres. For example, Castilho et al. (Castilho et al., 2018) demonstrated that
the reinforcement effect of microfibre reinforced GelMA composites derived either from
fibres being pulled in tension by the expansion of the hydrogel, or from the support

provided by the hydrogel in preventing buckling of the fibres under compression.

Finally, multiple-tool biofabrication techniques were used to 3D bioprint PCL-
reinforced IPN hydrogels laden with a co-culture of BMSCs and CCs. The bioprinted
biomimetic composites were found to support robust chondrogenesis, with encapsulated
cells producing hyaline-like cartilage that stained strongly for sGAG and type II collagen
deposition, and negatively for type X collagen and calcium deposition. Together these
results demonstrated that alginate — GelMA IPNs were able to support robust
chondrogenesis, with levels of ECM deposition comparable to that observed in the

individual hydrogels. Importantly, it was shown that the increased mechanical properties
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achieved with the IPN did not negatively affect its biological functionality. Usually,
hydrogels presenting cell binding motifs such as GeIMA can facilitate cell-cell and cell-
matrix interactions leading more to fibrocartilage-like tissue formation (Awad et al.,
2004; Daly et al., 2016a; Levett et al., 2014a; Levett et al., 2014b; Schuurman et al.,
2013). In contrast, alginate is known to be an inert material and should facilitate BMSCs
to develop a round shape, which is known to support a chondrogenic phenotype (Benya
et al., 1982; Daly et al., 2016a; Rowley et al., 1999). Given that a co-culture of CCs and
BMSCs is known to support the generation of phenotypically stable articular cartilage
(Bian et al., 2011; Cooke et al., 2011; Fischer et al., 2010; Kang et al., 2012; Mesallati et
al., 2015), we did not expect to see dramatic difference in hypertrophy and progression
along an endochondral pathway in the three different hydrogel bioink groups.
Importantly, the stiffer [IPN based composites supported the development of cartilage
resistant to calcification after 6 weeks of culture, despite the fact that stiffer hydrogel
environments can be more supportive of chondrocyte hypertrophy (Bian et al., 2013;

Engler et al., 2006; Nguyen et al., 2012; Zhu et al., 2018).

Together, the findings demonstrate that the PCL + IPN composites possess
equilibrium and ramp compressive properties comparable to articular cartilage
immediately post-biofabrication. Furthermore, the composites support robust
chondrogenesis, ensuring that the mechanical properties of cell-laden constructs continue

to improve with time in culture as the encapsulated cells secrete a cartilage-like ECM.
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4.5 Conclusion

This work represents a significant step towards developing biomechanically
functional biomaterials for cartilage tissue engineering. The combination of alginate —
GelMA IPN hydrogels with appropriately designed 3D printed PCL networks enables the
engineering of composites with mechanical properties that are mimetic of normal
articular cartilage. Importantly, such composite constructs provide encapsulated cells
with an environment conducive to chondrogenesis, resulting in robust production of

articular cartilage-like matrix.
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Chapter 5
3D bioprinting of layered constructs with
spatially distinct mechanics and cellular

phenotype for osteochondral tissue engineering

5.1 Introduction

Effective treatment of cartilage and osteochondral defects remains a significant
challenge. The goal of tissue engineering is to produce functional constructs in vitro that
can effectively regenerate damaged or diseased tissues in vivo. To engineer functional
tissue replacements for cartilage and osteochondral defect repair, various combinations
of cells, scaffolds, growth factors and bioreactor systems have been explored (Almeida
et al., 2014; Bian et al., 2013; Erickson et al., 2009; Huang et al., 2010; Mesallati et al.,
2017; Thorpe et al., 2008). The earliest example of this is autologous chondrocyte
implantation (ACI), which is now a well-established treatment for regenerating articular
cartilage lesions using culture expanded autologous chondrocytes (CCs) originally
harvested from non-load bearing locations (Brittberg et al., 1994). However, this
technique does not consistently result in hyaline cartilage regeneration, which can be
related to the fact that chondrocyte expansion to obtain a sufficient number of cells causes
fibroblastic de-differentiation, with decreased synthesis of proteoglycans and expression
of collagen type II and increased expression of collagen type I (Bian et al., 2010; Darling
et al., 2005; Fischer et al., 2010). A possible solution to overcome these limitations is the
use of co-cultures of CCs and mesenchymal stromal cells (MSCs), as a small number of

CCs that have undergone less in vitro expansion can be combined with a larger number
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of MSCs to produce stable cartilage. The use of such co-cultures is advantageous because
MSC:s can be easily obtained and can be induced to differentiate into cartilage even after
expansion, limiting the need for high numbers of CCs (Boeuf et al., 2010; Hendriks et
al., 2009). Moreover, it has been demonstrated that CCs can stimulate chondrogenesis of
MSCs (Liu et al., 2010), suppress hypertrophy (Bian et al., 2010) and increase
extracellular matrix (ECM) synthesis (Acharya et al., 2012; Bian et al., 2010; Giovannini
et al., 2010). This approach can ultimately facilitate the scaling-up of tissue engineering
strategies by increasing the number of therapeutic cells available for engineering larger

constructs.

Besides the choice of cell source and associated expansion conditions, the mechanical
environment is also known to be a potent regulator of cell phenotype. A crucial role is
played by the mechanical properties of the tissue engineered construct, which ideally will
match those of the native tissue to provide cells with a mechanical physiological
environment in vivo (Little et al., 2011). Receiving appropriate mechanical cues has been
shown to enhance matrix synthesis by cells encapsulated within scaffolds (L1 et al., 2008;
Schulz et al., 2007; Valonen et al., 2010). To engineer functional cartilage, 3D woven
polycaprolactone (PCL) scaffolds containing human MSCs were able to produce higher
collagen content and a more homogeneous matrix when cultured in an oscillating
bioreactor system compared to static controls (Valonen et al., 2010). In another study, a
bioreactor system able to simultaneously apply compression and shear forces was used
in order to guide MSCs chondrogenesis in polyurethane/methylcellulose composites
(Cochis et al., 2017). Mechanical stimulation resulted in higher expression of
chondrogenic genes and increase in glycosaminoglycan (GAG) production. Compressive

deformational loading, specifically cyclic unconfined compression, is the most utilized
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system of mechanical stimulation in cartilage tissue engineering (Bian et al., 2012; Cao
et al., 2019; Mauck et al., 2002; O'Conor et al., 2013). Depending on the loading regime,
dynamic compression of MSC-encapsulated scaffolds has been reported to produce a pro-
chondrogenic response that is beneficial for the repair of cartilage tissue (Huang et al.,
2010; Kisiday et al., 2009; Kock et al., 2012; Mauck et al., 2007; Thorpe et al., 2010).
However, there have also been studies demonstrating that mechanical stimulation can
suppress chondrogenesis of MSCs (Thorpe et al., 2010; Thorpe et al., 2008), or is more
effective if delayed or applied in the presence of growth factors (Mouw et al., 2007;
O'Conor et al., 2013; Thorpe et al., 2010). In addition, different mechanical cues have
been shown to either enhance (Bernhard et al., 2018; Carroll et al., 2014) or suppress
(Elder et al., 2009a; Nazempour et al., 2017) hypertrophy and progression along an

endochondral pathway when applied to chondrogenically primed MSCs.

In this chapter, 3D printing was first used to fabricate bi-layered PCL networks with
depth dependent mechanical properties for osteochondral tissue engineering. An alginate-
gelatin methacryloyl (GelMA) interpenetrating network (IPN) hydrogel was then
spatially deposited into the chondral layer of the construct, while an RGD-y irradiated
alginate hydrogel bioink was deposited into the osseous layer. The objective of this study
was to engineer phenotypically stable articular cartilage in the chondral region of the
construct, and hypertrophic cartilage destined to form endochondral bone in the osseous
region. To generate hypertrophic cartilage in the osseous region, bone marrow-derived
stromal cells (BMSCs) were loaded into the RGD-y irradiated alginate hydrogel bioink,
while two distinct approaches were explored to engineer phenotypically stable articular
cartilage in the chondral region of the construct. In the first, a co-culture of BMSCs and

CCs were deposited within the chondral layer of the construct. In the second, dynamic
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compression was applied to bioprinted constructs containing only BMSCs in both the
chondral and osseous layers, to explore if the application of physiologically relevant
mechanical cues is sufficient to support the development of phenotypically stable
articular cartilage. These bioprinted constructs were cultured for 42 days in vitro in the
presence of transforming growth factor-83 (TGF-83) before being assessed
biochemically and histologically to determine the tissue phenotypes generated within the

two layers of bioprinted construct.

5.2 Materials and methods

5.2.1 Cell-laden bioinks preparation

For the chondral layer of the 3D printed bi-layered PCL networks, an alginate —
GelMA IPN bioink was used. GeIMA was produced according to a previously reported
protocol (Van Den Bulcke et al., 2000b). GeIMA was synthesized by reaction of porcine
type A gelatin (Sigma Aldrich) with methacrylic anhydride (Sigma Aldrich) at 50 °C for
four hours. Methacrylic anhydride was added to a 10% solution of gelatin in PBS under
constant stirring. To achieve a high degree of functionalization, 0.6 g of methacrylic
anhydride was added per gram of gelatin. The functionalized polymer was dialyzed
against distilled water for 7 days at 40 °C to remove methacrylic acid and anhydride,
freeze-dried and stored at —20 °C until use. To prepare the IPN bioink, alginate
(PRONOVA TP LVG) and GelMA (including the photoinitiator Irgacure (Sigma-
Aldrich) at a final concentration of 0.05% v/v) were firstly dissolved in DMEM at a
concentration of 14 and 20% w/v respectively and then mixed together at a 1:1 ratio using

a dual syringe approach. Prior to bioprinting, the obtained IPN bioink was then combined
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either with a mixture of BMSCs and CCs (3:1 ratio) or BMSCs only at a 1:1 ratio,
resulting into IPN final concentration of 3.5% w/v alginate - 5% w/v GeIMA and cell

density of 20 x 10° cells/mL.

For the osseous layer of the 3D printed bi-layered PCL networks, an RGD-y irradiated
alginate bioink was used. Low-molecular-weight sodium alginate (58,000 g/mol) was
prepared by irradiating sodium alginate (Pronatal LF20/40, 196,000 g/mol; Pronova
Biopolymers, Oslo. Norway) at a gamma dose of 5 Mrad as previously described (Jeon
et al., 2010). RGD-modified (arginine-glycine aspartic acid) alginate was prepared by
coupling the GGGGRGDSP to the alginate by carbodiimide reaction chemistry. To
prepare the RGD-y irradiated alginate bioink, RGD-y irradiated alginate was dissolved in
DMEM at a concentration of 7% w/v. To make the bioink printable, the bioink viscosity
was increased by adding sterile methylcellulose (Sigma-Aldrich) to a 7% solution of
RGD-y irradiated alginate at a ratio of 1:2 w/w (methylcellulose:alginate). Prior to
bioprinting, the RGD-y irradiated alginate-methylcellulose hydrogel was combined with
BMSCs using the above mentioned dual syringe approach, obtaining an RGD-y irradiated
alginate bioink final concentration of 3.5% w/v and cell density of 20 x 10° cells/mL. The
cell-laden osseous layer bioink was then pre-crosslinked with 45 mM CaCl: (7:3, v/v

bioink:CaSOj4) for 40 mins at 37°C.

5.2.2 Design and fabrication of 3D bi-layered constructs

Bi-layered PCL (CAPA 6500D, Perstorp, Mn 50 kDa) networks (6 mm in diameter,
6 mm in height) were 3D printed via fused deposition modelling (FDM) using the 3D
Discovery bioplotter purchased from RegenHU with spatial resolution of = 5 um. The
filament pattern of the PCL network was varied in order to obtain two distinct geometries

resulting in a denser region (named Aligned) for the osseous layer (6 mm in diameter, 3
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mm in height), and a softer region (named Double Offset) for the chondral layer (6 mm
in diameter, 3 mm in height). The Aligned design consisted of a regular orthogonal
architecture, following a 0°0°/90°90° pattern with a filament spacing of 0.75 mm. The
Double Offset design was characterized by a 0°0°/90°90° orthogonal pattern with the
presence of offset layers every other four layers. In this case the filament spacing was 2
mm, whereas the offset layers were deposited at an offset distance of 1 mm. Previously
printed PCL constructs were sterilized with EtO and soaked overnight in a solution of 45
mM CaCl; to facilitate the crosslinking process of the hydrogels during printing. Prior to
hydrogels printing, the PCL constructs were placed in each well of a 6-well plate by
means of 3D printed poly lactic acid (PLA) inserts containing polydimethylsiloxane

(PDMS) moulds that kept the scaffolds in place in the centre of the well.

The cell-laden bioinks were loaded into a pressure driven system to be microextruded
in the open pores of the bi-layered PCL networks, using a z-direction printing approach
as described in Chapter 4. Z-direction printing permitted the controlled spatial deposition
of the layer-specific bioinks. 3D printing parameters for both PCL, chondral and osseous

layers bioinks are summarized in Table 5.1. Post-bioprinting, bi-layered constructs were

Table 5-1 Summary of PCL and hydrogel bioinks printing parameters.

Printing Parameters FDM printing Microextrusion printing

Material PCL alginate-gelMA IPN RGD-y irradiated alginate
Needle (Gauge) 30 23 25

Pressure (MPa) 0.1 0.13 0.03

Screw Speed (revs/m) 10 - -
Temperature (°C) 86 (tank). 78 (needle) 13 -

Layer Thickness (mm) 0.1 - -

Extrusion Speed (mm/s) 6 4 4
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fully crosslinked with 45 mM CaCl; and UV light exposure for 15 and 20 mins

respectively.

5.2.3 Isolation and expansion of MSCs and CCs

Bone marrow was removed from the femoral shaft of a porcine donor and washed in
high-glucose Dulbecco’s Modified Eagle Medium (hgDMEM) (Biosciences)
supplemented with 10% foetal bovine serum (FBS), 1% penicillin (100 U/mL) —
streptomycin (100 pg/mL) (all Bioscience) and amphotericin B (2.5 pg/mL) (Sigma-
Aldrich). A homogenous cell suspension was achieved by triturating with a 18G needle.
The solution was centrifuged twice at 650g for 5 min, with removal of the supernatant.
The resultant cell pellet was triturated, and the cell suspension was filtered through a 40
pum cell sieve (Sarstedt). Cell counting was performed with trypan blue and acetic acid
before plating at a density of 5 x 10° cells/cm? and maintained in a humidified chamber.
Following colony formation, cells were trypsinized, counted and re-plated for a further
passage at a density of 5 x 103 cells/cm?. FGF-2 (Prospec-Tany TechnoGene Ltd) was
added to the media which was changed twice weekly. Tripotentiality was confirmed prior

to use as previously described (Vinardell et al., 2009).

Cartilage tissue from another porcine donor was rinsed with PBS, weighed and finely
diced. Chondrocytes were isolated by digestion in hgDMEM containing 1% penicillin
(100 U/mL) — streptomycin (100 ug/mL) and 8 mL/g of collagenase type II (350 U/mL)
for 12-14 h under constant rotation at 37 °C. The resulting cell suspension was filtered

through a 40 um cell sieve, centrifuged and rinsed with PBS twice. Cell number and
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viability were determined using a haemocytometer and 0.4% trypan blue staining. All

expansion was conducted in hypoxic conditions and media was changed twice weekly.

5.2.4 In vitro culture conditions

3D bioprinted scaffolds were cultured for 6 weeks in chondrogenically defined media
consisting of hgDMEM supplemented with 1% penicillin (100 U/mL) — streptomycin
(100 pg/mL), sodium pyruvate (100 pg/mL), L-proline (40 pg/mL), L-ascorbic acid 2-
phosphate (50 pg/mL), linoleic acid (4.7 pg/mL), bovine serum albumin (1.5 mg/mL),
Ix insulin-transferrin-selenium, dexamethasone (100 nM) (all Sigma-Aldrich) and
human TGF-83 (10 ng/mL) (Prospec-Tany TechnoGene Ltd). Media change was
performed twice weekly. The oxygen tension was kept to 5% pO- for the first 3 weeks of

culture, and then switched to 20% pO: for the final 3 weeks.

Two separate in vitro evaluations were carried out to study the effect of 1) using a co-
culture of BMSCs and CCs in the chondral layer and BMSCs only in the osseous layer
and 2) mechanical stimulation when BMSCs only were encapsulated within both the
chondral and osseous layers of the constructs on matrix deposition. Constructs that
received mechanical stimulation underwent unconfined dynamic compression
immediately after printing, using a custom-built bioreactor system. A linear actuator was
used to control the displacement of a porous flat-ended compression platen. BMSCs-
laden constructs were placed onto a non-porous platen sitting in a glass dish and
presenting small pins that served to anchor the constructs in place and prevent floating of
the samples. The bioreactor unit was placed in a cell culture incubator where oxygen
conditions could be controlled. Constructs underwent dynamic loading for 2 h/day (5

days/week) by applying a compressive strain of 10% at 1 Hz frequency. After each
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loading session, the constructs were kept in the bioreactor dishes in culture medium under

standard conditions.

5.2.5 Biochemical analysis

The biochemical content of all constructs was quantified. Samples were digested with
papain (125 pg/mL) in 0.1 M sodium acetate, 5 mM L-cysteine-HCl, 0.05 M ethylene-
diamine-tetracetic acid (EDTA) (all Sigma-Aldrich) and pH 6 under constant rotation at
60 °C for 18 h. DNA content was assessed using the Hoechst Bisbenzimide 33258 dye
assay. The amount of sulphated glycosaminoglycans (sGAG) was measured using the
dimethyl methylene blue-binding assay (DMMB) (Blyscan, Bicolor Ltd.). Total collagen
content was determined by quantifying the hydroxyproline content using the
(dimethylamino)benzaldehyde and chloramine T assay and a hydroxyproline to collagen

ratio of 1:7.69.

5.2.6 Histological and immunohistochemical analysis

Scaffolds were fixed with 4% paraformaldehyde solution, dehydrated in graded series
of ethanol, embedded in paraffin wax, sectioned at 8 pym and affixed to microscope slides.
The sections were stained with Alcian Blue/Aldehyde Fuchsin, Picrosirius Red and

Alizarin Red to assess for sGAG, collagen and calcium content.

Immunohistochemical technique was used to evaluate collagen types II and X.
Sections were rehydrated and treated with chondroitinase ABC (Sigma-Aldrich) in a
humidified environment at 37 °C to enhance permeability of the extracellular matrix. This
was followed by incubation in goat serum to block non-specific sites and the relevant
collagen type II (sc52658, 1:400) (mouse monoclonal; Santa Cruz Biotechnology) or

collagen type X (ab49945, 1:200) primary antibodies (mouse monoclonal; Abcam) were

135



applied overnight at 4 °C. Treatment with peroxidase preceded the application of the
secondary antibody (collagen type II, B7151, 1:300; collagen type X, ab49760, 1:200) at
room temperature for 1 h. Thereafter, all sections were incubated with ABC reagent
(Vectastain PK-400; Vector Labs) for 45 min. Finally, sections were developed with
DAB peroxidase (Vector Labs) for 5 min. Positive and negative controls were included

in the immunohistochemical staining protocols.

5.2.7 Live/dead confocal microscopy

Cell viability was evaluated 24 h post-printing using a Live/Dead assay kit
(Bioscience). Bioprinted cell-laden scaffolds were rinsed with phenol free medium and
incubated in a solution containing 4 uM ethidium homodimer-1 and 2 pM calcein for 1
h. Following incubation, the scaffolds were rinsed again and imaged with Olympus FV-
1000 Point-Scanning Confocal Microscope t 488 and 543 nm channels. Cell viability was

quantified using Image-J software.

5.2.8 Mechanical testing

Mechanical experiments were performed on the PCL chondral and osseous layers
printed separately. Uniaxial unconfined compression tests were carried out in a PBS bath
at room temperature (~25 °C) using a twin column Zwick universal testing machine
(Zwick, Roell) equipped with a 200 N load cell. To ensure contact between the surface
of the scaffolds (n = 4 per group) and the top compression platen, a preload of 0.5 N
preload was applied to the PCL constructs. Samples were subjected to ramp compression
with a speed of | mm/min until 10% strain. The ramp modulus was taken as the slope of

the stress-strain curve between 2-8% strain.
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5.2.9 Statistical analysis

Results are presented as mean =+ standard deviation. Statistical analysis was performed
with GraphPad (GraphPad Software, La Jolla California, USA). Experimental groups
were analysed for significant differences using either a t-test or a general linear model for
analysis of variance (ANOVA) and performing Tukey’s post-test. For all comparisons,

significance was accepted for p < 0.05.

5.3 Results

5.3.1 3D printing of fibre-reinforced hydrogels for osteochondral tissue engineering

Bi-layered PCL networks were generated using FDM by varying the geometry
parameters within the construct to obtain a relatively soft chondral layer and a relatively
stiff osseous layer (Figure 5.1a 1, ii). Scanning Electron Microscopy (SEM) image shows
a cross-section of the bi-layered PCL network where the interface between the chondral
and osseous regions can be observed (Figure 5.1b). By altering fibre pattern and spacing,
it was possible to generate two PCL structures differing significantly in compressive
properties, as demonstrated by the difference in slope of the stress-strain curves (Figure
5.1c). As expected, the chondral layer of the PCL structure was softer with a ramp
modulus 0of 0.192 £ 0.02 MPa (blue bar; Figure 5.1d) which is mimetic of the compressive
properties of articular cartilage (Beck et al., 2016a; Little et al., 2011; Shepherd et al.,
1997). The osseous layer was noticeably stiffer with a ramp modulus of 13.79 + 2.48
MPa (grey bar; Figure 5.1d) which is in the range of compressive properties for

hypertrophic cartilage (Mente et al., 1994).
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Microextrusion printing was used to deposit layer-specific cell-laden bioinks. A
microscopic image of the resulting biphasic composite construct is shown in Figure 5.1e.
The chondral region (top 3 mm) of the bi-layered PCL scaffold was filled with an
alginate-GeIMA IPN hydrogel (optimized in Chapter 4) seeded either with a co-culture
of BMSCs and CCs (Study 1; Figure 5.1f 1) or with BMSCs only (Study 2; Figure 5.1g
1), while the osseous region (bottom 3 mm) of all constructs was filled with an RGD-y
irradiated alginate hydrogel seeded with BMSCs only (Study 1; Figure 5.1f ii, and Study

2; Figure 5.1g ii).
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3D printing of bi-layered PCL reinforcement with native tissue-like mechanical properties
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Figure 5-1 Summary of the experimental plan and mechanical characterization of the PCL reinforcement
networks. (a) (i) Schematic of the bi-layered 3D PCL network and description of the geometry parameters
characterizing the chondral and osseous layers of the PCL scaffold. (ii) Macroscopic images of frontal, top
(chondral layer) and bottom (osseous layer) views of the biphasic PCL reinforcement. (b) SEM image showing the
PCL bi-layered scaffold in cross-section. (c) Representative compressive stress-strain curves and (d) ramp modulus
for the chondral (blue bar) and osseous (grey bar) PCL structures. (¢) Macroscopic image of a bi-layered construct
after incorporating layer-specific bioinks. (f) Schematic of the steps to assess the influence of a chondrocyte-MSC
co-culture (Study 1). To form the composite constructs, (i) an alginate-GeIMA IPN bioink (blue) encapsulating a
co-culture of BMSCs and CCs was deposited within the chondral layer and (ii) an RGD- y irradiated alginate bioink
(grey) containing BMSCs only was printed within the osseous layer; (iii) composite constructs were cultured in
vitro for 6 weeks for the first 21 days at 5% Oz and the following 21 days at 20% Oxz. (g) Schematic of the steps to
assess the influence of mechanical stimulation (Study 2). To form the composite constructs, BMSCs only were
encapsulated in both (i) an alginate-GelMA IPN bioink (blue) for the chondral layer and (ii) an RGD- y irradiated
alginate bioink (grey) for the osseous layer; (iii) composite constructs were cultured in vitro for 6 weeks either in

static or dynamic conditions for the first 21 days at 5% Oz and the following 21 days at 20% Oz. Scale bars: 1 mm.
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5.3.2 Study 1: 3D bioprinting of layered constructs with spatially distinct cell
populations

This thesis next sought to determine whether printing a co-culture of BMSCs and CCs
into the top chondral layer could support the engineering of phenotypically stable
articular cartilage. Cell viability was assessed 1 day after bioprinting, with live/dead
staining (Figure 5.2a) demonstrating approximately 90% cell viability in both the
chondral and osseous layers (Figure 5.2b). To determine the effect of depositing distinct
cell populations in the two layers of the construct on matrix deposition, the bioprinted

constructs were next cultured in vitro for 6 weeks (Figure 5.1f).
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Figure 5-2 (a) Live/dead images of the BMSCs and CCs-laden chondral layer bioink (top) and BMSCs-
laden osseous layer bioink (bottom) (b) Quantitative analysis of the cell viability for the chondral (blue bar)
and osseous (grey bar) layers. (c) DNA content normalized per wet weight, (d) GAG/DNA and (e)
collagen/DNA after 1, 21 and 42 days in vitro. ****p <0.0001, ***p < 0.001 and *p < 0.05.
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The bi-layered, PCL-reinforced bioinks supported robust chondrogenesis, as evident
by abundant cartilage matrix deposition throughout the constructs (Figure 5.2c-¢). The
co-culture in the chondral layer stimulated the production of higher levels of GAG
(Figure 5.2d) and collagen (Figure 5.2e) deposition compared to the BMSCs in the
osseous layer. The histological analysis confirmed these findings, with the chondral layer
staining more intensely for Alcian Blue/Aldehyde Fuchsin compared to the osseous layer
(Figure 5.3a). Some evidence of calcium deposits was observed in the osseous layer,
whereas the chondral layer stained negative for Alizarin Red (Figure 5.3b). Picrosirius
Red staining was homogeneous throughout the construct (Figure 5.3c), with both layers
staining positive for collagen type II (Figure 5.3d). Only the osseous layer stained

positively for the hypertrophic marker collagen type X (Figure 5.3¢).
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Figure 5-3 Histological and immunohistochemical analysis of chondral and osseous layers showing (a)
Alcian Blue/Aldehyde Fuchsin, (b) Alizarin Red, (c) Picrosirius Red, (d) collagen type II and (e) collagen
type X after day 1, 21 and 42 of in vitro culture. Scale bar: 500 um.

5.3.3 Study 2: The influence of dynamic compression on matrix deposition within
bi-layered PCL reinforced cell-laden hydrogels

This thesis next sought to determine whether the application of dynamic compression
to bi-layered constructs containing only BMSCs would support the development of
spatially distinct cellular phenotypes within the two regions of the construct. As the top
chondral layer is over 50 times less stiff than the underlying osseous layer, BMSCs in
this region will experience significantly larger deformation compared to cells in the
osseous layer, which will be subjected to relatively little mechanical stimulation. The

bioprinting process did not affect cell viability in either of the layers of the bi-layered
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constructs (Figure 5.4a), with approximately 80% BMSCs viability in both the chondral
and osseous layers at day 1 (Figure 5.4b). To determine the effect of mechanical
stimulation on matrix deposition, the bioprinted constructs were cultured in vitro for 6

weeks in either free-swelling or dynamic culture conditions (Figure 5.1g).

There was a trend toward higher levels of collagen and GAG production in the
chondral layer (Figure 5.4d, e) of dynamically stimulated (white bars) constructs after 42
days in vitro. The chondral layer of dynamically compressed constructs stained more
intensely for Alcian Blue/Aldehyde Fuchsin compared to those maintained in static
culture (Figure 5.5a). Conversely, the staining for cartilage matrix components in the
osseous layer was comparable in both culture conditions (Figure 5.5a). There were no
dramatic differences in Picrosirius Red staining for collagen deposition between the
chondral layers of scaffolds subjected to either static or dynamic culture, whereas the
osseous layer of samples cultured in static conditions stained more intensely for collagen
deposition (Figure 5.5b). Positive staining for Alizarin Red was observed in the core
region of both chondral and osseous layers of constructs cultured in static conditions
(Figure 5.5¢). In contrast, dynamic stimulation suppressed calcium deposition in both

chondral and osseous layers of the samples (Figure 5.5¢).
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Figure 5-4 (a) Live/dead images of the BMSCs-laden chondral (top) and osseous (bottom) layers bioinks.
(b) Quantitative analysis of the cell viability for the chondral (blue bar) and osseous (grey bar) layers.
Biochemical analysis of the (c-e¢) chondral and (f-h) osseous layers in BMSCs only-laden biphasic
composites comparing static and dynamic conditions after 1, 21 and 42 days in vitro. Quantification of (c,
f) DNA content normalized per wet weight, (d, g) collagen/DNA and (e, h) GAG/DNA in the (c-¢) chondral

and (f-h) osseous layers of the bi-layered constructs.
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Figure 5-5 Histological analysis of chondral and osseous layers containing BMSCs only in static and
dynamic culture conditions showing (a) Alcian Blue/Aldehyde Fuchsin, (b) Picrosirius Red and (c) Alizarin

Red after 42 days of in vitro culture.

5.4 Discussion

Tissue engineering aims to regenerate damaged tissues by developing biological

substitutes able to restore and maintain tissue function. Regardless of the tissue type, a
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number of key considerations must be taken into account in order to engineer such
functional biological substitutes. Cell population and mechanical factors are important
parameters that have been shown to influence the structure and function of engineered
tissues (O'Brien et al., 2011; Plunkett et al., 2011; Seo et al., 2014). In cartilage tissue
engineering, the use of co-cultures has received increased interest for two main reasons:
1) the availability of chondrocytes is limited and 2) the observation that MSCs tend to
form hypertrophic cartilage tissue with inferior biochemical and biomechanical
properties. From a mechanical standpoint, scaffolds need to possess adequate
biomechanical properties to function within a challenging load bearing environment, but
must also transfer appropriate biophysical cues to seeded cells to ensure their tissue-
specific differentiation. Cyclic unconfined compression has been one of the most
investigated systems of mechanical stimulation to influence the fate of undifferentiated
MSCs (Huang et al., 2004; Mauck et al., 2002; O'Conor et al., 2013; Terraciano et al.,

2007).

The overall aim of this study was to determine the impact of either 1) cell population
or 2) mechanical stimulation when developing functional constructs for osteochondral
tissue engineering. To this end, a multi-tool biofabrication strategy was used to develop
a bi-layered construct reinforced with a fibrous PCL network, where the internal
architecture was tuned to obtain constructs with hyaline cartilage- and hypertrophic
cartilage-like mechanical properties for the chondral and osseous layers of the constructs,
respectively. Moreover, microextrusion printing parameters were tailored to precisely
control the spatial deposition of layer-specific cell-encapsulated bioinks (i.e. alginate-
GelMA IPN hydrogel for the chondral layer and RGD-y irradiated alginate hydrogel for

the osseous layer) into the osteochondral construct. Two strategies were used to engineer
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osteochondral tissue in vitro for 6 weeks in the presence of chondrogenic media
(containing TGF-B3). 3D bioprinted bi-layered composites contained either 1) a co-
culture of BMSCs and CCs in the chondral layer and BMSCs only in the osseous layer
cultured in static conditions or 2) BMSCs only in both chondral and osseous layers
cultured in either static or dynamic conditions. Overall, it was found that the co-culture
of BMSCs and CCs within the chondral layer promoted the development of a hyaline
cartilage-like matrix, that stained negative for hypertrophic markers. Dynamic
compression provided an alternative mechanism to engineer phenotypically stable
cartilage. BMSCs in both chondral and osseous layers produced a calcified matrix when
cultured in static conditions, with the application of dynamic compression suppressing

the formation of such calcium deposits throughout the construct.

Previous studies have demonstrated that the use of co-cultures of MSCs and CCs can
increase the production of cartilage ECM both in vitro (Acharya et al., 2012; Bian et al.,
2011; Critchley et al., 2018b; Meretoja et al., 2012; Mesallati et al., 2017; Mesallati et
al., 2015; Wu et al., 2011) and in vivo (Dahlin et al., 2014; Liu et al., 2010; Mesallati et
al., 2015; Sabatino et al., 2015). It has been reported that this is due to two related
phenomena: MSCs secreting factors such as TGF-33, IGF-1, FGF-1 and FGF-2 that drive
the proliferation of CCs, and CCs stimulating MSCs chondrogenesis (Acharya et al.,
2012; Wu et al., 2013; Wu et al., 2011). Furthermore, co-culture of BMSCs and CCs
seemed to play a role in suppressing hypertrophy by significantly reducing mineralization
in cartilaginous constructs (Acharya et al., 2012; Bian et al., 2011; Fischer et al., 2010;
Kang et al., 2012). This is in agreement with our work where the BMSCs and CCs co-
culture in the chondral layer stimulated significantly more robust chondrogenesis

compared to BMSCs only in the osseous layer. Moreover, the co-culture appeared to
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inhibit hypertrophy and mineralization in the chondral layer as evidenced by the negative
staining for collagen type X and Alizarin Red, which was not the case for scaffolds where

the chondral layer was seeded with BMSCs only.

Dynamic loading was initiated immediately after printing of BMSC-laden bioinks in
the bi-layered PCL network. While the application of dynamic compression had no
statistically significant effect on sGAG or collagen deposition, there was a trend towards
higher levels of sGAG in the chondral region of compressed constructs which was also
observed histologically. This relatively moderate response to mechanical stimulation
could possibly be explained by the fact that the external loading was applied shortly after
BMSCs encapsulation, meaning that cells were still at an early stage in the differentiation
process and perhaps not responding to biophysical stimulation as expected. Earlier
studies have demonstrated that initiating the loading soon after cell seeding could have a
detrimental effect on cartilage-specific matrix production, with BMSCs response to
dynamic compression varying during the process of chondrogenesis (Huang et al., 2010;
O'Conor et al., 2013; Thorpe et al., 2010; Thorpe et al., 2008). In contrast, dynamic
loading was shown to significantly enhance MSCs chondrogenesis in the presence of
growth factors if applied after a chondrogenic preculture period. Mouw et al. (Mouw et
al., 2007) reported that when dynamic loading was introduced after preculturing agarose
gels containing BMSCs in chondrogenic media for 16 days, there was an increase in
aggrecan and Col2al gene expression and GAG synthesis. In another study, Thorpe et
al. (Thorpe et al., 2010) observed that the application of dynamic compression after 21
days of chondrogenic differentiation did not inhibit chondrogenesis of MSCs showing a
trend toward higher levels of GAG/DNA compared to constructs that were subjected to

loading from day O.

148



Dynamic compression was found to suppress calcium deposition throughout the bi-
layered constructs. Other studies have also observed that dynamic compression can
suppress hypertrophy and progression along an endochondral pathway (Bian et al., 2012;
Thorpe et al., 2013a). Given that the osseous layer was dramatically stiffer than the
chondral layer, and hence the levels of mechanical stimulation noticeably lower, it might
have been expected that this suppression of hypertrophy would have been confined to the
chondral layer of the implant. This suggests that MSCs are either sensitive to the
relatively low levels of mechanical stimulation in the osseous layer, or that soluble factors
secreted by MSCs in the chondral layer in response to the higher levels of mechanical
stimulation were also influencing cells in the osseous region. Beside the duration of
preculture and application of growth factors, the response of MSCs can potentially be
modulated by varying loading parameters and the mechanical properties of the substrate
in which cells are encapsulated. Further studies are required to investigate these

hypotheses.

5.5 Conclusion

To conclude, 3D bioprinting was successfully used to engineer bi-layered PCL reinforced
composites with layer-specific cell-laden bioinks for osteochondral tissue engineering.
The effect of utilizing specific cell populations or mechanical stimulation, key factors for
developing functional engineered tissues, has been investigated. While both approaches
showed promise, further work is clearly required to identify the combination of scaffold
spatial mechanical properties and extrinsic mechanical stimulation protocols to engineer

bi-layered constructs with spatially distinct tissue phenotypes. In contrast, simply printing
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a co-culture of BMSCs and CCs provides a robust approach to engineering

phenotypically stable articular cartilage onto the surface of osteochondral implants.
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Chapter 6
3D bioprinting of osteochondral implants for

biological joint resurfacing

6.1 Introduction

Osteoarthritis (OA) is a chronic degenerative disease that involves the entire synovial
joint, including the articular cartilage, subchondral bone and synovium (Escobar Ivirico
et al., 2017; Glyn-Jones et al., 2015; Kuyinu et al., 2016). It affects about 3.8% of the
population globally representing a substantial and increasing health burden worldwide
(Hawker et al., 2019). OA is typically associated with aging of the population and obesity,
although lately it is also frequently affecting younger and more active individuals
(Buckwalter et al., 2006; Gioe et al., 2007). While focal cartilage and osteochondral
defects can be repaired surgically to improve joint function (at least in the short-medium
term), the only solution for end-stage OA is total knee arthroplasty (TKA) to replace the
diseased joint with a permanent implant (Angele et al., 2016; Gomoll et al., 2012).
Despite the fact that TKA is well established, complications such as loosening, wear and
osteolysis that could necessitate a second more complex surgery are not uncommon
(Keeney et al., 2011; Schiavone Panni et al., 2009). Therefore, there has been increased

interest in exploring new regenerative approaches that could delay or ideally prevent the

need for TKA.

Significant advances have been made in the field of tissue engineering with numerous
studies demonstrating that cartilage- and bone-like tissues can be engineered using

specific combinations of biomaterials, cells and bioactive factors. For engineering
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complex biological interfaces such as the osteochondral unit, multiphasic scaffolds or
hydrogels have shown promise for osteochondral tissue engineering (Cunniffe et al.,
2019; Ding et al., 2013; Grayson et al., 2010; Lee et al., 2010; Mano et al., 2008; Melchels
et al., 2011; Mesallati et al., 2015; Santo et al., 2013; Sheehy et al., 2013). Stratified
biomaterial scaffolds can provide an adequate 3D environment for cellular distribution,
proliferation and differentiation due to their biocompatibility and biomimetic features
(Liu et al., 2013). However, the fabrication of multiphasic scaffolds that can provide
mechanical stability while successfully controlling the production of native-like tissue
remains a significant challenge, especially when the ultimate goal is to regenerate a whole
articular joint. The ideal tissue engineered implant for the repair and regeneration of large
osteochondral defects must fulfil specific criteria. The engineered scaffold must be able
to stimulate the production of hyaline cartilage-like tissue and mineralized bony tissue
simultaneously; provide mechanical functionality immediately after implantation; and fit
the often anatomically complex shape and size of the defect to be treated (Jiang et al.,

2010; Liu et al., 2013; O'Brien et al., 2011).

The aforementioned scaffold requirements could potentially be achieved by using
multiple-tool bioprinting strategies to spatially pattern specific combinations of
biomaterials, cells and growth factors in 3D space (Daly et al., 2017a; Mouser et al., 2016;
Murphy et al., 2014a; Schon et al., 2016). In the context of entire joint regeneration, small
number of studies have explored the use of Fused Deposition Modelling (FDM) to
produce anatomically defined scaffolds. Biphasic scaffolds matching the geometry of the
femoral head were fabricated by seeding chondrocytes into a chondral region fabricated
from poly(lactic-co-glycolic acid) (PLGA) and bone marrow-derived stromal cells

(BMSCs) into an osseous region fabricated from polycaprolactone (PCL)/hydroxyapatite

152



(HA) (Ding et al., 2013). Following subcutaneous implantation, histological analysis
showed deposition of specific cartilage and bone extracellular matrix (ECM) as well as
good integration at the osteochondral interface. In another study, micro computed
tomography (CT) was used to create 3D printed anatomically accurate scaffolds using
poly(ethylene glycol)-terephthalate/poly-(butylene terephthalate) (PEGT/PBT) to
replace both the femoral head and the tibial plateau in a lapine model (Woodfield et al.,
2009). Rabbit chondrocytes (CCs) were seeded onto the constructs and cultured for 5
weeks in vitro before implantation. Post-implantation, histological evaluation of the joint
demonstrated that fibrous-like tissue had formed throughout with little evidence of a
hyaline cartilage layer, highlighting the challenge of regenerating hyaline cartilage when
resurfacing an entire joint surface. FDM has also been used to produce PCL/HA scaffolds
for resurfacing the rabbit proximal humeral joint (Lee et al., 2010). The anatomically
shaped porous constructs were infused with transforming growth factor- 33 (TGF-33). 4
months post-implantation, hyaline-like cartilage was found covering the surface of the
scaffolds while blood vessels were observed in the osseous region. This study
demonstrated that the incorporation of bioactive factors in 3D printed constructs is a

promising strategy for biological joint resurfacing.

In this chapter, PCL reinforced bioinks functionalized with different growth factors
were used to 3D print: 1) a biphasic construct to treat large osteochondral defects in the
knee condyle of goats and 2) a scaled up, anatomically shaped bi-layered prosthesis for
whole joint resurfacing which was tested in a pilot study in the glenohumeral (shoulder)
joint of rabbits. To promote the formation of articular cartilage, a sulfated alginate-gelatin
methacryloyl (GelIMA) interpenetrating network (IPN) bioink containing BMSCs and

TGF-83 was deposited within the chondral layer of the implants. For the osseous region,
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an acellular RGD- y irradiated alginate-based bioink containing either vascular
endothelial growth factor (VEGF) or bone morphogenetic protein-2 (BMP-2) was
microextruded in the centre and periphery of the osseous layer, respectively. Given the
challenging mechanical environment both implants will experience in vivo, the PCL
reinforcement was designed with the goal of providing adequate local and global
mechanical properties as well as an appropriate fixation to facilitate the implantation of
the anatomically shaped prosthesis. For both animal models, constructs did not receive
any in vitro priming and were implanted the day after fabrication. Finally, the efficacy of
this tissue engineering approach was assessed 1) after 6 months in a caprine model of
osteochondral defect regeneration in the femoral condyle and 2) after 3 months in a pilot-
lapine model study of humeral head regeneration through micro CT, histological and

immunohistochemical analysis.

6.2 Materials and methods

6.2.1 Isolation and expansion of BMSCs

BMSCs were isolated from the femoral shaft of either goats or rabbits, and expanded
in high glucose Dulbecco’s Modified Eagle’s Medium (hgDMEM) GlutaMAX
supplemented with either 10% v/v goat or rabbit serum, 10% v/v FBS, 100 U/mL
penicillin, 100 pg/mL streptomycin, 2.5 pg/mL amphotericin B at 5% pO2 (all Gibco,
Biosciences, Dublin, Ireland). Following colony formation, MSCs were trypsinized,
counted, seeded at density of 5000 cells/cm? in 500 cm? triple flasks (Thermo Fisher
Scientific), supplemented with hgDMEM, 10% v/v FBS, 100 U/mL penicillin, 100

pg/mL streptomycin, 2.5 pg ml/mL amphotericin B, and 5 ng/mL human fibroblastic
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growth factor-2 (FGF-2; Prospec-Tany TechnoGene Ltd., Isracl) and expanded to

passage 2 at 5% pO2.

6.2.2 Materials preparation

Chondroinductive bioink

GelMA was produced according to a previously reported protocol (Van Den Bulcke
et al., 2000b). GeIlMA was synthesized by reaction of porcine type A gelatin (Sigma
Aldrich) with methacrylic anhydride (Sigma Aldrich) at 50 °C for four hours. Methacrylic
anhydride was added to a 10% solution of gelatin in PBS under constant stirring. To
achieve a high degree of functionalization, 0.6 g of methacrylic anhydride was added per
gram of gelatin. The functionalized polymer was dialyzed against distilled water for 7
days at 40 °C to remove methacrylic acid and anhydride, freeze-dried and stored at —20

°C until use.

The sulfation of alginate was performed following a previously described protocol
(Freeman et al., 2008). Briefly, 0.6 g of alginate (LVG, Pronova, MW = ~75 kDa) was
dissolved at 0.2% w/v in deionized water at 4 °C. Then, 20 g of Dowex-X8 ion exchange
resin (100-200 mesh, H+ form) (Sigma-Aldrich) was added to the alginate solution and
stirred for 30 mins. After centrifugation of the obtained mixture, the supernatant was
collected, and the pH adjusted to approximately 6.0 using tributylamine (TBA) (Sigma-
Aldrich). The solution was then filtered and lyophilized to obtain TBA-alginate. Next,
0.6 g of TBA-alginate was resuspended in 200 mL of Dimethylformamide
(DMF)/sulfuric acid (H2SO4) solution, followed by the addition of 12 g of N, N'-
dicyclohexylcarbodiimide (DCC) (Sigma-Aldrich) and stirring for 2 h at room

temperature. At the end of the reaction, the solution was filtered to separate the precipitate

155



from the filtrate. The filtrate was mixed with three equal volumes of dichloromethane
(Sigma-Aldrich), from which a second precipitate was collected. These precipitates were
further dissolved in 0.5 N sodium hydroxide (NaOH) (Sigma-Aldrich) for 30 mins. This
time the precipitate was discarded, while the filtrate was dialyzed against deionized water

for 3 days and lyophilized to obtain the sulfated alginate.

To produce the chondroinductive bionk GeIMA, normal alginate and sulfated alginate
were dissolved in sterile hgDMEM to obtain GeIMA at a concentration of 30.8% w/v,
and both normal alginate and sulfated alginate at a concentration of 3.08% w/v. Prior to
bioprinting, these three components were mixed with Irgacure (photoinitiator), BMSCs
and TGF-B3 (Peprotech, UK) to obtain final concentrations of 10% w/v of GelMA, 1%
w/v of normal alginate-sulfated alginate, 0.05% v/v of Irgacure, 5 pg/mL of TGF-3 and

cell density of 20x10° cells/mL.

Osteoinductive and vascular bioinks

Low-molecular-weight sodium alginate (58,000 g/mol) was prepared by irradiating
sodium alginate (Protanal LF20/40, 196,000 g/mol; Pronova Biopolymers, Oslo,
Norway) at a gamma dose of 5 Mrad as previously described (Jeon et al., 2010). RGD-
modified (arginine-glycine aspartic acid) alginate was prepared by coupling the

GGGGRGDSP to the alginate by carbodiimide reaction chemistry.

The base bioink to produce the osteoinductive and vascular bioinks was prepared by
dissolving RGD-y irradiated alginate in sterile hgDMEM to make up a concentration of
3.5% w/v. To increase the viscosity of the bioink to make it printable, sterile
methylcellulose (Sigma-Aldrich) was added to a 3.5% alginate solution of RGD-y

irradiated alginate at a ratio of 1:2 w/w (methylcellulose:alginate). To create the
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osteoinductive bioink, laponite (Laponite XLG, BYK Additives & Instruments, UK) was
added to the alginate-methylcellulose hydrogel at a ratio of 6:1 w/w. Prior to bioprinting,
12 pg/mL of BMP-2 (Peprotech, UK) were added to the osteoinductive hydrogel using a
dual syringe approach. The bioink was then pre-crosslinked with 60 mM CaSQO4(7:3, v/v
bioink:CaSO4) for 15 mins at 37°C. To obtain the vascular bioink, nano-sized
hydroxyapatite (nHA) particles were prepared according to a previously described
protocol (Cunniffe et al., 2010). nHA particles were then added to the alginate-
methylcellulose bioink at a ratio of 1:1 w/w to facilitate the adsorption and
immobilization of VEGF within the hydrogel due to the strong electrostatic attraction
between nHA (Chen et al., 2014b). Prior to bioprinting, 5 pg/mL of VEGF (Gibco Life
Technologies, Gaithersburg, MD, USA) were added to the vascular hydrogel using a dual
syringe approach. The bioink was then pre-crosslinked with 60 mM CaSOg4 (7:3, v/v

bioink:CaSO4) for 30 mins at 37°C.

6.2.3 Implants design and 3D bioprinting

Both implants were 3D bioprinted using the 3D Discovery bioplotter purchased from
RegenHU with spatial resolution of + 5 um. Implants consisted of porous PCL (CAPA
6500D, Perstorp, Mn = 50 kDa) networks printed via FDM and characterized by two
different architectures for the chondral layer (2 mm high for the osteochondral plug and
0.6 mm high for the shoulder prosthesis) and the osseous layer (4 mm high for the
osteochondral plug and 5 mm high for the shoulder prosthesis). The bi-layered PCL
geometry used for the osteochondral plug derived from the outcomes of Chapters 3, 4
and 5. As replacing an entire joint means subjecting the 3D printed implant to a more
challenging mechanical environment, the PCL design for the humeral head-shaped

scaffold was refined through a series of improvements. Compared to the osteochondral

157



plug design, the shoulder implant was further reinforced by reducing the overall scaffold
porosity. Moreover, the implant comprised of a 3D printed intramedullary stem for
surgical fixation. Previously printed PCL scaffolds underwent NaOH treatment to
improve surface hydrophilicity of the scaffold (5 M NaOH, overnight at room
temperature), washed with absolute alcohol and PBS, and sterilized with EtO. Prior to
bioinks printing, the PCL frames were placed in a custom-made moulding system that
kept the scaffolds in place in the centre of the printing stage. This allowed for accurate

spatial deposition of the bioinks through microextrusion bioprinting in the z-direction.

Table 6-1 Summary of FDM printing parameters for osteochondral plug and shoulder joint prosthesis.

Printing Parameters FDM printing
Implant type Osteochondral plug Joint prosthesis
Material PCL PCL
Needle (Gauge) 30 27
Pressure (MPa) 0.1 0.15
Screw Speed (revs/m) 10 16.4
Temperature (°C) 86 (tank), 78 (needle) 75 (tank), 80 (needle), 45 (printer stage)
Layer Thickness (mm) 0.1 0.197
Extrusion Speed (mm/s) 6 48

Bioinks were loaded into a pressure driven system to be bioprinted in the open pores of
the PCL frames. The vascular and osteoinductive bioinks were printed within the centre
and periphery of the osseous layer, respectively. The BMSC-laden chondroinductive
bioink was bioprinted homogeneously throughout the chondral layer of the implants.

Printing parameters for PCL and all bioinks are summarized in Table 6.1 and 6.2,
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respectively. Post-printing, the implants were fully crosslinked with 60 mM CaCl, and

UV light exposure for 15 and 20 min, respectively.

Table 6-2 Summary of microextrusion bioprinting parameters for the tissue-specific bioinks.

Printing Parameters Microextrusion bioprinting
Material Vascular bioink | Osteoinductive biomnk | Chondroinductive bioink
Needle (Gauge) 25 25 23
Pressure (MPa) 0.05 0.03 0.13
Temperature (°C) - - 13
Extrusion Speed (mm/s) 2 4 4

6.2.4 Mechanical testing

Mechanical characterization of both osteochondral plugs and shoulder joint implants
was performed prior to implantation using a twin column Zwick universal testing
machine (Zwick, Roell). All tests were carried out at room temperature (~25 °C) in a PBS
bath using a 200 N load cell. To mimic the site of implantation in vivo, osteochondral
plugs (n = 4) were tested in confined compression and subjected to a compressive strain
cycle load up to 1000 cycles, where the chondral layer of the implant was compressed by
10% strain at 1 Hz frequency. Humeral head-shaped implants (n = 4) were tested in
unconfined compression by applying 1000 compressive cycles at 15% strain at a
frequency of 1 Hz. The permanent deformation experienced by the scaffolds upon loading

application was evaluated.
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6.2.5 In vitro culture conditions

3D bioprinted constructs, both osteochondral plugs and anatomically shaped
implants, were cultured in growth medium at hypoxic conditions for the first 3 weeks of
culture, and then switched at normoxic conditions for the final 3 weeks. Media change

was performed twice weekly.

6.2.6 Biochemical analysis

To quantify the constructs’ biochemical content, samples were digested with papain
(125 pg/mL) in 0.1 M sodium acetate, 5 mM L-cysteine-HCIL, 0.05 M ethylene-diamine-
tetracetic acid (EDTA) (all Sigma-Aldrich) and pH 6 under constant rotation at 60 °C for
18 h. DNA content was assessed using the Hoechst Bisbenzimide 33258 dye assay. The
amount of sulphated glycosaminoglycans (sGAG) was measured using the dimethyl
methylene blue-binding assay (DMMB) (Blyscan, Bicolor Ltd.). Total collagen content
was determined by quantifying the hydroxyproline content using the
(dimethylamino)benzaldehyde and chloramine T assay and a hydroxyproline to collagen

ratio of 1:7.69.

6.2.7 Histological and immunohistochemical analysis

In vitro samples were fixed in 4% paraformaldehyde solution, dehydrated in graded
series of ethanol, embedded in paraffin wax, sectioned at 8 um and affixed to microscope
slides. The sections were stained with Alcian Blue/Aldehyde Fuchsin, Picrosirius Red

and Alizarin Red to assess for sGAG, collagen and calcium content, respectively.

In vivo samples were fixed in 10% formalin (Sigma, Ireland) for 3 days under
agitation at room temperature. The samples were decalcified using Decalcifying

Solution-Lite (Sigma-Aldrich) for approximately 5 weeks. Samples were frequently x-
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rayed to determine if any mineral content remained. When no mineral was visible the
sample was considered decalcified. Decalcified samples were cut along the plane,
dehydrated and paraffin wax embedded. Histological sections were cut to a thickness of
10 um and stained with Safranin-O and Picrosirius Red to evaluate cell and tissue

structure, presence of cartilage tissue and collagen content, respectively.

Collagen types Il and X were identified through immunohistochemistry. Paraffinized
samples were rehydrated and antigen retrieval was performed using chondroitinase ABC,
0.25 U/ml, (Sigma) at 37°C for 1 h. This was followed by incubation in a blocking buffer
(10% goat (for in vitro samples) or donkey (for in vivo samples) serum and 1% BSA in
PBS) to prevent binding of non-specific sites. Rinses were performed in between each
step in PBS. The relevant primary anti-bodies for collagen type II (sc52658, 1:400, mouse
monoclonal; Santa Cruz Biotechnology) and collagen type X (ab49945, 1:200, mouse
monoclonal; Abcam) were applied overnight at 4°C. Endogenous peroxidase activity was
blocked by submersing the slides in 3% hydrogen peroxide solution for 20 minutes in the
dark. Then, the secondary antibody, (collagen type II, B7151, 1:300; collagen type X,
ab49760, 1:200) was added for 1h at room temperature. Colour was developed using the
Vectastain ABC reagent (Vectastain ABC kit: Vector Laboratories) for 45 min and
exposure to peroxidase DAB substrate kit (Vector laboratories) for 5 min. Slides were
dehydrated and mounted with Vectamount medium (Vector Laboratories). Positive and

negative controls were included in the immunohistochemical staining protocol.

6.2.8 Live/Dead confocal microscopy
Cell viability was evaluated 24 h post-printing using a Live/Dead assay kit
(Bioscience). Bioprinted cell-laden scaffolds were rinsed with phenol free medium and

incubated in a solution containing 4 uM ethidium homodimer-1 and 2 pM calcein for 1
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h. Following incubation, the scaffolds were rinsed again and imaged with Olympus FV-
1000 Point-Scanning Confocal Microscope t 488 and 543 nm channels. Cell viability was

quantified using Image-J software.

6.2.9 Surgical procedure

Osteochondral defect in a caprine model

The surgical procedure in a caprine model was carried out as previously described
(Cunniffe et al., 2019; Levingstone et al., 2016). Briefly, skeletally mature (at least 2
years old) goats (n = 8) were sedated using diazepam (0.3-0.4 mg/kg I'V) and butorphanol
(0.2 mg/kg IV). Epidural was administered using morphine (0.2 mg/kg). Following
placement of an intravenous catheter, anesthesia was induced with propofol (maximum
dose 4 mg/kg IV). Anesthesia was maintained using isoflurane with ventilation to
maintain normal end tidal CO between 4.6 and 6 kPa. Isotonic fluids were provided at
10 ml/kg/h. Following induction of anesthesia, the goats were placed in dorsal
recumbency and an arthrotomy of each stifle joint was then performed using the lateral
para-patellar approach. A critically sized defect, 6 mm in diameter x 6 mm in depth, was
created in each medial femoral condyle using a hand drill, a flattened drill bit and a depth
guide. The joint was flushed with sterile PBS and the stifle joints were assigned to one of
the two treatment groups: 1) Empty control and 2) 3D printed (3DP) bi-layered scaffold.
The 3DP scaffold was press-fit into the defect site before routine closure of the joint
capsule, subcutaneous tissues and skin. Morphine (0.1-0.2 mg/kg IM) and non-steroidal
anti-inflammatory drugs (Carprofen (1.5-2.5 mg/kg subcutaneously) (Rimadyl)) were
administered at the end of anesthesia. Following surgery, goats were housed in small
indoor pens to allow skin incisions to heal and were allowed full weight bearing

immediately. During this period the animals were closely monitored to ensure adequate
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analgesia. Carprofen and antibiotics (Amoxicillin (Noroclav)) were administered for 5
days post-surgery. Two weeks post-operatively, following removal of sutures, animals
were let out to pasture for the remainder of the study period. Euthanasia was carried out
with an overdose of sodium pentobarbital (Euthatal) administered by IV injection after 6
months post-implantation to permit harvesting of the treated joints. Ethical evaluation
and approval were administered by University College Dublin and the Health Products

Regulatory Authority (HPRA), Ireland.

Total joint replacement in a lapine model

The surgical procedure in a lapine model was carried out similarly to a previously
reported procedure (Lee et al., 2010). New Zealand white rabbits (n = 3; 12 weeks of age)
were anesthetized with xylazine and buprenorphine and maintained using isofluorane and
oxygen. The surgical site was prepared by shaving and washing with chlorhexidine
surgical scrub and alcohol. Surgical drapes were used to cover the non-incision area. The
acromial head of the deltoid muscle will be tenotomised at its origin and retracted distally
with a craniolateral approach. The infraspinatus muscle was tenotomised at its insertion
and retracted caudally. The lateral joint capsule was incised from cranial to caudal to
expose the humeral head by internal rotation and complete lateral luxation. The humeral
head of the right shoulder was resected using a surgical saw. To accommodate the stem
of the implant, the medullary cavity was enlarged using a surgical drill with a diameter
of 2.2 mm. The cavity was cleaned with sterile PBS prior to implanting the shoulder joint
prosthesis by press-fitting. The joint capsule, infraspinatus and deltoid tendons were
reattached using Ethicon 2-0 vicryl sutures, whereas the skin was closed with Ethicon 4-
0 vicryl sutures. Post-surgery, rabbits were kept into individual pens for the first 5 weeks

to facilitate joint stabilization with post-operative analgesia buprenorphine, given for 7
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days. After the first 5 weeks, the animals were permitted to move freely until the end of
the study. Rabbits were sacrificed after 3 months using sodium pentobarbital (Euthatal).
This protocol and study were reviewed and approved by the ethics committee of Trinity

College Dublin, Ireland and Health Products Regulatory Authority (HPRA), Ireland.

6.2.10 Macroscopic evaluation

Macroscopic evaluation of the joints was performed immediately upon opening the
joint (Table 6.3) (Levingstone et al., 2016). 1.5 cm? sections containing the defect site
were harvested, samples were fixed in formalin solution and the level of mineralization
within the repaired tissue (Smm diameter cylindrical region) was quantified using micro

CT (Scanco Medical, Switzerland) at a threshold of 210, corresponding to a density of

Table 6-3 Macroscopic scoring system for cartilage repair. Maximum score possible is 8.

Characteristic Grading Score
Full 2
Edge integration (new tissue relative to
Partial 1
native cartilage)
None 0
Smooth 2
Smoothness of cartilage surface Intermediate 1
Rough 0
Flush 2
Degree of cartilage filling Slight depression 1
Depressed/overgrown 0
Opaque 2
Colour of cartilage Translucent 1
Transparent 0
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399.5 mg hydroxyapatite/cm?. Bone density (bone volume (BV)/total volume (TV)) was
calculated for two regions of interest named subchondral bone plate (SBP) and
subarticular spongiosa (SAS), defined as the upper 1 mm and the bottom 3 mm of the

bony region of the defect, respectively.

6.2.11 Statistical analysis

All statistical analysis was performed using GraphPad Prism 8.2.0. All values are
reported as means =+ standard deviation. Experimental groups were analysed for
significant differences using either a t-test or a general linear model for analysis of
variance (ANOVA) and performing Tukey’s post-test. Significance for all statistical

analysis was defined as p < 0.05.

6.3 Results

6.3.1 3D bioprinting osteochondral plugs through controlled spatial deposition of
tissue-specific bioinks

Porous bi-layered PCL networks were 3D printed using FDM. To produce a softer
network for the chondral layer and a stiffer region for the osseous layer, unique network
designs were defined for each layer (Figure 6.1a i). The osseous layer of the implant was
produced by printing an orthogonal array of PCL microfibres (120 um diameter) with a
filament spacing of 1.2 mm, while the chondral layer consisted of a Double Offset fibre
pattern (described in Chapters 3, 4 and 5) with filament spacing of 2 mm. Prior to
bioprinting of the bioinks, these PCL networks were placed in a custom-made moulding
system that kept the scaffolds in place in the centre of the printing stage. This allowed for

accurate spatial deposition of the bioinks through microextrusion bioprinting in the z-
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direction (Figure 6.1a ii-iv). A chondroinductive bioink containing BMSCs and TGF-33
was microextruded homogeneously throughout the chondral layer of the implants (shown
in pink; Figure 6.1a ii). A vascular bioink containing VEGF was microextruded within
the central pores of the osseous layer (shown in red; Figure 6.1a iii), whereas an
osteoinductive bioink containing BMP-2 was extruded within the rest of the pores of the
osseous region (shown in yellow; Figure 6.1a iv). The final construct at the end of the

printing process can be observed in Figure 6.1b. To assess their mechanical stability,
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bioprinted constructs were subjected to cyclic testing in confined compression to mimic

the conditions at the site of implantation (Figure 6.1c). Constructs underwent low
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Figure 6-1 Summary of the printing approach and mechanical characterization of the obtained
osteochondral plugs. (a) Schematic of the different steps to form 3DP bi-layered constructs: (i) the biphasic
PCL network was produced via FDM; (ii) the BMSC-laden chondroinductive bioink (pink) was deposited
within the chondral layer of the scaffold and crosslinked with CaCl> and UV light; finally the (iii) vascular
(red) and (iv) osteoinductive (yellow) bioinks were microextruded in the centre and periphery of the osseous
layer respectively, and crosslinked with CaSO4. (b) Macroscopic images of the 3DP bi-layered PCL
constructs before and after printing of the bioinks. Scale bar: 1 mm. (c) Macroscopic image of the
mechanical testing set-up and protocol used to perform cyclic confined compression tests. (d)
Representative force-displacement curves for the first (black solid line2) and last (black dashed line) applied
cycles. The approximate permanent deformation experienced by the implant at the end of the test is also

shown by the red circle.
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permanent deformation of approximately 1.85% at the end of the tests, with low

hysteresis observed during the unloading cycles (Figure 6.1d).

For in vitro evaluation, constructs were transferred to standard basal media and
cultured for 42 days. Live/dead staining, immediately post-fabrication, indicated that
BMSCs remained viable within the chondroinductive bioink (Figure 6.2a). Biochemical,
histological and immunohistochemical evaluation after 3 and 6 weeks of in vitro culture
demonstrated that the BMSCs had undergone chondrogenesis in the chondral layer of the
scaffold (Figure 6.2b-¢)). DNA (Figure 6.2b), sGAG (Figure 6.2¢) and collagen (Figure

6.2d) content increased overtime. Histological staining for Aldehyde Fuchsin/Alcian
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Figure 6-2 In vitro analysis. (a) Live/dead staining used to assess cell viability within the chondroinductive
bioink post-printing. (b) DNA, (¢) sGAG and (d) collagen content normalized to wet weight after 21 and
42 days. Values at day 1 are represented by the black dashed line. (e) Histological and

immunohistochemical staining of the chondral layer after 1, 21 and 42 days of in vitro culture. **p<0.01.
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Blue and Picrosirius Red along with immunohistochemical staining for collagen type II
confirmed that cartilage-like matrix was deposited in the chondral layer (Figure 6.2¢). No
evidence of staining for Alizarin Red or collagen type X was observed in the chondral

layer at any time point (Figure 6.2e).

For in vivo evaluation, constructs were produced the night before surgeries were

performed in order to minimize growth factor release prior to implantation.

6.3.2 Macroscopic repair and micro CT assessment of bone regeneration in empty
and treated osteochondral defects

To evaluate their regenerative capacity in vivo, the 3D bioprinted constructs were
implanted into critically sized osteochondral defects (6 mm high x 6 mm diameter)
created in the medial femoral condyles of goats (Figure 6.3a). 6 months after scaffold
implantation, the quality of repair was compared to that of empty defects that received
no implant. The macroscopic appearance of the defects left empty were compared to
those treated with the 3DP bi-layered scaffolds (Figure 6.3b), with no significant
difference in the macroscopic scoring observed between the two groups (empty = 4.22 +
1.07, 3DP bi-layered scaffold = 2.82 + 1.63) (Figure 6.3c). 3D reconstruction images
obtained from micro CT scanning of the harvested osteochondral sections appeared to
show better bone regeneration in the empty defects (Figure 6.3d), although gaps of
varying size were observed in the repair bone of both groups. The BV quantified within
both the SAS (bottom 3 mm of the bone region of the defect) and SBP (upper 1 mm of
the bone region of the defect) regions of the defect was higher in empty controls

compared to animals treated with the 3DP bi-layered scaffolds (Figure 6.3¢).
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Figure 6-3 (a) Summary of the in vivo experiment in a caprine model in the medial condyle, comparing
empty defects to defects treated with 3DP bi-layered constructs at a timepoint of 6 months. (b) Macroscopic
representative images of healing achieved through spontaneous repair in defects left untreated or treated
with 3DP bi-layered scaffolds. (c) Quantification of the macroscopic appearance of the defects. (d)

Reconstructed micro CT images showing the distribution of mineralized tissue across the defect. (e)

Quantification of the bone volume within the SBP and SAS regions of the defect. ****p<0.0001; $$p<0.01

Empty vs. 3DP Bi-layered Scaffold in SBP; *p<0.05 Empty vs. 3DP Bi-layered Scaffold in SAS.
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6.3.3 Production of cartilage-like tissue was comparable in empty and treated
osteochondral defects

The level of cartilage repair was evaluated in more detail via histological and
immunohistochemical staining (Figure 6.4). The percentage of repaired tissue staining
positive for Safranin-O (Figure 6.4a), an indicator of cartilage tissue development, was
comparable in the chondral region of both defects left empty and treated with 3DP bi-
layered scaffolds (Figure 6.4b). In the subchondral region, a trend towards higher levels
of cartilage tissue formation was found in the defects left empty, although this was not
statistically significant (Figure 6.4b). In many animals, the chondral region of the defect
area in both groups also stained positive for collagen type II (Figure 6.4c), the most
abundant type of collagen present in hyaline cartilage. The percentage of collagen type II
quantified in the chondral region of the defects showed a trend toward higher content of
collagen type II in defects treated with 3DP bi-layered constructs (Figure 6.4d). Staining
for collagen type X was not detected in any of the groups (Figure 6.4d). The structure of
the newly formed collagen fibre network was evaluated using polarized light microscopy
(PLM). Collagen fibre arrangement in both experimental groups (Figure a, b) was
compared to that of the native tissue (Figure 6.5¢) by quantifying the angle of orientation
and the dispersion of fibre orientation in the superficial (Top) and deep (Bottom) region
of cartilage (Figure 6.5 d, e). Overall, a parallel fibre orientation (approaching 0°) was
observed in the superficial region of both groups, although the empty defect group
showed a lower range of dispersion (Figure 6.5d). In contrast, the directionality of the
collagen fibres in the deep region had a wide dispersion in both defects left empty and

treated with 3DP bi-layered scaffolds (Figure 6.5¢).
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Figure 6-4 (a) Safranin-O staining (red) for cartilage matrix in the repaired tissue in defects left empty and

treated with 3DP bi-layered scaffolds. (b) Quantification of the percentage of newly formed cartilage in the

chondral and subchondral regions. (c) Staining and (d) quantification of collagen type II present in the

repaired cartilage of the chondral region in empty controls and defects treated with 3DP bi-layered

scaffolds. (e) Collagen type X stained samples for empty control and 3DP bi-layered scaffold treated

groups.
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Figure 6-5 Analysis of collagen fibre arrangement within repaired cartilage. (a-c) PLM and colour map
images indicating the orientation of collagen fibres within the repaired tissue of (a) empty controls and (b)
3DP bi-layered scaffold treated group in comparison to (c) native tissue. (d, €) Evaluation of the collagen
fibre orientation in the (d) superficial region (Top) and (e) deep region (Bottom) of the repaired tissue

relative to the native tissue.

6.3.4 Design and 3D bioprinting of anatomically shaped prosthesis to replace the
glenohumeral joint in a lapine model

An anatomically accurate, bi-layered 3D bioprinted glenohumeral joint prosthesis

was successfully engineered using multiple-tool biofabrication strategies. First, the right

shoulder joint of a healthy rabbit was scanned using micro CT and the region of interest

(humeral head) was isolated and 3D reconstructed (Figure 6.6a i, ii). The obtained 3D
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reconstruction was converted to an STL file for the design of both the internal architecture
of the implant and a stem for fixation in vivo (Figure 6.6a iii). Finally, the complete

implant was 3D printed in an orthogonal fashion using PCL (Figure 6.6 iv).
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Figure 6-6 (a) Schematic of the steps used to fabricate anatomically shaped PCL prosthesis: (i) scan of
native rabbit shoulder joint; (ii) 3D reconstruction of the humeral head that was converted to (iii) an STL
file for design refinement and addition of a stem for fixation in vivo; (iv) 3D printing of the anatomically
accurate PCL scaffold. (b) Macroscopic images of Prototype I of the whole joint prosthesis. (c) Micro CT
images of the rabbit shoulder joint after a 6 weeks pilot showing failure of the Prototype I implant due to
instable fixation that caused osteophytes formation. (d) Micro CT analysis of native joint to aid on the
optimization of the implant design by evaluating the (i) neck-shaft angle and (ii) angle of torsion. (e)

Macroscopic images of Prototype II of the whole joint prosthesis.
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The first design of the 3D printed humeral head-shaped PCL scaffold (Prototype I)
was highly porous, showing side porosity in both the head and stem of the implant (Figure
6.6b). In addition, the head and fixation were fabricated in two separate steps. The stem
was then attached to the centre of the bone region of the prosthesis by heating the base
for approximately 20 seconds at 60°C. To assess the suitability of the implant design as
well as the mechanical stability, a 6 weeks pilot study was performed where PCL only
scaffolds were implanted. Post-implantation, it was found that the humeral head of the
implant detached from the stem causing inflammation in the joint and damage to the
glenoid cavity, resulting in osteophytes formation (Figure 6.6¢). Moreover, no tissue

infiltration was observed in the stem despite this stayed in place.

This motivated the implementation of several changes to improve the design and
mechanical performance of the prosthesis. Micro CT scans of healthy joints (n = 3) were
accurately analysed to study the alignment of the humeral head with respect to the
humerus as well as the shape and dimensions of the humerus medullary cavity. Two
relevant parameters were calculated, namely the neck-shaft angle (119.04°) (Figure 6.6d
1) and the angle of torsion (54.58°) (Figure 6.6d ii), with the goal of ensuring appropriate
positioning of the stem on the head and accurate fitting of the prosthesis in situ (Figure
6.6d iii). To increase the strength of the PCL structure, the overall porosity of the implant
was decreased by increasing the percentage of infill in both chondral and osseous layers.
Moreover, a non-porous 3D printed shell was added in the outermost region of the
implant. To ensure mechanical stability between the humeral head scaffold and fixation,
the fabrication process was further optimized. This was done by directly 3D printing the

stem onto the base of the humeral head by lowering the needle down in the head structure
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by approximately 250 pm; this resulted in good fusion between the two parts. The

obtained prosthesis (Prototype II) is shown in Figure 6.6e¢.
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Figure 6-7 Summary of the bioinks bioprinting approach and mechanical characterization of the
obtained joint prosthesis. (a) Previously printed PCL constructs were placed in two sets of custom-made
moulds for the deposition of (i) vascular (red) and osteoinductive (yellow) bioinks and (ii)) BMSC-laden
chondronductive bioink. (b) Depiction of the mechanical testing set-up and protocol used to perform cyclic
unconfined compression tests. (¢) Representative force-strain curves for the first (black solid line) and last
(black dashed line) applied cycles. The approximate permanent deformation experienced by the implant at

the end of the test is also shown by the red circle.

Similarly to the osteochondral plug, region specific bioinks were precisely deposited
within the open pores of the implant. Because of the irregular shape of the head structure
and the presence of the stem, two sets of custom-made moulds were used for the

microextrusion of the bioinks. First, the implant was placed with the osseous layer facing
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upward to facilitate the deposition of the vascular and osteoinductive bioinks (Figure
6.7a). The vascular ink (red) was extruded in alternating pores surrounding the stem,
whereas the osteoinductive ink (yellow) was deposited in the rest of the pores of the
osseous layer (Figure 6.7a 1). Then, the implant was flipped to allow the deposition of the
BMSC-encapsulated chondroinductive bioink (pink) within the chondral layer (Figure
6.7a ii). Post-bioprinting, the mechanical strength of the humeral head structure was
evaluated under cyclic unconfined compression (Figure 6.7b). Mechanical testing
showed that the implant experienced a permanent deformation of approximately 5% after
the application of 1000 cycles (Figure 6.7c). Moreover, significant hysteresis was
observed during the first unloading cycle, which was markedly decreased in the last

applied cycle.

6.3.5 Failure of the biological joint surfacing implant in vivo

The tissue engineered prosthesis was easy to handle and fit well into the defect site
(Figure 6.8a). 10 days after implantation, all rabbits regained mobility and were weight
bearing on the joint that had received surgery. Despite the prosthesis stayed in place
throughout the 3-month time period, upon sacrifice of the animals it was observed that
the humeral head structure had lost its integrity and no longer appeared whole due to
mechanical failure of the implant (Figure 6.8b). However, tissue formation (indicated by
the yellow arrows) was observed in 2/3 animals where the implant did not undergo total
mechanical failure. Micro CT analysis post-implantation revealed that the remaining
implant stimulated bone tissue formation especially around the stem area (indicated by
the yellow dashed line), demonstrating that good osseointegration of the prosthesis with

the host tissue occurred (Figure 6.8c).
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Figure 6-8 (a) Macroscopic images of the scaffold during implantation by press fitting into the medullary
cavity. (b) Macroscopic evaluation of the operated joint post-implantation showing failure of the scaffold.
The yellow arrows point to the repaired tissue. (¢c) Micro CT images showing mineralized tissue formed at

the site of implantation, especially around the stem (yellow dashed line) of the scaffold.

6.4 Discussion

Engineering multiphasic tissues for load bearing applications requires the

development of mechanically and biologically competent constructs. This study
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describes a novel bioprinting approach for engineering ‘off-the-shelf” implants to treat
either large osteochondral defects or replace an entire articular joint. Using multiple-tool
biofabrication in combination with micro CT it was possible to obtain scaled-up,
anatomically accurate joint prosthesis. In addition, a process for bioprinting a number of
growth factors-containing bioinks (i.e. chondroinductive, vascular and osteoinductive
bioinks) into the PCL network was successfully established to control the accurate
deposition of each bioink within specific areas of the implant. /n vitro, we found that the
BMSCs laden-chondroinductive bioink stimulated the production of hyaline cartilage-
like ECM in the chondral region of the biphasic construct. In contrast, the acellular
vascular and osteoinductive bioinks in the osseous region of the construct progressively
degraded overtime, which is necessary to promote bone tissue formation and vessel
infiltration once these constructs are implanted in vivo. In spite of these promising in vitro
findings, the in vivo outcomes did not provide compelling evidence to support the
continued use of the proposed bioprinting strategy in either of the investigated animal

models.

The quality of repair in the osteochondral defects created in goats was assessed 6
months after implantation. Histological and immunohistochemical results demonstrated
that the formation of hyaline cartilage-like tissue in the chondral layer was comparable
in the two groups, whereas levels of bone repair was generally greater in the empty
control defects. Overall, animal-to-animal variability in the quality of the repair was
observed. In animals that demonstrated good hyaline cartilage regeneration following
implantation of the 3DP bi-layered scaffold (i.e. Goat 4 and 8; Supplementary Figure 5),
good regeneration of the subchondral bone was also observed, with residual scaffold

material found lower down in the subchondral bone. This suggests one of two possible
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outcomes. The first explanation is that the implant directly supported hyaline cartilage
and subchondral bone regeneration, with incomplete conversion of the distal region of
the implant into bone. The second explanation is that the implant dramatically subsided
in vivo, leaving behind space for spontaneous regeneration of the overlaying cartilage and
bone. This spontaneous regeneration may have been enhanced by a chronic, low-level
inflammatory response to the implant material, which could result in the production of
cytokines and growth factors by macrophages that are permissive to osteochondral defect
regeneration. Therefore, a better understanding of the interactions between biomaterials
and the biological environment they encounter is critical for the success of tissue
engineering approaches. Such knowledge could inform on the design of
immunomodulatory materials that could potentially influence the immune response

toward desired functions. Further studies are required to explore these hypotheses.

In the remaining animals, the outcomes could be classified into one of two different
categories. In some animals (i.e. Goat 2, 5 and 7; Supplementary Figure 5), little or no
downward migration of the implant was observed. The absence of implant migration did
not correlate with improved levels of articular cartilage regeneration, despite the presence
of region specific bioinks and growth factors that were expected to support
osteochondral-like tissue formation. In previous chapters of this thesis, alginate-GelMA
IPN and RGD- y irradiated alginate bioinks have been successfully used to produce stable
cartilage- and hypertrophic cartilage-like matrix in vitro, respectively. In the current
study, the alginate component of the IPN bioink was modified by chemical sulfation. This
process has been shown to provide the alginate with an analogous molecular structure to
sulfated GAGs found in native cartilage and to support robust chondrogenesis of BMSCs

and CCs in vitro (Arlov et al., 2017; Li et al., 2019; Mhanna et al., 2014). In spite of this,
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the BMSCs present in the chondral layer in these animals did not promote cartilage tissue
formation. In the remaining animals (i.e. Goat 1, 3 and 6; Supplementary Figure 5), some
subsidence of the implant is observed, with no evidence of subchondral bone
regeneration. In these animals, a collagen rich tissue forms on the surface of the implant,

which typically stains weakly for proteoglycans.

In most cases, the osseous region of the implant failed to promote robust regeneration
of bone. RGD-y irradiated alginate was the bioink used to engineer the osseous layer of
the bi-layered constructs. Typically, alginate does not contain specific ligands for cell
adhesion and it is generally slow to degrade, which can be a limitation for bone
development. In this study, alginate was modified by introducing RGD peptides that have
been shown to support cellular proliferation, an osteogenic phenotype (Alsberg et al.,
2001) and stimulate endochondral bone formation (Daly et al., 2016b). In addition, the
alginate hydrogel was modified using y irradiation, which is a strategy known to
accelerate its degradation and enhance the capacity of the material to support bone
regeneration (Alsberg et al., 2001; Alsberg et al., 2003; Kong et al., 2004; Simmons et
al., 2004). RGD-y irradiated alginate bioinks have previously been shown to support
endochondral bone formation in vivo, especially when combined with relevant growth
factors (Critchley et al., 2018a; Priddy et al., 2014; Simmons et al., 2004). A number of
growth factors, including VEGF and BMP-2, have been shown to promote bone
regeneration in different models (Lieberman et al., 2002). The therapeutic benefit of
VEGEF is typically attributed to its ability to enhance angiogenesis, while BMP-2 has an
osteoinductive function. It has been reported that VEGF does not play a role in driving
MSC differentiation towards the osteogenic pathway and that alone, it is not able to heal

critically sized bone defects (Peng et al., 2002). On the other side, a lack of VEGF has
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been shown to disrupt the repair of large bone defects (Maes et al., 2002; Street et al.,
2002). Therefore, multiple studies have explored therapies that combined the delivery of
VEGF and BMP-2 to improve bone regeneration (Carano et al., 2003; Kanczler et al.,
2010; Patel et al., 2008). For example, in a recent study carried out in the lab by Dr.
Freeman, the spatial patterning of VEGF and BMP-2 within 3D bioprinted constructs has
shown to enhance angiogenesis and bone regeneration of critically sized femoral bone

defects in rats.

In this chapter, despite region specific bioinks have been combined with relevant
growth factors to promote cartilage and bone tissue formation, it seemed that the resulting
3DP bi-layered construct did not undergo osseointegration with the surrounding host
tissue, leading to subsidence of it, and bone or cartilage tissue forming around it. We
hypothesized that because of the instability of the implant due to poor osseointegration,
the BMSCs present in the chondral layer did not promote cartilage tissue formation.
Moreover, we speculated that the lack of implant integration intensified the inflammatory
response of the host and consequently affected the outcome of the healing process. It has
been reported that, even if a biomaterial is considered biocompatible, the
physicochemical properties of the tissue engineered construct can trigger an adverse
immune reaction that can cause failure of the implant itself (Andorko et al., 2017;

Longoni et al., 2018; Mariani et al., 2019).

The outcome of the pilot study exploring total shoulder regeneration in rabbits was
analysed 3 months after implantation. The PCL reinforcement geometry was successfully
optimized to ensure anatomical accuracy as well as a stable fixation in situ which
facilitated osseointegration of the prosthesis. However, post-implantation it was observed

that the scaled-up implants had failed mechanically affecting the repair process.
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Generally, the mechanical strength of PCL implants can be improved by increasing the
fibre diameter or infill pattern, similar to what other studies have used for whole joint
resurfacing approaches (Moroni et al., 2006; Olubamiji et al., 2016). However, this would
result in a highly dense PCL implant that could dramatically limit tissue infiltration and
would be difficult to degrade overtime. Alternatively, blends of PCL with stiffer and/or
osteoinductive materials such as HA and B-tricalcium phosphate (B-TCP) could be used
to increase the implant mechanical stability and facilitate bone tissue formation
(Gongalves et al., 2016; Jiao et al., 2019; Lee et al., 2010; Park et al., 2018). Another
option could be the development of metal-polymer composite implants, which could
benefit from the stiffness of metals for the bone region as well as from the elasticity and
biological cues of polymers for the chondral region (Diaz Lantada et al., 2016; Okulov et
al., 2018). Finally, whilst the mechanical characterization of the joint prosthesis pre-
implantation indicated that the 3D printed construct would be experiencing a relatively
low permanent deformation in compression, clearly a more physiological-like testing

regime is required to assess the mechanical performance of an implant.

6.5 Conclusion

Taken together, the present study showed the potential of multiple-tool 3D bioprinting
techniques to develop scaled-up composite biological joint prosthesis by 1) accurately
designing both the external and internal architecture of the reinforcement polymeric
network of the implant and 2) controlling the simultaneous spatial deposition of tissue-

specific bioinks. Whilst significant changes need to be made to improve the in vivo
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outcomes of this strategy, the concept of engineering spatially complex patterns of growth

factors within bioprinted implants has been demonstrated.

184



Chapter 7

Final Discussion & Conclusion

7.1 Summary

The objective of this thesis was to engineer functional osteochondral implants suitable
for biological joint resurfacing that mimicked key mechanical properties of the native
tissue and provided specific biological cues supportive of functional osteochondral tissue
engineering. In Chapter 3, a novel approach that combined CAD-based FE models with
3D printing strategies was developed to design mechanically functional PCL networks
for cartilage tissue engineering. FE models, that during the design step considered
geometry discrepancies between the idealized and actual printed geometry, could be
successfully used to predict the mechanical behaviour of 3D printed PCL scaffolds. With
a view to developing biomimetic constructs for cartilage tissue engineering, Chapter 4
investigated the optimal combination of PCL network architecture and alginate-GelMA
IPN hydrogel bioinks. The 3D bioprinted PCL-reinforced IPN hydrogels had mechanical
properties mimicking those of the native tissue and, after the incorporation of a co-culture
of BMSCs and CCs within the IPN hydrogel, were able to promote stable cartilage-like
tissue formation in vitro. In Chapter 5, cell co-cultures and mechanical stimulation were
explored as strategies to direct BMSCs fate in 3D bioprinted PCL-reinforced biphasic
hydrogels that had depth-dependent compressive properties. It was demonstrated that the
use of a co-culture of BMSCs and CCs in the chondral layer and BMSCs only in the
osseous layer of the biphasic constructs was a promising approach to promote

osteochondral-like tissue formation in vitro. Finally, in Chapter 6 a novel multiple-tool
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biofabrication approach was used to engineer ‘off-the-shelf” implants for biological joint
resurfacing. The spatial deposition of chondroinductive, osteoinductive and vascular
bioinks containing BMSCs and TGF-33, BMP-2, and VEGF respectively, was precisely
patterned within 3D printed bi-layered PCL networks. Furthermore, in combination with
micro CT, it was possible to bioprint a scaled-up, anatomically accurate prosthesis to
resurface an entire synovial joint. Despite the promising in vitro outcomes, the in vivo
results were not as expected in both treatment of large osteochondral defects in goats and
resurfacing of the glenohumeral joint in rabbits. Whilst a significant revision of the
undertaken strategies is needed to improve the in vivo results, a framework for
engineering complex patterns of growth factors within whole joint implants has been

provided.

The thesis began by establishing a strategy for designing 3D printed PCL scaffolds
with tailored architecture and mechanical behaviour that is informed by CAD-based FE
models that consider differences between an idealized scaffold geometry and what is
actually fabricated (Chapter 3). Integrating FEM with tissue engineering strategies is
being increasingly explored as a powerful tool to aid in optimizing the design of implants
and/or understanding how implant design can influence the tissue regeneration process
(Lacroix et al., 2009). To date, when designing tissue engineered scaffolds, only few
modelling approaches have included geometrical variations that depend on the adopted
fabrication technique (Campoli et al., 2013; Melancon et al., 2017; Naghieh et al., 2018).
Such variations influence the scaffold geometry and mechanical properties, making the
computational predictions less valuable. Herein, we developed a FEM framework that
considered scaffold fibre diameter, fibre spacing and layer fusion as measured post-

printing. This allowed us to use the proposed computational approach to accurately
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understand the structure-mechanics relationship of 3D printed polymeric scaffolds and
therefore, to theoretically modify geometrical features to obtain constructs with target

compressive properties.

Chapter 4 focused on developing the chondral region of a scaled-up implant for
osteochondral tissue regeneration. To this end, alginate-GelMA IPN bioinks were
reinforced with 3D printed PCL networks with structures and mechanical properties
inspired by the collagen network of articular cartilage. A synergistic increase in
compressive properties was observed when the IPN bioink was reinforced with PCL
networks characterized by the highest tension-compression nonlinearity. In addition,
such composites showed equilibrium and dynamic mechanical properties that mimicked
those of native cartilage. FE models used to study the reinforcement mechanism of these
composites showed that PCL networks with a specific architecture reduced lateral
expansion and enhanced the hydrostatic pressure generated within the IPN following
application of compressive loading. Finally, IPNs containing a co-culture of BMSCs and
CCs were bioprinted within biomimetic PCL networks and their capacity to support
chondrogenesis was assessed. After 6 weeks in vitro, such bioprinted biomimetic
composites were found to provide a pro-chondrogenic environment, where encapsulated
cells produced hyaline-like cartilage matrix that stained positively for sGAG and type II
collagen, and negatively for calcium deposition and type X collagen. Taken together, this
chapter demonstrated how 3D bioprinting technology can be utilized to engineer
constructs that are both conducive to chondrogenesis and biomimetic of the mechanical

properties of articular cartilage.

In Chapter 5 the design and fabrication strategies adopted in Chapter 3 and 4 were

utilized to 3D bioprint bi-layered cartilaginous composites with heterogeneous
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mechanical properties for osteochondral tissue regeneration. The internal architecture of
the PCL network was tailored to create chondral and endochondral/osseous layers with
hyaline and hypertrophic cartilage-like compressive properties, respectively. With a view
towards using such cartilage templates to regenerate osteochondral defects, different
approaches were investigated where hyaline and hypertrophic cartilage layers were
engineered using either 1) co-cultures of MSCs and CCs or 2) mechanical stimulation.
Encouraged by a number of studies in the literature reporting that co-cultures of MSCs
and CCs lead to more stable cartilage, while MSCs alone tend to produce hypertrophic
cartilage tissue destined to form bone (Bian et al., 2011; Hendriks et al., 2009; Mesallati
et al., 2015), this thesis used a co-culture of BMSCs and CCs to engineer stable articular
cartilage within alginate-GelIMA IPN bioink in the chondral layer, and BMSCs only in a
RGD-y irradiated alginate hydrogel bioink in the osseous layer of 3D printed bi-layered
constructs. This thesis also explored the application of dynamic compression to BMSC-
laden hydrogels to modulate chondrogenesis and hypertrophy of MSC, as such stimuli
have previously been shown to promote a pro-chondrogenic response in MSC-laden
scaffolds (Huang et al., 2010; Mauck et al., 2007). After 6 weeks in vitro, the use of the
co-culture of BMSCs and CCs in the chondral layer of the 3D printed bi-layered
constructs produced stable articular cartilage-like ECM with no evidence of collagen type
X and calcium deposits, whereas the BMSCs in the osseous layer stained positive for
calcium and collagen type X. Dynamic compression enhanced the production of sGAG
in the chondral compared to the osseous layer of constructs containing only BMSCs,
although such mechanical stimulation was found to suppress mineralization in both layers

of the constructs. These results showed how different tissue engineering approaches can
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be leveraged to regulate cell fate to produce implants with spatially defined tissue

phenotypes.

The final chapter (Chapter 6) focused on using the outcomes of the previous chapters
of this thesis to produce ‘off-the-shelf” implants and assessing their ability to regenerate
osteochondral tissue in two in vivo models. The first model considered treating large
osteochondral defects in the knee condyle of goats. The second model was a pilot study
where the engineered osteochondral implant was scaled-up and its design was refined to
withstand the challenging mechanical environment in vivo in order to resurface the entire
shoulder joint in rabbits. To create ‘off-the-shelf” products, implants did not receive in
vitro priming and cells were only present in the chondral layer. To stimulate the
production of layer-specific tissues, a process for bioprinting a number of growth factors-
containing bioinks (i.e. chondroinductive, vascular and osteoinductive bioinks) into the
PCL network was successfully established to control the accurate deposition of each
bioink within specific areas of the implant. Although animal-to-animal variability was
observed, the quality of repair in the osteochondral defects created in goats was
comparable between empty controls and defects treated with the 3D printed bi-layered
constructs. Following implantation of the printed constructs, the outcomes could be
classified into three categories: 1) implants that stayed in place and did not improve
articular cartilage and bone regeneration despite the presence of region-specific growth
factors-containing bioinks; 2) implants that were partially resorbed or showed some
subsidence and did not promote subchondral bone regeneration, but formed tissue that
stained strongly for collagen and weakly for proteoglycans on the surface; 3) implants
that were partially resorbed or migrated lower down in the subchondral bone, which

resulted in good hyaline cartilage and subchondral bone regeneration. In the latter case,
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we hypothesized that the implant was either directly responsible for tissue formation, or
left space for spontaneous regeneration of cartilage and bone due to a mild but chronic
inflammatory response to the implant that produced cytokines and growth factors,
resulting in enhanced osteochondral tissue formation. In the case where the osseous
region of the implant did not succeed in promoting bone regeneration, we speculate that
insufficient osseointegration likely had negative effect on the healing process. In rabbits,
despite the design of the implant for total joint resurfacing was optimized ensuring
anatomical accuracy and stability in sifu, mechanical failure was observed affecting the

healing process.

In summary, this thesis provides a novel tissue engineering framework to develop
functional joint prosthesis. The adoption of multiple-tool biofabrication strategies
allowed the development of biomimetic implants by spatially patterning mechanically
reinforced constructs with cell-laden tissue-specific bioinks. It was also demonstrated
how the integration of FEM aided in designing the internal architecture of such implants
prior to bioprinting, allowing target specific mechanical properties to be achieved. FEM
also provided a better understanding of the interactions between the different components

of the implant and helped to explain the biomimetic nature of such composites.

7.2 Conclusions

e [f geometrical differences between the idealized and actual printed materials
are considered, CAD-based FEM can effectively be used to design a priori

3D printed polymeric networks with user-defined mechanical properties.
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e 3D bioprinting can be used to engineer biomimetic fibre-reinforced IPN
hydrogels for cartilage tissue engineering. The internal architecture of the
fibrous networks can be tuned to produce composites that mimic key
mechanical properties of native articular cartilage.

e Using CAD-based FEM it is possible to better understand the interactions
between components of fibre-reinforced hydrogels and characterize their
mechanical behaviour.

e PCL-reinforced IPN hydrogels, containing a co-culture of BMSCs and CCs,
support the development of a hyaline cartilage-like tissue whose mechanical
properties continue to improve with time in culture. Such engineered tissues
can be deposited onto the surface of osteogenic implants to produce constructs
for osteochondral tissue engineering.

e Dynamic compression stimulation of MSC laden scaffolds with spatially
defined mechanical properties can be used to produce constructs with spatially
defined tissue phenotypes.

e Using multiple-tool biofabrication technology it is possible to engineer ‘off-
the-shelf’, anatomically accurate biological joint resurfacing implants
containing spatially defined bioinks functionalized with specific growth

factors.

Such bioprinting approaches could potentially be used as alternative therapeutic
options for treating large joint defects and ultimately osteoarthritis. However, future work
must address the limitations identified in this thesis, primarily to improve the mechanical

stability and facilitate osseointegration of the 3D printed implant in vivo.
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7.3 Future directions

Chapter 3 of this thesis identified a CAD-based FEM approach that used the average
values of scaffold geometrical parameters to design the internal architecture of 3D printed
PCL networks to produce scaffolds with defined mechanical properties. Although this
approach was effectively employed in these studies, considering sample-specific
geometries will be important if trying to understand the variability in scaffold mechanical
properties from print to print. In addition, varying the needle gauge and printing
parameters would result in a different printing resolution, meaning that a new
characterization of the geometry parameters (fibre diameter, fibre spacing and layer

fusion) of actual printed versus ideally designed structures must be performed.

In Chapter 4, 3D bioprinted biomimetic PCL reinforced-IPN hydrogel composites
were developed, where the PCL network architecture was designed with relatively high
tension-compression nonlinearity which is believed to play a critical role in the load-
bearing capacity of normal articular cartilage. Importantly, while the addition of alginate-
GelMA IPNs in the PCL network resulted in equilibrium properties matching those of
articular cartilage, dynamic properties were still inferior. The mechanical functionality of
articular cartilage derives from the depth dependant organization of the collagen network
and its interaction with negatively charged sGAGs (Mow et al., 1992). The sGAG
molecules function to generate a swelling pressure that is partially responsible for
supporting the load within the tissue. To further improve the performance of our fibre-
reinforced composites, more targeted design approaches and material selection to mimic
the composition of cartilage could be explored. For example, Bas et al. (Bas et al., 2017¢)
utilized soft hydrogels that emulated the proteoglycan matrix of cartilage by using

negatively charged star-shaped poly(ethylene glycol)/heparin hydrogels. These soft
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biomimetic hydrogels combined with PCL electrospun fibre networks resulted in
composites that showed cartilage-like mechanical nonlinearity, anisotropy and
viscoelasticity, and promoted neocartilage formation in vitro. Castilho et al. (Castilho et
al., 2019) produced PCL bi-layered micro-fibre networks that mimicked the arrangement
of the collagen fibres in the superficial and middle/deep zone of native cartilage. They
showed that including the superficial reinforcing layer greatly improved the load-bearing

properties of micro-fibre reinforced GeIMA hydrogels.

Chapter 5 explored the use of cell co-cultures and mechanical stimulation on matrix
deposition in 3D bioprinted bi-layered composites for osteochondral tissue engineering.
Dynamic compression stimulation enhanced sGAG production compared to constructs
cultured in static conditions, while also suppressed mineralization in both the chondral
and osseous layers of the constructs. One limitation of this study might be that the loading
was applied from day 1, which has been reported to be detrimental for chondrogenesis
(O'Conor et al., 2013). Delayed loading or other loading regimes could be investigated to
identify the best conditions for promoting osteochondral-like tissue via mechanical
stimulation. In addition, as in this chapter using a co-culture of BMSCs and CCs was
shown to be the most powerful regulator of chondrogenesis, it would be interesting to
study the simultaneous effect of mechanical stimulation and co-culture on

chondrogenesis in the developed 3D bioprinted composites.

Chapter 6 investigated the in vivo performance of the 3D bioprinted ‘off-the-shelf’
osteochondral implants with region-specific growth factors-eluting bioinks. A limitation
in the goat model study was the poor osseointegration of the 3D bioprinted implants
which we hypothesized lead to an adverse immune reaction that affected the healing

process by neglecting the presence of the incorporated growth factors. Therefore, some
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changes in the implant design are needed to improve the stability of the constructs in the
defect. This could be done for example by incorporating cells throughout and providing
some in vitro priming before implantation, although this would go against the goal of
developing ‘off-the-shelf” products. Another option could be to investigate the design of
immunomodulatory biomaterials that could potentially influence the immune response
toward desired functions. In the rabbit model, further improvement of the mechanical
properties of the anatomically shaped implant is required. The outcomes of this study
showed that PCL alone is not the optimal reinforcing material for these applications.
Increasing the amount of PCL is not a viable option as the implant would be too dense
and could negatively impact tissue infiltration. Therefore, osteoinductive components
could be incorporated to accelerate bone tissue formation and increase the mechanical
stability of the prosthesis. Alternatively, metal-polymer hybrid constructs could be
engineered to effectively withstand the challenging load-bearing environment in vivo
when attempting to resurface an entire joint. Moreover, a wider range of mechanical tests
that include tensile, shear and long-term cyclic loading should be carried out to verify the
mechanical performance of an implant before implantation. These could be combined
with FEM techniques to determine if design changes in the reinforcing network are

needed prior to implantation.
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Supplementary Figure 2 Permanent deformation at each applied compressive strain amplitude for (a)
Aligned 1 (d=0.3mm; s=1.0mm), (b) Aligned 2 (d=0.3mm; s=1.5mm), (c) Aligned 3 (d=0.12mm;
s=1.5mm), (d) Single Offset (d=0.12mm; s=1.5mm) and (¢) Double Offset (d=0.12mm; s=1.5mm) scaffold

geometries.
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Supplementary Figure 3 Max Principal Stress contour plots for (a, ¢) Double Offset PCL and (b, d)
Aligned PCL structures in (a, b) PCL+IPN and (c, d) PCL alone constructs.
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Supplementary Figure 4 Macroscopic, micro CT, Safranin-O, collagen type II, collagen type X and PLM

images of the empty control group (n = 8).
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Supplementary Figure S Macroscopic, micro CT, Safranin-O, collagen type II, collagen type X and PLM
images of the 3DP bi-layered scaffold treated group (n = 8).
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