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Abstract

Corneal blindness is a leading cause of irreversible visual impairment worldwide and can
occur due to improper healing of the corneal tissues after induced injury or corneal
surgery. The corneal epithelium has a self-healing mechanism wherein the frequent
movement and differentiation of limbal stem cells residing in the limbus continuously
replenish the epithelial layer. However, a key factor in promoting this natural healing
process is the control of the inflammatory response within the cornea via the use of anti-
inflammatory medications. These medications are usually administered via eye drops, a
delivery method that is associated with very poor drug bioavailability (< 5%). To
overcome this, frequent administration of eye drops is required, and this can often be
inconvenient for patients. Currently, bandage contact lenses (BCLs) are applied after
surgeries to protect the injured cornea, reduce pain and promote healing. Often, topical
medications are also prescribed in conjunction with BCLs and therefore require patients

to adhere to the dosage regimen in order to promote healing and prevent complications.

The primary aim of this thesis is to develop a tailor-made novel 3D-printed medicated
BCL for the treatment of mild, moderate and severe corneal injuries. The corneal
bandage is designed to protect the injured cornea from the external environment and
pathogens and act as a matrix to support the adhesion of the newly generated corneal
cells, thereby promoting rapid corneal healing. Two types of therapeutics were loaded
in the bandages: an anti-inflammatory corticosteroid drug, dexamethasone (DEX), used
to reduce the inflammation of the injured cornea and promote self-regeneration post-
surgeries or in cases of mild-moderate corneal injuries (presented in chapters 3 and 4);
and the second being human corneal epithelial primary cells (HCEpC) which can be used
to compensate for the loss of corneal stem cells in moderate-severe corneal injuries

thereby minimising the need for corneal grafts (presented in chapters 5 and 6).

In chapter 3, an all-in-one drug-eluting silicone hydrogel BCL was developed to protect
the injured eye while delivering dexamethasone (DEX) as an anti-inflammatory
medication over a period of 2 weeks. p(HEMA-co-TRIS-co-PDMS) lenses were prepared
and the molar ratios of the co-monomers were varied to determine their effect on the

release profiles of DEX and the properties of BCLs. Extended release of DEX for up to 14



days was achieved from the prepared lenses with properties comparable to commercial

silicone hydrogel contact lenses.

In chapter 4, Gelatine methacrylate (GelIMA) BCLs were prepared by solvent casting and
3D-printing techniques. DEX was loaded within the hydrogel matrix in the presence of
Polyethylene glycol diacrylate (PEGDA) as a crosslinker. It was found that the
incorporation of PEGDA improved the lenses’ resistance to handling and prolonged their
degradation time, reduced the EWC values and extended the release of the incorporated

drug.

In chapters 5 and 6, a BCL that can carry human corneal epithelial primary cells (HCEpC)
for treatment of moderate-severe corneal injuries in patients with limbal stem cell
deficiencies (LSCDs), GelMA hydrogel lenses were developed. In chapter 5,
GelMA/PEGDA hydrogel meshes were 3D-printed, cured and dried, then the HCEpC
were loaded within the meshes. The incorporation of PEGDA enhanced the mechanical
properties of GelMA hydrogels, increased their degree of crosslinking and significantly
reduced the in vitro degradation rates. Moreover, in vitro cell culture experiments using
HCEpC showed high adhesion, proliferation and viability over a period of 1 week in all
the 3D-printed meshes. In chapter 6, either hyaluronic acid (HA) or collagen were
incorporated within the 8% GelMA hydrogel matrix. The effect of various hydrogel
compositions on the properties of the 3D-printed meshes including shape, degree of
crosslinking, ESR, biodegradability and cell viability of the printed meshes were
evaluated. It was found that the incorporation of 0.5% HA within the hydrogel
composition resulted in a continuous extruded filament and a good printed structure.
Moreover, the incorporation of 1% collagen within the hydrogel composite obtained a
smooth printed mesh and enhanced the adhesion and proliferation of the seeded cells

resulting in the formation of cell sheets within the printed structure.

In conclusion, the feasibility of loading therapeutics within BCLs that can be 3D-printed
was confirmed. Furthermore, the good viability of HCEpC within the hydrogel lenses
demonstrates the promising potential for the use of cell-loaded BCLs in treatment of
corneal injuries, and the viability of a convenient, non-invasive alternative to the

currently available treatment protocols.
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Chapter 1 Introduction and thesis
overview



1.1 General introduction
1.1.1 Structure and function of the cornea

The anterior surface of the eye is composed of the cornea, conjunctiva and the limbus
which is the zone between the two (Kurpakus-Wheater, Kernacki, & Hazlett, 2001). The
cornea is a clear, avascular, dome shaped surface that covers the front of the eye (Dartt,
2010). It acts as a barrier, protecting the inner contents of the eye and it provides about
two-thirds of the eye’s refractive power. Therefore it has an important role in enabling
clear vision (Meek & Knupp, 2015). The mechanical strength of the cornea is achieved
through collagen fibrils, which have a small, uniform diameter and are positioned with
a high degree of lateral order. This arrangement is what makes the cornea transparent
and allows visible light into the eye. The cornea is kept smooth and healthy by the
lubricant and antibacterial properties of the tear film that is secreted within the eye
(Meek, 2008). The composition of the human cornea is illustrated in Figure 1.1. There
are three main layers, the epithelium, stroma and endothelium, and two membranes

known as the Bowman’s and the Descemet’s membranes.

The epithelium is about 53 um thick and is the cornea’s outermost layer (Reinstein,
Archer, Gobbe, Coleman, & Silverman, 2008). Its primary function is to block the passage
of foreign materials, such as dust, water, and bacteria from entering the eye, and to
provide a smooth surface that can absorb oxygen and nutrients from the tears. The
epithelium is filled with thousands of tiny nerve endings, which is why it can be
extremely painful when a foreign body enters the eye. It is worth noting that the
lipophilic nature of the epithelium is the main barrier to hydrophilic drugs (Barar, Asadi,
Mortazavi-Tabatabaei, & Omidi, 2009). The inner layer of the epithelium, where the
epithelial cells anchor and organize themselves, is called the basement membrane

(Yurchenco, 2011).
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Figure 1.1. The structure of the human eye, showing the layers of the cornea (Adopted from
(Rose et al., 2014)).

Following the basement membrane, there is a thin transparent film of collagen fibres
called the Bowman’s membrane; it is 8-14 um thick and is not considered a drug barrier.
Unfortunately, the Bowman’s membrane cannot be regenerated if it gets damaged, and
thus injuries can cause scar formation, which might lead to loss of vision if the injury
covers a large area or is located near the centre of the cornea (Rawas-Qalaji & Williams,

2012).

The stroma is just below the Bowman’s membrane and is the thickest layer of the
cornea, constituting almost 90% of the corneal thickness (Meek & Knupp, 2015). It is
hydrophilic in nature as it is composed primarily of water and collagen and thus it
constitutes the main barrier to hydrophobic drugs crossing the cornea. Just below the
stroma is the Descemet’s membrane, a thin (6um) but a robust film of regenerative
tissue that serves as a protective barrier against infection and injuries. It does, however,
hinder drug absorption (Rawas-Qalaji & Williams, 2012). The Descemet’s membrane is
composed of collagen fibres that are different from those of the stroma, and are made

by cells located in the endothelial layer of the cornea (Sridhar, 2018).



The endothelium is the thin, innermost layer of the cornea and its cells play a significant
role in keeping the cornea clear. Normally, fluids slowly leak from the inside of the eye
into the stroma, and the endothelium’s primary task is to pump these fluids out of the
stroma through the Na/K+ ATPase pumps. Without this pumping action, the stroma
would swell with water and become thick and opaque (Rawas-Qalaji & Williams, 2012).
Unlike the cells of the Descemet’s membrane, endothelial cells that have been
destroyed due to disease or trauma are not repaired by the body (Institute, 2019). In
general, changes in one or more of the corneal layers can lead to increased light

scattering and consequent loss of corneal transparency (Meek & Knupp, 2015).

1.1.2 Causes of corneal injuries

Accidents
Trauma and abrasion

Most ocular trauma injuries occur as a result of the impact from foreign bodies or
abrasion of the corneal epithelium. After a corneal injury, the patient may suffer from
severe pain and reduced vision. With symptoms usually improving as healing takes
place. It was reported that patients can suffer from panic as a result of vision loss and a

prolonged period of anxiety even after eye recovery (Ashby, Garrett, & Willcox, 2014).

Chemical burns

Chemical burns account for 5-22% of eye injuries and have a greater risk of affecting
vision. (Ashby et al., 2014). They occur when corrosive substances are accidentally
introduced to the eye such as building products or household cleaners that contain
ammonia. Generally, alkaline burns are more serious than acidic burns since the
hydroxyl ions cause saponification of the fatty acids in corneal cell membranes thereby
causing cellular disruption. This leads to the deep penetration of the alkaline solutions
into the underlying tissues causing severe damage to the cornea. On the other hand,
acids denature corneal proteins causing coagulation necrosis, which forms a barrier that
helps to prevent further penetration into corneal tissues. Chemical eye injuries require
instant evaluation and emergency treatment (Eslani, Baradaran-Rafii, Movahedan, &

Djalilian, 2014).

The main aim of treatment in the acute phase of corneal burns is to reduce
inflammation, stimulate epithelialisation and prevent tissue necrosis. Successful
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management of the acute phase can reduce scar formation and protect vision (A.
Baradaran-Rafii, Aghayan, Arjmand, & Javadi, 2007; Fernandes, Sridhar, Sangwan, &
Rao, 2005).

Corneal surgeries

Despite the safety of the procedures used in current corneal and refractive surgeries,
LASIK surgery generates at least 2% complications with irregular wound healing patterns
(Ljubimov & Saghizadeh, 2015). The cornea’s response to injury after laser surgery differ
from person to person. The immediate postoperative refractive results of LASIK or
surface ablation are controlled by the programmed ablation zone geometry, the laser-
tissue interaction and perioperative biomechanical responses which is not the same for
all patients. Biological diversity in this response is the norm, even in genetically similar
individuals or contralateral eyes of the same patient. Even in high precision refractive
surgeries, the shape-subtraction model of photokeratoctomy that forms the basis of the
LASIK and PRK ablation routines assumes a biologically and mechanically inert cornea
and does not take in consideration non-idealities in the laser-tissue interactions.
Abnormal regulation of the healing mechanism can lead to serious complications such

as keratectasia or loss of corneal transparency (Dupps Jr & Wilson, 2006).

Epithelial Injury

l

Keratocyte apoptosis
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Keratocyte proliferation and migration

il Inflammatory cell infiltration ——s
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NO Myofibroblast yoflbroblast
generation generatlon

Figure 1.2. Corneal wound healing cascade after corneal surgery (Adapted from (Dupps Ir &
Wilson, 2006)).

Corneal haze is one of the complications following photorefractive keratectomy. During
the wound healing process, the transformation of stromal keratocytes into activated
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fibroblasts that synthesize new collagen and extracellular matrix can lead to opacity
(Klausner, Peer, Chapman, Multack, & Andurkar, 2007). Figure 1.2 shows the two wound
healing reaction pathways that occur during laser surgeries. One results in proper
healing that leads to the formation of a clear eye (on the left) and the other pathway
due to uncontrolled healing results in corneal haze (on the right). Following epithelial
injury, instantaneous programmed cell death (apoptosis) of underlying keratocytes
occur and the dead cells are removed by the phagocytic action of the migrating bone
marrow-derived cells. A few hours after apoptosis, residual stromal keratocytes undergo
proliferation and migration to restore stromal cellularity. According to the type and
extent of the injury, a high density of myofibroblasts can be generated in the cornea

which leads to corneal haze (Dupps Jr & Wilson, 2006).

Corneal diseases/conditions

Corneal diseases are the reason more than 8 million people suffer from blindness
worldwide (Zellander et al., 2014). Corneal diseases/conditions can be induced by
extrinsic infectious pathogens or intrinsic autoimmune reactions (Tsai, Hsu, Hung,
Chang, & Cheng, 2015). Epithelial cells can produce cytokines such as interleukin-1 (IL-
1) in response to certain antigens such as microbes and toxic substances in the
environment as a first-line defence mechanism for the eye. However, this defence
mechanism can lead to migration of dendritic cells, neutrophils, T lymphocytes and
other inflammatory cells into the cornea which might lead to swelling, dissolution of the

stroma and opacity (Kurpakus-Wheater et al., 2001).

Generally, an immune response will cause an unacceptable level of tissue destruction.
However, each tissue has a different degree of destruction tolerability; for example, a
response to microbial infection that is protective in one tissue such as the lung may be
pathological in another such as the eye. In the cornea, it is extremely important to
control the inflammatory response in order to maintain vision and clarity (Kurpakus-
Wheater et al.,, 2001). The following diseases/conditions can affect the cornea in a

manner that requires effective treatments.

Infectious keratitis

Infectious or microbial keratitis occurs in the cornea as a result of a bacterial, viral or
fungal infection. Infectious keratitis is common, but not limited, to contact lens wearers.
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Corneal infections lead to severe complications such as corneal thinning and scarring,

which might require surgical intervention if not properly treated (Tsai et al., 2015).

Bacterial keratitis usually results in corneal ulcers that can lead to perforations, which
can seriously affect vision (Tabatabaei et al., 2017). Once the bacteria enter the corneal
tissue, cytokines such as interleukin 1 and tumour necrosis factor (TNF) are released.
Examples of bacterial species that affect the cornea are Pseudomonas, Staphylococcus,

Streptococcus, Moraxella and Salmonella (Jhanji et al., 2011).

Fungal keratitis is one of the major causes of infectious keratitis, especially in developing
countries. It is caused by fungi including Fusarium solani, Aspergillus fumigatus,
Penicillium citrinum, Candida albicans, Cephalosporium, and Curvularia (Jhanji et al.,
2011). 1t is usually challenging to treat fungal keratitis, and the infection can lead to
corneal perforation in cases of treatment failure. Initial treatment is through antifungal
topical medication such as Natamycin or Amphotericin B (H. C. Chen et al., 2006).
Although the rate of progression of fungal keratitis is slow, the lack of ocular penetration
of the antifungal topical therapy is a major limitation of the current therapies. Almost
one-third of all fungal infections require surgical interventions for treating corneal
perforations that occur as a result of pharmacological treatment failure (Jhanji et al.,

2011).

The proliferation of micro-organisms and the associated inflammation within the
corneal tissues causes corneal ulcers and perforations that can cause serious sight-
threatening conditions that require intensive treatment. Amniotic membrane (AM)
transplantation can be used to reduce inflammation, promote corneal wound healing

and reduce scarring (Altay, Tamer, Burcu, & Balta, 2016).

Ulcers, perforations and epithelial defects

Corneal ulcers and perforations can occur due to infectious or non-infectious keratitis
(Nejabat et al., 2009). Usually, epithelial defects caused by pathogens self-heal without
complications, but in some cases where there is a malfunction of lids or tear film or
nerve damage, chronic inflammation can lead to persistent epithelial defects (PED) and
stromal melting (J. S. Kim, Kim, Hahn, & Park, 2001). Treatment for PED is achieved via

correcting the underlying condition, suppressing of the inflammation and conservative



ocular surface management. Usually, surgical interventions including AM transplants are

done only when medical treatment fails (A. Baradaran-Rafii et al., 2007).

Non-infectious corneal perforation usually occurs in ocular diseases affecting the
precorneal tear film or other components of the ocular surface. One of the major causes
of chronic epithelial defects is dry eye syndrome. Poor healing of chronic epithelial
defects can lead to corneal ulceration or perforations that are sight-threatening (Jhanji
et al.,, 2011). Autoimmune diseases such as rheumatoid arthritis, systemic lupus
erythematosus, temporal arteritis, Wegener granulomatosis, sarcoidosis, and
inflammatory bowel disease are another cause for chronic epithelial defects as they can

cause corneal melting (Jhanji et al., 2011).

In the case of corneal perforations, it is vital to seal the aqueous leak, provide support
to the perforated site and eliminate the causes of perforation while protecting the
anterior segment from any further damage. This can be achieved through tissue
adhesives, bandage contact lenses (BCL), patch grafts including AM, conjunctival flaps

and penetrating or lamellar keratoplasty (Solomon et al., 2002).

Bullous keratopathy

Bullous keratopathy is a corneal disease caused by endothelial decompensation. The cell
density of the endothelium is reduced, causing over hydration of the cornea leading to
intraepithelial oedema that weakens the adhesion between the epithelium and stroma
resulting in bullae formation. The main cause of bullous keratopathy is complicated
cataract surgery (Vyas & Rathi, 2009). Secondary causes of bullous keratopathy can be
failed corneal grafts, penetrating or blunt trauma, or refractory glaucoma. In cases of
mild corneal decompensation, bullous keratopathy can be asymptomatic, however as
the disease progresses, slight blurring of vision occurs due to increased corneal thickness
and the folding of the Descemet membrane. Bulla formation occurs eventually causing

discomfort or sometimes severe pain.

Partial or full-thickness corneal transplantation is the main treatment for bullous
keratopathy. However, AM transplantation, anterior stromal micro puncture, collagen
cross-linking, BCLs and conjunctival flap are some of the alternative treatments

proposed, that can be used individually or in combination for treatment of bullous



keratopathy in cases of difficulties in processing a corneal transplant (Siu, Young, &

Jhanji, 2014; Sonmez, Kim, & Aldave, 2007).

Band keratopathy (BK)

Patients with band keratopathy (BK) experience ocular pain and diminished vision due
to the physical disruption and calcification of the peri-basement membrane area leading
to breakdown of the corneal epithelium and instability of the ocular surface and in some
cases keratocyte loss (Anderson, Prabhasawat, Alfonso, & Tseng, 2001; Fernandes et al.,
2005). Ocular pain in band keratopathy is due to surface instability and epithelial

irregularity (A. Baradaran-Rafii et al., 2007).

Band keratopathy is currently managed through the use of the chelating agent
ethylenediaminetetraacetic acid (EDTA) with superficial keratectomy or excimer laser
PTK to remove the calcific deposits (Im, Lee, & Yoon, 2010), however, there is a need for
supporting treatments to reduce pain, promote healing and stability of the cornea and
prevent opacity; this can be achieved through AM transplantation (Anderson et al.,
2001). The AM protects the stroma from defects by replacing the removed basement

membrane and stroma after surgery (Im et al., 2010).

Diabetic keratopathy

Diabetes has a significant influence on all the layers of the cornea. Moreover, it has a
deleterious effect on the morphological, physiological, metabolic and clinical features of
the cornea. Keratoepitheliopathy, a condition that occurs in almost one-quarter of
diabetic patients, presents as superficial punctuate keratopathy, persistent epithelial
defects or recurrent corneal erosion (Hiraoka, Amano, Oshika, Kato, & Hori, 2001; K.
Inoue et al., 2001). Diabetes causes vascular changes in the tear gland and diabetic
retinopathy which leads to dysfunction of the tear film and thus dry eye (Cousen,
Cackett, Bennett, Swa, & Dhillon, 2007). Moreover, diabetic keratopathy can cause
corneal oedema and persistent epithelial defects that can progress to scarring which

might eventually lead to permanent loss of vision.

The cornea of a diabetic patient differs from the normal cornea in response to cataract
surgery and is more susceptible to postoperative complications. It is common in diabetic
patients to suffer from preoperative and/or postoperative dry eye disease due to

aggressive treatments before and after surgery and worsening of the tear film function
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as a result of the cataract surgery itself (X. Liu, Gu, & Xu, 2008). Moreover, diabetic
patients suffer from delayed epithelial wound healing compared to non-diabetic
patients, which might progress to intraocular infection and other postoperative
complications (Wakuta et al., 2007). Controlling of blood sugar levels and eye
lubrication is important in diabetic patients to prevent complications arising post
corneal injuries. Other treatment protocols suggest using topical antibiotics and oral
nicergoline to increase the arterial blood flow, BCLs, and covering the lid by a patch.
Recent approaches implement growth factors to enhance corneal healing (Cousen et al.,

2007; Saghizadeh, Kramerov, Yu, Castro, & Ljubimov, 2010) .

1.1.3 Corneal healing

Since the cornea is the major refractive surface of the eye, any mechanical or biological
response following injury will affect the optical performance. The size and depth of the
wound and the type of injury affect the healing mode and outcome. Corneal injury can
be in the form of a scrape, incision, laser exposure, or other insults. Following the injury,
there is usually a period of lag phase where the cells change their metabolic status and
prepare for the wound healing process. Although the mechanism of wound healing is
usually introduced as a linear cascade, it is more complex and involves simultaneous
mechanisms that are influenced by numerous factors such as cytokines, growth factors,
chemokines and their receptors. There are similarities in the healing processes between
the epithelial, stromal and endothelial cells in relation to cell migration, dependence on
growth factors and extracellular matrix (ECM) remodelling. However, there are
significant differences in the healing mechanism of the different corneal cell populations

(Dupps Jr & Wilson, 2006).

The corneal epithelium has a self-healing mechanism through frequent movement and
differentiation of limbal stem cells residing in the limbus. Most epithelial injuries self-
heal within 24 h, except for severe injuries from alkali burns, infections, or wound
associated with diabetic retinopathy (Ashby et al., 2014). Corneal epithelial wound
healing consists of continuous phases that start with cell death, followed by migration
via sliding of the superficial cells to cover the denuded surface, followed by cell
proliferation, differentiation and extracellular matrix (ECM) remodelling (Agrawal &

Tsai, 2003; Ljubimov & Saghizadeh, 2015). This process involves growth factor/cytokine

10



and ECM signal-mediated interactions to re-establish epithelial integrity and restore

corneal homeostasis (Ljubimov & Saghizadeh, 2015).

Stromal cells heal through a sequence of transformation of stromal keratocytes to
fibroblasts and myofibroblasts (Ljubimov & Saghizadeh, 2015). Fibrin formation occurs
at the early stage of wound healing to act as a provisional matrix to support migration
and adhesion of corneal epithelial cells. Crosslinking of the expanding fibrin network is
essential for corneal wound healing. Subsequently, fibronectin is deposited on the
denuded corneal surface from tear film to facilitate cell adhesion and re-epithelisation

during healing (Agrawal & Tsai, 2003).

Fibrotic scar formation in human skin cells will not affect tissue function, however,
improper stromal wound healing can significantly reduce corneal transparency and
affect vision. It is worth noting that stromal remodelling occurs upon direct damage to
the stroma as in case of surgery, as well as upon the death of stromal cells after injury
of the corneal epithelium through physical or chemical factors. Damage of the stroma
triggers the release of inflammatory cytokines from epithelial cells and/or tear fluids. As
for endothelial corneal healing, it usually occurs after corneal burns and surgeries for
replacing dysfunctional endothelial cells only. Endothelial cells have extremely low
proliferation rates, and healing occurs through transformation to mesenchymal cells,

cell migration and spreading (Ljubimov & Saghizadeh, 2015).

1.1.4 Current treatments for corneal injuries

The treatment protocol set to promote effective corneal healing depends mainly on the
cause and the severity of the injury. Some corneal injuries are caused by trauma or
pathogens as explained above, and therefore elimination and treatment of the cause

should be addressed in conjunction with the following treatment protocols.

Mild-moderate injuries

It is of paramount importance to control the inflammatory response within the cornea,
following injuries, in order to preserve its clarity and vision (Kurpakus-Wheater et al.,
2001). Although inflammation is a beneficial process that is required in the mechanism
of wound healing, excessive levels of inflammation can lead to delayed corneal healing.

Inflammation can be controlled via COX inhibitors or glucocorticosteroids. Early use of
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steroids limits inflammation, protects the stroma from destruction and can prevent

corneal opacity (Ashby et al., 2014; Gicquel, Bejjani, Ellies, Mercié, & Dighiero, 2007).

Anti-inflammatory medications are currently administered via eye drops. However, the
major drawback when using eye drops is that most of the instilled drug is lost within the
first 15-30 s due to high tear turn-over, rapid nasolacrimal drainage and conjunctival
absorption. Moreover, only 5% of the drug successfully penetrates the cornea due to
corneal barriers. As a result of this poor drug bioavailability, frequent administration of
eye drops is required to achieve therapeutic outcomes. This is inconvenient for patients,
especially if the eye is covered after surgery (Badawi, El-Laithy, El Qidra, El Mofty, & El
Dally, 2008). Anti-inflammatory eye drops need to be administered every 2 h in the first

2 days, and then every 4 h (Kaczmarek, Tieppo, White, & Byrne, 2014).

BCLs are currently applied after eye surgeries, such as photorefractive keratectomy
(PRK), to protect the eye after the removal of the corneal epithelium (Sdnchez-Gonzalez,
Lépez-lzquierdo, Gargallo-Martinez, De-Hita-Cantalejo, & Bautista-Llamas, 2019).
Furthermore, they are used in cases of traumatic corneal abrasion to protect the injured
cornea, reduce pain and promote healing. In both situations, topical medications
containing either anti-inflammatory and/or antibiotic medication are prescribed. These

patients would benefit from a drug-eluting BCL (Hui, Sheardown, & Jones, 2012).

Moderate-severe injuries

In some of the moderate and most of the severe corneal injuries, such as alkali burns,
Steven-Johnson syndrome, post-radiation or after multiple surgeries, corneal limbal
stem cells can be permanently damaged, therefore compromising the natural ability of

the eye to regenerate new corneal epithelial cells (Pratoomsoot et al., 2008).

The choice of treatment depends on the severity and the time since the primary injury.
In cases of mild and partial limbal stem cell deficiency (LSCD), AM transplants can be
effective. The presence of nutrients, anti-inflammatory regulators and growth factors in
the AM, aid the re-epithelisation and reduction of inflammation, scarring, and
vascularisation of the injured cornea, thereby promoting the expansion of the remaining

limbal stem cells (Gheorghe, Pop, Mrini, Barac, & Vargau, 2016).
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In severe cases, grafting small pieces of healthy limbal tissue from the patient’s other
eye (limbal autografts) or from the limbus of a close relative (allograft) is usually a
successful treatment (Gheorghe et al., 2016). However, this is an invasive and expensive

operation.

Another successful procedure used in various cases of LSCDs is stem cells transplants,
which are usually fixed using AM sheets. Stem cells promote regeneration of the corneal
epithelium and help restore epithelial clarity (Gheorghe et al., 2016), while the AM
provides the required support, promoting cellular differentiation and proliferation

throughout their formation into a new tissue (Y. Zhao & Ma, 2015).

1.1.5 Reason for utilisation of 3D-printing

After the approval of Spritam® (levetiracetam) as the first 3D-printed drug product in
August 2015 (Fitzgerald, 2015), there has been a push to expand the 3D printing research
for drug delivery and other medical applications. In the medical field, 3D printing
technology can produce sophisticated and personalised products with viable market
potential that can be made on-demand, increasing the safety margin, efficacy and
accessibility of medicines (Norman, Madurawe, Moore, Khan, & Khairuzzaman, 2016).
3D-printing can allow the development of patient-specific, personalised BCLs for
keratoconus patients or for BCLs with complex designs like lenses with hollow centre or
mesh-like structure with a specific pore diameter. Moreover, cells can be incorporated
in the bioink and printed into BCLs using 3D-bioprinting techniques.Therefore, this thesis
aims to utilise the advantages that 3D-printing can bring to the field of medicated BCLs

in the treatment of corneal injuries.

3D-printing in drug delivery

Drug delivery is the process of administering drugs or pharmaceutical compounds to
their target site in the body for safely achieving their desired therapeutic effect
(Jonathan & Karim, 2016; Tiwari et al., 2012). The conventional methods of fabrication
of drug delivery systems might not be satisfactory for new therapies, which require

advanced manufacturing techniques.

The capability of dispensing small volumes with accuracy, spatial control, and layer-by-

layer assembly in 3D-printing allows for the preparation of devices and structures with
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complex geometries, multiple active pharmaceutical ingredients and controlled release
profiles. Also, the 3D-printed models can be easily modified before printing which
reduces production costs and saves materials (J Long, Gholizadeh, Lu, Bunt, & Seyfoddin,
2016; Prasad & Smyth, 2016). Furthermore, geriatric and pediatric patients usually
require personalized medication due to rapid modification of physiological and
metabolic functions or due to dose adjustment (Buanz, Saunders, Basit, & Gaisford,

2011; Florence, 2010).

The microstructure and porosity of the drug delivery device (DDD) can be easily
controlled by varying the parameters within the 3D-printing process. Traditional
methods for producing matrix DDD with porous core structure include compression,
moulding, solvent casting, the lost foam and vacuum forming methods. Conventional
production methods can produce closed pores that are not permeable to liquids and
entrap the drug hindering its release. Compared to conventional methods of fabrication,
3D-printing techniques have better control over pore sizes, connectivity, and

distributions of internal pores (Cheah, Leong, Chua, Low, & Quek, 2002).

3D-printing in ocular medicine

The advances made in the use of 3D-printing in ophthalmology has led to the production
of customised on-demand eyewear (W. B. Huang & Zhang, 2014). Currently, some metal
or plastic devices and surgical instruments used by ophthalmologists are manufactured
using 3D-printing (Canabrava et al., 2015; W. B. Huang & Zhang, 2014). Lupeanu et al.
(2014) have developed an ophthalmic speculum and customised spatula using this
technique (Lupeanu, Rennie, Rosu, & Moagar-Poladian, 2014). Moreover, 3D-printed
sculptures and advanced models of a patient’s eye are currently employed in some
medical schools to introduce surgical techniques to students who can practice surgical

procedures in a safe environment (Waran et al., 2014).

Moreover, 3D-printing technologies have been utilised in the fabrication of ocular
prostheses (Ruiters, Sun, De Jong, Politis, & Mombaerts, 2016). Although ocular
prosthesis has no function, it helps the patient psychologically and improves confidence
(Ospina, Diaz, & Plaza, 2014). Initially, prostheses were fabricated by the impression-
moulding method, which resulted in the poor fitting of the prosthesis (Ruiters et al.,

2016). The 3D-printed impression-free mould omit the time-consuming steps of casting
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and duplication of a conventional impression mould while ensuring a perfect fit for the

patient (Abduo, Lyons, & Bennamoun, 2014).

1.2 Thesis aims

The primary aim of this thesis is to develop a novel 3D-printed medicated corneal
bandage for the treatment of corneal injuries. Two types of therapeutics were loaded in
the bandages prepared in this work: the first being an anti-inflammatory corticosteroid
drug, Dexamethasone (DEX), used to reduce the inflammation of the injured cornea and
promote self-regeneration post-surgeries or in cases of mild-moderate corneal injuries
and the second being human corneal epithelial primary cells (HCEpC) used to
compensate for the loss of corneal stem cells in moderate-severe corneal injuries and
minimise the need for corneal grafts. In both types, the corneal bandage is designed to
protect the injured cornea from the external environment and pathogens and act as a
matrix to support the adhesion of the newly generated corneal cells thereby promoting

rapid corneal healing.

The specific objectives of this thesis are:

i To develop a drug-loaded silicone hydrogel corneal bandage with suitable
water content, mechanical properties and controlled release of DEX over the
period of 1 week, which is the application time of the BCL.

ii. To utilise the capabilities of 3D-printing technology of hydrogels in
developing a drug-eluting gelatine bandage contact lens (BCL). The loaded
DEX drug should have a controlled release profile over a period of 1 week.

iii. To load HCEpC within a 3D-printed gelatine methacrylate
(GelMA)/polyethylene glycol diacrylate (PEGDA) composite hydrogel meshes
to be used as a potential cell carrier for tissue regeneration applications.

iv. To develop a 3D-printed corneal bandage carrying HCEpC for the treatment
of moderate-severe corneal injuries using various hydrogel compositions.
The effect of hyaluronic acid (HA) and collagen incorporation within the
GelMA hydrogel matrix on the properties of the 3D-printed bandages and the

viability of the carried HCEpC will also be evaluated.
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1.3 Thesis structure
This thesis consists of a general introduction (Chapter 1), a literature review (Chapter 2),
four experimental chapters (Chapter 3-6), and a final general discussion (Chapter 7). The

contents and rationales of the core chapters are described in the following section.

1.4 Thesis overview

Chapter 2: Medicated ocular bandages and corneal health: potential excipients and

active pharmaceutical ingredients.

This chapter is a literature review discussing the current approaches for corneal
regeneration treatments including amniotic membrane (AM) bandages, bandage
contact lenses (BCL) and collagen shields in conjunction with frequent administration of
therapeutic eye drops. The major drawback associated with eye drops is poor
bioavailability and patient incompliance that might lead to corneal wound healing
complications and poor clinical outcomes. This review highlights the materials and
therapeutics that can be used in medicated ocular bandages and various ways of
incorporating drugs while discussing the limitations and challenges associated with
developing medicated ocular bandages for clinical use. Hydrogel materials and

therapeutics used in this thesis have been described in this literature review.

Chapter 3: An all-in-one drug-eluting silicone hydrogel bandage contact lens (BCL) for

post-surgical recovery and corneal injuries.

Anti-inflammatories are prescribed after surgery and corneal injury to reduce
inflammation and promote the natural mechanism of corneal healing. Due to the
extremely low bioavailability of eye drops (<5%), frequent dosing of anti-inflammatories
is required to achieve the desired clinical outcomes. Bandage contact lenses are
currently applied prior to eye surgery and after traumatic corneal abrasion to protect
the injured cornea, reduce pain and promote healing. However, topical medications
containing either anti-inflammatories or antibiotics are prescribed. The delivery of
therapeutics through contact lenses increase their resident time, control and extend
their release and enhance their bioavailability to more than 50% when compared to the
use of eye drops alone. Therefore, the aim of this chapter was to develop an all-in-one

drug-eluting silicone hydrogel lenses to protect the injured eye while delivering
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dexamethasone (DEX) as an anti-inflammatory medication over a period of 1 week.
p(HEMA-co-TRIS-co-PDMS) lenses were prepared and the molar ratios of the co-
monomers were varied to investigate their effect on controlling the release of DEX and

the mechanical properties of the BCLs.

Chapter 4: 3D-printed gelatine contact lens for ocular drug delivery of Dexamethasone.

In this chapter, the use of hydrogels other than the traditional silicone hydrogels
currently used for preparing contact lenses was explored. Gelatine hydrogels were
chosen because they are clear, flexible and have high oxygen permeability. Moreover,
their rheological properties allow their use as inks in extrusion-based 3D printers, which
opens the door to a wide range of novel applications. Gelatine methacrylate (GelMA)
hydrogel was used in this work to prepare the lenses via a photopolymerisation reaction.
Different concentrations of Polyethylene glycol diacrylate (PEGDA) were tested to see
their effect on DEX drug release profiles, water content and degradation of the prepared

lenses.

Chapter 5: 3D-printing of GeIMIA/PEGDA composite hydrogel meshes as potential cell-

carriers for tissue regeneration.

In chapters 3 and 4, drug-eluting BCLs were loaded with DEX to reduce the inflammation
and promote natural regeneration of the cornea in mild-moderate injuries. However, in
cases of severe corneal injuries, limbal stem cell deficiency (LSCD) might occur, and thus
the cornea loses its ability to regenerate, which results in scarring and loss of vision.
Currently, corneal grafts or stem cell transplants are performed in severe cases of LSCD.
However, these are invasive and expensive. Therefore, a novel non-invasive technique
to deliver HCEpC to the injured cornea, via a 3D-printed hydrogel mesh carrier is
proposed. The hydrogel mesh is placed on the ocular surface as a BCL to promote
regeneration of the injured cornea, thereby eliminating the need for surgical
intervention. Gelatine methacrylate (GelMA) is the most widely used hydrogel for
creating 3D-printed scaffolds. However, it is difficult to print complex scaffolds entirely
out of GelMA hydrogel due to its low stiffness and relatively low printing fidelity.
Therefore, in this study, 3D-printed GelMA/Polyethylene glycol diacrylate (PEGDA)

composite hydrogel meshes with high printing fidelity, adequate mechanical properties
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and controllable degradation profiles will be developed and characterised as a cell

carrier for BCL application and general tissue regeneration purposes.

Chapter 6: 3D-printed GelMA meshes as a cell-carrier for treatment of moderate-severe

corneal injuries.

In this chapter, other hydrogels were incorporated to GelMA hydrogel in the preparation
of the BCL designed to carry HCEpC for the treatment of moderate-severe corneal
injuries. Hyaluronic acid (HA) is a naturally occurring glycosaminoglycan of the
extracellular matrix that has high water retention capabilities, adhesion properties and
long ocular surface residence time. Moreover, HA becomes available, when an epithelial
lesion is formed, to initiate the healing process in the injured cornea. Collagen (type 1) is
the most abundant stromal protein in the cornea and the main component of ECM and
promotes proliferation and differentiation of epithelial cells. Therefore, HA and collagen
were incorporated within the GelMA hydrogel mixtures to prepare the hydrogel meshes
used as BCLs to analyse their effect on the mesh properties including shape, crosslinking,

equilibrium swelling ratio, biodegradability and cell viability.
Chapter 7: General discussion.

The final chapter presents a quick thesis overview, interpretation of main thesis findings,

thesis implications, study limitations and possible related future recommendations.

1.5 Research outputs arising from this thesis
1.5.1 Conference presentations

Zidan, G., Rupenthal, I.D., Greene, C., & Seyfoddin, A. (2019, July). 3D-printed hydrogel
mesh as a human epithelial cell carrier for corneal regeneration. Poster presented at the

46" Annual Meeting & Exposition of the Controlled Release Society, Valencia, Spain.

Zidan, G., Rupenthal, I.D., Greene, C., & Seyfoddin, A. (2018, August). A 3D-printed
contact lens for corneal healing. Presented at the 12t Annual Postgraduate Research

Symposium, Auckland University of Technology, Auckland, NZ.
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Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. (2017, June). A 3D-printed drug-
eluting corneal bandage. Translational Technologies between Benchtop and Bedside.

Presented in The MedTech Core Annual Conference, Auckland, NZ.

1.5.2 Journal publications

Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. (2018). Medicated ocular
bandages and corneal health: potential excipients and active pharmaceutical

ingredients. Pharmaceutical development and technology, 23(3), 255-260.

Al-Kinani, A. A., Zidan, G., Elsaid, N., Seyfoddin, A., Alani, A. W., & Alany, R. G. (2018).
Ophthalmic gels: Past, present and future. Advanced drug delivery reviews, 126, 113-
126.

Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. An all-in-one drug-eluting silicone
hydrogel bandage contact lens (BCL) for post-surgical recovery and corneal injuries. To

be submitted.

Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. 3D-printed gelatine contact lens

for ocular drug delivery of Dexamethasone. To be submitted.

Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. 3D-printing of GelMA/PEGDA
composite hydrogel meshes as potential cell-carriers for tissue regeneration. To be

submitted.

Zidan, G., Rupenthal, I. D., Greene, C., & Seyfoddin, A. 3D-printed GelMA meshes as a

cell-carrier for treatment of moderate-severe corneal injuries. To be submitted.

1.5.3 Book chapters

Zidan, G., Greene, C. and Seyfoddin, A. (2019). Formulation design in drug delivery.
Engineering Drug Delivery Systems. Duxford, United Kingdom: Woodhead Publishing (An

imprint of Elsevier).
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Abstract

Corneal blindness can occur due to improper healing of the corneal tissues after induced
injury or abrasion which can be accidental, pathogenic or after corneal surgery.
Abnormal regulation of the healing mechanisms can lead to corneal opacity. Reducing
inflammation and promoting epithelial wound healing is crucial for scar-free corneal
recovery without eyesight complications. Current approaches for corneal wound healing
involve amniotic membrane (AM) bandages, bandage contact lenses (BCL) and collagen
shields in conjunction with frequent administration of therapeutic eye drops. The
problem with eye drops is poor bioavailability and patient incompliance that might lead
to corneal wound healing complications and poor clinical outcomes. Various methods
have been proposed for loading drugs into medicated bandage lenses. There are
advantages and limitations associated with each technique regarding the ease of
manufacture, drug loading, release kinetics and suitability with various therapeutics and
hydrogel types. There is still, however, no drug-eluting corneal bandage on the market
despite the need for such a convenient and cost-efficient strategy for corneal wound
healing. This review will highlight materials and therapeutics that can be used in
medicated ocular bandages and various ways of incorporating drugs, while discussing
the limitations and challenges associated with bringing medicated ocular bandages in

the market.
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2.1 Introduction

Corneal blindness can occur due to improper healing of the corneal tissues after induced
injury or abrasion which can be accidental, pathogenic or after corneal surgery. Apart
from acting as a protective shield from the external environment and pathogens, the
cornea contributes to two-thirds of the eye’s total focusing power. Abnormal regulation

of the healing mechanisms can lead to corneal opacity (Klausner et al., 2007).

With cataract surgery being the most common procedure performed by ophthalmic
surgeons worldwide (Lindstrom, 2015), and the constantly increasing numbers of
refractive surgeries being performed, the need for new strategies for rapid scar-free
corneal healing has gained even greater importance. Despite the safety of the
procedures in current corneal and refractive surgeries, LASIK surgery generates at least

2% complications with irregular wound healing patterns (Ljubimov & Saghizadeh, 2015).

Moreover, corneal diseases are the second most common cause of blindness worldwide
and can lead to serious corneal complications and loss of vision if not properly treated.
If the abrasion involves more than half of the corneal surface, healing can take up to 5
days, and 28% of these patients will have recurrent symptoms for up to 3 months after
injury (H. Dua & Forrester, 1987; Eke, Morrison, & Austin, 1999). Furthermore, recurrent
corneal erosions (RCE), occurring due to the poor adhesion of the corneal epithelium to
the underlying stroma, are quoted as being common due to the large number of
associated conditions including trauma, epithelial dystrophies and systemic conditions

such as diabetes (Das & Seitz, 2008; Ramamurthi, Rahman, Dutton, & Ramaesh, 2006).

Reducing inflammation and promoting epithelial wound healing is crucial for scar-free
corneal recovery without eyesight complications. In this review, current approaches for
corneal wound healing using ocular bandages will be discussed and current

opportunities and limitations for their use highlighted.

2.2 The current practice of bandages

2.2.1 Amniotic membrane bandages

Amniotic membrane (AM) is an avascular fetal membrane harvested from placental
tissue obtained from elective cesarean sections of pregnant women (Malhotra & Jain,

2014). Transplantation of AM has traditionally been utilised for ocular surface
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reconstruction acting as a physical barrier that protects the cornea during the healing
process and helps in reducing pain caused due to the friction of the eyelids with the
injured corneal surface (Suri et al., 2013). Moreover, AM acts as a supporting matrix for
the adhesion of epithelial cells and promotes wound healing due to its unique
composition of hyaluronic acid, collagen and growth factors that have anti-angiogenic
and anti-inflammatory functions (Hao, Ma, Hwang, Kim, & Zhang, 2000; Maharajan et
al., 2007). However, AM is often associated with complicated processing such as
extensive serological screening and critical handling and storage requirements.
Moreover, AM can suffer from impaired transparency, poor mechanical strength and
variable quality (Feng, Borrelli, Reichl, Schrader, & Geerling, 2014; Pratoomsoot et al.,
2008; Wright, Mi, & Connon, 2013). Currently, there are relatively expensive in-clinic
commercial products of AM bandages for the treatment of corneal diseases/conditions
that require ocular surface reconstruction. Such marketed products include Prokera®,

AmbioDisc™, BioDOptix®, Aril™ and Petil™.

2.2.2 Bandage contact lenses (BCL)

Commercial silicone hydrogel bandage contact lenses (BCL) including Biofinity®,
ACUVUE®, PureVision® and AIR OPTIX® are currently used after photorefractive
keratectomy (PRK) to promote epithelial healing and control pain (Taylor et al., 2014).
Clinical trials have shown a significant effect in pain relief after PRK surgery when
applying topical eye drops in conjunction with BCL compared to topical medication alone
(Cherry, 1996). Furthermore, extending the application of BCL from 4 to 7 days can
enhance visual rehabilitation and reduce complications of post-surgical PRK patients

(Mohammadpour et al., 2017).

2.2.3 Collagen shields

Collagen shields were first introduced in the late ‘80s as contact lens-shaped bandages
fabricated from porcine scleral tissue that resembles the collagen of the human eye (C.
H. Lee, Singla, & Lee, 2001; Poland & Kaufman, 1988), now there are currently marketed
collagen shields by OASIS® Medical, Inc. (OASIS, n.d.). Collagen shields are used to
promote corneal epithelial healing by protecting the injured cornea from the friction
caused by blinking of the eyelids and from the external environment. They have also

been used in the treatment of dry eye syndrome since they turn into lubricating gels
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before they dissolve in 12, 24 or 72 h (Greenwald & Kleinmann, 2008). Moreover,
corneal shields were found to prolong the contact time of topically applied medication
after pre-soaking them in the drug solution (Agban, Lian, Prabakar, Seyfoddin, &
Rupenthal, 2016; Colin, Malet, Chastel, & Richard, 1991; Willoughby, Batterbury, &
Kaye, 2002).

2.3 Materials that can be used in medicated bandages

2.3.1 Collagen

Collagen is a biocompatible, biodegradable and very well tolerated biomaterial that is
used in many medical applications including skin replacements, bone substitutes,
artificial blood vessels and wound dressings (C. H. Lee et al., 2001). Being one of the
major components of the extracellular matrix (ECM), it has a significant role in
promoting cell adhesion, spreading and differentiation and therefore can promote
corneal wound healing. Altering the strength and degradability of collagen bandages can
be easily achieved through different degrees of cross-linking, which can also control the
release rate of the entrapped drugs (Panduranga Rao, 1996; Weadock, Olson, & Silver,

1983).

2.3.2 Polymeric hydrogels

Hydrogels are the main components of ocular bandage lenses because of their
hydrophilic nature and cross-linked polymeric networks that have high water
absorbance capability (Peppas, Bures, Leobandung, & Ichikawa, 2000). Hydroxyethyl
methacrylate (HEMA) and poly (hydroxyethylmethacrylate) (p-HEMA) are currently used
in soft contact lens preparation and are the most common polymeric hydrogels utilised
in drug-eluting contact lenses for controlled drug release up to 1 week. To increase the
amount of the loaded drug and delay its diffusion, hydrophobic monomers such as 4-
vinylpyridine (VP), or ionic monomers such as N-(3-aminopropyle)methacrylamide
(APMA) can be incorporated into the hydrogel network to increase the interaction
between the drug and the hydrogel molecules (Andrade-Vivero, Fernandez-Gabriel,
Alvarez-Lorenzo, & Concheiro, 2007). Although those hydrogels lenses are soft and
flexible, they have low gas permeability, and thus have to be removed daily (Filipe et al.,

2016).
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2.3.3 Silicone hydrogels

Silicone hydrogel contact lenses were introduced in the late '90s and gained high
popularity since then due to their high oxygen permeability compared to polymeric
hydrogels. This makes them suitable for use as extended wear contact lenses up to 30
days. Silicone hydrogel lenses are usually composed of siloxane macromer for enhanced
oxygen permeability, that is copolymerised with a hydrogel phase consisting of a
hydrophobic monomer such as tris[trimethylsiloxy] silylpropylmethacrylate (TRIS) and a
hydrophilic monomer such as (N, N-dimethylacrylamide) (DMA), N-vinyl pyrrolidone
(NVP) or HEMA. The hydrogel phase increases the lens wettability which is essential for
comfort, adequate lens movement and sufficient ion transfer. Silicone hydrogel contact
lenses can be used to deliver ophthalmic drugs to the eye with controlled release of
medication from 20 days up to more than 3 months depending on the ratio between the

hydrophobic and hydrophilic components (J. Kim, Conway, & Chauhan, 2008).

2.3.4 Hyaluronic acid

Hyaluronic acid is a naturally occurring anionic polysaccharide and an important
component of the ECM that has shown the ability to control inflammation and promote
corneal epithelial wound healing through stimulating corneal cell migration and
proliferation (M. Inoue & Katakami, 1993; Nishida, Nakamura, Mishima, & Otori, 1991).
The clinical applications of HA vary from cell culture and epithelial regeneration to
cosmetic dermal fillers (Price, Berry, & Navsaria, 2007) and intra-articular injection
improving joint motion and reducing pain in osteoarthritis patients (Moreland, 2003). In
ophthalmology, HA is used in the treatment of dry eye syndrome due to its lubricating
nature (Aragona, Papa, Micali, Santocono, & Milazzo, 2002) and to substitute the lost
vitreous fluid during ocular surgeries (Kogan, Soltés, Stern, & Gemeiner, 2007).
Moreover, HA was able to prolong the release of topically applied ocular therapeutics

(Cho et al., 2003).

2.3.5 Chitosan

Chitosan is a natural cationic polymer that is broadly used in topical dressings for wound
healing in case of burns, due to its biocompatibility and antimicrobial activity, and in
corneal tissue engineering (Jayakumar, Prabaharan, Kumar, Nair, & Tamura, 2011;

Ozcelik et al.,, 2013; Rafat et al., 2008). The molecular weight, the degree of

25



deacetylation, ionic strength of chitosan and the pH of the medium are all factors that
affect the anti-microbial capability of chitosan. Interestingly, the form of chitosan
whether it is in solution, gel, film or combined with another material affects its anti-
microbial effect as well (Dai, Tanaka, Huang, & Hamblin, 2011). It was found that
chitosan can modulate the functions of inflammatory cells, accelerate wound healing
through influencing the phases of the wound healing process (Cui, Lu, Teng, Li, & Li,
2017). Moreover, chitosan and chitosan derivatives can be used as drug and growth
factors carrier while enhancing their permeability (Bernkop-Schniirch & Dinnhaupt,

2012).

2.4 Medications for corneal wound healing

2.4.1 Anti-inflammatory medication

Inflammation is triggered by corneal injury. Although inflammation is a beneficial
process that is required in the mechanism of wound healing, excessive inflammation can
lead to delayed corneal healing. Inflammation can be controlled via corticosteroids or
non-steroidal anti-inflammatory medication. The early use of steroids limits
inflammation protects the stroma from destruction and can prevent corneal opacity
during the wound healing process; however, excessive use of corticosteroids can delay
wound closure or induce glaucoma. Therefore, the use of steroids in corneal wound
healing should be carefully managed (Ashby et al., 2014; Gicquel et al., 2007; Kadmiel,
Janoshazi, Xu, & Cidlowski, 2016).

2.4.2 Growth factors

The effectiveness of growth factors in corneal wound healing has been clinically proven.
Epidermal growth factor (EGF), hepatocyte growth factor (HGF) and transforming
growth factor (TGF-1) are growth factors present in the human tears that can be used
to stimulate epithelial growth. Exogenous EGF helps in corneal epithelial wound repair
through promoting migration and proliferation of the epithelial cells. However, it is not
always beneficial to use growth factors in corneal regeneration since they can inhibit
corneal epithelial proliferation as in the case of TGF-a and TGF-B or overstimulate the
healing process leading to scarring as in the case of fibroblast growth factor FGF

(Agrawal & Tsai, 2003; Ashby et al., 2014).
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2.4.3 Stem cells

Stem cell transplantation is the most significant clinical advance in the repair of damaged
corneal epithelium in patients suffering from stem cell loss, mechanical trauma
(including surgical) or burns due to their unique capabilities of stem cells, which allow
them to differentiate into multiple lineage cells (C. C. Hsu et al., 2015; Ljubimov &
Saghizadeh, 2015). Limbal epithelial stem cell (LESC) grafts are currently used for ocular
surface reconstruction in the case of total limbal stem cell deficiency (C. C. Hsu et al.,
2015). The most common sources of stem cells for clinical use are embryonic, adult and
induced stem cells, with various advantages and limitations associated with each type
(C. C. Hsu et al., 2015). Limbal stem cells can be grown ex-vivo onto AM or plastic tissue
culture wells and then transferred to the surface of the eye through bandage lenses,
fibrin gel or collagen shields (Rauz & Saw, 2010). Furthermore, autologous limbal grafts
harvested from the patient’s healthy eye can be delivered to the injured eye using
amniotic membrane or contact lenses (Amescua, Atallah, Nikpoor, Galor, & Perez, 2014;

Di Girolamo et al., 2009).

2.5 Strategies for drug entrapment

2.5.1 Soaking of corneal bandage

Several methods have been utilised to incorporate drugs into contact lenses; the
simplest of which is soaking commercially available lenses or collagen shields in the drug
solution to entrap the drug in the internal channels of the hydrogel (Xinming et al., 2008;
J. Xu, Li, & Sun, 2011). The soaking method is straightforward and cost-effective and can
be done with commercially available contact lenses (A. M. Ribeiro, Figueiras, & Veiga,
2015). The ability of commercially available soft contact lenses to act as a drug reservoir
is related to the water content and the thickness of the lens, the concentration of the
drug solution and the soaking time of the lens (Xinming et al., 2008). The soaking
technique is limited only to small molecular weight and hydrophilic therapeutics and
suffers from low entrapment, and fast diffusion of the drug from the lens and so
frequent replacement of the lens is required making this less cost-effective and

inconvenient for the patient (C.-C. Li & Chauhan, 2006; Xinming et al., 2008).
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2.5.2 Surfactants and nanoparticles

Several techniques were employed for loading therapeutics in hydrogel contact lenses
including surfactant aggregates and colloidal nanocarriers. Surfactant aggregates of
Cyclosporine A have been successfully loaded into a hydrogel matrix resulting in the
extension of the drug release profile with a linear release rate for more than 7 days and
up to 29 days with a non-linear release profile (Kapoor & Chauhan, 2008). Others have
used B-cyclodextrin as a complexing agent to enhance drug loading and prolong the
release to more than 3 weeks, especially in the case of small molecular weight drugs
(dos Santos et al., 2009; dos Santos, Couceiro, Concheiro, Torres-Labandeira, & Alvarez-
Lorenzo, 2008). Colloidal nanocarriers including nanoparticles, nanoemulsions,
nanosuspensions and liposomes can also be used to load drugs into contact lenses for
more control over the release profile. The nanosize of the colloidal carriers allows the
entrapment of lipophilic drugs within the hydrophilic hydrogel matrix without affecting
the transparency of the lens. Furthermore, the encapsulation of therapeutics within the
nanocarriers protect them from ocular enzyme degradation, thereby enhancing their

bioavailability (Hu et al., 2011).

2.5.3 Molecular imprinting

Molecular imprinting is one of the techniques used to increase the drug loading capacity
and control drug release through creating voids within the hydrogel macromolecular
network that have a high affinity for the targeted drug. This technique increases the drug
loading capacity and offers control over the release of therapeutics (Maulvi, Soni, &
Shah, 2016). Those biomimetic hydrogels can extend the drug release for up to 1 week
in the case of HEMA hydrogel lenses (Andrade-Vivero et al., 2007), or up to 2 months
with silicone hydrogel lenses (Charles J White, McBride, Pate, Tieppo, & Byrne, 2011).
However, it is difficult to produce a molecularly imprinted contact lens that controls the
release of more than one drug. Moreover, molecular imprinting requires a high degree
of crosslinking of the hydrogel, which might alter the lens elasticity, water content or

oxygen permeability (K.-H. Hsu, S. Gause, & A. Chauhan, 2014).

2.5.4 Multilayer contact lenses

The use of multilayer contact lenses is another useful technique for entrapping drugs in

bandage lenses. A thin ring-shaped layer of poly(lactic-co-glycolic) acid (PLGA) polymer
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film holding the drug is sandwiched between two layers of p-HEMA hydrogel to control
the release of the medication within the lens (Ciolino, Hoare, et al., 2009). The PLGA
film has proven effective in controlling the release rate of various drugs in a zero-order
manner for 1 month through adjusting the drug/polymer ratio and/or the molecular
weight of the polymer (Ciolino, Dohlman, & Kohane, 2009; Ciolino et al., 2011).
However, the effect of sterilisation and storage on the release of the drug into the
hydrogel matrix should be considered to prevent loss of medication or a burst release

effect (K. H. Hsu, S. Gause, & A. Chauhan, 2014).

2.6 Important considerations and potential applications

Drug delivery using bandage lenses were introduced in the late ’60s by Wichterle et al.
as a convenient non-invasive way to deliver ophthalmic drugs to the anterior eye
segment (Wichterle & Lim, 1960). It is surprising that even five decades after the
introduction of medicated ocular bandage lenses which have proven benefits, there are
still no marketed products except for the naturally medicated AM bandages despite the
obvious need. Apart from the technical challenges, there are high costs associated with
clinical trials and the regulatory hurdles (K. H. Hsu et al., 2014). However, a well-designed
medicated bandage lens will offer a safe, patient-friendly and efficient solution to many
chronic patients that are having trouble adhering to the regular administration of
ophthalmic medication via eye drops or in critical cases where frequent administration
of therapeutics is required. It is worth mentioning that BCLs have to be handled with
care and high hygiene, same as handling refractive contact lenses, to prevent the risk of

infection.

For successful drug delivery using medicated bandage lenses, certain parameters have
to be adjusted to overcome critical challenges during the design, manufacturing and
storage processes. It is crucial to maximise the drug loading capacity for successful
controlled delivery of the medication with no burst release to maintain the drug
concentration between the minimum effective concentration (MEC) and the maximum
safe concentration (MSC). Physical and surface properties such as shape, thickness,
transparency, modulus, wettability, ion and oxygen permeability, protein and lipid
binding must also be considered (L. W. Jones, Chauhan, Di Girolamo, Sheedy, & Smith

[1l, 2016). Moreover, drug and content stability of medicated bandage lenses is of
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paramount importance during preservation and storage (Xinming et al., 2008). Vitamin
E is a biocompatible diffusion barrier that has proved to be effective in controlling the
release of loaded drugs that can limit their diffusion during storage time (Dixon et al.,
2015; Peng, Kim, & Chauhan, 2010). It can also enhance the stability of the loaded drugs,
reduce water dehydration from the lens and act as a UV barrier (K.-H. Hsu, Fentzke, &
Chauhan, 2013). Using a small volume of the packaging liquid and storing the BCL in
refrigerated conditions might be useful to minimise the amount of drug diffusing out
(Jung & Chauhan, 2012). Sterilisation of medicated BCL is another challenge since
autoclaving can cause degradation of the loaded drugs so that the drugs can be added
under sterile conditions after the autoclaving step or another way of sterilisation, such

as radiation, may be adopted (Dixon et al., 2015).

The development of new materials, novel technologies and improved drug delivery
devices must go hand in hand with the development of better pharmacotherapeutic
agents for faster and more effective corneal healing. We now have a better
understanding of the various pathways and mechanisms of wound healing, and this has
led to the discovery of new therapeutic targets. Many of these newer therapies are still
in the pipeline but have already shown great potential in pre-clinical and early clinical
trials. The modulation of gap junctions, the channels of communication between cells,
via the use of antisense peptides have shown much promise (Becker, Phillips, Duft, Kim,
& Green, 2016; Ormonde et al., 2012). Nexagon® is one such peptide that transiently
blocks the expression of Connexin43, a ubiquitous gap junction protein, thereby
reducing the channels of communication between cells and stopping the spread of
inflammation. It is currently being taken into a Phase Il clinical trials for persistent

epithelial defects by OcuNexus Therapeutics Inc (USA).

Topical mesenchymal stem cell treatment is another new area of research which has
shown great potential. The topical application of autologous MSCs obtained from
adipose tissue has been shown to bring about the closure of persistent epithelial defects
(Agorogiannis, Alexaki, Castana, & Kymionis, 2012). However, research into the
mechanisms of action and longevity of the treatment remains to be investigated and as

such this treatment option has largely remained experimental.
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Clearly, there are great strides being made in the development of new safe and effective
ocular wound healing therapeutics. However, such advances also bring to the forefront
the necessity of new and improved drug delivery techniques. Advancement in both

these areas will ensure the success of future strategies.

2.7 Conclusion

Corneal blindness is a leading cause of visual impairment worldwide that can affect all
age groups (World Health Organization, 2005). It can occur due to improper healing of
the corneal tissue after induced injury or abrasion. With the high number of cataract
and refractive surgeries being performed worldwide and corneal diseases being a
common cause of blindness, rapid and scar-free healing of the cornea is crucial for
improved wound healing and visual outcomes (Klausner et al., 2007). Various methods
have been proposed for loading drugs into medicated bandage lenses. There are
advantages and limitations associated with each technique regarding the ease of
manufacture, drug loading, release kinetics and suitability with various therapeutics and
hydrogel types. There is still, however, no drug-eluting corneal bandage on the market
despite the need for such a convenient and cost-efficient strategy for corneal wound
healing, especially in conditions where extensive topical treatment with eye drops is

required such as corneal ulcers and infections.
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Chapter 3 An all-in-one drug-eluting
silicone hydrogel bandage contact
lens (BCL) for post-surgical
recovery and corneal injuries.
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Abstract

Anti-inflammatories are prescribed after surgeries and corneal injuries to reduce
inflammation and promote the natural mechanism of corneal healing. Due to the
extremely low bioavailability of eye drops (<5%), frequent dosing of anti-inflammatories
is required to achieve the desired clinical outcomes. Bandage contact lenses (BCL) are
currently applied following eye surgeries and traumatic corneal abrasion to protect the
injured cornea, reduce pain and promote healing. However, topical medications
containing either anti-inflammatories or antibiotics are prescribed. The delivery of
therapeutics through contact lenses increase their resident time, control and extend
their release and enhance their bioavailability to more than 50% compared to eye drops.
The aim of this chapter is to develop an all-in-one drug-eluting silicone hydrogel lenses
to protect the injured eye while delivering dexamethasone (DEX) as an anti-
inflammatory medication over a period of 1 week. p(HEMA-co-TRIS-co-PDMS) lenses
were prepared and the molar ratios of the co-monomers were varied to see their effect
on controlling the release of DEX and the mechanical properties of BCLs. Extended
release of DEX for up to 14 days was achieved in the prepared lenses with comparable
mechanical properties to commercial silicone hydrogel contact lenses. It can be
concluded that p(HEMA-co-TRIS-co-PDMS) can be used to prepare silicone hydrogel
BCLs that are capable to deliver drugs to the injured cornea, which enhances patients-

dose compliance and thus results in better clinical outcomes.
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3.1 Introduction

The first step in developing a novel medicated corneal bandage for the treatment of
corneal injuries was to to look at the currently available BCLs that are used as a
mechanichal support and corneal cover in certain corneal injuries. Then try to develop a
novel therapeutic BCL and load it with the anti-inflammatory drug DEX to be used in
cases or mild/moderate corneal injuries and post corneal surgeries instead of currently

used eye drop treatment that has very low bioavailability.

Apart from acting as a protective shield from the external environment and pathogens,
the cornea contributes to 65-75% of the eye’s total focusing power. A clear, transparent
and scar-free cornea is, therefore, necessary for proper vision. Unfortunately, corneal
blindness is a leading cause of irreversible visual impairment worldwide and can affect
all age groups (World Health Organization, 2005). This occurs due to improper healing
of the corneal tissues after induced injury or abrasion that can be accidental (chemical
or burns), pathogenic (bacterial, viral or fungal infection) or after corneal surgery
(cataract or refractive). With the increase in corneal surgeries such as cataract and
refractive surgeries, the need for treatments that support rapid and scar-free corneal
healing has become essential (Ljubimov & Saghizadeh, 2015; Riley, Grupcheva, Malik,
Craig, & McGhee, 2001).

Anti-inflammatories are prescribed post-surgeries and following corneal injuries to
reduce inflammation, oedema and promote the natural mechanism of corneal healing
(El-Harazi & Feldman, 2001; Kaczmarek et al., 2014). Due to the extremely low
bioavailability of eye drops (<5%), frequent dosing of anti-inflammatories is required to
achieve the desired clinical outcomes. The eye drops need to be administered every 2 h
in the first 2 days, and then every 4 h (Kaczmarek et al., 2014). This requires the patient
to open the eye bandage following the surgery several times a day to apply the eye drops
and is inconvenient. This can also lead to patient incompliance that might cause post-
operative complications including pain, interstitial keratitis and endophthalmitis, which

are related to poor sealing of the wound site (Jabs, Mudun, Dunn, & Marsh, 2000).

The delivery of therapeutics through contact lenses increase their resident time, control
and extend their release and enhance their bioavailability to more than 50% when
compared to eye drops (Jung, Abou-Jaoude, Carbia, Plummer, & Chauhan, 2013).
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Moreover, since the release rate of therapeutics from a contact lens is close to the rate
of corneal drug adsorption, less drug is lost during tear drainage (C. J. White & Byrne,
2010). This enables administration of lower drug doses, and therefore less local and
systemic toxicity (Kaczmarek et al., 2014). BCLs are currently applied post -surgeries such
as photorefractive keratectomy (PRK) to protect the eye after the removal of the corneal
epithelium. Furthermore, they are used after traumatic corneal abrasion to protect the
injured cornea, reduce pain and promote healing (Sdnchez-Gonzalez et al., 2019; Taylor
et al., 2014). In both cases, topical medications containing either anti-inflammatories
and/or antibiotics are prescribed, such patients would benefit from a drug-eluting BCL

(Hui et al., 2012).

Contact lenses made of optically clear hydrogels are designed to fit on the eye in a stable
and tolerated manner. Polymerised hydroxyethyl methacrylate (pHEMA) is the main
hydrophilic monomer used in the preparation of soft contact lenses. It can be used alone
in conventional hydrogel contact lenses for daily use or with siloxane monomers in
silicone hydrogel-based contact lenses for extended use (Nicolson & Vogt, 2001). The
incorporation of the hydrophobic siloxane monomers within the hydrogel matrix in
silicone hydrogel lenses enhances oxygen and ion permeability, and thus prevent
corneal hypoxia and neovascularisation, which cause oedema, blurred vision and
increased risk of infection (Ang & Efron, 1990; Curuvija-Opaci¢, 2007; Paterson, Liu,

Brook, & Sheardown, 2015; Weeks, Luensmann, Boone, Jones, & Sheardown, 2012).

In silicone hydrogel lenses, usually consists of chains of siloxane derivates, one
hydrophobic monomer and one or more hydrophilic monomer. Examples of
hydrophobic monomers include polydimethylsiloxane (PDMS); 3-methacryloxy-2-
hydroxypropyloxy propylbis (trimethylsiloxy) methylsilane (TRIS), tris-
(trimethylsiloxysilyl) propylvinyl carbamate (TPVC), poly(dimethysiloxy) di(silylbutanol)
bis(vinyl carbamate) (PBVC); Examplers of hydrophilic monomers include 2-
hydroxyethyl methacrylate (HEMA); N,N-dimethyl acrylamide (DMA), N-Vinyl-2-
Pyrrolidone (NVP), and N-vinylacetamide (NVA) and polyvinylpyrrolidone (PVP)
(Gonzalez-Meijome et al., 2014; L. Jones & Powell, 2013). Surprisingly, there hasn’t been
enough research on tailoring the drug release rate from drug-loaded silicone hydrogel
contact lenses by altering the monomer lens composition and the network structure,

while maintaining sufficient mechanical properties for clinical use.
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In this chapter, drug-loaded p(HEMA-co-TRIS-co-PDMS) silicone hydrogel lenses were
prepared and the molar ratios of the co-monomers were varied in the tested hydrogel
formulations to control the release of the hydrophobic steroid, dexamethasone (DEX).
DEX acts as an anti-inflammatory drug that helps to control pain, swelling and redness
of the injured eye (Kaczmarek et al., 2014). The silicone hydrogel lenses were prepared
using Ethylene glycol dimethacrylate (EGDMA) as a crosslinker (Lasowski & Sheardown,
2016) and Lithium Phenyl(2,4,6-trimethylbenzoyl)phosphinate (LAP) as a photoinitiator.
Table 3.1 shows the structure and function of the materials, used in this work, to prepare

the different formulations of p(HEMA-co-TRIS-co-PDMS) silicone hydrogels.

Table 3.1. Materials used and their role in the preparation of silicone hydrogel lenses.

Name Function Structure
HEMA Hydrophilic O
2-hydroxyethyl methacrylate Polymer HCS o ™>-OH

CHj;
TRIS Hydrophobic f ,_\;l. _
Methacryloxy-propyltris monomer ) o Aa_\/

P N N \
(trimethylsiloxy) silane) \[[ \u—.:?-"/
PDMS Hydrophobic HsC H30\ oHg CHy
macromer HaCal : < oCHg
Poly 7S| O/Sl O/Sl
(dimethylsiloxane) HC N Gtk
LAP Photoinitiator CHy
0 0oL

Lithium Phenyl(2,4,6- CHy H—FL@
trimethyl benzoyl) 4
phosphinate CHy
EGDMA Crosslinker CH, 0
E'thlene glycol HC&H(O\/\O&CHE
dimethacrylate 2

0 CH,

HEMA and PDMS were selected in this study because they are popular monomers that
are used together in commercial contact lenses such as ACUVUE® OASYS®, ACUVUE®
Advance®, and ACUVUE® TruEye® by Johnson and Johnson (Soluri, Hui, & Jones, 2012).
PDMS is incorporated as an oxygen permeability enhancing monomer, while it has been

reported that the use of HEMA prolonged the drug release profile from a drug-loaded
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silicone hydrogel lens compared to the use of DMA as the hydrophilic monomer, which
was contributed to the lower resistance to diffusion of DMA monomers compared to
pHEMA (Guidi, Hughes, Whinton, Brook, & Sheardown, 2014). TRIS was chosen as
another hydrophobic co-monomer to test its effect on controlling the drug release of
DEX from the prepared silicone hydrogel BCLs. Previous studies showed the prolonged
release of the incorporated drugs for more than 3 months using TRIS as a comonomer
(J. Kim et al., 2008). Moreover, TRIS has been previously incorporated with the siloxane
macromer lotrafilcone in the preparation Air OPTIX~ and Air OPTIX~NIGHT&DAY contact
lenses by CIBA VISION (M. Yang et al., 2016).

3.2 Materials and methods

3.2.1 Materials

Dexamethasone (DEX) was purchased from Flem Pharma, Shanghai, China.
Methacryloxypropyltris(trimethylsiloxy)silane, SIM6487.6 (TRIS) with Mwt. of 422.82
g/mol and Methacryloxypropyl terminated polydimethylsiloxane, DMS-R18 (PDMS) with
Mwt. of 4500-5500 g/mol from Gelest Inc., Pennsylvania, USA. Lithium phenyl-2,4,6-
trimethylbenzoylphosphinate (LAP) from Allevi, Philadelphia, USA. Ethylene glycol
dimethacrylate (EGDMA), 2-hydroxyethyl methacrylate (HEMA) and Phosphate buffered
saline (PBS) tablets 1.0 M, pH 7.4 (25 °C) from Sigma-Aldrich, New Zealand. All other

chemicals were of analytical grade.

3.2.2 Preparation of silicone hydrogel lenses

In order to determine the light intensity suitable for curing the hydrogels, 2 similar
hydrogel formulations made from a mixture of HEMA, 1% EGDMA and 0.5% LAP were
cured under either 24 or 48 W, and the resulting crosslinked pHEMA hydrogel films were
visually evaluated. The pHEMA hydrogel lenses were prepared by mixing HEMA, EGDMA
and LAP in a dark vial, on a magnetic stirrer, for 2 h until the LAP dissolves. The mixture
was then sonicated in ice for 15 min to remove oxygen and enhance the photo-
polymerisation reaction. The sonicated hydrogel mixture was injected between two
acrylic plates, that have a U-shaped spacer, of a 0.35 mm thickness, in between. The
sheets holding the hydrogel were put under LED light at 405 nm, using an intensity of
either 24 or 48 W, for 120 s. Figure 3.1 shows the SUNUV apparatus used to cure the
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hydrogel films. The cured films were left overnight, soaked in distilled water to wash the

unreacted monomers, then cut into circles with a cork borer 13 mm in diameter.

A B

N

Figure 3.1. SUNUV apparatus used for curing of films. Top view of the device (A) and an inverted
view showing the small lamps working under 405 nm (B).

In order to determine the best concentration of EGDMA required to polymerise the
silicone hydrogel formulations. Three silicone hydrogel formulations containing 0.75
mole% PDMS, 10 mole% TRIS and 89.25 mole% HEMA were prepared with either 1, 2 or

3% w/w EGDMA and the produced films were visually compared.

Nine formulations of various molar ratios of the hydrophobic monomers (TRIS and
PDMS) were copolymerised with the hydrophilic monomer (HEMA) to produce the drug-
loaded p(HEMA-co-TRIS-co-PDMS) films. Table 3.2 shows the composition of each
hydrogel formulation. Two grams of each formulation was prepared by dissolving LAP in
the EGDMA/HEMA mixture, as previously mentioned. DEX was dissolved in 1 g of
isopropanol, then the PDMS and TRIS were added. The aqueous solution was added to
the alcoholic solution and vortexed, then nitrogen gas was bubbled for 15 min to
deoxygenate the mixture. The volume of isopropanol evaporated during bubbling the
N, gas was compensated and the mixture was degassed in ice using a sonicator for 10
min. The sonicated mixture was injected in between two acrylic plates, with a U-shaped
spacer of a thickness of 0.35 mm to produce a film with uniform thickness, then cured
for 8 min under 24W 405 nm LED light. The film was carefully removed from the sheets
and dried in a vacuum oven at room temperature for 4 days to remove the alcohol. Each
dried film was washed in 100 ml of DI water for 24 h to get rid of the unreacted
monomers, which was confirmed by spectrophotometric analysis of the washing water.
The washed films were cut into circular lenses using a cork borer of 13 mm in diameter,

dried in a vacuum oven at room temperature, and kept dry until further characterised.

38



Table 3.2. Silicone hydrogel formulations prepared using various molar ratios of PDMS

and TRIS.

Formula PDMS TRIS HEMA  EGDMA LAP DEX
code (mole%) (mole%)  (mole%) (% w/w) (% w/w) (% w/w)
1P 5T 1 5 94 3 0.5

1P 10T 1 10 89 3 0.5 1
1P 20T 1 20 79 3 0.5 1
2P 5T 2 5 93 3 0.5 1
2P 10T 2 10 88 3 0.5 1
2P 20T 2 20 78 3 0.5 1
3P 5T 3 5 92 3 0.5 1
3P 10T 3 10 87 3 0.5 1
3P 20T 3 20 77 3 0.5 1

Furthermore, 8 hydrogel formulations were prepared with 10 mole% TRIS and various

molar ratios of PDMS to see the effect of incorporating DEX within the hydrogel

formulation. Thus, 4 of those formulations contained 1% DEX and 4 had no drug

incorporated. EGDMA (3%) and LAP (0.5%) were added as a crosslinker and

photoinitiator, respectively. All the variations within the prepared hydrogel formulations

are listed in Table 3.3 below.

Table 3.3. Silicone hydrogel formulations prepared using various molar ratios of PDMS
with and without DEX loading.

PDMS TRIS HEMA EGDMA LAP DEX
(mole%) (mole%) (mole%) (% w/w) (% w/w) (% w/w)
0.5 10 89.5 3 0.5 -

0.5 10 89.5 3 0.5 1

0.75 10 89.25 3 0.5 -
0.75 10 89.25 3 0.5 1

1 10 89 3 0.5 -

1 10 89 3 0.5 1

1.5 10 88.5 3 0.5 -

1.5 10 88.5 3 0.5 1
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3.3 Characterisation of hydrogel lenses

3.3.1 Fourier transform infrared (FTIR) analysis

Liquid mixtures and crosslinked films of each formulation were analysed using a Nicolet
iS10 FTIR spectrophotometer (Thermo Scientific, USA). The samples were tested at
attenuated total reflectance (ATR) mode using a diamond ATR crystal. The spectra of the
samples were recorded in the range of 4000-400 cm™ with an average of 32 scans at a

resolution of 4 cm™.

3.3.2 Swelling studies

The amount of water that each lens can hold was determined gravimetrically using a
sensitive balance. Three vacuum dried lenses from each hydrogel formulation were
weighed (DW), then they were immersed in 3 ml PBS for 24 h, blotted gently with tissue
papers and then reweighed to record the swollen weight (SW). The equilibrium water
content (EWC) of all hydrogel formulations were calculated using the following equation
Error! Reference source not found.(Guidi et al., 2014).

(Sw —-Dw)

EWC (%) =" —— x 100

3.3.3 Drug content and release

To determine the effect of hydrophobic monomers on retaining the drug within the
hydrogel films during the washing period, the theoretical drug content (per gram) of
each polymerised hydrogel film was calculated and compared to the practical drug
content remaining after the washing phase. Moreover, the washing water of each film
was measured using UV spectrophotometry (Ultrospec 7000, BIOCHROM, UK) at an
absorption wavelength of 242 nm to determine the percentage of drug lost during the

washing period.

The in vitro drug release profiles of DEX from the hydrogel cut lenses were studied in 5
ml PBS buffer (pH=7.4) in a 15 ml conical tubes with caps on at 50 rpm on a benchtop
shaker (SK-300, Lab Companion, Korea), placed in an incubator room that was
maintained at 35 + 2 °C. for a period of 14 days. At predetermined time intervals (1, 2,
3,4,5,6,7, 8,9, 10 and 13 days), the whole 5 ml of the incubation media from each

sample was collected and replaced by fresh media to maintain sink conditions. The
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concentrations of DEX in the release media were determined by UV spectrophotometry
(Ultrospec 7000, BIOCHROM, UK) against a calibration curve at an absorption

wavelength of 242 nm.

The cumulative concentration of DEX released as (ug/lens) and the cumulative
concentration released as (%) of the total remaining DEX in the lenses after the washing
phase were plotted against time for each sample. Three lenses of each hydrogel

formulation were tested, and the results were presented as a mean value * SD.

3.3.4 Mechanical properties

The Young’s modulus and the tensile strength of the printed bandage were determined
by TA.TX Plus C Texture Analyser (Stable Micro Systems, Ltd, England, UK). The washed
hydrogel film was cut into square pieces of 20 x 20 mm and the fully swollen hydrogel
pieces were placed in-between a film support rig and punctured by a 5mm spherical

probe at a rate of 0.5 mm/s as shown in Figure 3.2.

Figure 3.2. The film support rig with 5 mm spherical probe placed on TA.XT Plus C Texture
Analyser (Adopted from (Smewing, 2015)).

The stress versus strain values for the polymer films were plotted using the texture
analyser software, and Young’s modulus was determined by calculating the slope of the

stress versus strain curve in the linear region (Kaczmarek et al., 2014). The tensile
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strength of the films was recorded by using the maximum force applied until the

breakpoint is reached (EIShaer et al., 2016; Gilhotra & Mishra, 2008).

3.3.5 Statistical analysis
Data were subjected to one-way analysis of variance (ANOVA) using Microsoft 365 Excel.
Post hoc multiple comparisons were determined by the Tukey’s test with the levels of

significance set at P < 0.05. All data were presented as means + SD.

3.4 Results and discussion

3.4.1 Preparation of silicone hydrogel lenses

HEMA liquid hydrogel monomers undergo a polymerisation reaction to prepare the
commercially known soft hydrogel lenses. Light initiates a free radical chemical reaction
in the presence of a photoinitiator, which crosslinks the hydrogel monomers to form a
stable polymer with reasonable mechanical properties (Gonzalez-Meijome et al., 2014).
Each photoinitiator works under a specific wavelength to initiate this free radical
reaction. LAP photoinitiator, which is used in this study, works under a wavelength of

405 nm.

The pHEMA hydrogel lenses cured under 405 nm light with an intensity of 24 W for 120
s were clear and showed good mechanical properties, however, the ones that were
cured under the intensity of 48 W were opaque and very weak as shown in Figure 3.3.
This indicates that the intensity of 48 W was too high and had a negative effect on the

polymerised hydrogel.

Figure 3.3. The effect of the curing intensity on pHEMA hydrogel lenses, 1 %EGDMA and 0.5%
LAP. Curing under 24 W (A) and curing under 48 W (B).

Moreover, the cured films prepared using 1 and 2% EGDMA were very weak and couldn’t

withstand removing from the sheets and cutting. On the other hand, the 3% EGDMA
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was the minimum crosslinker concentration that produced well-cured films, that are

flexible, yet easy to handle as seen in Figure 3.4.

Figure 3.4. The effect of the crosslinker concentration on silicone hydrogel films containing 0.75
mole% PDMS, 10 mole% TRIS and 0.5% LAP. Films shown had EGDMA concentrations of either
1% (A), 2% (B) and 3% (C).

All lenses of the drug-loaded silicone hydrogel formulations with various monomer
ratios had smooth surfaces and had sufficient mechanical properties to handle all the
characterisation tests performed. Figure 3.5 shows sample lenses prepared from the
nine formulations stated in Table 3.2 above with various molar ratios of PDMS and TRIS.
From visual examination of the BCLs shown in Figure 3.5. the lenses with the lowest TRIS

conc (5 mol%) were more transparent than the higher concentrations (10 and 20%).

“TR\S (mole 7))
S 410 20

POMS (mele 7) ”

Figure 3.5. Image of drug-loaded silicone hydrogel lenses prepared using 1, 2 or 3 mole% PDMS
with either 5, 10 or 20 mole% TRIS.
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3.4.2 Fourier transform infrared (FTIR) analysis

The polymerisation reaction of HEMA hydrogel using the crosslinker EGDMA is
presented in Figure 3.6. The FTIR spectrum of the hydrogel liquid (Liq) and crosslinked
films (CF) with the drug (D) or with no drug (ND) are resented in Figure 3.8. The peaks
showing in the range of 3150-3600 cm™ are attributed to the stretching of the hydroxyl
(O-H) groups; 2800—-3050 cm™ are related to the CH stretching of methyl groups (—CHs)
and methylenes (~CH,—). The peak 1718 cm™ within the 1680-1780 cm™ region relates
to the stretching vibration of the free (C=0), and the band at 1646 cm™ within the 1610-
1660 region is attributed to the bending vibration of the -OH groups (Su, Zhou, Zhang,
Liu, & Zhang, 2016). The complete crosslinking of the pHEMA hydrogel was confirmed
by the disappearance of the C=C stretching peak at 1638 cm™ in all the crosslinked films
(CF) (Kusuma, Gunawan, Smith, & Freeman, 2010; D. Zhao et al., 2015).

/:0 HO \
o + H2C\ —_— CH;
\CH CH; HoC,
Ve / \0
HZC\ 0 o O/"-. CHs fe}
o “‘332: CH; .'_licHr]—-' '''' ; i
: CH3 m CH,
CH, o
o CcH
HZC/ )
\
CH,
el
HEMA EGDMA Cross-linked PHEMA

Figure 3.6. The polymerisation reaction of HEMA monomers in the presence of EGDMA
crosslinker (adapted from (Su et al., 2016)).
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Figure 3.7. Structure of Dexamethasone drug molecule (Adopted from (Dexamethasone,
CID=5743)).

With the incorporation of DEX (structure is shown in Figure 3.7 above), the spectrum of
the DEX-loaded silicone hydrogel cured films (CF D) were very similar to those with no
drug loaded (CF ND), which indicates there were no significant chemical changes within
the polymer backbone with DEX incorporation within the hydrogel matrix, which
confirms that there was no interaction between the polymer and DEX and thus the

incorporation of DEX did not alter the polymer structure of the hydrogel.

Although the bands related to the drug overlapped with the bands of some of the other
components of the formulation, the characteristic absorbance bands of DEX at 1718 and
1646 cm™ were observed in the spectra of the crosslinked film (CF) with the drug (D).
Those peaks are assigned to the stretching vibration of -C=0 and the bending vibration
of the O-H groups, respectively (Jingjunjiao Long, Nand, Bunt, & Seyfoddin, 2019).
Moreover, there was an obvious increase in the wavelength of the peaks within the
regions of 3600-3150 and 3050-2800 cm™ compared to the spectra of the crosslinked
film with no drug (CF ND). These peaks are assigned to the O-H stretching vibration of
the hydroxyl groups and the stretching vibrations of the —CHs groups, respectively,
which is present within the dexamethasone molecular structure (Chiang, Yu, Chao, &

Dong, 2012).
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Figure 3.8. FTIR absorbance spectra of liquid (Lig) and crosslinked film (CF) of 0.5 mole% PDMS,
10 mole% TRIS silicone hydrogels with DEX (D) and no DEX (ND) incorporation.

3.4.3 Swelling studies

The ability of the polymerised hydrogel to absorb large amounts of water increases the
hydrophilicity of the lenses, which in turn enhances the lens permeability and allows for
an extended application period without disturbing the eye (Musgrave & Fang, 2019).
However, it is expected that the high-water content will increase the diffusion of the
incorporated drug and thus affects its release profile (Guidi et al., 2014). Therefore, a
balance between the water content is important to achieve lens comport without
compromising the controlled release of the incorporated drug. The water content of
marketed silicone hydrogel contact lenses containing PDMS and TRIS as the hydrophobic
monomers ranged between 24 and 47%, with lenses incorporating TRIS (Air Optix~ Night
& Day) having the minimum water content, while lenses having PDMS (Acuvue®

Advance®) having the maximum (Gonzalez-Meijome et al., 2014).

Studies verified that all the tested p(HEMA-co-TRIS-co-PDMS) lenses reached the EWC
within the first 3 h. From the values obtained in Figure 3.9, the water content of the
silicone hydrogel lenses decreased with the increase in the concentration of the
hydrophobic monomers PDMS and TRIS. The highest EWC of 54 + 0.92% was obtained
from 1P 5T lenses, while the lowest EWC of 14 + 1.44% was obtained from the 3P 20T.

In general, all the hydrogel compositions, except for the ones that contain the highest
46



concentration of TRIS (20 mole%), showed water content between 24 and 54%, which is
within the acceptable water content values of commercial silicone hydrogel contact

lenses (L. Cheng, Muller, & Radke, 2004).

By illustrating the effect of hydrophobic monomers on the water content as in Figure
3.10, it is clear that the concentration of TRIS had the most significant effect on the EWC,
with the reduction EWC values of 54, 44.3 and 14% for formulations of 1 mole % PDMS
with 5, 10 and 20 mole% TRIS, respectively. Moreover, in formulations containing 20
mole% TRIS, the increase in the concentration of PDMS from 1 to 3 mole% didn’t have a
significant decrease in the EWC values in these lenses, which confirmed that TRIS
concentration had the main effect on the water content of the tested silicone hydrogel

lens compositions.
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Figure 3.9. EWC of p(HEMA-co-TRIS-co-PDMS) lenses prepared using various molar
concentration of PDMS and TRIS after soaking for 24 h in PBS. *Statistically significant at p <
0.05; n=3; mean = SD.
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Figure 3.10. The effect of TRIS monomer concentration (A) and PDMS monomer concentration
(B) on the EWC of the prepared silicone hydrogel lenses.

Comparing the effect on EWC of various molar concentrations of PDMS in formulations
containing 10 mole% TRIS is shown in Figure 3.11 below. The EWC of the lenses with 0.5,
0.75, 1, 1.5, 2 and 3 mole% PDMS were 44 +0.9,44 +0.9,43 +1.2,35+ 0.6 and 32 +
1.1%, respectively. There was no significant difference between 0.5, 0.75 and 1 mol %
PDMS, neither between 1.5, 2 and 3 mol% PDMS. These results confirmed that the
concentration of PDMS within the hydrogel formulation had minimal effect on the water
content of the 10 mole% TRIS silicone hydrogel lenses, and they were all within the

acceptable limit of commercial silicone hydrogel contact lenses.
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Figure 3.11. EWC of drug-loaded p(HEMA-co-TRIS-co-PDMS) lenses prepared using various
molar ratios of PDMS with 10 mole% of TRIS after 24 h in PBS. *Statistically significant at p <
0.05; n=3; mean = SD.

The effect of drug incorporation on the EWC of 10 mole % TRIS with either 0.5, 0.75, 1
or 1.5 mol % PDMS hydrogel lenses was tested and the results are illustrated in Figure
3.12. The incorporation of the drug resulted in a slight increase in the EWC of some of
the silicon hydrogel formulations, however this increase was not significant. This
increase in the EWC values effect on the EWC values might be contributed to the created
channels created after the diffusion of the drug from the lenses during the 24 h of the
soaking period. More water was able to enter the lenses through those empty channels
increasing the EWC of those lenses compared to the lenses that had no previously

loaded drug.

Furthermore, the effect of drug incorporation on the diameter of the swollen BCLs
containing 10 mole% TRIS with either 0.5, 0.75, 1 or 1.5 mole% PDMS hydrogel lenses
was tested and the results are illustrated in Figure 3.13. The presence of drug within the
lens had the same effect reported in the EWC above, where lenses with the drug had a
higher increase in diameter compared to lenses with no drug. However, it was noted
that the minimum increase in diameter of the prepared BCLs of various PDMS
concentrations was found in lenses containing 1 mole% PDMS, while the maximum

increase was found in drug-loaded lenses of 0.5 mole% PDMS.
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Figure 3.12. The effect of drug incorporation on the EWC of (HEMA-co-TRIS-co-PDMS) BCLs
polymer compositions using various molar ratios of PDMS with 10 mole% of TRIS after 24 h in
PBS. p <0.05; n =3; mean £ SD.
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Figure 3.13. Percentage increase in diameter of (HEMA-co-TRIS-co-PDMS) BCLs polymer
compositions using various molar ratios of PDMS with 10 mole% of TRIS after 24 h in PBS.
*Statistically significant at p < 0.05; n = 3; mean # SD.

3.4.4 Drug content and release

Diffusion is the main drug release mechanism from the polymeric matrix of contact

lenses to the release media (Carvalho et al., 2015). Hydrophobic drugs, such as DEX,
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partition into the hydrophobic silicone rich phases (Costa et al., 2003). This increased
hydrophobic interactions between the drug and the polymer network are expected to
slow its release (Kaczmarek et al., 2014). Moreover, the crosslinking density within the
gel matrix affects the hydrogel porosity and thus the drug diffusion from the lens to the

release media (Hoare & Kohane, 2008).

During washing of the lenses in DI water, part of the loaded drug diffused in the washing
water. The washing water was analysed using a UV spectrophotometer at A=242 to
determine the concentration of the drug that escaped from the cured film during the
washing period. Figure 3.14 shows the percentage of DEX remaining in each hydrogel
film after being washed. The hydrophobic monomers concentrations had a significant
effect on retaining the drug within the hydrogel polymer films. Increasing the
concentrations of PDMS and TRIS within the hydrogel formulations, reduced the amount
of drug lost from the polymer films. Moreover, it was clear that the TRIS concentration
had the greatest effect on inhibiting the diffusion of the drug, with more than 82% DEX
remaining in the films of 3P 20T hydrogel formulation compared to 61 % from the 3P 5T

ones.
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Figure 3.14. Percentage of DEX remaining in p(HEMA-co-TRIS-co-PDMS) lenses, containing either
1, 2 or 3 mole% PDMS with either 5, 10 or 20 mole% PDMS, after washing for 24 h in DI water.
*Statistically significant at p < 0.05; n = 3; mean £ SD.
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A drug release experiment was performed for all the formulations mentioned in Table
3.2 above. The concentrations of DEX released from each lens at selected time intervals
were illustrated in Figure 3.15. In general, increasing the concentrations of the
hydrophobic monomers prolonged the release rate of DEX. This might be attributed to
the high crosslinking density of the silicone hydrogel polymer due to the complex
structure of the crosslinked polymer network and the high molecular weight of the
incorporated siloxane monomers, which in turn rendered it difficult for the drug to

diffuse from the hydrogel matrix (Andrade-Vivero et al., 2007; Hu et al., 2011).

The patterns of the drug release profiles were related to the concentrations of the
incorporated hydrophobic monomers PDMS and TRIS. As expected, formulation 1P 5T
showed the most rapid drug release profile because it had the lowest concentrations of
PDMS and TRIS. Moreover, it reached a plateau after 4 days with only 211.9 + 6.8 ug
released from each lens, compared to more than 472 pg released from lenses of

formulation 3P 20T that did not reach a plateau in 14 days.
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Figure 3.15. Drug release profiles of DEX from the washed p(HEMA-co-TRIS-co-PDMS) lenses in
PBS at 37 °C. n = 3; mean + SD.

It is worth noting that all the tested formulations had different drug content due to the
amount of drug lost during the washing stage. A diagram comparing the drug released

from the lenses of each formulation compared to the total drug content at the start of
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the release experiment is shown in Figure 3.16. All the silicone hydrogel formulations
had an extended-release profile for DEX, except for formulations 1P 5T and 2P 5T, which
confirmed the significant effect of TRIS concentration on the drug release of DEX as
previously illustrated in the analysis of the washing water. The slowest drug release rates
of DEX were obtained from the lenses of formulation 2P 20T with only 54% of the drug

released within the first 7 days.

100

80 —@— 1M PDMS 5M TRIS

—A—— 1M PDMS 10M TRIS
60 —@— 1M PDMS 20M TRIS
- -@-- 2M PDMS 5M TRIS

- - A-- 2M PDMS 10M TRIS
40 - - Hl-- 2M PDMS 20M TRIS

—©&—— 3M PDMS 5M TRIS

Cumulative release of DEX (%)

—24A— 3M PDMS 10M TRIS

20
—FE— 3M PDMS 20M TRIS

0 50 100 150 200
Time (h)

Figure 3.16. Percentage of DEX released from p(HEMA-co-TRIS-co-PDMS) lenses in PBS at 37 °C
during the first 7 days. n = 3; mean % SD.

A comparative diagram showing the effect of the concentration of each hydrophobic
monomer on the drug release profile of the prepared silicone hydrogel lenses is
presented in Figure 3.17. It shows that both PDMS and TRIS had the same effect on the
drug release profiles, where the release of drug is extended by increasing the
concentrations of the hydrophobic monomers, except for the formulation of 3P 20T
which released 66.2% of the drug at day 7 compared to 54% for 2P 20T hydrogel
composition. This might be attributed to an interaction between TRIS and PDMS at this
high concentration of TRIS or a slight phase separation that resulted in the rapid escape
of the drug (Guidi et al., 2014). Moreover, it was shown that rapid release rate of DEX
was observed in all formulations containing 5M TRIS, so those formulations are not
suitable for the purpose of the study. These drug release findings were correlated with

the EWC results previously illustrated in Figure 3.9 above, where formulations
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containing 5 mole% TRIS had the highest water content and the ones with 20 mole%

TRIS had the lowest. This correlation between the increased material swelling and drug

release rate confirms that the water content of the lenses is an important factor in the

release of incorporated drugs (Guidi et al., 2014). Drug release at day 7 was chosen in

this comparison since the BCL is intended to be applied on the eye for 7 days. Moreover,

some formulations reached 100% release on day 7, | wanted to show that other

formulations were still releasing the drug after 7 days and the
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Figure 3.17. Effect of TRIS monomer concentration (A) and PDMS monomer concentration (B)
on the on the percentage drug released after 7 days for the prepared silicone hydrogel lenses.

54



500

450
—
2
= 400
"
[ =
9
~ 350
7]
o
e 300 —@— 0.5M PDMS 10M TRIS
©
Q —&— 0.75M PDMS 10M TRIS
o 250
;, —— 1M PDMS 10M TRIS
>
5 200 —&— 1.5M PDMS 10M TRIS
g —&— 2M PDMS 10M TRIS
£ 150
L; ———— 3M PDMS 10M TRIS
£ 100
3
(@)
50
0

0 50 100 150 200 250 300 350
Time (hours)

Figure 3.18. Drug release profiles of DEX from the washed p(HEMA-co-TRIS-co-PDMS) lenses in
PBS at 37 °C. n = 3; mean £ SD.
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Figure 3.19. Percentage of DEX released from p(HEMA-co-TRIS-co-PDMS) lenses in PBS at 37 °C
during the first 7 days. n = 3; mean % SD.

Comparing the effect of PDMS concentrations on the drug release profiles of the
hydrogel formulations revealed that increasing the concentration of PDMS prolonged

the release of DEX from the hydrogel lenses and prevented more drug from escaping
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during the washing phase. The drug release profiles of the hydrogel lens formulations
composed of 10 mole% TRIS with either 1.5, 2 or 3 mole% PDMS showed extended-
release profiles of DEX for 7 days, which render those formulations suitable for making

drug-loaded BClLs.

3.4.5 Mechanical properties

Elastic modulus, or Young’s modulus, is stress (force per unit area) required to produce
a unit of recoverable strain (elastic deformation) in a material. Therefore, Young’s
modulus, which is measured in Mega Pascal (MPa) is a measure of how well a material
resists reversible deformation, i.e. how elastic is the material (Franklin, 2004; Gonzalez-
Meijome et al., 2014). In silicone hydrogel contact lenses, flexible lenses fits better to
the surface of the eye and adds to the patient’s comfort. However, the lens requires to
be adequately stiff to maintain the shape during use. Therefore, the modulus of
commercial contact lenses is commonly found within the range from 0.3 to 1.5 MPa

(Childs et al., 2016; Horst, Brodland, Jones, & Brodland, 2012).

Comparing the effect of hydrophobic monomers on the mechanical properties of the
drug-loaded hydrogel lenses are illustrated in Figure 3.20. All the tested hydrogel
compositions had accepted Young’s modulus compared to the commercial lenses. The
pHEMA hydrogel lens with no incorporated hydrophobic monomers had the lowest
Young’s modulus and tensile strength values of 0.5 + 0.05 and 0.5 + 0.03 MPa,
respectively, compared to the formulations that had no incorporated hydrophobic
monomers within the hydrogel matrix, which indicates that those lenses were more
flexible. The incorporation of 5 mole% TRIS resulted in increasing the stiffness and the
strength of the lenses as indicated by the increase in Young’s modulus and tensile
strength values to 1.5 £ 0.1 and 0.9 £ 0.04 MPa, respectively. This is in agreement with
other studies showing that that silicone hydrogel lenses had higher tensile strength
compared to pHEMA hydrogel ones, which might be contributed to the effective
transfer of stress between the hydrophilic and hydrophobic polymer networks within
the silicone hydrogel lenses (J. J. Wang, Liu, & Wei, 2012). However, it was found that
by incorporating PDMS with TRIS in the formulation, Young’s modulus values were

reduced to 0.7 £ 0.04 and 0.6 + 0.04 MPa by the incorporation of 1 and 3 mole% PDMS,
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respectively. This might be contributed to the elastic properties of PDMS, which

improved the flexibility of the lenses (Musgrave & Fang, 2019).
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Figure 3.20. The effect of various concentrations of TRIS and PDMS on the stress-strain curves
(A) and Young's modulus (B) of the hydrogel lenses. *Statistically significant at p < 0.05; n = 3;
mean * SD.

The effect of incorporating the drug into the silicone hydrogel lenses was analysed by
preparing 3 formulations of 5 mole% TRIS, 95 mole% HEMA with either 0, 0.5 or 1% DEX,
and the stress-strain data generated from the texture analyser were plotted in Figure
3.21. The incorporation of the drug increased Young’s modulus and resulted in stiffer
lenses. On the other hand, it produced tougher and stronger lenses that had higher

elongation at break and strength values. It was noted that there was no significant
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difference between the incorporation of 0.5 and 1% DEX within the hydrogel

formulations.
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Figure 3.21. The effect of DEX concentration on the stress-strain curves (A) and Young's modulus
(B) of 5 mole% TRIS 95 mole% HEMA hydrogel lenses. *Statistically significant at p < 0.05; n = 3;
mean * SD.

To determine the effect of concentration of TRIS monomer on the mechanical properties
of the drug-loaded silicone hydrogel lenses, 3 formulations of 3 mole% PDMS were
prepared using either 5, 10 or 20 mole% TRIS and the results of the stress-strain analysis
were presented in Figure 3.22. In general, increasing the concentration of TRIS resulted
in decreasing the elongation at break values and reduced the toughness of the hydrogel

lenses. The Young’s modulus of the lenses containing the highest concentration of TRIS
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(20 mole%) had the highest Young modulus values and thus the stiffest lenses. On the
other hand, there was no significant difference between Young’s modulus of hydrogel
formulations with 5 and 10 mole% TRIS. These findings excluded the formulations

containing 20 mole% TRIS from the desired application because they are stiff and brittle.
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Figure 3.22. The effect of TRIS concentration on the stress-strain curves (A) and the Young's
modulus (B) of 3 mole% PDMS hydrogel lenses. *Statistically significant at p < 0.05; n = 3; mean
+SD.

To determine the effect of PDMS monomer concentration on the mechanical properties
of the drug-loaded silicone hydrogel lenses, 3 formulations of 10 mole% TRIS were
prepared using either 0.5, 1, 2 or 3 mole% PDMS and the results of the stress-strain

analysis are presented in Figure 3.23. Generally, the higher the concentration of PDMS
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in the formulation, the lower Young’s modulus, which resulted in more flexible and thus
softer lenses. However, there was no significant difference in Young’s modulus values
between the hydrogel formulations containing 0.5 and 1 mole% PDMS and the ones
containing 2 and 3 mole% PDMS. However, it was noted that the lenses containing 0.5%
PDMS showed the highest elongation at break values, which indicates that they are

tough, and the lenses produced can be more durable during use.
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Figure 3.23. The effect of PDMS concentration on the stress-strain curves (A) and Young's
modulus (B) of 10 mole% TRIS silicone hydrogel lenses. *Statistically significant at p < 0.05; n =
3; mean = SD.

3.5 Conclusion
In this chapter, the possibility of controlling dexamethasone release from silicone

hydrogel BCL was assessed by adjusting the concentrations of the incorporated
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monomers. By changing the hydrophobic to hydrophilic monomer ratio and the mole%
of the hydrophobic monomers TRIS and PDMS in the prepared p(HEMA-co-TRIS-co-
PDMS) BCLs, extended-release of DEX for up to 14 days was achieved in lenses with

comparable mechanical properties to commercial silicone hydrogel contact lenses.

Ideal drug-loaded contact lenses should be biocompatible, oxygen permeable and
provide controlled release of accurate dose within the time they are in use. In terms of
oxygen permeability, the high oxygen permeability of commercially available silicone
hydrogel contact lenses is due to the presence of siloxane groups. All the tested silicone
hydrogel compositions in this work are similar to that of commercial silicone hydrogels,
which indicates their high oxygen permeability. Moreover, they should be comfortable
and easy to handle and have minimum interference with the patient’s vision (A. M.

Ribeiro et al., 2015).
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Chapter 4 3D-printed gelatine
bandage contact lens (BCL) for
ocular drug delivery of
Dexamethasone.
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Abstract

Drug-eluting contact lenses have been widely studied as an alternative to eye drops due
to their ability to prolong the drug resident time, enhance bioavailability and improve
patient compliance. Silicone hydrogel polymers are commonly used in drug-eluting
contact lenses, due to their transparency, suitable mechanical properties and high
oxygen permeability. Gelatine hydrogels are clear, flexible and have high oxygen
permeability, therefore, they are also a suitable contact lens material. Moreover, their
rheological properties allow their use as inks in extrusion-based 3D printers, therefore
opening the door to a wide range of newer applications. However, the solubility of
gelatine hydrogels at body temperature limits their pharmaceutical use. Adding
methacrylate groups to gelatine produces gelatine methacrylate (GelMA), which
undergoes a photoinitiated polymerisation reaction to produce covalently crosslinked
insoluble hydrogels. This chapter aims to develop 3D-printed drug-loaded GelMA
hydrogel lenses to deliver dexamethasone (DEX) to the eye over a period of 1 week.
Drug-loaded GelMA/PEGDA hydrogel lenses were prepared using the solvent casting
and the 3D-printing techniques. Two concentrations of GeIMA (5 and 8%) were tested
with 4 concentrations of PEGDA (0, 5, 10, and 15%). The prepared lenses were
characterised to determine the equilibrium water content (EWC), in vitro degradation,
and drug release profile of DEX. The results showed that the incorporation of PEGDA
improved the lenses’ resistance to handling and protected them during the degradation
test, reduced the EWC values and prolonged the release of the incorporated drug. It was
noted that the lenses prepared using the 3D-printing technique showed a higher EWC
and thus resulted in rapid drug release profiles compared to the lenses prepared using
the solvent casting technique. However, the 3D-printed lenses showed controlled

release drug profiles of DEX until they degraded.
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4.1 Introduction

In the previous chapter, | have loaded DEX within silicone hydrogel BCLs, which is the
currently used material in BCLs available in the market. In this chapter, | would like to
explore a new material that can be used to prepare therapeutic BCLs, yet can be 3D-
printed to benefit from the advantages that the 3D-printing technology can bring to the
manufacturing of drug delivery systems. Therefore GeIMA hydrogel was chosen as the

hydrogel base.

Drug-eluting contact lenses have been widely studied as an alternative to eye drops due
to their ability to increase the drug resident time, bioavailability and improve patient
compliance (J. Xu et al., 2018). Due to the high drug bioavailability (up to 50%) reported
from drug-eluting contact lenses, fewer drug doses are administered resulting in lower
side effects and complications and better clinical outcomes. It is common to use silicone
hydrogel polymers in drug-eluting contact lenses, due to their transparency, mechanical
properties and high oxygen permeability (Maulvi et al., 2016). However, far less research

has been done on modifying other hydrogel polymers to suit this application.

Gelatine is a protein hydrogel obtained from the partial hydrolysis of collagen obtained
from a natural origin (X. Wang et al., 2017). Due to its high biocompatibility, unique
chemical, physical nature and being a Generally Regarded As Safe (GRAS) material by
the FDA, it has been extensively used as a drug carrier and component in many drug
delivery systems (Hathout & Omran, 2016). In particular, gelatine has been used in
ocular drug delivery systems including eye drops (Y.-H. Cheng et al., 2016), nanoparticles
(Mahor et al., 2016), in situ gels (Y. Song et al., 2018) and films (Rathore, Nema, &
Sisodia, 2010).

Gelatine polymers are not widely used in the preparation of drug-eluting corneal
bandages because of their high solubility and poor mechanical properties. To overcome
these drawbacks, some have formulated gelatine/chitosan composites (Xin-Yuan & Tian-
Wei, 2004), incorporated a synthetic polymer such as PVA (Jain, Carvalho, Banthia, &
Banerjee, 2011) or added a crosslinker within the hydrogel formulation (El-Feky, Zayed,
Elshaier, & Alsharif, 2018). However, gelatine hydrogels are clear, flexible and have high
oxygen permeability, therefore, they are suitable candidates in preparing corneal
bandages (Z. Zhang, Ortiz, Goyal, & Kohn, 2014).
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Following the use of 3D-printing technology in pharmaceutical research, further
investigation into printable materials, that can be used to formulate current and future
drug delivery systems should be considered. The rheological properties of gelatine
hydrogels allow their printability using extrusion-based 3D printers, which opens the
door to a wide range of newer applications using this polymer (Kalkandelen et al., 2017).
Incorporation of 3D-printing techniques in the production of medicated contact lenses
facilitates patient-specific requirements, including special designs and sizes. Moreover,
the lens can be printed with pores to promote oxygen permeability and prevent corneal

hypoxia.

Gelatine hydrogels are soluble at body temperature. Therefore, to formulate contact
lenses out of gelatine, the hydrogel should be crosslinked into a non-water-soluble
polymer. Adding methacrylate groups to the amine-containing side groups of gelatine
by reaction with methacrylic anhydride (MA) produces a compound named gelatine
methacrylate (GelMA). GeIMA undergoes a photoinitiated free-radical polymerisation in
the presence of a photoinitiator and light to produce covalently crosslinked hydrogels
(Y. Wang et al.,, 2018). Although GelMA hydrogels are insoluble, they are highly
degradable, and therefore rapid drug release profiles from those hydrogels are expected

without incorporation of a crosslinking agent (Yue et al., 2015).

Polyethylene glycol diacrylate (PEGDA) is a long-chain, hydrophilic, crosslinking
monomer which contains double-bond acrylate groups at each end of the PEG chain. It
has the ability to undergo fewer photopolymerisation reactions to give a stable polymer
that has shown the ability to provide drug release for extended periods of time (McAvoy,
Jones, & Thakur, 2018). PEGDA polymers have been used in numerous drug delivery
applications including implants (Mau, Nazir, John, & Seitz, 2019), microneedles (Gao et
al., 2019) and dressings (Mostafalu et al., 2017) due to their biocompatibility and tissue-

like properties.

Dexamethasone (DEX) was chosen in this study as the model drug due to its lipophilic
nature and high corneal penetration. It is used to reduce inflammation, swelling, redness
and irritation due to infections or following eye surgeries (Gaudio, 2004; Guidi et al.,

2014).
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In this chapter, drug-loaded GelMA/PEGDA hydrogel lenses were prepared using
photopolymerisation reaction in the presence of Lithium Phenyl(2,4,6-
trimethylbenzoyl)phosphinate (LAP) as a photoinitiator and cured under LED light of 405
nm. Two concentrations of GelMA (5 and 8%) were tested with 4 concentrations of
PEGDA (0, 5, 10, and 15%). Some of those formulations were prepared using both the
solvent casting and 3D-printing techniques to produce the lenses. The 3D-printing
technique allowed for the presence of pores within the lens, which might increase
oxygen permeability to the cornea. The prepared lenses were characterised to

determine the equilibrium water content, in vitro degradation, and drug release of DEX.

4.2 Materials and methods

4.2.1 Materials

Lithium phenyl-2,4,6-trimethylbenzoylphosphinate (LAP) and printing needles from
Allevi, Philadelphia, USA. Dimethyl sulfoxide (DMSQ), EssentQ®, Scharlab S.L., Barcelona,
Spain. Porcine gelatine type A with 300 Bloom value, Deuterium oxide (D20) 99.9 atom
% D, methacrylic anhydride, polyethylene glycol diacrylate (PEGDA, M,700) and
Phosphate buffered saline (PBS) tablets 1.0M, pH 7.4 (25 °C) from Sigma-Aldrich, New

Zealand. All other chemicals were of analytical grade.

4.2.2 Preparation and characterisation of GelMA hydrogel

In this work, GeIMA was synthesised according to the previously reported method (Kuo
et al., 2018). Briefly, 10% (w/v) of gelatine from porcine skin was dissolved in PBS at 50
°C. Then, 0.6 g of methacrylic anhydride per g of gelatine was added to the gelatine
solution dropwise at a rate of 0.5 ml/min under vigorous stirring, the mixture was left to
react under 50 °C and stirring for 3 h. At the end of the reaction, the mixture was
transferred to falcon tubes and centrifuged at 100g for 2 min to remove the excess MAA
as shown in Figure 4.1. After filtration, all the supernatants were transferred to a beaker
and diluted 1:1 with PBS to stop the reaction and then dialysed against DI water at 50 °C
for 1 week using a cellulose dialysis tubing of 14000 MWCO (Thermofisher, New
Zealand). The deionised water was changed twice daily in the first 3 days, then once a
day to remove salts and excess methacrylic acid. The pH of the GelMA solution was
adjusted to 7.4 then transferred to 50ml falcon tubes for freeze-drying. The produced

sponge-like solid (GelMA) was stored at -80 °C until further use.
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Figure 4.1. The flask on the left shows the formation of GeIMA after the 3 h reaction with MAA,
the image on the right shows the dialysis of GelMA against DI under 50 °C for 1 week.

The degree of methacryloyl functionalisation of the GelMA was quantified using 1H NMR
according to a previously described methods using an NMR spectrometer (Bruker
Ascend 400, Germany) NMR spectrometer operating at 400.13 MHz equipped with the
TopSpin 3.5b.91.pl.7 software. The spectrometer was fitted with a 5 mm probe type: PA
BBO 400S1 BBF-H-D-05 Z and all experiments were performed at a constant
temperature of 40 °C. Each experiment excited the nuclei with a single 30° pulse and
obtained 64 transients with a spectral width of 8012.8 Hz and FID size of 65,536 data
points. The 1H-NMR spectra were calibrated against the internal standard 3-
(trimethylsilyl) propanoic acid D4 sodium salt TMSP to give the zero point in the 6 (ppm)

scale.

To prepare the NMR samples, 20 mg of GelMA was completely dissolved in 1 ml

deuterium oxide containing 0.05% w/v TMSP for calibration. Porcine gelatine was also
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examined for calculating the degree of methacryloyl substitution using the following

equation (X. Li et al., 2016).

lysine methylene proton of GelMA

DM=1—( )XlOO%

lysine methylene proton of gelatine

4.2.3 Preparation of BCLs using the solvent casting technique

A total of 3 g of each hydrogel formulation was prepared, containing 1% w/w DEX and
0.5% w/w LAP, while the concentrations of GeIMA and PEGDA were varied as stated in
Table 4.1. The DEX was dissolved in 1 ml of DMSO before adding the PBS. The LAP and
GelMA were added to the drug mixture and dissolved using a magnetic stirrer at 60 °C.
Finally, the PEGDA was added and mixed well before pouring into a 10 ml syringe and
injected between two acrylic plates, that have a U-shaped spacer, of a 0.35 mm
thickness, in between. The sheets holding the hydrogel were put under LED light at 405
nm, using an intensity of 24 W, for 180 seconds and then cut into lenses with a cork

borer 13 mm in diameter as shown in Figure 4.2.

Table 4.1. GelMA hydrogel BCL formulations prepared using the solvent casting
technique

Formulation DEX LAP GelMA PEGDA
symbol (% w/w) (% w/w) (% w/w) (% w/w)
G5PO 1 0.5 5 0
G5P5 1 0.5 5 5
G5P10 1 0.5 5 10
G5P15 1 0.5 5 15
G8PO 1 0.5 8 0
G8P5 1 0.5 8 5
G8P10 1 0.5 8 10
G8P15 1 0.5 8 15
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Figure 4.2. Crosslinked GelMA hydrogel film in between 2 acrylic sheets and spacer (A) and
lenses cut from the film using a cork borer (B).

4.2.4 Preparation of BCLs using the 3D-printing technique

The hydrogels were prepared as previously mentioned, and the hydrogel mixture was
then transferred to a 10ml Luer lock syringe, the black plunger was removed from the
white piston and put on top of the syringe, then the syringe was inverted and the
contents were pushed to get rid of the excess air. The whole syringe was wrapped with
aluminium foil and inserted in a beaker full of ice for 8 minutes to enhance the physical
gelation of GelMA, then left at room temperature overnight until the printing time. Four
of the previously prepared formulations were chosen to be prepared using the 3D-

printing of the solvent casting technique.

Table 4.2. GeIMA hydrogel BCL formulations prepared using the 3D-printing method.

Formulation DEX LAP GelMA PEGDA
symbol (% w/w) (% w/w) (% w/w) (% w/w)
#G5PO 1 0.5 5 0
#G5P10 1 0.5 5 10
#GSPO 1 0.5 8 0
#G8P10 1 0.5 8 10

The bandages were designed as a mesh structure using SolidWorks CAD software as
shown in Figure 4.3 (A). The design was set to be 10 £ 0.5 mm in length, 10 £ 0.5 mm in
width, with a 0.5 mm gap between the lines. The thickness of the lines were designed to
be 0.2 mm, which is equal to the internal diameter (ID) of the needle used for printing.

The STL file of the design generated by SolidWorks was uploaded into Repetier-Host
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software twice to generate two layers. Each layer was rotated so that the lines of the
first layer were vertically facing and the lines of the second layer were horizontally facing
as shown in Figure 4.3 (B &C). Then the 2 layers were centred and merged to form a
mesh structure with crossing vertical and horizontal lines and internal pores of 0.5mm
in diameter as shown in Figure 4.3 (D). After adjusting the printing parameters using
Slic3r software, the design was sliced into 2 layers, using the same software, to enable
its printing in a layer-by-layer format. Figure 4.3 (E) shows the sliced g-code file

generated by slice3r software and the path of the printing nozzle.

o =

Figure 4.3. The 3D printing process. Design of 1-layer using SolidWorks in stl format (A),
Uploading the stl file in Slic3r software (B), Reuploading the same stl file and changing its
orientation to orient the lines horizontally (C), merge and centre of both uploaded files (D),
slicing of the stl file into 2-layer g-code (E) and 3D printing of the sliced file using Allevi printer
software (F).

The g-code was uploaded into the Allevi 3D-printer software, to allow the extrusion the
hydrogel through the nozzle and print the bandage layer-by-layer using the Allevi 2 3D-
printer (Allevi, Philadelphia, USA). Figure 4.3 (F) shows how the second layer of the
bandage was printed on top of the first layer. The printed bandages were cured under
an LED light of 405 nm for 3 min, then they were kept at room temperature in a vacuum
oven for 24 h. The meshes were printed on glass slides covered by plastic tape to prevent

the adhesion of the printed structure and to facilitate its removal.
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4.3 Characterisation of the bandages

4.3.1 Microscopic examination

Optical images of the 3D-printed bandages were taken just after printing and after
vacuum dying. The optical images were captured using a digital microscope (Leica
ICC50HD-DM750, New Zealand) to show the diameter of the printed lines and the pore
size of the meshes. Measurements were taken from 3 different sites on each mesh for

3 printed meshes.

4.3.2 Swelling studies

The equilibrium water content (EWC) was determined gravimetrically using a sensitive
balance. Three vacuum dried meshes from each hydrogel formulation weighed (DW),
then they were immersed in 3 ml PBS for 24 h, blotted gently with tissue papers and
then reweighed to record the swollen weight (SW). The EWC of all hydrogel formulations
were calculated using the following equation (Hoch, Schuh, Hirth, Tovar, & Borchers,
2012; Noshadi et al., 2017; Yin, Yan, Wang, Fu, & Suo, 2018).

(Sw —-Dw)

EWC (%) =" —— x 100

4.3.3 In vitro degradation

To test the in-vitro degradation profile of the cured printed meshes, 12 meshes of each
formulation were dried in a vacuum oven at room temperature for 48 h and their
weights were recorded (W1). Then the meshes were immersed in 3 ml of PBS in plastic
well plate dishes and kept in an incubation room at temperature 36 + 1 °C. At various
time intervals at days 1, 2, 4, and 7, three meshes of each formulation were carefully
removed from the PBS solution and dried in a vacuum oven at room temperature for 48
h then reweighed (W2). The percentage weight remaining after degradation at each
time point is referred to as the gel fraction (%) and was calculated using the following

equation (Bukhari, Khan, Rehanullah, & Ranjha, 2015; Y. Wang et al., 2018).

w2
Gel fraction (%) = — x 100
wil

4.3.4 In vitro drug release

The in vitro drug release profiles of DEX from the hydrogel cut lenses were studied by

inserting each lens into dialysis membrane tubes (cut off 3500 MWCO) with a 1 ml of
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PBS (pH=7.4) and then the wrapped tubes were placed in capped glass containers
containing 39 ml of a PBS solution caps on a benchtop shaker (SK-300, Lab Companion,
Korea) at 50 rpm. The shaker was placed in an incubator room that was maintained at
35 + 2 °C for a period of 14 days. At predetermined time intervals, 3 ml of the media
from each sample was collected and replaced by fresh media to maintain sink
conditions. The concentrations of DEX in the release media were determined by
comparing the areas of the drug peaks generated by an LC-MS Agilent 1260 Infinity
Quaternary LC system (Santa Clara, CA 95051 USA) against a DEX calibration curve.

The system consisted of the following components: 1260 quaternary pump (model
number: G1311B), 1260 infinity ALS sampler (model number: G1329B), 1200 series
autosampler thermostat FC/ALS/Therm (model number: G1330B), 1260 infinity TCC
column component (model number: G1316A), 1260 infinity diode array detector (DAD)
(model number: G4212B), connected to a 6420 triple quadrupole LC/MS system with
multimode ionisation source (model number: G1948B) operating in positive

electrospray ionisation mode.

Waters XSelect CSH C18 (2.1 x 100 mm, 3 um) HPLC column was used for this analysis.
The first mobile phase was composed of water containing 0.1% (v/v) formic acid while
the second mobile phase was acetonitrile containing 0.1% (v/v) formic acid. The initial
gradient condition was 97:3 (A:B). From 0 to 12 min the B was increased to 25%, from
12 to 13.5 min the B was increased to 90% and from 13.5 to 15.5 min, B was decreased

to 3%. The total run time of each sample was 23 min.

The MS ionisation source conditions were as follows: capillary voltage of 1.8 kV, drying
gas temperature of 325 °C, drying gas flow 6 L/min, vaporiser temperature of 200 °C.
The positive ion mode was performed with MRM for quantitative analysis. The
precursor-to-product ion transition used for DEX was [M+H]+ m/z 393.2->373.2 with a

fragmentor voltage of 87 V and collision energy of 4 eV.

4.3.5 Statistical analysis

Data were subjected to one-way analysis of variance (ANOVA) using Microsoft 365 Excel.
Post hoc multiple comparisons were determined by the Tukey’s test with the levels of

significance set at P < 0.05. All data were presented as means + SD.
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4.4 Results and discussion

4.4.1 Characterisation of prepared GelMA

Introducing methacryloyl substitution groups to gelatine via a chemical reaction with
methacrylic anhydride (MAA) results in the formation of gelatine methacrylamide
(GelMA) as shown in Figure 4.4. 1H-NMR spectra were used to determine the amount
of methacrylate and methacrylamide groups in the prepared GelMA. There was an
apparent decrease in the free lysine signal (NH,CH,;CH,CH,CH,-) of the unmodified
gelatine at 3.0 ppm, and the DM of the prepared GelMA was calculated as 67.4 + 2.14%.

Methacrylic Anhydride
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Figure 4.4. Methacrylation of gelatine to gelatine methacrylamide (Adopted from ((Rose et al.,
2014)).

In comparison with the 1H-NMR spectra of gelatine shown in Figure 4.5 (B), new proton
peaks belonging to methacryloyl groups of GelIMA appeared between 6.0-5.4 ppm and
at 1.9 ppm as shown in Figure 4.5 (A). The chemical shifts between 5.7-5.6 and 5.5-5.4
ppm are for the acrylic protons (CH,=C(CH3)CONH-) of methacrylamide groups (lysine
and hydroxylysine residues), while the peak at 1.9 ppm is for the methyl protons
(CH2=C(CH3s)CO-) of methacryloyl groups, as well as additional small peaks 5.7 ppm for
the acrylic protons (CH2=C(CH3)COO-) of methacrylate groups (M. Zhu et al., 2019).
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Figure 4.5. 1H-NMR spectra of prepared GelMA (A) and porcine gelatine (B) samples in D,0.

4.4.2 Preparation of GELMA film using the solvent casting technique

A photopolymerisation crosslinking reaction was performed to develop the GelMA BCLs,
where light is used to initiate a free radical reaction using LAP photoinitiator. This free
radical leads to a series of polymerisation reactions within the hydrogel monomers
(propagation step), which end after all the monomers are polymerised. In this work,
GelMA hydrogel formulations were cured under 405 nm LED light with an intensity of
24 W for 180 s. This was sufficient to polymerise the liquid hydrogel to a film, which was

cut into circular lenses of 13 mm in diameter.

S/ GeiMA SZGeinA
'.zP . f/.? : IOZP

Figure 4.6. Images of vacuum-dried (A) and swollen (B) DEX-loaded GelMA lenses prepared using
various concentrations of GelMA and PEGDA in the solvent casting. (Ruler is in mm
increments).

The effect of the concentrations of GeIMA and PEGDA on the developed lenses can be

seen in Figure 4.6. Both 5% and 8% GelMA hydrogel formulations with no incorporated
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PEGDA created sticky and fragile lenses that were easily deformed and couldn’t retain
their circular shapes, although the lenses obtained from 8% GelMA were stronger than
the ones obtained from 5% GelMA. This goes in line with the results of another study
that illustrated the effect of the increase in GelMA concentration from 5 to 15% that
resulted in enhancement of the compressive modulus of the prepared hydrogels

(Hutson et al., 2011).

The incorporation of PEGDA resulted in clear circular lenses that withstood handling
during the characterisation tests. This was in compliance with the studies that
incorporated PEGDA with GelMA to increase the degree of crosslinking and inhibit the
biodegradation rates in bone regeneration materials, which revealed that
GelMA/PEGDA hydrogels showed much stronger mechanical properties compared to

pure GelMA hydrogels (Y. Wang et al., 2018).

4.4.3 Preparation of GELMA films using the 3D-printing technique

All hydrogel compositions were extruded using a 25 G nozzle with an inner diameter (ID)
of 0.26 mm. Images of the printed meshes of the hydrogel formulations are presented
in Figure 4.7. It is obvious that although all formulations were printed using the same
nozzle size, the printed lines of #G5P0 meshes were thicker and the pores were not
visible compared to #68P10 meshes. This might be contributed to the lower density of

the hydrogel that resulted in filament spreading of 5%GelMA hydrogels during printing.

The printing speed of #G5P0, #G5P10, #G8P0 and #G8P10 hydrogel formulations were
4, 4, 3 and 3 mm/s respectively. The printing speed of the 5% GelMA formulations was
increased to compensate for rapid flow from the printing nozzle that led to the
formation of thicker printed lines. Moreover, it was difficult for the printed lines of the
5% GelMA hydrogel formulations to retain their structure compared to the printed lines
of the higher density 8% GelMA formulations, this might be contributed to the low

density of the hydrogel that might have an effect on its rheological properties.

It is worth noting that the drying of the #G5P10 meshes resulted in the rupture of the
structure. This might be contributed to the higher concentration of PEGDA compared to
the concentration of GelMA, which resulted in huge shrinkage of the structure while it

was attached to the plastic tape and thus the mesh was ruptured. On the other hand,
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the higher concentration of GeIMA maintained the structure and there was no visual

shrinkage after the drying process.

Figure 4.7. Images of the printed meshes (top), vacuum dried meshes (middle) and swollen
meshes (bottom) of formulations G5P0 (A), G5P10 (B), G8PO (C) and G8P10 (D). (Ruler is in mm
increments).

4.4.4 Microscopic examination
The printed hydrogel meshes were imaged under the microscope to determine the
effect of hydrogel composition on the diameter of the printed lines, just after printing

and following vacuum drying of the meshes.

It was obvious that although all the hydrogels were extruded from nozzles with the same
ID, the printed lines of the 5% GelMA hydrogels with and without the incorporation of
PEGDA were almost double the diameter of the printed lines of 8% GelMA with or
without PEGDA incorporation. This might be explained by the fact that low-density
hydrogel solutions were extruded quicker from the 3D-printer nozzle, which resulted in

thicker printed lines.
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There was no change in the line measurements of #G5P0 hydrogel (0.7 £ 0.71 mm)
before and after drying, however, the pore diameter increased from 0.3 + 0.2t0 0.5
0.2 mm after drying. Moreover, there was a significant shrinkage of the hydrogel meshes

of #G5P10 after drying that resulted in rupture of the whole structure.

On the other hand, the hydrogel meshes of 8% GelMA maintained their shape in both
compositions with and without PEGDA. The printed lines of #G8P0 and #G8P10
decreased in diameter from 0.32 £ 0.05 to 0.15 + 0.07 mm after drying, while the pore

size maintained the same diameter of 0.74 £ 0.13 mm.
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Figure 4.8. Microscopic images printed hydrogel meshes imaged immediately after printing (left)
and microscopic image of vacuum-dried hydrogel meshes after vacuum drying (right) of #65P0
(A), #G5P10 (B), #G8PO0 (C) and #G8P10 (D). (White scale bar is 0.5 mm).

4.4.5 Swelling studies

In case of varying the concentrations of PEGDA within the 5 and 8% GelMA hydrogel
formulations prepared using the solvent casting technique, the EWC decreased
significantly with the amount of PEGDA added in both the 5 and 8% hydrogel
formulations, as shown in Figure 4.9. This is explained by the increased degree of

crosslinking as the concentration of PEGDA increases.
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Figure 4.9. EWC of the prepared hydrogel BCLs after 24 h at 37 °C. *Statistically significant at p
< 0.05; n=3; mean = SD.

The high crosslinking degree improved the stiffness of the hydrogel meshes and resulted
in low hydrogel swelling and thus lower water content (Y. Wang et al., 2018). However,
the 5% and 8% GelMA hydrogel lenses reached their minimum EWC with the
incorporation of 10% PEGDA at 368.6 + 8.06% and 386.7 + 5.54% and thus incorporating

a higher percentage of PEGDA didn’t show a significant decrease in the EWC values.

It is worth noting that the PEGDA concentration had a larger effect on the EWC when
compared to the effect of GelMA concentrations. There was no significant difference
between the EWC of G5P5 and G8P5, the EWC of G5P10 and G8P10 and the ECW of
G5P15 and G8P15 as illustrated in Figure 4.9 above.
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Figure 4.10. The effect of 3D-printing on the EWC of the prepared hydrogel BCLs after 24 h at 37
°C. *Statistically significant at p < 0.05; n = 3; mean % SD.

Testing the effect of method of preparation on some of the prepared hydrogel meshes
indicated that there was a significant increase in the EWC values of the 3D printed
hydrogel meshes compared to the ones prepared using the solvent casting techniques
of the same hydrogel formulation. This might be because of the presence of pores within
the 3D-printed hydrogel matrix, which increased the surface area of the hydrogel

exposed to the PBS solution and thus more water is absorbed.

4.4.6 Invitro degradation

The degradation profiles of BCL of the hydrogel formulations mentioned in Table 4.1
above, prepared using the solvent casting technique, in PBS at 37 °C is illustrated in
Figure 4.11. Both 5 and 8% GelMA hydrogel meshes showed a similar degradation trend.
The BCLs that had no incorporated PEGDA degraded in 4 days. The incorporation of 5%
PEGDA extended the degradation profile to 7 days, while the incorporation of 10 and
15% PEGDA significantly delayed the degradation of the lenses for more than 14 days.
Those degradation profiles can be attributed to the increase in the crosslinking degree
within the lenses with a higher concentration of PEGDA (Y. Wang et al., 2018). There was
no significant difference in the degradation profiles with the increase in the
concentration of PEGDA from 10 to 15% in both concentrations of GeIMA hydrogel

lenses. This is in agreement with the results of the EWC and can be explained that the
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hydrogels reached their maximum crosslinking density at 10% concentration of PEGDA

(Krumova, Lopez, Benavente, Mijangos, & Perena, 2000).
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Figure 4.11. Degradation profiles of 5% GelMA (A) and 8% GelMA (B) hydrogel BCLs in PBS at 37
°C.n=3; mean + SD.

Although the lenses that had 5% GelMA finally degraded at the same time as the 8%
GelMA BCL, the degradation rates of 8%GelMA lenses were slower compared to the
5%GelMA. This might be due to the high crosslinking density generated from the photo

crosslinking reaction of the higher 8% GelMA concentrations within the hydrogel

(Rizwan et al., 2017).
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To visualise the effect of the degradation test on the shape of the BCL, the lenses that
were removed from days 1, 2, 4 and 7 were vacuum dried and imaged. From the images
of the lenses shown in Figure 4.12, it was clear that the optimum tested PEGDA
concentration was 10% in both the lower and the higher GelMA concentrations.
Surprisingly, G5P15 lenses retained their structure compared to the G8P15 ones
following the in vitro degradation test. This might be attributed to the higher swelling
ratio values of the 8%GelMA lenses, which might have resulted in rupture of the lenses

(Kawaguchi & Qishi, 2004).

Degradation tests of the 3D-printed BCLs in PBS at 37 °C were performed and the
generated degradation profiles were compared to the same hydrogel formulations that
were prepared using the solvent casting technique as illustrated in Figure 4.13 below.
3D-printing 5 and 8% GelMA hydrogel formulations that had no incorporated PEGDA
seemed to have slowed the degradation profiles of the BCL compared the solvent
casting technique. This might be contributed to the printed mesh structure with vertical
and horizontal lines, which might have had a role in maintaining the structure during
degradation. However, there were no significant difference between the BCLs prepared
by the 3D-printing and the solvent casting techniques when 10% of the PEGDA were
incorporated within the GelMA hydrogel formulations. This shows that the crosslinking
effect of PEGDA was more predominant and the degradation profiles of the BCLs were

not affected by the preparation method.

A B

D1 D2 D4 D7 D1 D2 D4 D7

Figure 4.12. Images of the vacuum-dried PO, P10 and P15 BCLs formulations of 5% GelMA (A),
and 8% GelMA (B) after the degradation test in PBS at 37 °Con days 1, 2,4 and 7.
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Figure 4.13. The effect of 3D-printing on the degradation profiles of the BCLs in PBS at 37 °C. n =
3; mean = SD.
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Figure 4.14. Images of vacuum-dried 3D-printed meshes for formulations #G5P0, #G5P10,
#G8P0 and #G8P10 after the degradation test in PBS at 37 °Con days 1, 2, 4 and 7.

The images of the 3D-printed BCLs after the degradation test presented in Figure 4.14
shows how the structure of the tested printed BCL survived he degradation test. All the
printed meshes maintained their shape until they fully degraded on D4 for #G5P0 and
#G8PO BCLs or for the ones that didn’t degrade after 7 days (#G5P10 and #G8P10). Due
to the rupture of the #65P10 meshes after drying, the degradation test of those meshes

was done using the resulting fragments, which didn’t degrade during the test. It is worth
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noting that although the printed meshes of #G8P10 did not shrink after drying, the
meshes that were dried after the degradation test, significantly shrunk. This might be as

a result of the high concentration of PEGDA within the hydrogel formulation.

4.4.7 |In vitro drug release

Three BCLs from each of the tested hydrogel formulations prepared by the solvent
casting technique were used in the in vitro drug release study. The % cumulative drug
released per lens of each formulation was plotted against the corresponding time
interval as illustrated in Figure 4.15 for 5% and 8% GelMA hydrogel formulations,

respectively.

All the tested formulations showed a sustained release pattern of DEX from the BCLs for
the whole duration of the test, even in the hydrogel formulations with no incorporated
PEGDA. This shows that DEX was successfully entrapped within the hydrogel network of
the polymerised GelMA during the photocrosslinking reaction (Schacht, 2004). However,
BCLs of G5P0 and G8PO formulations degraded at D4 and thus the maximum
concentration of DEX released was 82.7 = 7.9 and 65.6 + 0.7% from the tested BCLs,

respectively.

As expected, the incorporation of PEGDA resulted in slower drug release rates, where
the % of DEX released from the BCLs of G5P5, G5P10 and G5P15 after 7 days were 78.0
+ 6.8, 61.7 + 0.14 and 60.3 + 0.3%, respectively. It was noted that although the
incorporation of 5 and 10% PEGDA within the hydrogel formulations resulted in a
significantly prolonged drug release rate, there was no significant difference between
the release profiles of the BCLs that had 10 and 15% PEGDA within their hydrogel
composition. This might be due to GelMA hydrogels reaching maximum crosslinking
density using 10% PEGDA and therefore there was no further delay in the drug release
of DEX with the increase in the concentration of PEGDA from 10 to 15%. This is in line

with the previous degradation results of the BCLs presented in Figure 4.11 above.

On the other hand, there was no significant difference between the drug release profiles
of the formulations of G8P5 and G8P10 BCLs, releasing 64.0 + 2.8 and 63.7 + 4.0% of

their original drug content after 7 days. The increase in the concentration of PEGDA to
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15% resulted in a prolonged release of DEX from the tested BCLs reaching 50.1 + 1.3%

after 7 days.
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Figure 4.15. The effect of PEGDA incorporation on the drug release profiles of 5% GelMA (A) and
8% GelMA (B) BCLs in PBS at 37 °C. n = 3; mean + SD.

The effect of preparation method on the drug release profiles of the tested BCLs is
illustrated in Figure 4.16. There was no significant difference between the two methods
of preparation in the drug release profiles from BCLs prepared with 5% GelMA and 0%
PEGDA, however, the 3D-printed lenses of the 8% GelMA and 0% PEGDA showed rapid

release from the BCLs compared to the ones prepared using the solvent casting
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technique. This might be explained by the higher swelling ratio of the 3D-printed lenses
as previously illustrated in Figure 4.10 above. The higher the water content is expected
to increase the pore size within the hydrogel matrix, and eventually promote the quick
escape of the loaded drug (Hori et al., 2007). The same patterns of drug release profiles
were noticed in the BCLs of the formulations containing 8% GelMA and 10% PEGDA,
were the 3D-printed lenses showed rapid DEX release profile patterns compared to the

solvent casted ones.
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Figure 4.16. The effect of 3D-printing on the drug release profiles of G5P0, G5P10, G8P0, G8P10,
#G5PO, #G5P10, #G8P0O and #G8P10 BCLs in PBS at 37 °C. n = 3; mean + SD.

4.5 Conclusion

In this chapter, 5 and 8% GelMA BCLs were prepared using various concentrations of
PEGDA using the solvent casting and the 3D-printing techniques. The prepared lenses
were evaluated for swelling, degradation and drug release properties. It was found that
the incorporation of PEGDA improved the lenses’ resistance to handling and protected
then during the degradation test, reduced the EWC values and prolonged the release of
the incorporated drug. It was found that the 3D-printing technique increased the EWC
and thus resulted in a rapid drug release profiles compared to the lenses prepared using
the solvent casting technique. However, there was still a sustained release of DEX from

the 3D-printed lenses until they were fully degraded.
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Chapter § 3D-printing of
GelIMA/PEGDA composite hydrogel
meshes as potential cell-carrier for
tissue regeneration.
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Abstract

Tissue engineering can be used for the regeneration and repair of damaged tissues or
replacing non-functional organs in order to avoid the limitations associated with organ
transplantation. The most common technique currently used in tissue engineering is
seeding cells and trophic factors into premanufactured scaffolds made from hydrogels.
Gelatine methacrylate (GelMA) is the most widely used hydrogel bioink for creating 3D-
printed scaffolds. After printing, GelMA is permanently crosslinked upon exposure to
light and the presence of a photoinitiator within the hydrogel matrix. However, it is
difficult to print complex scaffolds entirely out of GeIMA hydrogel due to its low Young’s
modulus values and relatively low printing fidelity. The aim of this chapter is to
incorporate polyethylene glycol diacrylate (PEGDA) within the GelMA hydrogel meshes
to enhance their mechanical properties and control their degradation profiles for tissue
regeneration purposes. Hydrogel meshes were 3D-printed and crosslinked using free
radical photo-polymerisation reaction by incorporating LAP as a photoinitiator and
curing under LED light (405 nm). The effect of PEGDA (0, 1 and 10%) on hydrogel mesh
properties including shape, crosslinking, equilibrium swelling ratio (ESR),
biodegradability and cell viability were evaluated. The incorporation of PEGDA enhanced
the mechanical properties of GelMA hydrogels, increased their degree of crosslinking
and significantly reduced the in vitro degradation rates. Moreover, in vitro cell culture
experiments using human corneal epithelial primary cells (HCEpC) showed high
adhesion, proliferation and viability over a period of 1 week in all the 3D-printed meshes.
This proved that PEGDA can be incorporated with GelMA or other hydrogel polymers as

a polymeric crosslinker without a negative effect on the viability of the seeded cells.
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5.1 Introduction

After confirming the feasibility of printing drug-eluting BCLs loaded with DEX, to reduce
the inflammation and promote natural regeneration of the cornea in mild-moderate
injuries, in the previous chapter. It is important to check the feasibility of seeding cells
on the printed hydrogel matrix and test the cell viability. The cell-loaded 3D-printed
hydrogel meshes can be as novel non-invasive technique to deliver HCEpC to the injured

cornea or in any tissue regeneration application.

Tissue degradation can occur in a wide range of diseases and injuries, which results in
organ dysfunction and thus failure. When this happens, organ transplantation can be
one of the treatment options; however, this is not always an option due to the high costs
and scarcity of the donated organs. Tissue engineering can solve this problem by helping
in the regeneration and repair of the damaged tissues or replacing the entire organ
(Hutson et al., 2011; Khademhosseini, Langer, Borenstein, & Vacanti, 2006). The most
common technique currently used in tissue engineering is seeding cells and trophic
factors into premanufactured scaffolds that are made from hydrogels (Hutson et al.,

2011; Slaughter, Khurshid, Fisher, Khademhosseini, & Peppas, 2009).

Hydrogels are networks of natural or synthetic polymers dispersed in water, and
therefore are hydrophilic in nature. Hydrogels are favourable due to their high-water
absorption capability, making them similar in nature and composition to the body’s
extracellular matrix (Sullad, Manjeshwar, & Aminabhavi, 2010). A wide range of natural
and synthetic polymeric hydrogels and their composites have been developed for tissue

regeneration purposes (Gerecht et al., 2007).

Hydrogels from protein origin have been widely used in tissue regeneration due to their
physical properties and high biocompatibility (Yue et al., 2015). Gelatine is a protein
produced by partial hydrolysis of collagen, which is the major protein component in skin,
bone, cartilage and connective tissues. Since gelatine is a denatured protein, it is known
for its high biocompatibility and low immunogenicity (B. Lee, Lum, Seow, Lim, & Tan,
2016). Moreover, gelatine contains numerous arginine-glycine-aspartic acid (RGD)
sequences that enable cell attachment; and a matrix metalloproteinase (MMP) target
sequence that enables cell remodelling (Yunxiao Liu & Chan-Park, 2010; Vandooren, Van
den Steen, & Opdenakker, 2013).
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At a temperature of ~45 °C, gelatine dissolves in aqueous solutions and is in a liquid state
(sol). However, it undergoes a physical crosslinking process upon cooling, causing
hydrogel gelation (gel). During the gelation process, the chains undergo a
conformational disorder-order transition to recover the triple-helix structure of collagen
(Bigi, Cojazzi, Panzavolta, Rubini, & Roveri, 2001). The process from sol to gel and back
to sol again (sol-gel-sol) is reversible and temperature dependant. However, at body
temperature (37 °C), gelatine is in the sol state, which limits its use for in-vivo

applications (Y. Wang et al., 2018).

Various crosslinking techniques, including physical or chemical reactions, have been
utilised to polymerise hydrogels for different biomedical applications (Y. Wang et al.,
2018). Usually, hydrogels that are used as cell carriers for tissue regeneration are
chemically crosslinked to help maintain their structure in biological fluids (Drury &
Mooney, 2003). To enhance the mechanical properties of gelatine hydrogels in aqueous
media, researchers have used chemical crosslinkers including glutaraldehyde (Bigi et al.,
2001), dialdehyde starch (DAS) (Mu et al., 2010), dialdehyde carboxymethylcellulose
(DCMC) (Mu, Guo, Li, Lin, & Li, 2012), genipin (Muzzarelli, 2009), and phenolic
compounds such as caffeic and tannic acids (X. Zhang et al., 2010). However, chemical
crosslinking agents are usually toxic and thus cannot be used in tissue engineering
applications as shown in Figure 5.1, which provides a non-toxic alternative for gelatine

crosslinking that is safe to use with cells (Y. Wang et al., 2018).

Since only less than 5% of the amino acid residues of gelatine are methacrylated in
GelMA, the resulting hydrogel still has most of the functional gelatine motifs useful for
cell attachment and remodelling (Van Den Bulcke et al., 2000). The stiffness of GelMA
hydrogels can be manipulated by controlling the concentration of GelMA, the amount
of photoinitiator and the crosslinking reaction time, which all contribute to the degree
of crosslinking of the hydrogel (Wei et al., 2015). Thus, GelMA is widely used as a bioink
in bioprinting applications, where it covalently crosslinks after printing upon exposure
to light and presence of a photoinitiator within the hydrogel matrix. A schematic figure
that shows the difference between physical gelation of gelatine and chemical gelation

of GelMA is presented in Figure 5.1.
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The use of PEGDA is common in tissue engineering applications since it is a
biocompatible, nonimmunogenic and photocrosslinakable polymer with robust
mechanical properties that can be easily modified (Guo & Chu, 2005); however, PEGDA
polymer has a slow hydrolytic degradation (Browning & Cosgriff-Hernandez, 2012;
Hockaday et al., 2012). Moreover, cells cannot directly attach to PEGDA since it is a
synthetic hydrogel with no bioactivity (Hutson et al., 2011). This problem can be solved
with the incorporation of bioactive polymers and peptides including gelatine, hyaluronic
acid and laminin (Ali, Saik, Gould, Dickinson, & West, 2013; Fu et al., 2012; Ouasti et al.,
2011; F. Yang et al., 2005).

Step 1: Reversible thermo-crosslinking of gelatin

AN

NN/

Figure 5.1. Difference between physical and chemical crosslinking of gelatine showing the
covalent bonds generated during the photopolymerisation reaction of GelMA. (Adapted from
(Yin et al., 2018)).

Various photoinitiators have been used in free radical hydrogel polymerisation
reactions, where each photoinitiator works best under a certain light wavelength. The
most commonly used photoinitiator for tissue engineering applications that works under
the UV range (365 nm) is 2-hydroxy-4’-(2-hydroxyethoxy)-2-methylpropiophenone,
which is known as Irgacure 2959. However, Irgacure 2595 has low water solubility and
requires prolonged exposure to UV light, which may cause DNA damage and impair
cellular functions of the cells present within the hydrogel polymer (Monteiro et al., 2018;
Williams, Malik, Kim, Manson, & Elisseeff, 2005). Therefore, a photoinitiator that works
in the visible light range is preferable when downstream applications involve living cells.
Lithium  phenyl-2,4,6-trimethylbenzoylphosphinate  (LAP) is a water-soluble

photoinitiator that works in the visible range (405 nm) and is used due to its
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cytocompatibility and effectiveness at low concentrations (Fairbanks, Schwartz,

Bowman, & Anseth, 2009).

The use of 3D-printing technology to generate 3D hydrogel scaffolds has been proven to
be more successful in cell culture. It has been demonstrated that cells behave differently
in a 3D environment compared to cells cultured in monolayers (2D), showing responses
more comparable to those in native tissues (Pampaloni, Reynaud, & Stelzer, 2007).
Therefore, 3D-bioprinting technology has been widely utilised in tissue engineering
applications (Murphy & Atala, 2014). Hydrogels are often employed as bioinks in the
bioprinting processes that are printed into complex scaffolds using 3D-printing
technology. Cells can either be incorporated within the hydrogel and thus the ink is

referred to as “bioink” or seeded onto the hydrogel scaffold after printing.

Currently, the most common method utilised in tissue engineering is expanding the
patients’ cells in culture media, which are then transferred to a pre-printed 3D hydrogel
scaffold. It is important that 3D-printed scaffolds achieve the functionality of the tissues
they are replacing, therefore they must be biocompatible, biodegradable and with
mechanical properties similar to the original tissues. It is worth mentioning that porous
engineered scaffolds have the ability to guide cell differentiation and assembly within
the 3D structure (Yin et al.,, 2018). Precise control of the internal structure of the
scaffolds can be achieved by 3D-printing techniques to represent the complexity of the
natural extracellular matrix and pores to accommodate cell attachment and growth of

the seeded cells (Colosi, Costantini, Barbetta, & Dentini, 2017; Pati et al., 2014).

Inkjet printing, laser-assisted printing, stereolithography and extrusion-based printing
are common bioprinting strategies used in tissue engineering. However, extrusion-
based printing has become the most widely used technique due to its simplicity, low
cost and compatibility with a wide range of bioinks (Sheth et al., 2016; Y. S. Zhang et al.,
2017). In extrusion-based 3D printing, which is the technique used in this work, the
polymer hydrogel is precisely extruded from a syringe via a nozzle of known internal
diameter and deposited in a layer-by-layer manner to print the desired structure. This
structure is pre-designed by computer software and thus this model is referred to as
computer-aided design (CAD). The cells are added to the 3D printed meshes after the

printing, curing and drying processes.
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Although hydrogels used in tissue engineering are required to have low polymer
concentrations, low stiffness and low crosslinking densities to allow for cell diffusion,
migration and proliferation (Seliktar, 2012), 3D-printing requires hydrogels to have high
viscosity and stiffness to allow for accurate extrusion, high shape fidelity during printing
and sufficient mechanical stability to maintain the complex shape of the crosslinked
hydrogel structure after printing (A. Ribeiro et al., 2017). Therefore, a promising
approach to overcome this challenge is to use hydrogel composites, where the functions
of cell encapsulation and mechanical support come from two different materials

(Melchels et al., 2016).

The aim of this chapter is to develop 3D-printed GelIMA/PEGDA composite hydrogel
meshes as a cell carrier for tissue regeneration purposes, with high printing fidelity,
adequate mechanical properties and controllable degradation profile. Hydrogel meshes
were prepared by free radical photo-polymerisation using blue visible light (405 nm) and
LAP as a photoinitiator. The effect of 3 PEGDA concentrations (0, 1 and 10%) on hydrogel
mesh properties including shape, crosslinking, equilibrium swelling ratio,
biodegradability and cell viability were evaluated. It is hypothesised that the
supplementation of GelMA hydrogels with PEGDA will create a photocrosslinakable
hydrogel composite with better mechanical and degradation properties suitable for

several tissue engineering applications.

5.2 Materials and methods

5.2.1 Materials

An Allevi2 double extruder 3D-bioprinter, printing needles, and lithium phenyl-2,4,6-
trimethylbenzoylphosphinate (LAP) were obtained from Allevi, Philadelphia, USA.
Polyethylene glycol diacrylate (PEGDA, M,700) and Phosphate Buffered Saline (PBS)
tablets 1.0M, pH 7.4 (25 °C) were from Sigma-Aldrich, New Zealand. Human corneal
epithelial primary cells (HCEpC) were provided by the New Zealand National Eye Bank,
Department of Ophthalmology, University of Auckland, New Zealand. All components of
culture media were from Gibco™, Thermofisher Scientific, New Zealand. All other

chemicals were of analytical grade.
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5.2.2 Hydrogel preparation

GelMA was prepared as stated in the Preparation and characterisation of GelMA

hydrogel section in chapter 4 (p. 66). To choose the best printable GelMA concentration

to be used in this study, 7, 8, 9 and 10% w/v GelMA hydrogels were prepared, printed

and characterised. Two concentrations of LAP, 0.3 and 0.5% w/v were used with 10%

GelMA to test the effect of the photoinitiator concentration on the crosslinking reaction.

Furthermore the curing intensity and time were varied for those hydrogel formulations

to determine the optimum curing conditions of the hydrogel meshes. Table 5.1 lists the

various hydrogel compositions prepared and the crosslinking parameters applied to

choose the optimum amount of photoinitiator and curing conditions for the 3D-printed

hydrogel meshes.

Table 5.1. Composition of GelMA hydrogels for the crosslinking test.

GelMA LAP Curing intensity Curing time
(% w/v) (% w/v) (mW/cm?) (s)
10 0.3 13 &15 120, 150 & 180

10 05 7,8,10,12,13,14& 15 120, 150 & 180

9 0.5 7,8,10,12 & 13 120 & 150

8 0.5 13 150

7 0.5 13 150

After determining the optimum crosslinking parameters, PEGDA was incorporated with

8% GelMA and 0.5% LAP in a concentration of either 0, 1 or 10% w/v as shown in Table

5.2 and the printed hydrogels were characterised and viability studies were performed

as outlined below.

Table 5.2. Composition of GelMA/PEGDA hydrogel composites.

Formulation GelMA (% w/v) LAP (% w/v) PEGDA (% w/v)
symbol

PO 8 0.5 0
P1 8 0.5 1
P10 8 0.5 10
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To prepare the hydrogels, LAP was first dissolved in PBS using a magnetic stirrer at 60
°C. Then GelMA was added to the solution and mixed at the same temperature for
around 20 min until fully dissolved. In the case of P1 and P10 formulations, PEGDA was
added to the warm GelMA solution and mixed well. The hydrogel mixture was then
transferred to a 10 ml Luer lock syringe, the black plunger was inserted, then the
contents of the syringe were inverted and pushed to get rid of the excess air. The whole
syringe was wrapped with aluminium foil and inserted in a beaker full of ice for 8 min to
enhance the physical gelation of GelMA, then left at room temperature overnight until

the printing process.

5.2.3 Preparation of the 3D-printed meshes

A square mesh design with crossing vertical and horizontal lines was created using
SolidWorks CAD. The dimensions of the square were set to be 10 + 0.5 mm in diameter,
with a 0.5 mm gap between the lines. A detailed description of the printing process is

found under “Preparation using the 3D-printing method” section in chapter 4 (p. 69).

Various crosslinking parameters were used to cure the printed hydrogel meshes in this
work using the blue light (405 nm) lamp present in the Allevi2 bioprinter from a height
distance of 10 mm. The intensity of the lamp varied between 7 and 15 mW/cm? and the

curing time tested was either 120, 150 or 180 s.

The 3D printed meshes of 10% GelMA, 0.5% LAP cured for 150 s at 13 mW/cm2 were
either freeze-dried or vacuum dried while still on the slide. In the freeze-drying
technique, the printed cured meshes were kept in the freezer under -18 °C overnight
then put in a freeze dryer for 24 h. In the vacuum-drying technique, the printed cured

meshes were kept at room temperature in a vacuum oven for 24 h.

5.2.4 Characterisation of the printed meshes

Visual and microscopic examination

Visual examination and camera images of the syringe carrying the prepared hydrogel
(ink) prior to the printing process were performed. Images of the extruded ink filament
at the used printing pressure were taken to show the consistency of the filament. Images

of the hydrogel mesh printed on a glass slide were taken just after printing against a
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ruler to show the printed mesh size. The glass slide was covered with plastic tape to

prevent adhesion of the hydrogel to the slide and aid the removal after drying.

After vacuum drying of the printed meshes, they were imaged using a camera, an optical
microscope and a scanning electron microscope (SEM). The optical images were
captured using a digital microscope (Leica ICC50HD-DM750, New Zealand) to show the
diameter of the printed lines and the pore size of the meshes. Measurements were

taken from three different places for each mesh for three printed meshes.

After drying, meshes were soaked for 24 h in 3 ml PBS, then removed and kept at -4 °C
for 24 h then placed in a freeze drier (Martin Christ, Alpha2-4 LDplus, John Morris Group,
New Zealand) for 48 h before SEM imaging to view the internal structure of the wetted

meshes.

Figure 5.2. SEM (A), vacuum-dried meshes after printing (B) and freeze dried meshes after
swelling (C) ready to be imaged by the SEM.

Prior to SEM imaging, all meshes were placed on metallic stubs and coated with
platinum under vacuum for 20 s using an ion sputter coater (Hitachi E-1045, UK) for
visualisation. The images were scanned using a Schottky field emission SEM (Hitachi SU-
70, UK) under a working voltage of 5 kV. Three meshes were imaged for each hydrogel
composition. Figure 5.2 shows the SEM imaging microscope used to view the dried

meshes and the mounted meshes after sputtering ready to be imaged.
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Degree of crosslinking

The printed, cured meshes were dried in a vacuum oven for 48 h, and the dry weight of
each sample (wl) was recorded using a 5 decimal place balance. The meshes were then
immersed in 3 ml PBS solution at 37 °C. After 24 h, the meshes were removed from the
PBS solution and dried in a vacuum oven for 48 h. The weight of the dry meshes (w2)
was recorded. The sol fraction is the amount of hydrogel that was not crosslinked and
thus dissolved in PBS. It can be calculated using the following equation (Bukhari et al.,

2015; Ranjha & Qureshi, 2014).

(wl—w2) o

Sol fraction (%) = 1

100

In this work, data from crosslinking test of 10% GelMA hydrogels that were cured using
various crosslinking intensities of 7, 8, 10, 12, 13, 14 or 15 mW/cm? and different curing
times of 120, 150 or 180 s were used to determine the optimum crosslinking parameters.
Table 5.1 above shows the hydrogel formulations prepared and the curing parameters
used for each composition. At least three meshes were tested under each crosslinking
parameter. To determine the optimum photoinitiator concentration for crosslinking of
GelMA hydrogels, the sol fraction of 10% GelMA hydrogels was compared with either
0.3 or 0.5% LAP cured at 13 or 15 mW/cm? for either 120, 150 or 180 s as illustrated in

Table 5.1. above. This test was done in triplicates.

To determine the effect of GeIMA concentration and curing parameters (intensity and
time) on the crosslinking of the hydrogel meshes, 9 and 10% GelMA hydrogels were
printed and cured under 13 or 15 mW/cm? for either 120, 150 or 180 s. Then, four
concentrations of GelMA (7, 8, 9 and 10%) were cured at 13 mW/cm? for 150 s and their
sol fractions were compared to choose the most suitable GeIMA concentration for
printing, this test was done on triplicates. Table 5.1 above shows the hydrogel

formulations prepared and the curing parameters used for each composition.

Furthermore, to compare the effect of PEGDA on 8%GelMA hydrogels, the sol fraction
of all hydrogel compositions prepared in Table 5.2 above were compared. Three meshes

were used from each composition.
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Swelling studies

The swelling ratio was determined gravimetrically using a sensitive balance, where the
weights of three meshes (DW) were obtained after drying in a vacuum oven for at least
48 h. Those meshes were placed in 3 ml of PBS at room temperature and removed after
1, 2, 3, 4 and 24 h, blotted gently with tissue papers and then weighed to record the
swollen weight (SW) and the swelling ratio was calculated using the following equation.
A graph of the swelling ratio against time was plotted for 10% GelMA meshes to
determine the equilibrium swelling ratio (ESR). For all other formulations, the ESR at 24

h were calculated and compared (Hoch et al., 2012; Noshadi et al., 2017; Yin et al., 2018).

(SW—DW)

1
DW 00

Swelling ratio (%) =

In vitro degradation

To test the in-vitro degradation profile of the cured meshes, 12 meshes of each
formulation were dried in a vacuum oven at room temperature for 48 h and their
weights were recorded (W1). Then the meshes were immersed in 3 ml of PBS in plastic
well plate dishes and kept in an incubation room at temperature 36 £ 1 °C. At days 1, 2,
3,4,5, 6,7 and 14, three meshes of each formulation were carefully removed from the
PBS solution and dried in a vacuum oven at room temperature for 48 h and then
reweighed (W2). The percentage weight remaining at each time point is referred to as
the gel fraction (%) and was calculated using the following equation (Bukhari et al., 2015;

Y. Wang et al., 2018).

_ w2
Gel fraction (%) = Wi X 100

Cell viability

In all cell viability experiments, the printed and cured meshes were dried in a vacuum
oven for 48 h at room temperature. Before seeding the cells, the dried meshes were
individually placed in the wells of a 12-well plate and put under UV light in a fume hood
for 30 min to be sterilised. Table 5.3 shows the composition of GelMA hydrogel meshes

tested for cell viability.
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Table 5.3. Composition of GelIMA hydrogel meshes tested for cell viability cured for 150
s under light intensity of 13 mW/cm? using 405 nm lamp.

GelMA% (w/w) LAP% (w/w) PEGDA % (w/w)
10 0.3 0

10 0.5 0

7 0.5 0

8 0.5 0

8 0.5 1

8 0.5 10

HCEpC extracted from human donor tissue, were used in this experiment. A cell
suspension of 1x10° cells per millilitre of cell culture was prepared. The meshes were
sterilised under UV light for 30 min prior to use, then 100 pl of the previously mentioned
cell suspension was pipetted onto the mesh and left for 15 min to settle before adding

500 pl of culture media and incubated for 1 week.

The culture media was prepared as a 1:9 ratio of 10% Foetal Calf Serum (FCS): MEM,
GlutaMAX™ Supplement, then 1% of Antibiotic-Antimycotic (100) was added. Fresh
culture medium was added on day 1 and the medium was replaced every other day. On
day 2, the meshes were removed and placed in a clean plate with fresh culture media.
After 7 days, the cells were stained using Invitrogen LIVE/DEAD® Viability/Cytotoxicity
solution for mammalian cells (Thermo Fisher Scientific) that was prepared from the

purchased kit according to the manufacturer’s instructions.

Meshes were removed from the culture media and washed with PBS before staining. A
volume equal to 100 pl of the LIVE/DEAD prepared solution was added to the hydrogel
meshes and left for 20 to 40 min at room temperature. Meshes were then washed with
PBS for 15 min, then removed and mounted on glass slides for imaging under a
fluorescence microscope using an excitation/emission wavelength of r ~ 495
nm/~515nm for calcein AM and ex/em~ 495 nm/~635 nm for EthD-1. The resultant
images were used to visualise the proportion of live to dead cells after 7 days of

incubation.
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Statistical analysis
Data were subjected to one-way analysis of variance (ANOVA) using Microsoft 365 Excel.
Post hoc multiple comparisons were determined by the Tukey’s test with the levels of

significance set at P < 0.05. All data were presented as means + SD.

5.3 Results and Discussion

5.3.1 Preparation of the 3D-printed meshes

During the printing process, the printing parameters were set using Slice3r software to
adjust the layer height, printing speed and the nozzle diameter. The layer height is the
distance travelled upwards by the nozzle at the end of each printed layer, for it to be in
the correct position ready to print the following layer on top of the previous printed one.
The layer height depends mainly on the internal diameter of the needle used since this
will in-turn control the thickness of the extruded filament and thus the height of the

printed layer.

The speed is the distance travelled by the nozzle in mm/s while the hydrogel is extruded
during the printing process of each layer. Setting the appropriate printing speed is
critical to obtain a high-resolution print. Lower speed will cause thicker lines and smaller
pore sizes, while higher speed will cause incomplete printed lines since the contact time
between the extruded filament and the slide or the previously printed layer is not

sufficient for adhesion to occur.

Various printing trials were performed using the Allevi bioprinter to optimise the
printing parameters and obtain a high-resolution print. Table 5.4 is an example of some
of the printing trials performed for 10% GelMA hydrogel meshes. In those printing trials,
various needle sizes, extrusion pressures and printing speeds were tested until a good

printed structure was reproducible.

The gauge number indicates the inner diameter of the printing needle, were higher gauge
numbers represents needles with a smaller inner diameter (ID). Example of printing needles with
various sizes are shown in

. Choosing a suitable needle for each print depends on the resolution required and the
viscosity of the hydrogel. Needles with smaller ID are usually required in high resolution
printed objects. However, the diameter is restricted to the viscosity of the hydrogel

extruded through that needle.
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Gauge 30 27 25
ID 0.22 0.33 0.45

Shape

Figure 5.3.30 G, 27 G and 25 G needle sizes used in the printing of the hydrogel meshes.

The 30 G pink-coloured base needle with a metal tapered nozzle of ID=0.16 gave the
highest resolution print, however, it was not used for further printing because of
frequent blockage of the needle during the printing in case of all tested hydrogel
compositions. Therefore, the next available size up, which was the transparent plastic

tapered needle with size 27 G and an inner diameter of 0.21 mm, was used.

Table 5.4. Variation of printing parameters to obtain the best print for 10% GelMA

Print No. Needle Pressure  Speed Comments
size (G) (PSI) (mm/s)

1 30 25 2 Thick lines, very small distance
between lines and no visible pores

2 30 25 3 Good print, defined lines and pores,
but needle blocks often

3 30 25 4 Quick speed, printed lines are not
continuous

4 30 21 2 The pressure is not sufficient for

continuous flow, 1% part not printed

5 30 32 6 Very high pressure, thick printed
structure with no pores

6 27 25 3 High pressure since the nozzle is
wider than 30 G

7 27 16 3 Good pressure, but the slow speed
formed thick printed lines and thus
low resolution

8 27 15 4 Best print
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Various printing speeds were tested to determine the required speed that would
produce a high-resolution print. The optimum speed depends on the rheological
properties of the hydrogel and whether the extruded filament is continuous or not.
Hydrogels with high shear-thinning properties and continuous extruded filaments
usually require higher printing speeds. However, very high speed might cause gaps in

the printed structure and incomplete printed lines as shown in Figure 5.4.
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Figure 5.4. Effect of printing speed on the printed mesh of 10% GelMA using 27 G needle and
pressure of 12 PSI. The ruler is in mm increments.

Since all the GelMA hydrogel compositions in this work were printed using 27 G needles,
the nozzle diameter was adjusted to 0.21 mm in Slic3r software settings before slicing
the stl uploaded file. The pressure applied on the hydrogel to extrude the filament
should be adjusted before printing. For setting the pressure, it is customary to start with
low pressure and gradually increase the pressure until a continuous filament is
produced. The pressure required to obtain a continuous filament depends on the
viscosity of the material and the diameter of the nozzle. For the same material, higher
pressure is required to extrude the filament from nozzles with a smaller inner diameter

(ID) compared to the bigger ID ones.

Printing trials of various GelMA concentrations (7, 8, 9 and 10%) were performed to
determine the most appropriate printing concentration. The sample with 7% GelMA had
a printable viscosity at room temperature, however, the printed filament did not retain
its shape after printing due to the low density of the GelMA solution. Moreover, the
physical gelation rates of low concentrated 7% GelMA hydrogels are known to be too
slow to maintain high structural integrity (Yin et al., 2018), which resulted in the

spreading of the printed lines and thus low precision of the printed structure.
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In the case of 9 and 10% GelMA, maintaining a continuous extruded filament was hard
due to the high density of the inks. This led to some unprinted parts within the lines as
shown in the middle image of Figure 5.4 that was printed using a 30 G needle, at a
pressure of 25 PSl and 3 mm/s. The best continuous filament that gave high-resolution
print was obtained using 8% GelMA hydrogel, therefore this concentration was used for
comparing the effect of the incorporation of PEGDA to the GelMA within the hydrogel

composition.

Due to the high molecular weight of PEGDA, it had a positive effect on the rheological
properties of the hydrogel. As the concentration of PEGDA increased, the pressure
required to extrude the filament from the same nozzle (27 G) increased. Moreover, the
filaments of 8% GelMA with 1 and 10% PEGDA (P1 and P10) were not as continuous as
the one with no PEGDA (PO0), so a lower printing speed of 2 mm/s was required to
achieve continuous printing lines, compared to a printing speed of 3 mm/s in case of
8%GelMA (PO) where there was no PEGDA present. The variation in the printing
parameters due to the incorporation of 1 and 10% PEGDA into the 8% GelMA hydrogel

is shown in Table 5.5.

Table 5.5. Printing parameters for 8% GelMA hydrogel meshes with/without PEGDA.

8%GelMA (P0) 8%GelMA 8%GelMA

+1%PEGDA (P1)  +10%PEGDA (P10)

Needle (G) 27 27 27
Pressure (PSl) 12 12.4 13.1
Speed (mm/s) 3 2 2

5.3.2 Characterisation of the printed meshes

Visual and microscopic examination

The colour of the cooled hydrogels (PO, P1 and P10, Table 2) was compared as shown in
Figure 5.5. The incorporation of PEGDA to 8% GelMA in P1 and P10, led to the formation
of a clear hydrogel upon cooling, compared to the slight yellowish colour of the 8%

GelMA (PO0), this might be contributed to the transparent colour of PEGDA.

Upon extrusion of the three hydrogel formulations (PO, P1 and P10) from the 27 G

needle, there was a consistent flow of filament at pressures of 12, 12.4 and 13.1 PSI for
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hydrogel formulations PO, P1 and P10, respectively as shown in Figure 5.5. Therefore,
those pressure values were chosen to extrude the filament of each hydrogel

composition during printing.

The printed meshes of all the three hydrogel formulations had a high-resolution print at
speeds of 3, 2 and 2 mm/s for hydrogel formulations PO, P1 and P10, respectively. The
printed meshes are shown at the lower images of Figure 5.5. It was noted that the
incorporation of PEGDA in hydrogels P1 and P10 required a lower speed of 2 mm/s
compared to the speed of 3 mm/s used in printing PO. Due to the high viscosity of
PEGDA, the filaments of P1 and P10 were not extruded as quick as the PO filament, which
required slowing down the movement of the printing nozzle to obtain a uniform print.

The effect of the printing speed on the printed structure is illustrated in Figure 5.4 above.
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Figure 5.5. Image of the cooled hydrogel in the syringe prior to printing (top), the extruded
filament from the nozzle to determine the appropriate pressure (middle) and printed mesh
(bottom). Images show the formulations PO (A), P1 (B) and P10 (C). The ruler is in mm
increments.

Visual and physical inspection of the printed and cured 10% GelMA hydrogel meshes
after freeze-drying and vacuum drying showed that the freeze-dried meshes were too
fragile and hard to handle, while the vacuum dried meshes were able to withstand

handling and semi-folding as shown in Figure 5.6.
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Figure 5.6. Effect of drying technique on 10% GelMA hydrogel meshes. Fragile freeze-dried
meshes (A), and easy to handle vacuum-dried meshes (B).

The microscopic images of the printed meshes of hydrogel formulations PO, P1 and P10
illustrated the effect of PEGDA incorporation in the hydrogel composition. In Figure
5.7(A), the image of the printed formulation PO shows smooth printed lines of 0.16 *
0.05 mm in diameter and consistent pore sizes of 0.5 + 0.1 mm in diameter, which
indicated that the 8% GelMA hydrogel composition had high printing resolution under

the used pressure and speed.

The incorporation of 1% PEGDA in formulation P1 led to less smooth printed lines of 0.23
+ 0.11 mm in diameter and smaller pores, of 0.4 + 0.09 mm in diameter, compared to
PO as shown in Figure 5.7(B). This might be contributed to the slower speed of 2 mm/s
used during printing. Moreover, the incorporation of 10% PEGDA in the GelMA hydrogel
composition led to thicker lines of a diameter of 0.33 £ 0.15 mm and smaller pores of
0.33 £ 0.14 mm in diameter. This might be contributed to the higher viscosity of PEGDA

and the lower printing speed, which resulted in printed thicker lines.

After vacuum drying, the meshes of PO and P1 looked almost the same as before drying
as shown in Figure 5.7(A) and (B), however, meshes of P10 had a considerable shrinkage
due to the high content of PEGDA, which behaved like a high concentration crosslinker
in the hydrogel formulation. This shrinkage was further confirmed by the dimensions of
the vacuum-dried P10 meshes under the microscope, where the line diameter was 0.15
+ 0.08 mm and the pore diameter was 0.29 + 0.12 mm. On the other hand, the
dimensions of the printed lines and the pore size of PO and P1 hydrogel meshes after

drying were almost the same as before drying.
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0.5 mm

Figure 5.7. Microscopic images of the printed hydrogel meshes imaged immediately after
printing (left) and microscopic image of vacuum-dried hydrogel meshes (right) of PO (A), P1 (B)
and P10 (C), scale bar =0.5 mm.

The 10% GelMA, 0.5% LAP hydrogel meshes were viewed under the SEM to show the
effect of the drying technique on the mesh structure. Figure 5.8(A) shows the line
diameter of vacuum-dried printed 10% GelMA hydrogel meshes to be 0.34 + 0 .12 mm
and pore size of 0.37 £ 0.19 mm, while the line diameter of the freeze-dried meshes that
retained their printed structure was 0.25 + 0.11 mm as shown in Figure 5.8(B).
Moreover, the pore sizes of the freeze-dried meshes were considerably smaller

compared to the vacuum dried meshes with a pore size of 0.14 + 0.05 mm.
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Figure 5.8. SEM images of printed 10% GelMA meshes. Images showing vacuum dried mesh (A),
freeze-dried mesh (B), freeze-dried mesh after swelling of previously vacuum dried meshes (C)
and freeze-dried mesh after swelling of previously freeze-dried meshes (D).

Both vacuum-dried and freeze-dried meshes were immersed in PBS for 24 h until
equilibrium swelling, then they were carefully removed and freeze-dried to maintain the
swollen structure of the meshes before imaging by SEM. Figure 5.8(C) and (D) show that
the pores generated after swelling of the vacuum-dried swollen meshes were smaller
but the structure is more intact than the previously freeze-dried ones. Since freeze-
drying produced fragile hard to handle meshes, vacuum drying technique was used in

this work to produce a mesh that can stay intact during handling.

Furthermore, SEM was used to characterise the structure of vacuum-dried PO, P1 and
P10 8% GelMA hydrogel meshes before swelling and the freeze dried structure after
swelling in PBS to determine the effect of hydration on the mesh structure as shown in
Figure 5.9. There were no obvious pores in the hydrated PO meshes, while a porous
structure was shown in P1 and P10 hydrated meshes were PEGDA was incorporated.
There was no significant difference in the shape or dimensions between PO and P1
meshes before and after swelling. On the other hand, the SEM images confirmed the
shrunk mesh structure of the vacuum-dried P10 hydrogel meshes that was previously

observed in the microscopic images.
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Figure 5.9. SEM images of 3D-printed 8% GelMA meshes after vacuum drying (left) and after
freeze drying of the swollen meshes (right) of 8% GelMA (A), 8% GelMA+1% PEGDA (B) and 8%
GelMA + 10% PEGDA (C). Smaller images on the top right represent their camera images.

Degree of crosslinking

Despite the ability of the gelatine hydrogel meshes to retain their structure after printing
due to temporary physical gelation, this structure can be easily be smudged or dissolved
in water. Therefore, a permanent crosslinking process is essential to polymerise the
printed hydrogel. In this work, a photopolymerisation crosslinking reaction is performed
where light is used to initiate a free radical reaction using LAP photoinitiator. This free
radical leads to a series of polymerisation reactions within the hydrogel monomers
(propagation step) that end after all the monomers are polymerized. Furthermore, the
degree of crosslinking affects the physical state, elasticity and swelling properties of the

hydrogel (Bukhari et al., 2015; Caykara & Turan, 2006). Therefore, a crosslinking test is
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performed to determine the necessary crosslinking time and, if necessary, the

photoinitiator concentration.

Photopolymerisation of GeIMA hydrogels produces an irreversible covalently bonded
network structure with higher thermal and mechanical stability than physically
crosslinked gelatine (Hoch et al., 2012; Yin et al., 2018). The degree of crosslinking of
photopolymerised hydrogels depends on the amount of the photoinitiator, the
concentration of the hydrogel and the crosslinking parameters, such as curing time and
intensity. To determine the crosslinking parameters required to crosslink GelMA
hydrogels, we used 10% GelMA, since this is the maximum concentration of hydrogel

that is used in all the printed hydrogel formulations, and 0.5% LAP as a photoinitiator.

35 =
30
25 —*— O7mW/cm?2
g O8mW/cm2
.E’ 20 - — { ‘I‘ B 10mW/cm2
E 15 _ ) M 12mW/cm?2
?s E ? ¥ B13mW/cm2
10 E ? E ; g 14mW/cm?2
. — ? — ﬁ ﬁ W 15mW/cm2
=7 = 2
= = Z
O Ll ’ —

120 150 180

Curing time (s)

Figure 5.10. The effect of crosslinking parameters on the sol fraction of 10% GelMA, 0.5% LAP
hydrogel meshes after 24 h in PBS at 37 °C. *Statistically significant at p < 0.05; n = 3; mean + SD.

The lower the sol fraction, the more the sample has crosslinked. A sol fraction of 100%
correlates to a sample that has not crosslinked at all, while a sol fraction of 0% correlates
to a sample that has completely crosslinked. The sol fraction remaining from the
crosslinked hydrogels after soaking in PBS for 24 h is presented in Figure 5.10. At each
time point of either 120, 150 or 180 s, the sol fraction decreased with increasing the light
intensity, which indicates better crosslinking, however, the highest intensity of

15mW/cm? had a negative effect on the crosslinking of hydrogels. This might be because
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this intensity was too strong and affected the internal structure of the crosslinked
hydrogel. This might be explained by the type of reactions that can happen in a polymer
as an effect of light application. Higher light intensities and/or prolonged exposure can
result in bond breaking reaction instead of bond forming reaction, which might have

happened in case of 15mW/cm? intensity resulting in a higher sol fraction (Chatani et

al., 2014).

In regard to the curing time, hydrogels that were cured for 150 s had the highest degree
of crosslinking, followed by 180 s and then 120 s. This might be because the extra
exposure time of 180 s to the light causes degradation of part of the polymer chains,
and thus reduces the crosslinking density. It was also noted that curing the hydrogels for
150 s gave almost the same degree of crosslinking over a wider range of light intensities,

which indicated that this was the most suitable time for curing of the hydrogels.

00.3% LAP, 13 mW/cm?2
B0.3% LAP, 15mW/cm2
W 0.5% LAP, 13 mW/cm2
M 0.5% LAP, 15mW/cm2

Sol fraction (%)
=
(03]

150

Curing time (s)

Figure 5.11. The effect of LAP concentration on the sol fraction of 10% GelMA hydrogels cured
at 13 or 15 mW/cm? for either 120, 150 or 180 sec. *Statistically significant at p < 0.05; n = 3;
mean £ SD.

In regards to the crosslinking test that was performed to compare the 0.3 and 0.5%
photoinitiator (LAP) concentration in the hydrogel showed that at light intensity of 13
mW/cm?, there was a significant difference between the degree of crosslinking of 0.3
and 0.5% hydrogels at all time intervals, with better crosslinking at the 0.5% LAP

concentration as shown in Figure 5.11.
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In general, the highest degree of crosslinking of 10% GelMA hydrogels was achieved with
0.5% LAP concentration under a light intensity of 13 mW/cm? with no significant
difference between the three tested time intervals. This shows that 0.3% LAP

concentration is insufficient to fully crosslink the 10% concentration of GelMA

hydrogels.
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Figure 5.12 The effect of GelMA concentration (9 and 10%) and 0.5% LAP on the sol fraction of
the hydrogel meshes cured under various intensities for 120 s (A) and 150 s (B). *Statistically
significant at p < 0.05; n = 3; mean + SD.
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To show the effect of the same crosslinking parameters and photoinitiator
concentration on different concentrations of GelMA; 9 and 10% GelMA hydrogels were
compared with the results of the crosslinking test as illustrated in Figure 5.12. The 9%
GelMA hydrogels had a better degree of crosslinking compared to 10% GelMA under all
the crosslinking parameters tested. Moreover, there was no significant difference
between the sol fractions of 9% GelMA hydrogel at all the tested light intensities and
times. This indicates that the 9% GelMA was fully crosslinked after exposing for 120 s
under 7 mW/cm?, and any further increase in intensity or time did not add to the degree

of crosslinking.

However, the 10% GelMA hydrogels required higher curing intensities of more than 10
mW/cm? and a minimum of 150 s to fully reach the same degree of crosslinking of the
9% GelMA hydrogels. This was further confirmed when 8 and 9% GelMA hydrogels were
crosslinked under 13 mW/cm? for 150 s, with a better degree of crosslinking for

8%GelMA hydrogels as shown in Figure 5.13.
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Figure 5.13. The effect of GelMA concentration (7, 8,9 and 10%) and 0.5% LAP on the sol fraction
of the hydrogel meshes cured under 13 mW/cm? for 150 s. *Statistically significant at p < 0.05;
n =3; mean = SD.

On the other hand, 7% GelMA had a higher sol fraction (%) than 8% GelMA, which might
be due to the very low concentration of GelIMA and thus there are less methacrylated
groups available in the crosslinking reaction. With those results in mind, the 8% GelMA,
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0.5% LAP hydrogel composition was chosen to be used in further hydrogel comparisons

involving incorporation of PEGDA.

PEGDA is a hydrophilic hydrogel that gels rapidly at room temperature in the presence
of a photoinitiator and UV or visible light due to the formation of a crosslinked polymer
network as shown in Figure 5.14. Therefore, it is expected that their incorporation with
8% GelMA will lead to the formation of a composite hydrogel that has a more crosslinked

polymer network compared to pure GelMA hydrogels (PO).
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Figure 5.14. The photo-polymerisation reaction of PEGDA (Adapted from (Tan et al., 2012)).
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Figure 5.15. The effect of PEGDA concentration on the sol fraction of 8% GelMA hydrogel meshes
cured under 13 mW/cm?for 150 s. *Statistically significant at p < 0.05; n = 3; mean * SD.

The incorporation of 1% PEGDA to 8% GelMA hydrogel led to a reduction in the sol
fraction from 9.07 £ 0.9 to 7.8 £ 1.0%, while the incorporation of 10% PEGDA had a sol
fraction of only 4.9 + 0.7% as shown in Figure 5.15. This was as a result of the high degree
of crosslinking due to the incorporation of PEGDA in the polymer network.
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Swelling studies

The swelling ratio is the amount of water absorbed by a hydrogel compared to its dry
weight. It is dependent on the mesh size of the polymer network, the degree of
crosslinking in the network and the polymer-solvent interaction (Hoch et al., 2012). The
ESR is the maximum water uptake taken by the hydrogel. It was found that 10% GelMA
hydrogels reached ESR between 3-4 h and maintained this ratio for more than 24 h as
illustrated in Figure 5.17. Therefore, the ESR of the hydrogel compositions was
calculated at 24 h in PBS. The wetted swollen hydrogel meshes were transparent and

had good adhesion to the skin as shown in Figure 5.16.

Figure 5.16. Wet 10% GelMA hydrogel mesh at equilibrium swelling placed on the skin.
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Figure 5.17. The swelling ratio of 10% GelMA dry hydrogel meshes within 24 h in PBS. n = 3;
mean * SD.

Curing the 10% GelMA hydrogel printed meshes under various light intensities and for
different time intervals resulted in different crosslinking degrees of the GelMA, higher
degrees of crosslinking means more of the gelatine is crosslinked and thus not degraded
in the first 24 h. The higher the gelatine content in the hydrogel, the higher the ESR since
the swelling ratio generally reflects the high capability of gelatine to take up and hold
water (Hoch et al., 2012). Therefore, it was found that the hydrogels that had the lowest
sol fraction in Figure 5.10, had the highest ESR% in Figure 5.18.
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Figure 5.18. The effect of crosslinking intensities of 7, 8, 10, 12, 13, 14 and 14 mW/cm? on the
ESR of the 10% GelMA dry hydrogel meshes in PBS after 24 h. *Statistically significant at p <0.05;
n = 3; mean * SD.

All hydrogels have a certain degree of swelling that affects their mechanical and
functional properties. Therefore, the ESR is an essential factor to be considered in all
hydrogels used for tissue engineering applications (Y. Wang et al., 2018). At lower
degrees of swelling, the hydrogel polymer chains are closer to each other and the
density of the entire hydrogel network is high. This enhances the interaction between
the polymer chains, which forms a hydrogel with high mechanical properties. On the
other hand, the high degree of swelling dilutes the hydrogel network and weakens the
Van der Waals forces, which reduces of the tensile strength of hydrogels (Jing Jing Wang

& Liu, 2012).
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Figure 5.19. The effect of PEGDA concentration on the ESR after 24 h of 8% GelMA dry hydrogel
meshes. *Statistically significant at p < 0.05; n = 3; mean £ SD.

In this study, the ESR of PO, P1 and P10 hydrogel meshes were 714.2 + 36, 559.4 + 19
and 290.9 + 18, respectively. The swelling ratio of the hydrogel decreased significantly
with the increase in the amount of PEGDA incorporated. The presence of PEGDA
increased the degree of crosslinking, which led to a lower swelling ratio and improved
the stiffness of the hydrogel meshes which was clearly obvious with the easy handling
of the meshes without being broken compared to the PEGDA free hydrogel meshes (Y.
Wang et al.,, 2018). This was in accordance with another study that showed that
crosslinker concentration increases the crosslinking density and thus reduces the

swelling ratio (Noshadi et al., 2017).

In vitro degradation

Hydrogels used in tissue engineering should meet specific requirements to promote the
generation of new tissues. They should mimic the extracellular matrix, promote
proliferation and differentiation of the desired cells and should be biodegradable to
allow cell remodelling. Therefore, it is crucial to develop hydrogels with tuneable

mechanical and biological properties to meet those requirements (Hutson et al., 2011).

GelMA hydrogel meshes have a degradation profile in vitro and in vivo depending on the

concentration of GelMA and the photoinitiator and the crosslinking parameters applied

118



on the printed structure. On the other hand, PEGDA is not biodegradable therefore the
incorporation of PEGDA to GelMA is suspected to affect the degradation profile of the
printed meshes. The effect of the change in GelIMA concentration on the degradation
profile of the printed meshes were studied. The degradation profiles of 8 and 10%
GelMA hydrogels with 0.5%LAP and cured at 13 mW/cm? for 150 s were compared.
Moreover, the effect of incorporation of 1 (P1) and 10% (P10) PEGDA to 8% GelMA
hydrogel using 0.5%LAP and cured at 13 mW/cm?for 150 s were evaluated.

GelMA hydrogels had an initial slow degradation rate where 50% of the matrix degraded
within the first 4 days, followed by quick degradation of the rest of the matrix in the last
day. There was no significant difference between the degradation profile of 8 and 10%

GelMA as shown in Figure 5.20.
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Figure 5.20. Degradation profiles of 8 and 10% GelMA hydrogel meshes in PBS at 37 °C. n = 3;
mean * SD.

When PEGDA was incorporated within the hydrogel network of GelMA, they influenced
the degradation profile of pure 10% GelMA (P0O) as shown in Figure 5.21. The hydrogel
(P1) degraded in 6 days instead of 5 days in the case of (PO) hydrogel, with no significant
difference in the gel fraction of the first 4 days were 50% of the hydrogel was degraded.
However, the remaining 50% degraded in the last 2 days in case of P1 instead of 1 day
in case of PO. On the other hand, the presence of a higher concentration of PEGDA in

the hydrogel matrix in case of (P10) hydrogels, enhanced the crosslinking of the polymer
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network resulting in a more compact structure and significantly prolonged the

degradation rate of the hydrogel mesh to more than 2 weeks.

Thus, the incorporation of PEGDA led to a higher degree of crosslinking and thus longer
degradation time in vitro, which overcame the short comes of pure GelMA hydrogels.
This was in coherence with another study, where the degradation rate decreased in
formulations with a higher degree of methacrylation in GelMA hydrogels due to the
formation of a higher crosslinked polymer network (Nguyen, McKinney, Miller,

Bongiorno, & McDevitt, 2015).
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Figure 5.21. The effect of PEGDA concentration on the degradation profiles of 10% GelMA
hydrogel meshes in PBS at 37 °C. n = 3; mean % SD.

Cell viability

The effect of the hydrogel mesh composition on the viability and growth of the
encapsulated cells was examined to determine the feasibility of using these composite
hydrogels in tissue engineering applications. The distribution of viable cells within the
printed hydrogel meshes was also investigated since this is an essential factor for 3D-

printed scaffolds (J. Park et al., 2017).

Live cells are distinguished from dead cells by the presence of abundant intracellular
esterase activity, determined by the enzymatic conversion of the virtually

nonfluorescent cell-permeant calcein AM (present in the dye used) to the intensely
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fluorescent calcein, which is well retained within live cells, producing an intense uniform
green fluorescence (ex/em ~495 nm/~515 nm). On the other hand, the used EthD-1 dye
penetrates cells with damaged membranes and undergoes a 40-fold enhancement of
fluorescence upon binding to nucleic acids, thereby producing a bright red fluorescence

in dead cells (ex/em ~495 nm/~635 nm).

At first, the effect of the photoinitiator concentration was investigated where hydrogel
meshes of 10% GelMA using either 0.3 and 0.5% LAP concentrations and cured at
13mW/cm2 for 150 s were used to test cell viability. Cell viability results can be seen in
Figure 5.22, both hydrogel compositions had very high cell viability and well distributed
within the whole hydrogel mesh. However, the cells appeared denser in the hydrogel
mesh crosslinked with higher LAP concentration (0.5%). This might be attributed to the
higher gel fraction within the 0.5% LAP hydrogel meshes resulting in more crosslinked

GelMA, which is able to accommodate a greater number of cells.

Figure 5.22. The effect of photoinitiator concentration on cell viability. Z-stacked confocal
microscopic image of 10% GelMA+0.3% LAP (A), 10% GelMA + 0.5% LAP (B) hydrogel meshes
stained with live/dead assay after 1-week incubation with HCEpC. The green colour indicates the
live cells, while the red colour presents the dead ones; scale bar = 100 um.

When the cell viability was compared in various concentrations of GelMA as illustrated
in Figure 5.23, the highest number of cells was observed in the 7% GelMA hydrogel
matrix. This might be due to the cells being more free within the lower density hydrogel
matrix of the 7% GelMA hydrogel matrix, which had an impact on the rate of cell growth,

migration, distribution and proliferation (J. Park et al., 2017).
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Figure 5.23. Z-stacked confocal microscopic images of 7% GelMA (A), 8% GelMA (B) and 10%
GelMA (C) hydrogel meshes stained with live/dead assay after 1-week incubation with HCEpC.
The green colour indicates the live cells, while the red colour presents the dead ones; scale bar
=100 pm.

Figure 5.24. Z-stacked confocal microscopic image of 8%GelMA (A), 8% GelMA+1% PEGDA (B)
and 8% GelMA+10% PEGDA (C) hydrogel meshes stained with live/dead assay after 1-week
incubation with HCEpC. The green colour indicates the live cells, while the red colour are the
dead ones.
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Furthermore, the live/dead cell staining assay was used to investigate the cell viability
of HCEpC cultured on the surface of the GeIMA and the GeIMA/PEGDA hydrogel meshes
for 7 days (Figure 5.24). Almost all cells were alive with a good distribution within the
hydrogel matrix after culturing for 7 days for all the tested meshes. This showed that the
incorporation of PEGDA had no negative effect on cell viability and thus can be used for

seeding cells in tissue engineering applications.
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Figure 5.25. Phase-contrast image of 10% GelMA hydrogel carrying HCEpC after 1-week
incubation.

Interestingly, although all the tested GelMA hydrogel meshes that had no PEGDA
incorporated fully degraded within 5 days when they were inserted in PBS at 37 °C, the
hydrogel meshes in the cell culture experiment retained their mesh structure for more
than 14 days. This shows that the cells were fully integrated within the mesh structure,
which helped maintain its original shape despite the degradation of the hydrogel matrix

as shown in Figure 5.25.

5.4 Conclusion

In this work, the effect of different crosslinking parameters on 10% GelMA hydrogels
was studied, which revealed that the best curing intensities were between 10-14
mW/cm? and the most suitable curing time was 150 s. The lower concentration of 0.3%
LAP was insufficient to crosslink 10% GelMA hydrogels; therefore, a concentration of
0.5% LAP was used in all other tests. The most appropriate printable concentration of
the tested GelMA hydrogels was 8% GelMA since it gave the highest crosslinking degree

with reasonable crosslinking density that did not obstruct the cell proliferation within
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the hydrogel matrix. Therefore, this concentration of GelMA (P0) was used to compare

the effect of PEGDA incorporation within the hydrogel mesh structure.

The crosslinking degree, swelling ratio, in-vitro degradation and cell viability were
studied in the three hydrogel formulations, PO, P1 and P10. The incorporation of PEGDA
enhanced the mechanical properties of GeIMA hydrogels, increased their degree of
crosslinking and significantly reduced the in vitro degradation rates. In vitro cell culture
experiments using HCEpC showed high adhesion, proliferation and viability over a period
of 1 week. This proved that PEGDA can be incorporated with GelMA or other hydrogel
polymers as a polymeric crosslinker to prolong the biodegradation of tissue-engineered

hydrogels without a negative effect on the viability of the seeded cells.
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Chapter 6 3D-printed GelMA meshes
as a cell-carrier for the treatment of
moderate-severe corneal injuries
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Abstract

Corneal stem cells migrate from the limbus to the cornea to substitute the natural daily
loss of corneal epithelial cells or in case of corneal injuries. However, limbal stem cell
deficiency (LSCD) might occur if these corneal limbal stem cells are permanently
damaged in severe conditions or injuries. Failure in migration of limbal stem cells to the
corneal epithelium due to LSCD leads to the migration of adjacent cells from the
conjunctiva resulting in scarring and blindness. Currently, corneal grafts or stem cell
transplants are performed in severe cases of LSCD. However, these are invasive and
expensive. In this work, a novel non-invasive technique is proposed to deliver HCEpC to
the injured cornea, via a hydrogel mesh carrier. The hydrogel mesh is proposed to be
placed on the ocular surface as a bandage contact lens (BCL) to promote regeneration
of the injured cornea without the need for surgical intervention. It was found that
hyaluronic acid (HA) has a stimulatory effect on the migration and proliferation of
epithelial corneal cells and thus promotes corneal epithelial tissue healing. Moreover,
collagen hydrogels promote proliferation and differentiation of epithelial cells; however,
they have low mechanical properties. Therefore, the aim of this chapter is to incorporate
HA and collagen within GelMA hydrogel matrix as a carrier for HCEpC for treatment
moderate-severe corneal injuries. The effect of various hydrogel compositions on the
mesh properties including shape, degree of crosslinking, equilibrium swelling ratio (ESR),
biodegradability and cell viability of the printed meshes were evaluated. It was found
that 8% GelMA is a good hydrogel base for the 3D-printed scaffolds. The incorporation
of a small concentration of HA within the hydrogel composition is beneficial during the
printing process. The presence of collagen within the hydrogel composite obtained a
smooth printed mesh and enhanced the adhesion and proliferation of the seeded cells

resulting in the formation of cell sheets within the printed structure.
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6.1 Introduction

In the previous chapter, PEGDA was incorporated to extend the degradation time of the
BCLs and the concentrations and molecular weights of PEGDA used did not affect cell
viability, which proved to be non-toxic and suitable for tissue regeneration applications
including repairs of corneal injuries. In this chapter, | would like to investigate the
incorporation of materials that promote cell growth, not only the ones that prove to be
non-cytotoxic. Therefore, | have incorporated HA for its lubricating and corneal healing
properties, and collagen since it is proved from literature that it enhances cell adhesion

and proliferation.

The cornea is essential for the maintenance of clear vision. Thus, it is of paramount
importance that the corneal epithelium is rapidly regenerated after corneal injury or
surgery. Corneal epithelial healing involves the migration of epithelial cell sheets from
the remaining intact epithelium and proliferation of the basal epithelial cells
surrounding the injured part to restore the normal multi-layered architecture of the
epithelium and promote adhesion of the newly regenerated epithelium to the
underlying connective tissue (H. S. Dua, Gomes, & Singh, 1994; Gomes, Amankwah,

Powell-Richards, & Dua, 2004).

The factory that produces epithelial corneal stem cells that later differentiate into
epithelial cells is located in the limbus, which is a narrow circular tissue located between
the cornea (transparent) and the sclera (opaque) (Cotsarelis, Cheng, Dong, Sun, &
Lavker, 1989; Schermer, Galvin, & Sun, 1986). Corneal stem cells migrate from the
limbus to the cornea to substitute the natural daily loss of corneal epithelial cells.
However, these corneal limbal stem cells can be permanently damaged in certain cases
such as alkali burns, in Steven Johnson syndrome, after radiation or multiple surgeries
especially when ischaemia occurs in more than half of the limbal region, which results
in limbal stem cell deficiency (LSCD) (Pratoomsoot et al., 2008). Moreover, in certain
cases, including dry eye syndrome and diabetic keratopathy, it is difficult for the
epithelial cells to regenerate since the source of stem cells is already compromised. This
is referred to as a persistent epithelial defect (PED), which is characterised by a non-
healing epithelial lesion after the failure of treatment with standard therapies after 2

weeks (McCulley, Horowitz, Husseini, & Horowitz, 1993; Ziaei, Greene, & Green, 2018).
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Failure in migration of limbal stem cells to the corneal epithelium leads to the infiltration
of adjacent cells from the conjunctiva resulting in neovascularisation, chronic
inflammation, ingrowth of fibrous tissue and scarring, all of which lead to reduced vision
and eventually blindness (A. Huang & Tseng, 1991; T. Nakamura, Inatomi, Sotozono,
Koizumi, & Kinoshita, 2016). Depending on the severity and the time passed from the
primary injury, the choice of treatment is made. In mild and partial LSCD, amniotic
membrane (AM) transplants can be effective. The presence of nutrients, anti-
inflammatory regulators and growth factors in the AM, aid the re-epithelisation and
reduction of inflammation, scarring, and vascularisation of the injured cornea, thereby
promoting the expansion of the remaining limbal stem cells (Gheorghe et al., 2016). In
severe cases, grafting small pieces of healthy limbal tissue from the patient’s other eye
(limbal autografts) or from the limbus of a close relative (allograft) is usually a successful

treatment (Gheorghe et al., 2016). However, this is an invasive and expensive operation.

Stem cell therapy and tissue engineering are promising novel approaches in the
treatment of injured corneas were LSCD occurs, were the transplanted stem cells
promote regeneration of the corneal epithelium and help restore epithelial clarity
(Gheorghe et al., 2016). Stem cell transplant is a recently successful procedure used in
various cases of LSCDs. In this process, stem cells are cultured in the presence of growth
factors on a scaffold sheet of a biological (AM) or biosynthetic (fibrin, collagen) origin.
The scaffold provides the required support, promoting cellular differentiation and
proliferation throughout their formation into new tissue. Hydrogels can be designed to
mimic the mechanical and biological properties of soft tissues and are therefore the
perfect candidate for tissue engineering scaffolds. Modifying the hydrogel polymer
precursors can affect the mechanical and biodegradable properties of the hydrogels and
may provide signals that help in specific cell attachment (Chandler et al., 2011; Hutson

et al.,, 2011).

Gelatine is a protein-based material derived by hydrolysis of collagen. Due to its high
solubility, biodegradability, biocompatibility and low cost it has been extensively used in
many pharmaceutical and food applications (R. T. Jones, 2004; WM, JY, & GH, 2013).
Moreover, gelatine can be chemically crosslinked or modified to have advanced
mechanical and biochemical properties. Crosslinked gelatine-based materials have been

used owing to their high water content and transparency, in ocular therapeutics as
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bioadhesives (H. C. Park, Champakalakshmi, Panengad, Raghunath, & Mehta, 2011;
Yamamoto et al., 2013), scaffolds (Alireza Baradaran-Rafii, Biazar, & Heidari-Keshel,
2015; Lai, 2013a; Lai, Li, Cho, & Yu, 2012) and cell-sheet carriers (Lai, 2013b; Lai & Li,
2010a; Lai et al., 2013). Mammalian gelatine such as porcine and bovine gelatines have
high cell adhesion properties since they have a high number of specific domains that
bind to cell-surface receptors and other extracellular matrices (ECM) proteins such as

fibronectin (Katagiri, Brew, & Ingham, 2003; Rose et al., 2014).

Hyaluronic acid (HA) is a naturally occurring glycosaminoglycan of the extracellular
matrix. Due to its viscoelastic properties, high water retention capabilities, adhesion
properties and long ocular surface residence time, it is used in intraocular surgeries (M.
Inoue & Katakami, 1993; Voélker-Dieben, Regensburg, & Kruit, 1994) and as wetting
agent in the treatment of dry eye syndrome (M. Korogiannaki, Guidi, Jones, &
Sheardown, 2015; Maulvi, Soni, & Shah, 2015; Troiano & Monaco, 2008). Although there
is no HA in the normal corneal basement membrane, HA becomes available when an
epithelial lesion is formed to initiate the healing process of an injured cornea (M.
Nakamura, Mishima, Nishida, & Otori, 1994). Moreover, it was found that levels of HA
increase during the epithelial wound healing process in animal models, with a
stimulatory effect on the migration and proliferation of epithelial corneal cells (Asari et
al., 1996; MIYAUCHI et al.,, 1990). Furthermore, it was reported that HA promotes
corneal epithelial tissue healing after various ocular surgical procedures due to its role
in facilitating the adhesion, migration and proliferation of the cells (Gomes et al., 2004;

Lai et al., 2010; Lu, Lai, Ma, & Hsiue, 2008).

Collagen (type I) is the most abundant protein present in the corneal stroma and a major
component of the ECM. It is biocompatible, biodegradable and possesses low
immunogenicity, therefore it is a suitable material for use as a corneal scaffold (Ye et al.,
2014). Collagen hydrogels promote proliferation and differentiation of epithelial cells;
however, they have low mechanical properties. This can be improved with cross-linking
and with the incorporation of other hydrogels (Tsai et al., 2015). Chemically cross-linked
recombinant human collagen (RHC) hydrogels have been successfully used to treat
patients suffering from corneal thinning (Merrett et al., 2008; Rose et al., 2014). In the
case of 3D-printing, it is hard to use collagen hydrogels solely as inks due to their slow

thermal gelation, which makes it very difficult for a structure to retain its shape while
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printing. Incorporation of other rigid hydrogels such as alginate can prevent diffusion of
collagen through the surface of the printed structure (Latinovic, Hough, & Ou-Yang,

2010; Pataky et al., 2012).

This chapter aims to deliver human corneal epithelial primary cells (HCEpC) to the
injured cornea, via a hydrogel mesh carrier placed on the ocular surface as a corneal
bandage, to promote regeneration of the injured cornea with no need for surgical
intervention. Gelatine methacrylate (GelMA) or its composites with either hyaluronic
acid or collagen were used to prepare the hydrogel matrix. The hydrogel was printed in
the form of a mesh structure and the HCEpC were seeded on the mesh and incubated
for 1 week to promote cell proliferation and differentiation. The effect of various
hydrogel compositions on the mesh properties including shape, crosslinking, equilibrium

swelling ratio, biodegradability and cell viability was evaluated.

6.2 Materials and methods

6.2.1 Materials

An Allevi2 double extruder 3D-bioprinter, printing needles and lithium phenyl-2,4,6-
trimethylbenzoylphosphinate (LAP) from Allevi, Philadelphia, USA. Porcine gelatine type
A with 300 Bloom value, Deuterium oxide (D20) 99.9 atom % D, methacrylic anhydride
and Phosphate buffered saline (PBS) tablets 1.0M, pH 7.4 (25 °C) were obtained from
Sigma-Aldrich, New Zealand. Sodium hyaluronate (HA1.5 MDa) was from Lifecore
Biomedical, Chaska, Minnesota, USA. The collagen used in this study was provided by

the New Zealand Leather and Shoe Research Association (LASRA).

6.2.2 Hydrogel preparation

GelMA was prepared as stated in the Preparation and characterisation of GelMA
hydrogel section in chapter 4 (p. 66). To prepare the hydrogels, LAP was first dissolved
in PBS using a magnetic stirrer at 50 °C. Then the GelMA was added to the solution and
mixed at the same temperature for around 20 min until fully dissolved. The hydrogel
mixture was then transferred to a 10 ml Luer lock syringe, the black plunger was
inserted, then the contents of the syringe were pushed to remove the excess air. The

whole syringe was wrapped with aluminium foil and inserted in a beaker full of ice for 8
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min to enhance the physical gelation of GelMA, then left at room temperature overnight

until the printing time.

To prepare GHO.5 and GH1 hydrogels, the required volume of PBS was divided into two
halves, one was kept at 4 °C to dissolve the HA, and the other was heated to 50 °C to
dissolve LAP and GelMA. Then, both solutions were mixed at 37 °C to prepare GHO0.5 and
GH1, were GHO0.5 and GH1 had 0.5% and 1% of HA of the total hydrogel volume,
respectively. The hydrogels were transferred to a 10 ml syringe, inserted in ice for 8 min

and left at room temperature overnight until the printing time.

Collagen is insoluble in cold and hot PBS, therefore, to prepare 1 ml of GC1 hydrogel,
0.01 g of collagen was dissolved in 0.25 ml cold 0.5 N acetic acid overnight, while LAP
and GelMA were dissolved in 0.75 ml PBS at 50 °C. Both mixtures were mixed at 37 °C
before being transferred to a 10 ml syringe, inserted in ice for 8 min and left at room

temperature overnight until the printing time.

Table 6.1. Composition of the hydrogel composites.

Formulation Abbreviation GelMA LAP HA Collagen
symbol (% w/v) (% w/v) (% w/v) (% w/v)
F1 G 8 0.5 - -
F2 GHO0.5 8 0.5 0.5 -
F3 GH1 8 0.5 1 -
F4 GC1 8 0.5 - 1

6.2.3 Preparation of the 3D-printed meshes

A square mesh design with crossing vertical and horizontal lines was created using
SolidWorks CAD. The dimensions of the square were set to be 10 + 0.5 mm in diameter,
with a 0.5 mm gap between the lines. A detailed description of the printing process is

found under “Preparation using the 3D-printing method” section in chapter 4 (p. 69).
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All printed hydrogel meshes in this work were cured under the previously set and tested
parameters in chapter 5 under the Allevi bioprinter 405 nm lamp set at an intensity of

13 mW/cm? for 150 s to crosslink the printed meshes.

The printed and cured hydrogel meshes were vacuum dried while still on the slide. In
the vacuum-drying technique, the printed cured meshes were kept under vacuum at

room temperature in a vacuum oven for 24 h.

6.2.4 Characterisation of the printed meshes

Visual and microscopic examination

Visual examination and camera images of the syringe carrying the prepared hydrogel
(ink) after the printing process. Images of the extruded ink filament at the used printing
pressure were taken to show the consistency of the filament and to give an idea on the
viscosity of the ink. Images of the hydrogel mesh printed on a glass slide were taken just
after printing against a ruler to show the printed mesh size. The glass slide was covered
with plastic tape to prevent adhesion of the hydrogel to the slide and aid with easy

removal after drying.

After vacuum drying of the printed meshes, they were imaged using a camera, an optical
microscope and a scanning electron microscope. The optical images were captured using
a digital microscope (Leica ICC50HD-DM750, New Zealand) to show the diameter of the
printed lines and the pore size of the meshes. Measurements were taken from three

different places for each mesh for three printed meshes.

After drying, meshes were soaked for 24 h in 3 ml PBS, then removed and kept at -4 °C
for 24 h then placed in a freeze drier (Martin Christ, Alpha2-4 LDplus, John Morris Group,
New Zealand) for 48 h before SEM imaging to view the inside structure of the wetted

meshes.

Prior to SEM imaging, all meshes were placed on metallic stubs and coated with
platinum under vacuum for 20 s using an ion sputter coater (Hitachi E-1045, UK) for
visualisation. The images were scanned using Schottky field emission SEM (Hitachi SU-
70, UK) under a working voltage of 5 kV. Three meshes were images for each hydrogel

composition.
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Degree of crosslinking

The printed, cured meshes were dried in a vacuum oven for 48 h, and the dry weight of
each sample (w1) was recorded. The meshes were then immersed in 3 ml PBS solution
at 37 °C. After 24 h, the meshes were removed from the PBS solution and dried in a
vacuum oven for 48 h. The weight of the dry meshes (w2) was recorded. The sol fraction
is the amount of hydrogel that was not crosslinked and thus dissolved in PBS. It can be
calculated using the following equation (Bukhari et al., 2015; Ranjha & Qureshi, 2014).

(wl—-w2) o

Sol fraction (%) = 100

To compare the effect of incorporation of HA and collagen on the 8% GelMA hydrogels,
the sol fraction of all hydrogel compositions prepared in Table 5.2 were compared. At

least, three meshes were used from each composition.

Swelling studies

The swelling ratio was determined gravimetrically using a sensitive balance. Three
vacuum dried meshes from each hydrogel formulation weighed (DW), then they were
immersed in 3 ml PBS for 24 h, blotted gently with tissue papers and then reweighed to
record the swollen weight (SW). The equilibrium swelling ratio (ESR) of all hydrogel
formulations was calculated using the following equation (Hoch et al., 2012; Noshadi et
al., 2017; Yin et al., 2018).

(SW —DW)

ESR (%) = ~———— % 100

In vitro degradation

To test the in-vitro degradation profile of the cured printed meshes, 12 meshes of each
formulation were dried in a vacuum oven at room temperature for 48 h and the weight
was recorded (W1). Then the meshes were immersed in 3 ml of PBS in plastic well plate
dishes and kept in an incubation room at temperature 36 + 1 °C. At various time intervals
at days 1, 2, 4 and 7, three meshes of each formulation were carefully removed from
the PBS solution and dried in a vacuum oven at room temperature for 48 h then

reweighed (W2). The percentage weight remaining after degradation at each time point
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was referred to as the gel fraction (%) and was calculated using the following equation

(Bukhari et al., 2015; Y. Wang et al., 2018).

Gel ti (‘)/)—WZX100
el fraction (% =W

The degradation profiles of the tested hydrogel formulations with 0.5% LAP cured at 13

mW/cm? for 150 s were compared.

Cell viability

To determine the effect of HA and collagen concentration on cell viability, 8% GelMA,
0.5% LAP hydrogel printed meshes containing either 0.5% HA, 1% HA or 1% collagen
were cured at 13 mW/cm? by a 405 nm lamp for 150 s.

In all cell viability experiments, the printed and cured meshes were putin a vacuum oven
for 48 h at room temperature to dry. Before seeding the cells, the dried meshes were
individually placed in wells of a 12-well plate and put in a fume hood under UV light for
30 min to be sterilised. Table 5.2 above shows the composition of GelMA hydrogel

meshes tested for cell viability.

HCEpC extracted from donor tissues were used in this experiment. A cell suspension of
1x10° cells per millilitre of cell culture medium was prepared. Prior sterilisation of the
meshes, 100 ul of the previously mentioned cell suspension was pipetted into the mesh
and left 15 min to settle before adding 500 ul of the culture medium and incubated for

1 week.

The culture medium was prepared as a 1:9 ratio of 10% Foetal Calf Serum (FCS): MEM,
GlutaMAX™ Supplement, then 1% of Antibiotic-Antimycotic (100) was added. Fresh
culture medium was added on day 1 and the medium was replaced every other day
during the week. At day 2, the meshes were removed and placed in a clean plate with

fresh culture media.

After 7 days, Invitrogen LIVE/DEAD® Viability/Cytotoxicity Kit for mammalian cells
(Thermo Fisher Scientific) was prepared according to the manufacturer’s instructions. A
volume of 100 ul of the prepared solution were added to the hydrogel meshes and left
for 20 to 40 min at room temperature to stain the cells. Meshes were then washed with

PBS for 15 min, then removed and mounted on glass slides for imaging under a
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fluorescence microscope. The resultant images were used to visualise the proportion of

live to dead cells over a period of 7 days.

Statistical analysis
Data were subjected to one-way analysis of variance (ANOVA) using Microsoft 365 Excel.
Post hoc multiple comparisons were determined by the Tukey’s test with the levels of

significance set at P < 0.05. All data were presented as means + SD.

6.3 Results and discussion

6.3.1 Hydrogel preparation

Introducing methacryloyl substitution groups to gelatine via a chemical reaction with
methacrylic anhydride (MAA) results in the formation of gelatine methacrylate (GelMA)
as shown in Figure 6.1. Unlike gelatine, GeIMA undergoes permanent fast chemical
gelation upon exposure to light irradiation in the presence of photoinitiators. The
produced GelMA retains the excellent biocompatibility and bioactivity of gelatine, such
as cell adhesion, spreading, and proliferation due to the presence of cell-adhesive RGD

motifs and MMP-degradable amino acid sequences within its structure (Yue et al., 2015).
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Figure 6.1. GelMA synthesis from gelatine and MAA, showing the RGD motifs responsible for cell
adhesion (Adapted from (Yue et al., 2015)).

6.3.2 Preparation of the 3D-printed meshes

Table 5.5 shows the printing parameters used with each hydrogel composition to obtain
the best print. Clear plastic tapered needle of inner diameter (ID) 0.21 mm (27 G) was
used in printing all hydrogel formulations since this small diameter was sufficient to
extrude a continuous flow of the hydrogel filament and print a high-resolution line at

the set pressure and speed. However, the (GH1) hydrogel formulation was too viscous
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to be extruded via the 27 G needles, therefore the 25 G needles with an inner diameter

of 0.26 mm were used.

Table 6.2. Printing parameters for 8%GelMA hydrogel meshes.

8%GelMA (G) 8% GelMA 8% GelMA 8% GelMA
+0.5 %HA +1% HA +1% collagen
(GHO.5) (GH1) (GC1)
Needle (G) 27 27 25 27
Pressure (PSI) 12 7.7 8.1 6.9
Speed (mm/s) 3 3 3 4

It was noted that the incorporation of HA to 8% GelMA hydrogel reduced the required
pressure to extrude the hydrogel filament during printing. This might be due to the
shear-thinning properties of HA hydrogels (L. Ouyang, C. B. Highley, C. B. Rodell, W. Sun,
& J. A. Burdick, 2016; Stratesteffen et al., 2017; S. Wang, Lee, & Yeong, 2015). Shear-
thinning materials undergo disassembly (shear-thinning) when injected through a
syringe and then reassemble within seconds (self-healing) once they are extruded out
of the needle and shear forces are removed (Loebel, Rodell, Chen, & Burdick, 2017).
Hydrogels with shear-thinning properties are perfect candidates in bioprinting
applications since minimum pressure is required to extrude those inks out of the nozzles
during printing, which is very helpful if cells are incorporated within the hydrogel since
this will reduce the load on the carried cells and thus produce a printed structure with
high cell viability. In this work, the incorporation of 0.5% HA within the hydrogel matrix
reduced the printing pressure from 12 to 7.7 PSI in printing hydrogels G and GHO0.5,

respectively, using the same printing needle of 27 G.

Moreover, all hydrogels were printed at a speed of 3 mm/s, while hydrogel formulation
(GC1), containing 1% collagen was printed at a higher speed of 4 mm/s. This might be
due to the presence of 0.5 N acetic acid within the hydrogel, which might have lowered
its viscosity. The low viscosity of GC1 hydrogel resulted in lowering the pressure used
for printing from 12 PSl in case of the G hydrogel to 6.9 PSl in the GC1 hydrogel as sown
in Table 5.5 above.
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6.3.3 Characterisation of the printed meshes

Visual and microscopic examination

The colour of the cooled hydrogels is shown in Figure 5.5. The incorporation of HA to 8%
GelMA in GHO.5 and GH1, led to the formation of a turbid hydrogel upon cooling,
compared to the colour of the 8%GelMA (G), this might be contributed to the
immiscibility of HA in GelMA hydrogel. Moreover, the presence of 1% collagen in GC1
hydrogel formulation resulted in a white hydrogel colour since the collagen hydrogel

was white in colour.

The incorporation of 0.5% HA within the 8%GelMA in GHO.5 hydrogel composition
resulted in a continuous flow filament extruded from the 27 G needle as shown in Figure
5.5(B), this might be related to the shear-thinning properties of HA as explained by
Loebel et al. (Loebel et al., 2017) and as indicated by the low extrusion pressure of 7.7
PSI. On the other hand, the higher concentration of 1% HA resulted in a hydrogel with
high density that was difficult to extrude from 25 G needles and failed to obtain a
continuous filament when extruded using 25 G needles as shown in Figure 5.5(C). In the
case of GC1 hydrogel, the incorporation of acetic acid required to dissolve the collagen

resulted in a hydrogel with low density and thus a continuous flow.

Although the printed meshes of the G hydrogel had high-resolution print as shown in
Figure 5.5(A), the incorporation of 0.5 and 1% HA in GHO.5 and GH1 hydrogels,
respectively, resulted in a print with inconsistent lines. This can be explained by the
difficulty in proper mixing of the high viscosity HA hydrogel with 8%GelMA at 37 °C,
which caused inconsistent extrusion of the filament. It is worth noting that due to the
instability of HA at high temperatures, it was not possible to mix the viscous HA hydrogel
with the GelMA at 50 °C or to use any sonication. In this work, the molecular weight of
HA used was very high (1500 kDa); using lower molecular weight or lower
concentrations of HA is expected to mix properly with the GeIMA due to the formation

of lower viscosity HA solutions.
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Figure 6.2. Images of the cooled hydrogel in the syringe prior to printing (top), the extruded
filament from the nozzle to determine the appropriate pressure (middle) and printed mesh
above a 1 cm ruler (bottom). Images show the formulations G (A), GHO.5 (B), GH1(C) and GC1
(D); ruler is in mm increments.

In the case of collagen incorporation in GC1 hydrogel, the structure had a high resolution
and the printed lines retained their shape after printing. Moreover, the continuous
filament and the low viscosity of the ink allowed for increasing the printing speed to 4
mm/s compared to G hydrogels. All of which resulted in smoother and thinner lines in

the printed structure as shown in Figure 5.5.

The microscopic images of the printed meshes of hydrogel formulations G, GHO.5, GH1
and GC1 illustrated the effect of HA and collagen incorporation in the hydrogel

composition. In Figure 5.7(A), the image of the printed formulation G shows smooth
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printed lines which indicates that 8%GelMA hydrogel composition had high printing

resolution under pressure of 12 PSI and speed of 3 mm/s.

0.5 mm!

Figure 6.3. Microscopic images printed hydrogel meshes imaged immediately after printing (left)
and microscopic image (4X) of vacuum dried hydrogel meshes after vacuum drying (right) of G
(A), GHO.5 (B), GH1 (C) and GC1 (D); scale bar =0.5 mm.

The incorporation of 0.5% HA in formulation GHO.5 led to inconsistency in the printed
structure with variations in line diameters and pore sizes. This might be contributed to
the effect of HA on the shear-thinning properties of the hybrid hydrogel that resulted in
extrusion inconsistency while printing. Moreover, the incorporation of 1% HA in the
GelMA hydrogel composition led to thicker lines with a visibly rough surface due to

extrusion from a thicker needle (25 G). In the case of incorporation of collagen, the
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printed lines were thicker and maintained their layer height and showed no sign of
spreading compared to the printed structure of G hydrogels. This proves that the

incorporation of collagen results in printed structures with high resolution and fidelity.

After vacuum drying, the meshes of G hydrogels looked the same as before drying as
shown in Figure 5.7(A), however, those of GHO.5 showed shrinkage of the whole mesh,
which resulted in smaller pore sizes. Both hydrogel formulations GH0.5 and GH1
containing HA showed rough and irregular lines after vacuum drying. On the other hand,
the incorporation of 1% collagen within the 8% GelMA hydrogel meshes resulted in

smooth straight lines after vacuum drying.

Furthermore, SEM was used to characterise the structure of freeze-dried G, GH0.5, GH1
and GC1 hydrogel meshes after swelling in PBS to determine the effect of hydration on
the mesh structure as shown in Figure 5.9. There was no significant difference between
the microscopic and SEM images of the vacuum-dried G and GC1 hydrogel meshes.
However, the rough and irregular surface of the printed lines and the inconsistent pore
sizes of GHO.5 and GH1 hydrogel meshes were more visible in the SEM images shown in

Figure 5.9.

There were no obvious pores within the printed lines of the hydrated G and GC1 meshes,
while porous lines were observed in GHO.5 and GH1 hydrated meshes were HA was
incorporated. This might be related to the high volume of water absorbed by those
hydrogels due to the hygroscopic nature of HA (Bansal, Kedige, & Anand, 2010). There
was no significant difference in the shape or dimensions between G meshes before and
after swelling. On the other hand, the swelling of GHO.5 and GH1 hydrogels resulted in
the loss of the mesh structure due to the rapid degradation of the meshes in PBS during
the swelling test. Interestingly, GC1 hydrogel meshes showed a uniform mesh structure
and a very smooth surface after swelling as shown in Figure 5.9(D). The smooth surface

of the mesh is very useful, especially when it is applied to the injured cornea.
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Figure 6.4. SEM images of 3D-printed 8% GelMA meshes after vacuum drying (left) and after
swelling test (right) of 8% GelMA (A), 8% GelMA + 0.5% HA (B), 8% GelMA + 1% HA (C) and 8%
GelMA + 1% collagen (D).
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Degree of crosslinking

Although all the tested hydrogel meshes had the same concentration of GelMA (8%),
same concentration of photoinitiator (0.5%) and same crosslinking parameters (13
mW/cm? intensity for 150 s), the incorporation of HA and collagen impacted the sol
fraction dissolved from each hydrogel composition in PBS after 24 h. The incorporation
of 0.5 and 1% HA to 8% GelMA hydrogel led to a significant rise in the sol fraction from
9.07 £ 0.85t0 21 + 1.4 and 28 + 3.79%, respectively, as shown in Figure 6.5. This might
be explained by the large volume of water absorbed by HA resulting in the quick
degradation of the hydrogel matrix. The sol fraction of GC1 hydrogels increased slightly
from 9.07 £ 0.85 to 12 + 0.54 compared to G hydrogels, but this crosslinking value is

within the acceptable range of 15%.
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Figure 6.5. The effect of hydrogel composition on the crosslinking properties of 8% GelMA
hydrogel meshes cured under 13 mW/cm? for 150 s. *Statistically significant at p < 0.05; n = 3;
mean * SD.

Swelling studies

The swelling ratio is the ratio of water uptake of a hydrogel in relation to its dry weight.
It is dependent on the mesh size of the polymer network, the degree of crosslinking and
the polymer-solvent interaction (Hoch et al., 2012). The ESR is the maximum water

uptake taken by the hydrogel.
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In this study, the swelling ratios of G, GHO.5, GH1 and GC1 hydrogel meshes were 714.2
+ 36, 618 + 51, 387 £ 56 and 593 * 25, respectively. The swelling ratio of the hydrogel
decreased significantly with the increase in the amount of HA incorporated as shown in
Figure 6.6. This is in compliance with the swelling test studies performed by Camci-Unal
et al. (2013), which demonstrated that increasing the concentrations of HAMA within
the GelMA/HAMA hybrid hydrogels decreased the ESR compared to hydrogels
composed solely of GelMA. This was contributed to the increase in the crosslinking
density following the addition of HAMA to the hydrogel network, which generates
hydrogels with smaller pore sizes. The smaller pores cause less water penetration and
thus results in less swelling (Camci-Unal, Cuttica, Annabi, Demarchi, & Khademhosseini,
2013). A similar effect on the swelling of the hydrogel meshes was observed with the
incorporation of collagen with a reduction in the ESR compared to the GeIMA meshes.
However, the incorporation of 1% collagen did not reduce the ESR to the same extent
as with the incorporation of 1% HA. This might be explained by the low molecular weight
of collagen compared to the HA used, which in turn will not have the same effect on the

crosslinking density of the hydrogels formed.
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Figure 6.6. The effect of hydrogel composition on the ESR of 8% GelMA dry hydrogel meshes.
*Statistically significant at p < 0.05; n = 3; mean £ SD.

143



In vitro degradation

The tested hydrogels should mimic the extracellular matrix and promote proliferation
and differentiation of the carried cells. Moreover, they should have a certain degree of
biodegradability to allow for cell remodelling. Therefore, it is crucial to develop
hydrogels with tuneable mechanical and biological properties and test the effect of
incorporation of various hydrogels within the hybrid hydrogel network structure

(Hutson et al., 2011).

When HA and collagen were incorporated within the hydrogel network of GelMA, they
influenced the degradation profiles of 8%GelMA hydrogel meshes as shown in Figure
6.7. Although all the tested meshes degraded after day 5, they had different degradation
patterns. Both hydrogel formulations containing HA (GHO.5 and GH1) had a significantly
higher degradation rate compared to G hydrogel meshes. GHO.5 and GH1 degraded to
almost 50% of its original dry weight between days 2 and 3, compared to day 4 in case

of G hydrogel meshes.

On the other hand, the incorporation of collagen did not affect the degradation rate
between days 1 and 3 compared to G hydrogel meshes, with an abrupt increase in
degradation rate at day 4. The gel fraction remaining at day 4 for GC1 was 23 + 8.0

compared to 43 + 6.7 in case of G hydrogel meshes as shown in Figure 6.7.
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Figure 6.7. Degradation profiles of G, G0.5, GH1 and GC1 hydrogel meshes in PBS at 37 °C. n = 3;
mean * SD.
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Cell viability

The effect of the hydrogel mesh composition on the viability and growth of the seeded
cells were examined to determine the feasibility of using these composite hydrogels as
an epithelial cells carrier to promote corneal healing. The distribution of viable cells

within the 3D-printed hydrogel meshes was also investigated (J. Park et al., 2017).

Live/dead cell staining assay was used to investigate the cell viability of the HCEpC
cultured on the surface of G, GHO0.5, GH1 and GC1 hydrogel meshes for 7 days and the
z-stacked images of the confocal microscope are displayed in Figure 6.8. Most cells were
alive, with homogenous distribution within the hydrogel matrix after 7 days culturing in
all the tested meshes. This showed that the incorporation of HA and collagen with
GelMA had no effect on cell viability and thus can be used in the composition of the

scaffolds.
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Figure 6.8. Z-stacked confocal microscopic image of 8% GelMA (A), 8% GelMA + 0.5% HA (B), 8%
GelMA + 1% HA (C), and 8% GelMA + 1% collagen (D) hydrogel meshes stained with live/dead
assay after 1-week incubation with HCEpC. The green colour indicates the live cells, while the
red colour shows the dead ones.

The incorporation of 0.5 and 1% HA in GHO.5 and GH1 hydrogel meshes, respectively,
resulted in a higher number of growing cells compared to G hydrogel meshes (0% HA)

as shown in Figure 6.8. This showed that HA has a positive effect on cell growth, which
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might be related to its role in stimulating the adhesion, migration and proliferation of
corneal epithelium of rabbit and human corneal cells (Gomes et al., 2004; M. Inoue &
Katakami, 1993; Nishida et al., 1991). With the increase in the number of live cells grown
on GHO.5 hydrogel meshes, the number of dead cells increased compared to G hydrogel
meshes due to the regular cell life cycle. Due to the viscosity and thickness of the
hydrogel meshes, it is difficult for the dead cells to be flushed away within the culture
media or with the washing of the meshes with PBS prior to imaging. On the other hand,
a fewer number of dead cells were visible in GH1 meshes, which might be contributed
to the highly porous structure that aids flushing away of dead cells within the culture

media and while washing with PBS.

In the case of GC1 hydrogel mesh, there was a visible high density of cells growing within
the mesh and forming a cell sheet after 7 days of incubation. This might be related to
the cells’ high affinity to collagen since this is the major hydrogel present in the cornea.
Moreover, collagen is known to modulate cell proliferation, migration differentiation

and gene expressions (Kose et al., 2005; C. Liu et al., 2008; L. Zhang et al., 2005).

6.4 Conclusion

In this work, the effect of various GelIMA hydrogel compositions on the 3D-printed mesh
scaffolds as a carrier of HCEpC for the treatment of corneal injuries were studied. Two
concentrations of HA (0.5 and 1%) and one for collagen (1%) were evaluated to see their
impact on the 3D-printing parameters, printed structure, swelling, crosslinking and
degradation properties of the hydrogel mesh. Moreover, the effect of hydrogel

composition on cell viability was studied.

The incorporation of 0.5% HA within the 8%GelMA in GHO.5 hydrogel composition
resulted in a continuous flow filament with low extrusion pressure required during
printing, which is beneficial in case of incorporation of cells within the hydrogel bioink
in the printing process. However, the printed meshes showed a generally rough surface
and rapid degradation profile compared to the 8% GelMA hydrogel meshes with no HA
incorporated. This roughness and rapid degradation profile were enhanced with the
increase in HA concentration in case of GH1 hydrogel meshes. However, the presence
of HAin GHO.5 and GH1 hydrogel meshes enhanced the growth of HCEpC cultured within

the hydrogel matrix. From the previous results, it can be concluded that the presence of
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small concentrations of HA within the hydrogel is beneficial within the printing process
and enhances cell growth, adhesion, migration and proliferation of the seeded HCEpC.
Moreover, it is expected to promote healing of the injured cornea and provide the
required moisture to the injured eye that might suffer from dryness due to the applied

mesh on the eye surface. This evaluation could be the subject of future studies.

The best outcomes were obtained from meshes GC1, with a composition of 8% GelMA
and 1% collagen. A continuous flow filament with low extrusion pressure required during
printing was obtained. The printed meshes showed a very smooth surface after drying
and moderate degradation profile. This makes them suitable to be applied on the eye
surface for the proposed application as an ocular bandage. Moreover, the presence of
collagen within the hydrogel meshes significantly enhanced the growth of HCEpC

cultured within the hydrogel matrix forming a cell sheet.

We can conclude from the previous results that 8% GelMA is a good hydrogel base for
the 3D-printed scaffold. The incorporation of a small concentration of HA within the
hydrogel composition is beneficial to obtain a continuous flow filament, which in turn
helps reduce the pressure and increase the speed during printing. The presence of
collagen within the hydrogel composite obtained a smooth printed mesh, that can be
applied on the eye as a corneal bandage, and had a significant role in enhancing HCEpC
attachment, proliferation and migration within the hydrogel matrix forming a sheet of

cells within the printed structure.
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Chapter 7 General discussion
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7.1 Thesis overview

Corneal injuries resulting from trauma, burns, infection or following complications after
corneal surgery, are a leading cause of blindness worldwide. Minimising corneal
inflammation and promoting controlled wound healing is a crucial step in the healing
process of the cornea and is vital for preventing scarring that can permanently affect
visual quality. Current therapy involves the use of anti-inflammatory eye drops that have
poor bioavailability, with less than 5% of the drug penetrating the cornea. Improper
patient adherence to the dosage regimen is a problem and can lead to serious
complications and improper healing of the cornea. Furthermore, in severe cases of
corneal injury, where the limbus is affected, the cornea loses its ability to regenerate
and this leads to loss of sight. Currently, limbal injuries are treated by limbal graft
surgeries which are invasive, expensive and involve long waiting periods. There is a
clinical need for a drug-eluting/cell integrated corneal bandage, with current demand
from ophthalmologists to have better therapeutic options for reducing complications

arising from the limitations of current therapies.

The aim of this thesis was to develop two types of cost-effective BCLs that can be easily
applied to the injured eye to reduce inflammation, promote faster healing and prevent
scarring following corneal injuries. The first bandage was designed with the view of it
being used for the treatment of mild to moderate corneal injury; this BCL can act as a
physical barrier protecting the inflamed cornea from microorganisms and
environmental conditions as well as a matrix for cell migration and proliferation while
delivering essential anti-inflammatory medications in a controlled manner over a period
of 1 week. The second bandage has been designed to be used for the treatment of
moderate to severe corneal injury; the incorporation of HCEpC within the BCL is
expected to promote corneal healing when the limbus is affected and the eye loses its
ability to self-regenerate the cornea. This second cell-loaded BCL has the potential to

reduce the need for corneal grafts.
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7.2 Interpretation of main thesis findings

Current approaches for corneal wound healing which include the use of corneal
bandages were reviewed in chapter 2, highlighting the opportunities and limitations for
their use. Various types of bandages, including amniotic membranes, collagen shields
and silicone hydrogel BCLs, were discussed. It was found that silicone hydrogel BCLs are
commonly used with minimum complications as they are soft, comfortable and allow
for high oxygen permeability thereby extending their application for up to 30 days.
Although there are current approaches to use BCLs after corneal surgeries for covering
the injured cornea and provide a matrix for epidermal cell adhesion and proliferation,
there is currently no drug-eluting BCL available in the market. Several attempts have
been made by researchers to formulate drug-loaded silicone hydrogel BCLs, however,
none have been marketed yet. Commercial lens manufacturing companies have several
weekly and monthly silicone hydrogel lenses that can be used as a base for medicated
BCLs, however, there are usually few unrevealed components, which makes it harder
for scientists to utilise and alter those successful formulations as a base for drug-eluting
BCLs. Hence, drug-loaded silicone hydrogel BCLs were formulated in chapter 3 using
some of the monomers used in marketed silicone hydrogel lenses. Moreover, the
literature review revealed other materials that are used in the formulation of BCLs and
include hydrophilic and hydrophobic monomers utilised in the production of silicone
hydrogel lenses, collagen in collagen shields, HA and chitosan incorporated in some
lenses to enhance their functional or material properties. This was very useful in setting
a firm foundation for this thesis and trying to incorporate various polymers and evaluate

their effect on the drug release and lens properties.

Drug-eluting silicone hydrogel BCLs were formulated using the solvent casting technique
to deliver the loaded anti-inflammatory drug (DEX) over a period of 2 weeks. The BCL
acts as an all-in-one therapeutic approach to deliver DEX as an anti-inflammatory
medication over a period of 2 weeks while acting as a bandage that covers and protects
the injured eye and provides a matrix to promote cell adhesion and proliferation.
p(HEMA-co-TRIS-co-PDMS) lenses were prepared and the molar ratios of the co-
monomers were varied to evaluate their effect on the controlled release of DEX and the

mechanical properties of the formulated BCLs. Extended release of DEX for up to 14 days
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was achieved from these lenses whilst also providing mechanical properties comparable

to commercial silicone hydrogel contact lenses.

In chapter 4, 3D-printed drug-loaded GelMA hydrogel lenses were designed and
prepared to deliver DEX to the eye over a period of 1 week. Drug-loaded GeIMA/PEGDA
hydrogel lenses were prepared using the solvent casting and the 3D-printing techniques.
Two concentrations of GelMA (5 and 8%) were tested with 4 concentrations of PEGDA
(0, 5, 10, and 15%). It was found that the incorporation of PEGDA improved the lenses’
resistance to handling and protected them during the degradation test, reduced the
EWC values and prolonged the release of the incorporated drug. Moreover, the 3D-
printing technique increased the EWC and thus resulted in a rapid drug release profile
compared to the lenses prepared using solvent casting. Nevertheless, there was still a
sustained release of DEX from the 3D-printed lenses for up to 7 days until they were fully

degraded.

As a next step, GeIMA/PEGDA composite 3D-printed hydrogel meshes with high printing
fidelity, adequate mechanical properties and controllable degradation profiles were
developed to be used as a cell carrier for tissue regeneration purposes. The
incorporation of PEGDA enhanced the mechanical properties of GelMA hydrogels,
increased their degree of crosslinking and significantly reduced their in vitro degradation
rates. In vitro cell culture experiments using HCEpC showed high adhesion, proliferation
and viability over a period of 1 week. This proved that PEGDA can be incorporated with
GelMA or other hydrogel polymers as a polymeric crosslinker to enhance the mechanical
properties and prolong the biodegradation of tissue-engineered hydrogels without a

negative effect on the viability of the seeded cells.

In chapter 6, a novel non-invasive technique using a hydrogel mesh carrier acting as a
therapeutic BCL was proposed for the delivery of HCEpC to an injured cornea. This
proposed treatment involves placing the cell-loaded hydrogel mesh on the ocular
surface to promote regeneration of the injured cornea without the need for surgical
intervention. GelMA or its composites with either hyaluronic acid or collagen were used
to prepare the hydrogel matrix. It was found that the incorporation of a small
concentration of HA within the hydrogel composition is beneficial to obtain a continuous

flow filament, which helps to reduce the pressure and increase the speed during
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printing. The presence of collagen within the hydrogel composite produced a smooth
printed mesh that could be applied on the eye as a corneal bandage, and significantly
enhance HCEpC attachment, proliferation and migration within the hydrogel matrix

forming a sheet of cells within the printed structure.

7.3 Thesis implications

Cataract is the leading cause of blindness worldwide, with 10 out of the 30 million blind
population worldwide is due to cataract, and over 35 million of the world population
being visually impaired due to cataract (Khairallah et al., 2015). Cataract surgery is the
most common surgical procedure performed in those over the age of 65 in New Zealand
and the world (Raczynska, Glasner, Serkies-Minuth, Wujtewicz, & Mitrosz, 2016; Riley et
al., 2001), which is expected to grow in number with the current world ageing
population (Randers, 2012). Moreover, corneal healing is becoming a significant clinical
problem due to the constantly increasing numbers of refractive surgeries worldwide
(Ljubimov & Saghizadeh, 2015). After surgery, patients are required to remove the
bandage covering their eye several times a day in order to apply therapeutic eye drops.
There is poor adherence to this strategy, isinconvenient and can lead to post-operative
complications such as endophthalmitis which result in poor sealing of the wound site
(Song, Li, Zhang, Shi, & Li, 2018). Improper corneal healing after corneal trauma is the
most common cause of corneal defects, with 6-7,000 patients presenting to the
Auckland Eye Department alone each year. If the abrasion involves more than half of
the corneal surface, healing can take up to 5 days, and 28% of these patients will have
recurrent symptoms for up to 3 months after injury. Recurrent corneal erosions (RCE)
are quoted as being common due to the wide variety of associated conditions including
chemical and thermal injuries, previous viral or bacterial infections and systemic
conditions such as diabetes (Miller, Hasan, Simmons, & Stewart, 2019). It is expected
that the application of therapeutic BCLs will promote rapid corneal healing and the
reduce complications associated with frequent patch removal for the application of

medicated eye drops.

Patients other than those who suffer from corneal injuries can also benefit from the use
of BCLs as a drug delivery device. It is reported that patients who require frequent

installation of therapeutic eye drops, including glaucoma and cystinosis patients,
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mostly fail to adhere to the dosage regimen, which can usually result in complications.
Those chronic patients will potentially benefit from using therapeutic BCLs and can
achieve a better quality of life and improved clinical outcomes (L. W. Jones et al., 2016).
Thus, a well-designed drug-eluting BCL can offer a safe and therapeutically efficient
alternative to eye drops that can be more appropriate for some patients depending on
their lifestyle and medical condition (K.-H. Hsu et al., 2014). Furthermore, drugs with
high systemic toxicity, including timolol, pilocarpine and atropine, can be delivered using
BCLs without fear of drug drainage through the nasal cavity reaching the vascular nasal
mucosa and thus causing systemic side effects (Farkouh, Frigo, & Czejka, 2016).
Moreover, the high bioavailability of drugs administered via BCLs allows for fewer doses

and therefore fewer side effects (K.-H. Hsu et al., 2014).

In terms of the monomers that can be utilised in the development of the drug-eluting
silicone hydrogel BCLs, several attempts have been made by researchers to develop the
lenses using various hydrophilic and hydrophobic monomer compositions. However,
there are very few studies incorporating HEMA hydrophilic monomers with both TRIS
and PDMS as the hydrophobic monomers. A study performed by Guidi et al. (2014)
showed the effect of incorporating 9.7 mole% of PDMS, 9.7 mole% of TRIS with 77.6
mole% of either HEMA or DMA hydrophilic monomers and 3 mole% of EGDMA as a
crosslinker to extend the release of DEX and test some of the lens properties including
the swelling behaviour and contact angle measurements to determine the surface
wettability. All the drug release profiles showed an extended release for more than 2
weeks, which is comparable to the results reported in chapter 3 of this thesis. It is worth
noting that they performed the drug release tests on the prepared lenses without being
washed, which will almost certainly affect the amount of drug released. Washing of the
silicone hydrogel lenses is important to remove the unreacted monomers to prevent eye
irritation. There was no research done on the effect of hydrophobic monomer
composition on preventing the escape of the loaded drug during this essential washing
phase, and therefore this was conducted in this thesis. Moreover, the EWC values
obtained from lenses prepared by those researchers were only 11.3% compared to a
value of 32.5% obtained from lenses containing 3 mole% PDMS and 10 mole% TRIS in
this thesis. This might be due to the high concentration of the hydrophobic PDMS

monomer used in their study. It is worth noting that the EWC of commercial silicone
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hydrogel contact lenses is between 20 and 55% for patient’s comfort and to prevent the
eye from dryness (Musgrave & Fang, 2019). This was confirmed by their findings stating
that the incorporation of PDMS resulted in reducing the EWC values of the lenses from

21to 11% (Guidi et al., 2014).

To our knowledge, there was only one study that incorporated PDMS and TRIS with
DMA, and not with HEMA, to extend the release of the loaded drug within the silicone
hydrogel BCL. Various concentrations of the hydrophobic monomers were evaluated to
determine their effect on the optical clarity, EWC and mechanical properties. EGDMA
was only incorporated in one formulation and proved to extend the release of the
loaded drug from 3 to 6 days (Kaczmarek et al., 2014). Although their hydrogel
composition included high concentrations of 24 and 20 mole% of PDMS and TRIS,
respectively, the release of the drug from the lenses were only extended for 6 days
compared to more than 14 days in this thesis from the formulations containing 3 and 20
mole% PDMS and TRIS, respectively. This might be attributed to the small molecular
weight of the PDMS they used (1000 g/mole) compared the PDMS used in this thesis
which had a molecular weight of 5000 g/mole. This implies that the molecular weights
of the incorporated monomers, as well as their concentration, can affect the release

profile of the loaded drug.

The use of 3D-printing technology can help solve many of the problems associated with
drug-eluting BCLs. For example, due to the nature of the drug or the polymers used, the
BCL might not be transparent, and thus cannot be used during the day for chronic
patients. Printing a BCL with a clear centre or even a hollow circle can solve this problem
and increase patient compliance. Furthermore, patient-specific BCLs can be designed
and printed according to the eye size and shape, which is beneficial in some cases such
as in patients suffering from keratoconus. However, 3D-printing of hydrogels for the
development of BCLs is limited by the properties of the materials used. GelMA is a widely
used hydrogel material in extrusion-based 3D-printers due to its rheological properties
and the ability to tailor its degree of methacrylation to achieve a crosslinked hydrogel
with tuneable mechanical properties. To our knowledge, there were no studies done on
the use of GelMA as the main component of a drug-eluting BCL. This was successfully
achieved in chapter 4 of this thesis by incorporating PEGDA, which a safe biocompatible

crosslinker, to prolong the release of DEX for 1 week.
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Although altering the degree of methacrylation of GelMA affects the degree of
crosslinking of the hydrogel and thus its mechanical properties, there is a limited
window for changing the stiffness of the hydrogel. As less than 5% of the total amino
acids of gelatine are actively available to react with MAA producing GelIMA (Wei et al.,
2015), it cannot be used alone to develop tissue engineering scaffolds that require high
mechanical strength and long degradation time. The incorporation of PEGDA within the
GelMA pre-polymer solution increases the chances of hydrogel crosslinking due to the
presence of double active groups within the PEGDA polymer (Y. Wang et al., 2018).
Wang et al. (2018) have tested the effect of incorporating 5% PEGDA (Mn=500) within
10, 20 and 30% GelMA hydrogels to develop hydrogel materials for bone regeneration.
They proved that the presence of PEGDA as a crosslinker reduced the hydrogel swelling
ratio, prolonged its degradation, and did not affect the cell viability within the hydrogel
matrices during their 1 week incubation period which is in line with the results shown in
chapter 5 of this thesis (Y. Wang et al., 2018). In this thesis, PEGDA (Mn=700) was used
at concentrations of 1 and 10% within 8% GelMA hydrogel that was 3D-printed into
square meshes with specific pore diameter that can be used in several tissue
regeneration applications. In chapter 5, 3D-printing technology was used in the
development of the hydrogel matrix and to study the effect of different concentrations
of PEGDA on the printing parameters, properties of the printed structure and cell

viability within the hydrogel matrix. To our knowledge, this has not been done before.

Due to the limitations associated with corneal transplants, restoration of the limbal stem
cell population is currently the main treatment pathway to restore vision in cases of
LSCD. This can be done through in vitro expansion of limbal epithelial stem cells (LESCs)
on a natural or biosynthetic substrate that can be transplanted (de la Mata et al., 2013).
Examples of natural substrata used as a carrier of corneal cells are AM (Sabater & Perez,
2017), fibrin (Meyer-Blazejewska et al., 2011), and 3T3 fibroblasts (Osei-Bempong,
Ghareeb, Lako, Figueiredo, & Armitage, 2018), however, as these materials are natural
products, they are associated with limitations including contamination risks, possibility
of transmission of infections and variations between donor tissues, which renders them
hard to be standardised (de la Mata et al., 2013; Ye et al., 2014). Hydrogel biosynthetic
materials have therefore widely gained popularity as cell-sheet carriers in tissue

regeneration applications and specifically corneal tissue regeneration (Lai & Li, 2010b).
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Gelatine hydrogel disks have previously been used to carry human corneal endothelial
cell (HCEC) sheets for the treatment of endothelial dysfunction. Upon surgical insertion
of the disk into the anterior chamber of a rabbit’s eye, they swelled within the anterior
chamber, and the cell sheet adhered to the corneal posterior surface due to the
bioadhesive properties of gelatine. Moreover, the gelatine disks biodegraded within
after 6 weeks of the implantation period and the reconstruction of the corneal

endothelium (Lai, Lu, Chen, Tabata, & Hsiue, 2006).

Chitosan-gelatine hydrogel polymer crosslinked using GA was evaluated as a carrier for
limbal epithelial cell delivery (de la Mata et al., 2013). Moreover, gelatine-PLLA hydrogel
nanofibrous scaffolds were developed as a corneal epithelial cell carrier (Yan et al., 2012)
and Collagen-gelatine-HA biomimetic films were formulated using EDC and NHS
crosslinkers as an HCEC carrier for corneal tissue engineering applications (Yang Liu, Ren,
& Wang, 2013). However, 3D-printing technology has not yet been utilised in the
development of porous GelMA hydrogel meshes solely or hybridised with HA or collagen
as potential cell carriers of HCEpC for treating cases of moderate to severe corneal

injuries. Therefore, this concept was explored in chapter 6 of this thesis.

The use of GelMA in 3D-printing applications within the field of tissue regeneration has
been explored previously (Celikkin, Costantini, Rinoldi, Lin, & Swieszkowski, 2018; J. Liu
etal., 2019; W. Zhu, George, Sorger, & Zhang, 2017). However, it hasn’t been sufficiently
investigated in the ocular field. Recently, primary endothelial cells were cultured on
dehydrated gelatine discs and then implanted into the anterior chamber of a rabbit’s
eye to promote regeneration of the endothelium. However, the dense gelatine scaffold
reduced the flow of the agueous humour, which resulted in disturbing the flow of
nutrients to the other tissues and thus increased the ocular pressure. Researchers have
tried to make highly porous gelatine membranes using a stirring-freeze drying process
followed by chemical crosslinking to enable rapid degradation of the scaffold (Rose et
al., 2014). However, this can be potentially easier to achieve via 3D-printing technology,
where a porous structure of GelIMA can be printed and the degradation rate can be

easily adjusted by tuning the degree of methacrylation in GelMA.
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7.4 Study limitations and future recommendations

A hydrophobic drug (DEX) was chosen in chapters 3 and 4, to determine the effect of
the hydrogel polymer composition on the release rates of the loaded drug. However, no
other therapeutics such as hydrophilic drugs were tested. It is expected that hydrophilic
drugs will have more rapid release profiles compared to DEX, and thus other methods
of controlling the release such as drug encapsulation in nanoparticles(Behl, Igbal,
O'Reilly, McLoughlin, & Fitzhenry, 2016; Jung et al., 2013), and incorporation of diffusion
barriers such as vitamin E or molecular imprinting techniques (Hui et al., 2012) might
have to be used, Furthermore, only one concentration of EGDMA (3%) was used in
chapter 3 in the prepared silicone hydrogel contact lenses, therefore it will be useful to
test the effect of various concentrations of EGDMA on the drug release profiles and lens
properties. It is worth noting that preliminary tests incorporating higher concentrations
of EGDMA with HEMA hydrogel resulted in stiff films that are not suitable in BCL

applications.

BCLs that are intended to be applied for more than one day and therefore should have
high oxygen permeability, which is a parameter that measures the ability of the lens to
allow the diffusion of oxygen to the eye so as to prevent corneal hypoxia and
neovascularisation (Nasr, Khoee, Dehghan, Chaleshtori, & Shafiee, 2016). The high
oxygen permeability of commercially available silicone hydrogel contact lenses is due to
the presence of siloxane groups (Nicolson & Vogt, 2001). Moreover, other studies have
confirmed that the incorporation of 0.75 M PDMS results in oxygen permeability of 75
Barrer, therefore all the silicone hydrogel lens formulations prepared in chapter 3 are
expected to be within the acceptable oxygen permeability limits (J. J. Wang et al., 2012).
It is expected that for the 3D-printed BCLS developed in chapters 4, 5 and 6 of this thesis,
the printed pores within the lens enable the diffusion of oxygen into the cornea.
However, testing the oxygen permeability of the BCLs is beneficial to confirm their
suitability for prolonged use. This can be done using an oxygen permeation apparatus
that consists of a donor chamber (holding oxygenated deionised water) and a receiver
chamber (holding a larger volume of water that was deoxygenated by bubbling nitrogen
gas) where the lens is placed in between. The oxygen concentration in the receiver
chamber is measured over time and the data is filled in a diffusion model to determine

the oxygen permeability of the lens (Jung et al., 2013; Nasr et al., 2016).
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Another important consideration in the development of BCLs is their surface wettability
which is an important parameter that affects eye comfort, maintains a stable tear film,
enhances the adhesion between the BCLs and the ocular surface and prevent the
accumulation of proteins and lipid on the surface (Lasowski & Sheardown, 2016; C. Xu
et al., 2016). Efforts to enhance the surface wettability of silicone hydrogel BCLs
developed were not within the scope of this thesis. Surface treatment with hydrophilic
monomers or incorporation of an internal wetting agent such as poly(ethylene oxide)
(PEO) and polyvinyl pyrrolidone (PVP) (Kaczmarek et al., 2014) are usually performed in
commercial silicone hydrogel contact lenses (Soluri et al., 2012). However, incorporating
a hydrophilic wetting agent within the silicone hydrogel lenses might result in rapid drug
release profiles, therefore surface treatment is recommended. Plasma surface
treatment can be used to oxidise the lens surface converting the surface organic
silicone to a layer of inorganic silicates with high wettability (Wagner, 2018) or to
deposit a thin layer of a hydrophilic polymer on the lens surface (J.-S. Chen, Ting, Tsou,
& Liu, 2018). Moreover, surface treatment can be performed by means of surfactants
(Tran, Sung, Copley, & Radke, 2012) or grafting a layer of a hydrophilic material such as
HA (Myrto Korogiannaki, Jones, & Sheardown, 2018). The surface wettability of the lens
is determined by contact angle measurement between a droplet of water and the lens
surface (L. Cheng et al., 2004). As for GelMA BCLs, prepared in chapters 4, 5 and 6, the
hydrophilic nature of the hydrogel might be helpful in preventing protein and lipid
adsorption. Furthermore, it was reported that the incorporation of immobilised HA
resulted in a dramatic decrease in adsorption of tear proteins on contact lenses (Van

Beek, Weeks, Jones, & Sheardown, 2008).

Transparency studies were not performed in this thesis since it is not a critical property
for BCLs that are indicated in corneal injuries and post-surgery. The cornea at this stage
is fragile and covering the eye for 1 week while the BCLs are in place is the best option.
Moreover, the thickness of the prepared BCLs was 0.35 mm, which is thicker than the
marketed BCLs of an average thickness of 0.07 mm. Therefore, results Are hard to

compare (Razmjoo et al., 2012).

Several hydrogel formulations have been successfully printed using an extrusion-based
3D-printer. According to the nature of the formulated hydrogel and its printing

behaviour, the nozzle diameter, extrusion pressure and speed were chosen via manual
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trial and error methods. It was evident that the concentration and type of the hybrid
polymers inks affected the printing parameters and the printed structure due to the
different rheological properties of each hybrid polymer mixture. Unfortunately, the
rheological parameters of the formulated polymers in this thesis have not been
assessed, however, it would be beneficial to determine the effect of the incorporated
polymers on the viscosity and shear thinning properties of the formulated GelMA
hydrogel polymer mixtures. The viscosity and shear stress of the hydrogel polymer
solution at the printing temperature is determined via a rheometer that applies linearly
increasing shear rate values on the hydrogel (Lim et al., 2016). It is also important to
consider that printing fidelity increases with increasing the viscosity of the ink (Malda et
al., 2013). Furthermore, the effect of the polymer composition on the shear-thinning
properties of the ink can be determined via shear recovery experiments that determine
the response of the material to the application and removal of shear strain in a 2 min
interval. High-shear thinning properties of hydrogels is beneficial in extrusion-printing
applications, where the material is viscous enough to be extruded in a continuous
filament, viscosity drops within the printing needle and rapidly regains its viscosity after
extrusion to resist deformation of the printed structure and allow layer-by-layer
application for more complex constructs (Liliang Ouyang, Christopher B Highley,

Christopher B Rodell, Wei Sun, & Jason A Burdick, 2016).

In chapters 5 and 6, HCEpC were successfully loaded into the GelIMA hydrogel matrices
to be used as therapeutic BCLs that could potentially be used for the treatment of
moderate-severe corneal injuries. However, further studies are required to determine
how the loaded cells will behave in vivo. This can be performed by inducing a burn on
an animal ocular surface after applying an anaesthetic, fixing the cell-loaded BCL on the
eye surface via suturing the upper and lower lids in the experimental group. Control
groups should be included in the trial using non-medicated BCL or no lens at all. Eyes
should be examined and photographed immediately after the treatment, after 3 days
and 7 days. Images obtained at each time point should be compared to the original
images of the burned eye before the start of the treatment protocols, which help assess
their effectiveness (W. Xu et al., 2018). Another method of visualising and imaging the
injured part of the cornea is by using a slit-lamp(Lai et al., 2010) or a fluorescent dye that

sticks to the injured cornea and can be visualised under blue light (Ye et al., 2014).
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In the proposed cell-loaded BCL, the cells should optimally detach from the BCL and
reattach to the corneal surface of the injured eye, therefore testing how many days after
culturing of the cells on the BCLs it should be applied on the injured eye must also be
performed as part of the pre-clinical development process. It has been reported that
autologous epithelial stem cells were successfully transplanted onto silicone hydrogel
contact lenses and applied onto the injured cornea for 2 weeks to treat patients with
LSCD (L. W. Jones et al., 2016). Furthermore, it would be also beneficial to determine
whether or not the hydrophilic nature of HA will help maintain the moisture content of
the BCL and the eye during the application time and prevent the eye from drying out. It
is worth noting that some artificial tears eye drops contain HA for the treatment of dry
eyes (Aragona et al., 2002; Fezza, 2018). Further studies incorporating both HA and
collagen with GelMA hydrogel can obtain a better image of how those three hydrogels
work together as a hydrogel hybrid material used to formulate BCLs for the treatment

of corneal injuries.

7.5 Conclusion

In this thesis, solvent casting and 3D-printing techniques were employed to successfully
develop corneal bandages for the treatment of corneal injuries. Depending on the type
of loaded therapeutics, the BCL was designed to treat different stages of injuries. Mainly,
DEX loaded BCL were developed to reduce inflammation and promote rapid corneal
healing in mild-moderate corneal injuries, while the cell-loaded BCL was developed to
promote corneal healing in moderate-severe corneal injuries where the cornea loses its
ability to self-regenerate following the full or partial loss of the limbus. The use of drug-
eluting BCLs will ensure the delivery of the loaded drug in a controlled manner with high
patient compliance, and thus without fluctuation of the drug doses. This will result in
improved clinical outcomes and fewer side effects due to the lower doses of drug

delivered compared to the eye drops.

The importance of scar-free corneal healing increases with the increase in corneal
surgeries such as cataract and refractive surgeries performed every day. Moreover,
corneal scarring resulting from conditions and diseases affecting the cornea can lead to
vision-impairing disabilities which severely impact on a patient’s independence and

quality of life (Bergwerk, 2011). The innovative, patient-friendly and cost-effective cell-
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loaded BCL is a potential breakthrough in corneal wound healing therapy. The proposed
corneal bandage will pave the way for a more customised approach to benefit people
who require treatment for conditions resulting from blinding corneal eye pathology and
everyday patients of corneal surgery to minimise current post-operative complications.
The lenses can be customised to suit specific end-user needs since they can be tailor-
designed and capable of carrying and slowly releasing various loaded therapeutics, thus
improving patients’ outcomes. This thesis is expected to have a significant impact on the
development of corneal bandages and sets the scene for future opportunities towards

optimising the treatment protocols for the treatment of corneal injuries.
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