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Abstract

Tissue engineering (TE) offers an important alternative for surgical replacement
of diseased or traumatized esophagus. The TE replacement can replicate the
native esophagus in shape and performance. This dissertation describes the
fabrication and characterization of two key components in esophageal TE, i.e.
the muscle and the epithelium. Two different additive fabrication techniques are
investigated due to the inherent diversity in structure of an esophagus.
Customizations of dimension and mechanical properties are made possible by the
additive fabrication, which are vital factors for implantation across ages and
genders. Tubular poly(L-lactide-co-e-caprolactone) (PLC) scaffold is fabricated
by a melt-drawing method to mimic the structure of circular muscles. The
microfibrous solid scaffold serves as exterior of the TE replacement, which is
strong and elastic circumferentially to accommodate bolus. Moreover, it consists
of highly aligned microfibers in the circumferential direction with a uniform
distribution of fiber diameters, which allows the muscle cells to grow along the
fiber alignment direction. The crystallinity of PLC fibers increases with an
increasing melt-drawing speed due to the strain-induced crystallization. The
modulus and the strength are increased with an increase in crystallinity of the
PLC scaffold. Tensile properties of the tubular scaffold are comparable to those
of the human esophagus in the circumferential direction, which also can be fine-
tuned by adjusting the melt-drawing fabrication parameters. Furthermore, tubular
scaffolds with varying diameters and lengths are fabricated. In addition, 3D
bioprinting is employed to regenerate a layer of cell-laden, folded epithelium in
a lumen of esophagus. A new bioink using cell-laden microspheres (CLMs) with

a thin encapsulation of agarose-collagen blend hydrogel (AC blend hydrogel) is

XXi



introduced. Highly porous microspheres provide high specific surface areas for
anchorage-dependent cells to attach, infiltrate and proliferate before printing. AC
blend hydrogel allows a good printability of CLMs, with immediate gelation of
the construct upon printing on the chilled build platform. Tightly packed
construct is bioprinted with high stacking ability using a micropipette extrusion-
based method. The mechanical strength of the bioprinted construct is
considerably enhanced when compared to that with just AC blend hydrogel. The
bioprinted cells proliferate and maintain high viability for up to 2 weeks. In vitro
performance of individual components of a hybrid esophageal TE construct is
successfully illustrated. The hybrid bioengineering of muscle cell-seeded exterior
tubular scaffold and 3D bioprinted interior folded epithelium in the lumen have

taken a great step towards functional esophageal TE.
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Chapter 1. Introduction

1.1 Background

Esophageal carcinoma affects more than 450 000 people in the world
annually and the number of incidence is increasing each year [1]. The 2016
statistics from American Cancer Society show that lifetime risk of esophageal
cancer in the United States is ~1/125 in men and ~1/ 435 in women [2]. It is one
of the most frequent cause of cancer-related deaths with 5-year survival rate of
15-25% [1,3]. Clinical treatments such as radiation are life-preserving, but they
are associated with a marked impairment in quality of life. Complications such
as esophageal stricture, spinal cord myelopathy, skin erythema, hair loss,
mucositis, malnutrition, and fibrosis are common complications after the
radiation treatments [4]. Meanwhile, palliative treatment e.g. esophageal stenting
is a means to relieve symptoms, such as pain and trouble swallowing, but it is not
expected to cure the cancer [5].

Surgical resection (esophagectomy) for the treatment of cancer, atresia,
and trauma is considered as the gold-standard treatment, but could result in
circumferential, full-thickness, and long-segment loss of the esophagus [6,7].
Autologous tissue grafts from the stomach and colon can be used to bridge the
gap for lumen continuity [1]. However, removing intestine or stomach from their
normal positions in the body is less than desirable. Moreover, these treatments
might fail to restore the peristaltic function. Complications such as reflux, leaks,
strictures, ischemia, and postprandial pain were found in 9-60% of patients, and
the associated mortality is ~12% [7].

Transplantation from deceased donor is another viable solution to restore

normal organ functions, providing better quality of life and longer survival [8]



although there are risks for acute to chronic rejection. Nevertheless, there is a
severe shortage of human donor organs. Furthermore, almost every patient who
receives an allogeneic organ transplant must take immunosuppressant drugs to
prevent the rejection of transplanted organs and tissues. These life-long
medications come with morbidity [8]. Many attempts have been made to develop
materials such as elastomers (Tygon), polyethylene terephthalate (Dacron), and
polytetrafluoroethylene (Teflon) [9] for artificial esophageal prostheses.
Unfortunately, there were several possible complications such as stenosis,
stricture, or anastomotic leakage [9]. Alternatives to autologous or allogenic

organ transplants are thus urgently needed.

1.2 Tissue engineering: Requirements and key challenges

An excellent solution would be to engineer a biodegradable tubular
segment in combination with autologous cells to be implanted as illustrated in
Figure 1. This tube created from tissue engineering (TE) techniques would
eventually be replaced by a normal tissue [10]. Replacement with structural
integrity and normal function can be made possible. Tissue engineered

replacement can eliminate the need to harvest replacement tissues from the
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Figure 1.1 Schematic illustration of implantation of a tissue engineered
esophagus after an esophagectomy. The figure is modified from Tan et al. [11].



patient’s own body, would reduce the number of surgeries, be readily available,
likely reduce the surgery-related mortality and morbidity, and improve long-term
functional outcome.

The regeneration of some organs, such as trachea, heart valve, dermis,
and bladder, has reached advanced translational stages in the past few decades
[12,13], yet regenerative medicine applied to the esophagus is still in its infancy.
The reported TE approaches involve the tissue-specific approach, especially for
epithelium [14] and muscle [15] regeneration. Other studies involve innervation,
vascularization, sphincter bioengineering, lymphatic and esophageal gland
reconstruction [6]. Different types of scaffolds (e.g. decellularized matrices [16—
18], synthetic and natural scaffolds [19-21]) and cell sources (e.g. epithelium
[22,23], smooth muscle [15] and mesenchymal stem cells (MSCs) [18]) have
been evaluated for their capacity to repair or restore the esophagus functions.

Based on extensive experiences in the regeneration of trachea [24], an
ideal replacement of the esophagus should meet several criteria i.e. (i) with
suitable dimensions and shapes; (ii) flexible circumferentially but rigid enough
to maintain a lumen; (iii) with surface suitable for epithelium regeneration; and
(iv) easy to handle and insert into the body. There are more challenges in
esophagus regeneration because of the intrinsic heterogeneity in its structure.
Muscle layers, for example, are important in the TE of esophagus so that
peristalsis will be possible [25]. Besides the criteria mentioned above, key
challenges of esophageal regeneration are described in the following sections.

This dissertation aims to address these challenges.



Musculature

In the regeneration of muscularis externa layer of the esophagus, the
scaffold should fulfill the necessary mechanical and topological requirements. It
serves as an outer layer of the replacement, thus acquiring sufficient strength for
holding the structure and to be handled. Meanwhile, it should mimic the native
esophagus muscle to be flexible circumferentially to accommodate bolus.
Dimension and mechanical properties customization of the tube is important
because there is demand for implantation of esophagus TE construct across
different ages, from the young children to the elderly. The temporary transplant
should not differ too much from their own tissue to avoid tissue mismatch [26,27]
and malfunction of the implant. At the same time, the tube should consist of
anisotropic alignment in a specific direction, which is necessary for guiding
unidirectional growth of muscle cells [28]. The alignment of muscle fibers is
extremely important for peristalsis in the replaced segments [25].

Epithelium

Previous studies have found that the epithelium regeneration is of
necessity to avoid stenosis and to facilitate the healing process of tubular
esophagus implants [16]. The epithelium also serves as a protection layer to its
underlying tissues. As opposed to the anisotropic muscle fibers, the epithelial
cells grow in isotropic aggregates that collectively form the folded epithelium
structure at esophageal lumen. The epithelium layer is not highly elastic, hence
need to be unfolded for bolus transportation [29].

Due to the inherent diversity in structure of the esophagus, it is of interest
to generate a multilayered, hybrid TE construct that mimics the heterogeneity in

native esophagus.



1.3 Objectives
Based on the key challenges regarding esophageal TE as described in
Section 1.2, the overall goal of this dissertation is to develop a technique for
personalization of a tubular TE construct by emphasizing on the two important
esophageal components, i.e. muscle and epithelium tissues. The inherent
heterogeneity of the esophagus structure propels the interest to create a hybrid
TE construct. In support of this goal, the main objectives of this dissertation are
listed below:
i) To develop customizable strategies for bioengineering of the structurally
heterogeneous esophagus.
i) To bioengineer the anisotropic musculature with tunable strength and
elasticity.
iii) To bioprint the isotropic epithelium with high strength aiming for TE of

folded mucosa.

1.4 Scope

This dissertation focuses on additive biofabrication design of customized
TE esophageal construct based on the objectives listed in Section 1.3. The
circumferential muscle layer of the esophagus is replicated by melt-drawing of
elastic poly(L-lactide-co-e-caprolactone) (PLC) into a tubular scaffold that is
comprised of highly aligned microfibers in the circumferential direction. The
interaction between the construct and the cells, especially for the formation of
oriented muscle cells on the scaffolds, is systematically studied. Some aspects
regarding scaffold customization, such as mechanical properties and scaffolds’

diameter, are thoroughly considered.



The epithelium layer is 3D bioprinted in this dissertation as a preliminary
study by using a new type of bioink consisted of isotropic poly(D,L-lactide-co-
glycolide) (PLGA) microspheres. Fabrication of the bioink and 3D bioprinting
strategy microspheres fabrication are illustrated in detail, respectively.
Biocompatibility and mechanical properties of the bioprinted constructs are
evaluated.

A hybrid construct is to be fabricated to demonstrate the viability of the

proposed biofabrication concept.

1.5 Dissertation organization

In Chapter 1, a brief introduction to the research background and
motivation for TE of esophagus is described. The objectives and scope of this
dissertation are stated.

Chapter 2 highlights the importance of musculature and mucosa in
esophageal TE. The concept and categorization of TE are described subsequently.
Requirements and key challenges for esophageal TE are discussed. The concepts
of additive, subtractive and formative TE fabrication processes are briefly
introduced. Due to the key objective of customization of TE constructs, additive
biofabrication is the main research focus in this dissertation. In the following
sections, regeneration of the muscle to restore the tissue functions, such as the
motility and peristalsis, in esophagus are discussed. The alignment and survival
of the engineered muscle are the two most important concerns in the scaffold
design. Vital fiber properties for cell and tissue alignment are described.
Requirements for epithelium TE are then listed. To create the folded epithelium,

bioprinting that combines the essence of 3D printing and TE represents the most



attractive option. Moreover, analysis on the commonly used bioinks is also
included.

Chapter 3 begins with introductions of a melt-drawing method and the
evaluation of biomaterials for melt-drawing process. Thereafter, PLC is melt-
drawn to form elastic tubular scaffolds. The chapter focuses on (i) melt-drawing
ability of the chosen elastic PLC and (ii) the possibility of forming oriented
muscle cells on the unidirectional scaffolds. In addition, the dimensions and
mechanical properties of esophagus vary across ages and genders. Hence, there
IS a need to customize these properties of the scaffolds, which is pinpointed in
Chapter 4. An in-depth understanding of structural evolution during melt-
drawing of PLC microfibrous scaffold is presented. Additionally, tensile
properties of the microfibers are studied to build the relationship between
fabrication parameters and mechanical properties. These data are then used to
compare with the properties of native esophagus.

Chapters 5 and 6 demonstrate 3D bioprinting of the epithelium layer of
an esophagus. The novel idea presented is to seed epithelial cells in isotropic
PLGA microspheres as bioink. Cells are expanded in stirred culture on the
microspheres before printing. Chapter 5 reports the studies on the survivability
of cells in the new bioink. Furthermore, to investigate the bio-printability of the
bioink, Chapter 6 introduces a micropipette-based printing method that is to
extrude the bioink layer by layer to form tubes. Strength of the bioink is also
studied.

Chapter 7 summarizes the two important TE components that are
presented, i.e. the outer melt-drawn PLC tubular scaffold and the inner bioprinted

PLGA microsphere construct, which are supposed to replicate the circular muscle



layer and the interior epithelium, respectively. The distinctive features, e.g.
strength and alignment, of the two key components are specified. Chapter 7
further concludes the main results obtained in this dissertation and points out the

future work that needs to be followed up based on the significant findings of this

dissertation.



Chapter 2. Literature review

2.1 Esophagus

The esophagus is part of the digestive system which extends across the
three anatomical planes, i.e. the neck, the thorax, and the abdomen, of the human
body. Hence, it can be categorized into the cervical (proximal), the thoracic and
the abdominal (distal) regions [30]. In the human alimentary canal, the esophagus
is ~250 mm long, connecting the lower end of the pharynx with the cardiac
opening of the stomach [30]. Although the esophagus is part of the digestive
system, it does not have any digestive, absorptive, metabolic, or endocrine
functions. It mainly serves as a hollow and highly distensible muscular tube for
the food bolus transportation from the mouth to the stomach via peristalsis. Its
functions are supported by the upper and lower esophageal sphincters located at
its proximal and distal ends [31]. The esophagus also acts as a barrier to protect
the underlying tissues from abrasive bolus [32].

The organization of tissues within the esophageal wall from lumen
outwards is described as the mucosa, the submucosa, the muscularis externa, and

the adventitia [30] as shown in Figure 2.1. The mucosa layer lines the length of
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Figure 2.1 Cross-sectional view of an esophagus



the esophageal lumen. Stratified squamous non-keratinized epithelium with its
basement membrane reposes in the inmost layer at the lumen in the human
esophagus. Underneath it is a supporting layer of connective tissue called the
lamina propria and a longitudinally oriented, thin layer of smooth muscle fiber
called the muscularis mucosa.

The submucosa joins the mucosa to the muscularis externa. It is
composed of loose connective tissue with blood vessels, lymphatic vessels, nerve
fibers and minor salivary glands. Here, the secretions from the minor salivary
glands can reach the epithelium surface via straight ducts [33]. Specific to the
esophagus, the minor salivary glands produce secretion with high bicarbonate
concentration to neutralize acid from stomach reflux [32]. These salivary glands
also help to maintain a moist epithelium surface containing mucins, a variety of
antimicrobial substances, and epidermal growth factor (EGF) [32].

The muscularis externa consists of the endocircular and exolongitudinal
muscle layers, with a myenteric plexus between the two muscle layers, which
facilitates peristaltic activity [30,34,35]. The circular muscle layer runs
circumferentially around the tract and the longitudinal muscle layer runs parallel
to the length. The muscularis externa is composed of striated muscles in the
proximal portion, smooth muscles in the distal part, and smooth and striated
muscles mixed in the middle of the esophagus [34]. The outermost layer of
esophagus is the adventitia to join itself to the adjoining structures [34]. The

adventitia is a thin layer composed of loose soft connective tissue [31].

2.1.1 Musculature and mucosa

Tubular organs vary substantially in sizes, shapes and structures. In fact,

no two tubes are the same even within a given organism or tissue [36].
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Nevertheless, they usually possess apical epithelial (or endothelial) surface lining
the lumen. The apical surface faces the lumen or the external environment,
whereas the basal surface faces surrounding tissues or basement membrane [36].
Epithelial cells contact neighboring cells via junctional structures i.e. adherens
junctions and tight junctions in vertebrates. This structure serves to anchor the
cells, provide structural support and barrier function to prevent the diffusion of
membrane proteins and lipids between the different cell surfaces [37,38]. These
tubes often comprise an outer musculature that either directly contact the
epithelium or separated by connective tissues [38].

The musculature and mucosa’s epithelium are the most important layers
in the esophageal wall. The primary function of the esophagus is propulsive
peristalsis of the swallowed bolus. This function is mainly mediated by
esophageal musculature in the muscularis externa [6,32]. The peristalsis is
initiated by swallowing and involves sequenced rhythmic contractions of the
musculature, in concert with appropriately timed relaxation of the lower
esophageal sphincter. The circular muscle contraction is well coordinated with
the longitudinal muscle shortening during bolus propulsion [39].

The function of the epithelium in mucosa is the protection of the
underlying tissue from mechanical, chemical, microbial toxins and enzymatic
damage from food bolus as well as reflux from stomach [32,40]. The epithelium
surface is always moistened by the glandular secretion to diminish the friction
when food bolus passes through the lumen. Lipid-based permeability barriers in
the outermost epithelial layers protect the underlying tissues against fluid loss
[32]. The epithelium protects the underlying tissues by rapid epithelial

homeostasis [41]. Cell loss from the epithelium surface is balanced by the cell
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production at the basement membrane. The rapid clearance of surface cells serves
as a protective mechanism whereby the colonization and the invasion of
microorganisms which are adherent to the epithelium surface are limited [32].
The soft tissues of the human esophagus are covered by stratifying squamous
non-keratinizing epithelium for flexibility to accommodate swallowing of
boluses. The connective tissue of lining mucosa, i.e. lamina propria, is elastic and
flexible in nature. It consists of loosely arranged collagen fibers and fibroblasts
embedded in glycosaminoglycans (GAGs) matrix [42]. Under a relaxed state, the
mucosa layer collapses into multiple folds, closing the lumen; while during

passage of food bolus, the lumen opens up.

2.1.2 Variations among human esophagus

The human esophagus varies among individuals, including their
geometrical features and mechanical properties.
Geometrical features

In humans, the esophagus is usually 180-250 mm long [39], extending
from the upper to the lower esophageal sphincter. The length of the esophagus
correlates with an individual’s height [43]. The esophagus is approximately
cylindrical in shape [31]. The diameters of the esophagus vary throughout the
length. By using double-contrast esophagography, White et al. [44] showed the
differences of normal diameter of the thoracic esophagus among 9 persons. The
mean diameter was 20.2 + 4.1 (range from 15 to 28) mm at the level of the aortic
arch, 30.3 £ 5.6 (range from 24 to 42) mm at the level of the carina, and 28.7
4.2 (range from 24 to 37) mm one vertebral body height above the
gastroesophageal junction, with a mean overall thoracic esophageal diameter of

26.3 (range from 24 to 36) mm [44]. As study by Schraufnagel et al. [45]
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illustrated the esophageal lumen diameter through measurement among 110
persons using computed tomography (CT). Greater than 60% of the esophageal
segments contained no air. The average lumen of all segments of all subjects was
2.7 £ 2.3 mm. The average maximum for a given subject was 10.5 £ 5.0 mm. The
greatest luminal dimensions occurred in the area between where the diaphragm
first appears and where the esophagus enters the abdomen.

Bouma et al. [46] and Zuccaro et al. [47] measured the average tissue
thickness of esophageal mucosa by using optical coherence tomography (OCT)
as shown in Figure 2.2 (a). Five anatomic layers of the esophageal wall could be
clearly distinguished, i.e. the squamous epithelium, lamina propria, muscularis
mucosa, submucosa, and muscularis externa. Bouma et al. observed that the
average epithelium thickness was ~270 mm. Zuccaro et al. described that the

average esophageal epithelium was ~182 + 11.7 mm thick in the mid-esophagus,

and ~243 + 12.4 mm thick in the distal esophagus [47]. The whole mucosa was

measured to be ~582 mm thick. The thickness of submucosa and muscularis

(a)

Figure 2.2 (a) OCT images of human esophagus showing epithelium ( ep or
SE), lamina propria (LP), muscularis mucosa (MM), submucosa (SM) and
muscularis externa (MP) [46,47]. (b) Phase-contrast X-ray CT image
illustrating 3D views of esophagus [48].
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externa was ~ 130 mm and ~ 500 mm, respectively [46]. Nevertheless, it is noted
that the layers of the esophageal wall are mainly composed of connective tissues
and muscular fibers, which were compressed by ~1/3 - 1/5 of their overall
thickness when measuring by OCT [47]. The thicknesses of the esophageal layers
are shown in Table 1 as described by Bouma et al., where he compared in vivo

OCT with the ex vivo histology images.

Table 1. Comparison on measurements of architectural layer thickness in OCT
and histology images of an ex vivo normal esophagus specimens [46]

Measurement ocT m(;a[r; (hm) & Hiihc;:lc;gi/ éngan
Epithelium thickness 269+ 11.9 275+ 13.7
Lumen - Lamina Propria 415 + 29.6 408 = 26.0
Lumen - Muscularis Mucosa 582 +£29.9 581 +18.6
Lumen - Muscularis Externa 1032 £ 17.5 1013 + 18.6

Using CT, Xia et al. [49] studied the esophageal wall thickness when
contracting and dilating in normal circumstances. If visible air in the esophageal
cavities could be found, then the esophagus was regarded as being in the status
of dilatation. When contracting, the abdominal esophagus was the thickest and
the thoracic was the least thick with average thicknesses of 5.68 (range from 5.28
to 6.09) mm and 4.05 (range from 3.71 to 4.21) mm, respectively. The cervical
esophagus was the thickest and the thoracic part was the least thick with average
thicknesses of 2.70 (range from 2.52 to 2.94) mm and 1.87 (range from 1.70 to
2.04) mm during dilatation, respectively. Cervical esophagus dilated least with a
luminal diameter of 4.78 (range from 4.06 to 5.51) mm. An average thickness of

esophagus was 4.70 + 0.86 mm. Esophageal wall thickness was found to be
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significantly larger in males with a thickness of 5.26 £ 0.92 mm as compared to
females with a wall thickness of 4.34 £ 0.60 mm.

Literatures show that dimensions of the esophageal tissues differed
among humans. Great variations have been found between the previous studies
[44-47,49]. In addition, big standard deviations have been presented in each of
the study. This could be an indication of the esophageal size variations among
human. With the improving imaging techniques, the diameters and the thickness
of the esophagus layers can be more precisely measured. One example would be
the phase-contrast X-ray CT imaging technique which clearly depicted normal
esophageal wall, including the mucous, submucosa and musculature [48] as
previously shown in Figure 2.2 (b). These imaging techniques will be very useful
in the dimension customization of esophageal TE constructs.

Mechanical properties

The esophagus possesses strong and tough mucosa layer to protect itself
against propulsion of the abrasive food or fluid bolus. It must be highly extensible
in the circumferential direction to accommodate bolus transportation from the
pharynx into the stomach by sequenced peristalsis.

The esophagus is a highly elastic organ exhibiting anisotropic behavior
[29,50]. Vanags et al. [29] reported that the human esophagus is stronger
longitudinally than radially, with average ultimate strengths of 2.19 + 0.06 and
1.41 £ 0.05 MPa, respectively. However, an opposite trend was observed for
elasticity. The esophagus is more elastic circumferentially with an average elastic
modulus of 1.44 + 0.06 MPa, as compared to modulus of 2.30 £ 0.09 MPa in the
longitudinal direction. It has lesser mean ultimate strain in the longitudinal

direction, 70.0%, as compared to that in the circumferential direction, 82.5%.
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Meanwhile, Egorov et al. [51] determined the ultimate longitudinal strength of
the human esophagus to be 1.29 MPa, and the maximum elongation of 143.4%.
Different parts of the esophagus have varying strengths, e.g. the cervical part has
maximum ultimate tensile and strain when compared to the thoracic and the
abdominal parts [29]. Modulus of the esophagus is compared with other tissues
as shown in Figure 2.3 [52-55]. It is noted that the elasticity of muscle is ~10 kPa
[52]. Meanwhile, the elasticity of full wall thickness tubular tissues lie in between

10 to 107 Pa range.
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Figure 2.3 Modulus of esophagus in comparison with other tissues and tissue
culture polystyrene (TCPS). Esophagus is more elastic in circumferential
direction to accommodate normal food bolus of ~10 mm.

Vanags et al. [29] evaluated the esophageal stress, strain, ultimate strain
deformation energy and the tangential modulus of elasticity of healthy human
esophagi experimentally in 4 different age groups. A summary of their results is

appended in Appendix A. Generally, esophageal stress and strain decrease with
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age. Meanwhile the moduli vary among the age groups probably due to the
different lifestyle for individuals.

The mucosa and the submucosa layer form numerous folds along the
longitudinal direction, which results in an irregular outline of the lumen in the
cross section. By pushing in the circumferential direction, these folds are
unfolded with no damages [29]. The elastic fibers in smooth muscles and striated
muscles provide elasticity to return to the normal state after stretching. The food
bolus transportation through the esophagus is largely due to gravity, but also
requires peristaltic contraction for its propulsion towards the stomach [35]. The
esophagus could be stretched circumferentially by 50% under pressure in the
range of 3-5 kPa that was exerted by a food bolus of the normal size of 10 mm
[56] as shown earlier in Figure 2.3. The intraluminal pressure for rupture was
determined to be 55 kPa [29]. When testing the stiffness of different layers of the
tissue, it is the maximum in the mucosa—submucosa followed by the intact
esophageal wall and then the muscle [57]. Gregerson et al. [58] found that there
were significant compressive residual strains in the mucosa—submucosa layers
and tensile residual strains in the muscular layers.

The mechanical strength of the tubular wall is largely derived from the
extracellular matrix (ECM) components produced by cells, particularly collagen
and elastin that exist in the tube wall. Collagens are fibrillar proteins and can give
structural support to resident cells [59]. The collagens strengthen and organize
the matrix. With the high tensile strength and stiffness imparted by collagen
fibers, structural integrity of a tube can remain intact. Meanwhile, rubberlike
elastin fibers contribute resilience to tissues [60,61], allowing them to stretch

when needed and then recoil back to the original state. In the esophagus, collagen
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type 1V is secreted by the epithelial cells which forms the junction between cells
and the basement membrane. Collagen type | and elastin are secreted by the

fibroblasts and muscle cells [61].

2.2 Tissue engineering of tubular organs

“Tissue engineering” is a multidisciplinary field that uses biomaterials
with or without the incorporation of cells to regenerate tissues as 'spare parts'
[10,62]. The biomaterials served as temporary matrices or scaffolds to support
tissue growth [63,64]. Cells are incorporated to stimulate the tissue growth [65].
TE constructs can be implanted in patients to induce the regeneration of tissues,
aiming to replace or repair malfunctioning tissues or organs due to disease,
trauma or ageing [66]. The structural complexity of the tissues induces enormous
challenges to tissue engineering. Additionally, the functionalities of the tissues

should be commenced by the TE constructs after implanted.

2.2.1 Requirements: Microenvironment and cell behavior

With decades of efforts and experiences in TE, it is summarized that the
tissue-engineered scaffolds should possess: (i) biocompatibility; (ii) macro and
micro tissue mimetic structures; (iii) sufficient mechanical properties; (iv) open,
interconnected pores and high porosities with appropriate pore sizes; and (v)
suitable surface area and surface chemistry [67] as shown in Figure 2.4.

First, the scaffold must be biocompatible. The materials chosen must be
non-mutagenic, non-antigenic, non-carcinogenic, non-toxic, non-teratogenic and
possess high cell compatibility [67]. The scaffold fabrication method must be
carefully selected such that undesirable foreign matters (e.g. porogen, dirt, etc.)
and solutions (e.g. organic solvent, detergent, etc.) would not remained in the

scaffold. The degraded fractions and monomers of the scaffold should be
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Figure 2.4 Requirements for tissue engineering scaffolds

biocompatible as well, such that they can be metabolized and discharged from
the body.

Scaffolds should be made up of the biomaterials with 3D macrostructure
that mimics the tissues or organs to be replaced [67,68]. In terms of TE of the
tubular tissues, tubes of certain lengths, thicknesses and lumen diameters are
required for different patients. For example, esophagus replacement for infant is
shorter, thinner, with smaller lumen when compared to the adults. Hence,
customization in the fabrication of scaffold is preferred to precisely replace the
tissues of the patients. In addition, the microstructure of scaffold should be able
to replicate the form of ECM in respective native tissue [69-71]. There are
specific alignments of the ECM which affect the phenotype of each cell types
that form the esophagus [11,72,73]. These complex cells and ECM orientations
construct the proper functionalities and structural integrity of the esophagus. The

temporary scaffold with micro- and macrostructural imitation would then guide
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tissue regeneration where the healthy tissue will eventually take over the
degrading scaffold [67].

The scaffold resembling the physiological functions of the native tissue
should be fairly strong to prevent it from rupture or collapse [67]. Retention of
adequate strength in vivo is especially critical for the tubular scaffold to
accommaodate stresses and loadings imposed onto it. This can avoid tube collapse
that can cause stenosis or narrowing of tubes. Studies suggested that the elasticity
of the scaffold ought to be well suited to the surrounding tissue in order to prevent
modulus mismatch between them [74]. Other mechanical requirements to tubular
tissue replacements include compliant, kKink resistant and good suture retention
strength. Elastic scaffold with similar compliance to the native tubular tissue
would allow fluids or food boluses passing through it smoothly. Kink resistance
of the scaffold can prevent it from bending after implantation. Suture-holding
capacity of the scaffold is important as it should be sufficiently strong to retain
surgical anastomosis. After implantation, degradation of the scaffold ought to be
fine-tuned so that it possesses enough structural integrity before the new tissue
replaces them [67].

Open, interconnected pores in scaffolds enable nutrients, oxygen and
metabolic wastes transportation into, throughout and out of the construct for cell
and tissue growth [75]. Scaffolds with high porosities and appropriate pore sizes
are of necessities for cell infiltration. For thick tissue regeneration, these pores
can enhance vascularization in vivo, i.e. formation of capillaries [76], which is
critical for long-term tissue survival. Pore size is vital for guiding functional
tissue growth. Tubular tissues usually consist of epithelium in the lumen and

smooth muscle in the outermost layer. Although there are contradicting studies
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that showed that large pore sizes ranging from 150 to 250 mm are good for growth
and stratification of the epithelium [77,78], most of the studies have found that
submicron pore sizes of 0.1-0.8 mm supports its stratification [79-81].
Meanwhile, the outer layer of the scaffold requires a large pore size (>50 mm)
[82,83] for vascularization because there is abundance of vascular vessels found
in the smooth muscle. In fact, a large pore size of >400 mm is beneficial for the
efficient growth of blood vessels [84].

Finally, the scaffold must have suitable surfaces and surface chemistry.
A high scaffold surface area to volume ratio is needed for the high cell attachment
to accelerate the tissue formation [85]. It also helps to speed up scaffold
degradation [86]. Surface properties of the scaffold are important for cell
attachment and proliferation [87]. It is vital in cell recruitment and healing at the
tissue-scaffold interface in vivo. Surface modification is usually performed on
the scaffold material if its surface property is not sufficiently satisfactory [88,89].
Some of the TE scaffolds require specific surface chemistry. In blood vessels
regeneration, low thrombogenicity of the scaffold surface is usually required [90].

These five scaffold requirements are closely related to each other.
Physiochemical properties, e.g. mechanical strength, degradation and pH
stability, [91] of the scaffold directly determine the selection of biomaterials as
well as processing, morphology and degradation kinetics of scaffold. Although
high specific surface area is preferred in TE, the mechanical properties decrease
with increasing specific surface area. On the other hand, specific surface area
decreases with increasing pore size. Hence, there is no perfect solutions for all
the requirements. However, there may exist optimal requirements for TE of a

tissue. Based on experiences in regeneration of trachea [24], several criteria can
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be summarized as follows: (i) suitable dimensions and shape; (ii) flexible
circumferentially but rigid enough to maintain a lumen; (iii) with surface suitable
for epithelium and muscle regeneration; and (iv) easy to handle and insert.
Among others, these represent the qualities of an ideal esophageal scaffold. Due
to its heterogeneity in structure throughout layers, it is almost impossible to
regenerate an esophagus using one single TE approach. For example, in
epithelium regeneration, pore size and surface continuity are of utmost
importance for its stratification to multiple layers; while in smooth muscle

regeneration, pore shape is essential to guide tissue growth in certain alignments.

2.2.2 Strategies: Additive, subtractive, and formative fabrication

There are various techniques in producing TE constructs. The techniques
can be divided into three broad categories namely formative, subtractive, and
additive fabrication as shown in Figure 2.5. The categorization is based on the
three main classes of manufacturing [92]. Formative fabrication usually forms
objects by casting or molding. Subtractive fabrication involves removal of
materials during fabrication of a construct. Additive fabrication describes
techniques that form constructs by adding materials, usually layer upon layer [92].
When cells are involved in the TE process, the design of cell incorporation in the
TE construct will become very important. Based on observations, there are two
different cell incorporation methods, i.e. “concurrent” and “asynchronous”
modes. A concurrent method means that the living cells are involved during the
TE construct fabrication. For instance, cell sheet stacking [93] and 3D bioprinting
processes [94]. On the contrary, an asynchronous method refers to the

conventional approach by post cell-seeding on the fabricated scaffolds. The
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Figure 2.5 Illustration on the classification of tissue engineering approaches.

implementation of asynchronous method highly relies on the scaffold design
particularly the pore size for sufficient cell infiltration. Furthermore, it is still
challenging to involve multiple cell types within one TE construct. On the other
hand, the concurrent method may require a stringent building environment for
TE construction such that cells could remain viable throughout the entire process.
In addition, there is another category of TE approach that merely employs living
cells for regeneration of tissues or organs, in which cell-based therapy [95] and
organotypic culture [96] are the two representative techniques. However, this
category is beyond the scope of this dissertation work.

Materials that have been used in fabricating scaffolds are categorized in
Figure 2.6. These materials have been extensively reviewed [97-99]. The

selection of biomaterials usually depends on the biomechanical properties needed
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to match to the implantation site as illustrated in Figure 2.7 [100] and the desired

degradation time frame (if any).

Materials for
scaffolds

Figure 2.6 Classification of materials for engineering scaffolds
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Here, only TE of tubular tissues are reviewed. Since tubular tissues are
normally soft tissues, the TE methods described below are based on fabrication
techniques using soft materials such as polymers (and hydrogels) and biologic
materials.

Formative fabrication

Formative fabrication of TE constructs includes injection molding,
compression molding [101], polymer precipitation [102,103], melt molding
[104], solvent casting [105], gas foaming/high pressure processing (dispersion of
a gaseous phase in a fluid polymer phase) [106], extrusion, hydrocarbon
templating [107], and combinations of these techniques [77]. Molds or containers
are utilized in these techniques to form macrostructure of scaffolds, usually in
simple uniform geometries such as tubes. Gelatin, which is essentially denatured
collagen, is frequently used to form TE tubes by casting or dipping [108-110].
In most cases, gelatin structure can be stabilized by chemical crosslinking
[109,110]. The gelatin used to form constructs usually requires asynchronous cell
seeding after scaffold formation as most of the chemicals involved such as
aldehydes are not cell-compatible. A concurrent cell-material forming method
was illustrated by Twal et al. [111]. They cast cell-laden gelatin microcarriers in
agarose molds. Cellular microspheres adhere to one another by forming ECM to
create 3D tubular constructs. Some other materials can also be used to form TE
tubular scaffolds. A similar study reported the fabrication of tubular scaffold by
dipping stainless steel rods into silk solutions [112]. It showed that sizes of the
TE tubes could be varied by changing the rod dimensions. In their study, however,

tubes with inner diameters larger than 2 mm were found to be occasionally
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subject to cracking due to the silk drying around the stainless-steel rods after
methanol treatment.
Subtractive fabrication

Subtractive fabrication includes removal of porogen or particulate (e.g.
salt [102], sugar [113], wax, or ice [114]) [115], cells (i.e. decellularization) [16—
18], solvent and even materials (e.g. laser drilling, etching) from the bulk.
Porogens and particulates are employed in TE techniques (e.g., particulate
leaching, hydrocarbon templating, etc.) to create porous scaffolds [113,115].
These porogens usually can be dissolved easily for pores formation. The pore
sizes can be optimized by changing the porogen size [113]. On the other hand,
solvents are usually required to dissolve the polymers for process-ability. When
removing the solvents, pores will be created within the polymers [21]. Solvent
evaporation or phase separation methods, e.g. thermally induced phase separation
(TIPS), are also commonly used in creating scaffold porosity [116,117].
Porogens (e.g. ice) and solvents in the scaffolds can also be removed by
lyophilizing or freeze drying [114], thus producing porous scaffolds. Laser
machining which is used to produce macro-pores [118] or grooves [119] on
scaffolds, usually for cell infiltration and alignment, is another effective
subtractive fabrication approach.

Decellularization presents a unique subtractive fabrication process.
Allogeneic or xenogeneic donor organs are obtained, followed by removing the
cells to avoid adverse immune response. It gives an acellular naturally occurring
3D biologic scaffold material which provides the opportunity for direct
connection to the patients’ vasculature [120]. Decellularization is often applied

to TE of tubular organs [121-123]. A successful example of transplantation of
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decellularized cadaveric trachea, which was seeded with autologous pluripotent
stem cells, was presented [124]. The scaffold maintained the morphological
configuration of ECM, which leads to great success in trachea regeneration.
Studies have shown that different decellularized matrices were used to regenerate
esophagus [18,125]. The biologic esophageal scaffold is usually obtained from
human skin (AlloDerm®) [126], porcine small intestine submucosa (SIS) [127]
or porcine urinary bladder mucosa (UBM) [128]. The biologic matrices show
promising results in supporting cell growth. However, unlike the trachea, it is
still challenging currently to achieve a non-collapsible tubular biologic scaffold
that can function temporarily for esophageal transplantation [7].

In subtractive fabrication, the removal processes must be cautiously
carried out. Incomplete removal of porogens, cells, detergents, or solvents from
the scaffolds, especially in thick constructs, will result in harmful residues that
can have adverse effects on recipient upon implantation. TE methods that solely
rely on subtractive fabrication can only belong to “asynchronous” TE approach,
unless very mild subtractive process is used. Unavoidably, in most of the TE
construct fabrication process, subtractive fabrication was involved to create
interconnected macro- and micro- pores within the constructs. By incorporating
subtractive method into the formative fabrication, dip TIPS involves dipping of
a metallic template bar into a polymer solution. Polymer foams were produced
via subsequent filling of a freezing mixture to induce the phase separation of the
polymer solution and then freeze-extraction [117]. Like most of the formative
fabrication methods, the dimensions of the tubes can be customized by using
different sizes of mold. Another reported method involved the decellularization

of SIS, followed by laser machining of micro-pores on the ECM. Then, cross-
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linkable hyaluronan-based hydrogel was cast in the laser machined ECM [129]
to produce a tubular scaffold.
Additive fabrication

Additive fabrication builds up objects by adding materials, which
includes 3D printing [67,130,131], fibrous or textile technologies [132,133],
membrane lamination [134], particle sintering [135] and cell sheet stacking [93].
As opposed to most of the conventional TE methods, additive fabrication can
produce customized scaffolds. Due to these advantages, additive fabrication of
tubular scaffolds will be the focus of this dissertation. 3D printing methods
include but not limited to fused deposition modelling (FDM), selective laser
sintering (SLS), stereolithography apparatus (SLA), and 3D bioprinting. These
additive fabrication methods can maintain high levels of accurate control over
their macro- (e.g., spatial form, mechanical strength, density, porosity) and
microstructural (e.g., pore size, pore distribution, pore interconnectivity)
properties [64,67]. The different 3D printing methods for tissue engineering and
their advantages and disadvantages were discussed in the review papers
[64,67,131].

Fibrous or textile technologies are very common in fabricating tubular
scaffolds [26,136], particularly the electrospinning method [137-140]. It is
evident that the tubular fibrous scaffold can be produced with controllable fiber
alignment. Although the cell sheet technology presents a promising approach in
fabricating vascularized tissues, the process is tedious and time-consuming due
to the stacking or rolling of thin membrane layers. In esophageal TE, 2D cell
sheet has been implanted and shown epithelization in vivo [141]. Nevertheless,

tubular cell sheet fabrication for full-length and full-thickness esophageal TE
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presents enormous challenge as they are too fragile and too weak to maintain the
lumen. A similar example would be the cell-seeded polyglycolic acid (PGA) and
poly(e-caprolactone) (PCL) meshes that wrap around silicone tube for the elastic
tube regeneration [142]. Thin layers of the cell-seeded meshes or membranes
wrapping with great control over timing and skills are essential for tubular TE
constructs.

To sum up the various TE materials studied for the esophageal TE, the
strengths and weaknesses of these materials are summarized in Table 2. It was
mentioned that the dimensions of esophagus vary among individuals. An ideal
esophageal scaffold produced by an additive fabrication would serve as a
customized organ substitute. This tailor-made scaffold could be based on the CT
or magnetic resonance imaging (MRI) scan of the esophagus. FDM [143,144],
fibrous or textile technologies [26,137], 3D bioprinting [145,146], and cell sheet
stacking [93,147] have been utilized to generate tubular TE constructs. FDM and
fibrous technologies represent the asynchronous cell incorporation TE method.
They can produce anatomically-shaped acellular scaffolds followed by
autologous cells or stem cells seeding before implantation. On the other hand, 3D
bioprinting and cell sheet technologies belong to concurrent cell incorporation

TE method.
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Table 2. VVarious materials for esophageal tissue engineering

Scaffold type Materials Strength Weakness
Non- PET, nylon, » Abundant materials * Need stent (and
absorbable silicone [148,149], | « No product removal)
(may couple Dacron, self- degradation and no * No tissue
with expanding metal cytotoxicity regeneration in large
absorbable stents [7] « Controlled off-the- defects
materials such shelf « Stenosis after stent
as collagen Cells: * product removed
[148] and Accelular * Reproducible * Might provoke
AlloDerm [7]) product foreign body reaction
Bio- PGA-collagen  Abundant * Necessity of surface
degradable [150], Vicryl mesh- biomaterials modification such as
synthetic collagen [151], * Reproducible to cover polymer
materials PGA, PLA [152], fabrication surface with coating
PCL [153], « Biocompatibility of collagen
PLC [20,116] * Resorbable « Lack control of
biomaterials degradation
» Wide variety of * No similarity
polymers component to the
« Possibility to control native tissue
microarchitecture * Toxicity or acidity of
Cells: products degradation
Accelular or « Scaffold architecture
Epithelial and/or depending on the
fibroblast and/or nature of fabrication
SMCs [77,154,155] « Control of variable
types of fabrication
Biologic Porcine’s UBM, » Mimic the native * Possibility of
materials SIS [17], Human- tissue cytotoxicity
derived AlloDerm « Similar architectural (chemical
[77] environment as the decellularization)
native tissue * No standardized
» Mechanical evaluation of
properties similar to immunogenicity
the native tissue « Lack of study for
Cells: « No immunogenicity decellularized
Accelular [156] or if properly esophagus matrix for
Stem cells decellularized human
especially BMSCs | « Possibility of cells transplantation
[18] seeding with stem * Heterologous matrix
or cells for controlled in
Epithelial and/or vitro and in vivo
fibroblast and/or differentiation
SMCs [16] * Industrial process
(e.g. AlloDerm)
Legends:

PET: Polyethylene terephthalate; PGA: Polyglycolide; PLA: Polylactide; PCL: Poly(e-caprolactone);
PLC: Poly(L-lactide-co-caprolactone); UBM: Urinary bladder matrix; SIS: Small intestinal submucosa;
AlloDerm: Decellularized human dermis; SMCs: Smooth muscle cells; BMSCs: Bone marrow stem cells
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There are specific phenotypes and alignments of each cell type that form
the tubular tracts. In the esophagus, these complex cellular compositions
construct its proper functionalities. Although the heterogeneity of the esophagus
in terms of location, function, and tissue variation impedes the efforts in TE,
substantial efforts have been made over the last decade to regenerate the tissue.
TE esophageal scaffolds are used to mimic its vital function of peristalsis. While
degradation of the scaffolds proceeds, it is envisioned that the newly formed
tissue can restore the function of peristalsis, together with the other important
functions e.g. the secretion of mucous by the esophageal mucosa which provides
lubrication for the transportation of food bolus.

Most of the studies have focused on the regeneration of the smooth
muscle [17,72,155] or the epithelial lining [14,77,153,157,158], or these both
layers [159] of the esophagus. These were also applied for the other tubular
tissues such as the rest of the gastrointestinal tract (Gl tract) [6]. Taking these
into account, the proposed strategy in this dissertation for esophagus TE shall be
based on the approach of assembling these two heterogeneous components in
vitro, which could be assimilated to construct a composite hybrid tissue for in

vivo implantation.

2.3 Tissue engineering of musculature: Biomimetic fibers for cell
alignment
Nakase et al. demonstrated the thoracic replacement of in situ tissue-
engineered esophagus in a canine model [25] by using oral keratinocytes and
fibroblast cultured on human amniotic membrane. These were attached to SMCs

seeded on a PGA felt. However, an absence of peristalsis was observed in the
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tissue engineered esophagus segment due to the lack of orientation of SMCs and
the missing enteric nervous system.

In the esophagus, it is known that there are two different layers of muscle
in the muscularis externa. Esophageal peristalsis primarily results from
sequential contraction of circumferentially aligned muscle. Longitudinal muscle
may also play a role [160] but is less critical when compared to the
circumferential muscle. The muscle layers consist of SMCs or skeletal muscle
cells together with ECM fibrils that have significant orientations to provide
sufficient mechanical strength to withstand the pressure of food bolus and fluid.

Smooth and skeletal muscles are formed into highly organised and
hierarchical tissues. Creating and maintaining cell morphology have been a
challenge in TE of muscles [72,161,162]. Heterogeneity and phenotypic changes
in SMCs are usually accompanied by morphological difference, i.e.,
elongated/spindle-like versus spread-out or epithelioid/rhomboid cell shapes
[162]. Elongated SMCs retain its phenotype with expression of muscle-specific
genes [163]. Similarly, when myoblasts grow in random swirling patterns, they
are not conducive to the formation of efficient muscle contraction [164,165].
These muscle fibres must grow in parallel to one another with identical
anisotropy. Among the additive fabrication methods, one of the most
straightforward way to create elongated muscle cells and 3D cell alignment is via
techniques that can form microfiber alignment. The reason is because it has long
been known that the topography of a scaffold can affect these aspects of the
cellular response. When placed on fibers of certain dimensions, many cell types
align themselves in the direction of the fibers. This phenomenon is termed

“contact guidance”. By contrast, a randomly distributed topography such as a
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porous surface is unlikely to align cells in a desired direction. Additionally, when
compared to grooved flat sheets, fibrous scaffolds can provide 3D cell alignment

throughout the thickness of the constructs.

2.3.1 Fibrous scaffolds for cell alignment

Researchers have demonstrated that the fabricated scaffolds should
consist of a high density of aligned muscle cells to regenerate functional muscular
tissues [83,161,166]. Hence it is desired that scaffolds are designed to (i) support
cell—cell interactions and (ii) guide cell alignment for mimicking the tissue
structure.

Fabricating fibrous polymer scaffolds is one of the promising approaches
for cell alignment as the fibers are geometrically similar and could duplicate the
properties of these natural tissues. Meanwhile, aligned fibrous scaffolds can be
designed to provide directional cues for cell migration and to enhance
regeneration of oriented tissues [70,167,168]. Pre-alignment of the cells assists
in the increase in muscle fiber formation and content [169]. After sufficient time
for cell proliferation, the parallel fibers could also form high-density cell
constructs, implying potential ability for muscle tissue regeneration.

In fibrous scaffold fabrication, the fiber diameter [170-172] and the fiber
alignment [70,167,168] are the two most studied topics to achieve cell alignment
among the others, such as the fiber surface roughness and texture [173], the fiber
surface modification [168], the geometrical fiber spacing [132], and the scaffold
mechanical strength [174]. In fact, all these design factors together with the
engineering limits are equally important in TE applications.

Studies indicated that there was a fiber diameter range beyond which the

cells would not be able to align to the fiber diameter. It was reported that the
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human skeletal muscle fibers ranged from 5 to 100 mm in diameter [175], which
could be an indication for the desired fiber diameter of TE muscular scaffolds.
Charest et al. [176] reported that when culturing myoblasts on 5 to 75 mm grooves,
significantly high cell alignment was observed on the grooves with widths of 5
to 25 mm. Neumann et al. further showed the high alignment of myoblasts
cultured on fibers of 10 to 15 mm in diameter [132]. Hwang et al. demonstrated
that when PLGA fiber diameter was greater than 80 mm, cells directionality did
not exhibit preferential orientations [177]. On the other hand, when the fiber
diameter fell below 0.97 mm, cells would react as if they were grown on flat
surfaces [178]. Hence it can be concluded that when the fiber diameter fell in the
range of ~1-80 mm, the integrin receptors could follow the edge of the fiber
contour. Furthermore, small circumference of 1-80 mm fibers in diameter gave
the cells little choice but align with the axis of the fiber [132,176]. Hence, due to
the contact guidance provided by the fibers, fibers with the appropriate diameter
can induce muscle cells to align along the fiber direction. When aligned on
microfiber surfaces, SMCs demonstrated elongated morphology, significantly
lower cell and nucleus shape indexes, less spreading, and a lower proliferation
rate [162], which indicated the growth of normal SMCs phenotype. The substrate
topology can guide muscle cells’ orientation and control their shape, which is
desirable for the reconstruction of functional esophagus.

Fiber alignment is another important feature that can influence cell
response and tissue formation and, hence, determine the performance of fibrous
scaffolds in TE. It is worth noting that aligned fibers is very useful for the tissue
engineering of muscle tissues because of the similarity between the aligned

topography of the TE fibers and the aligned topography of the fibers in the natural
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ECM of these types of tissues. The elongated nature of muscle cell focal
adhesions would favour their lengthwise formation on ridges. The attached actin
filaments would then be oriented along the aligned fibers and grooves [179].
Aligned fibers can enhance cell infiltration into 3D scaffolds in vitro and in vivo
[168]. This is because the oriented cells did not become confluent as quick as on
the spun cast film. Cells cultured on randomly aligned fibers would be confluent
on the bulk surface, which will prevent the subsequent cell infiltration into the
scaffolds. Thus, cell proliferation was improved by fiber alignment. Fiber
orientation was also shown to affect cell migration [178]. Xu et al. [180] found
that SMCs attached, aligned and migrated along the axis of the aligned fibers and
expressed spindle-like contractile phenotype; the distribution and organization of
smooth muscle cytoskeleton proteins inside SMCs were parallel to the direction
of the fibers; the adhesion and proliferation rate of SMCs on the aligned fibrous
scaffold was significantly improved than on the plane polymer films [180]. These
aligned scaffolds can influence the cells growth and morphology, and hence
influence the gene expressions and increase the ECM secretion [70].

Highly anisotropic topographic features have been shown to induce many
cell types to align and migrate along the direction of the anisotropy [181].
Fabrication of microfibers within ~1-80 mm with highly oriented fibers results in
scaffolds with inherent anisotropy. A cell would be limited to lengthwise
spreading and movement on the fiber [182]. The fiber surface is the only solid
surface, where the cells can only grow directly on the fiber surface or on top of
the cell layer. In addition, the space between fibers is essential for cell ingrowth

and proliferation. Aligned microfibrous scaffolds, which can provide sufficient
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space in their layered structure, gave more room for cell ingrowth when
comparing to submicron or nano-fibrous scaffolds [177].

In the medial layer of the arteries and the endomuscular layer of the Gl
tract, the SMCs and collagen fibrils have a circumferential orientation to provide
the biomechanical strength necessary to withstand the high pressures existing in
the circular motion. Both the structural integrity and physical activities of the
tissues are dependent on the SMCs and fiber orientation. Hence, it is believed
that with a scaffold topography that can imitate the native tissue, together with
the induced alignment of SMCs, can lead to the great improvement of the tissue

regeneration speed and the high probability to long-term success of implant.

2.3.2 Fibrous scaffold fabrication techniques

It is common to fabricate scaffolds based on fibers for the TE purposes.
These fibers are then combined to form 3D patterned tissue constructs, with
purpose in creating cell alignment and mimicking native ECM. Aligned
microfibers within a range of ~1-80 mm [177,178] have been shown to provide
3D cell alignment while submicron and nanofibers are increasingly being used to
imitate the ECM of native tissues [183]. Fiber diameter along with the technique
to construct itself are the most important design concerns TE to geometrically
and spatially replicate native tissues. Different scales of fibers are required for
different applications, depending on the tissue’s geometrical and mechanical
properties. The fiber diameter and the scaffold fabrication technique also affect
the spatial arrangement of the fibers and hence the macro-scale mechanical
properties and tissue fusion. Besides, both the individual fiber diameter and the
topological constraints (the gap between the fibers) have effects on the cellular

level as it can influence the individual response of cells. Therefore, the effects of
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various fibers fabrication techniques and their processing parameters on fiber
diameters have attracted considerable attention.

TE fibrous scaffolds can be made of (i) natural biomaterials e.g. collagen
[184,185], alginate [186] and peptides [187]; or (ii) synthetic biomaterials e.g.
polylactides (PLA) [188,189], PCL [190], and PGA [133]; or (iii) their
composites [191], which are of benefit for creating tissue constructs. The
materials were categorized based on three types of fiber fabrication, namely the
thermal-based, solution-based, and self-assembly techniques as illustrated in

Figure 2.8.

Thermal-based:
Thermally drawn, melt
_____ drawing, melt spinning,
blocks | clectrospinming, 31DP such
e as powder based or solid
based extrusion

Solution-based:

Electrospinning,

solution/solvent drawing,
3P such as cxtrusion

Fiber sell-assembly based

Figure 2.8. Classification of different fibrous scaffold fabrication techniques
based on the form of raw materials

These fibers can be fabricated using either the bottom-up or the top-down
approaches. The bottom-up approaches utilize monomers or short peptides to

build up the fibrous polymers [187], while the top-down approaches employ
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polymers, either in melt or solution forms, to form the fibers. VVarious approaches
like fiber drawing [192], template synthesis [193], fiber-bonding [133], self-
assembly [187,194], melt-blowing [195], melt spinning [188,189], centrifugal
spinning [196], microfluidic spinning [177,186] and electrospinning [76,197]
have been successfully used for bioengineering of fibers. Most of these
approaches can form fibers layer by layer and hence can be exploited to form 3D
constructs using the additive fabrication method. In some cases, cells and/or
bioactive components can be added between the layers of the fibers and/or within
the fibers [192] for TE applications. These fiber fabrication technologies provide

the methods to make various forms of 3D scaffolds.

2.4 Tissue engineering of mucosa: Biomimetic scaffolds for

epithelium stratification

2.4.1 Esophageal mucosa tissue engineering

The stratified squamous epithelium lining of the esophageal mucosa
serves as a barrier or a protective layer to the underlying tissues. Studies have
found that the epithelial component in esophageal reconstruction is necessary to
avoid stenosis and to facilitate the healing process [198,199]. Hence,
regeneration of the epithelium has been highlighted in esophageal TE. Epithelial
cells are located within a specialized ECM of the basement membrane [200].
Basement membrane of the esophagus mainly consists of type IV collagen and
laminin [73]. It appears like a multiple nano- and submicron- scale “Velcro” that
holds the epithelial cells in place [201], where the cell borders are demarcated.
Cells are stratified into ~20 layers [154] towards the luminal surface, forming
mosaic patterns at the lumen [202]. Epithelium is avascular with a thickness of

~270 mm thick [46]. It exists near vascularized connective tissue i.e. lamina
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propria which contains an abundance of ECM and a diverse population of stromal
cells, e.g. fibroblasts. Epithelium and connective tissue are functionally
interdependent units [200]. The lamina propria together with the underneath thin
muscularis mucosa are ~300 mm thick [46]. These two layers together support
the epithelium.

The submucosa is ~ 130 mm thick [46] in the esophagus. The mucosa and
submucosa layers are inseparable physically, but are not strongly bonded to the
muscularis extern. The mucosa and submucosa are folded at its luminal surfaces
along the circumferential direction as shown in Figure 2.9 during contraction of
the muscle in vivo. They are also folded when there is no active muscle
contraction or external loading [203]. The folding is due to circumferential
buckling [204] and is commonly referred to as the “mucosal folding”. Mucosal
folding plays important physiological roles. It is a common phenomenon
observed in several tubular organs, such as in airways [204], blood vessels [205],

Eustachian tubes and Gl tracts [206].
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Figure 2.9 Bovine esophagus showing the mucosal folding [206]

The regeneration of esophageal epithelium is always focused on the

biomimetic TE of basement membrane for the population of epithelial cells
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followed by stratification of the epithelium [153,158]. Flat polymer sheets or
membranes have always been the focus in basement membrane regeneration. The
flat sheet should be cell impermeable but nutrients permeable. It was found that
tissue-engineered basement membrane containing pores in the diameter range of
0.1-0.8 mm supported superior epithelium stratification and protein deposition.
On the contrary, tissues on the non-porous surface or surfaces with pores of larger
than 1.0 mm had low level of stratification [207]. However, there is also
contradicting study showing that the larger pore sizes of 150-250 mm as
compared to 38—75 mm result in increased stratification and improved construct
morphology with better connectivity between regions of cells [77]. In their study,
Beckstead et al. showed that AlloDerm, the decellularized human skin showed
superior morphology compared to the synthetic scaffolds. The synthetic
polymeric scaffolds showed some stratification but still lacked a continuous
epithelial lining [77].

Decellularized biologic scaffolds which represent subtractive fabrication
were studied for the epithelium stratification. Esophageal epithelial cells that
were seeded on the scaffold stratified into three, four layers inside the
decellularized esophageal matrix [16]. Epithelial cells were also seeded on
collagen sheets [208,209] and Alloderm [77] for their growth and stratification.
To study the interaction between esophageal epithelial cell and scaffolds, salt-
leached and gas-foamed esophageal scaffolds were fabricated to observe
epithelium morphology, continuity and stratification [77]. The scaffolds showed
regions of stratification and correct epithelial microstructure.

Among the additively fabricated TE constructs, electrospinning has been

widely utilized for esophageal epithelium TE due to their morphology and size-
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scale similarities with the native basement membrane [14,21]. These scaffolds
were found to be beneficial for epithelium stratification. Oral mucosa cell sheet
patch was successfully stratified in vitro for esophageal mucosa regeneration
[141]. Oral epithelium was chosen over esophageal epithelium owing to the ease
of cell extraction.

It is difficult to fulfill properties and dimensions customization of
scaffolds with subtractive fabrication. To date, all the reported additively
fabricated esophageal epithelium TE constructs were in the form of flat sheets.
In practice, it has many technical difficulties to create a tubular epithelium
construct. Moreover, the epithelium as well as the lamina propria, muscularis
mucosa and submucosa are folded in the esophagus. These features are far too

intricate to be replicated simply with folding flat sheets.

2.4.2 3D bioprinting methods

Tubular TE constructs can be fabricated using various methods but
mucosal folding is not easy to be replicated. Furthermore, esophageal epithelial
cells are to be seeded on the luminal surface of the scaffolds. The luminal
dimension of human esophagus is very small as stated in Section 2.1.2 [45].
Seeding of epithelial cells in the folded tubular lumen is exceptionally
challenging. Problems such as low seeding densities, limited cell adhesion, and
incomplete cell coverage on the scaffold can be foreseen. However, 3D
bioprinting may provide a viable solution to these problems. Mucosal folding
could be reconstructed from the CT images. In addition, as cells are embedded in
bioinks, cell seeding is not needed after the construct is built. A schematic
drawing to compare between the conventional 2D membrane culture of

epithelium and the new 3D bioprinting approach is illustrated in Figure 2.10. It
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is challenging to roll the flat sheet of cells into a tubular form without damaging
the cellular construct or harming the cells in it. Meanwhile, folded mucosa could
not be achieved yet using the conventional methods. It is possible that 3D

bioprinting may be able to regenerate the 3D folded epithelium.

Conventional: Air-liquid interface
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Figure 2.10. Schematic illustration of the conventional TE of flat membrane
and the new 3D bioprinting approach for epithelium regeneration

3D bioprinting is a relatively new field that combines the knowledge of
TE and 3D printing [94]. It is the layer-by-layer spatial patterning of living cells
together with biologics and/or biomaterials with a prescribed organization,
forming a 3D living cellular construct [94]. It is a highly challenging process as
living cells must be delivered in each bioprinted layer without drastically
affecting the phenotype and viability of cells. At the same time, the biological
constructs should be self-supported without collapsing. 3D bioprinting has been

used to create the air-blood barrier as a lung epithelium model [210]. The air-
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blood tissue barrier analogue was comprised of endothelial cells, basement
membrane and epithelial cell layers, which could be used as a 3D lung model for
drug testing. Nevertheless, this model was still based on a flat sheet that was not
desired for 3D tubular organ TE.

One main advantage of 3D bioprinting is the high cell density distributed
within the construct. Moreover, there is a high degree of freedom in designing
the spatial distribution of different types of cells. There are generally three
different types of bioprinting methods, namely extrusion-based, inkjet-based and
laser-assisted based [94]. Among these techniques, the extrusion-based 3D
bioprinting is widely studied because it enables the precise fabrication of
complex structures; facilitates the patterning of multiple types of cells; and
allows high cell density printing. Extrusion-based 3D bioprinting usually utilizes
bioinks of the cell-laden hydrogels or the high cell density tissue spheroids or
tissue strands.

The cell-laden hydrogel constructs are generally too weak to be handled
unless strong cross-linking agents are utilized but these are usually not favorable
for cell printing process. There are two general types of hydrogels used in
bioprinting as reported by literatures. One is a thick hydrogel that possesses shear
thinning properties for smooth extrusion [211]; another one is a less viscous
hydrogel that relies on cross-linking [212] to strengthen the hydrogel construct
upon printing. It is difficult to load cells with high density for the first method,
while the latter needs special design of the hydrogel such as an addition of
methacrylate functional group for ultraviolet (UV) crosslinking [213]. However,

environmental stresses e.g. UV irradiation may induce deoxyribonucleic acid
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(DNA) damage to cells if the process is not well-controlled, which can result in
apoptotic cell death [214].

Tissue spheroids or tissue strands can be fused together as building blocks,
allowing the high initial cell density, without using any scaffolds. An example of
scaffold-free bioprinted construct is the vascular tubular tissue created by Itoh et
al. [146]. Briefly, they “skewered” 500 spheroids (~2.5 x 10* cells per spheroid)
into a 9x9 needle-array according to a 3D CAD model. Prior to perfusion culture,
the needle-array was removed after 4 days of static culture. The printer utilizes
needles as the skewer to aggregate the spheroids into a 3D shape.

One distinct advantage of the bioprinting strategy using scaffold-free
spheroids is that it could expedite tissue organization. However, the scaffold-free
bioprinting process requires rapid tissue maturation so that any shrinkage of the
construct is minimized, and the shape, tissue composition and integrity are well-
controlled. Furthermore, a very high initial cell number is needed for the
fabrication of scaffold-free tissue spheroids/strands for tissues bioprinting. The
printing of small vascular tubular tissue of 1.5 mm in diameter and 7 mm in
length aforementioned needs an initial cell number of ~1.25x107 [146]. Scaling
up tissue constructs will require a tremendous number of cells that must be
extracted from the patient; otherwise the primary cells should be greatly
expanded in vitro in laboratory, which is unrealistic currently as each type of cell
has its passage limitation [215].

It was initially thought that the solid scaffold-based TE methods and the
solid scaffold-free bioprinting approaches are difficult to be integrated [216].
However, bioprinting approaches utilizing solid scaffolds as support are recently

presented by Kang et al. [217] and Jung et al. [218]. 3D printing of solid PCL
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scaffolds was accomplished simultaneously with the cell-laden hydrogels.
Stacking of the bioprinted constructs becomes feasible when they incorporated
3D printing of scaffolds into bioprinting. The printed construct also become
stronger with the PCL scaffolds. However, thermoplastic polymer was melted at
elevated temperatures (e.g. PCL at >60 °C) and then deposited onto the previous
layer containing cell-laden hydrogel, which may induce adverse hyperthermia
effects to some cells [219]. PCL represents the only choice in the scaffold
printing because it has a lowest melting point of 60 °C among the commonly used
biopolymers. PCL degrades over a long period of >2 years [220] and the cell
number per unit volume of the bioprinted construct is comparatively low in this

case.

2.4.3 Cell sources for 3D bioprinting

The ability to extract, isolate and expand esophageal epithelial cells is a
prerequisite for cell-seeded scaffolds. However, it is obviously very challenging
to obtain a huge amount of healthy esophageal epithelium from the patient.
Without using xenogeneic animal-derived feeder cell layer, cultivation of
epithelial is arduous [141]. Contamination of fibroblastic cells are a main concern
in culturing and passaging epithelial cells [22]. The esophageal epithelial cells
are cuboidal in morphology and connected to each other by tight junction in
nature [200]. Once the change in their morphology and phenotype occurs during
passage, the cells are already being contaminated. Depending on the cell origin
and culturing techniques, primary esophageal epithelial cells could be passaged
up to 3-12 passages [16,22,221].

The difficulty in culturing primary epithelial cells has shifted the research

focus to TE using stem cells. Embryonic stem cells have been investigated in the
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stomach tissue engineering. In one report, in vitro 3D gastric tissue was
developed, starting with embryonic stem cells and involving a multistep
differentiation process. The generated stomach tissue exhibited a differentiated
epithelium that demonstrated the capacity to secrete pepsinogen and gastric acid
[222].

MSCs are another type of attractive cell source which can be easily
derived from bone marrow or adipose tissue. There are now several reports
reporting that bone marrow MSCs can repopulate gastrointestinal epithelial cells
and mesenchymal lineages in animals and human [18,41,223]. In one of the
studies, decellularized rat esophagus graft was seeded with autologous MSCs and
implanted to replace 15 mm of resected esophagus. Results showed that the cell-
seeded scaffold promoted re-epithelialization, revascularization, and muscular
regeneration as shown in Figure 2.11 [18]. As similar study was found in canine
model [223] whereby MSCs seeded on decellularized scaffold successfully
regenerated the muscular layer and mature epithelium. Patency was maintained

in both cases as epithelium and muscle tissues were regenerated.
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Figure 2.11. Schematic illustration of the use of MSC to seed on decellularized
donor esophagus [18]
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A porcine-derived urinary bladder matrix was sutured in the full-
thickness mucosal defect under the muscle in a mouse model [224]. After 8
weeks, the bone-marrow-derived cells populated within the construct have
repaired with the matrix, which showed complete regeneration of the epithelium.
These bone-marrow-derived cells are thought to participate in the re-modelling
process. Nevertheless, the mechanism is yet to be understood and the precise
identity of the recruited cells at the site of injury also needs to be properly
established. The implants showed no signs of leakage or stricture. Krause et al.
[225] found the bone-marrow-derived epithelial cells in the GI tract after
transplantation of a single hematopoietic bone marrow stem cell in the mouse.
Hence, there exists the possibility of regeneration of a failing organ by
transplanting an individual’s own bone marrow stem cells to colonize and

repopulate the diseased tissue, thus avoiding the allograft reaction [41].

2.5 Summary

Based on the reviewed literatures, the TE construct for esophageal
bioengineering should consist of multiple layers to mimic the inherent diversity
in structure of native esophagus.

To aid the regeneration of smooth and striated muscles in the outer layer,
a highly-aligned scaffold that provides a template for cell orientation could be
used to encourage organization of smooth muscle or myoblasts. Elongated
muscle cells could retain their phenotype. The microfibers that are to be
fabricated should be within a range of ~1-80 mm [177,178] with highly oriented
fibers. This results in scaffolds with inherent anisotropy and assists in contact
guided cell alignment. In addition, the microfibers must be aligned to form 3D

tubes. Mechanical properties of the tubular scaffolds are of significance for
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esophageal TE. They should be elastic circumferentially to allow propulsion of
food bolus and keep a lumen while contracted. However, most of the reported
esophageal TE methods created flat sheets, which were then folded up to form a
tube. These constructs need considerable design effort at the joining area to
prevent failure such as interfacial failures. Dimensions of esophagus together
with its mechanical and physiological properties vary with age, gender and
lifestyle. Hence, dimensions and mechanical properties of the tubular scaffolds
should be properly considered in attempts to engineer the esophagus. Elastic
scaffolds were reported for esophageal TE but have not reported to be able to
tune their elasticity. An engineering method that has great flexibility and
versatility would be great in regenerating tubular scaffolds with different
dimensions and properties.

The squamous non-keratinized epithelium lining at the esophageal lumen
shields the underlying tissue from abrasive action of the food bolus movement,
as well as protects it against the ingress of a range of potentially harmful
environmental agents such as microbial toxins, enzymes, refluxing stomach acid,
antigens and carcinogens from food and beverages [32]. The epithelium layer
also protects the underlying tissues against fluid loss. When food bolus passes
through the esophagus, the mucosa folds are unfolded by pushing in the
circumferential direction with no damages [29]. Thus, the epithelium is one of
the most important layers to be regenerated in TE. Epithelial cells should be
involved in the mucosa regeneration so that the TE construct will be functional
without stenosis upon implantation [153,154,209]. Due to the difficulties in cells
seeding in folded lumen, 3D bioprinting could be a viable and convenient

solution in TE of folded epithelium.
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Chapter 3. Bioengineering of esophageal musculature:

Fabrication of elastic, aligned microfibrous scaffold

3.1 Introduction: Techniques and biomaterials evaluation

After evaluating all the fiber fabrication techniques, it was decided that
techniques utilizing potential harmful subtractive fabrication techniques were not
considered to create the scaffolds. For example, porogens and toxic organic
solvents removal should be avoided in the fabrication process. Fabrication
techniques that could precisely control fiber diameters were preferred over those
techniques that produced random and uncontrollable fibers with a wide range of
diameters. For example, electrospinning that would produce fibers that are highly
sensitive to environmental control thereby often producing fibers with broad
diameter distributions [226] would not be considered for uniform or aligned fiber
fabrication. Concerning the advantages and disadvantages, a melt-drawing
method which required only bench-top equipment and was less sensitive to
external environment was exploited.

Melt-drawing method was realized using a table-top device built in-house
previously. Rounded filament could be fabricated with low variability due to
slow fiber drawing speeds. Floor space required is minimized when compared to
other big machines such as conventional melt-spinning machines. Melt-drawn
fibers can be used to fabricate polymeric tubular scaffolds via a layer-by-layer
manner based on the concept of additive fabrication. This technique offers
several advantages over the other TE methods. One of the main advantages is its
capability to produce highly aligned fibers, which shows high potential to provide

the 3D alignment of cells. Customization of scaffolds’ size and shape could also
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be achieved. Another distinct benefit of using this technique is that no
undesirable toxic solvents or chemicals are used, which eliminates the risk of
incomplete solvent extraction from the scaffolds. Tubular scaffolds can be
formed in a single step without subsequent knitting or porogen removal. Its
additive fabrication nature also results in minimal waste produced during the
fabrication. It is a green scaffold fabrication technique and at the same time cost-
effective.

The esophagus performs function of peristalsis. Thus, the engineered
esophagus should be able to temporarily function in propulsive bolus
transportation. This propulsive component is dependent on the elasticity of
scaffold to enable the return of tissue engineered esophagus to its normal shape
once a bolus has passed through. Among the commercially available biomaterials,
copolymers of poly(L-lactide) (PLLA) and poly(e-caprolactone) (PCL), i.e. PLC,
have been used widely in the TE of elastic tissues. The properties of PLC
copolymers, such as their biodegradation rate, mechanical behavior and thermal
properties, are considerably influenced by the composition, distribution, and
block sequence lengths of both L-lactide (LA) and e-caprolactone (CL)
monomers. For example, PLC can vary from elastomeric to glassy thermoplastic,
depending on the tunable composition and chain microstructure [227]. When
tuned suitably, PLC combines the advantage of the soft PCL together with the
strong and hydrophilic PLLA, thus exhibiting rubber-like elasticity and shape
memory properties [228]. Since most of the tubular organs including esophagus
exhibit certain elasticity for fluid and/or food bolus flow, elastic PLC is thought

to be a suitable material for esophageal TE. The melt-drawing fabrication process
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together with the PLC biomaterials chosen can achieve the required mechanical
properties of scaffolds.

This chapter describes the exploration of whether elastic PLC can be
formed into tubular scaffolds by using the melt-drawing method described in this
section. Due to the viscoelasticity and the stickiness of PLC, intact tubular
scaffolds are supposed to form without any subsequent post-processing such as
knitting. The in vitro biocompatibility will be systematically studied to further
verify if this PLC scaffold is favorable to cell growth and alignment. The
fabrication process will not involve any additional materials hence it would be
biocompatible. As no additional locking mechanisms and extra gluing materials
exerted in other directions, it is hypothesized that the melt-drawn microfibers

would have the capacity to guide cell alignment along the fiber direction.
3.2 Materials and methods

3.2.1 Materials and sample preparations

Pristine PLC pellets with LA to CL with 70 to 30 molar ratios (Corbion
Purac, PURASORB® PLC 7015) is chosen in this work for the fabrication of
tubular scaffolds. PLC is a statistical copolymer with an inherent viscosity
midpoint of 1.5 dl/g. The pellets were used without further treatment or
purification. PLC with a high LA ratio displaying high deformation at break and
high stiffness, while the copolymer with a high CL ratio possessed an elastomeric
thermoplastic behavior. PLC with LA:CL ratio of 70:30 was chosen as it is
sufficiently elastic while maintaining its high yield strength.

There were four types of samples tested in this work, namely the pristine
PLC, the moisturized PLC, the PLC flat sheet and the melt-drawn PLC fibrous

scaffold. Pristine PLC pellets were kept in -20 °C freezer for storage. They were
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freeze dried before use. To test the moisture absorption properties of the polymer,
the pellets were conditioned at humidity in a refrigerator at 4 °C (below Tg of
PLC) for 3 days. Briefly, PLC pellets were first put in a petri dish, and covered
using perforated aluminum foil. The petri dish was then placed inside a covered
container (Tupperware) filled with some water, whereby water could not flow
into the petri dish. After 3 days, these moisturized samples were taken out to
room temperature for testing. To produce PLC flat sheets, the pristine PLC pellets
were hot pressed using heated lab press (Carver, Model 3856) before testing. The
PLC was heated at 120 °C and pressed to form thin sheets of 1 mm thick. To
produce PLC fibrous scaffolds, PLC was melt-drawn which will be described in

Section 3.2.3.

3.2.2 Thermal and rheological analysis
The thermal stability of the pristine and moisturized PLC pellets was tested
on a thermogravimetric analyzer (TGA, TA Instruments, Q500). The
thermogram was recorded from 25 °C to ~600 °C at a heating rate of 5 °C/min
under an inert nitrogen atmosphere. The thermal behavior of the pristine PLC
pellets was tested on a differential scanning calorimeter (DSC, TA Instruments,
Q200). Samples of 15-20 mg were cooled down to -10 °C and heated to 150 °C
at 5 °C/min under nitrogen purge. This was used to determine the glass transition
temperature (Tg) and the melting temperature (Tm) of the pristine PLC. TA
Instruments Universal Analysis 2000 software package was used to identify Tq
and Tm.
Melt rheological characterization was performed on a rheometer (TA
Instruments, TA DHR-2) with dynamic oscillatory shear measurements. The

PLC pellets were hot pressed. Viscosities of the PLC melt at different
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temperatures were monitored using rheometer. Dynamic frequency sweep tests
at 110, 120, 130, 140, and 150 °C were conducted with a parallel plate fixture of
25 mm in diameter at 2.0% strain and angular frequency from 0.1 to 100 rad/s.
Zero-shear viscosity, nmo at low shear rates was plotted against the tested

temperatures.

3.2.3 Melt-drawing process
Melt-drawing capability

A customized table-top microfiber melt-drawing device was employed to
fabricate PLC fibers as shown in Figure 3.1. Motor 1 rotates the mandrel in
certain rotation speed for continuous fiber collection. Motor 2 utilizes motion
conversion system to transform rotary motion to transverse motion of the melt-

holder. A cylindrical mandrel with a diameter of 30 mm was used in this work.

(a) (b)

Motor 1;
Rotation

250mm Mandrel

Motor 2:
Transverse

Figure 3.1. (a) Hlustration of the melt-drawing device (b) Fiber drawing using
the device.

The mandrel rotational speeds of 150, 300, 600, 1200 and 2400 rotations

per minute (RPM) were selected. These mandrel rotation speeds can be converted
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to the linear velocities (i.e. melt-drawing speeds, v) of 0.24, 0.47, 0.94, 1.88 and
3.77 m/s respectively by using formula of:

v=r w (1)
where r is radius of the mandrel, and w is the angular speed which can be

calculated by:

w=2p”~ RPM/60 )

It is noted that the minimum sustainable rotational speed of the motor is
150 RPM. The maximum achievable rotational speed is 2400 RPM. To determine
the processing window, PLC was melted at different temperatures and then
drawn at various melt-drawing speeds. A lower melt-drawing temperature would
be preferred as heating the polymer at high temperature for a long period will
cause thermal degradation. Consequently, a suitable temperature that enables the
polymer to be drawn out at the pre-determined melt-drawing speed ranges will
be finalized. The fiber was drawn for 2 min to ascertain the fiber drawing
sustainability.
Microfibrous scaffold fabrication

The melt-drawing process involves melting the PLC in a melt holder at
150 + 5 °C, and then continuous pulling a single microfiber from the melt. It was
first manually initiated with a needle inserted into the melt through the orifice at
the bottom of melt holder, where the microfiber was pulled down from the melt
pool. The drawn single microfiber was wound onto a rotating cylindrical mandrel,
and the microfiber was then constantly collected on the rotating cylindrical

mandrel as illustrated in Figure 3.2.
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The mass flow rate of PLC in the melt-drawing process was ~0.2 g/min
when using a melt-holder orifice diameter, d of 2 mm. PLC fibers were drawn at
melt-drawing speeds of 0.24, 0.47, 0.94, 1.88 and 3.77 m/s respectively. The
samples produced by the previously mentioned speeds were termed Vo.24, Vo7,
Vo.94, V188 and V377, respectively. A tubular scaffold formed when melt holder
moved transversely along the length of 20 mm and distributed the microfibers on
the mandrel layer by layer for 10 layers. The transverse speed was fixed at vt =

0.7 mm/s. The fabricated tubular scaffold was then removed from the mandrel.

3.2.4 Gel permeation chromatography

The molecular weight distribution of the pristine PLC and the melt-drawn
PLC were studied to investigate the effects of melt-drawing on the molecules of
the polymer. The number-average molecular weights (Mn), weight-average
molecular weights (Mw) and the polydispersity indices (PDI) of the pristine PLC
and the melt-drawn PLC were measured at room temperature using gel
permeation chromatography (GPC; Waters E2695 Alliance system with Waters

2414 RI detector). The standard polymers used for calibration of molecular
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weights were Polystyrene (PS) ReadyCal Standards 4 mL Kit (WAT058930)
with molecular weights of PS ranging from 560 to 2,500,000 Da. Chloroform

was used as the effluent.

3.2.5 Scanning electron microscopy

The surface morphology of the microfibrous scaffolds was examined
using a scanning electron microscope (SEM; JEOL JSM-5600LV; 10 kV). The
average microfiber diameter was computed from the SEM images using the

ImageJ software.

3.2.6 Scaffold density

The Archimedes method was used to compute the PLC density based on
the Archimedes Principle. Weights of the pristine PLC and the melt-drawn PLC
were measured in both air and ethanol at room temperature. Since the ethanol's
density is known at room temperature, the PLC samples’ densities can be

computed.

3.2.7 Cell culture and cell seeding

Cell culture

L929 murine fibroblasts were used in a preliminary biocompatibility
study. The cells were cultured in the cell culture media of high glucose
Dulbecco’'s modified Eagle's medium (DMEM; Gibco) supplemented with 10%
fetal bovine serum (FBS; Sigma—Aldrich). Murine myoblasts C2C12, which is
primordial muscle cells with the potential to develop into a muscle fiber, were
used to demonstrate the ability of myoblasts to grow and align on the scaffolds.

The cells were cultured in high glucose DMEM supplemented with 10% FBS.
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The cells were cultured separately in a humidified incubator (37 °C/ 5% CO3)
until sufficient confluence.

Human mesenchymal stem cells (hMSCs) from a 26-year-old female
donor and cell culture medium were both obtained from Lonza. The hMSCs
expressed CD 105/+, CD166/+, CD 44/+, CD 90/+, CD 73/+, CD 14/—, CD34/-,
CD19/— and CD45/—. Information of the surface antigens were obtained via flow
cytometry analysis provided in the company's data sheet. The hMSCs were
expanded and cultured in mesenchymal stem cell basal medium (Lonza)
according to the vendor's instructions. All the cells were maintained at 37 °C in
a humidified atmosphere of 5% CO2. Culture medium was changed every 2-3
days.

Cell seeding on scaffolds

Scaffold samples were sterilized by immersing in a 70% ethanol solution,
followed by washing several times in a phosphate buffer solution (PBS). They
were then soaked in the culture medium overnight for protein adsorption. The
cells were detached from the culture flask and counted under optical microscope

using hemocytometer and then seeded at a required cell density.
Cell proliferation on scaffolds

The initial cell proliferation on scaffold surface was determined by the
RealTime-Glo™ MT Cell Viability Assay (Promega), which measured cell
viability in real-time. The MT cell viability substrate in the assay is cell
permeable, which gets reduced inside metabolically active cells. The reduced
substrate exits the cell and is rapidly used by the NanoLuc® Luciferase enzyme

of the assay to produce a luminescent signal. Only metabolically active cells can
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reduce the MT cell viability substrate, and the luminescent signal is proportional
to the quantity of viable cells in culture.

In this study, 5710° cells/10 pL of cells were seeded onto each flat 4”4
mm? scaffolds in a white 96-well plate. Cells seeded TCPS served as positive
controls. After incubation (37 °C/ 5% CO2) for 1 h, 90 uL of culture media was
added into each well. 100 uL of 2 = RealTime-Glo Reagent was then added to
each well and the culture was further incubated for up to 2 days. The number of
viable cells was determined in the culture by measuring the luminescence at
several time-points up to 48 h using a microplate reader (Ultra Evolution, Tecan).

Longer term cell proliferation up to one week was determined by the MTS
(3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-
2H-tetrazolium) colorimetric assay (CellTiter 96® AQueous One Solution),
which is based on the conversion of a tetrazolium salt into a colored formazan
product by viable cells at 37 °C. Cells were seeded onto flat 4”4 mm? scaffolds
at a density of 5710 cells per sample. TCPS was served as a positive control. At
1 day, 3 days and 7 days, the constructs were rinsed twice with PBS and incubated
in 200 pL of MTS assay solution for 4 hours. Thereafter, the absorbance of the
supernatants was measured at 492 nm using a microplate reader (Ultra Evolution,
Tecan).
Cell adhesion and alignment on scaffolds

L929, C2C12 and hMSCs were cultured and seeded onto the scaffolds.
Cell adhesion, spreading and alignment of cells on the scaffolds were studied.
Cells were seeded on flat 10x10 mm? microfibrous scaffolds at a density of 1x10°
cells/scaffold. C2C12 cells were differentiated to skeletal muscle cells by

changing its cell culture medium to high glucose DMEM with 2% horse serum
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(Gibco) after 1 day of culture. The constructs were maintained in a humidified
incubator (37 °C/ 5% CO2) and the cell growth was monitored daily using an
inverted optical microscope (OM; Zeiss Axio Vert.Al). The cell adhesion and
alignment on the scaffolds was imaged using SEM after 3 and 6 days of culture
[230]. Before imaging, cellular constructs were rinsed with PBS and fixed with
3% glutaraldehyde overnight at 4 °C. Following PBS rinses, the samples were
dehydrated through a series of graded alcohol solutions, and then dried using a
critical point dryer (BAL-TEC CPD 030). The constructs were gold coated and

observed under the SEM.
Cell viability on scaffolds

The viability of the cells seeded on the scaffolds was imaged using the
live/dead cell viability kit (Sigma-Aldrich) after 3 and 6 days of in vitro culture.
Calcein-AM, acetoxymethyl ester of calcein, is highly lipophilic and cell
membrane permeable. The calcein generated from Calcein-AM by esterase in a
viable cell emits strong green fluorescence. Meanwhile, the nuclei staining dye
propidium iodide (PI) cannot pass through a viable cell membrane. It reaches the
nucleus by passing through disordered areas of dead cell membrane, and
intercalates with the DNA double helix of the cell to emit red fluorescence [231].

929 and C2C12 cells were seeded on 10x10 mm? scaffolds at a density
of 1710° cells/50 uL per scaffold in a 24-well plate. Cells seeded TCPS served
as a positive control. After incubation in an incubator for 1 h, 950 pL of cell
culture medium was added to each well. The medium was changed every two
days. For C2C12 cells, they were differentiated to skeletal muscle cells by
changing its cell culture medium to high glucose DMEM with 2% horse serum

(Gibco) after 1 day of culture. The cell seeded constructs were maintained in an
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incubator and harvested after 3 and 6 days. The cellular constructs were rinsed
twice with PBS and incubated in a PBS solution containing 5 umol/l PI and 2
umol/l calcein AM for 15 min at 37 °C before examining using an inverted
fluorescent microscope (Zeiss Axio Vert.Al). The percentage of live cells
(reported as the cell viability) was computed from the fluorescence readings
using the ZEN microscope software.
Immunocytochemistry analysis

C2C12 cells were cultured for 7 days to observe cell infiltration. Cells
were seeded on flat 5x5 mm? microfibrous scaffolds at cell density of 1710* cells
per sample. Cells were seeded only on 1 side of the scaffold. C2C12 cells were
differentiated to skeletal muscle cells by changing its cell culture medium to high
glucose DMEM with 2% horse serum after 1 day of culture. The medium was
changed every 2 to 3 days. At 7"" day, the scaffolds were harvested, washed thrice
with PBS. The cells were fixed with 4% paraformaldehyde for 40 min at room
temperature. These cells were then permeabilized with 0.1% Triton X-100 in
PBS for 15 min at room temperature and blocked with 5% bovine serum albumin
(BSA) in PBS. F-actin was stained with fluorescein phalloidin (Thermo Fisher
Scientific) and nuclei were stained with 4’-6-Diamidino-2-phenylindole (DAPI)
respectively. Fluorescence images were visualized and imaged with confocal
microscope of Zeiss LSM 710.

For the hMSCs cell seeding experiments, hMSCs were cultured in the
mesenchymal stem cell basal medium (Lonza) without using soluble
differentiation factors. hMSCs (passage 5) were seeded on flat 10x10 mm?

microfibrous scaffolds following the same cell seeding protocol. Cells were
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seeded at a density of 2 x 10° cells/scaffold. Culture medium was changed every
2-3 days.

The hMSCs positive (CD44) and negative (CD31) markers, smooth
muscle actin and cell nucleus were immuno-stained with staining kits (Thermo
Fisher Scientific) according to the manufacturer's instructions. After 5 days of
culture, cells were fixed with 4% paraformaldehyde for 15 min at room
temperature. These cells were then permeabilized with 0.1% Triton X-100 in
PBS for 10 min at room temperature and blocked with 5% BSA in PBS before
the subcellular components were immuno-labeled. CD44, CD31 and cell nucleus
were counter stained with rabbit monoclonal anti CD44 (2 mg/mL)
counterstained with Cy3 goat anti rabbit IgG, mouse monoclonal anti CD31 (1:50)
counterstained with AlexaFluor 488 donkey anti mouse IgG and DAPI
respectively. Smooth muscle actin (SMA) and cell nucleus were counter stained
with rabbit monoclonal anti SMA (3 mg/mL) counterstained with Cy3 goat anti
rabbit 1gG, and DAPI respectively. Fluorescence images were visualized and

imaged with Zeiss Axio Vert.Al. microscope.
3.2.8 Statistical analysis
All data were expressed as means £ standard deviation (SD). Statistical

differences were evaluated with one-way ANOVA analysis coupled with the

Tukey’ s test. Differences were statistically significant when p < 0.05 and

greatly significant when p < 0.001.
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3.3 Results

3.3.1 Tubular microfibrous scaffold formation

Tubular scaffolds were formed in one step due to the high viscoelasticity
and stickiness of the PLC at room temperature. Polymer fibers are merged
together during melt-drawing on the tubular mandrels, thus forming tubular
scaffolds. As a comparison, PLGA (Purac PDLG5010) and PCL (Purac PC12)
can be melt-drawn, but forming loose fibers instead of an intact tube as shown in
Figure 3.3. In addition, PLC scaffolds are elastic circumferentially as illustrated

in Figure 3.4.

Figure 3.3. Melt-drawn PLGA, PCL and PLC. PLGA and PCL was melt-drawn
into loose fibers but the PLC remained as an intact tube.

As-melt-drawn

Tweezer utilized to extend the
PLC scaffold

scaffold circumferentially Release

Backto
initial
diameter

Initial Extend to ~3 times
diameter its initial diameter

| B | L] ) 1 A

Figure 3.4. lllustration of circumferential extensibility of a melt-drawn PLC
scaffold
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3.3.2 Thermal and rheological properties

The thermal decomposition study of PLC pellets is shown in Figure 3.5.

The onset of thermal degradation was at ~296 °C. Moisturized PLC showed water

absorption or hygroscopic properties. Storage of the materials in dry or frozen

condition was of importance to protect the polymer from moisture before

processing. As illustrated in Figure 3.6, T4 of the PLC was from 10.2 to 17.3 °C.

There were two Tm determined for PLC, i.e. one is at 52 °C and another one at

109 °C.

Weight (%)

Figure 3.5. TGA results with heating rate of 5 °C/min showing thermal
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Figure 3.6. DSC results with heating rate of 5 °C/min showing thermal
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Figure 3.7 illustrates the frequency dependencies of storage modulus (G”),
loss modulus (G”), and complex viscosity (h*) for PLC at 150 °C. The
rheological results of the PLC melts at various temperatures are illustrated in
Appendix B. The relationship of zero-shear viscosities of PLC melt at different
temperatures are shown in the inset of Figure 3.7. PLC melted at 110 °C with a
viscosity of 9889 Pa.s. It would start to flow when the temperature reached 130

°C where the viscosity decreases to < 2000 Pa.s.
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Figure 3.7. Dynamic frequency sweep test of PLC at 150 °C. Inset illustrates
the zero-shear viscosities at different temperatures.

3.3.3 Melt-drawn tubular microfibrous scaffolds

Melt-drawing process window

Figure 3.8 illustrates the melt-drawing ability of PLC at different
temperatures and melt-drawing speeds. Here the melt-drawing temperature of
150 °C was chosen for the best drawing capacity of PLC, while having the least
possibility to degrade the polymer during processing. PLC exhibits viscosity of
1245 Pa.s at 150 °C. PLC maintains its polymeric properties and was not

thermally degraded after the melt-drawing process. Mn, Mw, and PDI of the as-
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received PLC measured by GPC were 13121, 54855 and 4.18, respectively. Mn

Mw, and PDI of melt-drawn PLC (Vs77) were 15588, 59560 and 3.82,

respectively. The GPC reports are shown in Appendix C. The results indicated

that the PLC was not thermally degraded after the melt-drawing process, thus it

IS expected to retain its original materials properties.

N
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Melt-drawing speed (m/s)

X X X x
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) Drawable
X Not drawable

X Drawable but not

sustainable drawing

Figure 3.8. Melt-drawing ability of PLC at different temperatures and melt-
drawing speeds. Note: “Drawable but not sustainable drawing” means that the

fibers can be drawn, but sometimes the fibers break during fabrication.

Scaffolds fabricated and fiber diameters

A representative scaffold fabricated is shown in Figure 3.9, with a

diameter of 30 mm and length of 20 mm. Diameter of 30 mm was chosen because

it likens to the dimensions of a native esophageal diameters of an adult.

Figure 3.9. Representative tubular scaffold fabricated by melt-drawing. This

scaffold has diameter of 30 mm, width of 20 mm and thickness of 130 mm.
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Melt-drawing speed was computed from the mandrel rotation speeds and

the mandrel diameters. Figure 3.10 shows the surface morphology and the fiber
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Figure 3.10. SEM micrographs and fiber diameter distribution of melt-drawn
scaffolds Vo.24, Vo.47, Vo.94, V188, and V377, Inset illustrates the sample taken
from the tubular scaffolds for SEM.
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diameter distribution of the five scaffold samples with different melt-drawing
speeds as labelled. The presented SEM figures were taken at the mid-section of
the scaffold, the position is as shown in the inset. The highly-aligned microfibers
are clearly seen in all five samples and the fiber diameter markedly decreases
corresponding to the increasing melt-drawing speeds.

The fiber diameters of the sample Vo.24, Vo.47, Vo.94, V1iss and V377 were
determined to be 65.7 +6.2,43.5+4.1,32.6 £5.0,21.5+1.8,and 13.9 £ 1.7 mm,
respectively. In addition, the fiber diameter becomes more uniform with
increasing melt-drawing speeds. The density of pristine PLC is 1.215 g/cm?® when
computed using the Archimedes method. Meanwhile the density percentage of
the samples Vo.24, Vo.47, Vo.94, V1.ssand Vs 7z were determined to be 91.7%, 91.0%,

90.7%, 86.2%, 84.4%, respectively.

3.3.4 Biocompatibility and cell alignment

Proliferation of L929 on scaffolds were observed using OM every day
during the experiment. Figure 3.11 (a) illustrates the OM observations of L929
on the PLC scaffold of Vo4 at day 1, 3 and 6. Cell number is clearly seen to
increase with the day of culture. Cells growth and distribution is good on the
scaffold surface. The proliferation (n=3) of L929 was evaluated and the results
are presented in Figure 3.11 (b) and (c). Note that the error bars in Figure 3.11

(b) represent the SD for n= 3, *P < 0.05 and *** P < 0.001 by ANOVA
followed by Tukey’ s tests when comparing between Vo7 and Vs.77. Inset in

Figure 3.11 (c) shows the low water contact angle of ~66° on the scaffold, which

indicates good hydrophilicity for cell growth.
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Figure 3.11. (a) OM images of L929 cell growth and distribution on Vo.o4
scaffold for day 1, 3 and 6. (b) Real-time cell proliferation of L929 on the
scaffolds Vo.47 and Vs.77. (c) Cell proliferation on the scaffolds Vo.47 and Vo.o4
comparing to TCPS. Inset: water contact angle of PLC scaffold.
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L929 was found to attach on the PLC scaffolds. Cell proliferation can be
observed continuously on the scaffolds for up to 48 h. Initial cell attachment was
significantly better for Vo.47 samples, whereas its subsequent cell proliferation
became marginally slower when compared to those of Vszz. A longer-term
proliferation on the scaffold was studied by using MTS assay. L929 cells were
proliferating well with time on the samples. After 7 days, the cell number had
become quadruple compared to the initial cell seeding number on the melt-drawn
PLC scaffolds.

The viabilities of L929 cells on the PLC scaffolds (and controls of TCPS
and PLC flat sheets) were evaluated after 6 days’ culture. Figure 3.12 shows the

fluorescence images of L929 cultured on these substrates. Live cells which were

Live Dead Merged

TCPS

PLC
flat sheet

VII_\H

.-’

Figure 3.12. Live/dead staining of L929 after 6 days of culture on TCPS, PLC
flat sheet, Vo.e4, and V377 scaffolds.
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stained green, appeared to adhere well on the scaffold surfaces. Nuclei of the
dead cells, stained red, were barely found on both scaffold surfaces. All the
scaffolds exhibited cell viability of > 90%. SEM (Figure 3.13 and Appendix D)
shows clearly that L929 adhered well to the scaffold surfaces with a normal
elongated spread morphology. All the samples showed cell alignment, but Vo.g4
illustrates the best cell alignment among the samples. Arrows in Figure 3.13
highlighted the alignment of L929 on the sample Vogs. Cells elongate by

following the alignment of the microfibers.

100 jird

50 pum

Figure 3.13. SEM images showing the L929 cell adhesion on the scaffolds with
the different melt-drawing speeds after 6 days of culture.
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Myoblasts C2C12 (see Figure 3.14) was highly aligned on Vo.oa. Arrows
indicating cell alignment on the fibers. F-actin fibers were stretched along the
length of the fibers in the scaffolds. Nuclei of C2C12 were obviously elongated

following the fiber direction too. Thus, the fiber diameter and fiber alignment

200 pm 100 pm

Figure 3.14. (a) Live(green)/dead(red) staining and (b) SEM images of
myoblasts C2C12 cultured on Vo.e4 for 3 days. (c) Confocal microscope images
showing F-actin and DAPI nucleus staining of C2C12 cultured on Vo.o4 for 7
days.
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were shown to have significantly contribute to cell alignment. Cells were found
to infiltrate into at least 3 layers of the scaffolds after 7 days of culture as shown

in Figure 3.15. The infiltrated cells showed significant cell alignment as well.

——— -~
=—= Peeled

lI Iih- Cells-seedod wurisce

c.ls-awu-:m Colls-sepdnd surface

P =

Lwvar 1 -
Sr——
ﬂ
L 1
Bapor 3
-

e LTOSSSCCiON

Figure 3.15. (a) SEM images and (b) confocal microscopy showing C2C12
cells infiltration into Vo.o4 scaffolds after culturing for 7 days. Note: confocal
microscope images showing F-actin (green) and DAPI (blue) nucleus staining.

Similarly, hMSCs attached well on the microfibrous scaffolds are shown
in Figure 3.16. The cells were aligned along the fiber direction. After culturing
hMSCs on the melt-drawn scaffolds for 5 days, the cells were immuno-stained
for the myogenic protein, smooth muscle actin (SM actin). SM actin expressed
in the cells indicative of differentiation along the SMC lineage. As opposed to

the TCPS control, positive marker CD44 of MSCs was not found on the scaffolds.
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TCPS control
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Figure 3.16. Immuno-staining of hMSCs cultured on (a) TCPS control and (b)
microfibers. (c) SEM image of the hMSCs on the microfibers.

3.4 Discussion

As Tg4 of the PLC was from 10.2 to 17.3 °C, it is elastic at the ambient
room and body temperatures. It is noted that PLC is a hygroscopic material. The
moisturized samples can absorb moisture to as high as 7.44 + 0.02% of their
weight. The moisturized PLC were not immersed in water nor placed in an
ambient room temperature. Water immersion and/or conditioning at temperature
above Tg will accelerate the water absorption. PLC should be stored dry to avoid
water absorption, which will cause properties of materials to degrade [232, 233].
If PLC contains moisture, melting the polymer will further accelerate its
degradation. Moisture on the materials will also cause difficulty in processing
because bubbles can be formed in the melt. Fiber drawing process might be
disrupted intermittently.

The onset of PLC thermal degradation was at ~296 °C. The melt-drawing
temperature of the PLC should be kept as low as possible to prevent long term

thermal degradation. Two Tm of PLC was found at 52 °C and 109 °C. To melt the
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polymer completely, a minimum temperature needed is 109 °C. However, the
viscosity of PLC at 109 °C is not sufficiently low for fiber drawing. The study of
rheological properties of polymer melts is important in determining the materials’
processability. It was found that the polymer needed to be heated up to above 130
°C for better flowability. Further processing window determination shows that
150 °C is the most suitable temperature to produce fibers from the full range of
melt-drawing speeds.

Microfibers fabricated from the PLC polymer melt were found to be good
matrices for TE applications [226,234] as organic solvents or toxic chemicals
have not been used in the fabrication. The polymer melt-based microfibers
fabrication process is also better in controlling the distribution uniformity of
fibers diameter and the architecture of scaffolds when compared to the solution-
based methods. For example, a broad fiber diameter distribution was reported in
the polymer solution electrospinning process [235,236], probably due to the fast
phase separation of polymer and the uncontrollable evaporation of volatile
solvents during fabrication [226].

By using melt-drawing, a uniform diameter distribution has been
achieved for all the fabricated PLC microfibrous scaffolds. To model the fiber
diameter with the processing parameters, a mathematical model was modified
from the developed empirical model [229] for the melt-drawing process. By

applying conservation of mass, the mass flow rate of the materials is:

pyd?vo =p3 D%, (3)

where r is density of melt-drawn materials, d is the orifice diameter, v, is
velocity when the polymer melt exits the orifice plane, D is the theoretical final

fiber diameter, and v is the melt-drawing speed. By simplifying the stress tensor
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into a vector with a magnitude and a downward direction, the conservation of

energy can simply be represented as:

—o + pgh =~ pv,?, (4)

where s is the shear stress, g is gravitational constant, and h is melt height.
Polymer melt is assumed to behave like a Newtonian fluid [229], where its
viscosity is assumed to be constant with the shear rate. By conforming Trouton's

ratio of 3 [229], the Newton’s law of viscosity can be expressed as:

d
o =3ng, (5)

where h is shear viscosity and dv/dx is velocity gradient of shear flow.
Combining and solving Equation (3-5), the final fiber diameter [229] can be

shown as:

1
__ ,J/2gh p_d 2
D= (228 tanh(m,/zgh) d. (6)
Simple Arrhenius equation was used to relate temperature with the shear
viscosity; and the flow activation energy, Ea is related to Tq [237], as the melt

temperature falls in the Arrhenius region [238]:
Ea
n=Aexp(2), (7

_ R Tg(Tg+150)?
3 0.164(0.23Tg+150)% '

(8)

where T is melt temperature, A is materials constant, and R is the gas constant.
By combining Equation (6-8), the final fiber diameter can be mathematically

expressed as:

1

D= [@ tanh (—"dfz? exp(——s0e 150 ))]2 d 9)

0.164T(0.23Tg+150)2
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In this work, h= 50 mm, r=1.215 g/cm?, d= 2 mm, T=423.2 K and Tg=
286.9 K respectively. v represents the different melt-drawing speeds and A was
calculated from Equation (7) and (8) to be 5.607x10° Pa-s when h= 1245 Pa.s at
150 °C. The theoretical results of the fiber diameter were calculated and shown
in Figure 3.17 (a). Note that the error bars represent the SD for n= 35 and *** P
< 0.001 by ANOVA followed by Tukey’s tests when compared with the melt-
drawing speeds. Both the experimental and the theoretical fiber diameters
decrease significantly with melt-drawing speeds. It is noted that the theoretical D

slightly underestimated but fit relatively well to the experimental results. D is

also found to be a linear function of the /1/\/ as illustrated in Figure 3.17 (b),

which fits with the empirical model developed. It demonstrates that the PLC fiber

diameter can be tailored effectively by manipulating the melt-drawing speeds.
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Figure 3.17. Effect of melt-drawing speeds on the fiber diameters from
theoretical and experimental results; and (b) linear relationship of fiber
diameters with melt-drawing speeds obtained from experiments.

Microfibers could be fabricated according to the desired fiber diameter
with superb reproducibility and uniform fiber distribution. Microfibers of 13.9 +
1.7 um can be produced by the melt-drawing speed of 3.77 m/s in V377. Owing

to the limitation of the current experimental set up, the highest rotation speed that
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can be achieved is 2400 RPM, which is equivalent to a melt-drawing speed of
3.77 m/s. Theoretically, even finer PLC fibers could be achieved via a higher
melt-drawing speed. Nonetheless, to produce very fine fibers, e.g. nanofibers,
these would be increased difficulty as fiber breakage would often occur during
the melt-drawing at a very high speed.

Biocompatibility tests were first done on L929. Note that there was no
surface modification conducted on the materials surface. It was shown that PLC
is biocompatible on the flat PLC surface. Cells were >90% viable on the melt-
drawn fibers, irrespective to the fiber diameter. SEM micrographs showed that
there are some filament-like focal adhesions structures that extended from these
cells and attached to the microfibers. These structures are expected to be the
adhesion sites between the cultured cells and the ECM. Good biocompatibility
can be due to the high hydrophilicity of PLC. When looking at the cell
proliferation, cells were attached more on the larger fiber diameter initially for
up to 3 hours. Subsequent observations showed that cells proliferated marginally
faster on fine fibers due to high specific surface area, i.e. cells have more surface
to grow onto.

The scaffolds’ fiber size decreases and the scaffolds’ porosity increases
with the increasing melt-drawing speed. It might be desirable to fabricate fibers
with the highest melt-drawing speeds. It was thought that cell alignment will be
higher on the finer fibers. Results show that cells were found to align on all the
fibers. However, some L929 cells were observed to grow across the fibers
(perpendicular to the fiber) on V377 after 6 days of culture. It was observed that
the best cell alignment was found on Vo.4 fibers. Hence, myoblasts C2C12 and

hMSCs were cultured only on Vogs to illustrate their cell distribution and
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alignment. It was also shown that the skeletal myoblasts C2C12 adhered well to
the scaffold surfaces and distributed throughout the scaffold surface. The cells
were observed to have normal elongated spread morphology. The elongation
followed the alignment of the microfibers. Similarly, Agrawal et al. [161] had
shown that human smooth muscle cells aligned on the melt-drawn PCL fibers.
Cells could infiltrate into the scaffolds and still followed the fiber alignment.
Hence, the scaffold could provide 3D guided muscle cell growth.

hMSCs differentiated to smooth muscle lineage on the microfibrous
scaffolds in the absence of soluble induction factors, showing cellular shape
modulation may encourage the differentiation of stem cells. Although soluble
factors, e.g., transforming growth factor Bl (TGF-B1) could induce MSC
differentiation towards the SMC lineage, there were studies illustrating the
potential to control stem cell fate via cell shape modulation [239,240]. Tay et al.
[240] showed that enforced cell shape distortion resulted in physical impetus, by
which the mechanical deformation was then translated into biochemical response.
Here, cells were shown to be enforced to elongate following fiber direction,

which could be the reason why the hMSCs differentiate to SMC lineage.

3.5 Summary

The tubular microfibrous PLC scaffold presented in this work was
successfully fabricated by the simple but efficient method based on a similar
premise of additive fabrication. Tubular esophageal scaffolds with fiber
diameters ranging from 13.9 = 1.7 pm to 65.7 + 6.2 um were created from the
highly elastic PLC via a melt-drawing method at varying speeds. They were
highly aligned with uniform diameter distributions. When melt-drawn at 150 °C,

the fiber diameter can be altered by adjusting the melt-drawing speeds,
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conforming to the mathematical model developed. Fiber diameter was found to

be proportional to v (14).

L929 cells could attach and proliferate on the scaffolds very well. The
cells seeded on the scaffolds showed normal morphology with >90% cell
viability after 6 days of culture. All the melt-drawn scaffolds illustrated great
potential in producing 3D guided cell alignment. Best cell alignment was found
on Voos. It was shown that fibroblasts L929, skeletal myoblasts C2C12 and
hMSCs aligned well on the parallel Vo.os microfibrous scaffolds. hMSCs
differentiated to smooth muscle lineage after 5 days of culture without the use of
soluble induction factors, showing that cellular shape modulation may
differentiate the MSCs. Cell infiltration was demonstrated by showing C2C12
cells infiltrated into the scaffolds after culturing for 7 days. PLC scaffolds for TE
of oriented smooth and skeletal muscles demonstrated the effective use of
polymer technology in meeting the requirements of the tissue-engineered
constructs to match the native myoarchitecture. These results demonstrated that
the PLC fibrous scaffold has good potential for creating cell alignment in

esophageal tissue engineering applications.
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Chapter 4. Bioengineering of esophageal musculature:

Customization of tubular scaffolds

4.1 Introduction: Mechanical properties and dimensions
Melt-drawing is used to produce elastic PLC microfibers from polymer
melt. The fibers are then drawn on a rotating mandrel to steer the fiber orientation.
The fiber drawing process generates fiber elongation, which decreases the fiber
diameter while enhancing its strength. PLC is a semicrystalline polymer, thus the
scaffolds” mechanical properties and biodegradation will highly dependent on the
fibers’ diameters and crystallinity. Meanwhile, the dimension and microstructure
of melt-drawn PLC must be controllable in terms of different processing
parameters, particularly the melt-drawing speed. To verify this hypothesis, the
aim of this work is to fabricate the PLC microfibers by melt-drawing and then
systematically study the influences of melt-drawing speeds on their crystallinity
and thermal properties. The mechanisms underlying the change in the crystalline
structure of the PLC will be examined in detail before and after melt-drawing, to
better understand the structural evolution during the fabrication of this
microfibrous scaffold. Additionally, the tensile properties of the microfibers will
be studied to determine the relationship between the drawing speeds and the

mechanical properties.
4.2 Materials and methods

4.2.1 Crystallinity analysis
To study the crystallinity in melt-drawn PLC, PLC microfibrous scaffolds

were drawn at melt-drawing speeds of 0.24, 0.47, 0.94, 1.88 and 3.77 m/s as
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described in Section 3.2.3. PLC flat sheets were hot pressed as described in

Section 3.2.1.
Fourier transform infrared (FTIR)

FTIR spectroscopy was used to determine the chemical functionalities of
PLC and analyze any structural changes that might have occur due to the melt-
drawing process. The chemical functionalities of the samples were determined
by an attenuated total reflectance (ATR) cell on the FTIR spectrophotometer
(Thermo Scientific™ Nicolet™ 6700) over the range between 4000 and 500 cm™
at 4 cm™* resolutions, averaging 32 scans. All spectra were recorded at room
temperature. PLC flat sheets were fabricated as control.

X-ray diffraction (XRD)

XRD technique was used to identify the crystalline structures of the
pristine PLC and the melt-drawn PLC. Samples were examined using a Philips
PW-1830 x-ray diffractometer with Cu Ka radiation (A = 0.15418 nm) over the
20 = 10-35° with a step size of 0.02°. Incident beam was parallel to the fiber
direction of the melt-drawn samples, while the pristine PLC pellets were
randomly placed over the sample holder. The diffraction peaks (in 26) were
analyzed using the HighScore software from PANalytical. Crystallite sizes were
computed from the full width at half maximum (FWHM) and Bragg angle (0)

according to the Scherrer’s formula [241].
Differential scanning calorimeter (DSC)

The thermal behavior of the pristine PLC pellets and the melt-drawn
fibers were tested on a DSC (TA Instruments, Q200). Samples of 15-20 mg were
cooled down to -10 °C and heated to 150 °C at 5 °C/min under nitrogen purge.

This was used to determine the Tg, the Tm, the enthalpy of fusion (AHs), and
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estimate the degree of crystallinity (Xc) of the pristine PLC and the melt-drawn
samples. TA Instruments Universal Analysis 2000 software package was used to

identify Tg, Tm and measure AHt.

4.2.2 Tensile testing for PLC rings

Tensile tests were performed to determine stiffness, ultimate tensile
strengths (UTS) and elongation of melt-drawn PLC samples in the radial
direction by using a modified ASTM D1414 rubber O-ring tensile strength
testing. PLC microfibrous rings were drawn with a mandrel size of 30 mm
diameter and at melt-drawing speeds of 0.24, 0.94 and 3.77 m/s, without moving
the melt-holder transversely as shown in Figure 4.1. It is highly challenging to
fabricate samples with the exact same cross-sectional area. Thus, two groups of
ring samples were fabricated by fixing (a) total time used to fabricate the samples
and (b) number of rotations or number of layers. The first group of samples were
fabricated by melt-drawing for 1 min which hereinafter named as Ao.24, Ao.94, and
Aaz.77 corresponding to their respective drawing speeds. The samples Ao.2a, Ao.o4,
and As.77 have almost the same weight at 0.2 g. The other set of ring samples

were fabricated by melt-drawing for 2400 rotations or 2400 layers which are

['ransverse spocd ]
PLC melt 0 s Ao 24 Agous As gy
— — § d- Same weight =
02g
Ring samples ¢ L :
g . Ring
/ I\.
__..-""f . B, Tdn Byogs Bygo !
r'd 4 - Same number

Circumferential
tensile testing

| of layers =
[ q 2400 layers
l Rotation —

Figure 4.1. Hlustration of fabrication process of various ring samples for
circumferential tensile testing.

82



labeled Bo.24, Bo.g4, and Bs.77, again corresponding to their respective drawing
speeds. The second set of samples Bo.24, Bo.g4, and Bs.7z were fabricated with total
melt-drawing times of 16 min, 4 min, and 1 min, respectively.
As-fabricated

The melt-drawn ring samples were stored in a dry box prior to the tensile
tests. Tensile tests were carried out with an Instron Universal Testing Machine
(Model 5569). The samples (n=3) were mounted between two metallic arms as
described by Shazly T. et al. [242]. The samples were subjected to monotonic
uniaxial extension by applying a displacement at 20 mm/min. The UTS tangent
modulus at 40% elongation, and elongation at break were computed from the
tensile stress—strain curves. Tangent modulus at the 40% elongation was

computed as it is closely related to the esophageal properties in vivo [29].
Moisturized PLC rings

To investigate the effect of moisture absorption on the tensile properties,
samples of Ao.24, Aogs, As7z were conditioned indirectly at humidity in a
refrigerator at 4 °C before tensile tests, as described in Section 3.2.1. After 3 days,
these moisturized samples were taken out and incubated to room temperature

before tensile tests.
Cyclic tensile testing

Cyclic tensile testing was conducted to mimic the esophagus condition in
vivo. The purpose of the test is to verify if the circumference of the scaffold could
return to its original dimensions after a bolus of normal size pass through the
construct with a normal strain of 50% [56]. Ao.24, Ao.o4, Az.77 were immersed in
PBS at 37 °C for 24 h prior to cyclic tensile testing. The samples were tap dried

and subjected to cyclic uniaxial extension by applying displacement at 5 mm/min
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up to 50% elongation for 10 cycles. The initial and final ring diameters were

measured using a Vernier caliper.

4.2.3 Planar tensile testing

Tubular scaffolds were fabricated using a melt-drawing speed of 0.94 m/s
as described in Section 3.2.3. Briefly, a tubular scaffold formed when melt holder
moved transversely along the length of 20 mm and distributed the microfibers on
the mandrel layer by layer. Planar tensile tests were performed on rectangular
strips of 20 mm (length) x 5 mm (width) to determine the tensile properties of
samples at two directions, namely the circumferential and the longitudinal
directions, as shown in Figure 4.2. The average Young’s modulus, UTS and
maximum elongation of the samples were computed from the stress-strain curves.

Three different types of tubular scaffolds were fabricated: the first and
second types of samples were fabricated using transverse speed, vi = 0.7 mm/s
for 10 layers (time: 285 s) and 20 layers (time: 571 s), respectively; the third type
of samples were fabricated using va = 0.7 mm/s for 5 layers (time: 142 s),
followed by viz = 4.0 mm/s for 30 layers (time: 150 s) (total time: 292 s). Note
that transverse speeds of 0.7 mm/s and 4.0 mm/s were the minimum and
maximum limits of the melt-drawing set-up, respectively. The first, second, and
third types of samples were named “10L_0.7 mm/s”, “20L_0.7 mm/s”, and
“5L_0.7 mm/s + 30L_4.0 mm/s”, respectively.

The first two sets of samples were fabricated using the slowest transverse
speed (0.7 mm/s) of the set-up, which was shown to create highly aligned fibers
in circumferential direction in Section 3.3.3. The samples were thought to be

strong circumferentially but weak longitudinally. By varying the sample
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thickness between 10L_0.7 mm/s and 20L_0.7 mm/s, their tensile properties

were examined.

(a) 10L_0.7 mm/s
1. Effect of Thickness =
sample 230 um
thickness
on tensile 20L_0.7 mm/s
properties Thickness =

350 pm

Fixed transverse speed at

i 2. Effect of

10L_0.7 mmys
transverse
speeds on
tensile
properties S5L_0.7 mmys +
30L_4.0 mm/s

Fixed thickness = 230 pm

Ul
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T
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g e
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20mm x5 mm m
I Sample
elongation

Figure 4.2. (a) Classification of three different types of samples fabricated for
planar tensile testing. (b) Ilustration of samples preparation for circumferential
and longitudinal samples for planar tensile testing (c) Planar tensile testing
process for flat scaffold samples.

Meanwhile, the third set of samples were fabricated using the slowest

transverse speed (0.7 mm/s) on the lumen side, followed by the fastest transverse

speed (4.0 mm/s) on the outer side of the tube. It was postulated that the highly-
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aligned fibers will be formed in the lumen, and the crisscross fibers could be
formed on the tubes’ external surface. This structure might improve the tensile
properties of the scaffold in longitudinal direction. By controlling the sample
thickness of 5L_0.7 mm/s + 30L_4.0 mm/s to be similar to the 10L_0.7 mm/s,

tensile properties were compared between the samples.

4.2.4 Scaffold fabrication with varying dimensions

PLC scaffolds with different diameters were fabricated using different
mandrel sizes. To vary the scaffold thickness, PLC were melt-drawn for different
number of layers. Meanwhile, the fiber sizes can be varied by using different
melt-drawing speeds as discussed in Section 3.3.3. Spacing between fiber and the
fiber orientation may be customized by changing the transverse speed of the melt-

holder.

4.2.5 Statistical Analysis

All data are expressed as means + SD. Statistical differences were
evaluated by one-way ANOVA analysis coupled with the Tukey’s test.
Differences were statistically significant when p < 0.05 and greatly significant

when p < 0.001.
4.3 Results

4.3.1 Crystalline structure and crystallinity

Fourier transform infrared (FTIR)

The FTIR spectra recorded from the flat PLC sheet and the melt-drawn

PLC samples are compared in Figure 4.3.
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Figure 4.3. FTIR spectra of PLC flat sheet and melt-drawn PLC samples.

The spectra of the semicrystalline PLC exhibit the absorption bands of

linear aliphatic polyester, which is consistent with its structure as follows:

2 9
(-O-CH-C-0-CH-C-) (-0-C-CH,-CH,-CH,-CH-) 1,
CH:  CH,

Both spectra revealed the characteristic ester absorbance peaks at 1743 cm™ for
the stretching vibration of the C=0 bonds. The three absorbance peaks occurred
at 1084, 1128, and 1181 cm™ due to the stretching of the C-O—C bonds. Strong
and broad absorbance from 3200 to 3600 cm™ were attributed to the stretching
vibration of the —OH bonds. The absorbance peaks corresponding to the C-H and
the CHs of LA units appeared at 2993 and 1045 cm?, respectively. The
absorbance peaks found at 2873 and 2944 cm™ were due to the stretching of the
C—H bonds in CL units. It was observed that the broad absorbance valley at 3200-
3600 cm™ occurs, due to the stretching vibration of —OH bond, and increased in
the intensity when melt-drawing speed increased. The results suggested that it
was more prone to form hydrophilic bonds on the fiber surfaces with the

decreasing fiber diameters.
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X-ray diffraction (XRD)

Figure 4.4 shows the XRD patterns are shown in between 10 and 35° in
20 of the pristine and the melt-drawn samples. It was found that all the samples
exhibited diffraction peaks that corresponding to and consistent with the
orthorhombic a-form of LA crystal structure, with unit cell dimensions of a =
1.05 nm, b = 0.61 nm, and ¢ = 2.88 nm that were suggested by Kobayashi et al.
[243]. The o-LA peaks were indexed in Figure 4.4. Moreover, there were another
two diffraction peaks indexed B that were in good agreement with another
orthorhombic crystal structure, reported as the B-form of LA crystal [244]. Its

unit cell dimensions were a=1.03 nm, b = 1.82 nm, and ¢ = 0.90 nm.
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Figure 4.4. XRD patterns for pristine PLC pellets and melt-drawn PLC
Differential scanning calorimeter (DSC)
Figure 4.5 presents DSC thermograms of the pristine PLC pellets and the

melt-drawn PLC fibers. The Tqy of the pristine PLC was observed to be in the

range of 10.2 - 17.3 °C, whereas the Ty of the PLC microfibers was found to
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decrease from 16.5 - 22.4 °C (Vo.24) t0 8.6 - 16.8 °C (V3.77) as the melt-drawing
speed increases. It was noted that all the thermograms exhibited two melting
peaks. These melting peaks were found in between Tm of PCL (Tm=-60 °C [245])
and PLLA (Tm=175-178 °C [245]). The lower melting peak (Tm,) was attributed
to the melting of B-form crystals of LA (B-LA), and the higher peak (Tm.) was
owing to the melting of a-form crystals of LA (a-LA), as it was reported that the
a-LA is more stable than the B-LA [244]. The pristine PLC pellet showed a small
peak of Tmp at ~52 °C in addition to the main peak Tmq at ~109 °C. With
increasing melt-drawing speeds, Tmp was observed to shift to a higher

temperature and Tm,q shifted to a lower temperature.
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Figure 4.5. DSC thermograms of the pristine PLC pellets and the melt-drawn
PLC samples

4.3.2 Tensile properties of PLC rings

The tensile stress-strain curves of the melt drawn PLC rings are presented
in Figure 4.6. All the samples showed the typical stress-strain curves of rubbery
materials. Itis clearly seen from Figure 4.6 that the Ao.2s, Ao.94, and Az.77 (A series)

samples have obvious yield points in the tensile stress-strain curves but Bo.2s,
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Bo.g4, and Bs.77 (B series) samples do not have. Young’s moduli of these B series

samples were significantly lower than that of the A series samples.

50
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Figure 4.6. Engineering stress—engineering strain curves for PLC rings with
varying melt-drawing speeds. Note: Az .77 and Bs.77 refer to the same set of
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Moisturized samples were compared to the dry samples as illustrated in

Figure 4.7. PLC is highly hygroscopic, so this high moisture content would affect
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Figure 4.7. Engineering stress—engineering strain curves for dry and
moisturized PLC rings with varying melt-drawing speeds.
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samples’ moduli. The tangent modulus at the 40% elongation of Ao.es and As.77
showed a significant decrease after moisturized. Nevertheless, nearly all the
moisturized samples had no significant difference in their UTS and elongation at
break when compared to the dry samples.

The UTS, tangent modulus at the 40% elongation, and elongation at break
of the samples were shown in Figure 4.8. It is noted that As77 and Bs .77 refer to

the same set of samples. The error bars represent the SD for n=3,and *P < 0.05
and *** P < 0.001 by ANOVA followed by Tukey’ s tests when comparing

within samples with the same melt-drawing speed. It was illustrated that there
was a significant drop in UTS and maximum elongation when comparing
between the dry samples Ao.24and Bo.4. The lower tensile properties of B series
samples might be due to the formation of more structural defects or undesirable

structures during fabrication, such as fiber misalignment and poor fusion of fibers.
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Figure 4.8. Histograms showing the comparison of (a) UTS, (b) tangent
modulus at 40% elongation, and (c) elongation properties of the PLC rings (dry
and moisturized) with varying melt-drawing speeds.

91



The cyclic tensile test results are shown in Figure 4.9. The Aogsand As77
showed no obvious differences in their recovery at each cycle. Also, Ao.24
recovered very slowly. After 10 cycles, all the tested samples recovered to their

original diameters.
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Figure 4.9. Cyclic tensile engineering stress—engineering strain curves for PLC
rings with varying melt-drawing speeds. The results were shown separately,
where each red line shows the first cycle and each green line shows the 10"

cycle.

4.3.3 Scaffolds’ planar tensile properties

2D flat sheet samples cut from tubular scaffolds were shown in Figure
4.10 (a). Samples 10L_0.7 mm/s and 20L_0.7 mm/s show highly aligned fibers,
while 5L_0.7 mm/s+30L_4.0 mm/s samples show aligned fibers in the luminal
side but slightly wavy pattern in the outer tubular surface. Due to the insufficient

transverse speed provided by the current melt-drawing set-up, the highest
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transverse speed achievable (4.0 mm/s) is still low to form an obvious crisscross

fiber structure.

(a) samples 10L_0.7 mm/s or 20L_0.7 mm/s sample 5L_0.7 mmys + 30L_4.0 mmy/s
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Figure 4.10. (a) Schematic illustrations and SEM images illustrating the fiber
arrangement of different samples. Planar tensile stress-strain results of the
10L_0.7 mm/s, 20L_0.7 mm/s and 5L_0.7 mm/s+30L_4.0 mm/s samples in (b)
circumferential and (c) longitudinal directions.

The three types of samples, i.e. 10L_0.7 mm/s, 20L_0.7 mm/s, and
5L 0.7 mm/s+30L_4.0 mm/s were tensile tested in two directions i.e.
circumferential and longitudinal direction. The planar tensile test results are
shown in Figure 4.10 (b) and tabulated in Table 3. It was observed that the tensile
properties increased with the thickness of the scaffolds. However, the 20L_0.7
mm/s samples of (average sample thickness: 0.378 mm) was too thick when
compared to the endomuscular layer (~0.250 mm) of the esophagus [46].
10L_0.7 mm/s (average sample thickness: 0.224 mm) and 5L_0.7
mm/s+30L_4.0 mm/s (average sample thickness: 0.245 mm) showed comparable
thickness to the native esophageal endomuscular layer [46]. By fabricating the

samples in a combination of slowest and fastest transverse speeds (5L 0.7
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mm/s+30L_4.0 mm/s), tensile properties were improved when compared to the

samples fabricated by a transverse speed of 0.7 mm/s (10L_0.7 mm/s).

Table 3. Tensile properties of the fabricated scaffolds as compared to the native
esophagus.

Native 5L_0.7 mm/s+
10L_ 0.7 mm/s  20L_0.7 mm/s
esophagus 30L_4.0 mm/s
UTS
141+0.05 8.94+0.03 14.09 +0.32 12.50 + 0.26

Circumferential (Mpa)
UTS

o 2.19+0.06 0.39+0.03 1.09 +0.03 0.56 +£0.01
Longitudinal (Mpa)
Modulus

] ] 144+0.06 124+0.24 1.75 +0.06 1.45+0.12

Circumferential (Mpa)
Modulus

o 230+0.09 1.11+0.01 424 +0.11 2.24+0.02
Longitudinal (Mpa)
Max Elongation

] ] 83 1140 1140 910
Circumferential (%)
Max Elongation
35 70 55

Longitudinal (%)

4.3.4 Customization of scaffold dimensions

Topographical control of the scaffold is one of the advantage of this

fabrication technique. Figure 4.11 shows the PLC tubular scaffolds with different

LD 25mm 3.5mm 50mm  T.0mm 9.0mm L0300 mm 150 mm 10,0 mm

Figure 4.11. Pictures of scaffolds fabricated with different inner diameters
(ranging from 2.5 mm to 30 mm) and different lengths (ranging from 12 mm to
45 mm).
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dimensions, i.e. diameter and length. These mandrels were designed on a
computer aided design (CAD) system using SOLIDWORKS and then 3D printed.
The 3D printer used in this study was the PolyJet (Objet Eden350V;
Stratasys). The wall thickness of the scaffold can also be varied according to the
number of layers of the PLC melt-drawn onto the surface of the mandrel. For
example, the Vo4 samples fabricated with 10 layers and 20 layers would have
wall thicknesses of 224 mm and 378 mm, respectively. These demonstrated the

possibility to produce a size-customizable scaffold for a specific patient.

4.4 Discussion

Semicrystalline polymers have regular repeating units which allow the
polymer chains to fold into 3D regular structures that are called crystallites [245].
In general, high crystallinity would lead to a high tensile strength and modulus
(stiffness). Consequently, it is imperative to study the evolution of crystallinity
for PLC during the melt-drawing process. FTIR absorbance peaks at 2944, 2873,
1382, and 960 cm™ in all the tested samples and these correspond to the
amorphous segments of CL [246]. There was no crystalline CL absorbance peak,
suggesting that CL only contributes to the amorphous portion in this copolymer.

CL crystal was not detected by XRD in the pristine PLC, as its two
distinct diffraction peaks at 21.5° and 23.8° were not found. Moreover, CL units
were also not crystallized after the melt-drawing process based on the XRD
results. These findings are in good agreement with the FTIR results. A possible
reason why CL is not crystallized is because the percentage of CL in this random
copolymer is low. This is an important finding as CL crystals take a long time

(up to 3 years) to degrade [220,247], which is not desirable in the TE applications.
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LA crystals have been extensively investigated previously by other
researchers. Literatures reported that fibrous PLLA typically contained two
crystal structures, namely the a- and the B-form. In general, the o form structure
is believed to grow upon melting or during cold crystallization [248]. When the
semicrystalline PLLA comprised of a-form crystals was drawn uniaxial near the
Tm, some of the a-LA would be transformed into the oriented f-form structure
[244]. In this study, fiber was directly drawn from amorphous PLC melt, which
was different from conventional multistep melt spinning with subsequent solid
fiber drawing. The XRD patterns of the pristine PLC pellets indicated that there
were some B-LA crystals in addition to the predominant o-LA crystals. It is
known that the polymer pellets are usually manufactured via a hot-extrusion
process with some extend of drawing. That may lead to the formation of some of
the B-form crystals in the pristine PLC. The main peaks for a-LA crystals
[249,250] were indexed in the XRD results. It was worth noting that all the
distinct peaks of B-LA crystals [244] were indexed in the results while the most
characteristic f(200) peak was not labelled. As the crystallography spacing (d)
of B(200) was slightly smaller than that of a(200) and/or a(110) [244], it would
have marginally larger 26 (~17°) in the XRD pattern. This explained why the
a(200)/(110) peak was asymmetrical as the weak 3(200) peak was located at the
higher 20. After melt-drawing, the samples exhibited similar XRD patterns to
those of the pristine PLC. Nevertheless, intensities of a(110) and B(330) peaks
were increased notably after melt-drawing. It indicated that (110) was the
preferred crystallographic plane in the melt-drawn samples. In addition, the
intensities of a(110) and B(330) peaks were found to be increasingly stronger in

the samples fabricated with higher melt-drawing speeds. Apparently, more
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texture (or preferred crystallographic orientation) occurred with the increase in
melt-drawing speed.

The Tgy observed in the DSC curves should be associated with the hybrid
amorphous LA/CL phase. In samples with low melt-drawing speeds (Vo.24- Vo.94),
the Tg shifted to a higher temperature as compared to that of the pristine PLC. It
is attributed to the incorporation of more LA units in the amorphous LA/CL phase
because LA has a higher Tq compare to that of CL. Therefore, samples of Vo.24 -
Vo.94 should contain more amorphous structures than the pristine PLC. Moreover,
Tg of melt-drawn PLC was found to drop down with increasing melt-drawing
speeds. The LA content of the LA/CL hybrid phase reduced along with the
increase in melt-drawing speed. This was because of the incorporation of LA
units to the LA crystals. It can be deduced that crystallinity of the melt-drawn
PLC increases with the decrease in the fiber diameter. Tm« Of the melt-drawn
PLC microfibers was observed to decrease with the increasing melt-drawing
speed. This was likely due to the gradual disintegration of the a-crystals. By
contrast, the increase of the Tmgp with the increasing melt-drawing speed might
be due to the increase in the B-LA crystallite size. The crystallite size that
computed from the B(330) peaks in XRD patterns was found to increase with the
increasing melt-drawing speed. The B-LA crystallite size of the pristine PLC
pellets was 37.6 nm, while it increased up to 44.7 nm in the V377 sample. The o
crystallite size could not be directly computed from the a(110) peak using the
same methodology because there were several peaks observed that were

overlapping with each other.
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The percentage of crystallinity (Xc) of the melt-drawn PLC microfibers
was investigated from the DSC thermograms based on the following equation

[248]:

X, (%) = 100% x (%) , (10)

f

where AH; is the enthalpy of fusion of sample, and AH; is the enthalpy of fusion
of 100% crystal. As shown beforehand by FTIR and XRD that only the LA units
in the PLC will be crystallized, the Xc can be calculated by the deduced equation

[251,252]:

AH AH
100%><< LB +#>
Mg OHp,

X. (Total)(%) = (11)

LA* !
where AH¢g and AH¢, are the enthalpy of fusion at Tmp and Tm., respectively;
AH;’B and AH;’a are the enthalpy of fusion of 100% B- and a-LA crystals,
respectively; and LA* is the molar mass fraction of LA in the copolymer. LA*
used in this calculation was 0.78. The most commonly used value for AH¢ is 93
J/g that was estimated by Fischer et al. [251]; and AH;B was calculated by Sawai
et al. to be 124 J/g [252]. These two values were used in the calculation.

Figure 4.12 shows the crystallinity variation with different melt-drawing
speeds, including the variation of crystallinity of a-LA (Xc.«) and crystallinity of
B-LA (Xcp) with melt-drawing speeds. Note that *** P< 0.001 by ANOVA
followed by Tukey’ s tests when comparing Xc (totaly With the melt drawing
speeds. The cast PLC was defined as the one with a melt-drawing speed of zero
in the results. AHy g and AH o were not detected in the cast PLC probably due to

the inability of LA to form crystals during melt-casting.
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Figure 4.12. Relationship between crystallinity (predicted from DSC) and melt-
drawing speed. Crystallinity of the pristine PLC pellets is included (with
horizontal dotted lines) for comparison.

A higher total crystallinity was clearly observed in the samples with a
higher melt-drawing speed, which could be expected from the decrease of Tg. It
suggested that the microfibers having a certain alignment of polymer chains
would lead to obvious crystallization during melt-drawing. This was consistent
with the XRD results showing that there was a preferred crystallization
orientation exists. The crystallinity of both a-LA and -LA was increased with
the increase in melt-drawing speed, but remained almost constant at higher melt-
drawing speeds. It was noted that V1.ss and Vs.77 had a very close X« to that of
the pristine PLC. Crystallinity of the a-LA almost remained constant except the
one at the very low melt-drawing speed, but their texture became increasingly
pronounced after melt-drawing. Meanwhile, Xcp of the Vo.04, V1.88 and V3.7 are
twice larger than that of the pristine PLC. Thus, it can be inferred that those LA
in the hybrid amorphous LA/CL structures will be crystallized to form B-LA in

the (110) plane after melt-drawing.
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Based on the close observations, it was proposed that the crystallization
of such an oriented melt would lead to a specific morphology known as fibrillar
morphology [253]. The fibrillary morphology of the PLC microfibers in this
work can be illustrated in Figure 4.13. The crystalline and amorphous regions
were stacked in each microfibril. The LA crystallites in adjacent microfibrils
were aligned parallel to each other. The interfibrillar region was comprised of
extended but uncrystallized chains. The air-cooled PLC displays LA/CL
amorphous structure. There were only a-LA crystallites formed when melt-
drawing at a low melt-drawing speed, while both a- and B-LA crystallites formed

at high melt-drawing speeds.
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Figure 4.13. Schematic illustration of the structural evolution of PLC after melt-
drawing and air cooling.

As illustrated in all the tensile stress-strain curves, the deformation
behavior of the highly elastic PLC ring was like typical rubbery materials. PLC

was originally not stretched and its polymer chains were entangled. When it
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started to deform, the slippage of polymeric chains occurred with an initial short
period of softening, followed by a long shear hardening. The softening of PLC at
the very beginning was probably due to the existence of sliding distance in space
[254]. The polymer chains were slowly aligned with the progress of deformation
until the yield point by which the material started to deform permanently. Beyond
the yield point, the hardening of the PLC at the high deformation level was due
to the inextensibility where there was a sharp upturn before the fracture [255]. It
was observed that the samples fabricated with lower melt-drawing speeds,
especially those samples with a melt-drawing speed of 0.24 m/s, illustrated
obvious serrated tensile stress-stain curves. This might be due to the structural
heterogeneity in the PLC copolymer that consisted of both amorphous and
crystalline components. This phenomenon became less pronounced due to a
larger percentage of crystallinity in the samples at higher melt-drawing speeds.
Esophagus is an organ that is always subjected to varying stresses and
strains especially in the circumferential direction. Mechanical properties of the
TE scaffold are extremely important to its performance as a temporary construct
when implanted in vivo. The mechanical properties of the scaffold, on the other
hand, are closely linked to the crystallinity of the semicrystalline polymers. The
tensile properties of PLC are plotted against the crystallinity of the samples in

Figure 4.14. Note that *P < 0.05 and *** P< 0.001 by ANOVA followed by
Tukey’ s tests when comparing the tensile properties of each set of samples with

their crystallinity. Trends were clearly seen that most of the Young’s moduli and
UTS of PLC rings increased significantly with the increase in the crystallinity.
Crystalline structures significantly enhanced the stiffness and strength of the PLC

ring. PLC had a Tq below body temperature and room temperature, hence the
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ductility of PLC scaffolds could be estimated at room temperature when they
were implanted. Ductility for most of the samples decreased with the
crystallinity % of PLC in this work. The Tq of PLC was shown to drop down with
the increasing melt-drawing speeds, which caused a significant drop in ductility

with the increasing crystallinity.
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Figure 4.14. Relationship between (a) Young’s modulus, (b) UTS, and (c)
maximum elongation with samples’ crystallinity.

The high moisture content in the hygroscopic polymers could often lead
to negative effects on their mechanical properties [233]. The presence of water
could act as a plasticizer and lower the Tq [245], which would affect the
mechanical properties and the degradation rate [256]. In this work, the
moisturized samples, however, showed no significant difference in their UTS and

Young’s modulus when compared to those of the dry samples. Ductility of the
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PLC rings were consistent regardless of the moisture content although a lower Tq
was observed in the moisturized samples. Nonetheless, the tangent modulus at
the 40% elongation of Ao.g4 and As77 showed a significant decrease after being
moisturized. This could be explained by the polymer plasticizing effect due to
the moisture inside the polymer networks. At a low elongation, the PLC fibers
would be deformed easily when it is moisturized.

The moisturized samples did not show significant reduction in tensile
properties, which means that the PLC scaffold could be suitable to be implanted
in vivo as the lumen of the esophagus would always be moistened by the secreted
mucus. The scaffolds illustrated tangent modulus at the 40% elongation of 10-60
kPa and Young’s modulus ranging from 200 to 350 kPa. According to Han et al.
[257], MSCs cultured on a substrate with elasticity of around 1-500 kPa may
express SMC markers because the elasticity of native muscles is ~10 kPa [52].
Without the soluble factors, MSCs differentiated towards the SMC lineage in
Section 3.3.4. The matrix elasticity [52,239,257] might also be the reason for
SMC differentiation in addition to the fiber alignment according to the previously
described cell shape modulation theory [240]. Furthermore, all the rings returned
to their original diameter lengths upon stretching for 50% strain for 10 cycles.
The stretched Vo.o4 and V377 rings returned rapidly to their original length after
released in all the cycles. These showed that they could be very useful as
temporary esophageal prostheses.

Planar tensile test results in the two directions for human esophagus were
reported and described in Section 2.1.2. In short, the average UTS were 2.19 +
0.06 and 1.41 + 0.05 MPa for longitudinal and circumferential esophageal

samples, respectively [29]. Human esophagus illustrated an elastic modulus of
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1.44 + 0.06 MPa, as compared to the modulus of 2.30 +0.09 MPa in the
longitudinal direction [29]. Here, in the planar tensile test results, the average
UTS in the circumferential direction was ~10 MPa, which is obviously stronger
than that of the esophagus. However, the UTS in longitudinal direction ranged
from 0.4-1.0 MPa, which is comparatively weaker than the esophageal. Most of
the samples failed through delamination in the longitudinal direction. Thin
samples, i.e. 10L_0.7 mm/s and 5L_0.7 mm/s + 30L_4.0 mm/s, had thicknesses
similar to the native esophageal endomuscular layer [46]. Slight improvement in
the UTS was observed in the longitudinal direction of ~170 kPa when comparing
5L_0.7 mm/s+30L_4.0 mm/s samples to 10L_0.7 mm/s samples. Tensile
properties in the longitudinal direction was improved by using a combination of
different transverse speeds in the fabrication strategy. It was noted that the
maximum transverse speed achievable by the current melt-drawing machine was
4.0 mm/s. Efforts need to be made to increase the melt-holder transverse speed
such that obvious crisscross-patterned fibers can be made to further increase the
scaffolds’ tensile strength in the longitudinal direction. Meanwhile, the modulus
of all the samples in circumferential direction were very close to those of the
native esophagus. The modulus of 5L_0.7 mm/s+30L_4.0 mm/s sample in the
longitudinal direction was comparable to that of the native esophagus.

PLC degrades in 12 to 24 months according to the manufacturer (Corbion
Purac). The slow degradation rate allows the PLC scaffold to maintain its
mechanical strength before tissue remodeling in vivo, which would eventually
lead to a formation of normal tissue capable of self-support. On the other hand,
CL do not form crystallites in the PLC. The degradation time of the copolymer

of PLC is not as long as its homopolymers, i.e. PLLC and PCL, due to the
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decrease in crystallinity and increase in water penetration [258]. Nevertheless,
animal study is needed for a clearer indication of the scaffolds’ behavior and
degradation in vivo. Studies by Jeong et al. [258,259] showed that PLC 50:50 did
not provoke foreign body reaction after in vivo transplantation in mice for up to
8 weeks. Tissue remodeled with smooth muscles growth and vascularization
were observed. After 15 weeks of transplantation, the PLC scaffold’s weight
decreased to 81% of its original value in their studies.

Topographical control of the scaffold is one of the advantage of this
fabrication technique, i.e. the scaffold can be customized to achieve the required
properties of a scaffold. To demonstrate the general applicability of this
technique towards tubular tissue TE, tubes were manufactured in a range from
2.5 mm to 30 mm inner diameters. The melt-drawing technique allows tubes to
be formed with different diameters and lengths quickly and easily. Infants, for
example, have much smaller esophageal diameter [260]. When a patient in need
of a scaffold with a certain diameter, it can be manufactured with the same inner
diameter. Definable wall thickness, which is controlled by number of layers of
drawing, based on different portion of the esophagus can also be achieved. This
kind of versatility positions these tubular scaffolds as a potentially viable new

method of creating TE constructs.

45 Summary

The crystallinity, thermal and mechanical properties of the PLC fibers
were investigated. The PLC experimented on was found to be semicrystalline.
CL units formed amorphous chains in the PLC copolymer. On the contrary, LA
units were crystallized, giving rise to a mixture of a- and B-form crystals. The

crystallinity increased up to ~15 % with increasing melt-drawing speeds due to

105



strain-induced crystallization. There was a preferential crystallographic plane of
(110) in the melt-drawn PLC fibers. An increase in -LA crystallite size was
noticed when its crystallinity was increased. A schematic illustration of the
structural evolution of PLC after melt-drawing was provided based on extensive
observation (see Figure 4.13).

The modulus and the strength were increased while the ductility was
decreased with an increase in crystallinity of the PLC samples. Moisture would
not degrade their overall tensile properties but affect their tangent modulus at low
strains. The planar tensile test results showed that the tubular scaffolds exhibited
similar tensile properties to those of the esophagus in circumferential direction.
However, the longitudinal strength of the scaffold was still insufficient to
replicate the native esophagus.

In terms of the ability to control properties of the scaffolds, combined
with their relative ease of fabrication compared to other techniques, it is
suggested that these tubular scaffolds can be an attractive candidate for tubular
tissues TE applications. Furthermore, the melt-drawing method is shown to be a
promising technique for microfiber fabrication with its simplicity and
customizability. Tubular scaffolds with various dimensions, such as inner
diameter, length and thickness, were successfully fabricated. The fiber diameters
and tensile properties were tunable by varying melt-drawing speeds. These
tailorable topographies and tensile properties showed that the additive-based
scaffold fabrication technique was customizable in micro- and macro-scale for
different tubular tissues. The merits of these scaffolds in TE were also exhibited
by the findings that cells seeded onto the scaffolds in vitro showed excellent cell

proliferation, distribution and alignment. To sum up, these results strongly
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suggested that the melt-drawn PLC scaffolds would be a suitable substrate for

TE of circular muscle layer in esophagus.
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Chapter 5. Bioengineering of esophageal mucosa: A

new bioink for 3D bioprinting

5.1 Introduction: A new bioink

In native esophagus, the epithelium is separated from the underlying
lamina propria by a layer of basement membrane. The esophageal epithelial
regeneration technique proposed aims to mimic the submicron and nano-scaled
structure of the basement membrane [14,21] so that (i) epithelial cells can grow
uniformly on the tissue engineered membrane; (ii) epithelial cells grow on the
membrane, separated from the underlying stromal cells, but still allow the cells
communication; (iii) protein can be deposited on the membrane; and (iv) the
epithelium will be able to stratify into multiple layers [73]. It was acknowledged
that there were fiber diameter limitations using the melt-drawing method. The
melt-drawn fibers were in tens of micron but the basement membrane consists of
submicron and nano-scaled structures [261]. Figure 5.1 illustrates the epithelial
cells cultured on the fibrous scaffolds, where the arrows highlight the cells
attached on the scaffold surface. Red arrow shows the cells grew into the scaffold,

which is not desirable.

Figure 5.1. SEM image of human buccal epithelial cell TR146 cultured on Vo.o4
scaffold.
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It was found that while the epithelial cells were able to attach onto the
fibers, the scaffolds were also cell-permeable. This did not meet the requirement
of epithelium TE as the scaffold should be impermeable to epithelial cells. The
melt-drawn fibers are not able to mimic the basement membrane and support the
epithelium stratification. In addition, the melt-drawing technique described was
not able to produce tubes that could mimic mucosa folding. Alternatives are
designed in this work to reproduce these critical structures. To create the patient
personalized structures, additive fabrication is still the most feasible option.
Among all the additive fabrication techniques, 3D bioprinting represents the most
viable method to create these structures. Epithelium and fibroblasts will be
delivered in different desired layers which could eliminate potential difficulties
in cell seeding.

The commonly utilized bioinks in bioprinting, i.e. the cell-laden
hydrogels and tissue spheroids or tissue strands, were reviewed. Hydrogels are
generally too weak unless using a suitable strong cross-linking method which
might induce DNA damage [214]. There are also difficulties in loading high cell
density in hydrogels. On the other hand, it is a challenge to form and process
tissue spheroids. The fabrication of scaffold-free tissue spheroids or strands
which requires a large number of autologous cells from patient is difficult to
realize in order to print large organs such as the esophagus [215].

Considering what is feasible for 3D bioprinting currently, in this work, a
new bioink using cell-laden microscaffold is presented. The reasons behind the
choice of selecting biodegradable cell microcarriers in bioinks are listed in Table
4 when comparing it to the use of the tissue spheroids. Polymer microcarriers,

especially microspheres, are commonly utilized as injectable biomaterials for
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clinically relevant applications, such as therapy for Parkinson's disease [262] and

venous leg ulcers [263]. Most of the normal mammalian cells need substrates to

adhere and proliferate [264]. These include the anchorage-dependent epithelium

and fibroblasts. Here the porous microspheres provide high specific surface areas

so that they allow the cells to attach, infiltrate and grow before an extrusion-based

printing. The cells seeded on the microspheres will be expanded in stirred or

perfused culture, and form cell-laden microspheres (CLMs) without further

passaging.

Table 4. Comparison between the tissue

microspheres in their usage in 3D bioprinting.

spheroids and the cell-laden

Tissue spheroid

Cell-laden microscaffolds

in 3D
bioprinting

e Slower cells fusion (during tissue
spheroid formation) but faster
tissue fusion after 3D printed

e Lower throughput

Disadvantages:

¢ Requires a very high initial cell
number

¢ Most of the spheroids formation are
not automated and rely on careful
manual work

« Difficult to obtain spheroids with
narrow size distribution

* Notall the cells can be self-
aggregated

« Extensive and uncontrollable
shrinkage after tissue fusion

Components | « Tissue formed from cells. * Polymer microscaffolds/microcarriers
« Some rely on hydrogels/ natural ECM with cells seeded
for the formation
Ilustration — :
: iﬂ% _:”“"Ir
Utilization in | Tissue fusion (self-assembly) Serve as mini scaffolds. Cell/tissue
3D Bio/organ growth together with degradation of
Printing synthetic polymer. Tissue will
eventually replace the original shape of
3D printed polymer/cell construct.
Advantages Advantages: Advantages:
and * Nolless additional materials » Controllable fabrication of cell
disadvantages involved carriers with higher throughput by

using widely recognized synthetic
biomaterials

» All types of cells can be cultured on
the carriers

» More controllable tissue/organ
formation with less shrinkage

» Requires lower initial cell number

» Easily encapsulate necessary
elements/nutrients inside
microsphere for controlled release
during tissue formation

Disadvantages:

e Mini scaffolds (additional
materials) are needed

» More steps are required to fabricate
the microspheres

» Slower tissue/organ formation
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PLGA was chosen as a suitable material for fabricating the biodegradable
porous microspheres. This is because its safety in clinically relevant applications
has been well established [265] and it can be processed into highly porous
microspheres with a controllable size range [102]. A highly porous microscaffold
is favourable for packing a high density of cells into the scaffold and achieving
desired degradation after printing as compared to a full solid scaffold.
Biomaterials with a controllable degradation time frame is also preferred as the
scaffold materials.

Cells are aggregated in the porous microspheres and each of the
microsphere represents a basic unit in the bioink. By exploiting this property,
epithelium regeneration is enhanced as epithelium aggregate could improve cell-
cell interactions [266] and this is beneficial for epithelium TE. These CLMs
together with thin hydrogel encapsulation would act as the bioink for the 3D
bioprinting of the epithelium. Fibroblasts would also be bioprinted, joining the
mucosa layer to the melt-drawn PLC scaffold for regeneration of connective
tissue.

The hydrogel encapsulation would lubricate the CLMs and then glue the
microtissues together after printing upon gelation. Here, agarose hydrogel with
low gelling temperature (less than 37 °C) was chosen for these purposes. The use
of agarose hydrogel is not uncommon in TE scaffolds fabrication [267]. It has
also been used in bioprinting but are usually printed as molds [145], due to its
superb thermal properties, extrudability, and non-stickiness. Agarose exhibits
pronounced hysteresis between the gelling and the melting [268], gels at below
18-42 °C and re-melts at above 60-90 °C. This property makes it to be very

suitable to be bioprinted. Its gelling and melting temperatures depend on its end
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groups. When submerged in water, agarose hydrogel has pore sizes of 0.3-0.4
mm when measured by atomic-force microscopy (AFM) [269], which will be
very useful for epithelium regeneration and stratification. Despite its advantages,
agarose is a polysaccharide and it lacks the arginyl-glycyl-aspartic acid (RGD)
for cell attachment and proliferation. A study has shown that fibronectin,
collagen I, and collagen 1V can enhance the esophageal epithelial attachment [77].
Hence, type | collagen would be added here as a favoured adhesive substrate to
make the agarose-collagen blend hydrogel (AC blend hydrogel) for better cell-
affinity. The addition of type I collagen in the hydrogel could also improve its

cell adhesion during culture.

5.2 Materials and methods

5.2.1 Materials

The materials used in this Chapter are the amorphous PLGA
(PURASORB® PDLG 5010, Corbion, Netherland) with DL-lactide and
glycolide in a 50/50 molar ratio, poly(vinyl alcohol) (PVA; Mowiol® 8-88;
Sigma-Aldrich, St. Louis, MO, USA), agarose type IX-A with ultra-low gelling
temperature (A2576; Sigma—Aldrich), collagen type 1 (3.34 mg/ml rat tail
collagen, Corning®, USA), double-distilled water (ddH20, PURELAB Option-
Q), PBS (P5368; Sigma—Aldrich), dichloromethane (DCM, AppliChem GmbH,
Germany), sodium hydroxide (NaOH; 35274 FLUKA,; Sigma—Aldrich), absolute
ethanol (EtOH; Merck, Germany), high glucose DMEM medium (Gibco, UK),

FBS (Gibco, UK) and 1 v/v% antibiotic/antimycotic solution (Gibco, UK).
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5.2.2 Porous microsphere fabrication

Porous PLGA microspheres were fabricated via a modified double
emulsion method. 5 mL of PLGA solution with 20 wt/v% of PLGA dissolved in
DCM was prepared. The salt solution was prepared separately by mixing 1 mL
of 10x PBS into 4 mL of 0.3 wt/v% PVA solution (PVA sIn). Both the solutions
were previously prepared in a ddH20. PVA sIn was vacuum filtered using a
membrane with 0.4 mm pore size prior to the experiments. The salt solution was
carefully poured onto the PLGA solution whereby the two-layered solution were
left to sit for 2 min prior to emulsification.

Emulsification was initiated by homogenizing the solution at 10, 000 rpm
for 2 min using a homogenizer (Wiggenhauser Homogenizer D-500). The
primary water in oil (w/0) emulsion was then quickly poured into a magnetically
stirred 200 mL of PVA sIn at 1000 rpm. The resultant water-in-oil-in-water
(w/o/w) double emulsion was left stirring overnight to allow microspheres
hardening and DCM evaporation. The microspheres were harvested and followed
by three ddH20 wash and vacuum filtration. The microspheres were sieved by
using sieves with nominal aperture of 88 and 149 mm.

Subsequently, the pores of the microspheres were further enlarged by
treating the microspheres with ethanolic sodium hydroxide (EtOH-NaOH) with
0.25 M NaOH: 70 v/v% EtOH in a ratio of 3:7. Both the solutions were diluted
with ddH20 to the desired concentrations prior to mixing. Briefly, one portion of
microspheres was suspended in ten portions of EtOH-NaOH solution with
magnetically stirring at 1000 rpm for 5 min. The microspheres were vacuum
filtered, followed by three ddH20 rinse. After final vacuum filtration, the

microspheres were dried in a freeze-drier (ScanVac CoolSafe Freeze Drying,
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LaboGene™, Denmark) for ~24 hrs and then kept in a fridge at 4 °C till further

usage.

5.2.3 Hydrogel preparation

The AC blend hydrogel to glue the microspheres was made of agarose
and collagen mixed into high glucose DMEM medium. Stock agarose solutions
were prepared by dissolving 3 wt/v% agarose Type IX-A in high glucose DMEM
and autoclaving the mixture for 15 minutes at 100 °C. The solution was then
brought to 37 °C in a water bath. Stock collagen solutions were prepared on ice
immediately prior to use by neutralizing collagen type 1 solution with dropping
1 M NaOH to bring the pH to 7.4. AC blend hydrogels were prepared by mixing
agarose and collagen stock solutions with additional warm high glucose DMEM
at 37 °C in appropriate volumes to create the blend hydrogel with 1.5 mg/ml
collagen and 1.5 wt/v% agarose concentrations. The solution was mixed

thoroughly and was incubated at 37 °C prior to testing.

5.2.4 Characterization techniques

The microspheres were observed under an inverted microscope (Zeiss
Axio Vert. Al). The surface morphology of microspheres was viewed under a
SEM at an accelerating voltage of 5 kV. A cross-section of microspheres was
captured under SEM after fracturing the microspheres. The sizes of microspheres,
microsphere pores and CLMs were measured using the Image J software. Note
that any pore size smaller than 1 mm was not measurable but it was known that
they vastly exist in the microspheres.

1.5 wt/v% agarose, 1.5 mg/ml collagen and the AC blend hydrogel with
1.5 mg/ml collagen and 1.5 wt/v% agarose concentrations were prepared as

previously described in Section 5.2.3. The hydrogels were first casted on ice,
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followed by incubation at 37 °C for 24 hrs, and then freeze-dried prior to SEM
imaging. The hydrogels were imaged at an accelerating voltage of 5 kV.

The Ty of the PLGA was determined by DSC (TA Instruments, Q200).
Hydrolytic degradation of the microspheres was studied in PBS at 37 °C. 10 mg
of PLGA microspheres were placed in 1 ml of PBS using 1 mL centrifuge tube,
and incubated in a 37 °C oven. Three tubes were centrifuged to remove the
supernatant from the microsphere pellet every week during experiment, dried

under freeze-drier and then weighed and observed under SEM.

5.2.5 Biocompatibility testing
Cell culture

L929 mouse fibroblasts were cultured to assess the biocompatibility of
the bioink in a preliminary study. L929 cells were cultured in high glucose
DMEM medium supplemented with 10 viv% FBS and 1 viv%

antibiotic/antimycotic solution as explained in Section 3.2.7.
Cell seeding on microspheres

Prior to cell seeding on microspheres, 0.3 g of microspheres were
sterilized by immersing them in 70 v/iv% EtOH at 4 °C for 5 hrs. The
microspheres were then washed with cold PBS before being suspended in 10 mL
of warm (37 °C) cell culture media in a 125-mL siliconized Techne biological
stirrer flask (Bibby Scientific Limited, UK). A total cell number of 2.5x107 was
suspended into the biological stirrer. Warm (37 °C) cell culture medium was
added into the biological stirrer to make a total solution volume of 40 mL. The
culture was stirred intermittently for 2 min every 30 min at the speed of 30 RPM
for initial cell attachment and growth. After 6 hrs, the total volume of the culture

was increased to 125 mL with pre-warm (37 °C) culture medium and a continuous
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stirring of 60 RPM commenced and continued for the next 20 hrs prior to
preparation of the bioink.
Bioink preparation

The AC blend hydrogel and the support material gelatin hydrogel were
kept in a water bath at 37 °C. The CLMs were centrifuged and the first
supernatant (medium) was removed. The AC blend hydrogel was quickly added
to the CLMs and gently pipetted prior to centrifugation and followed by a second
supernatant (hydrogel) removal. This would form thin coating of AC blend

hydrogel around the CLMs.
Cell viability on bioink

Cell viability of L929 on the microspheres and hydrogels were assessed
using live/dead assay (Molecular Probes, USA) after 7 and 14 days of culture as
described in Section 3.2.7. Fluorescence microscopy (Zeiss Axio Vert. Al) was
used to evaluate the live/dead staining of cells in the samples. The quantification
of live cells was computed from the fluorescence readings using the ZEN
microscope software. In preparation for SEM observations, the CLMs were
rinsed with PBS and fixed with 2.5% glutaraldehyde in ddH20 overnight at 4 °C.
Following PBS rinses, the samples were dehydrated through a series of graded
alcohol solutions, and then air-dried. Cellular constructs were gold-coated and

observed under the SEM.
5.3 Results and discussion

5.3.1 Porous microspheres
The PLGA microspheres were fabricated as shown in Figure 5.2. The

fabrication process was first optimized to create spherical shaped PLGA with
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Figure 5.2. Schematic and pictorial illustration on the fabrication of porous
PLGA microspheres

observable pores. It was planned that the sizes of the PLGA microspheres would
fall in the range of ~80 mm as would be explained later in this Section. First, the
salt solution was optimized to produce a well emulsified solution upon
homogenization. The salt solution was initially pure PBS as suggested by
literature [102]. However, clumping of the PLGA solution was observed during

homogenization. Thereafter, the salt solution was prepared by adding PVA sin

117



into the PBS. The homogenization process was improved and a homogenized
cloudy emulsion was produced.

This primary w/o emulsion was then pour into a stirring PVA sIn to
produce the w/o/w emulsion process. The stirring commenced by a propeller
stirrer (Heidolph Mechanical Overhead Stirrers RZR 2021) as shown in Figure
5.3. Due to the large size distribution of the microspheres fabricated, a magnetic
stirrer was then chosen to stir the emulsion. The size distribution was then
improved. PBS was used to create pores in microspheres. The salt solution was
optimized to produce spherical microspheres with pores. After substantial
optimization, a salt solution of 1 mL PBS (10x) mixed with 4 mL PVA slIn was
found to be the best, producing spherical microspheres that fall into a range of 10
to 200 mm. Pores can be observed as shown in Figure 5.4. Cross-section of the
microspheres was observed. Hollow microspheres and solid microspheres with
multiple pores throughout the internal structure were observed. The microspheres

were sieved into size range of 90 to 150 mm for a narrower size distribution.
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Figure 5.3. SEM images of PLGA microspheres fabricated by different
parameters. The optimized parameter is indicated in the red box.
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(a)

Figure 5.4. SEM images of (a) the optimized pre-treated microspheres and (b)
their cross-sections

An EtOH-NaOH treatment was used to enlarge the pores in the
microspheres as illustrated in Figure 5.5. A shaker (Orbit™ 1000 Multipurpose
Digital Shaker) was initially utilized to “etch” the surface of the microspheres in

the EtOH-NaOH solution [102]. However, clumping of the microspheres was

Figure 5.5. SEM images of the EtOH-NaOH treated microspheres by using
different parameters. The optimized parameter is indicated in red box.

120



observed with naked eyes during fabrication. After freeze-drying the
microspheres, it was observed that many of the microspheres were not treated
due to the clumping when shaking. A magnetic stirrer was again chosen to “etch”
the microspheres as it could create a more homogenous stirring. “Etching” time
of 5 min was identified as the optimum for enlarging the pore size of the
microspheres without compromising their structural integrity.

The microspheres fabricated ranged from 60 to 130 mm. They possessed
an extremely high porosity with an average pore size of 7.3 mm (ranging from
1.0 to 20.9 mm). Calculations were performed excluding multiple submicron
pores concurrently observed on the microspheres. Microspheres were fractured

and their cross-sections were shown in Figure 5.6.

Figure 5.6. SEM images of (a) the optimized EtOH-NaOH treated microspheres
and (b) their cross-sections

The microspheres size range was selected with the reasons as illustrated
and explained in Figure 5.7. The chosen pre-treated microspheres size range
(before EtOH-NaOH treatment: sieved to ~90-150 mm) was ideal for this study
as pores’ enlargement using EtOH-NaOH was limited by the microsphere size,
especially when microsphere sizes were small. It is known that most of the
mammalian cells have a diameter of ~10 mm when rounded up after detachment.

Cell infiltration would be impossible if the pores on the microspheres were too
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Figure 5.7. Schematic showing the relationship between the microsphere size
selection and its effect on the 3D bioprinting

small, which would reduce the cell density per microsphere. The optimized pore
size range was found to be ~0.1-20 mm. Further pore enlargement treatment
caused microsphere fragments to form which were previously shown in Figure
5.5. Submicron pores would assist in nutrient exchange while the macropores
would allow cells to infiltrate. The submicron pores are also beneficial for
epithelium stratification [207]. After enlargement of pores, the microspheres size
became smaller (60-130 mm) due to the “etching effect” of EtOH-NaOH.
Obviously, a higher printing resolution could be realized by using smaller
microspheres. Hence the adopted microspheres size range was determined as a
trade-off between printing resolution and cell density.

Scaffolds fabricated from biomaterials with a controllable degradation
time frame are preferred. PLGA microspheres could degrade within 12 weeks
hydrolytically in vitro at 37 °C as illustrated in Figure 5.8. Microspheres
aggregated and the forms of microspheres were lost (not spherical anymore) after
7 weeks. 99% of weight loss occurs after 12 weeks. Also, a highly porous
microscaffold is favorable compared to a solid scaffold to pack high density of
cells into the scaffold and achieve expedite degradation after printing. As

amorphous PLGA had a Tg much higher than 37 °C as shown in Figure 5.9, the
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microspheres could remain non-cohesive [102] for smooth printing without

clogging.
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Figure 5.8. (a) SEM images of PLGA microspheres after 1, 3, 5, and 7 week(s)
of hydrolytic degradation in PBS at 37 °C. (b) Graph showing the weight loss of
microspheres (n=3) with the weeks of hydrolytic degradation.
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Figure 5.9. DSC results showing T4 of amorphous PLGA at ~50 °C.

The PLGA scaffolds provided 2D surfaces with pseudo-3D environments
for the anchorage-dependent epithelial and fibroblasts cells to adhere and
proliferate. By using cell-laden microscaffolds in bioprinting of a 3D construct,

a lower initial cell density is achievable as compared to that required by
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conventional cell-laden hydrogels or tissue spheroids/strands. For example, when
using highly porous microspheres, initial density of ~2.7x10* cells/mm? would
be sufficient. By contrast, cell-laden hydrogel printing would require a cell
density of ~1.7x10° cellssmm?® while tissue spheroids printing would entail
~1.8x10° cells/mm? (as calculated in Appendix E). With the readily available
biomaterials and the mature technology in fabrication of the microscaffolds,
microscaffold-based bioprinting becomes simple to implement. Size distribution
of the microscaffolds can be well controlled by varying the appropriate
fabrication parameters. Furthermore, the polymeric microscaffolds were found
to be stable over a relatively long period after fabrication if properly stored. With
the support of these biodegradable microscaffolds, printed constructs can
undergo a slower and more controllable process of tissue maturation as compared

to the scaffold-free constructs.

5.3.2 Thermoresponsive AC blend hydrogel

Lubricating AC blend hydrogel [270, 271] was used as a thin
encapsulating material enveloping the microspheres for ease of printing. At
below ~20 °C, the AC blend hydrogel should work as an adhesive that assembles
the microspheres into a pre-defined shape. Ice was placed under the build
platform to expedite adhesion. The AC blend hydrogel was selected among other
hydrogels because it had good extrudability; enabled immediate gelation upon
cooling; and allowed formation of collagen fiber networks within the printed
construct during culture at 37 °C. Collagen fibrils were formed in the AC blend
hydrogel as shown in Figure 5.10 after incubation at 37 °C for 24 hrs. Arrows in
Figure 5.10 (a) show the whitish opaque collagen as opposed to the transparent

agarose. Collagen fibrils (arrows in Figure 5.10 (b)) can be observed under SEM
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in collagen and AC blend hydrogel, but not in the agarose. Moreover, AC blend
hydrogel provided fine microstructure which can replicate the ECM of
epithelium. Although could not be viewed under SEM, it was shown that agarose
hydrogel in water has pore size of 0.3-0.4 mm when measured by AFM [269].

This biomimicry structure would be very useful for epithelium regeneration.

(a) Cast on 1cc >
Incubate at 37 °C for 24 hrs

Collagen |8 s ]
Agarose

AC hydrogel §

Figure 5.10. (a) Pictures showing the incubated and freeze-dried 1.5 mg/ml
collagen, 1.5 wt/v% agarose, and AC blend hydrogels prior to SEM imaging.
(b) SEM images showing the microarchitecture of the hydrogels.

A variety of AC blend hydrogels with different combinations had been

tested to achieve optimal printing resolution, dispensing uniformity, solidifying
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time, and stacking ability while not sacrificing its cell viability and spreading. By
increasing the agarose hydrogel concentration, the blend hydrogels possessed
high extrudability, but they solidified too fast on ice which lead to serious
delamination between layers upon printing. In addition, when the agarose content
was higher, the cells were clumped in the AC blend hydrogel as shown in Figure
5.11 in a similar way to the pure agarose. Note that the images shown in Figure
5.11 were taken from the top surface of the hydrogel to avoid imaging of cells
attached to the TCPS. AC blend hydrogel with low concentrations of collagen
lacked RGD for cell attachment e.g. cells colonization (dotted arrows) occurred.
Although most of the cells became elongated (arrows) after 3 days of culture,
they remained in colonies (dashed circles). On the other hand, cells attained
normal morphology (arrows) in the optimized AC concentration.

(a) (b)

DI D3

200 pm i + 200 pm

200 pm 200 hm 200 pm

Optimized AC hydrogel with | S5mg/ml.  Blend hydrogel with 0.5 mg/ml.
collagenand 1.5 wi/v% aparose collagenand 2 wi/v% agarosc

Figure 5.11. OM images of C2C12 cast in AC blend hydrogels with (a) 1.5
mg/ml collagen and 1.5 wt/v% agarose and (b) 0.5 mg/mL collagen and 2
wt/v% agarose, after 1 and 3 day(s) of culture.

Meanwhile AC blend hydrogels with lower concentrations of agarose (<

1.5 wt/v%) were not favoured in the printing process as gelation of the hydrogel
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in each layer were slow. Additionally, by increasing the collagen concentration,
the blend hydrogels solidified before printing at 37 °C as collagen fibrils were
forming rapidly. Also, the higher the collagen concentration, the more the
construct shrunk after printing. Figure 5.12 shows that pure collagen had shrunk
by more than two times after culturing for 10 days. Moreover, the shrinkage was
not controllable whereby the size and shape changed considerably. On the other
hand, the AC blend hydrogel maintained its shape and dimensions after culturing

correspondingly for 10 days.
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Figure 5.12. L929 cells cultured on cylindrical AC blend hydrogel and collagen
with initial diameter (Do) of 15.0 mm. Do is the final diameter of the cells-
hydrogel constructs.

5.3.3 Cell attachment and viability

To understand cell attachment and proliferation in the PLGA
microspheres, mouse fibroblasts L929 cells was seeded onto the microspheres
using stirred culture. Cells attached well on the microspheres as shown in Figure
5.13. The highly porous PLGA microspheres had good cell affinity as expected

and thus high cell density CLMs were produced. The CLMs sizes ranged from
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60 to 150 mm. Of note is that size of CLMs became bigger when compared to the
PLGA microspheres as shown in Figure 5.13 because of the slight swelling of
PLGA microspheres after submerging in cell culture media at 37 °C [106]. Cells

seeded on the microspheres also contribute to the larger size of the CLMs when

compared to those before seeding.
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Figure 5.13. SEM images showing (a) the PLGA microspheres and (b) the
CLMs. The size distribution histograms of the microspheres and the CLMs are
shown below the respective SEM images.

The cell viabilities of L929 on the microspheres and hydrogels were
accessed through live/dead assay on day 7 (Figure 5.14) and day 14 (Figure 5.15)
of culture. First set of fluorescence images on the left are the live (green)/dead
(red) images of the cellular construct captured by the fluorescence microscope.
The graphs in the middle show the 2.5D reconstruction of the fluorescence
images for a clearer visualization of the positions of live and dead cells. The right
images are the zoomed-in live (green)/dead (red) images. Both the fabricated

PLGA porous microspheres and the AC blend hydrogel were highly
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Figure 5.14. Day 7 L929 cell viabilities on PLGA microspheres, 1.5 mg/mL
collagen, 1.5 wt/v% agarose and AC blend hydrogel.
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Figure 5.15. Day 14 L929 cell viabilities on PLGA microspheres, 1.5 mg/mL
collagen, 1.5 wt/v% agarose and AC blend hydrogel.
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biocompatible, showing more than 90% viable cells after 1 and 2 week(s) of
culture. Cells were spread out in the AC blend hydrogels after 14 days of culture,
in a similar fashion to those on the collagen. By contrast, in agarose hydrogels,
cells were rounded and formed into large cell aggregates. The results showed that
cell spreading was promoted using the AC blend hydrogel as compared to the

agarose.

5.4 Summary

A new bioink constituting of cell-laden PLGA porous microspheres with
thin encapsulation of AC blend hydrogel was presented. Optimizations of the
microspheres and AC blend hydrogel fabrication were presented. The L929 cells
were shown to attach and proliferate in the microspheres and AC blend hydrogel.
The use of cell-laden microscaffolds instead of the conventional scaffold-free
cell-laden hydrogels and tissue spheroids or strands as the building block in
bioprinting can potentially solve the problem of cell source shortage. The porous
microspheres provide high specific surface areas so that they allow the cells to
attach, infiltrate and expanded in stirred culture, and form CLMs. By using CLMs
in bioprinting of a 3D construct, a lower initial cell number is achievable as
compared to that required by conventional cell-laden hydrogels and tissue

spheroids or strands.
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Chapter 6. Bioengineering of esophageal mucosa: A 3D
bioprinting strategy

6.1 Introduction: A novel 3D bioprinting method

Extrusion-based technology enables the precise fabrication of complex
structures and facilitates the patterning of multiple types of cells. Instead of
applying the commonly used extrusion approaches, a micropipette-based
extrusion method is proposed for finer control, as illustrated in Figure 6.1, for 3D

printing of tightly packed CLMs. Cells are indicated in orange in the figure.
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Figure 6.1. Schematic illustration of the bioprinting process.
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The cells are seeded onto the porous PLGA microspheres. After stirred culturing,
cells infiltrate and proliferate into the microspheres, producing CLMs. The bioink,
i.e. CLMs encapsulated in thin AC blend hydrogel, will be made by adding the
hydrogel into the CLMs, followed by pipetting, centrifuging and removal of
supernatant. The packing of the microspheres per unit volume of the bioink is
estimated to be ~74% [272], assuming a densest packing of monodispersed
microspheres. The bioink is prepared before bioprinting on a chilled platform,
where agarose gelation occurs. Collagen fibrils are formed after culturing the
construct at 37 °C.

The proposed bioprinter design for CLMs printing is shown in Figure 6.2.

The system consists of four major units: (i) a 3-axis robotic controlled dispensing

system using micropipette tips, (ii) a printing preparation stage with boxes of

ﬂ; inner

diameter
. Printing
| preparation
// stage
f | |
- wﬁ_T“ Printing
1 P platform
- Ice water |

= - -
s—y .
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Figure 6.2. Schematic of an automated bioprinting system. Inset shows the OM
image of the micropipette tip.
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new micropipettes and bioinks under stirring and temperature control (37 °C), (iii)
an ice-water-chilled printing platform, and (iv) a closed chamber with humidifier,
UV lamp, and trash container.

Before printing, the chamber could be sterilized with an UV lamp. Bioink
with different cell types would be prepared in separate centrifuge tubes and then
loaded into a printer, with gentle stirring and precise temperature control. This
design would prevent CLMs from fusing before the start of the bioprinting
process. Each micropipette tip could draw up bioink from the respective
centrifuge tube concurrently for printing of a few layers. Printing was conducted
on the chilled platform where the hydrogel will glue the microspheres into
designed shapes layer by layer. Used tips would be removed into the trash
container after layers of printing and new tips would be fetched onto the
dispensing system before drawing the bioinks for subsequent printing. It was
noted that clogging of tips during printing and the resultant waste of bioink were
the main limitations for extrusion-based bioprinting. However, clogged tips
could be replaced in an automated way when using micropipette-based extrusion
printing. In fact, there had been some other commercial machines that feature
automated pipetting systems, which could be implemented into a bioprinter.
Although it might induce wastage of bioinks when removing the clogged tips,
this bioprinter could print large 3D tissues consecutively in a humidified closed

chamber with the reduced risks of contamination.
6.2 Materials and methods

6.2.1 Bioprinting process
Printing of constructs was accomplished using a simple, hand-held

printing process using micropipettes (size of 1-10 mL). An ice platform was
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prepared to bind the microspheres together. Prior to printing, all the equipment
was sterilized by rinsing with 70% EtOH followed by 1 hour of UV bath.
Superfrost plus microscope slides (Thermo Scientific, USA) or 12-well plates
were put onto the ice platform and the bioink was withdrawn into the
micropipette. The bioink was then extruded into the desired shape on the glass
slides and the 2.5D construct was formed immediately. A 3D construct was built
after a layer-by-layer printing. To build a tall, complex construct, gelatin
hydrogel was utilized as a support material, whereby it is laid down layer by layer

to support the biological structure.

6.2.2 Mechanical evaluation
Compressive testing

Three types of acellular samples were prepared, i.e. AC blend hydrogel,
cast samples with PLGA microspheres that were loosely packed in AC blend
hydrogel (loosely packed samples; ~20 v/v%), and bioink (tightly packed PLGA
microspheres in AC blend hydrogel samples). The disc samples were cast on ice,
followed by incubation in an 37 °C oven for 3 days before testing. The samples
were submerged in high glucose DMEM medium (Gibco, UK) supplemented
with 10 v/iv% FBS (Gibco, UK) and 1 v/v% antibiotic/antimycotic solution
(Gibco, UK) during incubation to mimic the cell culture condition.

The uniaxial compressive stress—strain measurements were performed on
the disc samples using the Instron 5566 universal testing machine with a load cell
of 100 N and a crosshead speed of 1 mm/min. The cylindrical AC blend hydrogel,
loosely packed PLGA microspheres (~20% v/v) in AC blend hydrogel and tightly
packed PLGA microspheres in AC blend hydrogel samples (each n=3) were 13-

15 mm in diameter and ~4 mm in thickness. The compressive stress (S) was
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computed by s = Load/ar2, where r is the initial unloaded radius; the compressive
strain (e) was defined as the change in the thickness relative to the thickness of
the freestanding specimen.
Tensile testing

The uniaxial tensile stress—strain measurements were performed on dumb
bell-shaped samples of acellular bioink. The samples were casted on a
polydimethylsiloxane (PDMS) mold.

To simulate the aggregated PLGA microspheres due to surface hydrolysis
after submerging in water at 37 °C as illustrated in Figure 5.8 (a) and Figure 5.15,
ethanol was sprayed on the dumb bell-shaped samples to speed up PLGA
aggregation. Tensile tests were carried out with an Instron Universal Testing
Machine (Model 5566) with a load cell of 100 N. The samples were clamped and
subjected to monotonic uniaxial extension by applying displacement at 0.1
mm/min. The UTS, Young’s modulus, and elongation at break were computed

from the tensile stress—strain curves.

6.2.3 Cell culture

The cells seeding and bioink preparation steps were described in Section
5.2.5. Cells were maintained in a humidified tissue-culture incubator at 37 °C and
with 5% COz. The bioinks (CLMs coated with AC) were kept in a water bath at
37 °C prior to printing. Printing of the cellular constructs were conducted under
sterile conditions.

Mouse fibroblasts L929 and human epithelial TR146 cells were cultured,
seeded and printed. These two cells were chosen to demonstrate that fibroblasts
and epithelial cells can be bioprinted to regenerate the esophagus mucosa and

submucosa. TR146 was cultured and expanded in HAMS F12 media
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supplemented with 2mM Glutamine (Biological Industries, Israel), 10 v/iv% FBS
(Gibco, UK) and 1 v/v% antibiotic/antimycotic solution (Gibco, UK). L929 cells
were labelled with green fluorescent cell linker (PKH67GL; Sigma—Aldrich, St.
Louis, MO, USA) and TR146 cells were labelled with red fluorescent cell linker
(PKH26GL; Sigma-Aldrich, St. Louis, MO, USA) before cell seeding on
microspheres.

To check the myoblasts and SMCs alignment after bioprinting, C2C12
and rat smooth muscle cells A10 cell line were seeded on the microspheres and
bioprinted. C2C12 was cultured and expanded as described in Section 3.2.7. A10
was cultured in a high glucose DMEM medium (Gibco, UK) supplemented with
20 viv% FBS (Gibco, UK) and 1 v/v% antibiotic/antimycotic solution (Gibco,
UK). C2C12 and A10 were labelled with red fluorescent cell linker PKH26GL
before cell seeding on microspheres.

After printing, all the cellular constructs were maintained at 37 °C in a
humidified incubator and the medium was changed every 2-3 days. Constructs
were observed daily. Viable cells remained fluoresce under fluorescence
microscope.

Additionally, to illustrate that stem cells can be bioprinted and maintained
their stem cells lineage after printing, hMSCs (passage 5) were seeded on the
microspheres, printed and cultured in mesenchymal stem cell basal medium
(Lonza) without using soluble differentiation factors. hMSCs were cultured prior
to seeding on the microspheres as described in Section 3.2.7. After 24 hours of
culture of the bioprinted hMSCs, the culture medium was changed to the StemPro

osteogenesis differentiation kit (A1007201, Gibco). hMSCs were differentiated
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into osteoblasts to demonstrate its multipotent lineage. Culture medium was

changed every 2-3 days up to 5 weeks.
Cell viability and proliferation

Cell viability of L929 on the bioprinted constructs were accessed using
live/dead assay (Molecular Probes, USA) after 2, 7 and 14 days of culture. The
viability of the cells within the printed 3D constructs were studied using
CellTiter-Glo® 3D (Promega, USA). The cells seeded microspheres served as a
control. Briefly, pre-mixed assay solution was added to each well of the
constructs with vigorous mixing before incubation at room temperature for 25
min. 100 pl of each resulting solution (n=3) was pipetted into a white 96-well
plate. Luminescence intensity was measured using a microplate reader (Ultra
Evolution, Tecan).

Cell proliferation of the 3D printed constructs was determined by the
RealTime-Glo™ MT Cell Viability Assay (Promega, USA), which measures cell
viability in real-time. Similarly, the cells seeded microspheres served as a control.
Briefly, after mixing the 2x assay solution with cell culture medium at 1:1
volume ratio, it was added to each construct in a white 96-well plate which was
incubated at humidified tissue-culture incubator at 37 °C and with 5% CO: for
up to 72 hrs. The viable cells were determined in culture by measuring the
intensity of luminescence signals at several time points from 1 hour up to 72

hours after culture using the microplate reader.
Immunocytochemistry studies

For hMSCs immunostaining, constructs were fixed with 4%
paraformaldehyde for 15 min at room temperature. These cells were then

permeabilized with 0.1% Triton X-100 in PBS for 10 min at room temperature
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and blocked with 5% BSA in PBS before the subcellular components were
immuno-labeled. CD44, CD31 and cell nuclei were counterstained with rabbit
monoclonal anti CD44 (2 mg/mL) counterstained with Cy3 goat anti rabbit 1gG,
mouse monoclonal anti CD31 (1:50) counterstained with AlexaFluor 488 donkey
anti mouse 1gG and NucBlue respectively. All images were acquired with the
fluorescent microscope Zeiss Axio Vert. Al.

After culturing the hMSCs bioprinted construct in osteo-differentiation
media for 2 weeks, alkaline phosphatase detection kit (ALP; Sigma) was used to
detect the ALP activity within the cells. Control in this study was the hMSCs
bioprinted constructs that were cultured in normal MSC media (Lonza) without
differentiation. Briefly, 20 ml of cell lysate (n=3) was collected from the
constructs and pipetted into black 96-well plates. Samples were incubated at 65
°C for 15 minutes then cooled to room temperature. Assay solutions were added
and mixed according to the manufacturer's instructions. Fluorescence set at 360
nm excitation and 440 nm emission was measured by the microplate reader.

Calcified nodules on the constructs were further demonstrated by using
Alizarin red S solution (ARS; Sigma) staining after 5 weeks of culture in osteo-
differentiation media. ARS is an anthraquinone dye that has been widely used to
evaluate extracellular calcium deposits in cell culture. 2 wt/v% of ARS solution
was prepared using ddH20, where the pH was confirmed to be ~4.2. The solution
was freshly prepared in the dark and vacuum filtered. The control was the 2D
culture of MSCs on TCPS which were differentiated to osteoblasts using the
same method described above. The constructs were washed with Dulbecco’s
phosphate-buffered saline (DPBS; Gibco) and formalin fixed for 30 min. ARS

solution was added to the fixed constructs and incubated at room temperature in
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the dark for 45 minutes. The solution was then removed and washed four times

with ddH20. DPBS was added to the construct before imaging.
6.3 Results

6.3.1 Bioprinted constructs

The extrusion-based printing was achieved manually in this work as a
proof of concept. However, it is obvious that complex 3D biological constructs
can be similarly bioprinted using an automated printer. 3D printing of a tube with
a mean diameter of 15.0 mm and height of ~5.5 mm was carried out using the

micropipette extrusion method as shown in Figure 6.3.
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Figure 6.3. Pictures demonstrating a 3D printed tubular construct with gelatin
(transparent) as support. Construct was printed on superfrost plus microscope
slides with a dimension of 25 mmx75 mm.

Orange-coloured food dye was added to AC blend hydrogel for
illustration purpose. Extrusion of the bioink can be performed effectively, with a
fast gelation upon printing onto the cold build platform. High concentration of
gelatin hydrogel (transparent) was used as a support material. It gels at

temperatures lower than 37 °C, forming a firm support to the construct. The
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gelatin support liquefied during subsequent culture at 37 °C, which was removed
together with medium. More bioprinted constructs are illustrated in Appendix F.
As shown in Figure 6.4, tightly packed PLGA microspheres can be printed using
the micropipette extrusion method, with a printing resolution of ~500 mm.

(a)

10 mm
|

Figure 6.4. (a) Picture of a 3D printed tubular construct with gelatin
(transparent) as support. (b) SEM image illustrates the microarchitecture of the
printed construct.

6.3.2 Mechanical properties

To demonstrate the advantage of the bioprinted construct in terms of its
mechanical properties, compression tests of the cast AC blend hydrogel, loosely
packed samples and bioink (acellular PLGA microspheres tightly packed in AC
blend hydrogel; ~74%) were conducted. Figure 6.5 shows the corresponding

compressive stress—compressive strain curves of the samples.
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Figure 6.5. Compressive stress-compressive strain curves for the AC blend
hydrogel, the loosely packed samples, and the bioink. Pictures on the right
show the representative samples used for compression tests.
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The AC blend hydrogels fractured under low deformation as expected. It failed
at an average stress of 2.7 kPa and strain of ~30 %. The loosely packed samples
were fractured at a higher average stress of 4.4 kPa and strain of ~60 %.
Meanwhile, the cast bioink broke at a much higher stress of 270.6 kPa and at a
high strain of ~75 % compared to the other types of samples. These samples
continued to compact after fracture as shown in the inset in Figure 6.5. The
average compressive moduli of the AC blend hydrogel, the loosely packed
samples and the bioink were computed to be 22.5 kPa, 29.1 kPa and 47.6 kPa,
respectively. Tensile testing results of the bioink showed that its UTS is ~25 kPa,
its elastic modulus is ~136 kPa, the maximum elongation is ~35% as shown in
Figure 6.6. From the SEM figures in Figure 6.6 (c), the fracture surface showed
intergranular fracture, whereby the fracture started from the weakest boundary

between the microspheres.
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Figure 6.6. (a) Picture showing the representative sample used for tensile tests.

SEM image illustrates the surface of the sample. (b) Tensile stress-strain curves

for the bioink, the inset shows a picture of a fractured sample. (¢) SEM images
showing fracture surface of the samples.

6.3.3 Cell viability and proliferation

L929 was tagged with green fluorescence as shown in Figure 6.7.
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Figure 6.7. Fluorescence images of L929 cells labelled by green fluorescent cell
linker PKH67GL cultured on (a) TCPS, (b) PLGA microspheres, and (c)
printed construct.

L929 seeded on the microspheres and bioprinted L929 constructs are shown in
Figure 6.7 (b) and (c). The green fluorescence on the cells showed that they were
viable. SEM images in Figure 6.8 shows that there were many cells in the

construct. Obvious cells are indicated by arrows. Dashed arrow shows the thin

Figure 6.8. SEM images of the printed construct using L929 cells.
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AC blend hydrogel coating, which was peeled off due to dehydration steps prior
to SEM.

Observation of as-bioprinted ring constructs using different types of cells
are shown in Figure 6.9 and Figure 6.10. L929 cells were labelled by green
fluorescent cell linker PKH67GL, and A10, T146 and C2C12 cells were labelled
with red fluorescent cell linker PKH26GL. The ring-shaped fluorescence images
in Figure 6.9 were combined from multiple images of each samples captured
under fluorescence microscope. Patterning different types of cells into 3D rings
was possible with the current 3D bioprinting method. Concurrent printing of two
different cell types can be achieved in each layer as illustrated in Figure 6.10.
The multi-cell type bioprinting is useful for printing complex biological tissues

or organs.

(b)

L9219
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Figure 6.9. (a) Photograph of a bioprinted ring using C2C12. (b) Fluorescence
images of printed ring constructs with L929, A10, TR146 and C2C12 cells.
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Figure 6.10. Fluorescence image reveal patterning of L929 cells (green)
together with C2C12 cells (red) side-by-side achieved by printing.

To determine cell viability after extrusion, the survival of L929 from 1 to
72 hour(s) was firstly assessed as shown in Figure 6.11 (a). The printed cells were
found to survive well after printing. The number of cells was continuously

increased over 72 hours. For a longer-term study of printed cellular construct, the
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Figure 6.11. (a) Real time cell viability and proliferation of printed 3D
constructs. (b) 3D cell viability within the printed construct on the day 2, 7, and
14 of culture after printing shows the cell growth over 14 days.
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cell viability was accessed after culturing the bioprinted constructs for 2, 7 and
14 days. The printed cells continued to proliferate for 14 days after printing, with
no significant difference (n=3) when compared to the control wells as illustrated
in Figure 6.11 (b). Fluorescence images on the left in Figure 6.12 show the live
(green)/dead (red) images of the construct captured by a fluorescence microscope;
graphs on the right show the 2.5D reconstruction of the fluorescence images.
Imaging by live/dead cell assays showed >90% L1929 cell viability for 2, 7 and
14 days after extrusion.
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Figure 6.12. L929 cell viability on day 2, 7 and 14 of culture after printing.
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Human epithelial TR146 cells from buccal mucosa were cell-seeded on
the microspheres as shown in Figure 6.13. The cells maintained their morphology
on the microspheres as shown in Figure 6.13 (a). The TR146 CLMs were printed
and cultured for 2 weeks. TR146 with red fluorescent cell linker was shown to
be printable and stayed viable after printing and culturing as shown in Figure
6.13 (b). Cells can be seen under SEM, but the epithelial cells were relatively flat
so could not be identified easily. These results indicated that the printed construct
maintained cell viability during the bioprinting process and provided a favourable

microenvironment for cell growth.

(a)

(b)

Figure 6.13. Fluorescence microscopy and SEM pictures of (a) TR146
epithelial cultured on microspheres and (b) bioprinted TR146 CLMs and
cultured for 2 weeks. Cells are indicated by the arrows.

Myoblasts C2C12 and smooth muscle A10 were cell seeded on the
microspheres separately. The C2C12 and A10 CLMs were printed separately into

rings. C2C12 and its CLMs are shown in Figure 6.14 (a). After 3 days of culture,
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Figure 6.14. Fluorescence microscopic images of C2C12 tagged with red
fluorescence (a) cultured on TCPS, AC blend hydrogel and PLGA
microspheres (b) bioprinted into ring.

the bioprinted C2C12 construct were stained with DAPI as illustrated in Figure
6.14 (b). Note that the ring-shaped fluorescence image was combined from
multiple images of the same sample captured under fluorescence microscope.
DAPI staining of nucleus clearly indicated that cells were not aligned in these
constructs. Smooth muscle A10 cells cultured on microspheres are shown in
Figure 6.15 (a). Cells were shown to grow on the microspheres in an isotropic
manner. After 3 days of culturing the bioprinted construct, the cells still showed
no alignment as opposed to the control TCPS as illustrated in Figure 6.15 (b, c).
SEM figures of bioprinted construct as illustrated in Figure 6.15 (d) also showed

similar isotropic A10 cell growth.
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Figure 6.15. (a-c) Fluorescence microscopic images of A10 smooth muscle
cells that were cultured on PLGA microspheres, bioprinted construct and
TCPS. (d) SEM microscopic images of A10 bioprinted into ring. Cells were
indicated by the arrows.

hMSCs were seeded onto the PLGA microspheres as shown in live
(green)/dead (red) image in Figure 6.16. The normal elongated morphology of
hMSCs was observed on the microspheres, similar to the TCPS control. Also, the
hMSCs have high cell viability (>90%) on the PLGA microspheres. The CLMs
were then bioprinted. The constructs were stained with CD44 (positive marker

for hMSCs) and CD31 (negative marker for hMSCs) to show the hMSCs lineage

PL.GA microspheres TCPS control

Figure 6.16. Live/dead imaging of hMSCs cultured on PLGA microspheres and
TCPS (control).
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as shown in Figure 6.17. After 2 weeks of culture, the osteo-differentiated
construct showed a significantly higher (doubled) ALP activity when compared
to the control, which was an indication of successful differentiation of hMSCs
into osteoblasts. After 5 weeks of culture, the osteo-differentiated constructs
stained with ARS showed red color (as seen in Figure 6.17) which indicated the

calcium deposition by the mature osteoblasts.

CD 44 CD 31 DAPI Merged

hMSC
Biopninted
constiruct

Fluorescence microscopic images

(steodillerentiaton 5 woeks

TCPS Biopnnied construct

Ostcoblasts cells ' O

Photlographs: ARS stammg shows the
success ful differentiation of h(MSCs

Figure 6.17. Fluorescence microscopic images showing Cy3 labeled CD44
(red), AlexaFluor 488 labeled CD31 (green), and DAPI nuclear staining (blue)
for the hMSCs on control (TCPS) and bioprinted construct. Photographs of the

ARS stained (red) osteo-differentiated cells on the TCPS and the bioprinted

constructs.

6.4 Discussion

The micropipette extrusion-based bioprinting method explored in this
Chapter using cell-laden microscaffold-based bioinks had shown good
printability. This method exhibited good extrudability; enabled immediate

gelation upon extrusion onto cold platform; and allowed formation of collagen
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fiber networks within the printed construct during subsequent culture at 37 °C.
High concentration gelatin was chosen as a support material due to its attribute
as a biocompatible hydrogel gelling at low temperatures. It has been commonly
used as support material in bioprinting [273] as it melts at culture temperature of
37 °C, allowing easy removal of the temporary support material once the
bioprinted construct can self-support itself.

The current bioprinting strategies include extrusion-based, microvalve-
based, laser-based, and inkjet-based printing. Microneedle, tapered tip, or nozzle
based syringe extrusion methods were widely applied in the reported extrusion-
based bioprinting approaches. It was found that the micropipette-based extrusion
method was a good approach to print tightly packed PLGA microspheres. The
tightly packed microspheres encapsulated in thin AC blend hydrogel samples
could sustain a much higher stress and strain than both the AC blend hydrogel
and the loosely packed samples. The mechanical strength of the bioink was
dramatically improved by more than 100 times when compared to that of the AC
blend hydrogel. Also, when the microspheres were loosely packed in AC blend
hydrogel, the mechanical strength of the construct was increased only by 1.5
times compared to that of the AC blend hydrogel. The compressive moduli of the
tightly packed microspheres samples were superior compared to the AC blend
hydrogel. The improvement in mechanical properties was attributed to the
packing of the strong polymer microspheres.

After the cellular constructs were cultured for two weeks, the PLGA
microspheres started to self-aggregate, which might have further improved the
strength of the construct. The tensile strength of the simulated construct with

acellular PLGA aggregation was conducted. It was noted that the AC blend
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hydrogel and loosely packed samples were not able to be clamped for tensile
testing. The bioink was measured to have tensile UTS of ~25 kPa. The fracture
initiated and propagated along the weakest intergranular boundary of the sample
as was predicted.

This 3D bioprinting approach, when compared to pure hydrogel
bioprinting, allowed for a better stacking ability for the fabrication of 3D
constructs. With cushioning or shielding effect from the microspheres, there
would be less shear stress-induced cell damage during extrusion-based printing
process. The printed construct has been shown to provide a suitable 3D
environment for different types of cells to grow on. By observing the results from
live/dead assay, prediction of the cell growth patterns in bioprinted constructs is
shown in Figure 6.18. Cells were initially seeded on the microspheres, forming
thin spikes of green signals in the 2.5D reconstruction graph. After 7 days of
culture, the cells continued proliferating within the CLMs; and started migrating
out to the AC blend hydrogel. Homogeneous green signals from the live/dead
graph after 14 days of culture indicated that cells were populating the whole

bioprinted construct. Microspheres started to merge with each other at the

AC hydrogel Cell migration Cell-populated Microspheres
bioink degradation

Note: ﬁ\ i:"‘;:'}b

N
AC hydrogel

Figure 6.18. Schematic illustration of prediction of the cell growth patterns in
bioprinted constructs
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time point. Microspheres were supposed to degrade after 12 weeks of culture
based on the PLGA hydrolytic degradation results.

The main purpose of bioprinting in this dissertation was to deliver the
epithelial cells at the esophageal lumen; and the fibroblasts to create connective
tissue adjoining epithelium to muscle layer. Folded structure with different
diameters can be printed using the proposed approach. Fibroblasts and epithelial
cells were shown to be viable after printing, and they continue to proliferate with
time. As discussed in Section 2.4, it is challenging in extracting and culturing of
primary epithelial cells without fibroblasts contamination. Hence, current
research has been shifted to stem cells, especially the MSCs in esophageal TE
[18,223]. Bone-marrow MSCs repopulated both Gl epithelial cells and
mesenchymal lineages in humans [225]. Here, the ability to deliver and pattern
MSCs using the bioprinting approach was demonstrated. If the MSCs can
maintain their stem cell lineage, then the bioprinted construct might be able to
reconstruct the esophageal epithelium when implanted. Preliminary results
showed that hMSCs can be printed without changing its lineage upon printing.

PLGA microspheres were used in this work, but other injectable
microscaffolds could also serve the same purpose in this context. The scaffolds
provided 2D surfaces with pseudo-3D environment for the anchorage-dependent
epithelial and fibroblasts cells to adhere and proliferate. By using microscaffolds
in 3D bioprinting, well-established surface treatment on scaffolds could be
applied to enhance cell affinity. Bioactive factors could be added into the
scaffolds and thus effectively control the stem cell fate. Levato et al. [274] used
a collagen-functionalized solid microcarrier-based approach to print bi-layered

osteochondral models for the bone compartment. They showed that the
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microcarriers facilitated cell adhesion and supported bone cells differentiation by
mesenchymal stem cells. The incorporation of proteins and drugs such as growth
factors, antibody, and cell adhesion peptides into the microscaffolds could be
realized for a sustainable release system in the printed construct. Poldervaart et
al. [275,276] printed bone morphogenetic protein 2 (BMP-2) and vascular
endothelial growth factor (VEGF) loaded gelatin microparticles for bone
regeneration. A graded concentration of these molecules could also be
accomplished in this printing. In addition, the microscaffolds could be
functionalized, for example by encapsulation of magnets for in vivo imaging [277]
of the implanted organ.

After culturing the bioprinted mouse myoblasts C2C12 and rat smooth
muscle A10 cells, the cells were growing in the bioink with no preferential
directional growth. C2C12 nuclei showed random distribution within the bioink.
The A10 cells could be observed under SEM after 3 days of culture with no
alignment. The F-actin architecture observed from the printed A10 construct was
random as opposed to that of the TCPS control. This could be attributed to the
random distribution of the highly isotropic microspheres. These results suggested
that bioprinted CLMs could not provide anisotropic alignment for the TE of
esophageal muscle layers.

The optimized AC blend hydrogel could be remained unsolidified at 37
°C for up to ~1 hr. Upon printing on ice, the hydrogel would solidify but still
could sustain bonding between layers. Nonetheless, collagen displayed
significant batch-by-batch variation [278]. The optimization process might need
to be re-iterated when using a new batch of the collagen. In addition, there was

currently no known mechanism for degradation of agarose. Although it was
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suspected that the cells infiltration into the agarose may occur via discontinuities
within the agarose hydrogel which might have occurred during the mechanical
deformation of the hydrogel [279], the exact mechanism of clearance of agarose
in the mammalian tissue environment was still unclear. Collagen and PLGA
microspheres degradation might have caused large defects in agarose hydrogel
which might accelerate agarose degradation in vivo.

In this study, the ability of bioprinting CLMs by using the micropipette
extrusion-based method was demonstrated. Tight packing of microspheres was
achieved. However, both resolution and speed of the extrusion-based printing
method were still not in the desired range for large tissue printing. Exact and
intricate printing has yet to be achieved. Indirect printing of the construct, e.g.
printing of sacrificial moulds before extrusion of the bioink, could improve the
printing resolution due to dimensional constriction whilst within the limitation of
the microsphere sizes. It was also suggested that 3D bioprinting of microscaffolds
was not restricted to extrusion-mode. For instance, CLMs could be tightly packed
in photocurable hydrogels, followed by photo-curing layer by layer for highly
efficient printing of tissue constructs. The current bioprinted construct is still
weak when compared to the native tissue, mainly due to the weak AC blend

hydrogel.

6.5 Summary

In summary, a hybrid 3D bioprinting approach using porous
microscaffolds and micropipette extrusion-based printing method was presented.
The bioink was constituted with cell-laden PLGA porous microspheres and thin
encapsulation of AC blend hydrogel. The mechanical strength of the construct

was greatly improved by more than 100 times when compared to the AC blend
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hydrogel. Highly porous microspheres enabled anchorage-dependent epithelial
cells, fibroblasts and hMSCs to adhere and proliferate in stirred culture before
printing. Also, AC blend hydrogel allowed a smooth delivery of CLMs, with
immediate gelation of construct upon printing on the cold build platform. Cells
were successfully printed and they maintained high viability after printing. The
cells also continued to proliferate with culture time. The bioprinted construct
possessed high biocompatibility, with cell viability of more than 90% after
culturing for 2, 7, and 14 days. hMSCs maintained its stem cells lineage after
printing. Nevertheless, it was noted that alignment of myoblasts and SMCs could
not be achieved by bioprinting of isotropic CLMs. A potential alternative in TE
of epithelium was made possible by combining the advantages of the

conventional solid scaffolds with the new 3D bioprinting technology.
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Chapter 7. Overall summary, conclusions and future

work

7.1 Summary

To achieve the TE of inherent structural heterogeneity in the esophageal
tissues, this dissertation presented a hybrid biofabrication strategy to mimic the
musculature and the mucosa of the esophagus.

The highly anisotropic endomuscular layer of musculature was
constructed by the tubular microfibrous PLC scaffold fabricated by the melt-
drawing method. The scaffold, i.e. the exterior of the TE construct, was found to
be sufficiently strong and elastic circumferentially. Tubular scaffolds with
various dimensions, such as diameter, length and thickness, were successfully
fabricated. The fibers were observed to be highly aligned and have a uniform
fiber diameter distribution. The fiber diameters ranging from 13.9 £ 1.7 mm to
65.7 £ 6.2 mm was obtained by varying the melt-drawing speeds, which was
found to be in good agreement with the developed mathematical model. The cells
seeded onto the scaffolds in vitro showed appropriate cell proliferation,
distribution, and infiltration. Myoblasts and hMSCs were highly aligned on the
melt-drawn samples along the direction of the fiber alignment, which illustrated
that the scaffold could support 3D-guided cells growth. hMSCs were
differentiated into SMC lineage, showing that cellular shape modulation and
scaffold elasticity adaptation could induce myogenic differentiation of stem cells.
PLC scaffolds for TE of oriented smooth and skeletal muscles could meet the
needs to the native myoarchitecture. The crystallinity of PLC was increased up

to ~15 % with increasing melt-drawing speeds due to strain-induced
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crystallization. Modulus and strength were increased while ductility decreased
with an increase in crystallinity. Tensile properties of the scaffolds are
comparable with the reported native human esophagus. The capability to control
properties of the scaffolds, combined with their relative ease of manufacture
compared to other TE techniques suggest that melt-drawn PLC tubular scaffold
is an attractive candidate for TE of esophageal musculature.

The epithelium of mucosa was 3D bioprinted, which provided a platform
for biofabrication of the folded mucosa. A novel bioink constituted with cell-
laden PLGA porous microspheres with thin encapsulation of AC blend hydrogel
was presented. The use of the cell-laden microscaffolds instead of the
conventional cell-laden hydrogels and tissue spheroids as the building block in
bioprinting could potentially solve the problem of cell source shortage. Highly
porous microspheres enabled anchorage-dependent epithelial cells, fibroblasts
and hMSCs to adhere and proliferate in the stirred culture before bioprinting.
Also, AC blend hydrogel allowed a good printability of CLMs, with immediate
gelation of construct upon printing on a chilled build platform. AC blend
hydrogel also provided fine microstructure that could mimic the ECM of
epithelium. Printing of tightly packed microspheres was demonstrated by using
the micropipette extrusion-based 3D bioprinting approach. The mechanical
strength of the cast bioink with tightly packed microspheres was greatly
improved by more than 100 times when compared to that of the AC blend
hydrogel. By utilizing the 3D bioprinting approach, all four different types of
cells were successfully printed with high viability. The cells continued to

proliferate within the bioprinted construct up to 14 days. The hMSCs maintained
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its stem cell lineage after bioprinting, which could serve as an alternative to
epithelial cells in the epithelium in vivo regeneration.

In vitro performances of individual components of a hybrid construct
were successfully illustrated for TE of esophageal muscles and epithelium TE.
The hybrid melt-drawn PLC exterior and bioprinted mucosa and submucosa are
shown in Figure 7.1, offering the benefit of macro- and microstructural

biomimicry for esophageal TE.
__—TBioprinted layer 1

Melt-drawn PLC

Bioprinted
tﬁi\i

layer 2
W

Figure 7.1. A prototype combining melt-drawn PLC fibrous scaffold with the
bioprinted PLGA microspheres. The bioprinted layers 1 and 2 are to mimic the
folded epithelium and the underlying connective tissues, respectively.

The melt-drawn PLC and bioprinted PLGA microspheres components
have distinctive features. Melt-drawn PLC tubular scaffold exhibited high
anisotropy but bioprinted PLGA microsphere construct was nearly isotropic. The
melt-drawn PLC complemented the strength and elasticity of the construct. On
the other hand, the bioprinted construct could complement the ability to control
structural integrity and form the epithelium. Bioprinting of connective tissues
could adjoin the inner bioprinted epithelium layer and the outer cell-seeded PLC
scaffold layer. Overall, this hybrid bioengineered TE construct provided a new

insight into the customization of critical properties of esophageal scaffolds.
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7.2 Conclusions

The goal of this dissertation was to develop personalization of esophageal
TE construct, focusing on the two main components, i.e. the muscle and the
epithelium tissues. Towards this end, customizable strategies to create a hybrid
TE construct for bioengineering of the structurally heterogeneous esophagus
were successfully developed. For bioengineering of the anisotropic musculature
with tunable strength and elasticity, semicrystalline PLC could be melt-drawn at
different melt-drawing speeds. The capability to customize the scaffolds’
dimensions was clearly demonstrated. To regenerate the folded mucosa, isotropic
epithelial cells-seeded PLGA microspheres were bioprinted. The bioink showed
high strength and good stacking ability when compared to pure hydrogels.

The fabrication of PLC scaffolds demonstrated the asynchronous cell
incorporation method, while the bioprinting of cell-laden PLGA microspheres
affirmed the concurrent cell incorporation TE method. The hybrid bioengineering
of muscle cell-seeded exterior of tubular scaffold and 3D bioprinting of interior
folded mucosa in the lumen had demonstrated their potential application prospect
in esophageal TE.

The hybrid biofabricated construct met all the necessary requirements for
esophageal TE, i.e. (i) achieving suitable dimensions and shape; (ii) being
flexible circumferentially; (iii) possessing a surface suitable for epithelium and
muscle regeneration; and (iv) being strong enough for holding the structure and
to be handled by practitioner. The construct was shown to be biocompatible with
certain degree of both macro- and micro-structural tissue mimicry. Moreover, it
possessed open, interconnected pores, with satisfactory pore sizes for cell

infiltration and cell growth.
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7.3 Future work

As most of the mammals’ major organs, including the lung, trachea,
kidney, Gl tract, genitourinary system and vasculature, are composed primarily
of tubes, the hybrid TE construct could be particularly useful when applied to
these tubular organs TE. One example would be TE of arterial tissues.
Biomechanical properties of arterial tissues have been determined to follow a “J”
curve in the pressure—diameter plot, i.e. large inflation in the low-pressure
regions, gradually reduced inflation in physiological pressure regions and then a
little inflation in the high-pressure regions [280]. An arterial tissue TE construct
requires compliance matching with the native arteries. The difference in
mechanical properties between a TE construct and a native artery may induce
hemodynamically flow disturbance. Stress concentrates near the anastomosed
site, thereby enhancing thrombus formation and neointimal hyperplasia [280].
The melt-drawing technique was adapted to draw PLC on a dip-coated PLC tube
to fabricate a compliant arterial tissue TE construct [281]. The fabricated tube
simulated well with the a “J” curve of a native artery, when compared to a dip-
coated PLC tube. Moreover, the fabricated tube was highly kink resistant. Further
improvement can be made by bioprinting of a layer of endothelium in the lumen
of the tube, enhancing endothelium regeneration in the construct.

The resection of native colon had caused significant morbidities, which
include the changes in water and sodium absorption, the production of short chain
fatty acids, and the lack of storage capacity [282]. Vacanti et al. [282] fabricated
TE colon based on PGA and PLA polymers. The polymer tubes were internally
loaded with organoid units, which were isolated from the sigmoid colon, by

micropipette. The TE conduits had significant absorptive capacity when
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implanted, but there was no direct measurement of motility. Hecker et al. [283]
bioengineered fibrin-based tissue construct with smooth muscle alignment,
which was shown to maintain aspects of colonic physiology such as motility. The
combination of these two approaches can be akin to the proposed method in this
dissertation. The PLC microfibers fabricated by melt-drawing and mimicking
native smooth muscle alignment might improve the motility of the TE construct.
The adoption of bioprinting of mucosal folds may also assist in the intestinal
epithelium regeneration, hence has a high potential to improve the functionality
of the colonic TE construct.

Based on the results achieved in this dissertation, future work can be
carried out to improve the performance of the techniques described in this
dissertation in the following three directions: (1) to enhance the melt-drawing
processability for a wide variety of tubular scaffolds; (2) to increase the porosity
of melt-drawn tubular scaffolds; and (3) to improve the microscaffold-based
bioprinting technique.

To produce PLC scaffolds with more precise control and a larger variety
in process parameters, a new melt-drawing machine is being developed in
progress as shown in Figure 7.2. The new machine can be adjusted for a great
variety of sizes of mandrels, thus widening the range of diameters and lengths of
the tubular scaffolds to be fabricated. An increase in the machine length could
allow to fabricate longer scaffolds for large-gap esophageal replacement. The
mandrel’s rotational speed could be further increased compared to the current set
up, and this would enable the machine to fabricate even finer fibers. There will
be also a larger range of transverse movement speeds for melt-holder in the new

machine. Furthermore, cross fibers could be created with the new design to
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improve the tubular scaffold’s strength in longitudinal direction. The new set up
has two melt-holders that can increase the efficiency in scaffold fabrication. More
importantly, multi-material scaffold design will become possible. In the future,
the machine will have more automated control such that control of transverse
motion and fiber layering will be more precise. Compiling all the technical
improvements, this new machine will be able to create tubular scaffolds with

better control in both structure and topology.

Figure 7.2. Rendered design (left) and picture (right) of the melt-drawing
machine being newly designed.

The melt-drawn PLC scaffolds fabricated have interconnected pores due
to the single fiber drawing process, but their main drawback is their low
porosities. Hence, it is important to increase the porosities of the scaffolds so that
cell infiltration and vascularization, which are the factors critical for in vivo
applications, can be much enhanced. The new scaffolds comprised of melt-drawn
fluffy PCL fibers concurrently with PLC to form tubes as illustrated in Figure 7.3
have high porosities. Further improvements on these scaffolds will be made,
especially on the parameter optimization such as controlling the ratio of PLC and

PCL to improve the scaffold’s porosity, strength, and alignment.
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PCL+PLC PCL+PLC
(More PLC) (Optimized )

Figure 7.3. llustrations and SEM images showing melt-drawn PLC (left), PCL
(right) and hybrid co-melt-drawing of PLC and PCL

For the 3D bioprinting part, future work will be focusing on improvement
in the fabrication process through automation to establish procedures for 3D
printing of reproducible and complicated constructs. To further explore the
possibility of the microscaffolds-based bioprinting approach, concerns regarding
innervation and vascularization of TE construct should be addressed. These
delicate and complex features, which would be difficult to be achieved using
melt-drawing method, can be realized using CLMs bioprinting.

Thin nerve fibers and numerous ganglia provide the innervation of the
esophagus [34]. The ganglia that lie between the longitudinal and the circular
layers of the muscularis externa form the myenteric plexus, which regulates
contraction of the muscle layers. Meanwhile, the ganglia that lie in the
submucosa form the Meissner's plexus, which regulates secretion and the
peristaltic contractions of the muscularis mucosa [34]. Previous reported TE
methods relied on neural stem cells therapy to re-innervate the muscles
[6,284,285]. These stem cells migrate, proliferate and differentiate in vivo after

their transplantation into animal models. It is strongly suggested here that the
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bioengineering of nervous components could be made possible by utilizing
CLMs bioprinting. The microspheres can be seeded with neural stem cells before
bioprinting. However, there is a need to reduce the size and size distribution of
microspheres to achieve the replication of the nerve fibers (micron-scale). These
CLMs should be printed side-by-side for a controlled nerve tissue maturation
such that signal transmission could made possible. Here, alginate beads with
uniform size distribution (but with large diameters of ~1 mm) were fabricated
and printed for illustration purposes, as shown in Figure 7.4. Note that it is
challenging to fabricate micron-scale beads with uniform size distribution, and
that it is also technically difficult to print them side-by-side. More efforts are

needed in order to achieve the esophageal innervation using CLMs bioprinting.

(a) ib)

Beads

A

Figure 7.4. (a) Hlustration of beads printing for the bioprinting of nervous
CLMs in the future. (b) OM and (c) pictures of the printed beads.

Vascularization of the esophagus is also important since substantial
thicknesses of the organ are to be engineered. Similar approach as discussed in
the last paragraph could be applied to bioengineer the vascular system of the

esophagus. The bioprinting strategies could be extended to utilize new material
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combinations, producing different forms of microscaffolds, and developing
novel printing methods to assemble the CLMs. Growth factors encapsulation,
especially EGFs and vascular endothelial growth factors (VEGFs), can be
incorporated in the microscaffolds to improve epithelium growth and
vascularization.

The study on tissue interface bonding between the melt-drawn tubular
scaffold and the bioprinted layers would be required. Combining the improved
techniques in fabricating each layer, the implantable TE construct could be

realized.
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Appendices

Appendix A: Biomechanical properties of human esophagus
Biomechanical properties of the esophagi of four experimental groups
were reported by Vanags et al. [29], which are Group I: 19-44 years old, Group
I1: 45-59 years old; Group I11: 60-74 years; and Group 1V: 75-89 years. Ultimate
stress and strain were the greatest in the cervical part of the esophagus for all age
groups. With the age the values of mechanical parameters of the esophagus wall
reduced, but the modulus of elasticity increases. Difference in the tensile
properties of the esophagus in different age groups is summarized:
Longitudinal direction:
* Mean ultimate stress: Group I: 2.19 + 0.06 MPa (28%, 45% and 69.8% higher
than in Group I1, Group 111, and Group V)
* Mean strain: Group I: 70.0 + 7% (13%, 12.5%, and 28% higher than Group
I1, Group II, and Group V)
» Tangential moduli at 40% of relative strain 0.4MPa (E0.4): Group | (2.30 +
0.09MPa), other age groups (invariable between 1.95-1.98 MPa).
Circumferential direction:
* Mean ultimate stress: Group I: 1.41 + 0.05 MPa (34.3%, 38.2%, and 42.4%
higher than in Group II, Group |11, and Group V)
* Mean strain: Group I: 82.5 + 9% (13.8%, 19.2%, and 28.1% higher than in
Group |1, Group 11, and Group 1V)
* EO0.4:Group I (1.44 +£0.06MPa); Group Il (1.31 £ 0.05MPa); Group 111 (7.6%

higher than in Group I); Group 1V (10.4% higher than in Group I)



Appendix B: Rheological results for PLC at various temperatures
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Figure B.1: Dynamic frequency sweep tests of PLC melt at various temperatures.



Appendix C: GPC report for pristine and melt-drawn PLC
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(1) Melt-drawn PLC, V377
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Appendix D: L929 cell alignment on PLC scaffolds

Figure D.1: L929 was aligned on all PLC scaffolds. In particular, high cell

alignment was observed in Vo.os.



Appendix E: Calculations of the initial cell numbers needed before
bioprinting of a 1 mm? construct.

a) Calculation of cells needed to be seeded into microspheres for bioprinting of

a 1 mmd tissue construct. Overestimation as per reasons stated above. b)

Calculations of cell numbers needed for bioprinting of a 1 mm? tissue construct

for cell-laden hydrogel-based and scaffold-free tissue spheroids-based

bioprinting, according to closest packing of spheres inside a volume.

a)

Packing of dry spheres into a known volume was investigated.

Mass of dry spheres per unit volume is 4.08x10* g/mm?,.

Cells seeding protocol:

3 mg/mL microspheres with 2x10° cells/mL.

No. of initial cells/mass of microspheres = 6.67x107 cells/g

No. of initial cells/volume = 2.7x10* cells/mm?

Grounds for overestimation:

Dry spheres were used in calculation.

Before printing, the microspheres were loaded with cells (form microtissues)
where the value of microtissues/unit volume will be lower than the calculated
value.

b)

Assumptions:

Cells are spherical with diameter (D) of 20 mm; Spheroids are spherical with D
of 200 mm (min) or 600 mm (max).

Cells and spheroids have negligible size distributions.

Closest spheres packing can be achieved (74% inside the cube)

VI



Consider printing spheres (closely packed) into a cube with volume (V) of 1 mm?:
Cells (assume spherical) loaded in hydrogels
Cells: D =20 mm
Veell = 4.19%10° mm?3
To pack cells inside a cube with Veupe = 1 mm?3
Closest sphere packing is 0.74.
Vsphere could be packed inside the cube = 0.74 mm?
No. of cells/volume = 0.74/ 4.19x10°®
= 1.77x10° cells/mm?3
Or
No. of cells/volume of hydrogel = 1.77x108 cells/ml
Tissue spheroids printing in hydrogels
Spheroids: D = 200 mm to 600 mm
Vspheroid = 4.19x10° mm?3to 0.113 mm?®
To pack spheroids inside a cube with Veue = 1 mm?®
Closest sphere packing is 0.74.
Vspheroids could be packed inside the cube = 0.74 mm?
No. of spheroids/volume = 0.74/ 4.19x103t0 0.74/ 0.113
=61t0176
No. of initial cells/Spheroids = 2x10* cells/spheroid
No. of initial cells/\Volume = 1.2x10° cells/mm?qto 3.5x10° cells/mm?

No. of initial cells/Volume (average) = 1.8x10° cells/mm?3

VII



Appendix F: 3D bioprinted constructs

Figure F.1: Printing of tubular construct with gelatin as support structure

(a) (b)

Figure F.2: Printing of “NTU?” letters (a) with gelatin as support structure and (b-

d) after support removal.

VI
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