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Abstract

The rising prevalence of arthritis and osteochondral defects (OCDs) has led to growing
worldwide demand for joint replacement surgery. Meanwhile, the prevalence of antimicrobial
resistance (AMR) and prosthetic joint infections (PJIs) in clinical orthopaedics is growing at
alarming pace. A novel approach to help tackle AC defects and AMR alike is offered by 3D
biofabrication, as a technology with the capacity to deposit cells, bacteria and biomaterials in

user-defined patterns to build 3D constructs from the “bottom-up.”

Initially composite AlgMA/Col and AlgMA/GelMA bioinks were developed and combined
with a novel triple-crosslinking approach (double ionic and UV) following extrusion FRESH
(freeform reversible embedding of suspended hydrogels) bioprinting to allow creation of 1mm
thick constructs. Constructs maintained shape in culture over 28 days, whilst stability was
improved with addition of AIlgMA (p<0.05). High chondrocyte and MSC viability was achieved
following bioprinting (>95%) with accelerated cell growth demonstrated with inclusion of cell
spheroids (p<0.05). The prolonged stability and cell viability seen outperformed many
commercially available bioinks. The composite bioinks were also successfully injected into in
vitro OCDs and crosslinked in situ, with cell viability and 3D integrity of OCD patches
maintained over 14-days. Focussing on AMR, a biocompatible ionically cross-linked bacterial
bioink was also developed that allowed precise 3D bioprinting of bacterial structures that
developed clinically relevant, mature 3D biofilms during culture. Further analysis of 3D
biofilms allowed antimicrobial penetration and the biofilm lifecycle to be observed in 3D. The
3D biofilms were also utilised to allow development of a novel Raman spectroscopy technique,

that allowed detection of bacterial biofilms within a joint infection model.




In summary, we hope that our findings show potential for a new approach to the regeneration
of AC defects, progress the investigation of 3D biofilm formation and AMR, and finally show

a new approach to diagnosis of joint infection.
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1 Introduction

1.1 Background and motivation

By the age of 65, one in four people is symptomatic from osteoarthritis (OA) and 80% have
radiological evidence of OA [1, 2]. Central to the pathogenesis of OA is the irreversible damage
and degeneration of articular cartilage (AC), a highly specialised connective tissue found within
articulating joints. It principally acts to facilitate the smooth movement of opposing joint
surfaces, providing a lubricated surface with a low frictional coefficient. Despite being only 2
to 4mm thick, viscoelastic properties and a deceptively intricate structure also allow AC to
shield underlying bone from some of the mechanical stresses generated during locomotion [3,
4]. Structurally, AC can be divided into four zones extending from superficial to deep zones
based on the orientation of type Il collagen fibres and proteoglycan content. Throughout the
structural zones, AC is devoid of blood vessels, nerves or lymphatics and has limited cellular
content resulting in a poor intrinsic capacity for healing and repair [5]. Despite possessing a
highly developed structure, AC is frequently irreversibly damaged by acute trauma, chronic
repetitive overloading and degenerative processes, with 5-10% of people over 40 having high
grade AC lesions [6, 7]. Symptoms of pain, instability and mechanical locking can develop,
leading to arthroscopic surgery being performed in over 150 000 patients annually in the UK

[108].

Several techniques can be deployed to treat cartilage defects surgically. Unfortunately, current
arthroscopic repair techniques (Fig. 2.3) have critical limitations including a tendency to result
in mechanically inferior fibrocartilage formation, ongoing pain and morbidity, and an inability
to treat globalised AC destruction [115]. Over 180 000 patients therefore require total joint
replacement surgery in the UK annually, a major operation which can result in incomplete

satisfaction and residual symptoms, particularly in younger patients [116-119]. A rising number




of patients also face the prospect of requiring revision joint replacement, a technically more

complex and costly procedure with generally inferior clinical results [120-123].

A significant limitation of joint replacement surgery for patients is the risk of developing
periprosthetic joint infection (PJI). The inert bearing surfaces of artificial joint replacements
lack an inherent blood supply and compared to native tissue can therefore develop infection
after exposure to a relatively low bacterial inoculum [8, 9]. PJI represents a leading cause of
joint replacement failure, accounting for over 15% of American revision total knee
replacements (TKRs) and total hip replacements (THRs) and a similar proportion of revisions
in the UK and Australia [10, 11]. Although the incidence of PJI following THR and TKR
remains steady at 1-2%, the increasing numbers of hip and knee arthroplasties being performed
worldwide means that the number of revisions for infection is increasing [9]. Central to the
pathogenies of PJI is the formation by bacteria of a protective membrane termed a “biofilm.”
Biofilms can be defined as structured three-dimensional (3D) communities of bacterial cells
enclosed in a self-produced polymeric matrix, attached to a solid surface such as a joint
replacement [12] . Within the protective environment of a biofilm, bacteria increase their
resistance to host immune defences and tolerance of antibiotics up to 1000%, whilst their ability
to exchange genetic information is also greatly increased [13, 14]. Eradication of PJI once
biofilm formation has occurred on a joint implant is therefore hugely challenging, and in
patients often leads to chronic infection, surgical removal of implants and prolonged antibiotic

therapy [15].

Cartilage defects, osteoarthritis and periprosthetic joint infection continue to affect a significant
number of patients within clinical orthopaedics. In patients unfortunate enough to develop
osteoarthritis and then PJI following joint replacement treatment, the burden of experiencing

degenerative joint pathology is compounded by serious infection, leading to significant
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morbidity and even risk of mortality [9]. There is therefore significant clinical demand for novel
and alternative treatment strategies to regenerate damaged joint surfaces and aid the treatment

of PJI.

As a developing technology, 3D biofabrication offers a novel approach to help ease the
treatment burden of cartilage defects and to help investigate the role of bacterial biofilms in PJI.
Biofabrication involves combining biological constituents such as cells, growth factors and
biomaterials with precise biomanufacturing techniques such as 3D cell printing, known as
“bioprinting” [16, 17]. Complex tissue constructs can therefore be created, or biofabricated,
“from the bottom up.” Through the incorporation of clinical imaging and autologous cells into
the biofabrication process, regeneration of cartilage and other bodily tissues could even feasibly
be performed in a patient specific manner, adding a significant and novel option to the
armamentarium of reconstructive orthopaedic surgeons. The potential to biofabricate 3D
bacterial constructs could also have great clinical significance at a time when antimicrobial
resistance (AMR) is rising to dangerously high levels worldwide. According to the World
Health Organization (WHO), urgent action is required to avoid a “post-antibiotic era”, in which
common infections and minor injuries can once again kill [18]. Future strategies to overcome
AMR are likely to target the bacterial process of biofilm formation, a key survival mechanism
against antibiotics. Whilst traditional biofilm laboratory models are often based on 2D cultures,
biofabricated 3D biofilms potentially mirror in vivo bacterial growth and behaviour
environment more closely, given that it normally occurs in a 3D biological environment [19-

21].




1.2 Aims

The overall aim of this thesis is to utilise a 3D biofabrication approach to study two pressing
and interrelated areas within clinical orthopaedics; the regeneration and reconstruction of
osteochondral tissue, and the study and treatment of bacterial biofilms that cause infection of
joint replacements and native joint destruction. To develop a successful methodology, different
biofabrication techniques, biomaterials and cell culture techniques will be utilised.
Biofabricated constructs must support cell growth after production, maintain structure during
culture conditions and allow for further investigation to be performed. Accordingly, the main

objectives of this thesis can be summarised as:

= To biofabricate 3D constructs capable of supporting osteochondral tissue regeneration.
= To biofabricate clinically relevant 3D bacterial biofilms that facilitate further
investigation of biofilm growth, antimicrobial treatment, and detection of joint

infection.

1.3 Structure of Thesis

= Chapter 1 presents the background of the thesis and details the main aims and objectives
of the research.

= Chapter 2 provides a literature review beginning with the clinical impact of cartilage
defects and currently available treatment options. 3D biofabrication is then introduced
with reference to how it has already been applied to regenerate orthopaedic tissues
elsewhere in the literature. An overview of the impact of infection within orthopaedics
and currently available methods of studying and detecting clinical biofilms is then

provided.




Chapter 3 describes the methodology and experimental details for the projects in the
following chapters. This will include aspects of design, calibration, and initial testing
phases.

Chapter 4 describes initial development of 3D biofabrication approaches for
osteochondral regeneration.

Chapter 5 describes development of composite bioinks for osteochondral regeneration.
Chapter 6 describes the first example of successful biofabrication of mature, 3D
bacterial biofilms together with an analysis of biofilm response to antimicrobial
treatment.

Chapter 7 describes the use of 3D biofilms to test novel Raman technology aimed at
detecting bacterial biofilm infections within a joint infection model.

Chapter 8 concludes this thesis and provides recommendations for future work.

Chapter 9 lists all references for previous chapters.




2 Cartilage Defects, Joint Infection, Currently Available Treatment
Options in Clinical Orthopaedics and the Future Role for
Biofabrication

2.1 The Clinical Burden of Articular Cartilage Lesions

Despite possessing a highly developed structure, articular cartilage (AC) is commonly damaged
by aetiologies including acute trauma, chronic repetitive overloading, degenerative or
osteoarthritic processes and developmental issues such as osteochondritis dissecans [1]. The
limited cellular content within AC and lack of inherent blood vessels, nerves or lymphatics
results in a poor intrinsic capacity for healing and repair [2]. Once articular cartilage sustains
damage full recovery of structure and function is therefore unlikely, and significant alteration
of native biomechanics can occur [3]. As more and more lesions are accumulated throughout
life, patients become increasingly predisposed towards development of symptomatic
osteoarthritis [4]. Although the true prevalence of AC lesions is difficult to estimate, many of
the patients who suffer from cartilage defects are relatively young with 5-10% of people over
40 thought to have high grade AC lesions. Furthermore, nearly 70% of patients undergoing
knee arthroscopy have been found to have articular defects [5]. Symptoms of pain, instability
and mechanical locking can develop in patients, with initial treatment usually involving

conservative measures such as analgesia, physiotherapy and even intra-articular injections [3].

When conservative treatment fails to ameliorate symptoms, a range of surgical techniques can
be deployed to treat cartilage defects. Arthroscopic (keyhole) surgery is currently performed on
over 150 000 patients annually in the UK on major joints including the shoulders, knees and
ankles [6]. However, arthroscopic repair techniques have limitations and can only treat discrete

cartilage lesions. As a result, over 180 000 patients require total joint replacement surgery in
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the UK annually, a major operation that can result in incomplete satisfaction and residual
symptoms, particularly in younger patients [7-10]. As patients outlive the life span of their first
joint replacement, a rising number also face the prospect of requiring revision joint replacement,
a technically more complex and costly procedure with generally inferior clinical results [11-
16]. Extensive efforts have therefore been made to search for novel and alternative strategies
to aid and promote cartilage repair. In the following sections, the structure and function of
cartilage will be introduced alongside current treatment options for cartilage lesions. Recent use
of biofabrication strategies including 3D bioprinting to promote cartilage repair will

subsequently be covered.

2.1.1 Cartilage Function, Composition and Structure

2.1.1.1 Cartilage Function

AC is a highly specialised connective tissue found within articulating joints. It principally acts
to facilitate the smooth movement of opposing joint surfaces, providing a lubricated surface
that allows the transmission of loads with a low frictional coefficient [2]. Despite common
perception otherwise, the thin articular cartilage surface has limited capacity to act as a “shock
absorber” [17]. Instead, it provides a large friction-reducing, weight-bearing surface area within
joints, allowing articulating surfaces to move relative to one another with minimal wear
occurring. AC is typically 2 to 4mm thick and unlike most bodily tissues is devoid of blood
vessels, nerves or lymphatics. When combined with a low cellular content, these features result
in cartilage having a very poor regenerative capacity. Around 60-80% of the total weight of
articular cartilage is fluid, with the remaining content made up from chondrocytes and solid

extra-cellular matrix (ECM).




2.1.1.2 Composition

Collagens and proteoglycans account for the bulk of cartilage dry weight, with a small number
of other molecules also present including lipids, phospholipids, glycoproteins and non-
collagenous proteins. However, the most abundant component of articular cartilage is water,
contributing up to 80% of net weight. Movement of water through cartilage helps to deliver
nutrients to chondrocytes, with the relative water content decreasing from around 80% at the
superficial zone to 65% in the deep zone (Fig. 2.1). Water also contributes to the ability of
cartilage to withstand mechanical loads; as the ECM provides resistance to flow of water,
mechanical loading of water-laden ECM results in the generation of hydrostatic pressure, which

dissipates when mechanical loads are released [18].

Collagen is the most abundant macromolecule with the ECM, providing tensile strength and a
structural framework accounting for 15 to 20% % of cartilage net weight. Of the collagen
content, 90% to 95% is composed of Type Il collagen fibrils and fibres which are intertwined
with proteoglycan aggregates. A minor faction of collagen types I, 1V, V, VI, IX, and XI are
also present within the ECM, helping to form and stabilize the type Il collagen fibril network.
The triple helix structure of collagen also helps to stabilise the matrix and adds to the shear and

tensile properties of cartilage [2].

Proteoglycans are heavily glycosylated proteins and represent the second-largest group of
macromolecules within the ECM, accounting for 10 to 15% of cartilage net weight. Synthesised
by chondrocytes, proteoglycans consist of a core protein and covalently attached
glycosaminoglycan (GAG) chains, including chondroitin sulphate and keratin sulphate.
Proteoglycans are highly hydrophilic and negatively charged, with each GAG sugar subunit

having one or two negative charges that repel one another, leading the molecule to extend
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outwards towards positively charged collagen molecules to form a matrix. The negative charges
also attract cations, including sodium ions, which in turn draw copious water into the matrix.
The most abundant proteoglycan is aggrecan, which consists of more than 100 keratin sulphate
and chondroitin sulphate chains. Aggrecan interacts with hyaluronic acid via link proteins to
form large proteoglycan aggregates which occupy the interfibrillar space within the cartilage
ECM. The osmotic potential provided by these aggregates and other proteoglycans help with
retention of water within the ECM, thereby providing resistance to compressive loads [19].
Further non-aggregating proteoglycans are also present within the ECM including decorin,
biglycan, and fibromodulin. These proteoglycans have differing glycosaminoglycan content,
with biglycan thought to interact with collage V1, whilst decorin and fibromodulin interact with

collagen 11 fibrils and contribute to fibrillogenesis and interfibril interactions [20, 21].

Chondrocytes are the only cell type present within articular cartilage and account for around
2% of the total volume of articular cartilage [22]. Chondrocytes originate from mesenchymal
stem cells (MSCs) and play an active role in the development, maintenance, and repair of their
surrounding ECM. Whilst the material properties of articular cartilage depend on its ECM, the
existence and maintenance of the ECM depends on chondrocytes. The ECM microenvironment
essentially traps the chondrocyte within its own matrix and thereby prevents any cell migration
to adjacent areas. As a result, chondrocytes rarely form cell-to-cell contacts for direct signal
transduction and communication between cells. Chondrocytes also vary in shape and number
depending on anatomical zones of articular cartilage. In the absence of a neurovascular supply,
chondrocytes respond to a variety of stimuli, including mechanical loads, piezoelectric forces
and hydrostatic pressures. Unfortunately, the limited potential of chondrocytes to self-replicate

contributes to the restricted intrinsic healing capacity of cartilage [22, 23].




2.1.1.3 Articular Cartilage Structure

Articular cartilage has a deceptively intricate structure and can be divided into four zones based

on the orientation of type Il collagen fibres and proteoglycan content (Fig. 2.1).

The superficial zone makes up 10% to 20% of articular cartilage thickness and is responsible
for most of the tensile properties of cartilage. Providing protection to deeper layers, the collagen
fibres of this zone are tightly packed and orientated parallel to the joint surface. A relatively
high number of flattened chondrocytes are also present, with sparse proteoglycan content found.
The superficial layer is the only zone where articular cartilage progenitor cells have been found

[24].

The intermediate or transitional zone represents 40% to 60% of cartilage volume and provides
resistance to compressive forces. Thick collagen fibrils are orientated in an oblique or random

fashion, with spherical chondrocytes present at low density alongside abundant proteoglycans

12].

The deep zone provides the greatest resistance to compressive forces, with large diameter
collagen fibrils arranged perpendicular to the articular surface. This layer also contains the
highest proteoglycan content, with round chondrocytes typically orientated in a columnar

distribution, perpendicular to the joint surface [22].

Below the deep layer a tidemark interface marks the transition between noncalcified articular
cartilage and deeper calcified cartilage. The deep calcified layer below the tidemark plays an
integral role in securing cartilage to bone, by anchoring collagen fibrils to subchondral bone.
Within this zone few inert and hypertrophic chondrocytes are present, embedded within a

calcified ECM. The tidemark is found only in joints and is a remnant of the cartilage anlage
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which participated in endochondral ossification during longitudinal growth in childhood. It is
the only zone having collagen type X, which helps cartilage mineralization and provides

structure integrity [25].
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Figure 2.1 Hyaline cartilage haematoxylin and eosin stain, morphology and structure. SZ,
superficial zone; MZ, middle zone; DZ, deep zone; CZ, calcified zone; SB, subchondral bone.

Adapted from Di Bella et al. [26].

2.2 Current Management of Symptomatic Articular Cartilage Lesions

2.2.1 Initial Evaluation and Treatment Planning

Initial management of cartilage lesions begins with a clinical history and examination. The knee
joint is classically split into medial tibiofemoral, lateral tibiofemoral, and anterior

patellofemoral compartments. Symptomatic cartilage lesions can initially present as localised
11




knee pain affecting a single compartment, or as more globalised pain affecting the whole knee.
The location of pathology can sometimes be correlated with symptoms. For instance,
patellofemoral lesions often give rise to anterior knee pain that is exacerbated by descending
stairs, arising from a chair, or squatting. Tibiofemoral lesions are often exacerbated by weight
bearing and give rise to pain located either medial or lateral to the midline, along the
tibiofemoral joint line. Recurrent mechanical symptoms such as catching, swelling or locking

may be suggestive of meniscal tears or focal chondral defects.

Initial imaging of the affected joint may be performed through standard weight-bearing
radiographs. Although radiographs do not directly demonstrate cartilage damage, evidence of
joint space narrowing, osteophytes and joint malalignment may be seen. Such features are
important to detect as concurrent osteoarthritis is considered a contraindication for performing
cartilage restoration techniques. Magnetic resonance imaging (MRI) is often requested,
allowing extremely detailed imaging of articular joints and their respective soft tissues to be
performed. As the current gold standard investigation, MRI has been shown to be as reliable as
arthroscopy for investigating most osteochondral lesions [27, 28]. For example, in the knee
pathology of the cruciate ligaments and menisci can be identified at the same time as
investigation for osteochondral lesions (OCLs); if an anterior cruciate ligament, collateral
ligament or meniscal injury is detected, all of which can accompany an OCL, more significant
surgery may be required [29]. OCLs are usually graded in terms of their severity and size to
allow a surgical plan to be developed. The International Cartilage Repair Society (ICRS)
grading system is commonly used to describe OCLs and is based on two main factors: the depth

of the OCL and the degree to which subchondral bone is involved [30].
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Figure 2.2 The International Cartilage Repair Society (ICRS) grading system is commonly
used to describe cartilage lesions and reflects the depth of cartilage damage down to

subchondral bone [30].

Definitive surgical management is planned after consideration of patient factors (such as patient
level of mobility, desire to have surgery and presence of comorbidities) and surgical factors
(such as the number and severity of OCLs detected, concurrent lesions needing treatment and
locally available treatment options). Reconstructive surgery is usually performed via an
arthroscopic or “key-hole approach.” In some cases, a small incision or arthrotomy may be
performed to aid repair of larger lesions or to facilitate harvest of autograft tissue. Arthroscopy
may even be performed as an initial procedure to treat major problems such as cruciate ligament
damage before later cartilage reconstruction is attempted. A range of reconstructive techniques

that are available to surgeons will now be reviewed.
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2.2.2 Articular Cartilage Repair Techniques and Joint Reconstruction

2.2.2.1 Microfracture

Microfracture (MF) is a frequently performed technique used to stimulate the repair of articular
cartilage lesions. MF involves making multiple holes, or “microfractures,” in the subchondral
bone underlying full-thickness chondral defects (Fig. 2.3 A). The holes are made as close
together as necessary, but not so close that one breaks into another, thus damaging the
subchondral plate between them. The released bone marrow that oozes from the holes forms a
“super clot” that engulfs the cartilage defect, providing an enriched environment for tissue
regeneration [31]. Whilst this technique supports cartilage regeneration, it most often results in
the production of biomechanically inferior fibrocartilage which typically deteriorates within 24
months as it is exposed to mechanical joint forces [32, 33]. Treatment of lesions in the
patellofemoral joint and large defects with microfracture is particularly associated with risk of
cartilage deterioration; more than 5 years after surgery, treatment failure can be expected in
many patients regardless of the size of the lesion [34]. Nevertheless, many clinicians still
consider microfracture to be the gold standard for cartilage repair, depending on the size, depth

and location of the lesion [31].

2.2.2.2 Osteochondral Autograft/Allograft Transfer (Mosaicplasty)

Osteochondral autograft transfer (OAT) or mosaicplasty is performed by transferring one or
more cylindrical grafts of hyaline cartilage and underlying subchondral bone from a low
weight-bearing area of the knee towards a defective site, usually the femoral condyle (Fig. 2.3
B). Grafts are harvested arthroscopically or mini-arthrotomy most often from the medial or

lateral trochlea, and then press-fit, flush with the cartilage, into recipient sockets of the same
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depth drilled into areas of defective cartilage. OAT therefore has the benefit of being a one-
stage, low-cost procedure. However, this can be a difficult procedure with limitations including
management of joint congruency, problems with osteointegration and difficulty in treating large
lesions [35, 36]. Usually, the topography of the donor site is different from the recipient site,
and it is therefore difficult to fully recreate natural biomechanics. Mosaicplasty is generally
restricted to young patients (under 50), with symptomatic chondral or osteochondral defects of
less than 3 cm in the weight-bearing part of the femoral condyle [37].Good results have been
demonstrated up to 9 years following OAT surgery, although a deterioration in results was
observed from 12 months postoperatively onwards in one study [38]. Furthermore, randomised
control trail (RCT) evidence has shown inferior results when OAT was compared to patients

treated with ACI [39].

Osteochondral allograft transfer (OALT) uses the same basic technique as OAT, substituting
autografts for grafts taken from cadaveric donors. This allows defects to be repaired with like-
for-like tissue taken from corresponding areas of articular surface in cadaveric donors;
potentially this allows closer replication of natural biomechanics and topography. Larger
defects can also be repaired due to the greater potential to harvest donor tissue from cadaveric
sources. However, allograft usage does have limitations including risk of viral disease
transmission, tissue rejection and limited availability of suitable tissue. Studies of OALT have

reported good outcomes in up to 80% of patients [40].

2.2.2.3 Autologous Chondrocyte Implantation (ACI) and Matrix-induced Autologous

Chondrocyte Implantation (MACI)

Due to the shortcomings of microfracture and mosaicplasty in treating larger defects, other

techniques have been developed including ACI and MACI. ACI involves two procedures; in
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the first, a cartilage biopsy is harvested from a low-weight-bearing region of the joint to provide
a chondrocyte population that is then expanded in vitro, yielding up to 50 million chondrocytes
[41]. During a second procedure via an open incision, the cartilage defect is debrided down to
subchondral bone. The cells expanded in vitro are then injected into the defect site beneath a
periosteal flap (Fig. 2.3 C). ACI has the benefit of using a patient’s own cells, as well as
minimising the size of initial biopsy taken, compared to techniques such as mosaicplasty (Fig.
4B). Drawbacks to ACI include the need for two operations, cost and the prolonged recovery
time required to ensure neotissue regeneration [41-43]. Positive clinical and functional
outcomes of ACI have been confirmed by clinical trials with long-term case series with >10
years demonstrating ACI to be an effective and durable treatment for large (>4 cm?) knee
cartilage lesions [42-45]. However, further work is required to achieve faster neotissue
maturation and integration with native tissue [17]. Survival analysis suggests that long-term
results are better with ACI than with MF, although research is needed into long-term results of

new forms of ACI [46].

Matrix-induced autologous chondrocyte implantation (MACI) is an advancement of the ACI
technique and begins with arthroscopic cartilage biopsy, allowing isolation of autologous
chondrocytes.  Expanded populations of autologous chondrocytes are then incubated on
absorbable porcine-derived type | and I11 collagen matrices before implantation; these matrices
help to direct and stimulate autologous chondrocyte growth before implantation, whilst
maintaining cell phenotype and viability. The resulting chondrocyte laden membrane can be
glued or sutured onto a cartilage defect in a secondary procedure (Fig. 2.3 C). MACI
circumvents the need for the watertight sutures required with ACI and reduces the chances of
chondrocyte leakage inside of the joint post-implantation. Overall, MACI achieves similar, if

not superior, functional outcomes to either ACI or microfracture in follow-up studies >2 years
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[47]. Recent RCT evidence reported that symptomatic cartilage knee defects 3 cm? or larger
treated with MACI were clinically and statistically significantly improved at 5 years compared

with microfracture treatment [48].

Hyaluronic-acid-based scaffolds have also been used in place of the collagen matrices used in
MACI. Some promising results have been demonstrated, with hyaline cartilage shown to
develop following scaffold implantation and improved clinical outcome scores reported when

compared to treatment with microfracture [49, 50].

2.2.2.4 Joint Replacement

As patients accumulate more and more OCLs throughout life, they become increasingly
predisposed to developing OA or degenerative joint disease. Even a single OCL can lead to
degradative changes in surrounding cartilage and altered joint biomechanics [4, 51]. By the age
of 65, one in four people is symptomatic from OA and 80% have some radiological evidence
of OA. Medical management of arthritis is directed at relieving symptoms, and common
treatment options include analgesics and anti-inflammatory medications [52, 53]. When
patients are unable to obtain adequate pain relief and functional improvement from conservative

treatment, joint replacement or arthroplasty surgery is considered (Fig. 2.3 D).

Total joint replacement involves the surgical replacement of both articulating surfaces of a joint.
In 1961 Sir John Charnley first described his pioneering total hip arthroplasty (THA),
articulating a metal ball with a polyethylene (plastic) socket [54]. A short time later after
Charnley’s THA the first total knee arthroplasty (TKA) was performed in 1968 [55]. Today
arthroplasty surgery is increasingly common with over 75 000 TKAs and over 80 000 THAs

performed each year in the UK alone [10]. Ceramic, plastic and metallic components can be
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found in modern joint replacements, whilst the range of joints that can be replaced has expanded
to include shoulders, elbows, ankles and even the small joints of the mandible, hands and feet
[56, 57]. With high levels of long-term implant survivorship (time from implant insertion to
surgical removal and replacement) demonstrated in primary THA and TKA, the indications for
both operations have expanded to include younger, more active and indeed older patients [9,
15, 16, 58, 59]. Over the past decade the incidence of total joint replacement has increased not
only in older (> 65 years) but also in younger patients (< 65 years) [10, 60]. Recent projections
suggest that more than 50% of both procedures will soon be performed on patients under 65.
Increasing demand is expected to continue, with exponential growth of up to 637% predicted
for primary procedures by 2030 [61]. However, due to complications including infection, peri-
prosthetic fracture, implant loosening and mechanical wear, total joint replacements can fail
and have a finite life expectancy [62, 63]. Large increases in the number of revision THA and
TKA procedures are therefore expected in the future as younger patients outlive the natural
longevity of their original arthroplasty[11-14]. Unfortunately, revision arthroplasty is a
technically more complex and costly procedure, with generally inferior clinical results [13, 62,

64-67].
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Figure 2.3 Schematic representation of current regenerative cartilage repair and reconstruction

techniques: (A) Microfracture (MF) involves making multiple holes, or “microfractures,” in the

subchondral bone underlying full-thickness chondral defects. Released bone marrow forms a

“super clot” that provides an enriched environment for tissue regeneration [31]. (B)

Mosaicplasty is performed by transferring one or more cylindrical osteochondral autografts

from a low weight-bearing area of the knee towards a defective site, usually the femoral

condyle. (C) Autologous chondrocyte implantation involves a periosteal flap or collagen

membrane being sewn over the defect, under which a suspension of autologous, cultured

chondrocytes is injected (ACI). Matrix-assisted chondrocyte implantation (MACI) advances
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ACI by incorporating chondrocyte cells into a type-I/111 collagen scaffold during the culturing
process. (D) Total knee replacement or arthroplasty involves replacing the worn native joint
surface with prosthetic implants typically composed of metallic, plastic, or ceramic materials
[68].

2.2.2.5 Limitations of Current Treatment Options

Current arthroscopic repair techniques (Fig 2.3) suffer from critical limitations including a
tendency to result in mechanically inferior fibrocartilage formation, difficulty in treating
patients with multiple or large OCLs, and an inability to treat globalised articular cartilage
destruction or OA [69]. Essentially, arthroscopic techniques allow patients with OCLs to be
patched up in a similar fashion to filling in a pothole on a road surface. However, the topology
and smoothness of the natural joint surface is often never truly restored. Ultimately the
underlying osteoarthritic pathology continues to drive the occurrence of more OCLs, as the
patched-up joint surface continues to be exposed to ongoing stress and strain, and a full joint
resurfacing is required in time. As a result, over 180 000 patients require total joint replacement
surgery in the UK annually. Although total hip and knee replacement rank amongst the most
successful and cost-effective interventions in medicine, they are nevertheless major procedures
with risk of serious complications including infection, haemorrhage, pulmonary embolus and
even very rarely death [57, 70]. Particularly in the case of younger patients, incomplete
satisfaction and residual symptoms can develop postoperatively, making ongoing management
difficult [7-10]. A rising number of patients also face the prospect of requiring revision joint
replacement, a technically more complex and costly procedure, with generally inferior clinical

results [13, 62, 64-67].
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2.3 The Biofabrication Approach

Due to the prevalence of cartilage lesions and arthritis worldwide, and limitations of current
treatment options, significant efforts have been made to develop novel strategies to aid cartilage
repair. As a developing technology, 3D biofabrication offers a novel approach to potentially
help ease the treatment burden of cartilage defects. Biofabrication combines raw materials such
as living cells, molecules, extracellular matrices, and biomaterials with a range of
manufacturing techniques, such as bioprinting, 3D printing and 3D cell culture, allowing the
production of complex living and non-living biological products from “the bottom up” [71-74].
Within the following text an overview will be provided of the properties of an “ideal”
biofabricated scaffold, followed by a review of biofabrication techniques including bioprinting,
bioinks, cell sources and the tissue biofabrication process in general and a review of their recent

use in cartilage repair will subsequently be provided.

2.3.1 The Ideal Biofabricated Scaffold

Biofabrication strategies can be divided into scaffold-based and scaffold-free approaches.
Scaffolds can be defined as 3D porous structures that support cell adhesion and growth, guiding
tissue regeneration [75]. A variety of materials and manufacturing methods have been used to
produce scaffolds for tissue engineering. However, there are some general properties that all
scaffolds seek to obtain, regardless of individual scaffold composition, target cell type or

scaffold manufacturing method used.

In general terms, the ideal 3D scaffold is composed of a biocompatible, biodegradable material

with similar mechanical properties to the tissue which it is to be implanted in. Scaffolds by
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design are not intended to be permanent implants and will ideally facilitate host cells to deposit
ECM and replace the scaffold structure over time. The 3D architecture of the scaffold should
be highly porous with an interconnected structure to allow cell and nutrient migration. The
scaffold surface should also be optimised to facilitate cell attachment, proliferation, and
differentiation. Form a surgical point of view, it is also desirable for the scaffold material to be
easily manipulated into different shapes and sizes to allow in-situ treatment of individual tissue

defects such as cartilage lesions [76-79].

Scaffolds and their breakdown products must above all be biocompatible. This requires scaffold
materials to be nontoxic to cells, easily eliminated from the body and to elicit negligible immune
response through their presence [80-82]. Controlled biodegradability is also an essential
characteristic for a scaffold to achieve; if a scaffold degrades too quickly, mechanical failure
could occur. This is particularly relevant in orthopaedics, as an implanted scaffold is likely to
undergo a degree of load bearing even if the patient is instructed to rest a treated limb, and
scaffold fracture and failure could occur if it is unable to provide mechanical support whilst
new tissue is forming. Similarly, if a scaffold does not degrade sufficiently quickly an
inflammatory response could be triggered towards the foreign material of the scaffold,

impairing tissue regeneration [83].

The microarchitecture of scaffolds is also centrally important in encouraging cell viability and
fostering tissue ingrowth. An interconnected pore structure, in the absence of an engineered
blood supply, allows inwards diffusion of oxygen and nutrients and outwards diffusion of waste
products from the scaffold. Porosity also supports cell migration into the scaffold and improves
available surface area for cell-scaffold binding and interaction with surrounding tissues [84-

86]. Individual pore size within the scaffold is also an important consideration. It has previously
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been shown that scaffold pore density and size significantly impact upon cellular growth and
attachment [87, 88]. As pore size decreases, the surface area of the scaffold increases. This
increases the availability of scaffold ligands for cells to bind to and interact with. However, if
pore sizes become too small, cells may struggle to migrate into the scaffold structure. Scaffolds
must therefore be precisely engineered with parameters favourable to the cells and tissue that
they will be exposed to. For example, it has been shown that scaffolds implanted in vivo with
pore sizes close to 300 um promote osteogenesis due to higher permeability and potential for
vascularization, whereas smaller pore sizes closer to 100 um are more favourable for
chondrogenesis [89-91]. Increased scaffold macroporosity has also been shown to improve
angiogenesis in vivo [92], whilst a degree of microporosity (pores with diameters lower than
10 um) can improve cell-scaffold interactions, resulting in osteogenic effects [93-95]. Scaffolds
therefore need to contain a mixture of macropores allowing cell and osteon ingrowth in vivo,

and micropores to encourage cell-scaffold ligand interactions [96].

In addition to pore size and overall porosity, mechanoregulatory effects are thought to be key
in influencing cartilage tissue growth and cellular differentiation in vivo. If a scaffold is unable
to replicate the mechanical forces transferred to cells in physiological conditions, cells may lack
sufficient stimulation and differentiate towards an undesirable morphology [97-99]. Selecting
scaffold materials with similar stiffness to native tissues would therefore seem advantageous
[100, 101]. However, scaffold mechanical stiffness and porosity are directly conflicting
physical properties, with mechanical strength inversely related to increasing scaffold porosity.
In terms of load bearing, important scaffold mechanical properties include Young’s modulus
(also known as elastic modulus, a measure of the stiffness of a solid material), compressive

strength (capacity of a scaffold to withstand loads tending to reduce size) and fatigue strength
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(the highest stress that a material can withstand for a given number of cycles without breaking)

[80, 102, 103].

Table 2.1 Summary of Desirable Scaffold Properties.

Scaffold Characteristics

Desirable Features

Biocompatibility

« Non-toxic breakdown products.

« Non-inflammatory scaffold components, avoiding immune rejection.

Biodegradability

« Controlled scaffold degradation which can complement tissue ingrowth
whilst maintaining sufficient support.
« Degradable by host enzymatic or biological processes.

« Allows invading host cells to produce their own extracellular matrix.

Bioactivity

« Scaffold materials that can interact with and bind to host tissue.

« Inclusion of biological cues and growth factors to stimulate cell
ingrowth, attachment and differentiation.

Scaffold Architecture

« Interconnected pore structure allowing diffusion and cell migration.

« Microporosity to present a large surface area for cell-scaffold.

« Macroporosity to allow cell migration and invasion of vasculature

o Pore size tailored to target tissue and cells, allowing cell ingrowth
without weakening mechanical properties.

« Inbuilt vascular channels to enhance angiogenesis in vivo.

Mechanical Properties

« Compressive, elastic and fatigue strength comparable to host tissue
allowing load bearing and cell mechanoregulation to occur.
« Scaffold material that can be readily manipulated in the clinical

environment to treat individual tissue defects.
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Scaffold bioactivity can also significantly influence cellular regeneration. Bioactivity in this
context refers to the capability of a scaffold to affect its biological surroundings. Bioactive
scaffolds allow cells to adhere and proliferate, providing stimuli for further growth and/or
differentiation. A range of biomaterials have been used to increase the bioactivity of scaffolds
for cartilage regeneration, including ECM constituents, polymers, bioceramics, drugs and
growth factors. Natural polymers are often derived from extracellular matrix components
including collagen and hyaluronic acid, and therefore have low toxicity, high biocompatibility
and cell affinity [104]. However, natural polymers can undergo uncontrolled degradation
resulting in compromise of mechanical properties in printed constructs. To help address this
issue, synthetic polymers can be used either alone or with natural polymers to create a
composite scaffold, allowing better control over stiffness and elastic modulus of constructs
[105, 106]. Synthetic polymers can also be functionalised with biological molecules, such as
arginylglycylaspartic acid (RGD), heparin and hyaluronan, to increase bioactivity and cell
adhesion [107, 108]. Growth factors and drugs have also been included within scaffolds to

increase bioactivity [109-111].

Growth factors are thought to have a key role in cartilage regeneration and scaffold bioactivity.
Growth factors can be described as biologically active polypeptides produced by the body,
capable of stimulating cellular division, growth, and differentiation [112]. Articular cartilage
development and homeostasis is regulated by a range of growth factors and biomolecules
throughout life. Scaffolds designed to regenerate cartilage would therefore seem likely to
benefit from inclusion of growth factors; however, inclusion of an individual growth factor in
a scaffold is unlikely to achieve complete cartilage development, with numerous interacting
growth factors known to influence articular cartilage development [112]. Chondrocyte

synthesis of extracellular matrix constituents including proteoglycans, aggrecan and type Il
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collagen is increased by growth factors, whilst decreased expression of cytokines including
interleukin-1 (IL-1) and matrix metalloproteinases (MMPs) leads to lower levels of cartilage

ECM degradation.

Transforming growth factor-p (TGF-p) has received significant attention as a growth factor for
cartilage regeneration. As a cytokine, TGF-p is secreted by multiple cell types, helping to direct
cell proliferation, differentiation, apoptosis and tissue homeostasis [113]. As one of three
common isoforms of TGF-B, TGF-B1 has shown the most promise in cartilage regeneration,
with an ability to both stimulate chondrocyte synthetic activity and to decrease cartilage ECM
breakdown via IL-1 and tumour necrosis factor-o. (TNF-a) [114-116]. Following promising in
vitro results with enhanced cartilage repair found in defects treated with TGF-f1 containing
scaffolds, clinical trials have been performed examining TGF-B1 treatment of patients with
moderate knee osteoarthritis. Improved pain scores and joint function were found at up to one
year following treatment, suggesting significant promise for TGF-f1 as an OA treatment [117,

118].

Perhaps the most extensively studied growth factors within cartilage regeneration so far are the
family of bone morphogenic proteins (BMP) [119]. Within the BMP family, BMP-7 has been
investigated most frequently with exposure to in vitro chondrocytes seen to increase production
of cartilage-specific extracellular proteins, including type 1l and VI collagen, aggrecan, decorin,
fibronectin, and hyaluronan [HA] [120, 121]. BMP-7 also modulates the impact of other growth
factors, inhibiting the impact of catabolic mediators such as MMPs, IL-1, IL-6, IL-8, IL-11, and
tumour necrosis factor [TNF]-o, and increasing the response to anabolic mediators including
insulin-like growth factor-1 (IGF-1) and fibroblast growth factor (FGF) [122, 123]. Studies

examining treatment of cartilage defects in numerous animal models including sheep and
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rabbits have also identified extensive in vivo regeneration of subchondral bone and hyaline-like
cartilage when BMP-7 was included on scaffolds applied to defects [41, 124-126]. However,
risk of bone formation within soft tissues, or heterotopic ossification, is also associated with
use of BMPs [127-131]. Vascular endothelial growth factor (VEGF) [132-134], platelet-
derived growth factor (PDGF), insulin-like growth-factor 1 (IGF-1), and FGFs provide further
examples of growth factors that have been utilised in cartilage and bone tissue engineering [135,

136].

In summary, a range of factors appear to contribute to the success of scaffolds used in tissue
regeneration. On occasion, achievement of one desirable scaffold property can come at the
detriment of another; for example, producing a mechanically robust scaffold using synthetic
polymers can lead to diminished bioactivity, whilst increasing porosity to allow nutrient
diffusion and cell ingrowth can weaken overall scaffold strength. Achieving a successful
balance in vivo between the properties of a scaffold favourable to cellular function, cellular
viability and mechanical integrity under load bearing remains challenging [137, 138]. To
overcome these challenges, a variety of scaffold manufacturing techniques have been
developed, ranging from more conventional options towards more novel biofabrication

approaches.

2.3.2 Scaffold Fabrication Methods

A large variety of techniques have been used in the biofabrication of 3D scaffolds, sometimes
in combination. In general, it is difficult to create complex scaffold microarchitectures with
precise control using conventional techniques. However, the integration into biofabrication of
computer-aided design (CAD) modelling and 3D bioprinting has greatly increased scaffold

manufacture precision and repeatability, with control over scaffold macro- and microporosity
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possible. The advantages and disadvantages of conventional scaffold manufacturing methods

and more recent 3D printing techniques will therefore be discussed in the following text.

2.3.3 Conventional Scaffold Fabrication

Solvent casting/particulate leaching is a traditional method of scaffold manufacture that begins
with dissolution of a polymer in an organic solvent (Fig. 2.4 A). The technique uses porogens,
which are substances that can be dispersed into a moulded structure and subsequently dissolved
once the structure has set, resulting in the creation of pores. Porogens are added to the polymer
solution to create a polymer-porogen network. The polymer is subsequently hardened as the
solvent evaporates, with water then used to dissolve the porogen which is often a salt such as
sodium chloride. A hardened polymer scaffold with a porous network is left behind, although
it is difficult to control pore shape and pore interconnectivity of scaffolds produced by this

method [139, 140].

Gas foaming eliminates the use of solvents deployed in solvent casting/particulate leaching
methods (Fig. 2.4 B). This technique creates a porous structure through the nucleation and
growth of gas bubbles dispersed throughout a polymer. Compression moulding is first used to
create solid discs of a scaffold material, such as poly (lactic-co-glycolic acid) (PLGA), within
a heated mould. Following this, the discs are saturated with carbon dioxide by exposure to high
pressure CO2 gas (5.5 MPa) for 72 h at room temperature, before solubility of the gas in the
polymer is rapidly decreased by reducing CO- pressure to atmospheric levels (P° CO2). This
causes the CO: gas to clump together, creating pores. Porosities of up to 93% and pore sizes of
up to 100 mm can be obtained using this technique. However, it is difficult to control pore

connectivity and pore sizes by gas foaming [140-143].
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Figure 2.4 Conventional Scaffold Fabrication Techniques: (A) Solvent casting-particle
leaching process, (B) Gas foaming, (C) Freeze-drying, (D) Phase separation, (E)
Electrospinning [144].
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Freeze-drying begins with freezing of a polymer solution, resulting in the formation of solvent
ice crystals surrounded by polymer aggregates (Fig 2.4 C). The surrounding pressure is then
reduced via a vacuum, to a level lower than the equilibrium vapor pressure of the frozen solvent
(PY). The solvent is thus triggered to undergo sublimation directly into gas from the solid phase.
When the solvent is completely sublimated, a dry polymer scaffold with an interconnected
porous structure remains. Emulsification freeze drying can also be used as a primary scaffold
fabrication method. The process begins by dissolving polymers/ceramics in a solvent and then
mixing with water, to obtain an emulsion. The mixture is poured into a mould and frozen before
the two phases can separate. The frozen emulsion is then freeze-dried to remove the solvent and

dispersed water, creating pores in a solidified scaffold [145].

Phase separation begins with polymer dissolution in a solvent, at a temperature typically near
to or higher than the polymer melting point, allowing formation of a homogenous melt-blend
(Fig 2.4 D). The polymer solution is then cast into a desired shape. Subsequent cooling below
the solvent melting point and vacuum-drying cause solvent sublimation. A porous scaffold is

obtained as the solvent sublimation leaves pores behind in the polymer.

Electrospinning is another popular scaffold fabrication technique with the ability to create
nanofibrous interconnected porous scaffolds (Fig 2.4E). This method uses an externally applied
electric field to draw charged threads of polymer solutions or polymer melts as thin jets from a
capillary tube towards a collector plate. Fibres in the micro- and nanometre range can be created
and deposited sequentially to create a scaffold, with potential to include composite materials

and biomolecules [146-149].
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2.3.4 3D Printing Techniques

The traditional methods of scaffold fabrication that have been discussed in brief so far generally
offer limited control over pore size, geometry and interconnectivity. Overtime there has been
an improvement in the ability to spatially control scaffold microarchitecture and spatial content
as technologies such as 3D printing have emerged. In general, 3D printing fabricates objects
via layer-by-layer processing of powder, liquid or solid material substrates. Starting from the
bottom and building up, each newly formed layer is triggered to adhere to the previous layer,
resulting in the creation of construct of gradually increasing size. The structure of a 3D printed
object is dictated by a CAD model loaded onto a 3D printer. CAD models describe 3D objects
in a series of cross-sectional layers, allowing 3D printers to physically reproduce models

through an additive process.

Patient specific CAD models can be created by converting computed tomography (CT) or MRI
images of clinical defects into CAD models. Further software is then used to slice CAD models
into G-code, which encodes 3D CAD models in a format that can control 3D printers.
Parameters such as print speed, layer height, print head temperature and pressure can all be

modified and optimised through G-code.
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Figure 2.5 Common 3D Printing Techniques. (A) Stereolithography (B) Fused deposition

modelling (C) Selective laser sintering [150].

Several 3D printing methods have been adapted into orthopaedic tissue engineering (OTE),
with stereolithography (SLA) representing one of the earliest 3D printing techniques to have
been developed (Fig. 2.5 A). SLA relies on the directed use of a laser to polymerize ultraviolet
(UV)-curable liquid photopolymer resin layer-by-layer, resulting in a solidified 3D model. The
UV laser can solidify the model’s cross-section, leaving remaining areas in liquid form. After

each cross-section, the print platform moves down, covering the solid polymer with another
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layer of resin for curing. Excess resin that has not been cured is then removed from the 3D
structure, allowing rapid fabrication of a structure that can be cured further in an oven. Whilst
SLA can quickly produce scaffolds with controlled architecture and micrometre-level

resolution, there is a limited number of materials applicable to this costly technique [151].

Fused deposition modelling (FDM) uses a temperature controlled printhead to deposit
thermoplastic material onto a platform in a layer-by-layer manner to build up a 3D construct
(Fig 2.5 B). A thermoplastic filament is driven into a heated printhead, causing the filament to
melt, allowing thin layers of a semi-molten polymer such as polycaprolactone (PCL) to be
precisely deposited sequentially. The molten filament cools in the air of the print environment,
allowing filaments to fuse together rapidly to create a scaffold. FDM has been successfully
adapted into OTE as method of producing synthetic scaffolds, although the elevated

temperatures involved can limit biomaterial inclusion [152, 153].

Selective laser sintering (SLS) involves the use of a computer-controlled laser beam to fuse
layer-upon-layer of a powder, sintering the powder material together to build a solid 3D
structure (Fig 2.5 C). Some success with this technique has been demonstrated, through the
production of bioactive, composite scaffolds with similar mechanical properties to trabecular
bone [154, 155]. However, the elevated temperatures involved in the process limit the inclusion

of cells and biomaterials directly into SLS scaffolds.

2.3.5 Overview of Bioprinting Approach

Bioprinting involves the use of 3D printing technology to spatially pattern viable living cells
and other non-living biologic materials [156]. Bioprinting thus allows the production of

complex living and non-living biological products from raw materials such as living cells,

33




molecules, extracellular matrices, and biomaterials [71, 74, 157]. The general bioprinting
approach (Fig. 2.6) begins with selection of cells for inclusion in constructs. Cells for
bioprinting can be sourced from commercial cell lines, patient tissue biopsies, blood samples
or from donor sources, and expanded in number through culture to maximise cell density on
bioprinting [158, 159]. Following culture, cells are encapsulated in a delivery medium or
bioink, along with selected biomaterials such as polymers, ceramics and growth factors [73,
160, 161]. Cartridges containing bioink are then loaded into a 3D bioprinter, which dispenses
the bioink in a pre-determined 3D geometry according to a CAD model. Bioprinters often have
multiple print nozzles, allowing combinations of cells and biomaterials to be included within a
printed construct [71, 73, 160, 162-165]. A high degree of spatial control can therefore be
achieved over construct architecture and content [166, 167]. Following bioprinting the construct
can be cultured in vitro for experimental purposes, or potentially implanted in vivo. Biologically
active culture environments known as bioreactors are also available to help direct and support

cell growth within bioprinted constructs towards specific tissue types [168].
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Figure 2.6 Tissue biofabrication process. Patient defects are identified through clinical imaging

such as magnetic resonance imaging (MRI) or computed tomography (CT) scanning. Computer

aided design (CAD) software can then be used to reconstruct the defect for 3D bioprinting.

Cells for bioprinting can be sourced from tissue biopsies, blood samples and from other sources,

and expanded in culture to maximise cell density on bioprinting. Following culture, cells are

encapsulated in a delivery medium or bioink, along with selected biomaterials such as

polymers, ceramics and growth factors. Cartridges containing bioink are then loaded into a 3D

bioprinter, which dispenses the bioink in a pre-determined 3D geometry according to a CAD

model. Bioprinted constructs can then be matured in vitro, analysed or implanted.

2.3.6 Cell Source for Bioprinting

Bodily tissues often possess multiple cell types, all with individual biological functions that

ideally are recapitulated in bioprinted tissue. Bioprinting may therefore incorporate multiple
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primary cell types when trying to replicate native tissue; alternatively, stem cells can be
bioprinted and directed to differentiate to form mature tissue containing different cell types. To
minimise the risk of immune response and disease transmission, cells included in bioinks are
ideally autologous, derived from a specific patient for their own treatment. For a bioprinted
construct to maintain long-term function after transplantation, bioprinted cells must be also able

to respond to tissue damage or injury, self-renew and maintain homeostasis [169-171].

Thus far, stem cells used in the biofabrication of bodily tissues have included embryonic stem
cells (ESCs), induced pluripotent stem cells (iPSCs) and adult stem cells [172, 173]. Embryonic
stem cells originate within the inner cell mass of a blastocyst and have the potential to
differentiate into somatic cells of all three germ layers. Consequently, ESCs have the potential
to be used to derive all cell types present within soft tissues. Whilst ESCs have high proliferative
capacity and pluripotency, they also require complex culture conditions to remain in an
undifferentiated and proliferative state and can cause immunogenic reactions [174]. Prolonged
culture of undifferentiated ESCs can also result in the development of abnormal karyotypes,
with the risk of teratoma formation following implantation in vivo [174-176]. ESCs have
already been used to help regenerate cartilaginous, vascular and neural tissues amongst others

[177-179].

iPSCs are stem cells created through the artificial dedifferentiation of adult somatic cells
through exposure to selected transcription factors. iPSCs display similar pluripotency, gene
expression profiles and ability to form embryonic bodies as ESCs, whilst overcoming the
various ethical issues regarding the use of embryos in research. Whilst iPSCs are considered
pluripotent, they have a lower differentiation capacity than ESCs and carry an increased risk of

teratoma formation. Safer protocols and virus free iPSCs with reduced carcinoma risk have
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been developed, increasing the potential for use of iPSCs in soft tissue and cartilage

regeneration in future [176, 180, 181].

Autologous adult stem cells are particularly attractive for inclusion in bioinks, owing to their
increased availability relative to ESCs and potential to differentiate into the multiple cell types
found in soft tissues. Furthermore, they can be isolated from various tissues including adipose
tissue, bone marrow and peripheral blood [182]. Commonly used examples include adipose-
derived stem cells (ADSCs) and MSCs, which can be differentiated into chondrocytes,

osteocytes, endothelial cells, neural cells and adipocytes [183-187].

Many examples of successfully bioprinted MSCs already exist for the regeneration of cartilage,
skin, nerves and blood vessels [164, 188-190]. Within cartilage regeneration, cartilage
progenitor cells have also been used, with favourable growth within gelatin methacryloyl
(GelMA) based hydrogels found as compared to chondrocytes [191]. Allogenic MSCs are
capable of generating a local immunosuppressive microenvironment following implantation,
resulting in only a weak immune reaction [192]. Use of autologous MSCs minimises the risk
of immune rejection further, although notably for older patients the differentiation and
proliferation capacity of autologous MSCs appear to be age-dependent [193, 194]. Following
in vitro culture, there are also reports that MSCs display unstable phenotypes, reduced
chondrogenic matrix formation, undesired mineralisation and cell death on injection [193, 194].
Cell source also appears to influence MSC characteristics, with some reports suggesting that
adipose derived MSCs (AD-MSCs) have higher proliferative capacity and apoptosis tolerance
compared to bone marrow derived MSCs (BMMSCs) [195, 196]. AD-MSCs can also be

harvested at up to 500 times the density of BMMSCs from equivalent volumes of tissue [192,
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196], with biopsy from adipose tissue also involving a less painful and invasive procedure with

lower risk of morbidity [159].

Following selection of a cell source, the additional step of 3D cell culture may also be
performed to create aggregates of cells for printing. Cell aggregates or spheroids have superior
intercellular communication and extracellular matrix development when compared to cells
grown in 2D culture, potentially accelerating the growth of printed constructs towards
functional tissue after bioprinting [197, 198]. There are several examples of bioprinted

spheroids used in the fabrication of cartilage, blood vessels and nerves [199-204].

2.3.7 Bioinks

Cells are usually encapsulated within a bioink prior to bioprinting. Bioinks provide cellular
protection during the bioprinting process and mimic the extracellular matrix environment,
providing a scaffold that supports the adhesion, proliferation and differentiation of cells
following bioprinting [73]. Bioinks are most often created from hydrogels, which can be
defined as gels constructed from networks of crosslinked, hydrophilic polymer chains.
Hydrogels are able to absorb up to 1000 times their original dry weight in aqueous medium to
form hydrophilic three-dimensional networks, ideal for supporting cell growth [205]. The high-
water content of hydrogels makes them highly permeable to oxygen, nutrients and other water-
soluble compounds crucial for supporting cell growth. Within orthopaedic tissue engineering,
hydrogels have been shown to facilitate angiogenesis, osteoconductivity, cell adhesion and
matrix integration [167, 206-208]. Hydrogels can be derived from natural polymers (including
collagen, gelatin, alginate, chitosan, hyaluronic acid and agarose) or synthetic materials.
Natural polymers are often derived from ECM components including collagen and hyaluronic

acid and therefore have low toxicity, high biocompatibility and cell affinity [104, 210-213].
38



https://en.wikipedia.org/wiki/Gel

Combinations of naturally derived polymers such as gelatin and alginate have also been
incorporated into bioinks to improve printability and bioactivity [214]; decellularized
extracellular matrix (dECM) has also shown promise as a source of bioink due to its capability
to inherit the intrinsic cues from a native ECM [215]. However, natural polymers can undergo
uncontrolled degradation, resulting in compromise of mechanical properties within printed
constructs. To help address this issue, synthetic polymers can be used either alone or with
natural polymers to create composite hydrogels, allowing better control over stiffness and
elastic modulus of bioprinted constructs [105, 106, 216]. Synthetic polymers can also be
functionalised with natural biological molecules such as RGD to increase bioactivity and cell
adhesion [107, 108, 217]. Bioactivity of bioinks can be increased further by addition of growth
media, biomaterials, drugs, growth factors and nutrients [208, 218-220]. Further features, such
as tuneable mechanical stiffness, thermal and UV crosslinking and tailored degradability have
been included in synthetic hydrogels for tissue engineering [208, 221-224]. A range of
compounds have also been added to bioinks to modulate printability, mechanical properties,
immune response and growth factor delivery, including clay [225] , hydroxyapatite [226] and
modified chitin [227]. Within cartilage and soft tissue engineering, hydrogels have been shown
to facilitate cartilage regeneration, angiogenesis, neurogenesis, cell adhesion and matrix

integration [228-233].

2.3.8  Bioprinting Techniques

Successful bioprinting relies in part on combining a suitable bioprinting technique with an
appropriate bioink. A variety of different techniques have been used to bioprint cells with high
cell viability achieved following printing. Commonly used bioprinting techniques include

inkjet, laser-assisted, microvalve and extrusion bioprinting [71, 74, 220, 234-236].
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Inkjet bioprinting (or drop-on-demand bioprinting) uses thermal or acoustic forces to eject
droplets from a pint head nozzle (Fig. 2.7 A). Thermal inkjet printers use heat to generate a
pressure pulse within a print head for a brief period, causing ejection of a droplet of bioink.
Other systems rely on piezoelectric crystals, which become mechanically stressed by the
application of a voltage and as a result change shape. This generates an acoustic wave which in
turn creates enough pressure to eject droplets from a nozzle. The technology is adapted from
desktop inkjet printers, with benefits including low cost, wide availability and high print speed.
However, limitations include frequent nozzle clogging, risk of exposing cells and materials to
thermal and mechanical stress and nonuniform droplet size. The liquid droplet deposited is also

of low viscosity, relying on further gelation or crosslinking to create a solid structure [237-239].
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(D) Extrusion bioprinting.

Laser-assisted bioprinting (LAB) systems avoid the use of a nozzle (Fig. 2.7 B); instead, they
rely on a pulsed laser beam to generate a high-pressure bubble, which in turn propels cell-
containing materials toward a collector substrate from an initial print material “ribbon.” LAB
systems are highly precise and allow cells to be placed within 5 um of a template, with cell-

containing skin substitute materials created using the technology [240]. Some limitations of
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LAB include potential heat-induced damage to cells, difficulty of creating 3D structures, high
system costs and the time-consuming nature of creating ribbons with high cell and biomaterial

concentrations [241].

Microvalve bioprinting is a droplet-based system where fluids under a constant pneumatic
pressure are dispensed from cartridge tips by opening and closing a small valve (Fig. 2.7 C).
The valve in question can be controlled mechanically, electrically or magnetically. Microvalve
systems can print cells including MSCs with high viability and functionality, with deposition

of other biomaterials also possible such as polymers and growth factors [235, 236, 242].

Extrusion bioprinters deposit continuous filaments of materials rather than individual droplets
(Fig. 2.7 D). Pneumatic or mechanical pressure is applied to a syringe, causing controlled bioink
extrusion through a nozzle. A significant advantage of this approach is the ability to deposit
very high cell densities, with some studies manging to purely print cells, for example as
filaments of cartilage [243]. A broad range of bioinks have been successfully extrusion
bioprinted, using cell-laden hydrogels containing tissue spheroids, tissue strands, cell pellets
and decellularized matrix components. Extrusion bioprinting also allows for a relatively high
print speed to be achieved, improving potential for scalability and clinical translation.
Challenges include achieving high print resolution; cell survival decreasing with increasing

print pressure, nozzle gauge, and shear stress and development of printable bioinks [161].

2.4 Techniques to Support Development of 3D Structures Following Biofabrication

3D biofabrication technologies have undergone rapid development and innovation over the last
decade [71, 74]. Bioinks that incorporate beneficial physical and biological characteristics have

been combined with multi-material and multi-nozzle bioprinting to fabricate increasingly
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complex structures [244]. However, biofabrication of cartilage and soft tissue constructs
remains challenging as bioinks generally lack the load bearing capacity to support their own
weight without incorporation of harsh mechanical enhancement strategies [160, 245]. A key
challenge has been balancing bioink rheological properties required for printability and
structural integrity with bioink biocompatibility needed to ensure cellular viability and

proliferation after bioprinting [73, 218, 246].

To address this challenge, elegant approaches have been developed that rely on the use of either
dissolvable scaffolding materials or biodegradable materials as sacrificial structures to support
soft bioinks following bioprinting. Such techniques allow bioinks that would otherwise move
and flow after bioprinting to be maintained in position and therefore be bioprinted with greater
predictability. Cellular production of extracellular matrix and crosslinking processes can be
allowed to occur before removal of supporting structures, leading to the development of
complex, heterogenous, soft tissue constructs with maintained structural integrity [170, 247-

249].

2.4.1 Fugitive Inks

Dissolving “fugitive” hydrogels including the co-polymer pluronic F-127 have frequently been
used to provide temporary support to mechanically weaker, cell-containing bioinks (Fig. 2.8 A)
[250]. Typically, the fugitive hydrogel is bioprinted within or around a less viscous secondary
bioink to provide support; once the secondary bioink has gained sufficient structural integrity,
either through cellular deposition of ECM or via chemical or UV cross-linking following
bioprinting, the fugitive hydrogel is dissolved via thermal or chemical means. Fugitive
hydrogels have also been utilised to aid the creation of complex 3D vasculatures within

multicellular constructs. The fugitive hydrogel is bioprinted alongside other bioinks to create a
43




multicellular construct; following bioprinting, the fugitive hydrogel is then liquified and
removed through a variation in temperature or chemical dissolution, leaving patent channels
behind within the construct that can be developed into vasculature or perfused with culture

media [248].

2.4.2 Support baths — The FRESH Technique

Support baths have been developed that allow the bioprinting of low viscosity bioinks to occur
(Fig. 2.8 B). This approach typically involves bioprinting into a secondary support bath; once
cross-linking of the printed bioink has occurred, the support bath can be liquefied, leaving
behind a cross-linked structure. A notable example of this approach is provided by Hinton et
al., who developed a novel technique allowing bioprinting of complex structures from low
viscosity bioinks, termed freeform reversible embedding of suspended hydrogels (FRESH)

[251].

2.4.3 Removable Rods and Needles — The Kenzan Method

Removable rods and needles have also been used to provide structural support to bioprinted
tissue constructs [252-254]. Itoh et al. deployed metallic needles in a circular array to create a
temporary scaffold for supporting cell spheroids (Fig. 2.8 C). Termed the Kenzan method, this
approach permitted the fusing together of smooth muscle cell and fibroblast spheroids (650 um,
diameter) during culture in a bioreactor, with later removal of the support needles leaving a
rigid tubular structure behind [255, 256]. Norotte et al. used agarose rods in place of metallic
needles to support the fusing together of high cellular density cylinders into a tubular construct
(Fig. 2.8 D). This process achieved a reduction in printing times when compared to individual

spheroid assembly [257].

44




2.4.4 Use of Biodegradable Materials to Guide Cell Growth

Biodegradable nanofibers have also been used to direct cellular growth towards mature tissue
[252, 258, 259]. Choi et al. electrospun blended PCL/collagen nanofibers and seeded them with
human skeletal muscle cells. Unidirectionally oriented nanofibers significantly induced muscle
cell alignment and myotube formation as compared to randomly oriented nanofibers. This
technique therefore has potential to provide implantable functional muscle tissues for patients

with muscle defects.

2.4.5 Coaxial Printing

The process of coaxial printing has also been employed by several research groups to create
microtubular, soft tissue constructs [260, 261]. A coaxial nozzle contains an inner core and an
outer concentric shell; concurrent extrusion of two chemicals or bioinks can therefore occur,
producing a tubular structure with an inner core and outer shell (Fig. 2.8 E). By extruding a
cross-linking agent as the inner core, the outer shell can be rapidly cross linked to form a self-
supporting hollow tube [262, 263]. Jia et al. added an additional outer shell to their coaxial
nozzle to allow cross-linking perfusion from two directions [264]. Whilst coaxial printing can
create very long conduits in a minimal amount time, production of complex, bifurcated,
anatomical structures with the microscale layers seen in native tissue remains challenging using

this technique.

2.4.6 Scaffold-Free Approaches — Use of Spheroids, Cell Sheets and Tissue Filaments

Scaffold-free approaches to the biofabrication of soft tissues have also been developed. Okano
et al. developed a successful method of fabricating cell sheets without the use of biodegradable

scaffolds. Cell culture on temperature-responsive dishes allowed intact cell sheets to be
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harvested by simply switching the temperature from 37°C to room temperature, thereby
avoiding the use of proteolytic enzymes (Fig. 2.8 F). Cell sheet engineering allows for tissue
regeneration by direct transplantation of single cell sheets to host tissues; alternatively multi-
layered cell-sheets can be biofabricated in vitro prior to clinical use [265]. Larger constructs
including vascular grafts have been successfully fabricated by placing layer upon layer of cell
sheets together [266, 267]. By avoiding the use of additional bioinks or scaffolds, this approach
minimises the risks of host inflammatory responses occurring [268]. In a similar approach to
fusing sheets of cells together, smaller micro-units of cell laden hydrogels have been used as
building blocks to create larger tissue constructs in a “micro-masonry” concept [269, 270]. This
approach allows for a high degree of modularity, as hydrogels of different compositions that

embed different cells can be mixed and deposited with a high degree of precision [271].

Cell pellets, spheroids and tissue strands have also been used as building blocks to create more
complex tissue constructs. Various methods have been used to assemble cell aggregates or
spheroids, including culture moulds, cell suspensions and hanging droplet techniques [197, 199,
272, 273]. Spheroids bioprinted in close proximity have successfully fused and matured
together to form larger tissue constructs, including functional thyroid gland tissue [274, 275].
Tissue filaments have also been successfully bioprinted to create larger patches of tissue, with
Yu et al. bioprinting chondrocyte filaments together to form a larger, fused cartilage patch

[243]. Cellular fibres have also been woven together to create cellular fibre scaffolds [276].

2.4.7 Moulding, Dip-Coating and Rod Support Methods

Moulding techniques have also been used to direct the maturation of 3D tissue constructs (Fig.
2.8 G). Pacak et al. cast a mixture of skeletal muscle cells, type 1 collagen, Matrigel™ and

NaHCO3 onto silicon moulds. After one to two days, solidified myoblast-containing tissue
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constructs could be harvested for in vitro use [277]. Tabriz et al. developed a rapid method of
moulding tubular structures by dip-coating metal bars covered in cell-laden alginate hydrogels
into cross-linking reagents, including calcium chloride or barium chloride (Fig. 2.8 H).
Following cross-linking, cell-laden hollow tubular structures could be released from the metal
bars [209, 278]. This methodology was further developed by Wilkens et al., who introduced
motors to rotate and dip the rods (Fig. 31). This approach gave a high level of control over
individual layer thickness within vessels, with use of rod-supports allowing successful
production of a structural configuration closely resembling natural blood vessels (Fig. 10B).
However, the technology could also be applied to allow development of other layered soft

tissues, potentially even including cartilage [279].
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Figure 2.8 3D biofabrication techniques allowing bioadditive manufacture of soft tissue
structures. (A) Vasculature network creation via fugitive inks. (B) Freeform reversible
embedding of suspended hydrogels (FRESH) printing. (C) Kenzan printing of cell spheroids
onto needles. (D) Use of biodegradable materials to guide tissue formation. (E) Coaxial tube or
filament formation from a modified nozzle. (F) Use of cell sheets to create layered constructs.
(G) Use of moulds to allow cell-laden hydrogels to develop into constructs. (H) Dip-coating to

create tubular structures. (1) Rod support printing. Adapted from Holland et al. [280].
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2.5 Biofabrication of Cartilage

2.5.1 Challenges of Bioprinting Cartilage

The layer-by-layer approach used in many biofabrication strategies to regenerate tissue seems
well suited to the task of recreating the intricate, layered structure of cartilage. However, several
challenges exist when using a hydrogel-based approach to printing cartilage. To enable high
resolution and consistent printing, hydrogels must be optimised to display rapid gelation,
minimal extrudate swell post-printing and shear-thinning properties to minimise shear-stresses
on cells during bioprinting [72, 73]. The high-water content of hydrogels can also have mixed
benefits; whilst this allows replication of the hydrated environment of the native ECM, this
often leads to poor mechanical properties [245, 281, 282] . Attempts have therefore been made
to create composite bioinks for cartilage regeneration, capable of integrating the mechanical
strength of synthetic, viscous hydrogels with the biocompatibility provided by lower-viscosity,

naturally derived hydrogels [164, 283-286].

2.5.2 Biofabrication of Cartilage Using Natural Polymer Bioinks

Use of natural polymers in bioinks has attracted great interest within cartilage regeneration due
to favourable properties including biomimicry, biocompatibility and biodegradability. As a
further benefit, natural polymers often contain biofunctional molecules on their surface that can
aid cell attachment, integration and differentiation on scaffolds. Naturally occurring polymers
that have been investigated in cartilage regeneration include collagen, gelatin, alginate and
hyaluronic acid. However, use of naturally occurring polymers can also be subject to limitations
including presence of pathogenic impurities such as endotoxin [180], lack of tuneability of

degradation rates and degradation related inhibition of local cells. Mechanical properties of
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natural polymers can also be suboptimal for cartilage regeneration, although crosslinking of

polymers can enhance structural properties.

As a biocompatible and readily available hydrogel, alginate has been incorporated into several
investigations of cartilage biofabrication [164, 287]. Alginate has desirable properties such as
biocompatibility, low toxicity, relatively low cost, and crucially for 3D bioprinting, a capacity
to undergo rapid gelation by addition of divalent cations such as Ca?* [288, 289]. The US Food
and Drug Administration (FDA) also previously approved alginate for a number of clinical
trials [290, 291]. More than 200 different alginates are currently manufactured and in fact
alginate is a whole family of linear copolymers made from blocks of (1,4)-linked B-D-
mannuronate (M) and a-L-guluronate (G) residues. The blocks are composed of consecutive G
residues (GGGGGG), M residues (MMMMMM), and alternating G and M residues
(GMGMGM). Alginates extracted from different sources differ in M and G contents as well as
the length of each block. The G-blocks of alginate are believed to primarily participate in
intermolecular cross-linking with divalent cations, and the mechanical properties of alginate

gels typically are enhanced by increasing the length of G-block and molecular weight [292].

Numerus successful attempts at bioprinting cartilage using alginate exist. Yang et al. used
sodium alginate (SA) with collagen type | (COL) or agarose (AG) to encapsulate and 3D
bioprint chondrocytes. Mechanical strength was improved in both SA/COL and SA/AG
groups compared to SA alone. Further analysis showed that SA/COL effectively suppressed
dedifferentiation of chondrocytes and preserved the phenotype. Markestedt et al. also 3D
printed a nanofibrillated cellulose/ alginate (NFC/A) bioink containing human chondrocytes
(Fig. 2.9). The shear thinning of the NFC and fast crosslinking of alginate allowed microvalve

bioprinting to occur with high fidelity and stability. Taking MRI and CT data, they managed
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to bioprint anatomically accurate scale models of human ears and sheep meniscus with high
cell viability seen after 7 days [293]. Nguyen et al. also designed bioinks containing
nanocellulose with alginate (NFC/A), comparing performance to bioinks composed of
nanocellulose with hyaluronic acid (NFC/HLA). NFC was chosen to help mimic the collagen
bulk in cartilage matrix, whilst hyaluronic acid was included as a major component in native
cartilage [294]. Human-derived iPSCs and irradiated human chondrocytes were encapsulated
in the bioinks and bioprinted using a microvalve 3D bioprinter. In the case of NFC/HLA, low
proliferation and phenotypic changes away from pluripotency were seen in the iPSCs.
However, in the case of the NFC/A constructs, hyaline-like cartilaginous tissue with collagen
type 1l expression was seen after 5 weeks. A marked increase in cell number within the

cartilaginous tissue was also detected. The NFC/A bioink therefore appeared suitable for

bioprinting iPSCs and chondrocytes to support cartilage production.
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Figure 2.9 Microvalve bioprinting of cartilaginous structures. (A) The RegenHu 3D Discovery
(Switzerland) bioprinter with microvalve print-head shown. (B) 3D printed knee meniscus
using nanocellulose with alginate (NFC/A) bioink containing chondrocytes. Adapted from

Markestedt et al. [293].

A further study combined oxidized alginate and HLA in a composite hydrogel (AL/HLA) for
cartilage regeneration, with in vivo analysis in mice performed [295]. Six weeks after
chondrocyte-loaded AL/HLA gels were injected subcutaneously into mice, effective cartilage
regeneration was found histologically. Substantial secretion of glycosaminoglycans and
chondrogenic marker genes was also found, compared to control scaffolds. A similar scaffold
composed of alginate and low molecular weight HLA was produced by Park et al., with calcium
crosslinking performed [232]. Once again, AL/HLA scaffolds triggered chondrocyte
differentiation to a much higher degree than found in pure alginate scaffolds. Scaffold stiffness
was also found to be critical in triggering chondrocyte differentiation, with low scaffold
stiffness leading to diminished chondrocyte differentiation. It was therefore concluded that
hydrogels require defined polymer compositions and mechanical properties, to best regulate

chondrocyte differentiation and phenotype.

Amongst the natural polymers used in orthopaedic tissue engineering (OTE), collagen ranks
amongst the most frequently adapted into scaffolds. Collagen composes 90% of the total weight
of bone ECM proteins and forms a key component of cartilage ECM. Although there are
approximately twenty-nine known types of collagen, type | collagen has been used perhaps the
most frequently within OTE due to the lack of immune reactivity associated with usage of it
[164]. As part of the normal ECM it is inherently biocompatible, biodegradable and can

stimulate cell proliferation and differentiation [254, 296-299]. Furthermore, the mechanical and
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degradation properties of collagen can be tailored through the process of crosslinking [164,
300]. However, in common with other natural polymers, collagen has mechanical properties
that are insufficient for creating a load-bearing scaffold [216]. Collagen is therefore often

combined with more robust materials within OTE to create composite scaffolds.

Perdisa et al. demonstrated the osteoinductive potential of collagen-hydroxyapatite (Col-HA)
scaffolds in a prospective clinical study involving patients with patellar osteochondral defects
[301]. Cell-free Col-HA scaffolds were implanted into knee or patellar osteochondral lesions
(Fig. 2.10), with MRI imaging performed 24 months following surgery. The composite scaffold
utilised a three-layered approach in other biomimetic scaffolds such as by Grigolo et al.[302];
the cartilaginous layer was made of type | collagen with a smooth surface; the intermediate
layer had a combination of type | collagen (60%) and HA (40%); and the lower layer was a
mineralised blend of type | collagen (30%) and HA (70%), mimicking subchondral bone
composition. Patient functional outcome scores improved significantly at 12 and 24 months
follow up, with MRI showing complete filling of the cartilage in 87.0% of the lesions, complete
integration of the graft in 95.7% of lesions, and intact repair tissue surface in 69.6% of patients.
However, osteophytes or more extensive bony overgrowth was also documented in 8% of the
patients, though no correlation was found between MRI findings and clinical outcome (Fig

2.10).
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Figure 2.10 Osteochondral scaffold, sized and press-fit into a patella defect. Adapted from

Perdisa et al. [301].

Collagen has also been blended with other less robust polymeric materials to aid cartilage
regeneration. Choi et al. blended type-I11 collagen (Col 1) and chondroitin sulphate (CS) with
chitosan to create a composite hydrogel for cartilage regeneration [303]. Riboflavin was then
used to crosslink the hydrogel using visible blue light. Increased chondrogenesis, MSC
proliferation and ECM deposition was triggered by the addition of Col Il or CS to the chitosan
hydrogel. It was observed that Col 11 had the greatest impact on chondrogenesis, suggested to
be related to chondrocyte integrin a10 binding to Col II and therefore increasing cell-matrix
adhesion. Lee et al. blended HLA with collagen and fibrinogen to create a composite hydrogel,

which was then used to encapsulate MSCs. The MSC laden composite hydrogel was then

55




applied into rabbit osteochondral knee defects; after 24 weeks, defect healing was observed to
occur, with hyaline-like cartilage formation observed and significant production of
glycosaminoglycans and type Il collagen also detected, demonstrating strong therapeutic

potential [304].

Different types of collagen have also been mixed together to aid cartilage regeneration.
Bernhardt et al. used joint freeze-drying and crosslinking processes to produce biphasic
scaffolds from biomimetically mineralized salmon collagen and fibrillated jellyfish collagen.
By varying cell densities, applying alginate to the chondral section, pre-differentiating cells and
using osteochondral medium, chondrogenic and osteogenic differentiation was supported in

scaffolds fabricated exclusively from marine collagens [297].

As a biomacromolecule produced from denatured collagen, Gelatin methacrylate (GelMA)
based bioinks have gained increasing popularity within biofabrication due to excellent
biocompatibility, photocrosslinkability, and tuneable mechanical properties, whilst retaining
some of the motifs present in native ECM crucial for promoting cellular adhesion and growth

[305-308].

In an attempt to maintain the bioactivity gained from including collagen in constructs whilst
simultaneously enhancing structural properties, the bioprintabiltiy of composite alginate
methacrylate (AlgMA)/GelMA hydrogels was developed. When used as a lone bioink, high
GelMA concentrations (i.e., >15% w/v) have frequently been required to allow maintained
structural fidelity following bioprinting. This in turn is associated with higher viscosity and
sheer stresses during bioprinting, often leading to lower cell viability [305-307]. Combining
AlgMA with GelMA could therefore allow sufficient hydrogel viscosity for bioprinting to be

achieved with lower GelMA concentrations, especially with the potential for triple crosslinking
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of AIgMA to be performed. Furthermore, previous work has found alginate to support the
development of hyaline-like cartilage following 3D bioprinting when compared to GelMA

[309].

Costantini et al. printed 3D biomimetic hydrogel scaffolds consisting of differing combinations
of GelMA, chondroitin sulfate amino ethyl methacrylate (CS-AEMA) and hyaluronic acid
methacrylate (HAMA) [310]. Using a two coaxial-needle bioprinting system, they achieved a
high cell density, high cell viability and high printing resolution post-printing. Bioinks were
loaded with MSCs, with addition of 4% alginate and 0.3 M CaCl, also performed to aid
crosslinking. All the employed hydrogels exhibited enhanced chondrogenic differentiation of
bone marrow derived-MSCs after 3 weeks of culture in chondrogenic medium. A composite
hydrogel of alginate, GeIMA and CS-AEMA appeared to be the best candidate for neocartilage
formation, as it supported the highest levels of collagen production. These findings are in
keeping with several examples where gelatin or GelMA has been mixed with alginate, leading
to improved cell growth [305, 311, 312]. Compared to use of GeIMA alone, some groups have
also found improved cellular differentiation and growth with inclusion of alginate; it is thought
that the improved mechanical properties offered by inclusion of alginate promote cell
spreading, proliferation and differentiation by helping to mimic the stiffness of the native ECM

more closely [311, 312].

Daly et al. evaluated the printing properties and capacity to support the development of either
hyaline cartilage or fibrocartilage in vitro of a range of commonly used hydrogel bioinks
(agarose, alginate, GelMA and BioINK™) [297]. Alginate and agarose hydrogels seeded with
MSCs best supported the development of hyaline-like cartilage, whilst GelMA and BioINK™

(a PEGMA based hydrogel) supported the development of a more fibrocartilage-like tissue.
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GelMA demonstrated superior printability, generating structures with greater fidelity, followed
by the alginate and agarose bioinks. High levels of MSC viability were observed in all bioinks

post-printing (~80%).

Focussing more on the role of cell type in successful cartilage biofabrication, Levato et al. used
GelMA-based hydrogels to investigate the results of bioprinting articular cartilage-resident
chondroprogenitor cells (ACPCs), MSCs and chondrocytes for cartilage regeneration [313].
ACPCs outperformed chondrocytes in terms of neo-cartilage production and compared to
MSCs, ACPCs had lower gene expression levels of hypertrophy marker collagen type X, and
the highest expression of PRG4, a key factor in joint lubrication. By combining ACPC- and
MSC-laden bioinks, a bioprinted model of articular cartilage was generated, consisting of
defined superficial and deep regions, each with distinct cellular and extracellular matrix
composition. The novel ACPC-laden hydrogel appeared to be a suitable substrate for

chondrogenesis and was capable of directing cells towards a superficial zone phenotype.

2.5.3 Synthetic Polymer Bioinks for Cartilage Engineering

Whilst natural polymers used in bioinks provide bioactivity and aid biomimicry of the native
ECM, synthetic polymers provide superior mechanical strength and structural integrity [164].
Several attempts have therefore been made to combine the mechanical performance of synthetic
polymers with the favourable bioactivity of natural polymers in composite bioinks [73, 244].
Synthetic polymers that have been used frequently within orthopaedic tissue engineering (OTE)
include PCL, polylactic acid (PLA), polyglycolic acid (PGA), and copolymers of PLA-PGA
(PLGA). These poly(a-ester)s have key characteristics of being biodegradable, nontoxic and

biocompatible [164, 300].
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PCL has been widely incorporated into OTE attempts. Advantages of this polyester include
biocompatibility, relatively slow degradation rate, less acidic breakdown products in
comparison to other polyesters and potential for load-bearing applications [252, 283, 314-318].
In terms of OTE, the high mechanical strength and slow degradation rate of PCL are particularly
advantageous characteristics, potentially allowing a degree of load bearing to occur whilst
native tissue gradually regenerate with a scaffold [216, 319-321]. However, due to the poor
cellular adhesion properties of PCL, numerous attempts have been made to create PCL

composites with improved bioactivity [155, 216, 314, 317, 320, 322-325].

Bahcecioglu et al. recently attempted to engineer meniscus replacements, impregnating a PCL
meniscus scaffold with agarose (Ag) and GelMA hydrogels in the inner and outer regions,
respectively [283]. After incubating the constructs loaded with porcine fibrochondrocytes for 8
weeks, significant Ag-enhanced GAG production and GelIMA enhanced collagen production
was demonstrated. Furthermore, incorporation of hydrogels was shown to protect cells from
mechanical damage under dynamic loading conditions. In summary, a meniscus-like structure

was engineered with potential for clinical use.

Kim et al. used a combination of 3D printing, electrospinning and a physical punching process
to create composite PCL/alginate constructs with nanofibrous content and improved
mechanical strength (Fig. 2.11). Electrospun layers of PCL/alginate were sandwiched by layers
of micro-sized PCL struts; the final scaffold was then punched to create micro-sized pores
travelling through the consecutive layers of electrospun and 3D printed material. Compared to
pure PCL scaffolds, PCL/alginate composite scaffolds showed significantly enhanced cell

viability at 7 days, alkaline phosphatase (ALP) activity and calcium deposition at 14 days and
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greatly increased water absorption due to the improved hydrophilicity contributed by the

scaffold alginate content [321].

A B C
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Figure 2.11 PCL/Alginate scaffold fabrication method. (A) 3D printing of micro-sized PCL
struts (B) electrospinning of PCL/alginate onto PCL struts (C) punching process to create

micro-sized pores in final PCL/alginate (PAS-S) scaffold. Adapted from Kim et al. [317].

Shim et al. used a multi-headed 3D bioprinter to create MSC-laden, collagen and hyaluronic
acid hydrogel constructs reinforced by PCL. Designed to replicate an osteochondral plug, the
biofabricated constructs appeared to integrate well with local bone and cartilage and remain
mechanically stable following implantation in a rabbit knee. A porous, 3D PCL network was
initially printed and an MSC-rich atelocollagen solution with added recombinant bone-
morphogenic protein 2 (rhBMP-2) was dispensed into the bottom 4mm of the PCL network, to
create an osteogenic layer. Immediately above the osteogenic layer, a hyaluronic-acid-based
solution containing MSCs and TGF-/ was dispensed to create a 1mm thick top layer to support
chondrogenesis. Integration with host tissues was demonstrated by strong positive staining for
calcium deposition, collagen deposition, cell viability and observation of excellent neo-

cartilage formation comparted to PCL control scaffolds [326]. Malda et al. reinforced a GelMA
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hydrogel matrix with PCL microfibers produced using a melt-electrospinning direct writing
process [327]. This approach allowed for the production of PCL filament diameters as small as
5 um, whilst the stiffness and deformation profile (shape of the stress—strain curve) of GeIMA
could be tailored to that of native cartilage by PCL reinforcement. Favourable cell viability was

also found after at least 7 days of in vitro culture.

A range of other thermoplastic polymers similar in nature to PCL have also been incorporated
into OTE attempts. Castro et al. also attempted to create a construct capable of replicating the
osteochondral interface. Using a custom-built stereolithography 3D printer and tailored nano-
ink, they created a construct with cartilaginous and osseous layers. A cartilaginous layer was
created from polyethylene glycol (PEG) diacrylate hydrogel, core-shell PLGA nanospheres and
chondrogenic TGF-B1). An osseous layer was also fabricated from nano-crystaline
hydroxyapatite nanoparticles. Human bone marrow derived MSCs were directed to undergo
chondrogenic and osteogenic differentiation in vitro within the biomimetic, graded 3D printed

osteochondral construct [328].

Groll et al. utilised a UV crosslinking approach and a synthetic polymer to optimise the
printability of hyaluronic acid with for chondrogenesis. Allyl-functionalized poly(glycidol)s
(P(AGE-co-G)) was chosen as a cytocompatible cross-linker for thiol-functionalized hyaluronic
acid, with incorporation of PCL and high molecular weight HLA performed to create
mechanically stable and robust constructs for articular cartilage regeneration [315]. Embedding
of human and equine MSCs in the gels and subsequent in vitro culture showed promising

chondrogenic differentiation after 21 d for cells from both origins.

Gao et al. used inkjet bioprinting to co-print an acrylated PEG hydrogel with acrylated peptides

[188]. Human MSCs were included in the composite hydrogel, which was exposed to ultraviolet
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light to initiate simultaneous photopolymerization of the hydrogel during printing. The resulting
scaffold demonstrated excellent cell viability of 87.9 + 5.3% 24 hours after printing. Printed
constructs containing MSCs were cultured for 21 days in chondrogenic media. Chondrogenic
gene expression and compressive moduli were seen to significantly increase from day 7 to 21,
with significant collagen and extracellular matrix deposition seen. The compressive modulus
of the printed PEG-Peptide hydrogel exceeded 500 kPa, which is more than 100 times that

reported for some natural hydrogels [329, 330].

2.5.4 Scaffold-free Approaches

Although biofabricated scaffolds are frequently used to facilitate cartilage biofabrication, self-
assembly approaches have also been developed recently which use increasingly novel

techniques to direct cartilage tissue development.

Yu et al. developed an interesting approach in bioprinting “tissue strands” without a hydrogel
support to facilitate fabrication of biomimetic cartilaginous tissues (Fig. 2.12). Initially,
harvested chondrocytes were expanded in number and then microinjected into long, tubular
alginate capsules created using a co-axial nozzle. The chondrocytes were allowed to aggregate
within the tubular alginate capsules, developing long strands of cylindrical cartilaginous tissue.
Once matured, the tissue strands were released by dissolving the alginate tubes, leaving stands
of cartilage which could then be 3D bioprinted through a specially adapted extrusion nozzle.
Strands of cartilage printed in a layer-by-layer fashion were seen to unite and form larger
cartilaginous structures. This approach therefore facilitated rapid chondrocyte fusion and
maturation through self-assembly, enabled tissue bioprinting in solid form, did not need a liquid
delivery medium during extrusion and facilitated native-like scale-up cartilaginous tissues to

be developed [202].
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In a further novel, self-assembly approach, Parfenov et al. performed scaffold-free, nozzle-free
and label-free magnetic levitation of tissue spheroids to form cartilaginous tissue [331].
Chondrospheres produced from primary sheep chondrocytes using non-adhesive culture were
exposed to gadolinium (Gd**) in culture media. Subsequently a magnetic field was produced,
and with the aid of mathematical modelling, chondrospheres were predictably directed to move
into a pre-designed 3D morphology, controlled by the magnetic field. Assembly of the
chondrospheres into a 3D tissue construct was seen to occur, showing the promise of magnetic

levitation for rapid 3D tissue biofabrication.
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Figure 2.12 Biofabrication of cartilage using co-axial bioprinting and tissue strands. (A)
Schematic elucidating the concept of tissue printing using tissue strands as a new bioink. (B)
Images of printed tissue morphology over 3 weeks of incubation. (C) 3D bioprinted tissue
patches prepared for 4 mm x 4 mm osteochondral defect with 2 mm thickness. Adapted from

Yu et al. [202].
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2.5.5 Injectable Hydrogels for Cartilage Regeneration

Injectable hydrogels for cartilage regeneration have attracted significant interest due to potential
clinical benefits including the ability to perform minimally invasive injections and the capacity
to mould hydrogels in-situ to match irregular patient defects [332-334]. Several natural and
synthetic bioactive materials have been used to create injectable hydrogel scaffolds for cartilage
regeneration. Examples that have been used successfully include hyaluronic acid, chitosan,

collagen, elastin, alginate, glycopeptides [335-341] and synthetic polymers [342, 343].

Choi et al. created an injectable type-11 collagen (Col 1) and chondroitin sulphate (CS)
composite hydrogel for cartilage regeneration [303]. The composite gel was crosslinked by
exposure to visible blue light (VBL) in the presence of riboflavin. Whilst unmodified chitosan
hydrogel supported proliferation and deposition of cartilaginous ECM by encapsulated
chondrocytes and mesenchymal stem cells, incorporation of Col Il or CS into chitosan
hydrogels further increased chondrogenesis. Col Il was found have the biggest impact on
chondrogenesis and cell proliferation in vitro, thought to be related to integrin a10 binding to

Col I, increasing cell-matrix adhesion.

Lee et al. created a composite collagen/HLA /fibrinogen hydrogel, which they inserted into
rabbit osteochondral knee defects along with MSCs. Histological analysis of the scaffolds found
glycosaminoglycans and type Il collagen production within the extracellular matrix. After
twenty-four weeks, the defects had been repaired with hyaline-like cartilage, demonstrating the

strong therapeutic potential of this composite hydrogel [304].

HLA has a known ability to aid chondrocyte differentiation, ECM deposition and proliferation

[344-348]. These effects are at least partly achieved by the presence of chondrocyte surface
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receptors including CD44, which directly bind to HLA [349-351]. There have been several

examples of injectable HLA-based hydrogels designed to take advantage of these properties.

Park et al. created an injectable HLA and methacrylated glycol chitosan (MeGC) hydrogel by
photo-crosslinking with a riboflavin photoinitiator under visible light [352]. Increasing the
crosslinking time significantly enhanced the compressive modulus of the hydrogels, although
encapsulated cell viability also reduced. Incorporation of HLA into MeGC hydrogels also

increased chondrocyte proliferation and deposition of cartilaginous extracellular matrix.

Chen et al. developed an injectable HLA/RGD-functionalized pectin hydrogel for cartilage
tissue engineering [223]. Pectins are natural polysaccharides found in most primary cell walls
and have excellent hydrophilic properties. They have been used within cartilage regeneration
to act an ECM alternative, helping to immobilize cells [353, 354]. In vitro analysis found
significant production of collagen, glycosaminoglycans and aggrecans with high cell viability
after encapsulation in the HLA/RGD hydrogel. After 8 weeks of implantation in mice, the
scaffold was well tolerated, with minimal inflammation and integration with surrounding

subcutaneous tissues seen.

Yu et al. created an injectable, double cross-linked HLA/PEG hydrogel [355]. Enzymatic
crosslinking resulted in fast gelation of the HLA/PEG hydrogel in 5 minutes, leading to the
formation of an injectable material. ATDC-5 chondrocytes encapsulated in the hydrogel
showed high viability and proliferation. The hydrogel could also recover from repeated
compression and restore initial shape. Although in vitro analysis is required, the cell-friendly

and anti-fatigue properties appear favourable for cartilage regeneration.
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Guo et al. prepared hydrogels of HLA/chondroitin sulphate/collagen for cartilage regeneration
[356]. This was achieved via collagen self-assembly and crosslinking of chondroitin sulphate-
methacrylate (CSMA) and HLA-methacrylate (HAMA). An interpenetrating polymeric
network structure was achieved through this process, partly replicating the structure of native
cartilage extracellular matrix. The composite hydrogel was found in vitro to upregulate
cartilage-specific gene expression and promote chondrocyte secretion of glycosaminoglycans

and type Il collagen.

Composite injectable hydrogels for cartilage regeneration have also been produced from
degradable synthetic polymers such as PEG and poly (L-glutamic acid) [200, 342, 357-359].
HLA/PEG-based injectable hydrogels were prepared via a dual cross-linking by Dubbini et al.,
with thermal gelation at occurring at 37 °C [360]. Through altering polymer content, degree of
vinyl sulfonation and degree of thiolation it was possible to alter the gelation Kinetics,
mechanical properties, swelling and degradation times of the scaffolds. The composite

hydrogels also supported MSC and fibroblast growth in vitro over 21 days.

2.5.6 Summary of Techniques and Materials Used in Orthopaedic Tissue Engineering

and Reconstruction

A range of tissue engineering techniques (Table 2.2) and materials (Table 2.3) have been
applied to attempt regeneration and reconstruction of orthopaedic tissues. A summary of their

comparative benefits and limitations are displayed below.

Table 2.2 Summary of Tissue Engineering Technologies
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Manufacturing

Method

Solvent
casting/particulate
leaching

Gas Foaming

Emulsification
Freeze-Drying

Phase Separation

Electrospinning

3D Printing
& Bioprinting

e SLA,SLS, FDM
e Inkjet,
microvalve, laser-

Benefits

Relatively simple technique that
allows creation of scaffolds with
regular  porosity, controlled
composition and pore size.

Eliminates use of chemical
solvents.

Does not require use of solid
porogen.

Eliminates leaching step of
porogen.

Can be combined with other
techniques easily.

Creates scaffold with large
surface area for cell attachment.
Simple and inexpensive
technique.

Complex 3D shapes with high
resolution, controlled pore size
& morphology can be
fabricated. Improved capacity to
incorporate vascular structures
into constructs.

Some methods allow use of high
cell concentrations.

Potential Limitations

Use of organic solvents precludes
cells and biomolecules being
included directly in scaffolds.

Can be difficult to control pore
shape and interconnectivity.
Limited thickness of structures
and mechanical properties
achievable.

High pressures involved prohibits
inclusion of cells and bioactive
molecules directly into scaffolds.
Temperature labile materials may
be denatured during compression
moulding step.

Difficult to control pore sizes and
ensure interconnectivity.

Requires use of organic solvents.
Small pore size and porosity often
irregular.

Long processing time.

Small pore sizes limit use.
Use of organic solvents inhibits
use of bioactive molecules or cells
during scaffold fabrication.

Organic solvents may be required,
which can be harmful to cells.
Limited mechanical properties.
Difficult to incorporate precise
microarchitecture into constructs.

Some techniques are limited by
printable materials.

Set up costs can be expensive for
machinery.
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assisted,
microextrusion

Table 2.3 Comparison of Materials Used Within Orthopaedic Tissue Reconstruction

Material

Hydrogels

Polymers

Ceramics

Benefits
High water content/growth media
inclusion  allows  for  cell
encapsulation and growth
Mechanical properties can be
modified through crosslinking
Controlled drug/growth factor
release possible
Ease of patterning via 3D printing
to mimic tissue
microarchitectures

Natural polymers can be derived
from extracellular matrix,
ensuring high biocompatibility
and low toxicity

Biodegradable

Often  contain  biofunctional
molecules on their surface
Synthetic polymers offer
improved control over physical
properties

Osteoconductive and
osteoinductive properties allow
strong integration with host tissue
Similar composition to host bone
mineral content

Can be delivered as granules,
paste or in an injectable format

Potential Limitations
Mechanical properties limit use in load
bearing constructs
Optimising printing conditions for
individual hydrogels can be time
consuming
Physical manipulation of constructs
can be difficult
Loading evenly with cells can be
challenging

Natural polymers generally lack
mechanical properties for load bearing
Pathological impurities such as
endotoxin may be present in natural
polymers

Synthetic  polymers are  often
hydrophobic and lack cell recognition
sites

Hard and brittle when used alone

May display inappropriate
degradation/resorption  rates, with
decline in mechanical properties as a
result
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o Osteoconductive, osteoinductive

Inherent brittleness

Bioactive properties Difficult to tune resorption rate
glasses Manipulation of constructs into 3D
* Adapted into clinical prosthesis shapes to treat specific defects
already challenging
Potential for release of toxic metal
ions
o Biocompatible Superior modulus can lead to stress-
Metals « Superior strength shielding

e Superior mechanical properties
can be advantageous in situations
where slow bone growth likely

Poor biodegradability may result in
further surgery/impairment of tissue
ingrowth

Secondary release of metal ions may

cause local and distal toxicity

2.6 Growing Worldwide Arthroplasty Demand and Prosthetic Joint Infections

Despite the promise and growing scale of biofabrication research, clinical translation remains
limited, and an increasing number of patients with symptomatic arthritis are undergoing total
joint replacement. Following Sir John Charnley’s development of his pioneering total hip
arthroplasty (THA) in 1961, the indications for joint replacement have rapidly expanded, with
life-enhancing surgery now performed on millions of people worldwide each year suffering
from diseased or damaged joints [15, 16, 58, 361-364]. In addition to hip and knee replacement,
shoulder, elbow, and ankle arthroplasties are now available. The total number of patients with
existing arthroplasties in place therefore continues to increase. Increasing demand is expected
to continue, with exponential growth of up to 637% predicted for primary procedures by 2030
[365, 366].While the majority of joint arthroplasties provide pain-free function, a minority of
around 1-2 % of patients will experience the devastating complication of prosthetic joint
infection (PJI), defined as infection involving the joint prosthesis and adjacent tissue. With an
increasing number of joint replacements being performed worldwide, the number of PJIs

continues to increase [367-369]. Management of PJI is directed at removing infection from
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within the joint and restoring function. This often requires complex treatment strategies
including multiple surgical revisions with removal of implants and long-term antimicrobial
treatment. This translates into significant morbidity for patients and even risk of mortality in
cases where PJI results in systemic infection or sepsis developing. The economic impact of PJI
is also significant, with the cost to treat a single PJI up to 6-fold the cost of the primary

implantation [370, 371].

2.6.1 Pathogenesis of PJI and Organisms Commonly Involved

Intra-operative contamination with microorganisms is thought to account for around two thirds
of PJIs [372]. Following surgery, wound infection can also progress to involve the prosthesis,
due to incompletely healed superficial and deep tissue planes. Early infections are often the
result of virulent species such as Staphylococcus aureus, whilst less invasive organisms such
as coagulase-negative staphylococci may present several months or even years after surgery
with subtle signs and symptoms including unexplained joint pain and implant loosening on

radiographs [372].

Unfortunately, following implantation prosthetic joints are also susceptible to haematogenous
seeding of bacteria from distal primary infections. Common primary sources of infection and
related bacteria include skin and soft tissue infections (e.g. Staphylococcus aureus), respiratory
tract infections (e.g. Streptococcus pneumoniae), gastrointestinal infections (e.g. Salmonella,
Bacteroides) and urinary tract infections (e.g. Escherichia coli, Klebsiella, Enterobacter spp.).
The risk of seeding is higher when a patient develops a bacteraemia in the context of a virulent
organism; S. aureus bacteraemia is thought to be associated with a 30 to 40% risk of

hematogenous seeding of in situ arthroplasties [373]. This compares to a reported risk of only
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3 to 10% risk of infection of native joints during S. aureus bacteraemia, highlighting the

susceptibility of prosthetic implants to hematogenous seeding [374-376].

2.6.2 Role of Biofilm in Implant Infections

Central to the pathogenesis of prosthetic joint infection is the formation of bacterial biofilm.
Biofilms can be defined as 3D structured communities of bacterial cells enclosed in a self-
produced polymeric matrix, attached to a solid surface or substratum [377-379] . Nearly all
(99.9%) micro-organisms have the ability to form biofilm, allowing bacteria to adhere and grow
on a wide range of biological and inert surfaces, including joint replacements, heart valves and
a range of native bodily tissues [380, 381]. Within the protective environment of a biofilm,
bacteria increase their tolerance to host immune defences and antibiotics up to 1000%, whilst
their ability to exchange genetic information is also greatly increased [382, 383]. Bacteria in
established biofilms also have low growth rate and can develop resistant subpopulations (so-
called “persisters”). Eradication of infection once biofilm has formed is therefore hugely
challenging, and often leads to chronic infection, requiring surgical removal of implants,
prolonged antimicrobial therapy and can even lead to mortality [384]. The presence of foreign
material such as a joint implant reduces the minimal infecting dose of bacteria such as S.
aureus more than 100,000-fold, as bacteria are able to adhere to the avascular implant surface
with diminished threat from circulating immune cells and antimicrobials [385]. In the United
States of America alone, there are 17 million new biofilm-associated bacterial infections that

lead to estimated health care costs of $94 billion and 550,000 deaths each year [7].

2.6.3 Biofilm Formation

Biofilm formation can be described as a step-wise process, beginning with the irreversible

attachment of bacteria to inanimate and living surfaces (Fig 2.14). Once microorganisms have
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gained access to a joint, they are able to immediately begin adhering to the implant or native
joint surface. Cellular proliferation and cell to cell adhesion occurs, leading to formation of
microcolonies and initial deposition of extracellular matrix containing polysaccharides,
proteins, and/or extracellular DNA. Biofilm composition and level of production can vary
between and even within organism types. Once established, the biofilm undergoes structural
maturation and may develop water-filled channels within the matrix, facilitating nutrient
transport [386]. Gene expression also changes as bacteria communicate through cell-to-cell
signalling in a process known as quorum sensing (QS), altering processes including sporulation,
virulence factor secretion and biofilm formation [387, 388]. Mature biofilm formation takes
around four weeks to occur; during this process, gradual accumulation of waste products and
depletion of resources can occur, causing micro-organisms to enter a slow- or non-growing
(stationary) phase. Eventually regions of the biofilm spontaneously disperse as bacteria
enzymatically dissolve the matrix. Dispersed cells can quickly revert to their planktonic (free
swimming) form to colonise other sites in the body, whilst retaining properties such as

antimicrobial resistance [389].

(D:Reverible attachment

(2:Irreversible adhesion to a substratum
(3):Microcolony formation occurs
(@):Maturation of the biofilm

(5):Biofilm dispersion and bacteria detachment
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Figure 2.14 Biofilm maturation is a complex developmental process involving five stages. 1.
Single free-floating eukaryotic cells land on a surface and begin to attach. 2. Bacterial cells
aggregate and become irreversibly attached to the surface through secretion of an extracellular
polymeric substance (EPS), comprised of sugars, proteins, and nucleic acids like DNA. 3.
Growth and division of bacteria occurs along with secretion of further layers of EPS. 4. The
biofilm matures, developing increasingly complex internal organisation and structure. 5.

Segments of the biofilm disperse, releasing bacteria to undertake further colonization [379].

2.6.4 Diagnosis of PJI

Diagnosis of PJI can be performed using a combination of diagnostic tests and physical
examination. Clinically patients may present with systemic features of an acute infection,
including fever, with localising signs and symptoms also present including joint pain, joint
effusion, erythema, warmth and persistent wound leak or dehiscence. More indolent or chronic
infections may present with subtler signs, such as chronic pain and evidence of implant
loosening on radiographs. However, similar features can be found in the context of aseptic
failure of an implant. More overt features such as a discharging sinus tract or evidence of pus

or a collection around the joint may also be evident [385, 390].

Investigations performed for PJI include blood tests, histopathology, microbiology and imaging
studies. Blood tests such as white blood cell count (WBC), erythrocyte sedimentation rate
(ESR), C-reactive protein (CRP) or procalcitonin (PCT) can all suggest the presence of an acute
infection; however, all lack sufficient sensitivity or specificity to diagnose or exclude PJI, and
in the context of recent surgery are often raised due to post-surgery inflammation [380, 385,

391].
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Joint aspiration is a more targeted investigation, with the sensitivity of synovial fluid culture
from aspirated fluid reported to range from 45% to 75% and a specificity of 95%. However, it
can require up to 14 days incubation to detect some low-virulent and difficult-to-detect
pathogens. Aspiration of deeper joints such as the hip often requires radiological guidance,
whilst aspiration of prosthetic joints should ideally be performed in a sterile environment such
as an operating theatre to reduce risk of iatrogenic introduction of infection into a joint. Further
analysis of synovial fluid leukocyte count and percentage of granulocytes represents a simple
test for PJI, with a cut-off at 2000 leukocytes/ul and 70% granulocytes reported to help
differentiate between PJI and aseptic failure [392, 393]. Synovial fluid can also be analysed for
the presence of Alpha (a))-defensin, an antimicrobial peptide released by activated neutrophils
in response to bacterial infection. Qualitative analysis can be performed of a-defensin using
disposable test kits that provide results within 10 minutes, with reported sensitivity ranging

from 54 to 77% and a high specificity of 99% [394, 395].

In patients requiring surgical debridement, multiple intra-operative tissue samples are usually
taken and sent for culture, with reported sensitivity ranging from 65% to 94% [392, 396].
Further analysis of surgical tissue samples can be performed using histopathology, with the
number of neutrophils visualised on high magnification of samples used to diagnose PJI with
high reported sensitivity and specificity [392, 393]. Contrastingly, superficial wound swabs or
samples taken from sinus tracts are often misleading as they detect superficial colonizing
bacteria rather than the infecting micro-organisms in deeper tissue accessed during surgery.
Implants that are removed during surgery can also be sent for culture alongside tissue samples;
sonication can be performed in water with low-frequency ultrasound waves to detach biofilm
from the implant surface, with the resultant fluid cultured. Sonication fluid can yield a

sensitivity of 79% and a specificity of 99% for the diagnosis of PJI. However, there is potential
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for false-negative results to occur when implants with antibiotic-loaded bone cement are
sonicated, and most modern bone cements are routinely antibiotic-loaded [393, 397, 398]. In
addition to being sent for culture, sonicated and synovial fluid can also be subjected to
polymerase chain reaction (PCR). PCR can identify pathogens in synovial or sonicated fluid
with a high sensitivity (>80%) and (90%) specificity in patients on antibiotics. However,
limitations include high costs and susceptibility to contamination [385, 399, 400]. Testing
synovial fluid for the presence of leucocyte esterase offers a further point-of-care test with high
sensitivity (>80%) and (>90%) specificity for PJI. However, nearly 30% of test strips in one

study were unreadable due to blood, debris, or provided indeterminate results [401, 402].

Imaging of the affected joint can also help support a diagnosis of PJI, although is rarely a
definitive test. Plain radiographs are neither sensitive nor specific but can detect established
features of PJI including periprosthetic lucency, effusion, adjacent soft tissue gas or fluid
collection, or new periosteal bone formation [403]. More advanced imaging modalities such as
CT and MRI allow evaluation of periprosthetic tissues for signs of infection and produce more
detailed images than plain radiographs. However, imaging artefact can occur in the presence of
metal implants and evaluation of bony structures is often sufficient on plain radiographs.
Nuclear medicine (NM) imaging techniques can also be utilised; three-phase bone scintigraphy
is perhaps the most widely used NM imaging technique. Three-phase bone scintigraphy relies
upon uptake of a radioactive isotope-labelled compound such as technetium-99m (**™Tc) into
bone. The labelled ®™Tc accumulates in areas of high metabolic activity and emits gamma rays
that can be detected by a gamma camera. However, the technique lacks specificity as

asymptomatic patients frequently have uptake detected by imaging in the early years after
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surgery [404]. Overall, it serves to help rule out infection rather than definitively diagnose PJI,

and is therefore of more limited clinical utility [404].

2.6.5 Limitations of Current Techniques of Diagnosis

Despite the range of modalities available for investigating PJI, the gold standard for PJI
diagnosis remains culture of periprosthetic tissue or synovial fluid. Bloods tests, imaging
modalities and analysis techniques previously discussed suffer from limitations in investigating
PJI including lack of specificity, high cost, limited availability, patient exposure to radiation
and susceptibility to contamination. Unfortunately, up to 20% of patients develop culture-
negative PJI with no bacterial diagnosis reached, even with synovial fluid culture and sampling
of periprosthetic tissue. This makes elimination of infection and use of appropriately targeted
antimicrobials more challenging and can lead to increased morbidity and mortality for patients
[385, 394, 405-407]. Demand for a novel technique to diagnose PJI therefore exists; a cost-
effective test that could non-invasively diagnose PJI due to specific bacteria in a rapid and
reproducible manner at the bedside or clinic would represent a major step forward in PJI

diagnostics.

2.6.6 Raman Spectroscopy — A Potential Novel Option for Diagnosis?

Raman spectroscopy is a molecular spectroscopic technique that utilizes the interaction of light
with matter to gain insight into the chemical make-up of compounds. Raman can probe the
chemical composition of materials and detect vibrational, rotational, and other states in a
molecular system. Detection of bacterial species and bacterial biofilms in samples has already
been demonstrated using Raman technology [408-410] . In brief, Raman spectroscopy works
by shining a monochromatic light source onto a sample and detecting the scattered light. Most
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scattered light is at the same frequency as the excitation source; however, a small amount of the
scattered light shifts in energy from the input laser frequency because of interactions between
the incident electromagnetic waves and the vibrational energy levels of the molecules in the
sample. Plotting the intensity of the shifted light against the frequency produces a Raman
spectrum of the sample [411-413]. Unfortunately, very weak signal is generated using
conventional Raman spectroscopy as very few incident electromagnetic waves, or photons,
undergo a Raman shift. Alternative techniques have been developed to enhance signal,
including Surface enhanced Raman spectroscopy (SERS) and Spatially offset Raman
spectroscopy (SORS), that can generate signal intensities 10'° to 10** magnitude greater than
conventional Raman [414]. Spatially offset Raman spectroscopy (SORS) is a technique that
allows Raman signals to be obtained at depth by offsetting the point of collection of the
scattered light from the laser-illumination, allowing highly accurate chemical analysis beneath
obscuring barriers [415, 416]. Surface enhanced Raman scattering (SERS) also allows
enhancement of several orders of magnitude of Raman signal by modifying the surface upon
which an analyte material is to be placed. When a molecule is adsorbed onto a metal NP surface,
enhancement in scattering of the molecularly specific Raman reporter is observed, allowing
greatly enhanced signal detection [415, 417]. SERS has already been applied by by Haisch et,al.
to perform chemical analysis of a biofilm matrix using SERS-active silver nanoparticles [418].
Surface enhanced Raman scattering with spatially offset Raman spectroscopy (SESORS)
combines the benefits of SORs and SERs to achieve even greater interrogation of samples at
depth [419]. Raman has the clinical benefit of being a potential non-invasive test, avoids use of
ionizing radiation and has already shown potential for detection of different bacteria and related
biofilm [408-410]. Successfully applying it to aid the novel diagnosis of PJI could therefore be

of great clinical benefit.
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2.6.7 Current Methods of Antimicrobial Sensitivity Testing (AST) and Related

Limitations in Biofilm Infections

Following successful diagnosis of an infecting organism, it is important to determine the
effectiveness of any planned antimicrobial therapy. Whilst the effectiveness of antimicrobial
therapy can be predicted once the infecting organism is known, the presence of resistance can
confound “best guess” treatment plans. The minimum inhibitory concentration (MIC) of
antimicrobial agents (defined as the lowest concentration of an antimicrobial agent at which
visible bacterial growth is inhibited after overnight incubation) is frequently calculated during
AST to assess antimicrobial efficacy and bacterial resistance [10]. Methods to determine the
MIC based on 2D planktonic cultures of bacteria are well established [11]. However,
determining the minimal biofilm eradicating concentration (MBEC) in biofilm infections is
much more challenging. This is primarily because in vivo biofilm formation is 3D in
architecture, which differs to most currently available laboratory models that tend to involve
2D biofilm culture [12-14]. AST of planktonic bacteria therefore tends to give misleading
results that do not necessarily reflect the increased antimicrobial tolerance of bacteria living in
a 3D biofilm [15, 16]. This has significant clinical implications; for example, antimicrobial
agents are usually chosen on the basis of their efficacy against 2D planktonic cultures which
are more sensitive to treatment than 3D biofilms. Clinically this is well demonstrated by cystic
fibrosis patients, where treatment of P.aeruginosa infection with antibiotics originally
developed against planktonic cultures often becomes ineffective once biofilm formation occurs
[15]. To develop novel antimicrobials capable of disrupting biofilm formation and resistance in
future, 3D in vitro biofilm models more representative of clinical infection are therefore

required.
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2.6.8 Potential Role for A Novel 3D Biofilm Model

Frequently used 2D biofilm culture methods attempt to simulate the in vivo environment by
focusing on replicating selected parameters including nutrients and, importantly, fluid flow
including drip flow [16], rotating disk [17], microfluidics [18], and flow chamber architecture
[19]. Unfortunately, none of these methods mimic the complexity of the 3D microenvironment
and host defense mechanisms [20] and are unable to produce biofilm thicknesses beyond 100
um [21, 22]. In contrast to the current in vitro models, in vivo biofilms can grow beyond 1000
pum in size and are often found embedded within a host’s extracellular matrix, leading to
interactions with the host immune system which can further alter biofilm morphology and size

1, 23].

3D bioprinting has developed rapidly as a technique that can deposit living cells and
biomaterials in user-defined patterns to build complex tissue constructs “from the bottom up”
[24-27]. While there are elegant approaches on 3D bioprinting bacteria and their aggregates
[28-32], there has been no report on demonstrating the formation of mature bacteria biofilms.
However, the capacity to reliably and reproducibly 3D bioprint bacterial biofilms have several
potential benefits. Embedded bacteria have been shown to have increased metabolic activity,
antimicrobial resistance (AMR) and plasmid stability compared to bacteria grown in 2D [32,
33]. 3D bioprinted bacterial biofilms therefore could potentially mirror in vivo bacterial growth
and behavior more closely than traditional 2D models, increasing the potential to investigate
critical bacterial processes including QS and antimicrobial biofilm penetration [34, 35]. 3D
bioprinting also increases the potential to produce biofilm constructs with predesigned
dimensions, with a high degree of control possible over biofilm thickness and dimensions.
Other benefits of 3D bioprinting biofilm include the potential creation of microbial fuel cells

[35], biosensors [36] and biotechnological applications [37-39].
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2.7 Summary and Research Aims

The overall aim of this thesis is to utilise a 3D biofabrication approach to study two pressing
areas within clinical orthopaedics; the regeneration and reconstruction of osteochondral
tissue, and the study and treatment of bacterial biofilms that aid infection of joint

replacements and propagation of antimicrobial resistance.

On reviewing currently available osteochondral biofabrication methods it is apparent that
several ongoing challenges exist. The high-water content of hydrogels that are commonly
used can have mixed benefits; whilst allowing replication of the hydrated native ECM, they
often display poor mechanical properties [245, 281, 282]. To enable high resolution and
consistent bioprinting, soft hydrogels must therefore be engineered to combine properties
including rapid gelation, shear-thinning and minimal post-printing swell with mechanical
stability within culture conditions [72, 73]. To this end, focus will be placed on developing a
composite bioink targeting osteochondral defect repair capable of fusing mechanical stability
within culture with the biocompatibility often provided by lower-viscosity, naturally derived
hydrogels [164, 283-286]. To enhance the complexity and scale of constructs biofabricated
using our composite bioink, techniques such as FRESH bioprinting (Fig. 2.8.B) will also be
examined. FRESH bioprinting allows post-bioprinting crosslinking to be performed within a
temporary gelatin support matrix, and thus minimises the mechanical properties that bioinks
must possess prior to bioprinting. Development of a hydrogel that can undergo combined
methods of crosslinking (including UV and ionic crosslinking) will also be explored, to
enhance the stability of hydrogel constructs post-bioprinting. A final aim will be to apply our

composite bioink in an injectable format to aid treatment of osteochondral defects in vitro.
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Focussing on investigation of AMR, a key aim of this thesis will be to biofabricate clinically
relevant 3D bacterial biofilms that facilitate investigation of biofilm growth, antimicrobial
treatment and joint infection detection. It is hoped that some of the approaches that are
developed in our attempts at biofabrication of osteochondral tissue can also be translated to aid
successful 3D bioprinting of bacteria. Previous literature has developed elegant approaches to
3D bioprinting bacteria, often using alginate bioinks, without demonstrating mature biofilm
formation [28-32]. By developing a novel bacterial bioink with optimised crosslinking and
therefore enhanced stability in culture, we hope to demonstrate formation of mature 3D

bioprinted bacterial biofilms and then investigate 3D biofilms further.
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3 Materials and Methods

3.1 Biofabrication for Osteochondral Regeneration

3.1.1 Mesenchymal Stem Cell Culture
Human bone marrow derived mesenchymal stem cells (hnBMMSCs) were commercially
sourced (Donor ID — 28940, Lot No - 0000483199, Date Cryopreserved - 10th June 2015,

Lonza) at passage 3. Cells were initially seeded at a density of 5,000 cells per cm?in tissue
culture flasks and maintained in Dulbecco's Modified Eagle Medium (Gibco™ DMEM, low
glucose, GlutaMAX™ Supplement, pyruvate) supplemented with 10% fetal bovine serum
(FBS)and 1 mg/mL penicillin and 1 U/mL streptomycin (Life Technologies, Paisley,

UK). hBMMSCs were incubated in 36.0-37.5°C, 5.0£0.5% CO; and 90% humidity with

medium changed every 3 days. At near 90 percent confluency, cells were passaged. hBMMSCs

were harvested between passage number 3 and 7 for use in experiments in this thesis.

3.1.2 Osteogenic Differentiation of Mesenchymal Stem Cells

Osteogenic media was prepared from commercial osteogenic basal medium (Lonza, Slough,
UK) supplemented with hMSC osteogenic SingleQuots™ (Lonza, Slough, UK) which
consisted of growth factors and supplements (dexamethasone, ascorbate, mesenchymal cell
growth supplement (MCGYS), L-glutamine, penicillin/streptomycin, b-
glycerophosphate). Tissue culture flasks were seeded with 3.1 x 102hBMMSCs per cm?, with
0.3ml of temperature equilibrated low-glucose D-MEM containing 10% FBS and 1%

Penicillin-Streptomycin also added per cm?of tissue culture area (Life Technologies, Paisley,
UK). Cells were allowed to adhere tothe tissue culture area for 24 hours before the

supplemented DMEM was replaced with osteogenesis induction medium. Osteogenesis media
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was replaced every 3-4 days for 3 weeks. Control hBMMSCs were fed with supplemented low-

glucose DMEM on the same schedule.

3.1.3 Adipose Derived Stem Cell Culture

Adipose-Derived Stem Cells (ADSCs) were received from University of Glasgow Centre for
Cell Engineering. ADSCs were initially seeded at a density of 5 000 cells per cm? in tissue
culture flasks and cultured in Alpha Minimum Essential Medium (Gibco™ MEM a, no
nucleosides) supplemented with 10% FBS and 1% penicillin/streptomycin (Life Technologies,
Paisley, UK). ADSCs were incubated at 37°C, 5% CO, and 90% humidity with medium
changed every 3-4 days. At near 90 percent confluency, cells were passaged. ADSCs were

harvested between passage number 3 and 7 for use in experiments in this thesis.

3.1.4 Human Chondrocyte Culture

Primary human chondrocytes (HCs) isolated from normal human hip and knee joint articular
cartilage were commercially sourced at passage 2 (product number C-12710, lot number
4457012.3, PromCell, Germany). HCs were initially seeded at a density of 10 000 cells per cm?
in tissue culture flasks and cultured in chondrocyte growth medium (product number C-27101,
PromoCell, Germany) supplemented with 1% penicillin/streptomycin (Life Technologies,
Paisley, UK). HCs were incubated at 36.0-37.5°C, 5.0+0.5% CO; and 90% humidity with
medium changed every 2 -3 days. At near 90 percent confluency, cells were passaged. HCs

were harvested between passage number 3 and 7 for use in experiments in this thesis.

3.1.5 Spheroid Creation
Cell spheroids were created from hBMMSCs, ADSCs and HCs using a methodology adapted
from Dhalmann et al. [1]. The following technique allowed the micro-structure present on the

bottom surface of an Aggrewell™ 400Ex micro-well plate (Stem Cell Technologies, Grenoble,
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France) to be replicated onto an agarose mould. Cells were then seeded onto the agarose micro-

well mould and allowed to mature into spheroid bodies.

3.1.5.1 Creation of Silicon Masters

Silicone masters were generated by a soft lithography method, producing templates with a
defined pattern that would allow the subsequent production of agarose micro-wells (Fig.
3.1). Commercially available AggreWell 400 Ex 6-well plates (Stem Cell Technologies,
Grenoble, France) were used as template. Each well contained a structured PDMS surface with
an array of approximately 4700 inverse-pyramidal microwells. Approximately 15 mL of
1:1 mixed addition-curing duplicating silicone with hydrophilic properties (Hydrosil A & B
from Siladent, Goslar, Germany) was mixed and decanted into each well. Trapped air was
removed from liquid silicone by centrifugation at 55g for 30 s using an Eppendorf 5810R cell
culture centrifuge with a swing bucket rotor (Hamburg, Germany). Centrifugation also
promoted interdigitation of the curing silicon with the inverse pyramidal microwells. After
curing for approximately 20 minutes, the resulting solidified silicon master was carefully
released from the Aggrewells 6-well plate (Fig. 3.1 A). Reusable silicone masters were washed
thoroughly with cell culture grade water, heat sterilized (autoclaved for 20 min at 121°C), and

air dried in a sterile laminar flow hood prior to each experiment.

3.1.5.2 Creation of Agarose Microwells

As anon cell-adhesive substrate, 3 % (w/v) agarose powder (NEEO ultra quality, Roth,
Karlsruhe, Germany) was dissolved by boiling in DMEM (DMEM, low glucose, Life
Technologies, Paisley, UK), avoiding water evaporation. Liquid agarose/DMEM was directly
filter-sterilized (0.2 um pore size, Corning® syringe filters) and cooled

to approximately 65°C. Liquid agarose/DMEM was then aliquoted into 6-well plates
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(Corning® Costar® TC-Treated Multiple Well Plates, Life Technologies, Paisley, UK) using
5 mL/well. The structured surface of a sterilized silicon master was carefully placed on top of
the liquid agarose-DMEM, and silicone masters allowed to sink down. 6-wells were partially
immersed in ice water to aid agarose solidification (Fig. 3.1 B). After agarose solidification and
silicon master removal, resulting agarose microwell plates, i.e. mirror-inverted patterned
agarose-DMEM surfaces, were equilibrated for 12 h or overnight within the appropriate cell

culture medium at 37° prior to any cell culture (Fig. 3.1C).

3.1.5.3 Seeding Agarose-DMEM Microwells with Cells

hBMMSCs, ADSCs or HCs were harvested and resuspended to get a final concentration of
4.7x10° cells/ml in relevant cell media (low glucose DMEM, MEM a or chondrocyte growth
media depending on cell type). 1ml of cell suspension was aliquoted into each well of a 6 well
plate. The resulting seeding density was calculated as 100 cells and 0.2 pl medium per
microwell. Plates were incubated for up to 3 days at 36.0-37.5°C, 5.0 £ 0.5% CO> and 90%
without medium change. On day 3, spheroids were detached from the agarose surface by gentle
tapping and collected in the centre of the dish by slow orbital movements. For harvesting, a
lateral part of agarose-DMEM was cut away using a sterile scalpel, and spheroids were

washed into the resulting gap and aspirated using a 1ml pipette.
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(A) Creation of Siliconc Masters (B) Creation of Agarose Microwells (C) Spheroid Body Development

Structured surface on

bottom of Aggrewell'™

plate Liquid agarose DMEM
dispensed into 6-well

\

Agarose wells seeded
with cells (A), and
cells allowed to
mature over 24 (B), 48
(C) and 72 hours (D).
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Figure 3.1 Formation of spheroids using microwells. (A) Hydrophilic silicone is cast
onto the structured bottom surface of an Aggrewell™ plate and centrifuged to release
bubbles. Once set, silicone master is peeled off. (B) 3% (w/v) agarose solution is
aliquoted onto the bottom of a 6-well plate. A sterilised silicone master was placed on
top of Agarose solution and 3% (w/v) agarose solution was left to solidify and silicone
master is peeled off, leaving a mirror inverted patterned agarose surface. (C) Agarose

wells are equilibrated with cell culture media, seeded with a calculated density of cells,
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and centrifuged to force cells to settle into the wells. Spherical aggregates are then

harvested from the culture wells at around 72 hours incubation.

3.1.6 3D printing system

A commercially sourced FDM-based 3D printing system (Stealth-330 model by ROKIT, South
Korea) was used to print thermoplastic polymer scaffolds from substrates including PCL and
PLA (Fig. 3.2). The FDM printer had a build size of 290 x 180 x 260 mm, a high efficiency
particulate air (HEPA) and activated carbon filter, a metal 0.4 mm-diameter nozzle and a 40 x

30 cm printing bed with a maximum print layer resolution of 25 um.

3.1.7 Design and 3D Printing of Biocompatible Thermoplastic Scaffolds Using Polylactic
Acid (PLA) and Polycaprolactone (PCL)

Scaffolds with varying porosity and dimensions were designed using Autodesk® Netfabb®
software (Autodesk®, Inc, USA) and exported as a Standard Tessellation Language (STL) file.
Open-source slicer software (NewCreatorK slicing software, 3EDISON, South Korea) was
then used to load the STL files and generate G-code files; G-code is a form of numerical control
(NC) programming language that can control the actions of automated machines including 3D
printers. A built-in USB port on the 3D printer allowed upload of G-codes files. Alteration of
the G-code allowed 3D printing parameters including layer thickness, infill pattern, infill

density, print speed and extrusion multiplier to be carefully selected and optimised.

A range of structures were printed with PCL and PLA to optimize print settings; a range of print
speeds, layer heights, structure infills and temperatures were trialled for PCL and PLA. Larger
structures including proximal tibia and knee replacement inserts were printed from
anatomically accurate CAD models (Fig. 3.2 D) with reliable and repeatable print settings
found; this permitted gradually larger scale models to be fabricated (Fig. 3.2 E).
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For printing PCL, optimum print results were found with the nozzle temperature set to 170°C
and the print bed temperature to 45° C. The printing speed was adjusted to 40 mm/s,
the filament input flow to 60%, model fill density to 90% and finally, the layer height to
0.1 mm. For printing PLA, nozzle temperature was set to 230°C and the print bed temperature
to 85° C, with all other settings kept constant. PCL filament was used with >99% purity
and 1.145 g/cm3density (3D4Makers, Haarlem,  Netherlands). PLA filament was used
with >99% purity and 1.25 g/cm*density (3D4Makers, Haarlem, Netherlands). The filament
was fed into the 3D printer and the scaffolds were printed under non-sterile conditions.

Scaffolds with a range of pore sizes were successfully printed from PLA and PCL (Fig. 3.2 C).
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Figure 3.2 Optimising FDM 3D printing. (A) ROKIT Stealth 3000 3D printer during motion.
(B) Close up of print bed during PCL scaffold printing. (C) example of PCL scaffold produced
by ROKIT. (D) CAD model of proximal tibia knee replacement component. (E) 3D printed

proximal tibia and knee replacement produced from CAD model using PLA. Scale bar = 1cm

3.1.8 Scaffold Surface Treatment with Sodium Hydroxide (NaOH)

PCL scaffolds were immersed in NaOH in an attempt to improve surface hydrophilicity.
Initially, two incubation time points (1, 4 h) and two different concentrations of NaOH (Sigma-
Aldrich) (1 and 4 M) were examined. 3D printed scaffolds were immersed in NaOH solution
and placed on an orbital shaker (70 RPM) at room temperature for the desired immersion time.
Following this, the treated PCL scaffolds were washed three times in deionised (DI) water and
soaked in DI water overnight. Before cell seeding, the scaffolds were sterilized by soaking in

70% ETOH for 30 min and washed extensively with PBS.

3.1.9 Bioprinting Systems

For printing hydrogels, two different extrusion-based systems were utilized. Both bioprinters
produced 3D constructs by coordinating the motion of a syringe dispenser. The dispenser
deposits extrudate consisting of cell-containing hydrogel, or bioink, on a stationary Z-platform.
As successive layers of extrudate are deposited, the z-platform moves downwards allowing

structures to be bioprinted from the bottom up, layer-by-layer.

In initial work a commercially sourced, pneumatic micro-extrusion based system was used
(Inkredible 3D Bioprinter, Cellink, Sweden). The Inkredible has 2 pneumatic-based extrusion
printheads with adjustable print nozzle diameters, a UV LED curing system (365 or 405 nm),
build volume of 130 x 80 x 50 mm, print layer resolution of 100 um and adjustable print

pressure ranging from 5 to 400 kPa (Fig 3.3).
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A three-axis (X-Y-Z), single nozzle 3D extrusion bioprinter was subsequently developed in our
lab (Fig 3.4). This system utilises a mechanically driven print syringe to produce micro-
extrusion through adjustable print nozzle diameters. This contrasts with the pneumatic pressure

used to drive the syringe in the Inkredible bioprinter.

Bioprinting designs with varying porosity and dimensions were created using Autodesk®
Netfabb® software (Autodesk®, Inc, USA) and exported as an STL file. Open-source slicer
software (Slic3r software version 1.2.9, Rome, Italy) was used. This allowed print settings
including layer thickness, infill pattern, infill density, print speed and extrusion multiplier to be
carefully selected and adjusted prior to printing different hydrogel bioinks. Prior to usage the
bioprinters were sterilized via 30 mins UV exposure and thoroughly wiped down with 70%
ethanol. Sterility was maintained during bioprinting by placing the bioprinter in a laminar flow
cabinet. Sterile 5ml leur-lock syringes containing bioink were attached to 25 gauge, 0.5inch
long, standard blunt needles or 30 gauge, 1.25 inch long, standard blunt needles
(Thermofischer,UK) and loaded into the bioprinter, allowing bioprinting onto sterile culture

plates to occur.
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Figure 3.3 (A) Schematic of pneumatic extrusion (B) and commercially sourced Inkredible

bioprinting system which uses pneumatic extrusion.
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Figure 3.4 (A) Schematic of mechanical extrusion system and (B) custom-built mechanical extrusion

bioprinter.

3.1.10 Biofabrication Techniques to Support Construct Development Post-Printing

Three main techniques were utilised with different hydrogels in this thesis to support hydrogel
constructs prior to crosslinking. The FRESH technique, use of sacrificial hydrogel and hydrogel
moulding were all used in combination with different hydrogels and crosslinking processes to

produce cellular constructs.

3.1.10.1 Freeform Reversible Embedding of Suspended Hydrogels (FRESH)
Method

Biomaterials such as collagen and alginate often lack sufficient viscosity to retain shape
following bioprinting without further crosslinking or structural support being provided. The

FRESH method, which stands for freeform reversible embedding of suspended hydrogels,
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allows for biofabrication of complex designs with low viscosity, soft biomaterials [2].
Biomaterials such as alginate and collagen can be printed into complex geometries within a
gelatin slurry support bath, which supports the hydrogels and allows them to retain print
morphology as they are deposited. Once bioprinting is finished, the support bath that surrounds
the deposited alginate can be removed through exposure to warmed calcium chloride (CaCly)
or phosphate buffered solution (PBS) solution. This melts away the gelatin slurry surrounding
the deposited hydrogel, whilst simultaneously thermally or ionically crosslinking the bioprinted

alginate or collagen, leaving behind a cross-linked 3D structure (Fig. 3.5).

3.1.10.11 Gelatin Slurry Preparation

A glass mason jar containing 250ml deionized water was pre-heated to 45°C. The water was
then mixed with 10g gelatin (Type A, Thermo Fisher Scientific) and 0.4g CaCl, (Sigma-
Aldrich). The solution was mixed on a hot plate with a stir bar at 40°C until the gelatin fully
dissolved. The solution was then gelled for 12 hours at 4°C in a 500-ml mason jar (Ball Inc,
USA). A solution of 1L 0.16 wt% CacCl, (Sigma-Aldrich) was also made and placed in the

refrigerator.

3.1.10.1.2 Blending Gelatin

The mason jar containing gelled gelatin was removed from the refrigerator and filled to the
brim with 250 ml of 0.16 wt% CaCl, at 4°C. This ensured as little air as possible was trapped
within the mason jar, prior to it being attached to a consumer-grade blender (Oster® Heritage
Blend™ 400 Blender, USA). The mason jar contents were then blended (at “pulse” speed) for
a period of90s. After blending, the gelatin solution was pipettable and not
overly viscous/gelatinous. The blended gelatin slurry was loaded into 50-ml conical tubes and

centrifuged at 4200 rpm for 2 min, causing slurry particles to settle out of suspension. The
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supernatant was removed and replaced with 0.16 wt% CaCl,at 4°C. The slurry
was then vortexed back into suspension and centrifuged again. This process was repeated until
no bubbles were observed at the top of the supernatant, which indicated that most of the soluble
gelatin was removed. At this point, gelatin slurries could be stored at 4°C. For FRESH
bioprinting, the slurry was poured into a petri dish or a container large enough to hold the object
to be printed. Any excess fluid was removed from the gelatin slurry support bath using
Kimwipes (Kimberly-Clark), which produced a slurry material that behaved like a Bingham

plastic. All 3D bioprinting was performed using gelatin blended for 90s.

3.1.10.1.3 FRESH Bioprinting
Alginate or collagen-based bioinks were extrusion bioprinted directly into the prepared gelatin

slurry using the following bioprinting settings:

25G straight print needle; layer thickness, 0.1 mm; infill pattern, rectilinear; infill density, 25%;

speed, 20 mm/s; extrusion multiplier 0.7.

During bioprinting, a warm (40-50°C) 1% w/v CaCl, bath was set up. The container of the
bath was larger than the petri-dish containing gelatin slurry, allowing full submersion of
the slurry following FRESH printing to be performed. Exposing the bioprint within a slurry to
a high concentration of CaCl,caused simultaneous crosslinking of the alginate and melting of
the gelatin slurry. Melted slurry could then be pipetted away, and bioprinted constructs removed

and placed in culture.
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Figure 3.5 Freeform reversible embedding of suspended hydrogels (FRESH) method.
Extrusion bioprinting occurs into a gelatin slurry support bath that behaves as a Bingham
plastic. At high print speed, the extruding print needle is able to pass through the slurry with
minimal resistance. However, once extruded, bioink is held in place by the surrounding slurry.
By exposing the slurry to warmed solution such as calcium chloride, simultaneous crosslinking
of extruded bioink and melting of the gelatin slurry is achieved, releasing a crosslinked

structure.

3.1.10.2 Sacrificial Ink — Pluronic F-127

The co-polymer Pluronic® F-127 was used to provide temporary support to mechanically
weaker hydrogels including alginate and collagen prior to crosslinking [3]. As previously
described F-127 printed at room temperature as a hydrogel can be triggered to undergo a sol-
gel transition through a reduction in temperature to 4° [3-5]. It is therefore well suited to being

printed as a supporting structure around less viscous hydrogels such as collagen.

Concentrations of Pluronic® F-127(Sigma-Aldrich, UK) ranging from 20% to 40% wt% were
prepared by dissolving F-127 in deionized distilled water (ddH,0). This was performed by
adding F-127 powder stepwise to ddH>O in a glass beaker with a stir bar. The solidified paste
that developed was then cooled to 4°C so that it became a liquid, with subsequent filtering

performed (0.45 pum pore size, Corning® syringe filters) prior to any cell printing. Supporting
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pluronic structures were then bioprinted at room temperature (Fig. 3.6 A) using the following

settings:

Inkredble bioprinter: 25G straight print needle; layer thickness, 0.2 mm; infill pattern,
rectilinear; infill density, 25%; speed, 10 mm/s; extrusion multiplier 1.0; pneumatic pressure

70 kPa; printed at room temperature.

Custom bioprinter: 25G straight print needle; layer thickness, 0.2 mm; infill pattern, rectilinear;

infill density, 25%; speed, 10 mm/s; extrusion multiplier 1.0; printed at room temperature.

This allowed collagen or alginate-based bioinks to be 3D bioprinted or pipetted inside the
supporting pluronic structure (Fig. 3.6 B). Once UV, thermal or ionic crosslinking of deposited
collagen or alginate-based bioink was performed to increase stability (Fig. 3.6 C), cooling was
performed of the structure for 30 minutes in a refrigerator at 4°C to trigger liquefication of the
surrounding F-127 structure, leaving behind a cross-linked construct [6]. F-127 was then
pipetted away as a liquid and the construct washed x 3 with PBS prior to incubation in culture

media.
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Figure 3.6 Use of sacrificial F-127 to mould hydrogels. (A) An initial supporting F-127
structure is bioprinted. (B) Alginate or collagen-based hydrogel is pipetted or bioprinted inside
the surrounding F-127 structure (C) Crosslinking of the collagen (via thermal and/or UV
crosslinking) or alginate (via ionic and/or UV crosslinking) is performed (D) The surrounding

F-127 is removed by cooling to 4°C, leaving behind a 3D construct. Scale bar represents 1 cm.

3.1.10.3 Preparation of Agarose Moulds Using PLA Inverse
To allow reproducible and precise moulding of hydrogels into 3D constructs in vitro, a soft
lithography technique was developed incorporating the use of 3D printed PLA stamps and

agarose substrate (Fig. 3.7). As anon-cell-adhesive substrate, 3 % (w/v) agarose powder
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(NEEO ultra quality, Roth, Karlsruhe, Germany) was dissolved by boiling in ddH20O. Liquid
agarose was then aliquoted into 6-well plates (Corning® Costar® TC-Treated Multiple Well
Plates, Life Technologies, Paisley, UK) using 2 mL/well. 3D printed stamp designs were
produced using PLA (using printing settings detailed in Section 3.1.7), sterilised through
submersion in 70% EtOH and allowed to dry within an aseptic environment (Bassaire Class |
hood). 3D printed stamps were then carefully placed on top of liquid agarose within the culture
wells and allowed to sink down, so that the agarose fully surrounded the stamp design, and the
agarose was allowed to cure at 4°C. After agarose solidification and PLA stamp removal,
resulting agarose moulds were equilibrated for 12 h or overnight within the appropriate cell
culture medium at 37 Cprior to any cell culture. Bioinks produced from alginate or collagen

could then be deposited in the moulds, crosslinked in situ and then removed as 3D structures.
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Figure 3.7 Use of agarose and PLA stamps to mould hydrogels. (A) 3D printed PLA stamps
(B) Stamps inserted into agarose (C) Removal of stamps from agarose after agarose has cured
creates inverse of stamp design in agarose substrate (D) Hydrogel deposited into agarose mould
in regions where stamps were previously inserted, leading to creation of hydrogel discs of

desired size. Scale bars represent 1cm.

3.1.11 Individual Hydrogel Preparations and Bioprinting Parameters

The procedure for preparing each bioink used in this thesis and the bioprinting settings used for
each bioink are detailed in the following section.

3.1.111 Addition of Cellular Content to Bioinks

To produce a bioink with a homogenous, high density of ADSCs, hBMMSCs or HCs, a cell

pellet was first prepared through centrifugation of passaged cells at 300G for 5 mins. The pellet
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was then pipetted back and forth in 0.5ml of hydrogel, and then aspirated into a 5ml syringe.
Connection to a further 5ml syringe containing 0.5ml of chosen hydrogel allowed repeated,
gentle syringe mixing back and forth to occur via a three-way tap, producing 1ml of hydrogel
in total with a homogenous cellular content (Fig. 3.8). The bioink was then vortexed for no

more than 15s to further homogenize the suspension prior to bioprinting.

3.1.11.2 Protanal Alginate Hydrogel Preparation and CaCl. Crosslinking

Powdered Protanal (Protanal LF 10/60 FT, 89.00 g/mol, FMC Biopolymers Girvan, UK) was
dissolved in ddH.O through use of a magnetic stirrer to produce alginate stock solutions with a
range of wt% concentrations (1%, 2%, 3% & 4%). CaCl, (Sigma- Aldrich) solutions with a
range of wt% concentrations (0.1%, 0.2%, 0.3% & 0.4%) were prepared through dissolution in
ddH20. Alginate and CacCl, solutions were sterilised using a 0.2 um pore size syringe
filter (Corning®, Sigma-Aldrich) within an aseptic environment (Bassaire Class | hood). Equal
volumes of alginate and CaCl,solution were then aspirated into separate 5ml leur-lock syringes,
the syringes connected via a three way tap to form a closed system, and direct mixing back and
forth performed repeatedly between the syringes (Fig. 3.8). This allowed homogenous mixing
of Protanal and CaCl, solutions, leading to uniform CacCl, crosslinking of Protanal occurring.
Crosslinking was performed to improve the printability of the alginate compared to non-

crosslinked alginate.
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Figure 3.8 5ml syringes containing Protanal and CaCl> solutions connected via a three-way
tap. Repeated mixing between the syringes allows a homogenous mixture to be produced,

leading to uniform CacCl; crosslinking.

3.1.11.3 Bioprinting Settings for CaCl.-Crosslinked Protanal
Bioprinting of different Protanal hydrogels was performed using the following bioprinting
settings: 25G straight print needle; layer thickness, 0.1 mm; infill pattern, rectilinear; infill

density, 25%; speed, 20 mm/s; extrusion multiplier 0.7; pneumatic pressure 70 kPa.

3.1.114 Sodium Alginate Preparation

Sodium alginate (Sigma Aldrich, UK) hydrogel was prepared through dissolution at 2% w/v in
sterile, deionised water using a magnetic stirring plate. Sterilisation of the hydrogel was then
performed by passing it through a 0.2 um syringe filter (Corning® filters, Sigma Aldrich, UK).
To produce an alginate hydrogel with a homogenous distribution of a chosen cell type, a cell
pellet of a chosen cell type was first pipetted back and forth in 0.5ml of alginate, and then

aspirated into a 5ml syringe. Connection to a further 5ml syringe containing 0.5ml of alginate
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hydrogel allowed repeated, gentle syringe mixing back and forth to occur, producing 1ml of

hydrogel in total, with a cell density of approximately 1 x cell pellet content/ml.

3.1.115 Sodium Alginate Bioprinting Settings
Bioprinting using alginate 2% w/v was performed using the following settings: FRESH
bioprinting; 30G straight print needle; layer thickness, 0.06 mm:; infill pattern, rectilinear; infill

density, 25%; speed, 20 mm/s; extrusion multiplier 0.6.

3.1.11.6 Methacrylated alginate (AlgMA) and Photoinitiator (Irgacure®2959)
Hydrogel Preparation

Protanal (FMC Biopolymer) was methacrylated at a maximum degree of methacrylation in a
collaborating laboratory (Soochow University, Suzhou, China) using previously described
chemical functionalization techniques [7-10]. Briefly, this involved dissolution of Protanal
(FMC Biopolymer) in ddH20 to produce a 2 % (w/v) Protanal solution. The Protanal solution
was adjusted to pH 8 by adding 0.5 M NaOH solution. Methacrylic anhydride (Sigma, St. Louis,
MO) at 20-fold excess was added to the alginate solution slowly at 4°C and the pH periodically
adjusted to 8 using NaOH. The solution was allowed to react for 24 hours at 4°C. The modified
alginate was purified via dialysis against sterile water (Sigma Aldrich) for 48 hours to remove
excess methacrylic anhydride before the final AIgMA product was recovered through
lyophilization. A hydrogel for bioprinting was then produced by dissolving AlgMA (0.2 g) and
0.5% wt of the photoinitiator 1-[4-(2-hydroxyethoxy) phenyl]-2-hydroxy-2-methyl-1-propan-
1-one (Irgacure®2959) (Sigma Aldrich) in ddH20 (10 ml) with the aid of a magnetic stirring
plate. Care was taken to avoid light exposure to the solution during preparation by covering the

mixing beaker with tin foil and performing preparation in a darkened culture hood.
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3.1.11.7 Bioprinting Settings for AlgMA/ Ig 2959
Bioprinting using AlgMA/ Ig 2959 was performed using the following bioprinting settings:
25G straight print needle; layer thickness, 0.1 mm; infill pattern, rectilinear; infill density, 25%;

speed, 20 mm/s; extrusion multiplier 0.7.

3.1.11.8 Secondary lonic and UV Light Cross-linking of AlgMA/ 1g 2959 Constructs
Barium chloride (BaClz) powder (Sigma-Aldrich, UK) was dissolved in sterile, deionised water
to produce a 20 mM or 40mM BaClz solution and then autoclaved at 121 °C for 30 min prior to
experimental usage. Following FRESH bioprinting of AlgMA/ Ig 2959, constructs were cross-
linked by submersion in BaClz solution warmed to 40°C for 2 min, with concurrent exposure to
a 20 mW cm 2 365nM UV light source at 5cm for 60 seconds also performed. This allowed
BaCl, and UV-crosslinking of AIgMA/ Ig 2959 constructs to be simultaneously performed,
whilst the 40°C warmth of the BaCl: solution allowed release of constructs to occur from the
gelatin slurry print bath which melted away. Cross-linked constructs were then rinsed in PBS
three times prior to incubation in culture media under standard conditions (36.0-37.5°C,

5.0+0.5% CO2 and 90% humidity). Culture media was replenished every second or third day.

3.1.11.9 Biogelx Standard (Biogelx S) and Biogelx Arginylglycylaspartic Acid
(Biogelx RGD) Hydrogels

Samples of Biogelx S and Biogelx RGD lyophilised powder were commercially supplied
(Biogelx, Newhouse, Scotland). Biogelx hydrogels consist of a peptide-based gelator (the
structural element of the hydrogel) and a surfactant-like molecule that presents carboxylate
functionality, enabling subsequent cross-linking upon exposure to divalent cations (Ca?")
present in tissue-culture media. Specifically, it contains the gelator fluorenyl-9-

methoxycarbonyl-diphenylalanine (Fmoc-F2) and the surfactant-like Fmoc-serine (Fmoc-S).
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Biogelx S represents a standard Fmoc-F./S preparation, whilst Biogelx RGD is a version
functionalised with the RGD motif, designed to increase cell adhesion and proliferation within

the hydrogel.

Biogelx S hydrogel was prepared by initially mixing 232 mg of lyophilised powder with 3.75ml
of sterile water using a magnetic stirring plate. The reconstituted material was left overnight at
4°C to allow peptide self-assembly to fully occur. Following overnight incubation, 1.25ml of
MEM o media was mixed with the 3.75ml of Biogelx S solution via by brief pipetting to
produce 5ml of hydrogel. Air bubbles were abolished by putting the mixture in a bath sonicator

at room temperature for approximately 5 mins.

Biogelx RGD hydrogel was prepared by initially mixing 332 mg of lyophilised powder with 3
ml of sterile water using a magnetic stirring plate. The reconstituted material was left overnight
at 4°C to allow peptide self-assembly to fully occur. Following overnight incubation, 2ml of
MEM o media was mixed with the 3ml of Biogelx RGD solution via by brief pipetting to
produce 5ml of hydrogel. Air bubbles were abolished by putting the mixture in a bath sonicator

at room temperature for approximately 5 mins.

Cellular content was added to Biogelx S and Biogelx RGD hydrogels as per previously

described methodology (3.11.1.1).

3.1.11.10 Biogelx Bioprinting Settings
Bioprinting using Biogelx S and Biogelx RGD hydrogel was performed using the following
bioprinting settings: 25G straight print needle; layer thickness, 0.1 mm; infill pattern,

rectilinear; infill density, 25%; speed, 10 mm/s; extrusion multiplier 1.2
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3.1.11.11 Preparation of Methacrylated Gelatin (GelMA)

GelMA was prepared using previously described chemical functionalization techniques [11-
14]. Gelatin (type A, 300 bloom, Sigma-Aldrich) was dissolved in PBS at 50 °C at 10% (w/v)
through use of a magnetic stirrer. Methacrylic anhydride (MA; Sigma-Aldrich, St. Louis, MO,
USA) in solution form was added to the gelatin solution at a rate of 0.5 mL/min (50 °C) while
mixing to reach a ratio of 0.6 g MA/g gelatin. The reaction was allowed to proceed for 4 h at
50 °C before being diluted 5-fold with PBS (50 °C) to stop the methacrylation reaction. Dialysis
was then performed against deionized water at 40 °C for 7 days using a 12—14 kDa cut-off
dialysis membrane (Sigma Aldrich). After dialysis, GeIMA was filtered through 0.2 um filters
(Merck Millipore) under aseptic conditions and pH adjusted to 7.4. The solution was then
lyophilized for 72 h to obtain a GelMA sponge. GelMA hydrogels at 10 and 15 wt% were
prepared by dissolving the GelMA sponge in PBS with 0.5 wt% of the photoinitiator Ig 2959
through the use of a magnetic stirrer at 40 °C. Care was taken to avoid light exposure to the
solution during preparation by covering the mixing beaker with tin foil. Cellular content was

added to the composite hydrogels as per previous methodology (3.11.1.1).

3.1.11.12 Bioprinting Settings for GeIMA/ Ig 2959
Bioprinting using GeIMA/ Ig 2959 was performed using the following bioprinting settings: 25G
straight print needle; layer thickness, 0.1 mm,; infill pattern, rectilinear; infill density, 25%;

speed, 20 mm/s; extrusion multiplier 0.7.

3.1.11.13 Secondary lonic and UV Light Cross-Linking of GelMA/ Ig 2959
Constructs
Following FRESH bioprinting, GeIMA/ Ig 2959 constructs were released from the support bath

through submersion in PBS warmed to 40°C for 5 min. Constructs were subsequently UV-
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crosslinked through exposure to a 20 mW cm 2 365nM UV light source at 5¢cm for 60 seconds.
Cross-linked constructs were then rinsed in PBS three times prior to incubation in culture media
under standard conditions (36.0-37.5°C, 5.0£0.5% CO2 and 90% humidity). Culture media was

replenished every second or third day.

3.1.11.14 Composite AlgMA/GelMA Bioinks

Composite bioinks were created by mixing different volumes of AlgMA and GelMA hydrogels
of varying concentrations. For instance, 5ml of composite AlgMA/GelMA hydrogel was
initially created by directly mixing 2.5ml of 2 wt% AlgMA/0.5% Ig 2959 with 2.5ml of 2 wt%
GelMA/0.5% 1g 2959. This was achieved through aspirating 2.51 of AlgMA/0.5% Ig 2959 into
a 5ml syringe. Connection to a further 5ml syringe containing 2.5ml GelMA/0.5% Ig 2959
allowed repeated, gentle syringe mixing back and forth to occur, producing a final hydrogel of
1% AlgMA/1% GelMA/0.5% Ig 2959. This methodology was used to produce a range of
different composite hydrogels with varying AIgMA and GelMA concentrations. Cellular
content was added to the composite hydrogels using the methodology as previously described

(3.11.1.1).

3.1.11.15 Bioprinting Settings for AlgMA/ GelMA/lg 2959
Bioprinting of AlgMA/GelMA/ 1g 2959 composite hydrogels was performed using the
following bioprinting settings: FRESH bioprinting; 25G straight print needle; layer thickness,

0.1 mm; infill pattern, rectilinear; infill density, 25%; speed, 20 mm/s; extrusion multiplier 0.7.

3.1.11.16 Secondary lonic and UV Light Cross-Linking of AlgMA/GelMA/ Ig 2959
Constructs
Following FRESH bioprinting, AIgMA/GelMA/ Ig 2959 constructs were further crosslinked

through submersion in 20mM or 40 mM BaCl. warmed to 40°C for 2 min. Constructs were
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concurrently UV-crosslinked through exposure to a 20 mW cm 2 365nM UV light source at
5cm for 60 seconds. Crosslinked constructs were then rinsed in PBS three times prior to
incubation in culture media under standard conditions (36.0-37.5°C, 5.0+0.5% CO_ and 90%

humidity). Culture media was replenished every second or third day.

3.1.11.17 Preparation of Collagen Gels and Bioinks
Type | collagen was extracted from rat tails and used to produce collagen gels that could be

used in cell culture and in the formation of composite hydrogels for 3D bioprinting.

3.1.11.18 Extraction of Acid-Soluble Collagen I

Rat tails were harvested from adult animals scarified within a separate experiment at The
University of Strathclyde. The outer rat tail skin was dissected away with a scalpel to expose
the inner tendon. The exposed tendon was then cut flush at the vertebrae, pulled away from
the attached vertebrae and the overlying tendon sheath removed. Tendons were then washed
in sterile distilled water, weighed and placed into 0.5 M acetic acid (14.3ml glacial acetic acid
in 500ml sterile distilled water). A 1% wi/v extraction was performed (i.e. 1g tendons into 100ml
0.5M acetic acid) and incubation performed for 48 hours at 4°C. The resulting solution was
filtered through 4 layers of sterile gauze using a sterile bottle top filter (500ml) to remove any
debris. The solution was then dialysed against 0.1X DMEM in distilled water (50ml 10x in 5I)
for 48 hours at 4°C with dialysis water changed. The dialysate was then placed into sterile
centrifuge bottles (250ml) and centrifugation performed at 10 000 rpm for 2 hours at 6°. To
calculate the concentration (mg/ml) of collagen produced, 3ml of the solution was pipetted into
3 pre-weighed 100mm petri dishes and the collagen allowed to dry at 37°C, before reweighing

of dry content.
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3.1.11.19 Collagen Gel Preparation

4ml of 5 mg/ml collagen was added to 0.5 ml 1M HEPES buffer (Sigma Aldrich, UK) and 0.5
ml of DMEM/NaOH (2:1 mixture prepared from 8ml of DMEM and 4ml of 0.4M NaOH). Once
the three constituents were mixed in a sterile beaker, the pH was adjusted through the dropwise
addition of 1M NaOH. For the solution to form a gel the pH needs to be 8.0 to 8.5, indicated by

the solution turning pink due to phenol red present within the DMEM.

3.1.11.20 AlgMA/Col Composite Hydrogel Preparation

Composite bioinks were created by mixing different volumes of AIgMA 4% stock solution and
collagen solution of 4 mg/ml concentration. For instance, 5ml of composite AlgMA / Col
hydrogel was initially created by directly mixing 2.5ml of 4 wt% AlgMA /0.5% Ig 2959 with
2.5ml of 4 mg/ml collagen solution. This was achieved through aspirating 2.51 of AlgMA /
0.5% Ig 2959 into a 5ml syringe. Connection to a further 5ml syringe (Fig. 3.8) containing
2.5ml of 4 mg/ml collagen/0.5% Ig 2959 solution allowed repeated, gentle syringe mixing back
and forth to occur, producing a final hydrogel of 1% AlgMA /0.5% lIg 2959/ 2 mg/ml Col. This
methodology was used to produce a range of different composite hydrogels with varying
AlgMA and Col concentrations. Cellular content was added to the composite hydrogels using

the methodology as previously described (3.11.1.1).

3.1.12 Analysis of Biofabricated Constructs
Analysis of biofabricated constructs was performed with an emphasis placed on investigating

cell growth, viability and overall construct stability.

3.1.12.1 Image Analysis of Samples
All assays with cellular content were performed in triplicate prior to analysis unless otherwise

stated. To evaluate cell viability and growth within bioprinted constructs, images were taken at
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selected timepoints following bioprinting using a Nikon Eclipse TE300 Epifluorescent Inverted
Microscope. Bioprinted constructs were removed from culture conditions and cross-sectional
samples for analysis cut away using a scalpel blade. Cross sectional samples were washed 3X
with PBS to remove residual culture media and then immersed in 1 ml of PBS. Two fluorescent
stains were then used to determine cell viability; propidium iodide (1ug/ml), which cannot
penetrate the membrane of living cells, was used to stain for dead cells; fluorescein diacetate
(FDA) (5ug/ml) was used to stain for live cells. A volume of 0.01ml of propidium iodide (PI)
was added to each construct submerged in 1ml PBS, and after 45 minutes incubation at room
temperature, 0.005ml of fluorescein diacetate was added. Constructs were then imaged using
brightfield, FITC and TRITC settings after incubation with fluorescent stains. Live/dead
imaging was performed in different areas of cross-sectional samples (e.g. superficial, mid and
deep zones of vertically cut samples), and a minimum of three samples were analysed for
selected time points. Mean live/dead percentages were then derived after live and dead cells
were counted using ImageJ. Density of live/dead staining was also used as an alternative
measure of cell growth and viability. This was calculated by evaluating the relative total area
of green/live staining present in captured cross-sectional images to total area of red/dead
staining visible on images with quantification performed using ImageJ software [15] (National

Institutes of Health, New York, NY, USA).

3.1.12.2 Calcium Deposition Assays

Staining solution was prepared by dissolving 2 g Alizarin Red S (Sigma-Aldrich, Irvine, UK) in
90 ml distilled water, with subsequent mixing and adjustment ofthe pH to4.1-4.3
with 2M hydrochloric acid as necessary. The final volume of solution was then brought up
to 100 ml with distilled water and filtered. Cells or cell-containing constructs for analysis were

removed from the incubator, spent medium aspirated and gentle washing performed with PBS
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without Ca?*/Mg?* (Life Technologies, Paisley, UK). PBS was then
aspirated and paraformaldehyde fixation solution (Sigma-Aldrich, Irvine, UK) added to cover
the cellular sample. After at least 30 min the fixation solution was aspirated, and the samples
washed with ddH,0. The ddH,O was then aspirated and enough filtered alizarin staining
solution added to cover the samples. Samples immersed in alizarin were then incubated at room
temperature in the dark for 15 min, until staining intensity was visible. The alizarin staining
solution was then aspirated and samples washed four times with ddH,O. The distilled
water was then aspirated and PBS added to cover the stained samples. Samples were then
analysed immediately with an AE31 Elite Trinocular microscope (by Motic), using the 10x0.25

lens.

3.1.12.3 Alkaline Phosphatase Assay

One BCIP/NBT tablet (SigmaFast™ BCIP-NBT; Sigma Aldrich, Irvine, UK) was dissolved in
10 ml distilled water to prepare a substrate solution. 0.05% Tween 20 (Sigma-Aldrich) was
added to PBS, without Ca?*/Mg?* (Life Technologies, Paisley, UK)to prepare a washing
buffer. Cells were removed from the incubator and culture medium aspirated, with subsequent
washing  performed with  PBS. The PBS was then aspirated, and enough
paraformaldehyde (Sigma-Aldrich) added to cover the samples for analysis. After 60—90
seconds the paraformaldehyde was gently aspirated, and the cells washed with Tween washing
buffer. The washing buffer was  then  removedand enough BCIP/NBT  substrate
solution added to cover the sample. Incubation at room temperature in the dark for 10 min was
then performed. The substrate solution was then aspirated, andthe samples washed

again with washing buffer. The washing buffer was aspirated, and PBS then added to cover the
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cellular monolayer. Cells were analysed immediately with an AE31 Elite Trinocular

microscope (by Motic), using the 10x0.25 lens.

3.1.12.4 Evaluation of Scaffold Porosity

The porosity and pore sizes of printed scaffolds was evaluated with an AE31 Elite Trinocular
microscope (by Motic), using the 10x0.25 lens. For each scaffold, images were recorded of the
scaffold top and bottom surface. In every image taken, the four central pores of the scaffold
were measured. Quantification was performed using ImageJ software (National Institutes of
Health, New York, NY, USA). Theoretical porosity of scaffolds was calculated by comparing
the calculated weight of a 1 cm?® non-porous, solid scaffold (given the known density of the

print substrates PCL and PLA) to the measured weight of a scaffold of a measured volume.

Theeretical weight of 1 em® of zelid scaffold
x 100 %

%4 Porosity =
(Lvolume of seaffold in em’ ) x measured weight of scaffold

3.1.125 Water Contact Angle

The contact angle of selected hydrogels was measured to allow comparison of wettability, or
the relative hydrophilicity, of different hydrogels. Water droplets were dispensed by a syringe
positioned above the sample surface, and the contact angle obtained with a high-resolution
camera arranged perpendicular to the sample surface. Image analysis using ImageJ allowed

static contact angle measurement.

3.1.12.6 Biomechanical Testing of Hybrid Scaffolds
The mechanical stiffness of selected scaffolds and hydrogels was analysed using a BOSE
ElectroForce 3230 system and WinTest4.1 software. A 450N load cell was assembled, with

displacement limits set at -2 mm (min) and 2 mm (max) and load limits set at -400N (min) and
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40N (max). The displacement and the load were calibrated at 0 mm and -0.1N, respectively. A
ramp up period of 5 seconds, hold period of 30 seconds and ramp down period of 5 seconds
was performed, corresponding to a 40 second test with 400 scan points. This allowed generation
of a displacement/time graph and a load/displacement graph for each scaffold. The experiments

were performed in triplicates unless otherwise specified

Figure 3.9 The BOSE ElectroForce 3230 system performing an unconfined compression test
on an alginate/PCL scaffold. The bottom plate is stationary whilst the top plate generates

displacement.

3.1.12.7 Mechanical Performance Test of Hydrogel

Further mechanical testing of hydrogels was performed in a collaborating laboratory
(Orthopedic Institute at Soochow University, Suzhou, China). Cylinders of selected hydrogels
with a diameter of 4.5 mm and a height of 4 mm were initially prepared. The hydrogel cylinders
were then subjected to a compression test via a mechanical testing machine (HY-0580,
Shanghai Heng Wing Precision Instrument Co., Ltd., Shanghai, China). This allowed

generation of a stress-strain curve at up to 30% deformation, with the slope of the curve at 0—
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10% deformation recorded as the compressive modulus. Compression tests were performed at

2 mm min~!. The experiments were performed in triplicates unless otherwise specified.

3.1.12.8 Scaffold Degradation Analysis

Constructs were analysed at selected time points during in vitro culture to examine for weight
loss suggestive of degradation, or weight increases suggestive of scaffold swelling. Constructs
were initially weighed prior to being placed in culture media and incubation in standard culture
conditions. Constructs were then removed from culture at selected time points, blotted dry to
remove excess culture media using Kimberly-Clark Kimtech Kimwipes (Sigma Aldrich, UK),

and weight measurements made before constructs were placed back into culture conditions.

3.1.12.9 In vitro Model of Osteochondral Regeneration
The capacity for different bioinks to repair osteochondral defects in vitro was analysed using
animal tissue model. Three different biofabrication strategies were also utilized to aid repair of

osteochondral defects.

Freshly prepared chicken knee samples were sourced from a local abattoir. The articular surface
of the knee samples was exposed through debridement of surrounding soft tissue, and samples
washed x 3 with PBS to remove any debris. Osteochondral defects were then created in the
articular surfaces using a metal punch, allowing circular defects of diameter 20mm and depth
1 to 3mm to be prepared. Removed osteochondral tissue was measured using calipers to confirm

diameter and depth.

Bioinks containing HCs or hABMMSCs were then used to repair the defects via 2 main different
biofabrication strategies. Firstly, 10mm x 10mm x 1 mm cylindrical constructs were bioprinted
using selected bioinks. Following bioprinting, constructs were crosslinked with UV light and/or
through exposure to BaCl» solution. Constructs were then placed directly into the defects to fill

114




them up. Secondly, bioinks were manually injected directly into the defects, and cross-linked

in situ with UV light and/or through exposure to BaCl» solution.

3.1.13 Statistical Analysis

This was performed using Statistical Package for Social Sciences version 27.0 (SPSS Inc.,
Chicago, Illinois). Univariate analysis was performed using parametric (Student’s t-test:
paired and unpaired) and non-parametric (Mann-Whitney U test) tests, as appropriate, to
assess continuous variables for significant differences. One or two way analysis of variance
(ANOVA) with post-hoc analysis (Tukey's HSD) where appropriate was used to compare
continuous variables with multiple groups (e.g. cell viability in different composite bioinks).
Significant differences were accepted at p < 0.05. All experiments were performed in
triplicate unless otherwise stated, with mean and standard deviations (SD) displayed for

selected time points of analysis.

3.2 Developing 3D Bioprinted Bacterial Biofilms

3.2.1 Preparation of Bioink for Bioprinting Bacteria

Brain Heart Infusion (BHI) broth (Sigma-Aldrich, UK) powder was dissolved in sterile
deionized water to produce a 37 g/ L BHI Broth and then autoclaved. UV-sterilised sodium
alginate powder (Protanal LF10/60FT, FMC Biopolymer, UK) was then dissolved in BHI Broth
to produce a 4% (w/v) Protanal solution. The Protanal solution was subjected to magnetic
stirring until reaching homogeneity and then sterilised through heating to boiling point (95°C).
Solutions consisting of 4% wi/v Protanal and 0.4% w/v CaCl, were then mixed with a volume
ratio of 1:1 to create a partially cross-linked 0.2% CaCl.: 2% Protanal hydrogel using a 3-way

connector (Fig. 3.8). The hydrogel solution was vortex mixed at room temperature at 1500 rpm
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for 5 min to produce a homogeneous, partially cross-linked alginate hydrogel. Protanal

hydrogels were then stored at 4 °C prior to usage to prevent the growth of contaminants.

3.2.2 Bacterial Strains and Growth Media

Bacterial strains were universally cultured in Brain Heart Infusion (BHI) broth at 37°C whilst
shaking. Strains used included Escherichia coli (E.coli clinical isolate, ATCC
25922), Pseudomonas aeruginosa (P. aeruginosa, PAO1L, wild type strain, ATCC 47085),
Methicillin-sensitive staphylococcus aureus (MSSA, clinical isolate, ATCC 29213) and
Methicillin-resistant staphylococcus aureus (MRSA, clinical isolate, ATCC 700788). Chosen
strains were routinely maintained on BHI agar (Sigma-Aldrich, UK) plates and stocks kept

frozen in glycerol (50% v/v) at -80°C.

3.2.3 Bacterial Bioink Preparation

Bacterial strains taken from glycerol stocks were streaked on to a BHI agar plate and incubated
at 37°C overnight. The following day a single colony was inoculated into 5 mL of BHI broth
and incubated overnight at 37°C, with 200 rpm shaking (Mini shaker, Cleaver). The overnight
cultures were harvested in the stationary phase after 18 h cultivation. The bacteria were
collected by centrifugation (3,000 rpm, 4°C, 5 min) and washed three times with 9% sodium
chloride (NaCl) to remove residual BHI medium. In all experiments, the concentration of
bacteria was determined by optical density (OD) spectrometry (Eppendorf BioPhotometer) and
inoculated at 1.0 at wavelength 600 nm (ODsoonm=1.0). The inoculated suspension of each strain
was prepared in 10 mL of 9% NaCl in a 50 mL centrifuge tube prior to addition to hydrogel
(Fisher Scientific, UK) and the bacteria re-harvested via centrifugation of the 50ml tube (3,000

rpm, 4°C, 5 min). Following centrifugation 9% NaCl supernatant was discarded, and bacterial
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cell-pellets were then re-suspended in 500pL 0of0.2% CaCla: 2% sodium
alginate hydrogel solution with a micropipette and dispensed into a 5 mL Luer-lock
syringe (Fisher Scientific, UK). Connection to a further 5 mL Luer-lock syringe containing 4.5
mL 0.2% CaClz: 2% sodium alginate hydrogel warmed to 37°C allowed repeated, gentle
mixing to be carried out back and forth between syringes containing bacteria and hydrogel (100

mixes back and forth), producing 5 ml bioink with homogeneously distributed bacteria.

3.2.4 Construct Design and Bioprinting Settings

3D models consisting of a solid or lattice 10 mm x 10 mm square design with increasing vertical
thicknesses (0.25 mm, 0.5 mm, 1 mm, 2 mm, 4 mm) were produced using Autodesk® Netfabb®
software (Autodesk®, Inc, USA) and exported as an STL file. Open-source slicer software
(Sli3er, Version 1.2.9) was used to load the STL files and generate G-code files using the
following settings for bioprinting: layer thickness, 0.1 mm; infill pattern, rectilinear; infill
density, 25%; speed, 10 mm/s; extrusion multiplier 1.2. G-code files corresponding to solid and

lattice constructs with differing vertical thicknesses were then loaded onto the bioprinter.

3.2.5 Bioprinting

A three-axis (X-Y-2), single nozzle 3D extrusion bioprinter developed in our laboratory was
used for bioprinting bioink loaded with different bacteria. This bioprinter represents an adapted,
extrusion-based version of a previously developed microvalve-based bioprinter used in our lab
to bioprint human cells including induced pluripotent stem cells [26, 39, 40]. Briefly, the
bioprinter produces 3D constructs by coordinating the motion of a mechanically-driven syringe
(Fig. 3.4). The dispenser deposits extrudate consisting of hydrogel on a stationary Z-platform.
As successive layers of extrudate are deposited, the z-platform moves downwards allowing

structures to be bioprinted from the bottom up, layer-by-layer. Prior to use, the bioprinter was
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sterilized via UV exposure and wiped down with 70% ethanol. Sterility was maintained during
bioprinting by placing the bioprinter in a laminar flow cabinet. Sterile 5 mL Luer-lock syringes
containing bacterial bioink were attached to 25G printing nozzles and loaded into the

bioprinter, allowing bioprinting into sterile 6-well culture plates to occur.

3.2.6 Secondary Cross-linking of Constructs

Ethylenediaminetetraacetic acid (EDTA), CaCl, and BaCl, powders (Sigma-Aldrich, UK) were
sterilised with UV light (three 30 min cycles). Solutions of 0.4% w/v CaCl,, 10 mM BaCl,, 20
mM BaCl,, 40 mM BaCl, and 110 mM EDTA (Sigma-Aldrich, UK) were prepared in sterile
deionised water. All solutions were then autoclaved at 121 °C for 30 minutes prior to

experimental usage.

Following bioprinting, constructs were cross-linked by submersion in ionic solutions of either
10, 20 or 40 mM BaCl,for 2 mins. Cross-linked constructs were then rinsed in PBS to
incubation in BHI medium under standard culture conditions (37 °C, 5% CO,, and 95% relative
humidity). BHI media was replenished every second or third day and culture was performed
atop a compact fixed-angle platform rocker (Grant Bio™ PMR-30 Compact Fixed-Angle
Platform  Rocker, Fisher Scientific, UK), to increase flow of media around

the bioprinted constructs.

3.2.7 Analysis of Results
Analysis of bacterial growth, development of biofilm and response of biofilms to antimicrobial
treatment was performed. All assays with bacterial content were performed in triplicate prior to

analysis unless otherwise stated.
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3.2.7.1 Colony-forming Units (CFU)

Colony-forming units (CFU) were used to determine the number of viable bacteria in constructs
at selected time-points following bioprinting. To achieve this, constructs were first dissolved
by submersion in 110 mM EDTA for 1 hour. Samples of the resultant broth were then serially
diluted in 10-fold increments using 9% NaCl and plated onto BHO agar plates. After incubation

at 37°C for 24h, visible colonies were counted.

3.2.7.2 Fluorescence Staining for Biofilm Viability

A commercial Film Tracer™ LIVE/DEAD™ biofilm viability kit (Thermo Fisher, UK) was
used for the assessment of biofilm viability based on staining with the membrane potential
sensitive dye propidium iodide (PI) (490 nm excitation, red emission) and the nucleic acid stain
SYTO-9 (488 nm excitation, green emission). In principle, bacteria with intact cell membranes
stain fluorescent green, whereas bacteria with damaged membranes stain fluorescent red.
Bacterial constructs were washed with sterile distilled water and then incubated with SYTO-9
(6.7 uM) and PI (40 uM) in 35 mm glass bottomed imaging dishes (Ibidi) at room temperature

(RT) for 45 min to allow stain penetration prior to imaging.

3.2.7.3 Microscopy

A Leica Microsystems TCS SP8 CARS microscope utilising a 25x magnification objective (HC
FLUOTAR L 25x/0.95 W) and water immersion was used to perform CSLM imaging. Standard
light microscopes often struggle to image biofilm of more than 3-4 um thickness as biofilm
material above and below the focal plane tends to scatter light and interfere with direct
measurement [16]. Contrastingly, CSLM allows optical sectioning of biofilms and with image
analysis 3D reconstruction is possible. To minimise or eliminate artefacts associated with
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simultaneous dual wavelength excitation, all dual labelled biofilms were sequentially scanned,
frame-by-frame, first at 488 nm (Argon laser, 70 pW) then at 561 nm (DPSS laser, 80 pW).
Line averaging (x2) was used to capture images with reduced noise. Fluorescence emission was
then sequentially collected in the green and red regions of the spectrum respectively. Images
were captured in a two-dimensional (2D) projection. For analysing spatial separation in the z-
direction (thickness), step sizes between 40-140 pm were used in z-stacks and 3D
reconstructions were performed using Leica Confocal Software (LCS, Leica Microsystems).
Five image stacks (typically 700 x 700 um images over a depth of 40 - 140 um) were acquired
randomly from three independent constructs per BaCl, concentration per time point (15 stacks

in total). The image stacks were then analysed using MATLAB 2016A software.

3.2.7.4 Image Processing, Analysis and Statistics

Thresholding and quantification of fluorescence imaged along the Z-axis was performed using
MATLAB 2016a software. Initially fluorescent images were imported to the software and the
green channel was extracted. An unsupervised k-means segmentation method was applied to
analyse the channel [17], where k was set to be 3, which allowed separation of the cellular and
background signals. The cells were then counted and analysed using a labelling connected
component method to identify individual microcolony groups [18]. Finally, the mean and
standard deviation of the numbers of microcolony groups, group areas, and area variations were

calculated for statistical purposes.

3.2.7.5 Antibiotic Susceptibility Testing (AST)
The susceptibility of 2D bacterial cultures and 3D bacterial biofilms to antimicrobial treatment

was compared, with the penetration of antimicrobials into a 3D biofilm also evaluated.
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3.2.7.5.1 Investigating the Minimum Inhibitory Concentration (MIC) of 2D

Bacterial Cultures using a Broth Microdilution Method

Corning 96-well microtiter plates (Sigma-Aldrich, UK) were used to allow the MIC of the
antimicrobial methicillin sodium salt (Sigma-Aldrich, UK) against MRSA and MSSA.
Methicillin concentrations ranging from 0.02 to 5 mg/mL were produced by serial dilution.
MRSA and MSSA inoculums (OD 1.0) were then prepared as previously described (3.3.3)
above. 50 L of increasing strengths of methicillin solution and 50 pL of inoculated suspension
were then dispensed into consecutive wells of the microtiter plates. The 96-well plates were
then sealed with an anaerobic film (Thermo Fisher Scientific, UK) and incubated under
anaerobic conditions at 37°C for 24 hours. The optical density of inoculated culture wells was
then measured using a plate reader (Multiskan Go, Thermo Scientific). MICs were taken as the

lowest concentration of an antimicrobial agent at which visible growth was inhibited.

3.2.75.2 Investigating the Minimal Biofilm Eradication Concentration (MBEC) of

3D Bacterial Cultures using a Broth Microdilution Method

Methicillin stock solution of 20 mg/mL was prepared in sterile dH,O and diluted in BHI broth
to obtain solutions with preliminary concentrations ranging from 2.5 to 10 mg/m. Investigation
of the response of 3D biofilm constructs to methicillin was then performed by exposing a series
of porous, 1 mm MRSA or MSSA constructs to increasing concentrations of methicillin. MRSA
and MSSA constructs were cultured for 14 days prior to methicillin exposure to allow dense
biofilm formation to occur. Mature MRSA and MSSA biofilm constructs were then transferred
into sterile Corning® 6-well plates (Sigma-Aldrich, UK) and incubated in 3 mL volumes of

either 2.5, 5 or 10 mg/mL methicillin solution. Positive-control wells containing fresh BHI
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broth and MRSA or MSSA constructs were also set up without methicillin. The 6-well plates
were sealed with an anaerobic film (Thermo Fisher Scientific, UK) and incubated under
anaerobic conditions at 37°C for 24 hours. The optical density of inoculated culture wells was
then measured using a plate reader (Multiskan Go, Thermo Scientific). MBECs were taken as

the lowest concentration of an antimicrobial agent at which biofilm eradication was seen.

3.2.7.6 Biofilm Antimicrobial Penetration Test

3D bioprinted E.coli biofilm constructs of Imm and 2mm thickness and porous design were
cultured for 5 days to allow significant biofilm formation to occur. Biofilm constructs were then
washed x 3 with phosphate buffered saline (PBS) solution to remove non-adherent bacteria.
Antibiotic disks containing 30 pg tetracycline (Oxoid, UK) were then placed on top
of E.coli biofilm constructs and incubated at 37°C for 7 days within BHI broth. The tetracycline
disks located on top of the biofilm constructs were replaced daily to maintain consistent delivery
of antibiotic. Biofilm constructs were then imaged after 7 days to analyse antimicrobial

penetration.

3.3 Combining 3D Biofilms with a Novel Method for Identifying Orthopaedic Joint
Infection: Surface Enhanced Spatially Offset Resonance Raman Spectroscopy

(SESORRS)

3.3.1 Use of Raman Spectroscopy

Raman spectroscopy was chosen as a novel method to detect bacterial biofilms located within
a joint infection model. As spontaneous Raman scattering is very weak, surface enhanced
Raman scattering with spatially offset Raman spectroscopy (SESORS) was utilised as this

combines the benefits of SORs and SERs to achieve even greater spectroscopic interrogation
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of samples at depth [19]. SESORs combined with resonant Raman reporters, “surface-enhanced
spatially offset resonance Raman spectroscopy” (SESORRS) was utilised to attempt detection
of the binding of gold nanoparticle (AuNP) labelled biofilms at tissue depth within the

following experiment.

3.3.1.1 Raman Measurements Including Handheld Device

Baseline Raman and SERS spectra were measured using Snowy range Raman instruments
(SnRI, USA) with 638nm and 785 nm laser excitation wavelength and 45 mW laser power.
SORS and SESORS measurements were taken using a handheld “Resolve” instrument (Cobalt
Light Systems Ltd, UK) with average laser power 459 mW at 830 nm. The Resolve instrument
is a handheld Raman device that allows through barrier Raman Spectroscopy to be performed
(Fig. 3.14). The system can identify materials by comparing captured spectra to inbuilt spectral
libraries, enabling rapid chemical identification through a wide range of sealed non-metallic
containers, barriers, and packaging to be performed. All captured spectra were processed using
the “rubberband” function on MatLab, allowing baseline correction to be performed before

further analysis.

A B
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Figure 3.10 (A) Resolve handheld through-barrier identification system. A simple interface
with large buttons makes it friendly to laboratory use through protective gear. (B) Example of

Resolve instrument in use to detect chemicals within plastic container.

3.3.2 Summary of Functionalisation of Gold Nanoparticles with DNA Aptamers and
Chalcogenpyrylium Raman Reporter Dyes

Gold nanoparticles were functionalised in a two-step process by collaborators to allow detection
of bacterial biofilms via Raman spectroscopy. In brief, gold nanoparticles (AuNPs) were
initially fabricated according to previously described methodology [20]. AuNPs were then
chemically functionalised with commercially sourced DNA aptamers that bind specifically to
MRSA or E. coli according to a previously described methodology [21], allowing them to bind
specifically to E. coli or MRSA within 3D bacterial biofilms. Further functionalisation of the
AUNPs was performed through the addition of chalcogenpyrylium Raman reporter dyes to their
surface. Previous work has shown the potential for chalcogenpyrylium dyes conjugated to large
AUNPs to generate strong Raman responses, allowing successful detection of tumour cells
bound to Raman reporters at tissue depths of 25 mm [22, 23]. To detect MRSA and E.coli
biofilms, chalcogenpyrylium Raman reporters with absorbance wavelengths of 823 nm (dye

823) and 815 nm (dye 815) were selected to detect biofilm.
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Figure 3.11 Gold nanoparticles were synthesised and then functionalised in a stepwise fashion
with DNA and then chalcogenpyrylium Raman reporter dyes. This allowed nanoparticle-DNA-
dye complexes to bind directly to bacteria in a targeted fashion according to the DNA aptamer

included in the complex.

3.3.3 Overview of Experimental Set Up

A sandwich-like joint infection model consisting of pork bone (bottom), 3D bioprinted biofilms
(middle) and porcine tissue (top) was created. 3D bioprinted biofilms were incubated overnight
with AuNPs functionalised with aptamers and chalcogenpyrylium dyes and then removed from
culture and washed with HBSS x 3. Lean porcine tissue was purchased from a local butcher
and cut into sections with an average thickness of 3 mm. 3D biofilm constructs were then placed
directly on top of a porcine bone sample and increasing thicknesses of lean porcine tissue placed
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on top of the biofilms in 3 mm increments. Control bioink scaffolds of the same dimensions
and containing no bacteria were also produced within the model to allow comparison. With
every increase in lean tissue thickness placed on top of the biofilms, SORS and SESORS
measurements were taken using a handheld Resolve instrument from Cobalt Light System (830
nm). The tissue model was brought into contact with the nose cone of the SORS instrument,
and the stage was moved around in x-y plane in order to detect the biofilm through the tissue
barrier. The total tissue penetration thicknesses achieved was measured using a calliper.
Previous research has shown the greatest level of offset that can be used when performing
through-barrier detection with the handheld Cobalt Light System (830 nm) is 8 mm offset [24].
Therefore, all measurements were carried out using 8 mm offset, 5 accumulations and 2.0 s

integration time.
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Figure 3.12 Joint infection model. (A) Initially, a 3D bioprinted, 1cm thick bacterial biofilm

was placed on top of a porcine femoral condyle after overnight exposure of the biofilm to
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AUNPs functionalised with aptamers and chalcogenpyrylium dyes. (B) Increasing layers of soft
tissue were placed on top of the biofilm, to create a sandwich model with the biofilm submerged
below over 2cm thickness of soft tissue. (C) A hand-held portable SORS instrument (handheld
Resolve instrument from Cobalt Light System (830 nm) was placed directly above the bone-

biofilm-soft tissue construct, to investigate detection of biofilm under depth of soft tissue.
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4 Chapter 4 — Development of Initial 3D Biofabrication Approaches for
Osteochondral Regeneration

4.1 Acknowledgement of Collaboration
All experimental work included in this chapter was performed by the author. Initial mechanical
testing was performed in collaboration with Eleni Farmaki (MSc student, University of

Strathclyde).

4.2 Introduction

The smooth, sliding motion of articulating joints during locomotion relies upon articular
cartilage (AC) that can be found coating opposing joint surfaces. AC is a highly specialised
connective tissue that provides a lubricated surface with a low frictional coefficient, minimising
friction between opposing joint surfaces. Viscoelastic properties and an intricate structure also
allow AC to shield underlying bone from some of the mechanical stresses applied during
locomotion. Despite being only 2 to 4mm thick, AC has a deceptively intricate structure that
can be divided into four zones extending from superficial to deep zones based on the orientation
of type Il collagen fibres and proteoglycan content. However, AC is devoid of blood vessels,
nerves or lymphatics and has limited cellular content resulting in a poor intrinsic capacity for
healing and repair [105]. Once AC sustains damage from aetiologies including acute trauma
and repetitive overloading, full recovery of structure and function is unlikely, and significant
alteration of native biomechanics can occur [1]. Symptoms of pain, instability and mechanical
locking can develop, leading to arthroscopic (keyhole) surgery being performed in over 150

000 patients annually in the UK [108].

Several techniques can be deployed to treat cartilage defects surgically. Unfortunately, current

arthroscopic repair techniques (Fig. 2.3) have critical limitations including a tendency to result
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in mechanically inferior fibrocartilage formation, ongoing pain and morbidity, and an inability
to treat globalised AC destruction [2, 3]. Over 180 000 patients therefore require total joint
replacement surgery in the UK annually, a major operation which can result in incomplete

satisfaction and residual symptoms, particularly in younger patients [4-9]

As demand for arthroplasty surgery continues to grow significantly worldwide, the need for a
novel, cost effective treatment option for arthritis and osteochondral defects tailored to the
individual patient has therefore never been greater. As a developing technology, 3D
biofabrication offers a novel approach to help ease the treatment burden of AC defects.
Biofabrication involves combining biological constituents such as cells, growth factors and
biomaterials with precise biomanufacturing techniques such as 3D cell printing, known as
“bioprinting”. Complex tissue constructs can therefore be created, or biofabricated, “from the

2

bottom up.” The overall aim of this chapter is to develop and optimise a 3D biofabrication
approach that can target the regeneration and reconstruction of osteochondral defects. Key to
this will be the identification and optimisation of successful biofabrication techniques,

biomaterials and cell sources that can be applied to osteochondral regeneration.

4.3 Results and Discussion

4.3.1 3D Biofabrication of PCL Scaffolds and Hybrid Hydrogel/ PCL Scaffolds

Initial work focussed on the use of FDM to 3D print porous scaffolds. FDM uses a temperature
controlled printhead to deposit thermoplastic material onto a platform in a layer by layer manner
to build up a 3D construct (Fig. 2.5 B). Once print conditions were optimised to reproducibly

3D print scaffolds with a defined structure, attention was focussed on improving
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biocompatibility of scaffolds though surface modification and creation of hybrid polymer-

hydrogel scaffolds.

4.3.2 Osteogenic Differentiation of hBMMSCs

To confirm the pluripotency of hBMMSCs used in experimental work, initial growth of
hBMMSCs was performed for 21 days growth in osteogenic inducing media. Following 21
days culture, hBMMSCs were found to have significantly increased calcium deposition and
alkaline phosphatase activity (p<0.001) on staining compared to control hBMSCs grown in
non-inducing DMEM media (Fig. 4.1), after secondary analysis of images using Imagel
software (Table 4.1). In combination with an observed change in cell morphology, this was

highly suggestive of osteogenic differentiation of hBMSCs occurring.

Table 4.1 Analysis of hBMMSC Osteogenic Staining

Staining Std. T-test
Intensity Deviation (Independent Samples)
Alizarin Induced MSCs  12.36 3.73
Control MSCs  0.48 0.75 p<0.001
ALP Activity Induced MSCs 8.66 0.31
Control MSCs  0.47 0.47 p<0.001
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Figure 4.1 (A) ALP staining in induced hBMMSCs after 21 days (B) ALP staining in control
hBMMSCs after 21 days (C) Alizarin Red S staining in induced hBMMSCs after 21 days (D)

Alizarin Red S staining in control hBMMSCs after 21 days. Scale bar = 100um.

4.3.3 Use of PCL to Create Scaffolds

PCL was chosen as the initial scaffold substrate having been widely used previously in tissue
engineering for the fabrication of 3D scaffolds. Initially a range of structures were printed with
PCL to establish optimal print settings; a range of print speeds, layer heights, structure infills
and print temperatures were trialled to optimise print results. Optimal print settings allowed
PCL scaffolds to be reproducibly 3D printed with defined pore sizes and thicknesses (Fig. 4.2).

Measurement of the scaffolds confirmed pore sizes of 265.7 + 30.7 pum, vertical thickness of

3.0 + 0.1 mm, width 10.0 + 0.1 mm and calculated overall porosity of 50 + 1 %.
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Figure 4.2 3D printing PCL using an FDM approach. (A) 3D printed PCL tissue scaffold.

Scale bar = 1cm (B) PCL scaffolds within 6-well culture plate.

4.3.4 Surface Modification

To improve hydrophilicity and biocompatibility of PCL scaffolds, immersion in NaOH solution
was performed prior to cell culture. PCL scaffolds printed with consistent dimensions as
previously described were exposed to NaOH in different concentrations and for different
durations. MSC cells were then seeded at a density of 1 x 10° cells/ml onto PCL scaffolds and
observed over 24 hours, with comparison made to cells seeded onto non-NaOH exposed PCL
scaffolds. Exposure of PCL scaffolds to NaOH prior to MSC seeding led to significantly greater
cell viability at 24 hrs (p<0.05), with no benefit found to increasing exposure beyond 1M NaOH

or 1 hr duration of immersion (Fig 4.3).
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Figure 4.3 Viability of MSC cells seeded onto PCL scaffolds at 24 hours. Greater cell viability
was found at 24 h on PCL scaffolds treated with NaOH, compared to non-exposed PCL
scaffolds (*p<0.05, ANOVA). No significant difference was found between scaffolds treated

with different strengths of NaOH, or by increasing time of NaOH exposure (p>0.05, ANOVA).

4.3.5 Creation of Hybrid PCL-Hydrogel Scaffolds

Biofabrication of hybrid scaffolds consisting of PCL scaffolds combined with more bioactive
hydrogels has led in some cases to improved cellular growth within constructs [10-13]. To
examine this, PCL scaffolds treated with 1M NaOH for 1 hr and printed to previously defined

pore sizes and thicknesses were combined with different hydrogels to create hybrid scaffolds.

4.3.6 Cell Viability in Hybrid Scaffolds

Initially hBMMSCs encapsulated in 1% alginate (Protanal LF10/60FT, FMC Biopolymer, UK)
or Biolgelx S hydrogel at a density of 1 x 10° cells/ml were dispensed onto PCL scaffolds to
ensure scaffolds were fully coated with hydrogel (rationale for use of alginate and Biogelx S
covered in section 4.8.5). For comparison, identically prepared control PCL scaffolds were
also seeded with hBMMSCs suspended in DMEM media at a density of 1 x 10°cells/ml. Cells

were allowed to adhere to scaffolds for 2 hours post-seeding, before immersion in DMEM
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media and culture in standard conditions. Cellular growth and viability were observed over 7
days within the scaffolds (Fig. 4.4). PCL/Alginate and PCL/Biogelx scaffolds appeared to
retain a far larger number of cells following seeding and foster greater cellular adhesion
compared to PCL control scaffolds. Significantly higher cell viability (p<0.05, ANOVA) was
found in PCL/Alginate and PCL/Biogelx scaffolds compared to control PCL scaffolds (Fig.

4.5) from 24 hours onwards of cell culture.

Day PCL/Alginate PCL/Bioglex PCL

Figure 4.4 Cell retention seen in hybrid and non-hybrid scaffolds over 7 days. Images taken of
cells within pores of hybrid PCL/Alginate, PCL/Biogelx and PCL scaffolds. Greater cell
growth and retention was evident in hybrid scaffolds compared to PCL scaffolds. Scale Bar =

100 pm.
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Figure 4.5 hBMMSC viability over 7 days in different scaffolds. (A) Significantly higher cell
viability was supported in hybrid hydrogel-PCL scaffolds compared to PCL scaffolds seeded

with cells. (B) Significantly lower cell viability (*p<0.05, two-way ANOVA) was found in
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control PCL scaffolds at up to 7 days culture compared to hybrid PCL/Alginate and

PCL/Biogelx scaffolds from 24 hours onwards of cell culture.

4.3.7 Mechanical Performance of Hybrid Scaffolds

Unconfined compression testing was performed on PCL/Alginate, PCL/Biogelx and PCL
scaffolds following production. It was found that significant differences existed between
scaffolds (p<0.01, ANOVA), with PCL/Alginate found to have the stiffest mechanical

properties and PCL the weakest (Fig. 4.6 and 4.7).

Stress (kPa)

0 5 10 15 20 25 30
Strain (%)

—o— PCL/Alginate PCL/Biogelx ——PCL

Figure 4.6 Stress/strain curve derived from unconfined compression testing performed on 1mm
thick PCL/Alginate, PCL/Biogelx and PCL scaffolds. Significant differences were noted
between scaffolds (two-way ANOVA, p<0.01), with PCL/Alginate found to have the stiffest

mechanical properties and PCL the weakest.
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Figure 4.7 Maximum displacement found to have occurred during unconfined compression
testing on 1mm thick scaffolds. PCL/Alginate was found to demonstrate significantly less
displacement than either PCL/Biogelx or PCL scaffolds during testing conditions (*** p<0.01,

ANOVA).

4.3.8 Initial Hydrogel Bioprinting

A range of hydrogel materials were used to print constructs using the Inkredible 3D extrusion
printer (Fig. 4.8 A). F-127 of varying concentrations from 20% to 40% was 3D bioprinted at
room temperature; concentrations of 40% F-127 printed at 70- 80 kPa extrusion pressure were
found to give stable prints capable of maintaining 3D structure. Gradually more complex
structures were designed and bioprinted, including an anatomical human nose model (Fig. 4.8
D). Ultimately, F-127 is recognised as having poor biocompatibility and has greater utility as a
sacrificial or supporting hydrogel in larger constructs [14-17]. Attempts were therefore made

to develop bioprinting using other hydrogels capable of supporting cellular growth.
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Figure 4.8 Initial Extrusion Bioprinting Attempts. (A) Inkredible bioprinter printing hydrogel
structure (B) Alginate rings of increasing height bioprinted using 2% Alg/ 0.2% CaCl, (C)
Bioprinted Biogelx ring structures (D) Bioprinted pluronic nose structure close-up. Scale bars

=1cm.

Initially alginate was chosen as a biocompatible and readily available hydrogel for bioprinting
cells. A range of Protanal alginate (1% w/v to 6% wi/v) and CaCl> concentrations (0.1% to
0.4%) were combined to develop a bioprintable, partially cross-linked hydrogel (Table 4.2). It
was apparent that the viscosity of the Protanal hydrogel increased with rising concentrations of
either Protanal or CaClz. The blends produced from 4% and 3% Protanal were significantly
more viscous than 1 % and 2 % Protanal. However, as the Protanal hydrogel became more

viscous, print nozzle blockages became more frequent and print pressures increased,
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representing high shear stress conditions suboptimal for cell viability during bioprinting [2].
Centrifuging Protanal/CaCl> mixtures at 2000 rpm for 2 minutes and performing overnight
refrigeration of hydrogel at 4°C prior to addition of cells helped to remove air bubbles and

increase bioink homogeneity and printability.

Biogelx S was also examined as an alternative bioink to alginate-based hydrogels with the
expectation that it could have superior bioactivity. Following optimisation of Biogelx S
bioprinting settings (Fig. 4.8 C), comparison was made with 2% Protanal/ 0.2% CaCl, and 2%
Protanal/ 0.0.15% CacCl> as two of the most readily bioprintable partially-crosslinked alginate
bioinks. Ultimately, 2% Protanal/ 0.2% CaCl., appeared to give the best combination of
bioprintability (Table 4.2) and cell viability when 10 x 10 x Imm porous constructs containing

hBMMSCs were bioprinted (Fig. 4.9).

Table 4.2 Bioprintability of Protanal alginate /CaCl, pre-crosslinked compositions

CaCl. (%)
Alginate (%) | 0.4 0.3 0.2 0.15 0.1
1% * * * * *
2% * o ok o o
3% N - - o o
4% * * * o o
6% * * * * *

*Poor **Satisfactory ***Very Good
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Figure 4.9 Morphology and Viability of Bioprinted hBMMSC/Bioink Constructs. (A) Examples
of 10 x 10 x 1mm porous constructs containing hBMMSCs bioprinted using 2% Protanal/ 0.2%
CaCl; (left) and Biogelx S (right). Similar morphology is evident following bioprinting the
same design using the two different bioinks confirming bioprintabiltiy. Scale bar = 1cm (B)
Viability of hBMMSCs within the different bioinks displayed over 7 days. No significant

difference in cell viability was found between the bioinks used (p>0.05).
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4.3.9 FRESH Bioprinting of Alginate Constructs

Having established stability and viability of bioprinted constructs to 7 days, attention turned to
increasing the complexity and scale of bioprinted constructs. Alginate constructs of increasing
size and complexity were successfully bioprinted by combining an extrusion bioprinter with
the FRESH method of bioprinting (Fig. 4.11). Bioprinting settings were optimised over
successive bioprinting attempts, with individual layer heights of 0.06 mm and a 30G needle
initially used to bioprint constructs including knee replacement, blood vessel and ear models
(Fig. 4.11). Although ADSC viability was satisfactory following bioprinting at a density of 1 x
10° cells/ml (Fig. 4.12), use of a 30G needle did appear to cause slight impairment in cell
viability when compared to use of a 25G needle previously (Fig. 4.9 B). Analysis of constructs
was performed to 7 days as beyond this point constructs became more fragile and began to
partially fragment and disintegrate. This was likely due to loss of alginate crosslinking as

calcium leached from constructs into surrounding cell media [18].
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Gelatin slurry

Figure 4.10 Schematic demonstrating FRESH bioprinting process. (A) A three-axis (X-Y-2Z),
single nozzle custom built 3D cell bioprinter used for bioprinting different bioinks laden with
cells. (B) The bioprinter produces 3D constructs by coordinating the motion of a mechanically-
driven syringe. The syringe extrudes filaments of bioink onto a stationary Z-platform (z-
platform is black surface seen in A and B of above schematic). As successive layers of extrudate
are deposited, the z-platform moves downwards allowing structures to be bioprinted from the
bottom up, layer-by-layer. Bioprinting using the FRESH method involves depositing bioink in
a gelatin slurry, seen at the bottom of the glass dish. (C) Once bioprinting is finished, the support
bath that surrounds the deposited hydrogel can be removed through exposure to warmed
calcium chloride solution. This melts away gelatin whilst simultaneously crosslinking

bioprinted alginate, releasing a cross-linked alginate structure.
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CAD File Construct within FRESH  Construct released from FRESH support

support bath bath

Knee replacement

Figure 4.11 Bioprinting of structures using the FRESH method. Initial computer aided design

(CAD) models are created for the 3D bioprinter. Models are then bioprinted into a gelatin
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support bath and released through addition of warm 100 mmol CaCl solution to leave cross-

linked alginate structures.
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Figure 4.12 Viability of FRESH-bioprinted ADSCs in 2% alginate using 30G needle. (A)
Live/dead imaging of FRESH-bioprinted ADSCs printed within a blood vessel model show
good initial viability, with increasing presence of dead cells. (B) Initial post-printing cell

viability (75%) appeared to be lower than in previous bioprints where 25G needles were used,
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presumably due to increased sheer stresses. Viability analysis beyond 7 days was restricted by

deteriorating construct integrity.

4.3.10 FRESH Bioprinting of UV-Crosslinkable Methacrylated Alginate (AlgMA)
Constructs

Following successful FRESH bioprinting of alginate structures, methacrylated alginate
(AlgMA) was investigated as an alternative bioink. Due to the low viscosity of non-UV
crosslinked AlgMA, extrusion bioprinting was again performed using the FRESH method, with
10mm x 10mm x 1mm porous constructs bioprinted using 25G needles. It was expected that
the potential to perform both UV- and ionic crosslinking could increase construct stability
within extended cell culture. Furthermore, use of a 25G needle was expected to reduce shear
stresses to cells during bioprinting and therefore improve cell viability compared to use of a

30G needle.

4.3.11 Impact of Crosslinking Conditions on AlgMA Stability

The impact of different crosslinking conditions on the stability in culture of bioprinted AlgMA
was first examined (Fig. 4.13 A). Use of CaCl; alone for crosslinking following bioprinting
led to insufficient stability, whilst combining dual ionic crosslinking (CaCl; and BaCl,) with

UV-crosslinking led to the lowest overall rates of degradation.

Table 4.3 Impact of Crosslinking Conditions on AIgMA Stability in Culture.

Day 7 — Gross Integrity  Day 14 - % Degradation

100mM CaCl> Degraded Degraded — 100%
40mM BacCl, Intact 33+8
100mM CaCl; & 40 mM BaCl; Intact 34+12
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100mM CaCl,, 40 mM BaClo +yy  Intact 28+8

4.3.12 Impact of UV-Crosslinking on Cell Viability

The impact of UV-crosslinking on cell viability was also examined (Fig. 4.13). When constructs
were exposed to UV light for 60s and ionic crosslinking conditions kept constant, it was found
that cell viability was not significantly impaired compared to non-UV exposed AlgMA

constructs over a 14-day period (p>0.05) (Fig. 4.13 B).

A

Post-Printing Day 14

Live Dead Live Dead
) - -
Non-UV
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Figure 4.13 Impact of UV-crosslinking on cell viability. (A) Live/dead imaging of UV- and
non-UV exposed 100 mM CaCl./40 mM BaCl, AlgMA constructs up to 14 days following
bioprinting demonstrated good cell growth in both constructs, (B) with no significant difference

in cell viability demonstrated (p>0.05).

4.3.13 Combining Different lonic Crosslinking Conditions with UV Crosslinking —
Impact on Cell Viability

UV-crosslinking of AIgMA constructs was combined with different ionic crosslinking
conditions during the FRESH bioprinting process, allowing the impact of different ionic
crosslinking conditions on AlgMA construct biocompatibility to be examined. Following
extrusion into a gelatin support bath, constructs were crosslinked using either CaClz, BaCly, or

a sequential combination of both, with all constructs exposed to 60s UV crosslinking. No

148




significant difference in cell viability was observed between different crosslinking conditions,

with good cell growth demonstrated in all four constructs after 14 days (Fig. 4.14).

A
Post-Printing Day 14
Live Dead Live Dead
100mM CaCl,
20 mM BaCl;
40mM BaCl-
100mM CaCly
40 mM BaCl,
B
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Figure 4.14 Impact on cell viability of combining different ionic crosslinking conditions with
UV crosslinking. (A) Live/dead imaging of UV and ionically crosslinked AlgMA constructs up
to 14 days following bioprinting demonstrated good cell growth in all constructs, (B) with no

significant difference in cell viability demonstrated (p>0.05). Scale bars represent 100 um.

4.3.14 Extended Culture of Triple Crosslinked AlgMA Constructs
Over 28 days of culture, triple crosslinked (UV/100mM CaCl,40 mM BacCly) 2 % w/v AlgMA/
0.5% Ig 2959 constructs maintained their initial bioprinted design, whilst appearing to support

healthy ADSC growth and proliferation (Fig.4.15).
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Timepoint  Live stain Dead Stain Live stain on Dead stain on Structural
acellular acelular moprhology
control control

Day1

Day 7

Day 14

Day 21

Day 28

151




100
90
80
—~ 70
~
g 60
S 50
<
Z 40
o
O 30
20
10
0
1 7 14 21 28

Time (Days)

m100mM CaCl2/40mM BaCl2/UV AlgMA

Figure 4.15 Cell viability and structural morphology of triple-crosslinked AlgMA loaded with
ADSCs at a density of 1 x 10° cells/ml. (A) Live/dead imaging of UV and ionically crosslinked
AlgMA constructs up to 28 days following bioprinting demonstrated good cell growth, well

maintained structural morphology and (B) strong cell viability. Scale bars represent 100 pum.

4.3.15 Bioprinting Biogelx Standard Preparation Hydrogel (Biogelx S)

Biogelx S was examined as an alternative bioink to AlgMA with the expectation that it could
have superior bioactivity.

To allow comparison, extrusion bioprinting of 20mm x 10mm x 1mm porous constructs was
performed using Biogelx S, with the hydrogel viscous enough to be bioprinted without use of
the FRESH method. Over 3 weeks of culture, constructs grossly maintained their initial
bioprinted design although became more friable, whilst appearing to support strong ADSC

growth and proliferation. However, by one month construct integrity had deteriorated
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significantly, and constructs were much more friable during analysis and physical manipulation

compared to crosslinked AIgMA constructs (Fig. 4.16).

Timepoint Live stain Dead Stain Live stain on Dead stain on Structural
acellular acelular moprhology
control control

: - - - E
. e

- - - -

. - - - -

Day 21

Day 28

Figure 4.16 Cell viability and structural morphology of bioprinted Biogelx S loaded with

ADSCs at a density of 1 x 10° cells/ml. Strong cell viability is seen up to 21 days, with more

153




dead cells found after 6 weeks of culture. Bioprinted constructs retained shape and structural

integrity initially, before beginning to disintegrate. Scale bars represent 100 pum.

4.3.16 Bioprinting biogelx RGD preparation hydrogel (Biogelx RGD)

Biogelx RGD adds to the composition of Bioglex S by including the tripeptide Arg-Gly-Asp
(RGD). RGD was originally identified as the sequence within fibronectin that mediates cell
attachment and has subsequently been identified in a number of other proteins that support cell
adhesion, cell-substratum and cell-cell interactions [19]. Addition of RGD to the standard
Biogelx hydrogel therefore was expected to boost biocompatibility and cell growth. To
investigate this extrusion bioprinting of 10mm x 10mm X 1mm porous constructs was again
performed. Over 3 weeks of culture, constructs maintained their initial bioprinted design, whilst
appearing to support strong ADSC growth and proliferation up to 3 weeks, similar to that seen
in Biogelx S hydrogel constructs. However, after 3 weeks construct integrity again significantly

deteriorated (Fig. 4.17).
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Figure 4.17 Cell viability and structural morphology of bioprinted Biogelx RGD loaded with
ADSCs at a density of 1 x 10° cells/ml. Strong cell viability and proliferation is seen up to 21
days, with more dead cells found after one month of culture. Bioprinted constructs retained

shape and structural integrity initially, before beginning to disintegrate. Scale bars represent

100 pm.
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4.3.17 Comparison of Biocompatibility and Stability of AlIgMA and Biogelx Constructs

In summary, it was apparent that the best stability in culture was offered by FRESH-bioprinted
triple-crosslinked AIgMA constructs. However, comparison of cell viability found that Biogelx
RGD had significantly improved viability compared to Biogelx S and AlgMA between 14 and
28 days of culture (p<0.05) (Fig. 4.18). However, Biogelx RGD and Biogelx S constructs began
to lose significant structural properties during extended culture (Fig. 4. 16 and 4.17). Attention
was therefore turned to producing a bioink that could potentially combine biocompatibility with

stability in culture.
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Figure 4.18 Comparison of cell viability between AlgMA and Biogelx preparations. Addition
of RGD to Bioglex hydrogel led to significantly higher cell viability at 14 days of culture and
beyond (*<0.05) compared to AIgMA and Bioglex S. However, both Biogelx S and Bioglex

RGD had visible signs of degradation at 28 days whilst AIgMA scaffolds remained intact.
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4.3.18 Incorporation of Collagen into Bioinks

As the most the most abundant macromolecule with the ECM of cartilage and bone, collagen
represents an obvious choice for inclusion in a bioink directed at osteochondral regeneration.
As part of the native ECM it is inherently biocompatible, biodegradable and has been shown to
help stimulate cell proliferation and differentiation as it includes amongst other motifs a high
density of RGD sequences that facilitate cell adhesion and cell differentiation [20, 21].
However, in common with other natural polymers, collagen has mechanical properties that are
insufficient for creating a load-bearing scaffold and is also prone to degradation [22, 23]. The
following section therefore developed production of a collagen hydrogel to allow formation of

a bioink, and also examined combining collagen with AIgMA to create a composite bioink.

4.3.19 Collagen Hydrogel Production

Type | collagen was initially extracted from rat tails (Methods 3.1.11.18). To calculate the
concentration (mg/ml) of collagen produced, 3ml of the extract solution was pipetted into 3 pre-
weighed 100mm petri dishes and the collagen allowed to dry at 37°C before reweighing of the
collagen precipitate. The initial dry weight of collagen extracted was calculated as 5 + 0.3

mg/ml.

Collagen gels were prepared (Methods 3.1.11.18) and different methods then used to
biofabricate structures using the resulting hydrogels. Collagen gelation occurs as temperatures
increase towards room and body temperature at 37°C [24]. Due to the lack of a temperature
control on our 3D bioprinter printhead, initial strategies to biofabricate 3D collagen structures
therefore focused on moulding techniques instead of bioprinting. This circumvented the
potential issue of bioprinter nozzle blockages occurring due to gelation of collagen within the

bioprinter nozzle during bioprinting.
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4.3.20 Use of Soft Lithography to Biofabricate Collagen Structures

Two separate approaches were utilised to produce 3D structures using collagen gels. Initially,
silicon moulds were produced by stamping liquid silicone with a 3D-printed PLA design. Once
the silicon cured, this allowed collagen to be injected into the inverse mould produced. Collagen
gel was allowed to cure via crosslinking at 37°C before 3D collagen structures were physically
released from the silicone mould and placed into further incubation in culture conditions (Fig.
4.19 A). Unfortunately, the collagen structures became fragile in nature during prolonged

culture and began to fragment.

In a similar approach, 3D printed PLA stamps were used to create mould designs in liquid
agarose. Once the agarose had set, PLA stamps were removed allowing collagen to be injected
into the stamp design left behind. Collagen was again allowed to crosslink at 37°C before release
from the mould and further incubation in culture conditions. Again, collagen structures

demonstrated evidence of fragmentation during prolonged culture (Fig. 4.19 B).

Despite structural integrity of the moulded collagen constructs visibly deteriorating within
culture conditions over a 7-day period (Fig. 4.19), cell viability remained high in remaining
construct materials after 7 days of culture. Initial viability of ADSCs encapsulated in the
collagen gel at a density of 1 x10° cells/ml was 95 + 3%, whilst at 7 days 82 + 5% of cells

remained viable (Fig. 4.20).
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Collagen applied to mould Release of construct from mould Construct at 7 days

(B)

PLA stamps inserted into Removal of PLA stamps to

liquid agarose leave inverse in mould Collagen injected to moulds

Figure 4.19 Moulding techniques to produce collagen structures. (A) Silicon inverse moulds
were used as part of a soft lithography technique to produce porous collagen scaffolds. Collagen
injected into the mould was allowed to crosslink at 37°¢ before release from the mould and
further incubation in culture conditions. (B) A further inverse moulding technique was utilised,
with 3D printed PLA stamps used to create mould designs in liquid agarose. Once the agarose

had set, PLA stamps were removed allowing collagen to be injected into the stamp design left
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behind. Collagen was again allowed to crosslink before release from the mould and further

incubation in culture conditions. Scale bar represents 1cm.
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Figure 4.20 Viability of ADSCs within moulded collagen structures. (A) Live/dead imaging of
ADSCs within collagen constructs. (B) Despite structural integrity deteriorating within culture

conditions, cell viability remained high after 7 days of culture.

4.4 Discussion

4.4.1 Choice of cell type

MSCs and ADSCSs were used throughout experiments due to their multipotent potential to
differentiate into cell types found in musculoskeletal tissues, including chondrocytes and
osteocytes. Compared to pluripotent cell sources, such as such as embryonic stem cells (ESCs),
MSCs and ADSCs have increased availability and reduced ethical considerations, making them
a more feasible cell source for clinical tissue regeneration. ADSCs can reportedly be harvested
at up to 500 times the density of BMMSCs from equivalent volumes of tissue [25, 26].
Furthermore, adipose tissue biopsy in patients also involves a less painful and invasive
procedure with lower risk of morbidity than bone marrow biopsy [27]. Some reports also
suggest that ADSCs have higher proliferative capacity and apoptosis tolerance compared to
BMMSCs and are less affected by patient age in their capacity for proliferation and
differentiation [25, 28]. MSCs are however recognised as being capable of producing a variety
of ECM molecules that are critical for cartilage function, including collagens (Cols),
fibronectin, proteoglycans, and glycosaminoglycans (GAGS), as well as a variety of cytokines

[29] and have been extensively research within cartilage regeneration [2, 26, 30-33].
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4.4.2 Initial Use of an FDM Approach and PCL Filaments

The primary aim of this research was to design and optimise a 3D biofabrication methodology
capable of supporting 3D osteochondral regeneration. Initial work focussed on the use of PCI
and an FDM 3D printer to produce a porous scaffold that could be seeded with cells.
Advantages of PCL include biocompatibility, relatively slow degradation rate, less acidic
breakdown products in comparison to other polyesters and potential for load-bearing
applications [34-37]. However, previous studies have demonstrated the benefit of modifying
PCL to improve bioactivity [10, 13]. Initial exposure of PCL scaffolds to NaOH was performed
to improve hydrophilicity of scaffolds as PCL is recognised as having a relatively low surface
hydrophilicity, which ultimately impairs cellular adhesion [38]. Immersion of PCL in NaOH
causes surface hydrolysis and disruption of ester linkages along the PCL polymer backbone,
increasing exposure of hydroxyl and carboxylic acid groups on the PCL surface that can form
hydrogen bonds with water molecules [10, 23]. However, prolonged NaOH exposure can lead
to unchecked breakdown of scaffold structure and mechanical integrity [38, 39]. Exposure of
PCL scaffolds to NaOH prior to MSC seeding led to significantly greater cell viability at 24 hrs
(p<0.05), with no benefit found to increasing exposure beyond 1M NaOH or 1 hr duration of
immersion. This is in keeping with previous studies that found immersion of PCL scaffolds in
up to 4M NaOH led to improved cell attachment and viability, without significant change in

material properties [40, 41].

PCL scaffolds were then modified further, through the creation of hybrid hydrogel/PCL
scaffolds. The hydrophilic nature of hydrogels allows them to absorb up to 1000 times their
original weight in water into a three-dimensional network, ideal for supporting cell growth. At
the same time, they are highly permeable to oxygen, nutrients and other water-soluble

compounds, making them attractive materials for inclusion in tissue engineering constructs [42,
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43]. Alginate was chosen for use in a hybrid scaffold as a biocompatible and readily available
hydrogel that has previously been incorporated into several investigations of cartilage
biofabrication [23, 44, 45]. Biogelx S was chosen as a novel supramolecular biomaterial with
tuneable mechanical properties, that has previously been shown to facilitate chondrogenic
differentiation of MSCs in 3D culture [46]. It was notable that hybrid scaffolds incorporating
alginate and Biogelx S hydrogel both had superior cell viability compared to control PCL
scaffolds. This result was likely the result of improved biocompatibility, cell affinity and
replication of the native ECM imparted by the inclusion of hydrogels compared to use of PCL
alone.

Previous studies have successfully utilised hybrid scaffolds combining hydrogels such as
alginate with synthetic polymer scaffolds for cartilage and osteochondral regeneration [47, 48].
Alternative methods of adding natural polymer content to PCL scaffolds have also been
developed. Kim et al. melted PCL and alginate powders together before extruding the melted
composite through a print nozzle to create a 3D scaffold via an FDM approach [47]. Compared
to a pure PCL scaffold fabricated by the same method, PCL/alginate scaffolds showed increased
osteoblast cell viability, calcium deposition, ALP activity and greater cell-seeding efficiency
over 7 days in culture. However, applying this approach to include other natural polymers and
motifs is subject to limitations, as the melt process and high print nozzle temperatures required
for PCL is likely to denature many natural polymers. Electrospinning PCL together with
polymers including alginate has also allowed for the creation of scaffolds with enhanced cell
adhesion, improved cell viability, optimised mechanical properties and cellular differentiation
[49]. However, electrospinning can suffer from limitations including poor cell infiltration and
migration as a result of the close packing of scaffold fibres, risk of toxicity from residual

solvent, whilst electrospun scaffolds frequently have low mechanical strength [50].
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4.4.3 Rationale for Selection of an Extrusion Based Bioprinting Approach

Despite initial results with use of an FDM produced PCL scaffold, the desire to include a high
density of cells directly within the scaffold architecture (rather than seeding them onto a
prefabricated scaffold) led to a change in direction to developing a bioprinting approach.
Bioprinting can be used to deposit living cells, extracellular matrices and other biomaterials in
user-defined patterns to build complex tissue constructs “from the bottom up.” Compared to
the conventional tissue engineering method of seeding cells onto a prefabricated scaffold, 3D
placement of cells or biological content can be performed with greater precision, increasing
capacity to create more complex hierarchical tissue constructs [2, 51-54]. Whilst multiple
bioprinting technologies are available, including laser-based, inkjet and microvalve systems,
extrusion bioprinting was utilised in this project due to several advantages that it possesses.
Extrusion bioprinters typically deposit continuous filaments of materials rather than individual
droplets deposited in inkjet and laser-based systems. Pneumatic or mechanical pressure (as
utilised within our laboratory) is applied to a syringe, causing controlled bioink extrusion
through a nozzle. A significant advantage of this approach is the ability to deposit very high
cell densities, with some studies manging to purely print cells, for example as filaments of
cartilage [55]. A broad range of bioinks have also been successfully extrusion bioprinted,
including tissue spheroids, tissue strands, cell pellets, decellularized matrix components and
cell-laden hydrogels. Potential for scalability and clinical translation is increased by the high
print speed and size of constructs that can be extrusion bioprinted relative to other bioprinting
technologies. There are some limitations to extrusion bioprinting; extruded bioinks must have
sufficient viscosity to be self-supporting following bioprinting. In the case of alginate, collagen

and GelMA bioprinting, this required adoption of the FRESH method [56], whereby a support
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bath provided secondary support and guidance to bioprinted constructs following bioprinting,
until cross-linking could occur. However, use of this method results in additional labour related
to support bath preparation, and requires optimisation, adding complexity to the bioprinting
process. Furthermore, bioprinting so far with the FRESH approach typically has been
demonstrated with a single print needle, potentially limiting the contents of bioprinted
constructs to a single bioink [56]. Further challenges within extrusion bioprinting include
achieving high print resolution; cell survival decreasing with increasing pressure, nozzle gauge,
and shear stress and development of printable bioinks. These challenges were partly evident, as
earlier use of narrower 30 G needles to bioprint with alginate resulted in increased cell death
compared to bioprinting with 25G needles, presumably due to increased shear stresses within

the narrow gauge needle [53].

4.4.4 Initial Choice of Alginate-Based Bioink

Successful bioprinting relies in part on combining a suitable bioprinting technique with an
appropriate bioink [2]. Alginate was chosen as the initial hydrogel for investigation having
previously been applied to multiple biomedical applications, due to its biocompatibility, low
toxicity, relatively low cost, and crucially for 3D bioprinting, a capacity to undergo gelation by
addition of divalent cations such as Ca?" [57, 58]. The US Food and Drug Administration
(FDA) also previously approved alginate for a number of clinical trials [59, 60]. More than 200
different alginates are currently manufactured and in fact alginate is a whole family of linear
copolymers made from blocks of (1,4)-linked p-D-mannuronate (M) and a-L-guluronate (G)
residues. The blocks are composed of consecutive G residues (GGGGGG), M residues
(MMMMMM), and alternating G and M residues (GMGMGM). Alginates extracted from

different sources differ in M and G contents as well as the length of each block. The G-blocks
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of alginate are believed to primarily participate in intermolecular cross-linking with divalent
cations, and the mechanical properties of alginate gels typically are enhanced by increasing the
length of G-block and molecular weight [61]. Protanal (Protanal LF 10/60 FT, 89.00 g/mol,
FMC Biopolymers Girvan, UK) was chosen for inclusion in experimental work as a low
viscosity sodium alginate of high-G content. Protanal is well adapted to bioprinting compared
to some alternative alginates for two main reasons; low viscosity is recognised to decrease shear
stresses exposed to cells during the bioprinting process, whilst a high-G content (over 70%)
facilitates rapid crosslinking following bioprinting. Furthermore, it is recognised as having high
purity following manufacture; other alginate preparations retain higher levels of potentially pro-
inflammatory impurities such as endotoxin and polyphenols following extraction from seaweed

[57] .

4.4.5 Development of AlgMA-Based Bioink with Optimised Crosslinking

Initial work relied on the use of calcium crosslinking to maintain stability of alginate constructs
following extrusion. However, it is recognised that exchange reactions with monovalent cations
such as sodium ions frequently occur in physiological conditions, leading to disruption of
divalent crosslinking, loss of mechanical properties and hydrogel disruption [62]. CaCl»
exposure can also result in an extremely fast gelation rate with alginate, creating varying
crosslinking densities throughout the construct [63]. This appeared to be the case in initial work,
despite partial pre-crosslinking with CaCl> prior to bioprinting, use of sonication to remove air
bubbles and overnight convalescence of hydrogels prior to printing to help improve
homogeneity of crosslinking, with construct integrity notably deteriorating as 7 days of culture
progressed. This is in keeping with previous work demonstrating significant ion exchange

occurring in culture conditions during the first 24 hours after alginate crosslinking [62], and
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significant construct deterioration tending to occur in the 7 days following biofabrication of
CaCl-crosslinked alginate structures [64]. Nevertheless, cell viability was promising and in
keeping with that reported following similar extrusion and biofabrication attempts using

alginate [64].

Attention was therefore turned to developing the bioprintability of AlgMA. The formation of
homogeneous, CaCl,-crosslinked alginate structures is challenging due to the rapid reaction
rate of CaCl> crosslinker which favours crosslinking of exposed surfaces over the inner content
of an alginate structure. Furthermore, physiological stability is depleted by loss of crosslinking
through ion exchange in culture [65]. However, AlgMA is chemically modified with
methacrylate groups that can form covalent bonds through free radical polymerization in the
presence of UV light and a photoinitiator [45]. Furthermore, as the methacrylated alginate has
remaining free carboxylic acid groups, it can also interact with calcium or other divalent cations
to form additional crosslinks [66]. Penetration of UV light through the AIgMA hydrogel also
potentially helps with improving homogeneity of crosslinking. Performing combined triple
crosslinking, via dual ionic (CaCly, BaClz) and UV crosslinking, appeared to significantly
reduce construct degradation within culture, whilst simultaneously supporting good cell
viability. After 14 days and then 28 days, no detectable impact on cell viability was evident
following UV exposure. BaCl» also had a significant impact on improving construct stability
compared to use of CaCl; crosslinking. Previous research has shown Ba?* to bind with greater
affinity to alginate than Ca?*, whilst also binding to G- and M-blocks [58]. It has also been
shown to significantly prolong stability of biofabricated alginate constructs in vitro [64].
However, one potential limitation is the known toxicity of barium in high doses [67]. Further

to this, high-G alginate gelled with a combination of calcium and a relatively lower
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concentration of barium has been recommended to minimise risk of barium accumulation and
leakage into the body, although it has been shown that unbound barium can at least partly be
removed through serial washing of constructs prior to culture or implantation [68]. The decision
was therefore made to implement a triple crosslinking approach as standard, via dual ionic
(CaClz, BaClz) and UV crosslinking, with the concentration of barium used lower than in some
other reported studies [58, 64, 68]. The increase in construct stability and scaffold mechanical
properties induced through triple crosslinking has also previously been shown to lead to
increased stiffness and decreased swelling, compared to ionic or UV-alone crosslinked
scaffolds. This in turn is thought to be favourable to chondrocyte, MSC and osteogenic cell
growth, as it closer replicates the mechanical properties of the native ECM [66, 69].
Furthermore, construct stability appeared to be improved via triple crosslinking, with the lowest
levels of degradation found in triple cross-linked constructs. [70]. UV-crosslinking of AlgMA
has also previously been shown to support controlled drug delivery from stable 3D constructs
[66], whilst a further study demonstrated greater than 80% viability of bovine chondrocytes
encapsulated within dual CaCl, and UV crosslinked AlgMA hydrogels after 7 days of culture.
Our results support these findings, with structural integrity and high cell viability within triple

crosslinked AIgMA constructs maintained several weeks after bioprinting.

4.4.6 Evaluating Biocompatibility of AlgMA via Comparison to Biogelx Hydrogel

One potential limitation of alginate is the relative lack of cell-binding properties it possesses,
potentially hindering cellular proliferation, migration, and higher order organization [59]. With
a view to encouraging dense cell growth and ECM deposition in bioprinted constructs, the
printability of Biogelx hydrogels was therefore developed. Previous work involving cell culture

with Biogelx hydrogels has revealed attractive properties for use in tissue regeneration. Biogelx
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S utilises a two-component co-assembly approach comprising a peptide-based gelator (the
structural element) and a surfactant-like molecule that presents carboxylate functionality to the
surface of fibres, enabling subsequent cross-linking upon exposure to divalent cations (Ca?+)
present in tissue-culture media [71]. Specifically, fluorenyl-9-methoxycarbonyl-
diphenylalanine (Fmoc-F2) undergoes co-assembly to form a nanofibrous network with the
surfactant-like Fmoc-serine (Fmoc-S) [46]. Previous research has shown evidence of serum
proteins from cell-culture media and cells interacting with the nanofibrous network, allowing
cell attachment to the fibres [46]. By varying co-assembly concentrations within the hydrogel
preparation, mechanical stiffness of the hydrogel can be tuned to reach desired targets. Within
soft (1 kPa), stiff (13 kPa), and rigid (32 kPa) gels, neuronal, chondrogenic, and osteogenic
differentiation, respectively, has previously been achieved [46]. In contrast to AlgMA
hydrogels, Biogelx hydrogels also have the ability to form nanofibrous networks, which are
thought to be more biomimetic and result in improved interaction with cells than covalently
cross-linked structures [46, 72]. With the benefit of RGD inclusion, cell viability was improved
in Biogelx RGD hydrogels compared to AIgMA and Biogelx S. This is consistent with previous
literature, where RGD modification has led to improved growth of chondrocytes and
production of cartilage [73], and osteoblast growth and mineralisation of tissue [74] in RGD-
modified hydrogels. However, whilst denser cell growth potentially appeared to develop within
Biogelx S compared to AlgMA over 28-day culture, cell viability was not statistically
significantly improved. AIgMA constructs also had far superior structural integrity during

prolonged culture compared to both Biogelx S and Biogelx RGD.
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4.5 Overall Summary of Results

The overall aim of this chapter was to develop and optimise a 3D biofabrication approach that
can be applied to target the regeneration and reconstruction of osteochondral defects. Key
challenges therefore included the identification and optimisation of successful biofabrication
techniques, biomaterials and cell sources that could be applied to osteochondral regeneration.
Initial attempts deployed an FDM approach to produce PCL scaffolds that could be seeded with
hBMMCs. It was apparent that use of hydrogels significantly increased cell viability and had
the benefit of greater biocompatibility compared to use of a thermoplastic PCL scaffold alone.
Attention therefore turned to development of a bioprinting approach. When alginate was
combined with a FRESH bioprinting approach, complexity and scale of constructs could be
increased. Stability in prolonged culture was however limited, and so AIgMA was combined
with UV and double-ionic (BaCl, and CaCly) crosslinking following bioprinting, leading to
significantly enhanced bioink stability in culture without impairing cell viability. However,
when comparison was made to Biogelx and collagen preparations, improvement in cell viability
was seen. To allow successful treatment of OCD defects, it will be necessary to match the
accurate bioprinting of complex constructs achieved using a FRESH approach with a
biocompatible bioink with enhanced stability in culture. Attention will therefore be turned in
the next chapter to producing a bioink that could potentially combine superior biocompatibility

with stability in culture.
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5 Chapter 5 — Development of Composite Bioinks for Osteochondral
Regeneration

5.1 Introduction

A key challenge identified within chapter 4, and within the wider field of biofabrication, has
been balancing bioink rheological properties required for printability and structural integrity
with bioink biocompatibility after bioprinting [1-3]. To address this challenge previous studies
have successfully utilised composite bioinks combining synthetic polymers or more robust
hydrogels capable of undergoing crosslinking with naturally derived polymers to boost cellular
biocompatibility [4, 5]. Initial work with collagen hydrogel in chapter 4 demonstrated
promising cell viability. As the most the most abundant macromolecule with the ECM of
cartilage and bone, collagen represented a logical choice for inclusion in a hydrogel for
osteochondral regeneration. As part of the native ECM it is inherently biocompatible,
biodegradable and has been shown to help stimulate cell proliferation and differentiation as it
includes a number of motifs capable of facilitating cell adhesion and differentiation, including
high density of RGD [6, 7]. However, in common with other natural polymers, collagen has
limited mechanical properties and is also prone to degradation [8, 9]. By contrast, AlgMA
crosslinked via UV and CaCl,/BaCl, mechanisms within chapter 4 had robust stability in culture
with cell viability only slightly inferior to a non-UV crosslinked comparison Bioglex bioink at
28 days (Fig. 4.18). To create a bioink capable of combining biocompatibility with resilient
structural properties in culture, a range of composite bioinks will therefore be created in this
chapter by initially mixing a range of collagen and AIgMA preparations. The potential for
inclusion of GelMA in composite bioinks will also be explored. As a biomacromolecule

produced from denatured collagen, GelMA-based bioinks have gained increasing popularity
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within biofabrication due to excellent biocompatibility, photocrosslinkability, and tuneable
mechanical properties, whilst retaining some of the motifs present in native ECM crucial for

promoting cellular adhesion and growth [10-12].

5.2 Results

5.2.1 Mixing Stock Collagen and AlgMA Hydrogels to Produce Composite Bioinks
Composite bioinks were created by mixing different volumes of AlgMA 4% wi/v stock solution
and 4 mg/ml collagen solution (Table 5.1) using 5ml syringes and a 3-way connector (Fig.
4.21), with Irgacure added to achieve a final Ig crosslinking concentration of 0.5%. For
instance, 2.5ml of 4 wt% AlgMA was mixed with 2.5ml of 4 mg/ml collagen solution and
Irgacure to produce a final hydrogel of 2% AlgMA/0.5% Ig 2959/2 mg/ml Col. Cellular content
was added to the composite hydrogels using a 3-way connector (Fig. 3.8) as previously

described (3.11.1.1).
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Table 5.1 A range of composite bioinks with titrating AIgMA and collagen concentrations

created by mixing different ratios of AIgMA 4% wi/v stock solution and 4 mg/ml collagen

solution using 5ml syringes and a 3-way connector.

Stock Solution Title Bioink Composition

Ratios

AlgMA1:Coll AlC1 2% AlgMA/0.5% Ig 2959/2 mg/ml Col
AlgMA 1:Col2 AlC2 1.33% AlgMA/0.5% Ig 2959/2.67 mg/ml Col
AlgMA1:Col3  AlC3 1 % AlgMA/0.5% g 2959/3 mg/ml Col
AlgMA1:Col6 AlC6 0.5% AlgMA/0.5% Ig 2959/3.43 mg/ml Col
AlgMA 2:Col1  A2C1 2.67% AlgMA/0.5% g 2959/1.33 mg/ml Col
AlgMA 3:Coll A3C1 3 % AlgMA/0.5% Ig 2959/1 mg/ml Col
AlgMA6:Coll A6C1 3.43 % AIgMA/0.5% Ig 2959/0.5 mg/ml Col
AlgMA AlgMA 2 % AlgMA/0.5% g 2959
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5.2.2 Bioprinting Composite AlgMA/ Col Bioinks

Successful bioprinting of all composite bioinks was possible, allowing creation of 10mm X
10mm x Imm porous constructs for comparison. It was evident that scaffolds with high collagen
content had superior cell viability (* p<0.05, ANOVA) compared to scaffolds with low collagen
content and high AIgMA content at 7 days onwards of culture (Fig. 5.2 A and B). However,
increasing collagen content also appeared to lead to reduced construct stability in culture (Fig.
5.1). After 14 days, scaffolds with the highest collagen content (A1C6 and A1C3) were found
to have demonstrated significantly (p<0.05, ANOVA) higher levels of degradation (Table 5.2).
This was an expected finding, given that the collagen used was not methacrylated, and so unlike
AlgMA could not undergo UV or indeed ionic crosslinking. In turn, this made high collagen-

content scaffolds less resistant to degradation in culture conditions.

174




Bioink Bioprintability 14-day Day 14
Stability Live Stain Dead Stain

AlC1

Al1C2

Al1C3

Al1C6

A2C1

A3C1

A6C1

AlgMA
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Figure 5.1 Cell viability and structural morphology of bioprinted AlgMA/Collagen Composite
Bioinks loaded with chondrocytes (1 x 10° cells/ml). Strong cell viability and proliferation is
seen up to 14 days, with more dead cells found in bioinks with increasing AIgMA content.
Bioprinted constructs retained shape and structural integrity initially, with higher collagen

content predisposing to fragility of constructs in culture. Scale bars represent 100 um.
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Figure 5.2 Cell viability analysis of composite AlgMA/Collagen bioinks over 28 days.
Scaffolds with increased AlgMA content compared to collagen content displayed inferior (A)
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chondrocyte and (B) hBMMSC viability (* p<0.05, two-way ANOVA, Tukey post-hoc) at 7
days onwards of culture. However, lower AlgMA concentration and higher collagen content
also led to decreased structural viability, with analysis of AlgMA 1: Col 6 not possible beyond

21 days as scaffolds disintegrated.

5.2.3 Composite AlgMA/Col Bioink Fidelity and Degradation Following Bioprinting

The pore size and vertical thickness of scaffolds was measured following bioprinting with
comparison made to an intended design of vertical thickness 1mm and pore size of 0.2mm.
Scaffolds with higher AIgMA content tended to conform closer to intended print design. It was
also evident that after 14 days scaffolds with higher collagen tended to undergo higher levels
of degradation. A1C6 scaffolds experienced significantly (* p<0.05, one-way ANOVA, Tukey
post-hoc) higher levels of degradation than AIgMA, A1C1, A2C1, A3C1 and A6C1 scaffolds
by 14 days. A1C3 scaffolds also had significantly higher levels of degradation compared to

AlgMA scaffolds (* p<0.05, one-way ANOVA, Tukey post-hoc) (Table 4.5).
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Table 5.2 Measured pore size and vertical thickness of AlgMa/Col scaffolds immediately

following bioprinting. Scaffold degradation after 14 days of culture also displayed.

Vertical thickness

Pore Size (mm)

Weight loss

(% of original)

Bioink (mm)

AlgMA 1.0+01 0.22+0.01 28+ 8
AlC1 1.0+01 0.19+0.03 39+9
Al1C2 1.1+01 0.19+0.04 42 £ 10
Al1C3 1.2+0.15 0.18 £ 0.03 47+7*
A1C6 1.2+0.2 0.17 £ 0.04 63+10*
A2C1 1.0+0.18 0.19+0.02 36+ 10
A3C1 1.1+0.2 0.19+0.03 34+11
A6C1 1.0+0.2 0.20 £ 0.02 308

5.2.4 Osteochondral Defect Injection with AlgMA/ Col Bioinks

Osteochondral defects 5 x 5 x 1 mm in dimension were injected (or filled with bioprinted

patches) with AlgMA/Col bioinks containing chondrocytes or hBMMSCs at a density of 1 x

108/ml. Injected defects were patched over more successfully using bioinks with higher AlgMA

content, with increasing use of collagen predisposing to breakdown of the injections (Table

5.3). However, higher collagen content also supported improved cell viability and growth (Fig

5.3and 5.4). A2C1 (2.67% AlgMA/0.033% Ig 2959/1.33 mg/ml Col) appeared to offer a good

balance of high cell viability and maintained structural integrity after 14 days of culture. Overall

chondrocyte and hBMMSC viability in osteochondral injections was comparable to that of

chondrocytes and hBMMSCs 3D bioprinted using the same bioinks.
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Bioink Osteochondral Day-14 Day-14 Day-14
Defect Injection  Injection Stability Live Stain Dead Stain

AlC1

Al1C2

Al1C3

Al1C6

A2C1

A3C1

A6C1
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Figure 5.3 Cell viability and morphology of osteochondral defects injected with AlgMA /Col
Composite Bioinks loaded with chondrocytes. Strong cell viability and proliferation is seen up
to 14 days, with more dead cells found in bioinks with increasing AIgMA content. Higher
collagen content predisposed to macroscopic breakdown of osteochondral injections in culture.

Scale bars represent 100 um.
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Figure 5.4 Viability of osteochondral defect injections using AlgMA/Col bioinks loaded with
(A) chondrocytes and (B) hBMMSCs over 14 days in culture. Constructs with increased
AlgMA content (AlgMA, A6C1) had inferior cell viability (p<0.05, two-way ANOVA, Tukey

post-hoc) compared to scaffolds with lower AIgMA content and relatively higher collagen
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content at 7 days onwards of culture. However, higher collagen content also led to decreased
structural viability, with macroscopic evidence of injection breakdown seen in scaffolds with

lower AIgMA content and higher collagen content.

Table 5.3 Physical integrity of osteochondral defect injections using AlgMA/Col bioinks loaded with

chondrocytes or h(BMMSCs over 14 days in culture.

Bioink AlgMA  AlC1 Al1C2 A1C3  AlC6 A2C1 A3C1 AeCi

OCD Injection | Intact  Slight Failur ~ Failur  Failur Intact Intact Intact

Integrity erosion e e e

5.3 Use of Gelatin Methacrylate (GelMA) to Produce Composite Bioinks

Whilst the results of combining AIgMA and collagen to produce bioinks were encouraging,
improved biocompatibility achieved through inclusion of collagen came at the expense of a
deterioration in construct stability in culture and subsequent loss of integrity of osteochondral
defect injections in vitro. Maintained stability of constructs is clearly a desirable property when
attempting to achieve repair of an osteochondral defect. Patients undergoing cartilage repair
surgery are frequently kept non-weight bearing for a number of weeks to support the integrity
of an osteochondral repair, and so injected repairs need not be strong enough to allow immediate
weight bearing. However, implanted cells still need to be held in place for sufficient time to
allow sufficient development of extracellular matrix and regeneration of the host articular

surface to occur [13].

As an alternative hydrogel to collagen, gelatin methacrylate (GelMA) has several desirable

properties that offer promise for use in cartilage regeneration. Gelatin is a water-soluble protein
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manufactured through the denaturation of collagen. Aqueous solutions of gelatin form
thermoreversible hydrogels below their upper critical solution temperature of 25-35 °C [14],
allowing thermal gelation to aid in the shape retention of bioprinted constructs. Production of
GelMA from gelatin via a methacrylation process can be tuned to allow different degrees of
methacrylation to occur, with high degrees of methacrylation found to lead to greater
compressive moduli following UV crosslinking [14-19]. GelMA also has a high level of
biocompatibility; due to a hydrophilic nature, it allows a high water content and permeability
to nutrients; possession of integrin-binding motifs, and matrix metalloprotein (MMP)
degradation sites allow cell adhesion, proliferation and migration to occur and also help make
gelatin biodegradable [20]. Overall, GelMA solutions tend to have a low viscosity at room or
body temperature, and so combining GelMA with other more viscous hydrogels such as AlgMA
could offer a potential route to production of a biocompatible and stable composite hydrogel in

culture [14, 21].

5.3.1 Initial Evaluation of GeIMA and AlgMA Composite Bioink Properties

Initially, the water contact angles (WCAs) of AlgMA, AlgMa-GelMA composite hydrogels and
a cell culture dish were compared. This gives a measure of the wettability of the hydrogel,
which directly influences interaction with cell culture medium, surface proteins and subsequent
cellular adhesion. It was apparent that inclusion of GelMA significantly improved properties
compared to pure alginate (Fig. 5.5). The WCA of pure AIgMA was less than 10° indicating
very high hydrophilicity. By comparison, pure 10% GelMA had a WCA of 82°, indicating
hydrophobic properties. Creation of AlgMA-GelMA composite hydrogel led to optimised
performance, with the WCAs of AIgMA-GelMA (2%, 5%) far closer to that of a cell culture

dish.
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Figure 5.5 The water contact angle of AIgMA (4%), GelMA (10%) and AlgMA-GelMA (2%,
5%) composite hydrogels. Creation of AlgMA-GelMA composite hydrogels led to optimised
performance, with the WCA of AlgMA-GelMA (2%, 5%) composite hydrogel close to that of

a cell culture dish.

The mechanical properties of AlgMA, GelMA and AlgMA-GelMA composite hydrogels were
also compared. The compressive modulus of the composite AlgMA-GelMA hydrogel was

significantly improved compared to pure AIgMA and GelMA hydrogels (Fig. 5.6).
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Figure 5.6 Mechanical properties of GelMA (10%), AIgMA (4%) and AlgMA-GelMA (2%,
5%) hydrogels. Stress-strain curves (a) and compressive moduli (b) of GelMA (10%), AlgMA
(4%) and Alg-GelMA (2%, 5%) hydrogels. Creation of a composite hydrogel led to improved

mechanical properties.

5.3.2 Mixing Stock GelMA and AlgMA Hydrogels to Produce Composite Bioinks

Composite bioinks were created by mixing different volumes of stock AIgMA 4% w/v solution
and 10 wt% GelMA solution using 5ml syringes and a 3-way connector (Table 5.4). For
instance, 2.5ml of 4 wt% AlIgMA/0.5% Ig 2959 was mixed with 2.5ml of 10 wt% GelMA/0.5%
Ig 2959 solution to produce a final hydrogel of 2% AlgMA/5% GelMA/0.5% 1g 2959. Cellular

content was added to the composite hydrogels using the methodology as described for AlgMA.

Table 5.4 A range of composite bioinks with titrating GeIMA and AlgMA concentrations were
created by mixing different ratios of AlgMA 4% w/v stock solution and 10% w/v GelMA stock

solution using 5ml syringes and a 3-way connector.

Stock Solution Ratio ~ Title  Bioink Composition

AlgMA 1:GelMA1 AlGl 2% AlgMA/5% GelMA/0.5% Ig 2959

AlgMA 1:GelMA2  Al1G2 1.33% AlgMA/6.66 % GelMA/0.5% Ig 2959

AlgMA 1:GelMA3  Al1G3 1% AlgMA/7.5% GelMA/0.5% Ig 2959

AlgMA 2: GelMA1  A2G1 2.67% AlgMA/3.33% GelMA/0.5% Ig 2959

AlgMA 3:GelMA1  A3Gl1 3% AlgMA/2.5% GelMA/0.5% Ig 2959
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5.3.3 Bioprinting Composite AlgMA/ GelMA Bioinks

Successful bioprinting of all composite bioinks was possible, allowing creation of 10mm X
10mm x 1mm porous constructs for comparison. Through observation of construct stability in
culture over a two-week period, it was evident that all composite bioinks facilitated maintained
infilling of osteochondral defects and cell growth. Incorporation of GelMA into composite
bioinks did appear to result in improved biocompatibility, with a significant trend towards
greater cell growth and improved cell viability demonstrated (Fig. 5.7 and Fig. 5.8). Increasing
AlgMA content led to a significant decrease in degradation of bioprinted constructs, with
GelMA (*p<0.05) found to have a significantly higher degradation at 14 days compared to
AlgMA, A2G1, and A3G1 scaffolds. Increasing GeIMA content did appear to lead to a slight
improvement in print resolution and conformation with bioprint design thickness and pore size

(Table 5.5).
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Table 5.5 Measured pore size and vertical thickness of scaffolds immediately following

bioprinting. Scaffold degradation after 14 days of culture also displayed.

Vertical thickness Pore Size (mm) Weight loss
(mm) (% loss of original)
AlgMA 1.0+£0.1 0.22+0.01 28+9
AlGl 1.0+£0.1 0.19+0.03 34+11
AlG2 1.0+0.05 0.2+0.06 37+10
AlG3 1.0£0.05 0.2+0.03 43+9
A2G1 1.2+£0.2 0.18 +0.04 32+16
A3G1 30+10
1.2+0.18 0.18 +0.02
GelMA 54 + 16*
1.0+ 0.05 0.20 £ 0.05
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5.3.4 Bioprinting AlgMA/GelMA Composite Bioinks

Bioink Bioprintability  14-day Stability Day 14 Live Day 14 Dead
Stain Stain

GelMA

AlG1

Al1G2

Al1G3

A2G1

A3G1

Figure 5.7 Viability of scaffolds bioprinted using AlgMA/GelMA bioinks loaded with

chondrocytes shown over 14 days in culture. Whilst healthy cell growth and maintained scaffold
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structure was seen in all scaffolds, there was a trend towards increased cell viability in scaffolds
with higher GeIMA content. Pure AIgMA scaffolds had relatively inferior cell viability (*
p<0.05) compared to scaffolds with lower AlgMA content and higher GelMA content at 7 days

onwards of culture (Fig. 5.8).
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Figure 5.8 Cell viability analysis of composite AlgMA/GelMA bioinks over 28 days. There
was a trend towards scaffolds with increased GelIMA content having improved (A) chondrocyte
and (B) hBMMSC cell viability. Pure AlgMA scaffolds had significantly (*< p<0.05, two-way

ANOVA) inferior cell viability compared to scaffolds with relatively higher GeMA content at

7 days onwards of culture for both chondrocytes and hBMMSC scaffolds.

5.3.5 Osteochondral Defect Injection with AlgMA/ GelMA Bioinks

Successful injection of OCDs was physically maintained with use of all composite AlgMA/
GelMA bioinks, with only GelIMA showing signs of partial breakdown of injections after two
weeks of culture (Table 5.6). Incorporation of GelMA into composite bioinks did appear to
result in improved biocompatibility, with a significant trend towards greater cell growth and
improved cell viability demonstrated (Fig. 5.9 and Fig. 5.10). At 7 days, AlgMA OCD

injections had inferior cell viability compared to GelMA OCD infills (*p<0.05, ANOVA). By
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14 days, AlgMA had significantly inferior cell viability (* p<0.05) compared to GelMA, A1G3
and A1G2 scaffolds. A3G1 scaffolds also had significantly inferior cell viability (* p<0.05)

compared to GeIMA and A1G3 scaffolds.

Bioink Osteochondral Injection 14-day Day-14

Defect Injection  Stability Live Stain Dead Stain

GelMA

AlG1

Al1G2

AlG3

A2G1

A3G1
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Figure 5.9 Viability of osteochondral defect (OCD) injected areas using AlgMA/GelMA
bioinks loaded with chondrocytes over 14 days in culture. Increased AlgMA content led to
relatively inferior cell viability (p<0.05) compared to scaffolds with lower AlgMA content and
higher GelMA content at 7 days onwards of culture. However, higher GeIMA content also led
to decreased structural integrity, with macroscopic evidence of OCD injection breakdown seen

when pure GelMA was used.

Table 5.6 Macrosopic integrity of osteochondral injections using AlgMA/GelMA bioinks

loaded with chondrocytes over 14 days in culture.

Bioink

AlgMA  Al1G1 Al1G2 Al1G3 A2G1 A3G1 GelMA
Defect Intact Intact Intact Intact Intact Intact Slight
Injection breakdown
Integrity
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Figure 5.10 Viability of osteochondral defect injections using AlgMA/GelMA bioinks loaded

with (A) chondrocytes and (B) hBMMSCs over 14 days in culture. Injections performed using
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bioinks with increased AIgMA content demonstrated a trend towards inferior cell viability. At
7 days, AlgMA OCD injections had inferior cell viability compared to GelMA OCD injections
(*p<0.05, two-way ANOVA). By 14 days, AlgMA had significantly inferior cell viability (*
p<0.05) compared to GelMA, A1G3 and A1G2 scaffolds. A3G1 scaffolds also had significantly

inferior cell viability (* p<0.05) compared to GelMA and A1G3 scaffolds.

5.4 Creation of Spheroids for Incorporation into Bioinks

Following optimisation of bioink composite hydrogel content and crosslinking conditions,
attention turned to the incorporation of cell spheroids into constructs to potentially increase
early cell growth and aggregation. Cell aggregates or spheroids have superior intercellular
communication and extracellular matrix development when compared to cells grown in 2D
culture, and thus inclusion of spheroids in bioinks instead of initial single cell suspensions could
potentially accelerate the growth and development of printed constructs after bioprinting [22].
There are several examples of bioprinted spheroids used in the biofabrication of cartilage,

nerves and other soft tissues [23-27].

In the following section a 3D culture system was adapted from methods originally described by
Dahlmann et al. [28] to produce high volumes of regularly sized ADSC, MSC and chondrocyte
aggregates. Aggregates of hLBMSCs, ADSCs and chondrocytes were successfully created and
harvested from agarose moulds (Fig. 5.11). Spheroids appeared largely matured 48 hours post-
seeding in terms of morphology and size of cell body (Fig. 5.11 C), and beyond 72 hours
became more difficult to remove from agarose moulds. Despite use of ultra-pure agarose, it
remains possible that cells adhered to impurities within the agarose, increasing the difficulty of

dislodging them. Once spheroids were harvested, bioinks could be formed containing high
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densities of spheroids (Fig. 5.11 E). Spheroids encapsulated in hydrogels maintained high

viability following harvesting (Fig. 5.11 F).

Figure 5.11 Production of Spheroids. (A) Seeded hBMSC spheroids in agarose microwells (B)
hBMSC spheroids at 24 hours (C) hBMSC spheroids at 48 hours (D) hBMSC spheroids at 72
hours. (E) Harvested chondrocyte spheroids immersed in a collagen hydrogel. (F) Live staining
showing excellent spheroid viability after harvesting and encapsulation in hydrogel. Scale bar
=100um.
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5.4.1 Bioprinting and Osteochondral Defect Injections using Spheroids

Comparison was made between the growth of single-cell and spheroid-cell containing bioinks
using the A1G2 bioink. A1G2 was selected as the “delivery” bioink having demonstrated a
combination of good overall cell viability, low degradation and high bioprint resolution when
used to bioprint scaffolds or as an injectable bioink to patch-up OCDs. To allow fair comparison
an initial single cell suspension of chondrocytes was prepared at a density of 1 x10°
chondrocytes/ml in A1G2. A spheroid cell suspension was then prepared using 1 x10*
spheroids/ml (equating to around 1 x108 chondrocytes/ml, as 100 cells were initially seeded
into each agarose microwell to allow individual spheroid formation). Cell growth was well
supported in both spheroid and single-cell suspension containing bioinks, with cell viability not
found to be significantly different at any time point up to 14 days (Fig 5.12 B). However, density
of cell growth was significantly improved beyond 3 days of culture (p<0.001, t-test) when
spheroids were included in bioinks instead of single cell suspensions (Fig. 5.13). When growth
was compared between OCD injections and scaffolds produced using the same A1G2 bioink,
there appeared to be a slight trend towards improved viability and density of cell growth in
bioprinted scaffolds compared to injected OCD repairs for both spheroid and single-cell A1G2
bioinks, however this did not reach statistical significance in either case (p>0.05) (Fig. 5.12 and

Fig. 5.13).
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Figure 5.12 Cell viability observed during culture of single-cell and spheroid A1G2 bioinks
within 10 x 10 x 1mm scaffolds and 5 x 5 x 1mm osteochondral defects (OCDs). Chondrocytes

were loaded into A1G2 bioink at a density of 1 x 10° cells/ml, and either used to bioprint 10 x
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10 x 1mm scaffolds or injected into OCDs to repair them. Concurrently, chondrocyte spheroids
were loaded into A1G2 bioinks at a density of 1 x 10* spheroids/ml, with approximately 100
cells used to create each initial spheroid, and then used to again either bioprint 10 x 10 X 1mm
scaffolds or injected into OCDs to repair them. Whilst there appeared to be a slight trend
towards improved viability in in scaffolds compared to OCDs for both spheroid and single-cell
A1G2 bioinks, this did not reach statistical significance in either case (p>0.05). Furthermore,
no significant difference was found in viability between spheroid or single-cell A1G2 bioinks

at any time point.
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Figure 5.13 Density of cell growth observed during culture of single-cell and spheroid A1G2
bioinks within 10 x 10 x 1mm scaffolds and 5 x 5 x Imm osteochondral defects (OCDs). At 3
days onwards of culture, significantly (** p<0.001, two-way ANOVA) greater density of
chondrocyte cell growth was detected using ImageJ software within spheroid containing

scaffolds and OCDs compared to those prepared using single-cell bioinks. Although there was
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a slight trend towards higher cell density occurring in scaffolds compared to OCD repairs, this

was not statistically significant for either single-cell or spheroid bioinks.

5.5 Discussion

5.5.1 Development of Composite AlgMA/Col Hydrogels

The comparatively robust structural properties of AIgMA during culture appeared desirable to
maintain in a construct intended to aid biofabrication of osteochondral tissue. Attention was
therefore turned to combining triple-crosslinked AlgMA with more bioactive hydrogels capable
of fusing bioactivity with stability in culture. As the most the most abundant macromolecule
with the ECM of cartilage and bone, collagen represented an obvious initial hydrogel for
evaluation. As part of the native ECM it is inherently biocompatible, biodegradable and has
been shown to help stimulate cell proliferation and differentiation as it includes a number of
motifs capable of facilitating cell adhesion and differentiation, including a high density of RGD
[6, 7]. However, in common with other natural polymers, collagen has limited mechanical
properties and is also prone to degradation [8, 9]. Optimising a balance between AlgMA and
collagen content was therefore a key aim of experimental work. It was apparent that higher
collagen content supported improved cell viability and growth, with a significant difference
found from 7 days of culture onwards. This finding is in keeping with previous research where
inclusion of collagen to create Alg/Col hydrogel led to enhanced cell adhesion, accelerated cell
proliferation and enhanced expression of cartilage specific genes such as Acan, Col2al and
Sox9, whilst expression of fibrocartilage markers was also inhibited [29]. Furthermore, Daly
et al. reported that alginate best supported the development of hyaline-like cartilage following

3D bioprinting when compared to GeIMA and BioINK™ [19]. Previous work also found
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alginate to be helpful to the acceleration of proteoglycan synthesis, whilst chondrocyte

proliferation was promoted in the presence of collagen [30].

Despite the benefits in cellular growth and viability achieved through inclusion of collagen, it
was apparent that high collagen content also impacted significantly upon construct stability in
culture. Constructs containing the highest levels of collagen underwent significantly increased
degradation whilst triple-crosslinked AIgMA had significantly lower degradation levels. Some
studies have reported improvement of some mechanical properties such as elasticity with the
incorporation of collagen into alginate bioinks, although this was achieved when much higher
concentrations of collagen (15 mg/mL) were used to create composite hydrogels [29]. It may
therefore be the case that refining initial collagen extraction and gel preparation to yield higher
collagen concentrations offers one potential avenue to counteract this limitation. Further studies
have also deployed UV crosslinking of collagen to bolster structural properties [31]. Collagen
hydrogel is known to be susceptible to native enzymatic degradation, and so introduction of
UV-mediated covalent crosslinking would have the benefit of being able to at least partially
resist collagenase-mediated degradation [32]. However, exposure of collagen to UV has
recognised potential to cause partial loss of native collagen structure, which may influence
attachment, migration, and proliferation of cells on collagen fibres [33]. Overall, A2C1 (2.67%
AlgMA/0.033% Ig 2959/1.33 mg/ml Col) appeared to offer a good balance of high cell viability

and maintained structural integrity following bioprinting and injection into OCDs.

5.5.2 Development of Composite AlgMA/GelMA Hydrogels
In an attempt to maintain the bioactivity gained from including collagen in constructs whilst
simultaneously enhancing structural properties, the bioprintabiltiy of composite

AlgMA/GelMA hydrogels was developed. As a biomacromolecule produced from denatured
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collagen, GelMA-based bioinks have gained increasing popularity within biofabrication due to
excellent biocompatibility, photocrosslinkability, and tuneable mechanical properties, whilst
retaining some of the motifs present in native ECM crucial for promoting cellular adhesion and
growth [10-12]. When used as a lone bioink, high GelMA concentrations (i.e. >15% w/v) have
frequently been required to allow maintained structural fidelity following bioprinting. This in
turn is associated with higher viscosity and sheer stresses during bioprinting, often leading to
lower cell viability [10-12]. Combining AlgMA with GelMA could therefore allow sufficient
hydrogel viscosity for bioprinting to be achieved with lower GelMA concentrations, especially
with the potential for triple crosslinking of AIgMA to be performed. Furthermore, previous
work has found alginate to support the development of hyaline-like cartilage following 3D

bioprinting when compared to GelMA [19].

It was apparent that incorporation of GelMA into composite bioinks resulted in improved
biocompatibility compared to AIgMA controls, with a significant trend towards greater cell
growth, surface wettability, mechanical properties and improved cell viability demonstrated.
These findings are in keeping with several examples where gelatin or GeIMA has been mixed
with alginate, leading to improved cell growth [10, 34, 35]. Compared to use of GelIMA alone,
some groups have also found improved cellular differentiation and growth with inclusion of
alginate; it is thought that the improved mechanical properties offered by inclusion of alginate
promote cell spreading, proliferation and differentiation by helping to mimic the stiffness of the
native ECM more closely [34, 35]. Furthermore, use of stiffer hydrogels has been found to be
supportive of maintaining the phenotype of bioprinted chondrocytes [36]. As a further example
of increased mechanical properties helping promote cellular growth in vitro, a further study
found that performing both UV and ionic crosslinking led to improved cell growth and

spreading compared to use of UV — only crosslinking [35]. This is in keeping our finding that
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performing triple (double ionic and UV) crosslinking seemed to support significant cell growth

and spreading with a range of composite hydrogels.

A potential benefit of increasing GelMA content appeared to be a slight improvement in print
resolution and improved conformation with bioprint design (Table 4.7). This is in keeping with
the findings of Aldana et al., where increasing concentrations of GleMA within
GelMA/alginate bioinks led to increased bioprint accuracy [10]. Gao etal. also recently
reported that increasing alginate concentration in gelatin/alginate blends lead to decreased
printing accuracy while a high gelatin concentration lead to improved fidelity [21]. However,
within the design and bioprinting parameters used within our work, the slight increased
accuracy had minimal overall impact on final construct dimensions or on settings used to
bioprint different composite AIgMA/GelMA bioinks. Overall, there was a high correlation
between bioprint design and measured post-print dimensions irrespective of composite
AlgMA/GelMA bioink used, confirming that bioink constructs could keep their shape without

significant degradation or diffusion after bioprinting.

One potential limitation of implanting constructs containing AIgMA in vivo is that
biodegradability is potentially limited by the lack of alginase present within the body. This
means that the polymer chains in alginate cannot be fully broken down initially, leaving
potential for a foreign body reaction and inflammation to be triggered over time [37]. However,
there are numerous examples of alginate being implanted in vivo within animal models with no
evidence of construct rejection or inflammation occurring at least in the short term [29, 34, 35,
38, 39]. One potential approach to minimise the risk of an immune response being triggered is
to perform oxidation of alginate prior to inclusion in a bioink.  [38, 39]. By comparison,

GelMA is much more inherently susceptible to biodegradation given it is originally produced
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from collagen [10, 12, 36]. It was therefore an expected result that increasing GelMA content
led to a significant increase in degradation of bioprinted constructs, with GelMA (p<0.05) found
to have a significantly higher degradation at 14 days compared to AIgMA, A2G1, and A3G1

scaffolds.

Overall, the composite AIgMA/GelMA bioink appeared to be highly biocompatible and
capable of supporting both MSC and chondrocyte cell growth following bioprinting and
injection into OCDs. This is in keeping with a range of studies where excellent growth of MSCs,
chondrocytes and other cells has been supported by use of alginate/GelMA bioinks,
demonstrating the versatility and biocompatibility of this composite bioink [10-12, 34-36]. In
addition to supporting the growth of a range of cells, further studies have modified
alginate/GelMA bioinks to include biological motifs or drug delivery systems, showing a

further avenue to optimise in vivo tissue regeneration [34, 40].

5.5.3 Use of Composite Bioinks for Injectable Repair of Osteochondral Defects

One of the key successes of developing AlgMA/Col and AlgMA/GelMA composite bioinks
was the potential they allowed for injectable repair of osteochondral defects to be performed.
Injectable hydrogels for cartilage regeneration have attracted significant interest as they offer
the potential clinical flexibility of performing minimally invasive injections that can be
moulded in-situ to match irregular patient defects [41, 42]. Cell viability with the injected
repairs was strong over several weeks of culture, with significant cell spreading and density of
cell growth seen to develop with use of either MSCs or chondrocytes. Previous literature has
shown promising results with use of injectable bioinks, with a range of hydrogels including

collagen, fibrinogen, chitosan, alginate, GelMA and also synthetic polymers used to support
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growth of MSCs and chondrocytes [41-53]. Having the option to combine an injectable bioink
with a bioprinted scaffold within the same patient could potentially be clinically useful. Larger
osteochondral defects could be repaired using an initial bioprinted construct with any size
mismatches between implanted 3D biofabricated constructs and OCDs “filled in” using an
injectable bioink. Furthermore, smaller and more superficial defects not detected or anticipated
on clinical imaging pre-operatively could also be treated intra-operatively in a flexible manner

using an injectable bioink.

5.5.4 Rationale for Choice of Cells

As the main cell type within cartilage, chondrocytes were a logical choice for inclusion in
experimental work. Use of a fully differentiated adult cell type in biofabricated constructs has
the advantage of avoiding the need to stimulate differentiation of stem cells into desired cell
types within tissue constructs. Current approved surgical treatment options for OCDs such as
ACI and M-ACI also utilise chondrocytes, both of which have published long-term follow up
and clinical results proving safety and efficacy. This potentially makes gaining clinical approval
for the use of biofabricated constructs containing chondrocytes easier than for implants
containing MSCs or ADSCs. MSCs do however have several potential benefits and so were
also included in experimental work. They are recognised as being capable of producing a
variety of ECM molecules critical for cartilage function, including collagens (Cols),
fibronectin, proteoglycans, and glycosaminoglycans (GAGS), as well as a variety of cytokines

[54] and have been extensively researched within cartilage regeneration [55-60].
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5.5.5 Incorporation of Cell Spheroids

A further significant finding was the increased density of cell growth observed with use of MSC
and chondrocyte spheroids within bioprinted constructs and injected OCD repairs. Cell
aggregates or spheroids are recognised as having superior intercellular communication and
extracellular matrix development when compared to cells grown in 2D culture, potentially
accelerating cellular growth and ECM development with constructs after biofabrication [22].
There are several examples of bioprinted spheroids having been successfully used in the
biofabrication of cartilage, blood vessels and other soft tissues [23-27]. A notable example is
provided by Yu et al., where hollow alginate capsules created using a co-axial system were
deployed to facilitate aggregation of chondrocytes into long strands of cylindrical cartilaginous
tissue. Once matured, the tissue strands were released by dissolving the alginate tubes, leaving
stands of cartilage which could then be 3D bioprinted to form larger cartilaginous structures
which could be deployed in toxicology testing and within in vitro analysis [61, 62]. An
especially novel approach was developed by Parfenov et al. to allow fusing of spheroids into
cartilaginous tissue to occur. Chondrocyte spheroids were exposed to gadolinium (Gd®*) in
culture media, before a magnetic field was produced, and with the aid of mathematical
modelling, chondrospheres were predictably directed to move into a pre-designed 3D
morphology, controlled by the magnetic field [63]. Ina perhaps more straightforward approach,
we adapted a 3D culture system from methods described by Dahlmann et al. [28]. This
approach was easily scalable, cost-effective and allowed production of high volumes of
regularly sized chondrocyte and MSC spheroids. Subsequent harvesting and centrifuge of
spheroids allowed easy production of a bioink with a high density of spheroids that was notable
for leading to a significant increase in density of cell growth, compared to when cells grown in

2D culture were used. Further research has examined the role of co-culturing MSCs and
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chondrocytes together; chondrogenesis of MSCs has found to be improved in co-culture,
thought to be related to the paracrine secretion by chondrocytes of factors including TGF-p,
IGF-1, BMP-2 and FGF-2[64]. Furthermore, the relationship appears to be synergistic, with
direct co-culture in 3D found to enhance the proliferation and phenotype preservation of

chondrocytes whilst enhancing chondrogenic differentiation of MSCs [65-68].

5.5.6 Key Limitations

There are some limitations to our findings and room for development of experimental methods.
A more detailed analysis of the mechanical properties of biofabricated constructs would have
been informative, particularly to allow comparison between different composite bioinks and
the impact of varied crosslinking conditions. However, prolonged analysis of the stability of
constructs during culture was achieved and in some respects, this is as equally important.
Biofabricated constructs need not be robust enough to allow weightbearing to occur
immediately following in vivo implantation, as it is commonplace to restrict weightbearing
following cartilage repair procedures within patients to protect the repair as healing occurs.
More important is the ability for biofabricated constructs to retain 3D integrity and thereby
facilitate 3D cell growth and ECM development within OCD repairs in vivo. To this end,
performing in vivo analysis of biofabricated constructs would have provided invaluable
information about overall levels of bioink and construct biodegradation and biocompatibility.
Added to this, deeper scrutiny of cell behaviour in vitro would also have added important
information. Specifically, analysis of gene expression would have allowed closer monitoring
of the phenotype of chondrocytes during culture, as within suboptimal conditions chondrocytes
are recognised to undergo progressive de-differentiation and produce fibrocartilage rather than

articular hyaline cartilage, particularly as they are subjected to passaging during culture [69].
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Preservation of chondrocyte phenotype has been found to be favoured by stiffer GelMA
constructs and culture in 3D, and so use of a triple crosslinked AlgMA/GelMA bioink is likely
to be favourable to phenotype preservation. Furthermore, attempting chondrogenic
differentiation of MSCs and ADSCs included in constructs would have provided significant
proof of concept if successfully achieved. Use of histology and more sophisticated imaging
techniques, such as confocal and scanning electron microscopy would also have provided more
detailed information about cell spreading, microporosity and internal structure of scaffolds.
Analysis of total DNA content would have also provided a further quantitative method of

examining density and volume of cell growth during culture.

5.5.7 Conclusions

The overall aim of this chapter was to apply 3D biofabrication to target the reconstruction of
osteochondral defects. To this end, novel composite AlgMA/Col and AlgMA/GelMA bioinks
that can be triple-crosslinked following bioprinting or injection were developed. Following
bioprinting or injection into osteochondral defects, optimised versions of the composite bioinks
supported high chondrocyte and MSC viability, with accelerated cell growth seen with
inclusion of cell spheroids into bioinks (p<0.05). UV and double-ionic (BaCl, and CacCl,)
crosslinking deployed following bioprinting significantly prolonged bioink stability in culture
without impairing cell viability. Bioprinted constructs successfully maintained shape in culture
over 28 days, whilst injected OCD patch-repairs demonstrated sustained cell viability and
maintained macroscopic structure over a 14-day period in vitro. This offers further evidence for

a new approach to treating AC defects in the future.
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Future work using the composite bioinks could look to increase bioactivity through inclusion
of further biological cues and chondrogenic or osteogenic growth factors. Inclusion of an
osteogenic base layer to create a biphasic or even triphasic construct as has been attempted
elsewhere in the literature could help to improve mimicry of native anatomy, potentially
speeding the integration of constructs into osteochondral defects in vivo [8, 55]. Enhanced
maturity of constructs and closer replication of the in vivo environment during culture could
also be achieved through use of a bioreactor, whilst spheroid creation could also be optimised
further and potentially automated. Ultimately increasing the scalability and throughput of the
biofabrication process to allow cost-effective and patient-specific treatment to be delivered into

the clinical environment remains the overall key challenge.
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6 Chapter 6 — Developing 3D Bioprinted Bacterial Biofilms - A Novel
Method for Studying Clinical Orthopaedic Infection

6.1 Introduction

Three dimensional (3D) bioprinting has developed rapidly as a technique that can deposit living
cells and biomaterials in user-defined patterns to build complex tissue constructs on demand
“from the bottom up” [1, 2]. Whilst bioprinting has been utilised to produce 3D constructs for
tissue-engineering [3, 4], few attempts have been made at 3D bioprinting bacteria [5-9]. The
potential to bioprint and study 3D bacterial constructs could have great clinical significance at
a time when antimicrobial resistance (AMR) is rising to dangerously high levels worldwide.
According to the World Health Organization (WHO), urgent action is required to avoid a “post-
antibiotic era”, in which common infections and minor injuries can once again kill [10]. Future
strategies to overcome AMR are likely to include targeting the 3D process of biofilm formation,
a key bacterial survival mechanism against antibiotics and other environmental threats.
Biofilms can be defined as structured 3D communities of bacterial cells enclosed in a self-
produced polymeric matrix, attached to a solid surface or substratum [11] . Nearly all (99.9%)
micro-organisms have the ability to form biofilm, allowing bacteria to adhere and grow on a
wide range of biological and inert surfaces, including joint replacements, heart valves and
bodily tissues [12, 13]. Within the protective environment of a biofilm, bacteria increase their
resistance to host immune defences and antibiotics up to 1000%, whilst their ability to exchange
genetic information is also greatly increased [14, 15]. Eradication of infection once biofilm has
formed is therefore hugely challenging, and often leads to chronic infection, requiring surgical

removal of implants, prolonged antimicrobial therapy and even mortality [16]. In the United
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States of America alone, there are 17 million new biofilm-associated bacterial infections that

lead to estimated health care costs of $94 billion and 550,000 deaths each year [17].

Biofilm formation can be described as a stepwise process, beginning with the irreversible
attachment of bacteria to inanimate and living surfaces (Fig. 6.1). Following attachment,
bacteria begin to divide, forming microcolonies and producing extracellular polysaccharides
that define a biofilm. Once established, the biofilm undergoes structural maturation and may
develop water-filled channels within the matrix, facilitating nutrient transport [18]. Gene
expression also changes as bacteria communicate through cell-to-cell signalling in a process
known as quorum sensing (QS), altering processes including sporulation, virulence factor
secretion and biofilm formation [19, 20]. Finally, regions of the film spontaneously disperse as
bacteria enzymatically dissolve the matrix. Dispersed cells can quickly revert to their

planktonic form to colonise other sites, whilst retaining properties such as AMR [21].

(D:Reverible attachment

(2):Irreversible adhesion to a substratum
(3):Microcolony formation occurs
(4):Maturation of the biofilm

(5):Biofilm dispersion and bacteria detachment

Figure 6.1 Biofilm maturation is a complex developmental process involving five stages. 1.
Single free-floating eukaryotic cells land on a surface and begin to attach. 2. Bacterial cells
aggregate and become irreversibly attached to the surface through secretion of an extracellular

polymeric substance (EPS), comprised of sugars, proteins, and nucleic acids like DNA. 3.
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Growth and division of bacteria occurs along with secretion of further layers of EPS. 4. The
biofilm matures, developing increasingly complex internal organisation and structure. 5.

Segments of the biofilm disperse, releasing bacteria to undertake further colonization [22].

Current biofilm culture methods tend to be 2D in nature and attempt to replicate the nature of
the in vivo environment by focussing on factors relevant to biofilm formation such as provision
of materials, nutrients or fluid flow; available methods include drip flow [23], rotating disk
[24], microfluidic [25], and flow chamber based culture [26]. Unfortunately, none of these
methods are able to entirely mimic the complexity of the 3D microenvironment and host
defence mechanisms [27] and struggle to produce biofilm thicknesses beyond 100 um [28, 29].
In contrast to current in vitro models, in vivo biofilms can grow beyond 1000 pum in size and
are often found embedded within a host’s extracellular matrix, leading to interactions with the
host immune system which can further alter biofilm morphology, complexity and size [30, 31].
Within the clinical environment, the minimum inhibitory concentration (MIC) of antimicrobial
agents (defined as the lowest concentration of an antimicrobial agent at which visible bacterial
growth is inhibited after overnight incubation) is frequently calculated during antimicrobial
susceptibility testing (AST) to assess antimicrobial efficacy and bacterial resistance [32].
Methods to determine the MIC are traditionally based on 2D planktonic cultures of bacteria
[33]. However, in vivo biofilm formation is three dimensional (3D) in nature, making it difficult
to accurately determine the minimum biofilm eradicating concentration (MBEC) in well-
established biofilm infections, as current laboratory models tend to involve 2D biofilm culture
that underestimates the increased antimicrobial tolerance of 3D biofilms [23, 34-37]. This
mismatch has significant clinical implications; for example, antimicrobial agents are usually
chosen based on their efficacy against 2D planktonic cultures which are more sensitive to

treatment than 3D biofilms. Clinically this is well demonstrated by treatment of P.aeruginosa
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infection, where treatment with antibiotics originally developed against 2D cultures often
becomes ineffective once biofilm formation occurs [37]. To develop novel antimicrobials
capable of disrupting biofilm formation and resistance in future, 3D in vitro biofilm models
more representative of clinical infection are therefore required to allow effective drug
screening. Concern about AMR is compounded by the fact that it has been 30 years since a new

class of antibiotics was last introduced [38].

One potential technological solution is offered by 3D bioprinting, which has developed rapidly
as a technique that can deposit living cells and biomaterials in user-defined patterns to build
complex tissue constructs “from the bottom up” [39-42]. Whilst there have been elegant
attempts to 3D bioprint bacteria and their aggregates [9, 43-46], as yet there has been no report
demonstrating the formation of mature bacteria biofilms following bioprinting. However, the
capacity to reliably and reproducibly 3D bioprint bacterial biofilms could have several potential
benefits. Embedded bacteria have been shown to have increased metabolic activity, AMR and
plasmid stability compared to bacteria grown in 2D [47, 48]. 3D biofilms therefore potentially
mirror in vivo bacterial growth and behaviour more closely than traditional 2D models,
increasing the potential to investigate processes including bacterial quorum sensing,
antimicrobial biofilm penetration and MBECs [48, 49]. 3D bioprinting also increases the
potential to produce biofilm constructs with predesigned dimensions, with a high degree of
control possible over biofilm thickness and dimensions. Other benefits of 3D bioprinting
biofilm include the potential creation of microbial fuel cells [50], biosensors [51] and
biotechnological applications [51-53]. Other benefits of 3D bioprinting biofilm include the
potential creation of microbial fuel cells [54], biosensors [55] and biotechnological applications

[52].
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In the following section a novel 3D biofilm bioprinting technology that facilitates rapid
biofabrication of 3D bacterial biofilms is introduced, with controlled size and structure of 3D
biofilms achieved using gram negative, gram positive, aerobic and anaerobic species.
Bioprinting of biofilm constructs with thicknesses greater than previously available in vitro
models is also demonstrated. The formation of mature bioprinted 3D biofilms and their response
to in vitro AST is also examined, allowing comparison of the antimicrobial tolerance of 2D

cultures versus 3D printed biofilms to be performed for the first time.

6.2 Project Acknowledgments

All aspects of bioprinting were performed by the author. Experimental design and data analysis
was performed in collaboration with Evita Ning (Centre for Molecular Nanometrology,
Department of Pure and Applied Chemistry, Technology and Innovation Centre, University of

Strathclyde). Bacterial culture performed by Evita Ning.
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6.3 Results

6.3.1 Reproducible Bioprinting of 3D Bacterial Bioink with Controlled Dimensions

Successful bioprinting relies in part on combining a suitable bioprinting technique with an
appropriate bioink. To achieve this, a bacteria-friendly bioink was developed with reliable
bioprinting characteristics. The schematic in Figure 5.2 presents a general overview of our
methodology of bacterial bioink bioprinting, using a biocompatible bioink and stepwise ionic
crosslinking process. Alginate is a widely adopted hydrogel for bioprinting and was chosen as
the main component of our bacterial bioink due to its biocompatibility, low toxicity, low cost
and ease of use [40, 56, 57]. Cross-linking a sodium alginate (Protanal 10/60) hydrogel with
calcium chloride created a hydrogel (0.2% CaCl,: 2% Protanal) with viscosity sufficient to
allow bioprinting of free-standing structures ranging in size and thickness. Cultured bacteria
were mixed into the partially crosslinked hydrogel to produce a bioink with homogenous
bacterial concentration. An extrusion bioprinter using mechanical extrusion was then used to
extrude the bioink to produce constructs with predesigned dimensions. Measured scaffold
thickness following bioprinting correlated well with the intended CAD file thickness (Table
6.1). Bioprinting resolution with the hydrogel could be increased to produce more intricate
structures using a 32g print needle, corresponding to a maximum resolution of 0.108 um (Table
6.1). Further cross-linking following bioprinting via exposure to solutions of barium chloride

was performed, allowing prolonged culture and observation of constructs (up to 28 days).
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1. Pre-Bioprinting ' 2. 3D-Bioprinting 3 3. Post-Bioprinting Culture and Analysis

Computer-aided Design (CAD) File Development

Hydrogel

Bacterial \ /

Homogenous mixing of bacteria in hydrogel
N - :

Constructs immersed in BaCl, for
" 2 mins

Figure 6.2 Schematic of bacterial biofilm bioprinting process. Initial designs to be bioprinted
are produced using computer-aided design (CAD) software. Following this, a partially cross-
linked hydrogel is produced by mixing sodium alginate and calcium chloride together. Bacteria
are then mixed into the hydrogel to produce a bioink with homogenously distributed bacteria.
3D bioprinting is then performed, using a custom-built bioprinter that uses mechanical force to
extrude bioink from a syringe that is moved in the x-y-z plane. Bioprinted constructs of solid
and porous design are then immersed in solutions of BaCl, for 2 mins to secondary cross-link
the constructs. Following bioprinting and immersion cross-linking, the constructs are cultured

in bacterial growth media, allowing analysis to be performed at selected time points.
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Table 6.1 Measured 3D scaffold thickness following bioprinting compared to intended CAD

file thickness. Scale bars = 1cm.

Solid Construct

CAD thickness 0.25 mm 0.5mm 1 mm 2mm 4 mm
Bioprinted thickness (mm) 0.33+0.06 0.63+0.09 1.1+0.06 22+0.19 42+0.29
Thickness after BaCl» 0.27+£0.11 057+£0.08 12+024 22+0.29 41x0.27
crosslinking (mm)

Porous Construct

CAD thickness 0.25 mm 0.5 mm 1 mm 2 mm 4 mm
Bioprinted thickness 0.29+0.06 051+0.08 10x0.13 22%024 4.1 +
(mm) 0.31
Thickness after BaCl, 0.28+0.09 056+0.08 1.1+£0.12 20£0.23 4.2 +
crosslinking (mm) 0.19

Bioprinted  Solid

Construct

Morphology
Porous
Max.
resolution
(0.108 um)
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6.3.2 Developing Stability in Culture of Bacterial Bioink Through Double lonic

Crosslinking

The complex structure of 3D biofilms found in clinical infection take significantly longer to
develop and mature than 2D in vitro biofilm models that can be produced in overnight culture
[58, 59]. Achieving sufficient stability and longevity in culture of bioprinted bacterial bioink
was therefore an essential step to allow time for bacteria to proliferate and deposit their own
extracellular matrix, a central component of mature biofilm structure. In previous work we
developed the stability of alginate bioinks to allow successful long-term 3D cell culture and
differentiation of stem cells [40, 57]. This was achieved via double ionic cross-linking alginate
with calcium and then barium cations in a stepwise process [57]. Whilst other cations including
strontium have been utilized for this purpose, barium appears to give the strongest cross-linking
effect, optimizing construct mechanical stability [60]. We therefore applied this approach to
achieve extended bacterial bioink stability (>4 weeks) in culture. As demonstrated in Table 6.1,
initial cross-linking of Protanal alginate hydrogel with CaCl; created a hydrogel with sufficient
viscosity to allow successful bioprinting of free-standing structures of both solid and porous
design, ranging in thickness from 0.25 mm to 4mm. By performing cross-linking prior to
bioprinting, rather than extruding alginate onto a calcium-coated culture surface as performed
in other literature, greater homogeneity of hydrogel cross-linking was achieved; this is essential
to achieve optimal printability [43]. Further cross-linking was performed following bioprinting
by exposure of constructs to increasing concentrations of BaClz, which helped to extend the
stability of constructs from within a week (with calcium-only cross-linking) to over 4 weeks in

culture (Fig. 6.3).
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Figure 6.3 Stability of 1mm, porous scaffolds containing MRSA during culture following
crosslinking with increasing BaClz concentrations from 10 to 40 mM. Scale bars represent 1cm.
Constructs crosslinked with 20 or 40 mM BacCl; had superior longevity in culture compared to

constructs exposed to 10 mM BaCl,,

6.3.3 Thickness And Structure of Bioprinted Constructs Influences Biofilm Formation

To examine the ideal 3D construct design and thickness for supporting bacterial growth
following bioprinting, two different construct designs in a range of thicknesses were bioprinted
containing E. coli and bacterial growth observed over 14 days (Fig. 6.4 A). It was apparent that
E. coli biofilm formation (or bacterial density) was greater in thinner (0.25 mm to 1 mm)
constructs compared to thicker (4mm) construct designs (p<0.001, ANOVA) (Fig. 6.4 C).
Unfortunately, thinner constructs of 0.25 mm and 0.5 mm thickness were not robust enough to
allow physical manipulation and CLSM imaging to be performed after 14 days culture. This
was presumed to be due to leaching of cations (Ca?* and Ba?*) from the thin, relatively high-
surface area constructs into surrounding culture media, resulting in decreased cross-linking; this
is likely to have been exacerbated by regular media changes and culture atop a rocking device,

increasing outwards diffusion of cations from the bacterial bioink construct. In 4 mm thick
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constructs, reduced biofilm formation was also observed in solid compared to porous constructs

(p=0.038, t-test) (Fig. 6.4 B).

It seems likely that porous construct designs facilitate greater fluid transport, enhancing nutrient
and oxygen diffusion processes in comparison to non-porous, solid constructs. This would
explain why the aerobic bacteria E.coli failed to proliferate and produce significant biofilm in
the thick, solid constructs, with the optimal structure for E.coli appearing to be a 1 mm porous

construct.
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0.25mm 0.5mm 1mm 2mm 4mm

Figure 6.4 Influence of construct structure and thickness on biofilm formation. (A) Constructs
with vertical thicknesses increasing from 0.25mm to 4mm were sequentially bioprinted and
cross-linked by exposure to 20mm BaCl,. Measured thickness correlated well with designed
vertical thickness after measurement with digital callipers (Table 6.1). Scale bar represents 1cm.
(B) Comparison of bacterial growth in solid and porous 1mm constructs containing E.Coli was

made. Initial analysis at 5 days found that growth in solid constructs was slower than in
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corresponding porous constructs. At 14 days, 1mm constructs appeared to have the best biofilm
formation, whilst 0.5mm and 0.25mm constructs had insufficient mechanical integrity to allow

analysis. Scale bar represents 100 microns.

6.3.4 Optimizing Crosslinking Conditions for Biofilm Formation

Having established for aerobic bacteria that porous constructs of at least 1m thickness and
crosslinked with at least 20 mM BaCl, maintained stability in culture, the influence of BaCl>
cross-linking concentration on bacterial growth was analysed over 28 days. Porous, 1mm
constructs containing MRSA were exposed to a range of BaCl> concentrations. Initial CFU
analysis found significantly higher bacterial growth in 20 mM and 40 mM constructs compared
to constructs exposed to 10 mM of BaCl; after 4 days of culture (p<0.001, ANOVA) (Fig 6.5
A). Quantitative analysis of biofilm formation captured using CLSM (Fig. 6.5 B) was then
performed over 28 days of culture using MATLABZ2016a. It was found that maximum density
of biofilm formation was significantly greater in 20 mM and 40 mM constructs compared to
constructs exposed to 10 mM of BaCl» (p<0.001, ANOVA) (Fig 6.5 C). This was presumed due
to increased leaching of bacteria as a result of lower (Ba%") cross-linking density in 10 mM

constructs.
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Figure 6.5 Optimising crosslinking conditions for biofilm formation. (A) Constructs were
sampled daily for 5 days, with exposure to EDTA triggering dissolution of the bacterial bioink
construct. This allowed CFU analysis to be performed on released bacteria from constructs. It
was notable that from day 4 onwards, 20 and 40 mM BacCl; constructs had significantly greater
bacterial growth (p<0.001, ANOVA). Analysis of 40 mM BacCl, constructs was not possible for
the first 3 days as EDTA exposure was unable to sufficiently dissolve the construct and release
bacteria. (B) Porous, 1Imm constructs containing MRSA were exposed to a range of BaCl»
concentrations. Growth within all constructs was initially strong; however, maximum density
of biofilm formation was significantly greater in 20 mM and 40 mM constructs compared to
constructs exposed to 10 mM of BaCl, (p<0.001, ANOVA). (C) Quantification of biofilm
formation over time was performed using unsupervised k-means segmentation and a labelling
connected component function on MATLAB to threshold areas of biofilm formation out from
background noise on images. The resultant graph of biofilm area produced over time
demonstrates that maximum density of biofilm formation was significantly higher in 20mM

and 40mM constructs (p<0.001, ANOVA), compared to 10 mM constructs.
6.3.5 Capturing the In vitro Life Cycle of Biofilm in 3D

Biofilm formation is reported to occur in a five-step lifecycle (Fig. 6.6 A) [61]. However, due
to factors including limited biofilm thickness, current in vitro models are unable to readily
facilitate observation of the five-step process and complex microarchitecture development that

occurs during biofilm formation [62].

We therefore attempted to observe the biofilm life cycle in 3D by taking advantage of the
favourable conditions for biofilm formation provided by porous, 1mm MRSA constructs cross-

linked with 20 mM BaCl,. CLSM imaging of MRSA biofilm formation allowed correlation
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with the natural process of biofilm formation to be made. The recognised phases of biofilm
formation could be observed, with aggregation of microcolonies at day 2, maturation of biofilm

between days 5 and 14, and eventual biofilm dispersion seen at day 23 onwards (Fig. 6.6 B).

To the best of our knowledge, this is the first time the processes involved in mature 3D biofilm
formation have been observed in vitro in true 3D and following bioprinting. Direct correlation
to the 5-step process governing biofilm formation in 2D can be made, offering a novel method

to study biofilm behaviour and response to antimicrobial treatment in 3D.

s‘-//
C Yy

Figure 6.6 Capturing the in vitro life cycle of biofilm in 3D. (A) The five-step biofilm lifecycle.

(1) Free swimming planktonic bacterial cells initially attach to a biological or inert surface. (2)
Soon after, bacteria began to divide and aggregate together in small microcolonies and secrete
quorum signals which initiate up-regulation of various genes and virulence factors on a
community-wide basis. (3) Bacteria form an extracellular biofilm matrix through secretion of
copious polymers including polysaccharides, proteins and oligonucleotides that (4) becomes

increasingly mature. (5) Consumption of nutrients, increases in shear stress and other cell
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signalling events lead to portions of biofilm detaching. Dispersed cells can quickly revert to
their planktonic form to colonise other sites, whilst retaining properties such as AMR [62]. (B)
The 5-step process of biofilm formation in 2D correlated with cross-sectional and side-on
CLSM images of 3D bioprinted biofilm formation. Significant biofilm formation was evident
after 5 days. Increasing biofilm formation and maturation is evident up to day 14 of imaging.
At day 23 and beyond, the biofilm appears to begin the process of dispersion as some bacteria

seek to leave the construct and colonise a new environment.

6.3.6 Bioprinting of Thick, Anaerobic 3D Biofilm Constructs

Whilst aerobic bacteria including MRSA and E. coli had limited growth in thicker bioprinted
constructs (Fig. 6.4 B), presumably due to limited diffusion of nutrients and oxygen, anaerobic
bacteria have greater potential to thrive in oxygen-deplete conditions. As an opportunistic,
nosocomial pathogen of immunocompromised individuals, the anaerobic strain Pseudomonas
aeruginosa (P. aeruginosa) is well known for infecting the thick, oxygen-depleted mucus in
the airways of cystic fibrosis (CF) patients, producing robust in vivo biofilms [63]. It is also
frequently implicated in chronic, polymicrobial wound infections, skin, soft tissue and bone
infections; co-infection with P. aeruginosa is noted to be more virulent than infection with a
single infection and a risk factor for development of AMR [64]. The culture conditions provided
by the thick respiratory mucus in CF patients and chronic discharging wounds is somewhat
analogous to those provided by our thick, non-porous hydrogel constructs. To investigate this,
in vitro biofilm formation of P. aeruginosa was examined in non-porous, thick (2 mm and 4

mm) constructs (Fig. 6.7).
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P.aeruginosa was observed to undergo extensive growth in 2 mm and 4 mm thick, non-porous
structures, forming an extremely dense layer of biofilm (Fig. 6.7 B). In contrast, much more
limited bacterial growth and biofilm formation was observed via CLSM in 2 mm and 4 mm
constructs inoculated with the aerobic bacteria E. coli (Fig. 6.4 B). Strong blue-green
pigmentation was also seen to form in 2 mm and 4 mm P.aeruginosa constructs over 14 days
of culture (Fig. 6.7 A); this is likely related to the expression of two metabolites, pyocyanin
(blue) and pyoverdine (green), which is known to occur in P.aeruginosa to facilitate anaerobic
respiration [65]. To give wider context, the prevalence of multidrug-resistant (MDR) anaerobes
including P. aeruginosa is increasing worldwide, with limited current therapeutic options [66,
67]. The extensive growth of P.aeruginosa and associated biofilm formation seen within our
3D bioprinted constructs therefore offers a novel and highly promising in vitro method of

studying anaerobic bacterial biofilm infection.

Figure 6.7 Pseudomonas aeruginosa (PAO1) formed anaerobic biofilms in thick constructs.
(A) Photo images of 3D bioprinted PAO1 biofilm at day 0 (white colour) and matured biofilm
at day 14 (blue-green colour). (B) 3D reconstructed CLSM Z-stack in 2D-projection and 3D

reconstructed images (1:1 aspect ratio in X, y & z axes) of matured PAO1 biofilm formed at 2
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mm and 4 mm thickness at day 14. The sizes of the scale bars in the photograph and

fluorescence images are 1 centimetre and 100 microns.

6.3.7 3D Biofilms Require Greater Antibiotic Doses to Treat Than Traditional 2D
Models

Biofilm formation is a significant defence mechanism by which bacteria can evade and resist
eradication by the host immune system and antimicrobials. However, within the human body
biofilm formation is a 3D process, in contrast to most currently available laboratory models that
tend to involve 2D biofilm culture [68]. AST methods such as MIC calculation do not
distinguish between bactericidal and bacteriostatic effects of antibitoics, and crucially do not
provide information on the degree of antimicrobial biofilm penetration or eradicaiton [22, 30,
65, 69-73]. We therefore utilised our method of producing mature, 3D biofilm constructs to

study antimicrobial penetration in 3D as compared to 2D bacterial cultures.

The MIC (defined as the lowest concentration of a chemical which prevents visible growth of
a bacterium [74]) was calculated for MSSA and MRSA in 2D culture models; bacteria were
cultured for 24 hours to allow maximum density of growth to occur, before exposure to
increasing concentrations of methicillin via broth microdilution. The same method was then
used to determine the MBEC in 3D bioprinted MRSA and MSSA biofilm culture models that
had been allowed to grow for 5 days, allowing dense biofilm formation. The MIC and MBEC
were determined by a visual inspection of culture wells and correlated with measurements of
absorbance of light through treated culture wells in both cases (Figs. 6.8 B & 6.8 D). Due to
resistance to methicillin, MRSA had a higher MIC than MSSA in 2D (Fig. 6.8 A) and a higher

MBEC than MSSA in 3D culture as expected (Fig. 6.8 C). However, for both MRSA and
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MSSA, the MBEC calculated in 3D culture was significantly higher than the MIC for 2D
culture. Whilst 0.16 pg/mL methicillin prevented visible growth of 2D MSSA culture, the
MBEC for MSSA in 3D culture appeared to be at least 15 times higher at 2.5 mg/ml. Similarly,
although 1.25 pg/mL methicillin appeared to prevent 2D growth of MRSA, growth of MRSA
in 3D culture still occurred with greater than 10 mg/ml methicillin. Therefore, for both MRSA
and MSSA, a far higher dose of methicillin was required to treat 3D biofilms compared to 2D
cultures inoculated with the same initial OD of bacteria. This result is in keeping with previous
reports suggesting that biofilm formation can cause a 10 to 1,000-fold increase in bacterial

tolerance to antimicrobial treatment compared to 2D, planktonic cultures [47, 75].
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Figure 6.8 3D biofilms require greater antibiotic doses to treat than traditional 2D models. (A)
The MIC of MRSA and MSSA cultured in 2D was calculated through exposure to increasing
concentrations of methicillin for 24 hours. For MSSA, 0.16 png/mL methicillin prevented visible
growth, whilst for MRSA a concentration of 1.25 pg/mL methicillin was required. (B)
Measurement of the absorbance of light through the methicillin-containing culture was used to
verify these findings. No significant change in absorbance was seen when methicillin
concentrations were increased beyond the MIC calculated for MRSA or MSSA. (C) 1mm thick
constructs, inoculated with the same OD of MRSA and MSSA as the 2D culture plates prior to
bioprinting, were then exposed to increasing concentrations of methicillin. The MIC appeared
to be at least 2.5mg/ml for MSSA, and higher than 10mg/ml for MRSA on inspection. (D)
Measurement of the light absorbance of the culture broth surrounding the MRSA and MSSA
constructs supported these findings, with far higher doses of methicillin required to reduce
bacteria growth and therefore the measured broth light absorbance. Mean plus SD displayed for

all data. All experiments performed in triplicate.

232




6.3.8 Biofilm thickness influences response to antimicrobial treatment

The relationship between bacterial construct thickness and susceptibility to antimicrobial
treatment was then investigated. Sensitivity of E. coli to tetracycline was first confirmed in 2D
culture (6.9 A). Bioprinted E.coli constructs of 1 and 2mm thickness were grown for 7 days to
allow biofilm maturation, and then exposed to oxytetracycline discs which were changed every
24 h (Fig. 6.9 B). It was apparent that 2mm constructs remained opaque whilst Imm constructs
became increasingly transparent in response to oxytetracycline exposure. CSLM imaging of the
constructs after 7 days oxytetracycline exposure demonstrated that E.coli biofilm had greater
viability in the 2mm constructs, whilst bacteria located below the oxytetracycline disc in Imm

constructs had largely been destroyed (Fig. 6.9 C).
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E.Coli-2mm thick- after treatment E.Coli-1mm thick- after Treatment

Figure 6.9 Biofilm thickness influences response to antimicrobial treatment. (A) Initial
sensitivity of E.coli to oxytetracycline was confirmed using discs of A — oxytetracycline, B —
low dose penicillin and C — higher dose penicillin. The death of surrounding E. coli on the
culture plate confirmed the expected sensitivity to oxytetracycline and resistance to penicillin.
(B) 1Imm and 2mm thick constructs containing E.coli were bioprinted and allowed to mature
for 7 days before oxytetracycline discs were placed directly on top of them. Discs were changed
every 24 hours to maintain a high dose of oxytetracycline delivery to the constructs. Over a 7-
day period, visible clearing of biofilm occurred within the Imm construct below the area of
oxytetracycline exposure. (C) CLSM imaging of the Imm and 2mm constructs was performed
after 7 days exposure to oxytetracycline discs. A commercial
Film Tracer™ LIVE/DEAD™ biofilm viability kit (Thermo Fisher, UK) was used to assess
biofilm viability using propidium iodide (PI) (490 nm excitation, red emission) and the nucleic
acid stain SYTO-9 (488 nm excitation, green emission).Whilst the majority of bacteria were
found to be dead (seen as red) below the area of oxytetracycline disc exposure in the 1mm

construct, greater evidence of biofilm survival (green staining) in the 2mm construct was seen.
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6.4 Discussion

This study presents a first-time bioprinting of bacterial biofilm, with sustained bacterial
viability and biofilm formation demonstrated in 3D bioprinted constructs over several weeks of
culture. The stability of the cross-linked, bacteria-friendly hydrogel developed allowed the
whole process of biofilm formation to be observed in 3D, including the growth, maturation and
final dispersion of biofilm. Clinically relevant gram-positive, gram-negative, aerobic and
anaerobic bacteria were all successfully 3D bioprinted, producing biofilms in constructs with
specified dimensions. The high degree of control over construct size and shape afforded by
bioprinting also allowed investigation of the influence of construct size, shape and cross-linking
conditions on biofilm formation. It was evident that thinner, porous structures formed biofilm
quicker when aerobic bacteria were bioprinted, although sufficient cross-linking was required
to achieve maximal biofilm formation. It was also observed that thicker biofilms had
significantly greater tolerance to antimicrobial therapy, even over a prolonged period of
treatment. Furthermore, 2D cultures required significantly less antimicrobial to inhibit growth

of bacteria compared to 3D construct inoculated with same initial dose of bacteria.

As a fast-developing technology, 3D bioprinting has been widely utilised to produce 3D
constructs for human tissue-engineering. However, few previous attempts have been made at
3D bioprinting bacteria. Lehner et al. used extrusion bioprinting to deposit alginate hydrogel
containing E.coli onto agar plates coated with calcium chloride. This precipitated calcium
cross-linking of bioprinted structures, allowing various shapes to be bioprinted with bacteria
also shown to survive for at least 2 days post-bioprinting [6]. Schaffner et al. also used an
extrusion bioprinting approach, developing a custom hydrogel to bioprint Pseudomonas putida
and Acetobacter xylinium [5]. This approach allowed observation of in-situ formation of

cellulose by A. xylinum, with bacterial viability up to 7 days also observed, demonstrating
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biotechnological applications for bioprinted bacteria. Huang et al. developed a novel approach,
whereby they used illumination and optogenetic manipulation to pattern Pseudomonas
aeruginosa into controlled shapes with high resolution [7]. Exposure to two optogenetic
modules allowed bacteria to be pattered onto 2D surfaces illuminated with red or blue light.
Bacterial growth was demonstrated 10 hours after printing, although mature biofilm formation
was not demonstrated. This approach was novel in that the requirement for a bioink to achieve
3D patterning of bacteria was removed. However, limitations included an inability to precisely
control construct 3D structure, and the requirement for gene manipulation to be performed.
Schmieden et al. also bioprinted E.coli within an alginate hydrogel [8]. Similar to the approach
of Lehner et al. [6], printing was performed onto a calcium-impregnated surface to trigger
alginate cross-linking. Bacteria were also induced to express the CsgA protein after bioprinting,
increasing formation of biofilm. However, beyond 7-9 days, bacteria appeared to lose viability.
Connell et al. adopted a micro-3D printing approach to create Pseudomonas aeruginosa
aggregates in situ [76]. Micrometer-sized houses constructed using a biocompatible,
multiphoton 3D lithography technique were used to confine seeded P. aeruginosa bacteria and
trigger formation of aggregates of defined size. Scanning electrochemical microscopy (SECM)
performed on the aggregates then provided a sensitive, quantitative technique to study the

process of quorum sensing (QS) within biofilms.

Compared to previous attempts to bioprint bacteria in the literature, our work provides several
potential advantages in relation to future ability to study 3D biofilms. The extended stability
and viability of bacteria after bioprinting allowed observation of 3D biofilm formation for
several weeks; this far exceeds previous bioprinting attempts where observation of bacterial
growth was possible for a maximum of 7-9 days, in structures that did not facilitate the potential

to perform antimicrobial testing on 3D biofilms [43, 45, 46]. The stability in culture of the
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bacterial bioink in our study is therefore significant, as it allows for extended observation of
bacterial growth as well as offering the potential to perform antimicrobial studies and further
analysis of biofilm formation in 3D. Whilst alginate is amongst the polysaccharides present in
the biofilms of Pseudomonas and Azotobacter, it is not thought to be significantly involved in
Staphylococcus or E coli [77, 78]. This minimised potential for the alginate used as part of our
bioink to give a false impression of dense biofilm formation in bacterial studies, particularly
given that non-biofilm or alginate specific fluorescent stains were used to monitor bacterial
growth and density. The methodology we developed also allowed a range of clinically relevant
bacteria to be bioprinted, resulting in significant formation of mature biofilm in all cases.
Clinical biofilm infections are most often chronic in nature, may be polymicrobial and develop
over a period of weeks and even months; the stability and versatility of our bioprinted constructs
may therefore facilitate greater potential to mirror clinical biofilms than currently available

biofilm models [17, 37, 58, 79, 80].

By performing alginate hydrogel cross-linking prior to bioprinting, rather than extruding
alginate onto a calcium-coated culture surface as performed elsewhere, homogenous hydrogel
cross-linking was achieved. In turn, this allowed 3D bioprinting of constructs with larger
vertical thicknesses than previously described, with further cross-linking in BaClz a novel
approach used to ensure enduring construct stability within bacterial culture conditions. A high
level of precision was also achieved in relation to controlling biofilm thickness and dimensions,
which proved to be a significant asset in studying depth of antimicrobial penetration. The
optimised bioprintability of the bioink was also in part attributable to the use of Protanal
alginate (Protanal LF 10/60 FT, 89.00 g/mol, FMC Biopolymers Girvan, UK) which has
advantages compared to alginates used elsewhere to bioprint bacteria [5, 6, 48, 81]. Protanal

has a high-G block content (over 70%) within its structure compared to other alginates, with G-
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blocks thought to facilitate rapid crosslinking with cations following bioprinting [82].
Furthermore, it is recognised as having high purity following manufacture; other alginate
preparations retain higher levels of potentially pro-inflammatory impurities such as endotoxin

and polyphenols following extraction from seaweed [83].

There are some limitations to our findings. Our main method of monitoring bacterial growth
and biofilm formation was confocal laser scanning microscopy (CLSM) combined with
fluorescent dyes. Standard light microscopes often struggle to image biofilm of more than 3-4
pum thickness as biofilm material above and below the focal plane tend to scatter light and
interfere with direct measurement [84]. Contrastingly, CLSM allows optical sectioning of
biofilms and, with image analysis, 3D reconstruction is possible [85]. More detailed analysis of
biofilm structure could however have been added by performing scanning electron microscopy,
perhaps with biofilm specific dyes; this is recognised as being able to provide detailed
information regarding biofilm structural characteristics, as well as spatial information regarding
biofilm disruption following antimicrobial treatment [11, 22, 59, 65, 70, 86-88]. This would
have allowed greater commentary to be provided on the comparative properties of biofilm
developed in our experiments relative to that observed to develop in the native environment
outwith our bacterial bioink. However, macroscopically there appeared to be a strong
resemblance observed, with the biofilm lifecycle observed to occur on CSLM. Throughout
experiments, a consistent optical density of bacterial solution was utilised to prepare bioinks. It
would therefore be interesting to investigate the rate of biofilm formation that occurs when
higher and lower inoculations of bacteria are used to prepare bioinks. Single species of bacteria
were included in each bioprinted construct. However, clinical infections and biofilms often
involve interaction between multiple bacterial species [11]. It would therefore be of interest to

bioprint bioinks containing multiple bacteria and observe related biofilm formation. A degree
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of hydrogel swelling was also noted to occur following bioprinting in other literature during
bacterial culture [5]. It would therefore be of interest to measure construct dimensions during
culture and compare this to post-printing results. However, hydrogel swelling did not appear to
be a significant issue in terms of altering construct integrity or design, and so we elected not to
directly measure constructs to reduce chances of bacterial contamination and construct damage.
Measurement of construct dry mass may have helped clarify degradation rates, but biofilm

production would also have potentially confounded results.

6.5 Conclusions

In summary, our methodology allows for the precise additive manufacturing of bacteria-laden,
self-supporting 3D structures that survive extended bacterial culture, allowing formation of
mature 3D biofilm. This was achieved by combining the development of a biocompatible
hydrogel with optimised cross-linking conditions. This can be applied to bioprint a range of
clinically relevant bacteria, which go on to form biofilm with pre-designed 3D dimensions.
Furthermore, our methodology allows monitoring of response of 3D biofilms to antimicrobials
to be performed. We envision that bioprinted biofilms will provide a versatile platform in future
to study processes such a quorum sensing, antimicrobial activity and bacterial interaction in
3D. With rising worldwide antimicrobial resistance, 3D bioprinted biofilms could also become
a key weapon to aid the discovery of novel therapeutics targets, as mankind battles to combat

ever-evolving microbial defence mechanisms.

239




240




7 Chapter 7 —Applying 3D Bioprinted Biofilms to Develop a Novel

Method for Identifying Orthopaedic Joint Infection

7.1 Acknowledgement of Collaboration

All aspects of bioprinting were performed by the author. Experimental design and data analysis
was performed in collaboration with Evita Ning and Professor Karen Faulds (Centre for
Molecular Nanometrology, Department of Pure and Applied Chemistry, Technology and
Innovation Centre, University of Strathclyde). SESORRS Chemical functionalisation and

instrumentation was performed by Evita Ning.

7.2 Introduction

Joint replacement surgery is considered amongst the most successful medical developments of
the last century, with life-enhancing surgery performed on millions of people worldwide each
year suffering from diseased or damaged joints [1-9]. The total number of patients with existing
arthroplasties in place continues to increase with exponential growth of up to 637% predicted
for primary procedures by 2030 [10, 11]. Whilst the majority of joint arthroplasties provide
pain-free function, a minority of around 1-2 % of patients will experience the devastating
complication of prosthetic joint infection (PJI), defined as infection involving the joint
prosthesis and adjacent tissue. With an increasing number of joint replacements being

performed worldwide, the number of PJIs continues to increase [12-14].

Management of PJI is directed at removing infection from within the joint and restoring
function. This often requires complex treatment strategies including multiple surgical revisions
with removal of implants and long-term antimicrobial treatment. This translates into significant

morbidity for patients and even risk of mortality in cases where PJI results in systemic infection
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or sepsis developing. The economic impact of PJI is also significant, with the cost to treat a

single PJI up to 6-fold the cost of the primary implantation [15, 16].

Central to the pathogenesis of PJI is the formation of bacterial biofilm. Biofilms can be defined
as 3D structured communities of bacterial cells enclosed in a self- produced polymeric matrix,
attached to a solid surface or substratum [17]. Within the protective environment of a biofilm,
bacteria increase their resistance to host immune defences and antibiotics up to 1000%, whilst
their ability to exchange genetic information is also greatly increased [18, 19]. Bacteria in
established biofilms also have low growth rate and can develop resistant subpopulations (so-
called “persisters”). Eradication of infection once biofilm has formed is therefore hugely
challenging, and often leads to chronic infection, requiring surgical removal of implants,
prolonged antimicrobial therapy and can even lead to mortality [20]. A key clinical challenge
in manging PJI is therefore identifying infecting bacterial organisms early in the disease
process. This allows targeted treatment to begin with appropriate antimicrobials and increases

the chances of disrupting mature biofilm formation and thus eradication of infection [21-23].

Rapid diagnosis of infecting organisms within PJI can unfortunately prove challenging in the
clinical environment, forcing clinicians to take a “best guess” approach with antibiotics,
potentially leading to an increase in antimicrobial tolerance, resistance and treatment failure
[24]. Routine blood tests can show signs of infection, however, all lack sufficient sensitivity or
specificity to diagnose or exclude PJI, and in the context of recent surgery are often raised due
to post-surgery inflammation [21, 25, 26]. Joint aspiration is a more targeted and invasive
investigation and allows synovial fluid culture to be performed. However, it can require up to
14 days incubation to detect some low-virulent and difficult-to-detect pathogens [27, 28].

Further techniques such as PCR [29], culture of sonication fluid, radionucleotide imaging [24]
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and positron emission tomography (PET) scans [30] have also been utilised; however,
limitations include high costs, susceptibility to contamination and exposure to radiation [21, 31,
32]. Furthermore, up to 20% of patients develop culture-negative PJI, even with synovial fluid
culture and sampling of periprosthetic tissue, with no bacterial diagnosis reached. This makes
elimination of infection and use of appropriate antimicrobials more challenging, and can lead
to increased morbidity and mortality for patients [21-23, 33, 34]. Demand for a novel technique
to diagnose PJI therefore exists; a cost-effective test that could non-invasively diagnose PJI due
to specific bacteria in a rapid and reproducible manner at the bedside or in clinic would

represent a major step forward in PJI diagnostics.

One potential novel approach to the diagnosis of PJI is offered by Raman spectroscopy. Raman
is capable of probing the chemical composition of materials through barriers and can detect
vibrational, rotational, and other states in a molecular system. Raman spectroscopy works by
shining a monochromatic light source onto a sample and detecting the scattered light. Most
scattered light is at the same frequency as the excitation source; however, a small amount of the
scattered light shifts in energy from the laser frequency because of interactions between the
incident electromagnetic waves and the vibrational energy levels of the molecules in the sample
(Fig. 7.1 A). Plotting the intensity of the shifted light against the frequency produces a Raman
spectrum of the sample [35-37]. Unfortunately, very weak signal is generated using
conventional Raman spectroscopy as very few incident electromagnetic waves, or photons,
undergo a Raman shift. Alternative techniques have been developed to enhance signal,
including Surface enhanced Raman spectroscopy (SERS) (Fig. 7.1 B). SERS can generate
signal intensities 10%° to 10!* magnitude greater than conventional Raman, thought to be due

to an enhancement in the electrical field that occurs in the presence of roughened and metallic
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surfaces, which in turn enhances Raman scattering [38]. SERS has already been applied by by
Haisch et,al. to perform chemical analysis of a biofilm matrix using SERS-active silver
nanoparticles [39]. Spatially offset Raman spectroscopy (SORS) is a technique that allows
Raman signals to be obtained at depth by offsetting the point of collection of the scattered light
from the laser-illumination (Fig. 7.1 C). SORS relies on the fact that deeper penetrating photons
tend to scatter laterally from the illumination zone on the sample surface, whereas photons
scattered back to the surface from shallower samples depths have less opportunity to travel
laterally. Collecting Raman photons at the sample surface away from the laser illumination
zone therefore allows greater detection of signal from deeper zones within a sample [40, 41].
This allows subsurface and surface spectra to be subtracted, which strengthens signal and
facilitates highly accurate chemical analysis beneath obscuring barriers [42]. SORS has already
been applied to allow penetration depths through 4 mm of soft tissue, allowing transcutaneous
characterisation of bone in animal and human cadavers [43, 44]. However, depth penetration
capabilities of SORS are limited by the weak Raman scattering signal that comes from

measuring at depth, which hampers analysis through tissue in clinical studies.
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Figure 7.1 Methods of Raman spectroscopy. (A) Raman spectroscopy works by shining a
monochromatic light source onto a sample and detecting the scattered light. A small amount of
scattered light shifts in energy from the laser frequency because of interactions between the
incident electromagnetic waves and the vibrational energy levels of the molecules in the sample,
undergoing Raman shift. (B) Surface enhanced Raman spectroscopy (SERS) can generate
signal intensities 10%° to 10'* magnitude greater than conventional Raman, thought to be due
to an enhancement in the electrical field that occurs in the presence of roughened and metallic
surfaces, which in turn enhances Raman scattering. (C) Spatially offset Raman spectroscopy

(SORS) is a technique that allows Raman signals to be obtained at depth by offsetting the point
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of collection of the scattered light from the laser-illumination. Deeper penetrating photons tend

to scatter laterally from the illumination zone on the sample surface.

In order to maximise Raman capabilities, the combination of surface enhanced Raman
scattering with spatially offset Raman spectroscopy (SESORS) has emerged, offering potential
to detect clinical infection at depth. Stone et al. first applied SESORS to detect gold
nanoparticles through depths of up to 50 mm of tissue [42]. Subsequent work demonstrated the
use of SESORS for in vivo glucose sensing through up to 8 mm of bone [45]. Recent work has
also demonstrated SESORS detection of neurochemicals through 3 mm of cat skull [36]. In a
further advancement, the technique of spatially offset resonance Raman scattering (SESORRS)
has been developed by combining SESORS with resonant reporters; this allowed detection of
gold nanoparticles functionalised with resonant Raman reporters through 25 mm of porcine

tissue using a handheld SORS instrument [41, 42, 46, 47].

In the following section we combine 3D bioprinted biofilms with animal tissue to create a joint
infection model. The potential for gold nanoparticles functionalised with resonant Raman
reporters and bacteria-specific DNA-aptamers to detect 3D bioprinted biofilms under depths of
tissue using SESORRS is then investigated. To the best of our knowledge, this is the first
application of SESORRS to allow the correct identification of specific bacterial species at

depths down to 2.1 cm.

7.3 Results

7.3.1 Creation of Aptamer Functionalised Nanoparticles

To allow SESORRS detection of specific 3D bacterial biofilms at depth, SERS active gold

nanoparticles functionalised with resonant chalcogenpyrylium Raman reporter dyes and
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bacteria-specific DNA aptamers were first produced by collaborators (Fig. 3.11). Specifically,
dye823 and dye815 with absorbance maxima at 823 and 815 nm respectively were chosen, as
both dyes can be detected by the handheld SORS instrument (Fig. 3.10). Dye823 was
conjugated to MRSA aptamer-functionalised AuNPs (AuNP@MRSA-Apt@dye823), and

dye815 conjugated to E.coli aptamer-functionalised AuNPs (AuNP@E.coli-Apt@dye815).

7.3.2 3D Biofilm Creation

MRSA and E.coli were initially chosen for inclusion in a joint infection model as clinically
relevant gram-positive and gram-negative bacteria recognised to frequently cause PJI [48].
Given in vivo biofilm formation is 3D in nature, we attempted to replicate this by 3D bioprinting
bacteria within a custom bacterial bioink using the methodology initially developed within
chapter 5. Briefly, this involved initial creation of a partially cross-linked Protanal alginate
hydrogel by mixing Protanal and CaCl, solution together. Inoculations of selected bacteria were
then mixed into the hydrogel to produce a bioink with homogenously distributed bacteria. 3D
bioprinting of the bacterial bioink was then performed (Fig. 7.2), with subsequent immersion
of constructs in BaCl, performed to allow secondary ionic cross-linking following bioprinting
that increases stability during bacterial culture (Fig. 6.3). This allowed creation of a 10 mm X
10 mm biofilm model that was 1 mm thick, with mature biofilm formation observed on CSLM
imaging prior to inclusion in experimental work (Fig. 6.5). The mechanical integrity of the 3D
biofilm also allowed for ease of physical movement and manipulation of the biofilm during
experiments, which would have been otherwise challenging if using biofilms produced via
traditional 2D culture methods. A further finding of crucial importance was that that the
bacterial bioink did not overlap with any of the Raman dye spectra and thus interfere with

results, or indeed block Raman detection by their presence (Fig. 7.3).
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Figure 7.2 3D extrusion bioprinter depositing bacterial bioink to create 3D bacterial scaffolds.

7.3.3 Creation of Joint Infection Model

To replicate the soft and hard tissues found within a native joint, porcine tissues were utilised
to create a layered PJI model. 3D bacterial biofilm was placed between porcine bone in the
deepest layer and porcine soft tissue in the most superficial layer, thus creating a sandwich-type

PJI model (Fig. 3.12).
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7.3.4 Sampling Reference Spectra from PJI Model Components and Bacterial Bioink

Initial reference spectra were acquired for each component of the PJI model. It was notable that
no overlap occurred between spectra obtained from bone, soft tissue, E.coli biofilm or
“reference” bioink containing no bacteria. Some overlap was seen to occur between dye815
used in the E.coli aptamer conjugates (yellow) and dye823 from MRSA aptamer conjugates
(purple) due to the similar structure of both dyes. However, dye815 was seen to exhibit a unique
peak at 550 cm™ whilst dye823 had a unique peak at 710 cm™, allowing for discrimination
between the two dyes (Fig. 7.3). The fact that our bioink did not display significant overlap
with either dye was crucial, whilst the bioink also did not block Raman spectra from being

obtained.
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Figure 7.3 Reference spectra of the PJI model components obtained using SORS. Pork bone
(dark blue), porcine loin tissue (orange), dye815 (yellow), dye 823 (purple), mixture of dye815
& dye823 (green), 3D bioprinted E. Coli biofilm with no aptamers present (light blue) and
reference bioink containing no bacteria (red). All measurements were carried out using a 2 s

integration time, 5 accumulations and an 830 nm laser excitation wavelength.
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7.3.5 Confirming Specificity of Aptamer Functionalised Nanoparticles to Respective

Bacterial Species

The binding specificity of aptamer functionalised nanoparticles towards respective bacterial
species was then examined by incubating anti-E.coli and anti-MRSA aptamer AuNP conjugates
with E.coli and MRSA biofilm samples overnight. After overnight incubation, unbounded
conjugates were removed by washing three times in Hank’s balanced salt solution (HBSS) prior
to SESORRS measurement. SESORRS spectra were then obtained from each of the biofilm-
conjugate combinations. Peaks at 710 cm™, 1178 cm™ and 1640 cm™ from AUNP@MRSA-
Apt@dye823 were only detected when AUNP@MRSA-Apt@dye823 was incubated with
MRSA biofilms (Fig. 7.4 A), with no significant peaks evident when incubation was performed
with E.coli biofilms (Fig 7.4 C), indicating specific binding having occurred between the
MRSA biofilm and AuNPs functionalised with MRSA aptamer. Similarly, when
AUNP@E.coli-Apt@dye815 was incubated with E.coli biofilms, a 550 cm™ peak from dye 815
was observed (Fig. 7.4 B), that did not occur when AUNP@E.coli-Apt@dye815 was incubated
with MRSA biofilms (Fig. 7.4 D). This again suggested specific binding of the E.coli aptamers

towards E.coli biofilm.
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Figure 7.4 SESORRS spectra obtained from an aptamer functionalised gold nanoparticle
specificity binding assay against 3D bioprinted biofilms. SESORRS spectra of (a) MRSA
aptamer conjugates (AUNP@MRSA-Apt@dye823) added to MRSA biofilm (blue), (b) E. coli
aptamers conjugates (AuNP@E.coli-Apt@dye815) added to E. coli biofilm (red), (c) MRSA
aptamer conjugates added to E. coli biofilm (yellow) and (c) E. coli aptamers conjugates added
to MRSA biofilm (purple) as control. Peaks at 710 cm™, 1178 cm™ and 1640 cm™ from
AUNP@MRSA-Apt@dye823 were only detected when AUNP@MRSA-Apt@dye823 was
incubated with MRSA biofilms (Fig. 6.6 A). Similarly, when AUNP@E.coli-Apt@dye815 was
incubated with E.coli biofilms, a 550 cm™ peak from dye 815 was observed (Fig. 6.6 B), that
did not occur when AUNP@E.coli-Apt@dye815 was incubated with MRSA biofilms (Fig. 6.6

D). This again suggested specific binding of the E.coli aptamers towards E.coli biofilm.

7.3.6 SESORRS Detection of Functionalised Nanoparticle Binding to Biofilms Within

PJI Model

Following successful demonstration of the binding specificity of functionalised nanoparticles

against MRSA and E. coli, the potential for SESORRS detection of biofilms using
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functionalised nanoparticles within our PJI model (Fig. 6.4) was examined. Initially E.coli-
targeting conjugates (AuNP@E.coli-Apt@dye815) and MRSA-targeting conjugates
(AUNP@MRSA-Apt@dye823) were incubated with E.coli biofilms and MRSA biofilms
respectively overnight. Unbounded conjugates were again washed away via washing x 3 in
HBSS prior to experimentation. MRSA and E. coli biofilms exposed to functionalised
nanoparticles were then placed in the PJI model. SESORRS spectra from AuNP@MRSA-
Apt@dye823 conjugates incubated with MRSA biofilms could be obtained through 18 mm of
porcine tissue (Fig. 7.5 A). Intensity of spectra decreased as overlying soft tissue thickness
increased, for both peaks at 1178 cm™ (Fig. 7.5 B) and 1640 cm™ (Fig. 7.5 C) associated with
AUNP@MRSA-Apt@dye823. SESORRS spectra of AUNP@E.coli-Apt@dye815 conjugates
incubated with E.coli biofilms could be observed through 21 mm of porcine tissue (Figure 7.5
D). Again, spectral intensity declined as overlying soft tissue depth increased (Fig. 7.5 E).
Spectra obtained for MRSA and E.coli were significantly different to the control bioink
constructs, that contained no bacteria, following exposure to the conjugates. This demonstrates
that nanoparticles functionalised with specific biorecognition aptamers have the potential to
target and detect specific bacterial biofilms at depths of 18-21 mm by SESORRS using a

portable handheld SORS instrument.

7.3.7 Relationship Between Biofilm/Nanoparticle Depth and Raman Signal

The relationship between biofilm/nanoparticle depth and detected Raman spectral intensity was
examined by comparing the intensity of nanoparticle signal with surface tissue signal. Initial
reference spectra collected from soft tissue identified a Raman band at 1460 cm™ (Fig. 7.5 A),
the intensity of which should remain the same in our PJI model given the consistent distance

maintained between soft tissue surface and SORS device. However, intensity of functionalised
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nanoparticle signal was expected to decrease as thickness of soft tissue overlying the biofilm
increased. For functionalised nanoparticle AUNP@MRSA-Apt@dye823, the intensity of the
most prominent spectral peaks at 1178 cm™ (Fig. 7.5 B) and 1640 cm™ (Fig. 7.5 C) were
compared to the soft tissue surface peak at 1460 cm™. The ratio of Raman band intensities
demonstrated an inverse relationship, decreasing significantly as overlying soft tissue thickness
increased, until minimal signal from AUNP@MRSA-Apt@dye823 could be detected beyond
18 mm tissue thickness. Similarly, for AUNP@E.coli-Apt@dye815dye intensity of the spectral
peak at 550 cm™ was compared to the 1460 cm™ tissue peak. An inverse relationship was again
found, with decreasing signal detected as overlying soft tissue thickness increased, with signal
beyond 21 mm difficult to detect (Fig. 7.5 E). Again, spectra obtained for MRSA and E.coli
were significantly different to the control bioink constructs, that contained no bacteria,
following exposure to the conjugates. Overall, there appeared to be a clear correlation between
Raman signal intensity, with signal significantly weakening as depth of tissue increased.
However, functionalised nanoparticles were able to facilitate positive detection of MRSA

biofilms under up to 18 mm tissue and E. coli biofilms under 21 mm of soft tissue.
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Figure 7.5 SESORRS detection of functionalised nanoparticle binding to biofilms within PJI

model. (A) For the functionalised nanoparticle AUNP@MRSA-Apt@dye823, dye peaks at

1178 cm™ and 1640 cm* (red dotted lines) could be detected through 18 mm of overlying soft

tissue. (B) The Raman band intensities ratio of AUNP@MRSA-Apt@dye823 at 1178 cm™ to

1460 cm™ (1178/1460) and (C) 1640 cm™ to 1460 cm™ (1640/1460) decreased as overlying soft

tissue thickness increased. (D) The functionalised nanoparticle AUNP@E.coli-Apt@dye815

had a dye peak at 550 cm™ that could be detected through 21 mm of porcine tissue. (F) The

Raman band intensities ratio of AuUNP@E.coli-Apt@dye815 at 550 cm™ to 1460 cm
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(550/1460) again decreased as overlying soft tissue thickness increased. Peak intensities were
obtained by scanning 3 replicate samples. All measurements were carried out using the same

instrument settings.

7.3.8 Detection of Polymicrobial Biofilms

Biofilm infections are often composed of multiple, interacting microbial species. We therefore
investigated the detection of 3D bioprinted 1mm thick multi-strain biofilms containing both
MRSA and E. coli. A mixture of functionalised nanoparticles, AUNP@MRSA-Apt@dye823
(E.coli-targeting) and AUNP@E.coli-Apt@dye815 (MRSA-targeting) were incubated with the
multi-strain biofilm overnight and unbound nanoparticles washed away using HBSS solution.
The multi-strain biofilm was then placed on top of bone and buried beneath increasing layers
of porcine soft tissue to recreate the PJI model. SESORRS spectra corresponding to
functionalised nanoparticles targeted against both MRSA and E. coli could be identified
through a depth of 15 mm of porcine tissue, with peaks at 1178 cm™ and 1640 cm™ having a
greater intensity due to spectral overlap from both dyes (Fig. 7.6 A, blue dotted box). The
unique peak from AUNP@MRSA-Apt@dye823 at 710 cm™ (Fig 7.6 A, red dotted line)
confirmed the presence of MRSA within the biofilm. The presence of E.coli was also detected

via the 550 cm™ peak from AuUNP@E.coli-Apt@dye815 (Fig. 7.6 A, black dotted line).

The relationship between biofilm/nanoparticle depth and detected Raman spectral intensity was
again examined by comparing the intensity of nanoparticle signal with surface soft tissue signal.
Once again an inverse relationship was found, with decreasing signal detected as overlying soft
tissue thickness increased, with signal beyond 15 mm difficult to detect (Fig. 7.6 A). Overall,

it appeared that use of SESORRS and targeted AuNPs allowed successful detection of both
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E.coli and MRSA strains in a polymicrobial biofilm under a depth of 15 mm of porcine soft

tissue.
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Figure 7.6 Detection of a polymicrobial 3D bioprinted bacterial biofilm using functionalised
nanoparticles and SESORRS. (A) A mixture of MRSA and E.coli strains were 3D bioprinted
to form a multi-strain biofilm and incubated with both AUNP@MRSA-Apt@dye823 and
AUNP@E.coli-Apt@dye815 overnight prior to SESORRS measurement. A tissue reference
spectrum is displayed at the top of the spectra (dark blue). The black dotted line denotes a peak

at 550 cm™* corresponding to E.coli biofilms bound by AUNP@E.coli-Apt@dye815, whilst the
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red dotted line corresponds to a 710 cm™ peak unique to MRSA biofilms bound by
AUNP@MRSA-Apt@dye823. The blue dotted box shows spectral overlap at 1178 cm™ and
1640 cm™ from detection of both AUNP@MRSA-Apt@dye823 and AuNP@E.coli-
Apt@dye815 conjugates. The relationship between biofilm/nanoparticle depth under tissue and
detected Raman spectral intensity was then examined by comparing the intensity of
nanoparticle signal with surface soft tissue signal. The Raman band intensity ratios of anti-
MRSA at 710 cm (Fig. 7.6 B) and anti-E. coli at 550 cm™ (Fig. 7.6 C) against tissue Raman
band 1460 cm™ were calculated as thickness of soft tissue overlying the multi-strain biofilm
increased. An inverse relationship was found, with decreasing signal detected as overlying soft

tissue thickness increased, with signal beyond 15 mm difficult to detect.

7.4 Discussion

By utilising 3D biofilms within a joint infection model, we were able to test the application of
a novel approach to diagnosing joint infection in vitro. To the best of our knowledge, we have
successfully demonstrated for the first time the targeted detection of specific bacterial biofilm
joint infections under depth of tissue using SESORRS Raman technology. As a potentially non-
invasive technology that can generate rapid results, this shows promise for a point of care test
that could allow rapid diagnosis at the bedside or in clinic. Early diagnosis of infecting
organisms within PJI can be challenging in the current clinical environment, in cases forcing
clinicians to take a “best guess” approach with antibiotics until a bacteriological diagnosis is
made following extended culture. In the 20% of patients that develop culture-negative PJI,
elimination of infection and use of appropriate antimicrobials is even more challenging and can

lead to increased morbidity and mortality for patients [21-23, 33, 34]. Furthermore, worldwide
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levels of antimicrobial resistance continue to increase, making early use of correct antimicrobial
treatment even more critical [49-52]. Demand for a novel and cost-effective test that could non-
invasively diagnose PJI due to specific bacteria in a rapid and reproducible manner at the
bedside or in clinic would therefore represent a major step forward in PJI diagnostics and allow

earlier targeted antimicrobial treatment to begin in patients with infeciton.

The successful development and investigation of SESORRS was aided significantly by the use
of 3D bioprinted biofilms. From a practical perspective, having robust 1mm thick biofilms with
controlled dimensions (due to bioprinting precision) and stability in culture allowed for much
easier physical manipulation of biofilms and also allowed creation of 3D models with precise
dimension; using traditional biofilm culture methods to produce much thinner, essentially 2D
biofilm structures with limited physical robustness and stability would have limited the scale,
repeatability and reliability of our physical model whilst accuracy of biofilm thickness may also
have been less certain and harder to control. 3D biofilms may also more closely replicate in
vivo biofilm infection as embedded bacteria have been shown to have increased metabolic
activity, AMR and plasmid stability, more in keeping with that found within the in vivo

environment compared to bacteria grown in 2D [53, 54].

Despite the promise of our results, there are some areas for development to allow SESORRS to
be more widely adopted. Increasing the scalability of the technology is limited in part by the
cost and expertise required to develop the functionalised nanoparticles we deployed. One
potential solution could be to incorporate the nanoparticles directly into joint implants, so that
they are present from the time of joint replacement in the patient. This would require

optimisation of the stability of the nanoparticles, and investigation of their impact on implant
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performance and longevity. However, it would allow for the non-invasive diagnosis of PJI to
be performed at the bedside or in clinic without requirement for further injection or aspiration.
This approach could have dual benefits for patients, as functionalised nanoparticles have
significant antimicrobial properties, so their inclusion in joint replacement constructs could aid
both the prevention and diagnosis of PJI. However, a significant step would have to be
overcome in terms of achieving approval for usage of the nanoparticles in humans. Current
research in the field of cancer diagnostics using SEOSRS is moving towards human trails,
however further work is needed to progress to this stage in musculoskeletal applications [40,

41, 47, 55].

To increase the validity of our results, performing SESORRS in the presence of joint implants
instead of just porcine bone would be a logical next step. In vivo analysis would also increase
the implications of our results. Whilst we were able to detect spectral signal under 2cm of tissue
for single bacteria and 1.5cm for polymicrobial biofilms, optimising the technology to allow
probing of greater depths of tissue would also make results applicable to a wider range of
patients, especially given the rising numbers of patients with obesity and therefore thicker
overlying soft tissues worldwide [56]. Making the functionalised nanoparticles less specific to
different bacteria could also be of benefit. For example, being able to simply determine whether
or not infection in general is present can initially be just as important as determining the
presence of specific bacteria, especially in patients presenting with painful loosening of a joint
replacement, which may be aseptic or septic in nature [33]. Being able to detect presence of
low-level infection, rather than presence of mature biofilm as we have demonstrated, would
also be of benefit in patients presenting early in the PJI  process.

Despite these areas for development, the potential of SESORRS and SORS technology has been
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demonstrated for other clinical indications including diagnosis of breast cancer, osteoporosis
and analysis of blood content [40, 41, 46, 47, 57]. By combining 3D bioprinted biofilms with
animal tissue, we have demonstrated that SESORRS appears to offer great potential for a point-
of-care test for PJI that could rapidly diagnose specific bacterial infections, allowing clinicians

to begin targeted antimicrobial treatment in patients at an earlier stage.
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8 Overall Conclusions and Recommendations for Future Work

The overall aim of this thesis was to utilise a 3D biofabrication approach to study two pressing
and interrelated areas within clinical orthopaedics; the regeneration and reconstruction of
osteochondral tissue, and the study and treatment of bacterial biofilms that cause infection of

joint replacements and native joint destruction.

To attempt the regeneration of osteochondral tissue, key challenges included the identification
and optimisation of successful biofabrication techniques, biomaterials and cell sources that
could be applied to osteochondral regeneration. Novel composite AlgMA/GelMA and
AlgMA/Col bioinks that can be triple-crosslinked, extrusion bioprinted or manually injected
into defects were developed. Compared to previously produced bioinks, the novel
AlgMA/GelMA composite bioink has some key advantages. The ability to perform rapid, step-
wise triple crosslinking allows for high fidelity bioprinting to be achieved, mediated by Ca?*
crosslinking and supported by using a FRESH bioprinting approach. A key success was to
combine bioprintabiltiy with extended longevity of constructs in culture. This was achieved by
fine-tuning AlgMA content, and by combining initial Ca®* crosslinking with both Ba?* ionic
crosslinking and UV-mediated covalent crosslinking. This allowed observation of cell growth
to be performed for several weeks in intact constructs, which is difficult to achieve and less
often combined with the biocompatibility demonstrated using both chondrocytes and MSCs in

vitro in this research [1-8].

Overall, the composite AlgMA/GelMA bioink appeared to be highly biocompatible and capable
of supporting excellent chondrocyte and MSC growth in 3D extrusion-bioprinted scaffolds
whilst maintained macroscopic patch-repair of an in vitro osteochondral defect model was also
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observed, with growth expedited by inclusion of cell spheroids. This is in keeping with a range
of studies where excellent growth of MSCs, chondrocytes and other cells has been supported
by use of alginate/GelMA bioinks, demonstrating the versatility and biocompatibility of this

composite bioink [1, 2, 4-6, 9].

In terms of clinical applications, it is hoped that similar technology could be applied in due
course to patch-repair OCDs in patients with biofabricated biological tissue, perhaps delaying
or circumventing entirely the need to undergo more extensive joint replacement surgery,
particularly in younger patients. The ability to perform 3D bioprinting with high resolution
potentially allows biofabricated constructs to be tailored to individual patients and individual
defects. The additional option to inject and crosslink the bioink in situ also adds greater
flexibility, and could be readily adapted to arthroscopic “key-hole” surgery attempts to repair
OCDs. It also offers the potential to treat previously unidentified defects in situ without waiting
for bioprinting to be performed during surgery. Whilst this research may offer further evidence
for a new approach to treating osteochondral defects in the future, barriers to clinical translation
remain. Scaling up bespoke, novel biofabrication platforms such as those used in this thesis to
allow treatment of high volumes of patients and large tissue defects remains a challenge.
Mironov et al. suggest that “It is not sufficient to develop just one robotic device—a bioprinter
... [it] will require the development of series of integrated automated robotic devices, or an
organ biofabrication line” [10]. To increase the scalability of biofabrication platforms, the
bespoke systems often used in current research must therefore be developed towards
standardized and integrated systems capable of the high throughput performance required in
clinical practice. Ease of deployment of the technology in major teaching hospitals and more

rural or local hospitals alike would allow maximum impact in worldwide healthcare systems.
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Such systems would allow the sequential development of printed constructs into vascularized

living tissue or organs suitable for patient use.

A lack of long-term in vivo studies following implantation of bioprinted cells and constructs
into the human body represents a further challenge. It is therefore difficult to properly
characterise the risk of implanting biomaterials or cells into a patient; breakdown products
could trigger unforeseen immune reactions, as has occurred following some modern hip
replacements [11]; furthermore, implanted cells could migrate or dislodge from constructs,
causing ectopic tissue growth or teratoma formation depending on cell types used [12]. The
long-term in vivo performance of many novel biomaterials, assessed by their degradation
profiles, tissue integration and biocompatibility remains uncertain [13-15]. An ethical challenge
may also arise in future from the cost of implementing biofabrication technology, as wealthy
patients could have greater access to the technology, bypassing transplant waiting lists by
paying for their ‘own’ tissue or organs, whilst patients with less resources are forced to wait for
donor tissue or undergo alternative procedures such as amputation or dialysis. However, as
scalability of the technology is improved, the ethical dilemma of having a “two-tiered” level of
access to new tissue and organs may reduce. Furthermore, biomaterials are often animal-

derived, which some patients may find disagreeable.

Turning attention to the second aim of this thesis, we sought to biofabricate clinically relevant
3D bacterial biofilms that would allow would further investigation of biofilm growth, biofilm
antimicrobial treatment, and testing of a novel method of detection of joint infection to occur.
Initially we were able to combine our biofabrication methodology with bacteria to allow
extrusion bioprinting of thick structures that formed clinically relevant biofilms with controlled

dimensions. This allowed the biofilm life cycle in 3D to be captured and AST in 3D to be
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performed, with significant differences to AST on corresponding 2D cultures found. To the best
of our knowledge, this is the first time the processes involved in mature 3D biofilm formation
have been observed in vitro in true 3D and following bioprinting [16-19]. Future work could
hopefully expand upon this by investigating a wider range of bacterial biofilms. In terms of
clinical translation, this potentially would allow investigation of 3D biofilm penetration by
antimicrobials in a model that more closely replicates the in vivo environment where complex
factors such as local immune responses also influence treatment. Analysing the biofilm
formation process in 3D in more detail may also allow novel targets to be identified with
therapeutic potential for halting biofilm formation. Compared to currently available biofilm
models, the physical robustness of our biofilm model in culture also allowed it to be easily
applied to create a 3D PJI model. As a result, we were able to use our biofilms to demonstrate
the novel application and potential of SESORRS as a point-of-care test that could rapidly
diagnose specific bacterial infections, hopefully allowing clinicians to diagnose PJI non-

invasively and begin targeted antimicrobial treatment in patients at an earlier stage.

Overall, the field of 3D biofabrication offers an increasingly large number of potential solutions
to help ease the treatment burden of cartilage defects, arthritis and PJI thanks to the increasing
range of available bioinks, bioprinting techniques, biomaterials and anatomical scaffold
designs. As biofabrication platforms become more standardised and increase in scale, it is
hoped that increasingly cost effective and reproducible treatment tailored to the individual
patient will become possible in future, whilst more solutions to AMR may be offered through

the study of 3D biofilms.
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