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ABSTRACT
There is a pressing need for further advancement in tissue engineering of functional
organs with a view to providing a more clinically relevant model for drug development
and reduce the dependence on organ donation. Polymer based scaffolds, such as
polycaprolactone (PCL), have been highlighted as a potential avenue for tissue
engineered kidneys, but there is little investigation down this stream. The focus within
kidney tissue engineering has been on two-dimensional cell culture and decellularised
tissue. The aim of this project is to utilise electrospun scaffolds within a threedimensional printed bioreactor system to create an ex vivo environment, to be used as
either a conditioning tool for kidney tissue engineering scaffolds or as a model for
disease.
Electrospun polymer scaffolds can be created with a variety of fibre diameters and the
variation in morphology of tissue engineered scaffolds has been shown to affect the way
cells behave and integrate. The first study of this thesis examined the cellular response
of a kidney cell-line to scaffold architecture using novel electrospun scaffolds. Two fibre
diameters were used and three distinct scaffold architectures: random, aligned and
cryogenic. The results showed that architecture of the scaffold has a profound effect on
kidney cells; whether that is effects of fibre diameter on the cell attachment and viability
or the effect of fibre arrangement on the distribution of cells and their alignment with
fibres, overall there was a preference for a larger fibre diameter of around 4 µm.
Following this, electrospun scaffolds were investigated for their potential to host a multicell population. Rat primary kidney cells were used, and results showed that the
scaffolds were capable of sustaining a multi-population of kidney cells, determined by
the presence of: aquaporin-1 (proximal tubules), aquaporin-2 (collecting ducts),
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synaptopodin (glomerular epithelia) and von Willebrand factor (glomerular endothelia
cells). Viability of cells appeared to be unaffected by fibre diameter. Overall, the ability of
electrospun polymer scaffolds to act as conveyors for kidney cells is a promising strategy
for kidney tissue engineering and one that should be explored further; the ‘non-woven
path’ provides benefits over decellularised tissue by offering a high degree of
morphological control with a scalable fabrication process and a tuneable rate of
degradation.
Investigation continued with the development of a 3D printed bioreactor. This was a
proof of concept device aiming to represent the in vivo environment. The device was
designed to be simple to use, delivering a finely controlled shear stress to cells adhered
to the scaffold in a dual chamber system, using a modified cell culture media.
Computational fluid dynamics was used to gain a better insight into the forces
experienced by cells and a modified cell culture media was used to give a better shear
distribution across the scaffold, whilst keeping the flow chamber height large. Our
investigation demonstrated the ability of the lab scale system to sustain cell life whilst
upregulating key transmembrane (AQP-2), cytoskeletal (KRT-8, KRT-18) and tight
junction (E-CAD) proteins.
Development continued, consolidating the positive characteristics of the bioreactor
whilst providing a simplified redesign. In this second-generation bioreactor, the shear
profile delivered to each side of the scaffold was mirrored with a flow regime intended to
have a low Reynolds number, allowing for the use of two different media without mixing
by convection. The device produced a shear stress of 18 to 21 mPa over 80% of the
scaffold surface on both superior and inferior sides. The bioreactor maintained a coculture of endothelial (HUVEC) and epithelial (RC-124) cells, showing the distinct cell
types localised on opposite sides of the bioreactor, identified by aquaporin-2 and von
Willebrand factor. This bioreactor is a useful tool for modelling of kidney tubules, but has
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applications in any area where a dual environment with a controlled shear stress is
needed. Overall, this work has expanded the breadth of kidney tissue engineering
potentially guiding new potential areas of research.
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LAY SUMMARY
Tissue engineering uses a combination of cells, signals, and scaffolds to construct
tissues. Kidney tissue engineering is a key avenue of exploration for the development of
models which can replicate diseases and provide a human-like test platform for drugs.
Eventually it may be possible to grow organs for transplantation. This project focuses on
the scaffolds and signals and how they affect cells’ growth and interaction with their
surroundings.
In kidney tissue engineering there has been a focus on culturing cells within petri-dishes,
as well as using kidneys where the cells have been washed away, called decellularised
tissue. However, using biodegradable polymer (plastic) scaffolds could offer better
control of the overall scaffolds; as these scaffolds can be manufactured in larger
quantities with less variation than natural materials, such as decellularised tissue. Nonwoven scaffolds were created by electrospinning; this technique uses a high power
voltage source to charge a polymer solution. This charged solution will be attracted
towards a ground (negative) source producing fibres. Spinning onto surfaces rotating at
different speeds and under distinct conditions can change how these fibres deposit. At
high speed fibres become aligned due to the matching of the rotational speed and the
accelerating fibre, and at low temperature ice crystals can provide a template creating a
more porous structure. It was found that these scaffolds could support kidney cell life
and that there was a general preference for scaffolds with a larger fibre diameter of
around 4 µm.
To create a more human like environment a ‘bioreactor’ was designed to pump media
over the scaffolds at a rate that is similar to what they would experience within the body.
This flow of media increases nutrient transfer, such as sugars or oxygen, and creates

~ IV ~

shear stress on the cells as fluid flows over them. Computational fluid dynamics and
computer aided design was used to create a bioreactor with the correct conditions.
When the scaffolds were exposed within the bioreactor their gene expression was
altered making them produce more water channels (aquaporin) to transport water as
well as more proteins for binding cells together forming their internal structure.
Effectively the exercise that they had within the bioreactor made the cells stronger, as it
would for a person. This was measured by looking at the relative change in the amount
of RNA produced, which is the code that is read by the body to produce proteins.
Creating devices such as these where the cells can be exposed to an environment that
is reminiscent of the human body offers a more realistic platform for cell culture and
may be an aid in drug development and the pursuit of tissue engineered organs.
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Introduction

INTRODUCTION
Tissue engineering is an accelerating field, particularly with research in the areas of
bone (Zhang et al., 2008; Gerhardt and Boccaccini, 2010), skin (Lowery et al., 2010),
cartilage (McCullen et al., 2012), and nerve (Daud et al., 2012). However, there remains
a need for further advancement in tissue engineering of functional organs. The current
gold standard treatment for patients with chronic kidney disease is a kidney transplant
or dialysis. Dialysis has drastically changed the prognosis of renal failure, but does place
strains on day to day life with multiple hospital visits each week. Dialysis is solely a
filtration technique and does not solve issues due to: homeostatic, regulatory,
metabolic, and endocrine functions (Pino and Humes, 2017). In 2015 alone over
18,500 kidney transplants were performed in the USA with a further 84,000 people on
the waiting list (USRDS, 2017). Tissue engineering could provide the solution to help
reduce the dependence on dialysis and organ donation. In addition to this, functional
organs could provide enhanced assays in drug development, creating more realistic in

vitro models and reducing the dependence on in vivo animal tests.
There is huge potential for tissue engineering in the treatment of kidney disease. The
current focus is predominantly on two-dimensional (2D) cell culture (Davies et al., 2014).
Murine foetal cells are often the model of choice, however this is not directly
translatable to humans and would not be suitable in a clinical setting (Davies and
Chang, 2014). Murine cells are those which have come from a mouse or related
rodents. Recent developments have produced kidney organoids from induced human
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pluripotent stem cells (iHPSCs), which goes some way to solving the issue arising from
the lack of clinically relevant cells (Takasato et al., 2015; Sharmin et al., 2016; Xia et al.,
2013; Morizane et al., 2015).
A fundamental requirement for the later translational phase is a three-dimensional (3D)
structure. Decellularised tissue (Yu et al., 2014; Song et al., 2013), in-situ regeneration
(Kim et al., 2003; Lih et al., 2016), and scaffold technologies are all highlighted as
potential routes for tissue engineered kidneys (Davies et al., 2014; Basu et al., 2017).
Decellularised kidney tissue is the most widely explored 3D approach with impressive
advances made (He et al., 2016a; Petrosyan et al., 2016; Bonandrini et al., 2014;
Petrosyan et al., 2015). This 3D approach involves flushing detergent through renal
tissue to remove cells and DNA, with subsequent recellularisation (Song et al., 2013).
However, the decellularisation of tissue is not a simple process and the material left
behind is often poorly characterised (Fischer et al., 2017; He et al., 2016a; He and
Callanan, 2013). Added to this is the formidable task of recellularisation owing to a ’very

limited and inconsistent cell seeding’ (Remuzzi et al., 2017), yielding enough uncertainty
that other avenues should be pursued alongside.
Other technologies include polymer scaffolds, which have been used previously to a
limited extent (Kim et al., 2003; Slater et al., 2011; Lih et al., 2016). These are an
alternative to decellularised tissue due to their favourable mechanical properties, ease
of manufacture, repeatability, and tuneable degradation (Nardo et al., 2017). Many
biodegradable polymers have been used within tissue engineering including: polyglycolic
acid (PGA) (Kim et al., 2003), poly lactic acid (PLA) (Molladavoodi et al., 2012),
Poly(lactic-co-glycolic) acid (PLGA) (Wang et al., 2015), polycaprolactone (PCL) (Wang et
al., 2014b), polyurethane (PU) (Lee et al., 2009), and poly(hydroxybutyrate-cohydroxyvalerate) (PHBV) (Köse et al., 2003) to name a few. There are several fabrication
techniques by which polymers can be made into scaffolds including: thermally induced
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phase separation (TIPS) (Conoscenti et al., 2017), solvent casting and particulate
leaching (SCPL) (Sin et al., 2010), poly(high internal phase emulsions) (polyHIPE) (Owen
et al., 2016), and electrospinning (Pham et al., 2006a). The work in this thesis focuses
predominantly on scaffold preparation by electrospinning, a technique which can be
used to produce a non-woven structure with fibre diameters from 10s of nanometers to
10s of micrometres (Huang et al., 2006; Pham et al., 2006b). Scaffolds with consistent
properties can be prepared when parameters such as humidity, temperature, polymer
concentrations, potential difference and flow rate are finely controlled (Pham et al.,
2006b). The morphology of the electrospun scaffolds can also be controlled affecting
how cells behave. Larger diameter fibres result in greater cell integration, nanofibres
give a better representation of ECM and aligned fibres can induce linear orientation of
cells (Balguid et al., 2009; Wang et al., 2012; Yan et al., 2012). Techniques such as
cryogenic electrospinning have been used to increase the porosity of scaffolds allowing
for greater cell integration (Leong et al., 2009).
The aim of this thesis is to explore the use of biodegradable polymer scaffolds for kidney
tissue engineering; assessing whether electrospun scaffolds are suitable for kidney cell
culture, and determining the optimal scaffold morphology for cells.
It is important to fully explore all potential options in kidney tissue engineering and using
biodegradable polymers is largely overlooked. As well as the physical scaffold, the
environment cells are grown in is critical for a tissue engineered platform. It was
reported that the mechanical properties of the scaffold (Discher et al., 2005), external
forces on the cells (Martin et al., 2002; Weinbaum et al., 2010; Jang et al., 2013) and
even the flow regime (Riddle and Donahue, 2009) affect the behaviour of the cells.
Bioreactors are used to replicate an in vivo environment and deliver favourable
conditions to cells. Bioreactors can vary in size from microfluidic platforms (Homan et
al., 2016; Zhu et al., 2016), for use within drug development and screening, to small
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scale systems for tissue culture (He et al., 2016a) and large scale systems for industry
(Kumar and Starly, 2015; Panchalingam et al., 2015). Computational fluid dynamics and
computer aided design has been utilised in the development of bioreactors for other
organ systems such as the liver (Pedersen et al., 2016) but is there is a noticeable
paucity in kidney tissue engineering. There has been little research into bioreactor
development within kidney tissue engineering (Peloso et al., 2016), with bioartificial
kidney devices and perfusion through decellularised kidney tissue as the predominantly
investigated areas, despite the fact that kidney cells are known to respond to a shear
stimulus of 0.1-5 dynes/cm (0.01-0.5 Pa) (Condorelli et al., 2009; Frohlich et al., 2012;
Jang et al., 2013; Jang and Suh, 2010; Ferrell et al., 2010).
Additionally, the work in this thesis will explore the effects of signals from fluid flow
shear stress on cell behaviour. This could be achieved by creating a system to mimic the

in vivo environment in an in vitro setting. The device should be capable of sustaining cell
life with signals delivered to induce a change in gene expression. It is anticipated that
delivering a shear stress at a level representative of physiological flow will aid cell
survival and enhance cell gene expression. Overall, this work will explore previously
neglected areas of kidney tissue engineering and is intended to broaden discussion
within the field.
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2.1 KIDNEY PHYSIOLOGY AND FUNCTION
The kidney receives 25% of cardiac output and processes the total blood volume every
4-5 minutes. This results in 180 L of filtrate per day, of which 178.5 L is reabsorbed
(MacLeod, 2014).
More than 26 types of cells make up the adult kidney; these are derived from the two
progenitor cell lineages the metanephrogenic mesenchyme (metanephrogenic blastema)
and the ureteric bud (Al-Awqati and Oliver, 2002). In development the ureteric bud grows
outwards induced from signals by the metanephrogenic mesenchyme; they grow
towards each other eventually resulting in branching and elongation of the ureteric bud,
forming the collecting duct and collecting system, the metanephrogenic mesenchyme
becomes the epithelial and endothelial cells of the nephron (Nigam and Shah, 2009),
Figure 2-1.
The kidney consists of up to a million functional units called nephrons, with the primary
function of filtering waste products from blood, as well as providing endocrine signals
and regulating blood pressure, Figure 2-1. The glomerulus is the structural unit which is
the initial point of contact with the vascular system providing comprehensive filtration of
water, inorganic and organic solutes whilst retaining plasma proteins and blood cells,
Figure 2-2. The glomerulus comprises of podocytes, a key cell that allows for filtration of
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the blood, glomerular endothelium which allow for high flux of water and small solutes
due to a flat structure and fenestrations, Figure 2-2. This filtrate passes to the
Bowman’s capsule (Figure 2-2) and then to the proximal convoluted tubule cells, here
60-70% of water, 99-100% of organic solutes, and 60-70% of sodium and chloride ions
are reabsorbed, Figure 2-1. These proximal tubule cells are also responsible for
processing vitamin D into its active form and maintaining homeostasis by responding to
metabolic acidosis (CJASN, 2014). Next is the Loop of Henle where 24% of the water is
taken back up as well as a further 20-25% of chloride and sodium ions, concentrating
urine due to an osmotic gradient (CJASN, 2014). In the distal convoluted tubule and
collecting duct water reabsorption is regulated by arginine vasopressin and ion
regulation by aldosterone, eventually reaching the bladder, Figure 2-1 & Figure 2-3Figure
2-3.

Figure 2-1: A diagram of a kidney, depicting its key structures.
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Figure 2-2: A diagram of the Glomerulus, depicting the key cells and features that provide filtration of the
blood plasma.

Figure 2-3: A diagram of the structure of the kidney tubules, images modified from (Carroll, 2007).
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The endocrine functions include the regulation of: renin, prostaglandins, erythropoietin,
and vitamin D (calcitriol). Renin is secreted by the kidneys and regulates the Renin
angiotensin system; this mediates the volume of extracellular blood plasma, lymph, and
interstitial fluid as well as controlling vasoconstriction providing regulation of blood
pressure (Sahay et al., 2012). The kidney is responsible for the production of
erythropoietin within the renal cortex and senses oxygen deficiency. Secretion of
erythropoietin will increase red blood cell production (Sahay et al., 2012). Vitamin D is
processed in the kidney to its biologically active form, occurring in the mitochondria of
renal proximal tubule cells (Sahay et al., 2012). Prostaglandins synthesised in the
kidneys will affect many processes within such as glomerular filtration rate and the
constriction and dilation of smooth muscle cells (Weber, 1980).
Proteins that cells express will define their function; in the kidney there are several key
proteins that define each cell type and can indicate cells’ health and function. In this
thesis specific proteins have been looked at as signatures of specific cells including:
Cytokeratine-8 (KRT-8), Cytokeratine-18 (KRT-18), E-Cadherin (E-Cad), Aquaporin-2 (AQP2), Aquaporin-1 (AQP-1), synaptopodin (SPOD), von Willebrand factor (VonW), alanyl
aminopeptidase (ANPEP), and kidney injury molecule-1 (KIM-1).
KRT-8 and KRT-18 are signature markers for the human kidney epithelial cells (RC-124)
used through this thesis. They are cytoskeletal proteins encoding the intermediate
filaments and are critical to cell shape, mechanical stability, locomotion, as well as
intracellular transport and organisation (Djudjaj et al., 2016). Increased expression of
cytokeratin proteins is characteristic of epithelial cells in vivo (Ben-Ze’ev, 1984), and it
has been suggested that its expression is controlled by cell to cell contact (Ben-Ze’ev,
1987).
E-CAD is a tight junction protein which plays a role in the maintenance of renal epithelial
polarity and integrity, it is predominantly found within the distal tubule, collecting duct
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and medullary segments of the kidney with low levels found in the proximal tubule
(Prozialeck et al., 2004). It has been suggested that loss of E-CAD function might induce
tumour cell invasion and metastasis, indicating that it may be a critical tumour
suppression gene (Christofori and Semb, 1999).
AQP-1 is a water channel expressed in the proximal tubules and the loop of Henle; a
marked increase in its presence has been associated with renal disease (Bedford et al.,
2003). AQP-2 is a water transport channel found in collecting duct cells. It is the target
of vasopressin and is carried in vesicles within the cell ready for activation.
Downregulation of AQP-2 has been linked with diseases such as diabetes insipidus
(Agarwal and Gupta, 2008).
SPOD is a protein associated with actin and may determine shape and motility of
podocytes, a critical part of their function; downregulation has been attributed to
increased protein in urine (Garovic et al., 2007). VonW is a marker of endothelial cells
and is a blood glycoprotein, its primary function is to bind other proteins during blood
clotting (Meyer et al., 1991). ANPEP is found in renal microvillar membrane and is a
marker of epithelial cells, although its exact function is not clear (Mentlein, 2004). KIM1, unsurprisingly, is a marker of kidney injury or disease with a higher presence seen in
proximal tubule injury (Han et al., 2002; van Timmeren et al., 2007).
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2.2 KIDNEY DISEASE AND END STAGE RENAL
FAILURE
Chronic kidney disease (CKD) is a decreased ability of the body to filter blood and is
associated with other health problems such as high blood pressure and anaemia.
Progression of the disease can eventually lead to end stage renal failure (ESRF) and
require dialysis or a kidney transplantation. In the US 1 in 7 adults over 18 have CKD
(Davita, 2018), in two thirds of these cases the main causes are diabetes and high
blood pressure. Other causes include kidney infections, high cholesterol,
glomerulonephritis, polycystic kidney disease, blockages due to kidney stones or an
enlarged prostate, or nephrotoxicity caused by long-term use of certain medications.
Kidney disease occurs due to a cascade effect caused by defects in some nephrons.
When some nephrons are damaged their function is compensated by other nephrons
within the kidney resulting in hyper filtration. As time progresses an increase in
glomerular capillary pressure leads to excessive filtration including permeability to large
molecules. This leads to the release of inflammation factors which goes on to promote
fibrosis creating scar tissue due to excessive ECM production. It is the progression of
this action which results in renal failure (Gajjala et al., 2015).
Instances of chronic kidney disease as a result of diabetes mellitus, resulting in diabetic
nephropathy, stems from damage to blood vessels. The structure of podocytes changes
as a result of decreased expression of nephrin and is associated with a thicker
basement, tubular and glomerular membrane. The progression of this fibrosis leads to a
decline in kidney function with time (Gajjala et al., 2015).
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There are 5 stages of CKD with an increasing severity of symptoms. In early stages there
are usually no symptoms and the condition may only be discovered due to blood or urine
tests. As the disease progresses patients experience swollen ankles, feet and hands in
addition to tiredness, shortness of breath, nausea, and blood in urine. Glomerular
filtration rate (GFR) is the best measure of kidney function currently adopted which is
calculated based on patient: age, race, gender, and serum creatinine. Further blood
tests for serum creatinine levels are usually performed (Davita, 2018). Stage 1 relates to
a GFR of > 90 ml min-1 which would be normal to high; stage 2 GFR is between 60-89 ml
min-1 and at this level there would typically be no symptoms and it is considered mild
CKD. At stage 3 symptoms begin to appear as GFR falls to 59-30 ml min-1 with fatigue
and fluid retention present. Treatment consists of mainly lifestyle changes with
medications to control blood pressure and glucose level preserving kidney function.
Stage 4 is considered severe CKD. With a GFR between 15-29 ml min-1 waste products
begin to build up within the body causing uremia with treatments involving haemo or
peritoneal dialysis to filter blood and potentially a kidney transplant. At stage 5 CKD
becomes end stage renal failure with a GFR of <15 ml min-1 and kidneys losing almost
all of their function. Dialysis provides lifesaving treatment and patients are placed on the
waiting list for a kidney transplant (Davita, 2018).
Acute renal disease is a sudden reduction in function of the kidneys. Drugs are said to
be responsible for 20% of community and hospital cases of acute renal failure
(Naughton, 2008). Other known causes include toxins such as poison or severe blood
loss. This condition is often reversible when the patient stops taking the drug and
dialysis is used to filter the blood and allow the kidney to rest and recover (Davita,
2018).
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2.3 CURRENT TREATMENT PATHWAY
In mild cases of kidney disease lifestyle changes and medication to treat the underlying
causes, such as high blood pressure, are sufficient treatments. With declining kidney
function, wastes from proteins and minerals becomes progressively more difficult to
clear, and so an alteration in diet is needed to preserve kidney function. Particular focus
is in limiting foods high in protein, phosphorus, potassium, and sodium (Davita, 2018;
Fouque et al., 2011). Sufferers of CKD will have to make lifestyle adjustments such as
taking careful consideration of the type of water or bottled drinks they are consuming,
due to supplementation with minerals. It is recommended that protein sources come
from egg whites due to low phosphorous levels or oily fish due to its association with
reduced inflammation in kidney and heart disease (Fassett et al., 2010; Lichtenstein et
al., 2006; Davita, 2018).
As the disease progresses dialysis is needed to remove excess wastes and fluid from the
blood. National Kidney Foundation guidelines recommend that dialysis is started when
kidney function falls below 15% (Daugirdas et al., 2015). Dialysis comes in different
forms depending on the lifestyle of the patient; this can be dialysis at home, or fewer
times a week at a dialysis centre. The two forms of dialysis are haemo- and peritoneal
dialysis.
Peritoneal dialysis is done at home, and offers greater flexibility to the patient (Brown,
2007). In this treatment dialysate (the fluid which cleans the blood) is pumped into the
abdomen, blood is then filtered in the peritoneal cavity through the osmotic gradient
created and the fluid is drained. This technique negates the needed for the use of a
fistula requiring surgery to be performed. However, long term dialysis using this method
can cause morphological changes in the peritoneum (Krediet and Struijk, 2013) and
decreased efficiency over time.
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In haemodialysis, blood is diverted to a machine where a semipermeable membrane will
filter blood using a dialysate fluid. Blood and dialysate are pumped in opposite directions
through a hollow-fibre membrane to ensure a maximal concentration gradient and
increase efficiency; pressure gradients can be applied to change the flow across the
membrane. Haemodialysis takes place either at an in-centre facility multiple times a
week for around 4 hours, or at home for several hours each day (Davita, 2018). For
haemodialysis, it is necessary to have either an arteriovenous fistula or graft to allow
access for dialysis, a procedure where the artery and vein are joined together. A fistula
allows for greater blood flow to be accessed and has a lower risk of infection and clot
formation (Brescia et al., 1966; Allon and Robbin, 2002). In time-limited situations, a
catheter will be used whilst a fistula or graft procedure to be performed and the
subsequent graft allowed to mature, this can take several weeks before it can be used
for haemodialysis.
Dialysis is a lifesaving treatment and whilst it is effective at maintaining electrolyte
balance and removing fluids and wastes, it cannot replace all kidney function. Endocrine
functions previously undertaken by the kidneys may be severely reduced or absent, such
as the production of calcitriol, a key hormone in producing vitamin D (Herrmann et al.,
1994); regulation of red blood cell production by erythropoietin, and blood pressure
through renin may also be limited. The only alternative that can provide this function is a
kidney transplant.
The first successful transplant of a human kidney took place in 1954, a revolutionary
moment for medicine (Hatzinger et al., 2016). As of 2015, the number of people in the
USA with a functioning kidney transplant stood at 207,810, despite this, a further
83,978 were on the waiting list for an average wait of 3.9 years (USRDS, 2017). Recent
strategies to overcome these shortcomings in transplants are mainly focused on social
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policy with a new system of presumed consent being proposed (Abadie and Gay, 2006).
In spite of these efforts, there are still not enough organs to supply this demand.
Kidney transplants can either come from a living, non-living (brain-dead), or cadaver
donor. The key for a successful transplant is matching blood and tissue type, although
with antirejection medication improving it is possible to transplant a non-ideal match
(Mulley and Kanellis, 2010; Muntean and Lucan, 2013). A transplanted kidney
dramatically increases the quality of life of the patient (Fiebiger et al., 2004), as well as
the overall survival rate, with economic benefits for the health care providers, when
compared to dialysis (Rosselli et al., 2015). Kidney tissue engineering is one avenue
that could provide a better basis for treatment and understanding of CKD and ESRF,
with the unique potential to help meet the ever-growing demand for organs. The primary
focus for tissue engineered kidneys should be the filtration of waste products from
blood; additional kidney functions such as regulation of the renin angiotensin system,
production of erythropoietin and processing of vitamin D should be included within the
longer term outlook.
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2.4 KIDNEY TISSUE ENGINEERING SO FAR
Kidney tissue engineering is still in its infancy and can be broken down into three main
fields: two-dimensional cell culture, three-dimensional cell culture, and bioartificial
kidneys. The goal here is to develop cell culture models to better understand kidney
disease, and provide more realistic models for drug development since no animal model
can exactly simulate the human response (Knight, 2007; Yang et al., 2010). Additionally,
there is an aspiration to grow functional kidney components with a view to
supplementing the demand for organ transplants (Wilm et al., 2016; Basu et al., 2017).

2.4.1 Cell Sources
Cells used within tissue engineering come from many different sources depending on
the experimental goals. Immortalised cell-lines are cells that have a mutation meaning
they can grow indefinitely. This has many benefits in research, immortality means that
studies are not time limited, and research is cost effective. Standardisation of cell-lines
means that many are often predictable and well characterised (Pautke et al., 2004; The
International Stem Cell Initiative, 2007; Cailleau et al., 1978). However, the mutation
which causes immortality may alter the cell in other ways (Krikun et al., 2004), and
genetic differentiation may occur with increasing passage number (Chang-Liu and
Woloschak, 1997; Briske-Anderson et al., 1997). Passage number refers to the number
of times cells have been subcultured, this is done to prolong cell life or increase the
number of cells. Examples of kidney cell lines include Madin-Darby Canine Kidney
(MDCK) cells, isolated in 1958 from the kidney tubule of a Cocker Spaniel and used as a
model of epithelial tissue (Hall et al., 1982). RC-124 is an example of a human kidney
epithelial cell-line, derived from the non-tumour tissue of a 63-year-old man diagnosed
with kidney carcinoma in 1998, with many other kidney cell-lines used in research
(Wilmer et al., 2016). Human umbilical vein endothelial cells (HUVEC) have been used
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as a model for endothelial cells in the kidney (Masereeuw et al., 2017), although some
studies have seen that HUVEC cells do not integrate with podocytes in vitro (Sharmin et
al., 2016). It was shown that when HUVEC cells are transplanted into a mouse model
together with human glomeruli derived iPSCs, HUVEC cells separate from glomeruli;
interestingly the human glomeruli were vascularised by the host mouse (Sharmin et al.,
2016).
Although there are many benefits to using a cell line they not a flawless cell source.
Hughes et al. (2007) published a scathing review of the use of cell-lines proclaiming that
cross-contamination, high-passage numbers, and misidentified cell lines have produced
misleading results. Horback & Halffman (2017) estimated that 32,755 research articles
exist using mis-identified cell-lines, as a result of this cell-lines are considered
suboptimal by some researchers (Wilding and Bodmer, 2014; Unger et al., 2002). Cellline suppliers provide a guarantee for their cultures due to these issues, the company
Cell-Line Services, Germany, assess all cultures by qPCR for squirrel monkey retrovirus
and analyse the DNA profile of their cells (Schmitt and Pawlita, 2009).
Primary cells are often believed to have greater biological relevance due to the fact that
they are isolated directly from the tissue of interest, but they have limited lifespan and
can be difficult to grow in significant numbers (Stacey, 2006). In primary cell cultures
care is needed to ensure relevance between experiments, as the origins of the tissue
will differ; parameters such as: sex, race, age, species, tissue type and disease status all
need to be considered (Stacey, 2006). Extraction of primary cells is a time consuming
process, often with low yields and contaminating cell types, a pain point that has led to
the prolific use of cell-lines (Alberts et al., 2002; Valente et al., 2011). Unger et al.
(2002) compared in vitro expression of endothelial cells from a primary extraction and a
cell-line demonstrating that cell-lines exhibited only limited endothelial characteristics. It
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is this resemblance of the in vivo system that makes primary cells a more attractive cell
model (Pan et al., 2009; Alge et al., 2006).
Stem cells have the unique ability to differentiate into many different cell types. Stem
cell therapies are used in many different fields from cardiac disease (Segers and Lee,
2008) to osteoarthritis (Davatchi et al., 2016). Mesenchymal stem cells have been
shown to improve kidney function in animal studies, although it has been suggested that
the therapeutic effect is derived from paracrine effects rather than cell differentiation
(Suzuki et al., 2016). Stem cells have also been used to generate kidney organoids
(Xinaris et al., 2012). In early kidney tissue engineering strategies, murine embryonic
cells were used as the cell source (Davies et al., 2014), but recent advances are moving
towards induced human pluripotent stem cells (iHPSC) (Sharmin et al., 2016; Takasato
and Little, 2016).
The drive towards the use of iHPSCs comes from the ethical issues arising from the use
of human embryonic cells, and a potential immunogenic response from non-native
tissue (Davies, 2014; Abdelalim, 2016; Little and Osafune, 2017). The technique for
producing pluripotent stem cells was pioneered in the Yamanaka lab discovering four
genes encoding transcription factors which could be utilised to convert adult cells into
pluripotent cells (Takahashi and Yamanaka, 2006). This technique has driven forward
research offering the potential for a cell source that can be used in regenerative
applications without fears of rejection.
Each of the cell sources described above have their merits, but may be unsuitable for
many reasons. Choosing a type of cell to use in kidney tissue engineering research is
dependent on the intended application, stage of the research, cost, and timeconstraints.
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2.4.2 Drug Development
Drug development is a long process, costing in excess of £1 billion per drug and as long
as 10-15 years (Brake et al., 2017). There is significant effort in trying to streamline this
process, to reduce the costs associated with drug discovery. Methods such as in silico
screening plays a major role in this (Guney et al., 2016; An et al., 2011). Essentially this
utilises computer prediction to increase the chances of finding an effective drug
candidate. Traditionally high throughput screening is used, testing around 10,000
samples per day with an expected hit rate of 0.5-3% (Hughes et al., 2011). The key to
reducing costs within drug discovery is better prediction of effective candidates and
producing better models to effectively calculate behaviour at clinical trial. At the preclinical phase candidates are tested in vitro and in vivo to determine their safety, toxicity,
pharmacokinetics, and metabolism (Brake et al., 2017). To reduce the number of
animals used and to create more realistic models there is trend towards the usage of
organ-on-a-chip models (Maschmeyer et al., 2015; Bauer et al., 2017; Pedersen et al.,
2016; Mazzei et al., 2010), with the hope of reducing the number of failed candidates
further along the development pipeline.

2.4.3 Two-Dimensional Cell Culture
2.4.3.1 Monoculture
Monoculture is the culture of single cells; these can be utilised in drug development for
targeting specific cells (Baliga et al., 1998) or as a therapy (Chen and Hou, 2016).
HUVEC cells have been utilised as disease models (Ewert et al., 1992) in the
investigation of endothelial cell damage by antibody stimulation of neutrophils (a type of
white blood cell). The LLC-PK1 cell-line has been used as a model of kidney injury, with
the release of lactate dehydrogenase monitored as a sign of kidney injury in these cells
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(Baliga et al., 1998). This is an important finding as other biomarkers such as
microalbuminuria and proteinuria, increases in the amounts of albumin or protein
(respectively) in urine, are only detected once 60% of kidney function is lost,
demonstrating significant room for improved methods for disease detection at an earlier
stage. LDH detected in blood samples of patients has now been shown to highly
correlate to creatinine clearance and could be a potentially useful biomarker for kidney
disease (Alzahri et al., 2015).
The MDCK cell-line has been investigated for membrane permeability screening by
comparison against 55 compounds with known human absorption values. It has shown
to be as effective than the well characterised gut Caco-2 cell-line in mimicking human
absorption of small compounds (Irvine et al., 1999).
As proximal tubules are a key site damage due to nephrotoxic drugs, human Kidney-2
(HK-2) cells have been used for cytotoxicity assays in high throughput screening (Wu et
al., 2009), LDH, caspase 3/7 activation, resazurin reduction assay and DNA staining
were all implemented to detect cell injury. They conclude how the assays can provide a
cost-effective multiplexed method for detecting toxicity in drug discovery. However, a
review by DesRochers et al. (2014) highlights that immortalised renal proximal tubule
cells using human telomerase reverse transcriptase (hTERT) are capable of forming
tubules in 3D; they also show how hTERT have a response to nephrotoxic compounds
that is closer to the in vivo response than HK-2 cells. However, monocultures of cells
have a limited use as models in drug discovery due to their simplicity. Complex
interactions between cells of different types have been noted previously (Bauer et al.,
2017), and culture of single cell (Duval et al., 2017) types do not properly represent
these systems (McAdoo et al., 2010).
These 2D monoculture cell models are simplistic, and while they have their place in high
throughput screening they do not sufficiently represent the in vivo system (Huang et al.,
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2015). When grown in 2D, cells can deviate from their original behaviour and can lack
the polarisation that is typically seen in vivo (Duval et al., 2017); polarisation refers to
differences in the presence of cell membrane proteins on the apical and basal surfaces.
Additionally, the access to nutrients, cell-cell interaction and cellular mechanics are
different in 2D cultures when compared to 3D. The endocrine secretions of cells have a
direct effect on the surrounding cells (Chen and Hou, 2016), and this cross talk between
cells can provide better models for drug discovery (Bauer et al., 2017).

2.4.3.2 Co-Culture
There are many examples of co-culture within 2D kidney tissue engineering and these
can be broken down further into cell-lines, primary cells, and iHPSC. The choice of cells
used depends on the scope of the study and its intended use. The latest research is
pushing for the use of iHPSC for more realistic models due to the limitations of cell lines
and non-human cells previously described, but this increases both cost and complexity.

Cell-Lines
A liver-kidney co-culture model has shown the potential of organ-organ models as
predictive tools for toxicity. Choucha-Snouber et al. (2013) verified that the exposure of
cells to ifosfamide, an anti-cancer agent, showed co-cultured cells have a different
response to mono-cultures. Co-culturing triggered an increase in intracellular calcium
release of the kidney cells, this was not seen in kidney monocultures; ultimately, the
model showed signs of nephrotoxicity due to the reduction of ifosamide by liver cells.
Cross talk between the renal cell carcinoma cell line (RCC) and monocytes has been
presented in Nature, showing the down regulation of cell-surface molecules induced by
IL-10, an immunosuppressive cytokine (Ménétrier-Caux et al., 1999). Communication
between cells has been shown in the co-culture of murine glomerular visceral epithelial
cells and blood outgrowth endothelial cells (BOEC). Here it was proven that podocytes
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increased proliferation of BOEC, and acted as a support cell producing VEGF (Hirschberg
et al., 2008).
The importance of cell-cell signalling has been highlighted by Imberti et al. (2007); they
used a co-culture of mesenchymal stem cells (MSC) and proximal tubular epithelial cells
(SV40-transformed murine PTEC cell line) to demonstrate the importance of MSCs in
renal repair. PTECs were exposed to cisplatin inducing cell injury; this resulted in the
production of insulin-like growth factor (IGF-1) by MSCs and was shown to increase the
proliferative capacity of PTEC cells. This was confirmed by both by blocking the
availability of IGF-1 and using IGF-1 knockout MSCs cells, which both showed a
decreased recovery of PTECs.
Tri-culture models have also been used to demonstrate the importance of this cross-talk
between cells. A model consisting of lipopolysaccharide (LPS), mouse macrophage
264.7 cells (RAW), and human embryonic kidney 293 cells (HEK) have been used
together showing complex interactions between cells. The HEK cells were modified to
express green fluorescent protein upon activation by RAW cells through a TNF-α signal,
as a way to signify the cross talk occurring between cells. The group were able to show
that the response of HEK cells was dependant on the initial concentration of LPS (Byrne
et al., 2014).

Primary Cells
Unless performing a separation procedure utilising reagent such as Percoll® (Essig et al.,
2001; Zhao et al., 2014), extracted primary cells will naturally contain many different
cell types. These primary cells of different types can be used as co-culture models; early
examples include the development of renal proximal tubule models from isolated rabbit
kidney homogenate (Kays et al., 1993). This was created to investigate the mechanism
of renal recovery following injury. More recent studies have looked to develop models
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containing human cells for a more realistic representation of the in vivo system.
Plotnikov et al. (2010) have demonstrated the communication between rat renal tubule
(RTC) cells and human MSCs through intercellular contacts. The cells were shown
transfer material between each other, this was tested by tracking fluorescent probes
between cells, this was shown to be more efficient from RTCs to MSCs. A significant
result of note was the detection of Tamm-Horsfall protein in MSCs which indicated
differentiation towards a kidney tubular type cell.
Co-culture has also been used to maintain cell phenotype when culturing primary cells.
Zhao et al. (2014) isolated primary mouse renal peritubular endothelial cells and used
co-culture with proximal tubular epithelial cells to maintain the cell phenotype. They
found that co-culture increased the stability of endothelial phenotype when compared
with the addition of VEGF alone. Whilst the use of primary cells is a key element in the
discovery of new drugs, pluripotent cells may offer the ability to create more complete
model systems (Davies, 2015).

Pluripotent Cells
The desire for tissue engineered organs has led to the investigation of pluripotent stem
cells; these anatomically realistic kidney organoids lead the push for tissue engineered
organs and could provide better models in drug discovery. Protocols used to create
kidney organoids from pluripotent stem cells have demonstrated the ability to
differentiate cells into the ureteric bud and the metanephrogenic mesenchyme (Little
and Osafune, 2017; Davies and Chang, 2014).
Early work utilised embryonic cells and searched for expression markers which may
provide clues to the differentiation pathway of human cells (Batchelder et al., 2009;
Bruce et al., 2007). Davies et al. (2012) published a method for reconstructing a mice
foetal kidney by using a dissociation followed by a reaggregation method. The method
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was capable of producing tissues with a normal morphology for an embryonic kidney
(Unbekandt and Davies, 2010).
The breakthrough that Xia et al. (2014, 2013) presented in Nature demonstrated for the
first time the ability to generate kidney related cell lineages from iHPSC, directing cells
towards a ureteric bud cell fate. This gave rise to a wave of other publications generating
both the ureteric bud (Takasato et al., 2014) and metanephric mesenchyme (Taguchi et
al., 2014). These studies have helped to answer some of the critical questions facing
kidney tissue engineering - a suitable cell source (Davies et al., 2014). There are several
good reviews detailing the use of iHPSCs and human embryonic stem cells with the
different protocols compared (Morizane and Bonventre, 2017b; Takasato and Little,
2016; Little, 2016). The studies presented here use a 2D tissue culture plastic to grow
iHPSC; to progress towards a usable and functional tissue engineered kidney a 3D
environment is necessary (Nardo et al., 2017).

2.4.4 Three-Dimensional Cell Culture
Whilst 2D cell culture has been a fantastic biological tool, enabling a new era of
scientific discovery it is not fully representative on the in vivo situation. Tissues within
the body do not exist within two dimensions, when cells are grown in 2D they lack
geometric cues at the macro, micro and nano-level and have been shown to have forced
polarities. It is well documented that a 3D structure affects many different cell types
(Edmondson et al., 2014; Antoni et al., 2015; Soares et al., 2012; Bell et al., 2016) and
could quite possibly be a crucial element of kidney tissue engineering.
The materials used and methods pursued may differ depending on the final goal, for the
production of tissue engineered functional kidneys: decellularised tissue, in-situ
regeneration and scaffold technologies have all been highlighted as potential routes
(Davies et al., 2014). For use as a disease model: hydrogels, decellularised tissue,
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microfluidic devices, and synthetic scaffolds have been suggested (Desrochers et al.,
2014).

2.4.4.1 Tissue Engineered Functional Kidneys
Whole Organ Decellularisation
Decellularised tissue is currently the predominant vehicle for 3D kidney cell cultures with
impressive advances made (He et al., 2016a; Petrosyan et al., 2016; Bonandrini et al.,
2014; Petrosyan et al., 2015). This involves flushing detergent through renal tissue to
wash out cells and DNA, and then this acellular extracellular matrix (ECM) is then
recellularized. The intention here is to develop this technology to the point that a
patient’s cells can be used to repopulate a decellularised scaffold, effectively growing a
new kidney that is genetically identical to a patient with the use of a decellularised
kidney as a template scaffolds.
Song et al. (2013) utilised this method to create a system of biomimetic culture, with
media perfused through the arterial system. They used a solution of 1 % sodium dodecyl
sulphate at a constant pressure of 40 mmHg to decellularised the kidney tissue,
preserving the tissue architecture with key ECM components Laminin and collagen IV
present. This method of decellularisation was capable of preserving glycosaminoglycan
and total collagen content when compared to cadaveric tissue. Constructs were seeded
with HUVEC through the renal artery and rat neonatal kidney cells through the ureter. A
vacuum was used to generate a pressure gradient across the scaffold, improving the
overall seeding efficiency; positive pressure was not a successful strategy for driving
cells towards the glomerulus and excessive vacuum pressure above 70 mmHg cause
damage to the tissue. Maturation signals were introduced into the system to accelerate
nephrogenesis of the rat neonatal kidney cells. Podocytes were seen to preferentially
graft to glomerular sites within the decellularised tissue, but there were cases of
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wandering podocytes. The author noted that the average glomerular diameter,
Bowman’s space and glomerular capillary lumen were smaller in regenerated kidneys
when compared to cadaveric kidney tissue, this could be as a result of the
decellularisation process (Fischer et al., 2017). These tissues were implanted in vivo
and appeared to be well perfused without signs of bleeding the cannulated ureter
showed signs of a clear rudimentary urine. Decellularised kidney produced twice as
much filtrate as cadaveric models in vitro, regenerated kidneys produced nearly 3 times
less urine than native kidneys with creatinine and urea concentration more than 30
times lower showing considerable less waste clearance; it was concluded that this was
due to the immaturity of the constructs (Song et al., 2013). Whilst this study, as well as
other tissue engineering strategies, have shown great promise and have accelerated the
field of kidney tissue engineering they have been the subject of a rather scathing review
calling for a new Banff classification for tissue engineering pathology, noting the
presence of ‘wandering podocytes’ as one reason for scepticism (Solez et al., 2018).
First published in 1993, the Banff classification is a standardised international
classification for renal allograft biopsies (Roufosse et al., 2018), this was in response to
a heterogeneity in characterisation of renal biopsies by pathologists.
Larger animal studies have also been performed utilising organs from Rhesus monkeys
across different age groups (Nakayama et al., 2010; Poornejad et al., 2017), and
porcine tissue (Abolbashari et al., 2016; Poornejad et al., 2017). It is stated that the
decellularised tissue retained structural and functional properties and promoted
repopulation, but additional recellularisation work is necessary. These decellularised
scaffolds have also been investigated for their potential to regenerate tissue in
nephrectomised rats; authors claim the structures provides cue for cell proliferation,
differentiation and migration, citing the presence of HGR, CTGF, TGF-β, VEGF, and PDGF
(Yu et al., 2014).
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Despite progress, the decellularisation of tissue is not a simple process, and the
material left behind is said to be poorly characterised (Fischer et al., 2017; He et al.,
2016a; He and Callanan, 2013). Despite its widespread use in tissue engineering,
decellularised tissue has no standardized protocol, producing variations between
scaffolds (He and Callanan, 2013). There have been recent attempts to rectify this,
using comparative methods and a score based system. Fischer et al. (2017) determined
that structural ECM conservation is highly reliant on decellularisation temperature, and
glycosaminoglycans (GAGs), collagens and cytokines are heavily affected by the chosen
detergent. Decellularisation agents such as sodium dodecyl sulphate (SDS) were shown
to shrink scaffold by 10-20 % regardless of the temperature used. GAG content was
shown to be significantly reduced when decellularisation takes place in sodium
deoxycholate (SDC), but is well preserved in SDS; however, the opposite is true for the
preservation of the growth factor basic fibroblast growth factor (bFGF). In addition to
this, the recellularization of these scaffolds is said to be a formidable task with poor
seeding efficiency (Remuzzi et al., 2017; Solez et al., 2018; Batchelder et al., 2015),
and the method yields enough uncertainty that other avenues should be pursued
alongside.

Bioartificial Kidney Devices
The goal of the bioartificial kidney device (BAK) is to act as a wearable or implantable
miniaturised dialysis device. Here, a bioartificial system refers to an instance where
synthetic components are used alongside biological cells to replicate the function of an
organ. Dialysis has drastically changed the prognosis of renal failure, but does place
strains on day to day life with multiple hospital visits each week. Dialysis is solely a
filtration technique and doesn’t solves issues due to: homeostatic, regulatory, metabolic,
and endocrine functions (Pino and Humes, 2017). The introduction of a biological
element to this filtration system could bring about a more complete treatment, restoring
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lost function. Different approaches have been explored and a major focus has been on
hollow fibre bioreactors (Saito et al., 2012; Schophuizen et al., 2015). A device marrying
a filtration system with cells was first proposed in 1987 (Aebischer et al., 1987), and
development progressed to the use of hollow-fibre hemofiltration cartridges (Humes et
al., 1999). Humes et al. (1999) harvested cells from the renal proximal tubules of four to
six week old pigs, these cells were seeded to hollow fibre bioreactors consisting of 128
polysulfone hollow fibres fibre inner diameter was 200-250 µm. The fibres were coated
with pronectin-L to aid cell attachment. The bioreactor created was shown to have active
reabsorption and endocrine functions such as the processing of vitamin D; however,
calculated water permeability was substantially lower than reported values from
mammalian proximal tubules. It was calculated that the flux rate for the bioreactor
would require a 1 m2 surface area to filter 50 % of the output from a hemofiltration
system upstream of the bioreactor device.
Clinical trials have since taken place looking at the safety and efficacy of devices,
showing significant improvement in patient survival. Unfortunately these have failed to
make it proceed past a phase II small population study due to ‘suboptimal clinical

protocol design and several fabrication and manufacturing hurdles’ (Tasnim et al., 2010;
Humes et al., 2004; Tumlin et al., 2008; Buffington et al., 2014). For a treatment to
reach clinic it is required to pass four phases of clinical trial, phase three contains
hundreds to thousands of subjects and phase 4 collecting long-term data and observing
adverse effects.
Fissell et al. (2007) commented on the developments of continuous implantable renal
replacement devices, highlighting that polymer membranes used in hollow fibre
bioreactors require a high driving force for efficient filtration. The broad distribution of
pore size in hollow fibre bioreactors require additional pumps to generate sufficient
driving force for filtration, added to this issues arising from biofouling and thrombosis
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means that polymer membranes at the time of the Fissell et al. review were unsuitable
for implantation. More recently, hollow-fibre systems have been used with
biofuncionalised coatings with a conditionally immortalised proximal tubule epithelial
cell (PTEC) (Jansen et al., 2015). The hollow-fibre membranes used had large pores and
were originally designed for plasma separation, a monolayer of PTEC cells was formed
with the aid of a coating formed of Laminin, gelatine, martigel, collagen IV and L-3-4dihydroxydiphenylalanine. It was necessary for cells to form tight junctions due to the
unrestricted permeability of H2O, IgG and albumin. The system was shown to have active
transport of cationic uremic toxins; further research is needed to fully understand how
these transport properties function with time. Additionally, a strategy is needed to
develop the method for upscaling the technology for animal testing.
Other methods have transfected cells with genes expressing proteins, such as
erythropoietin (Sun et al., 2011) or AQP-1, to increase their potential to uptake water as
a method to reduce the overall size of a BAK device (Fujita et al., 2004). This method
produced stably transfected cells with a significantly higher water permeability than wildtype cells. Further investigation demonstrated the cells’ suitability within a hollow-fibre
bioreactor, surviving up to 3 weeks in culture. The authors noted that polysulfone
membranes were more suitable than cellulose acetate as a bioartificial renal tubule
system with regards to cell proliferation, ECM coatings were also shown to improve cell
proliferation (Sato et al., 2005). In later studies, issues surrounding overgrowth were
noted; a coating named U0126 was used to inhibit mitogen-activated protein kinase
(MAPK) activation as this receptor has been shown to reduce overgrowth by promoting
contact inhibition, and thus maintaining transport and resorption efficiency (Inagaki et
al., 2007). This group has progressed their work to include lifespan-extended human
renal proximal tubular cells (Saito et al., 2012); they have shown that using these cells
within a bioartificial renal tubule device reduced inflammatory cytokines when used to
treat goats with acute kidney disease, additionally the goats suffered less damage from
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endotoxin shock and had an increased lifespan. The cells used have been evaluated
whilst being grown in serum free media. This is in an attempt to address the concerns
regarding biological safety for the transition of a bioarticial renal tubule device towards
clinic. Cell were cultured within a hollow fibre reactor and performed similarly to cell
culture in serum-containing media as a major step towards paving the way for clinical
trials (Takahashi et al., 2013).
Methods to overcome the difficulty of cell and device storage have been investigated
through the use of a bioartificial renal epithelial cell system (BRECs). The main
difference between this BRECs device and a hollow fibre bioreactor device is the use of
porous disks which can be cold stored to preserve cells for later use. This is a limitation
of polysulfone hollow fibres due to fibre fracture. The BRECs system is built with a postfilter to immunoisolate the patient from cell debris whilst allowing for small proteins and
hormones are still circulated. The cells within this device can be sustained in fluid other
than blood, utilising, for example, peritoneal dialysis fluid and can be stored in liquid
nitrogen. A porcine model presenting with renal failure by septic shock has been used to
measure performance of the BRECs presenting with a therapeutic benefit, improved
cardiovascular performance and prolonged survival time (Buffington et al., 2012).
Further investigation into the BRECs device showed cell survival after 7 days in culture
within the device, but when used as a treatment in a sheep model the device was not
shown to be significantly different from a sham device in aiding vitamin D production;
the authors concluded that additional investigations were needed (Johnston et al.,
2017). The device did however prove to be successful in maintaining a stable uraemic
state in nephrectomised sheep.
However, despite 30 years in development the dream is yet to be realised in clinic, with
investigation into suitable cell sources and functional transcellular transport properties
ongoing (Jansen et al., 2014a, 2014b); but, the reality of bioartificial kidney devices as a
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therapeutic treatment is stepping closer. The implantable renal assist device titled ‘The
Kidney Project’ at the University of California San Francisco consists of silicon wafers to
filter the blood and tubule cells to regulate the reuptake of salts and water. This project
utilises thin-film materials, commonly used in microelectromechanical systems, to create
a silicon nanopore membrane used to form a miniaturised system capable of filtering
blood and supporting epithelial cell life. The group has shown how a slit rather than a
circular pore, typically seen in hollow fibre bioreactors, is preferred for highly selective
bimolecular filtration due to increase selectivity even when membrane thickness and
material are kept the same (Feinberg et al., 2018). The device is due for animal trials in
2018 (Kim et al., 2015; Fissell and Roy, 2009; Fissell et al., 2006).

2.4.4.2 Disease Models
It has been shown that a 3D structure is an important factor in cell behaviour for in vitro
culture models both at a macro- (Moll et al., 2013; DesRochers et al., 2013) and
nanoscale (Young et al., 2016; Frohlich et al., 2013, 2012). Immortalised human renal
cortical epithelial cells have been said to have function similar to the in vivo system
(DesRochers et al., 2013). It has been shown that these cells are more sensitive to
nephrotoxic drugs when cultured in 3D compared to 2D (DesRochers et al., 2013),
although the mechanical properties of the gel cells were grown in may have played some
part in this change in behaviour (Saha et al., 2007). DesRochers et al. (2013) have
shown that cells in 2D expressed significantly higher levels of KIM-1 than 3D cultures;
another biomarker for kidney injury, neutrophil gelatinase-associated protein (NGAL)
secretion followed a similar trend to KIM-1 levels but was not a sensitive biomarker for
gentamicin toxicity in 3D.
Kidney fibrosis is a process that occurs with chronic kidney disease and impedes the
function of the kidneys. It has been modelled using human proximal tubule cells (HKC-8)
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and human dermal fibroblasts (WS-1). This 3D gel model suggested that epithelial cells
trigger myfibroblast activation when injured with the introduction of cisplatin. These
findings help to predict pathways for the development of a new therapeutic approach for
chronic kidney disease (Moll et al., 2013).
Tissues from primary sources are also used. Hoppensack et al. (2014) isolated cells
from cadaveric human kidneys and seeded them to small intestinal submucosa to
create confluent monolayers which expressed typical kidney markers. They noted
basement membrane and microvilli formation indicate a polarisation of cells which may
be a suitable alternative to animal in vitro models.
3D bioprinting has become an ever more popular technique for creating tissues
(Hardwick et al., 2017; King et al., 2017). This technique has been combined with
microfluidic technology by Homan et al. (2016) to produce a convoluted tubule model.
Their model displayed a tissue-like polarisation of epithelia which showed markers for
NA+/K+ATPase and AQP-1, with functional properties such as albumin uptake and barrier
integrity significantly enhanced when compared to 2D models, with or without perfusion.
On induction of nephrotoxicity, the model presented with tubule damage, weakening of
cell-cell junctions and cell death. The group hopes to create more complex models by
introducing vasculature to the model, in a similar manner to other studies (Kolesky et
al., 2016, 2014),.
Presented here is an overview of kidney tissue engineering; in depth reviews and the
background of both the scaffolds and signals are presented in the respective chapters.
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2.5 AIMS AND OBJECTIVES
The aim of this project is to create an ex vivo environment as a conditioning tool for
scaffolds used in kidney tissue engineering. This will be done by utilising the previously
neglected area of electrospun polymer scaffolds within this discipline and a 3D printed
bioreactor system. This will expand on the progress made in kidney tissue engineering
from a biological perspective through employing engineering solutions. This is intended
to broaden discussion within the field and highlight an alternative strategy for
developing engineered kidney tissue.
This is a proof-of-concept study to demonstrate the feasibility of the approach, a cell-line
and rat primary kidney cells will be analysed, both on the electrospun polymer scaffolds
and on the electrospun polymer scaffolds within the bioreactor, for their viability. The
expression of key genes will be quantified through RT-qPCR.
The specific objectives of this thesis are to:
1. Manufacture electrospun polymer scaffolds of different fibre diameters and
morphologies, with a standard deviation in fibre diameter of no more than 20%.
2. Assess the impact of electrospun scaffold architecture on kidney cell response in
terms of cell viability, gene expression, and attachment morphology.
3. Design a lab scale bioreactor modelled using CFD to deliver a shear stress
representative of in vivo conditions.
4. Culture kidney cells within the lab scale bioreactor and assess the response in
terms of cell viability and gene expression.
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METHODS & METHODOLOGY
3.1 SCAFFOLD FABRICATION
3.1.1 Electrospinning
All electrospun fibres made from both polycaprolactone and polylactic acid were
collected on a rotating cylindrical mandrel, 100 mm in diameter 250 mm in length,
covered with aluminium foil and ambient temperature was recorded for each session of
electrospinning. During this investigation, primarily 3 methods have been used for
collecting electrospun fibres. This includes random (R) fibres which were collected on a
slowly rotating mandrel, Figure 3-1 A. Aligned (A) fibres, oriented in the direction of the
spinning mandrel, which were collected by a mandrel rotating at more than 1500 rpm,
Figure 3-1 B. Finally, cryogenic (C) fibres were spun onto a mandrel that had been filled
with dry ice, the low temperature causing the deposition of ice crystals on the mandrel
providing a template for fibre deposition, Figure 3-1 C. The rate of ice crystal deposition,
and thus the porosity, can be modified through controlling the relative humidity of the
electrospinning atmosphere. Dry ice was replenished each hour and electrospun fibres
were freeze dried for 24 hours when spinning was completed. This method has been
described previously as a procedure for significantly increasing the porosity of
electrospun scaffolds (Leong et al., 2013, 2009; Simonet et al., 2007).
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PCL (Mn=80,000 Da) was purchased from Sigma-Aldrich, UK, and PLA from Goodfellow,
UK. Although no information regarding molecular weight is available PLA, Goodfellow has
been used previously due to low cost (Bye, 2014). The solvent 1,1,1,3,3,3-hexafluoro-2isopropanol (HFIP) was purchased from Manchester Organics, UK, due to a ten times
cost saving compared to the equivalent Sigma-Aldrich product. Information regarding
purity was requested with each batch to ensure it was comparable to Sigma-Aldrich.
Chloroform and methanol solvents were purchased from Sigma-Aldrich, UK.
Electrospinning was performed between 21.6–24.2 °C, as recorded by the IME
electrospinning equipment.

Figure 3-1: A schematic of the methods used to create the distinct scaffold architecture types: (A) Random,
(B) Aligned, and (C) Cryogenic.

Throughout these works fibres are described as large (L) (3-5 µm), medium (M) (2-3 µm),
small (S) (1-2 µm), or nano (>1 µm), and so scaffold will be described by their fibre
diameter and collection method, for example large random (LR), large aligned (LA), large
cryogenic (LC), small random (SR), small aligned (SA) and small cryogenic (SC), Table
3-1.
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All solutions were mixed using a roller mixer (SRT9D, Stuart, UK). The mixing speed
varied between 10-60 RPM depending on the expected viscosity of the solution; a
solution with a higher polymer concentration required a slower mixing speed (less than
20RPM), while a lower polymer weight solution can be mixed at a quicker RPM (greater
than 20RPM). Non-woven electrospun meshes were produced using an EC-DIG
electrospinning platform (IME Technologies, Netherlands). All fibres were collected on a
rotating mandrel covered with aluminium foil.
Table 3-1: Electrospinning parameters used throughout this thesis.

Name

Large

Medium

Polymer

Solvent
solution

Flow
rate,
ml.hr-1

Needle
bore,
mm

Working
distance,
mm

Accelerating
voltage, kV

PCL 19 %

Chloroform
and methanol
(5:1)

4

0.8

230

+15 -/ -4

PLA 22%

HFIP

4

0.8

230

+16 / -4

PLA 18 %

HFIP

4

0.8

200

+15 / -4

PCL 7 %

HFIP

0.8

0.4

120

+14 / -4

PLA 10 %

HFIP

0.5

0.4

140

+17 / -2

PCL 14 %

Glacial
formic acid
and glacial
acetic acid
(1:1)

1

0.9

125

+17.5 / -4

Small

Nano

Further details on the electrospinning process are discussed in Chapter 4 Scaffolds.
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3.1.2 Scaffold Sterilisation
Background
There are several sterilisation techniques available (Shearer et al., 2006). 70% ethanol
has been adopted as the lab standard of sterilisation due to its effectiveness to kill
many different types of bacteria within 10 seconds (Morton, 1950). Ethanol sterilisation
has been shown to be as effective as other sterilisation methods and is sufficient for
non-clinical proof of concept studies (Ghobeira et al., 2017). Ghobeira et al. show that
plasma treatment alone is not sufficient as a sterilization method but does enhance the
water contact angle of PCL; this is due to the incorporation of oxygen-containing
functional groups onto the polymer surface. They show that if ethylene oxide sterilisation
is performed after plasma treatment then the water contact angle will be reduced, due
to the reaction of modified PCL groups with ethylene oxide molecules; this leads to a
lower cell proliferation in their study.
PLA cannot be sterilised by ethanol as ethanol acts as a plasticiser resulting in a change
in molecular conformation causing shrinkage of scaffolds and altering the degree of
crystallinity (Gualandi et al., 2012); as a result 2-propanol was used in this case. This
has been shown to be as effective as ethanol sterilisation within the same time frame
(Malik et al., 2006).

Method
Electrospun scaffolds were cut out using a rubber mallet and stainless steel punch, the
punch had a removable end-piece so the diameter of scaffolds could be cut to the
desired diameter. Diameter of the scaffolds varied from 10-20 mm in diameter
depending on the experiment they were used in.
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Scaffolds fabricated from PCL were sterilised in 70 % ethanol for more than 30 minutes
before washing 3 times in autoclaved milli-q water and drying under vacuum for 24
hours prior to plasma treatment.
For PLA scaffolds 2-propanol was used for sterilisation due to changes in the crystallinity
of PLA in the presence of ethanol, (Gualandi et al., 2012). They were then washed in
PBS and left to soak in wells containing cell culture media for 24 hours before cell
seeding.

3.1.3 Plasma Modification
Background
Plasma cleaning is predominantly undertaken in the presence of low pressure oxygen,
argon or normal atmospheric composition (air). A high frequency voltage is applied to the
coil of a chamber containing this low-pressure gas. This causes the ionization of
molecules creating highly reactive free radicals. The presence of oxygen will result in the
formation of oxygen containing groups on the surface of the scaffold, but hydrophobic
recovery may take place if stored in air as these groups reorient from the surface into
the bulk of the polymer (Ghobeira et al., 2017).

Method
A Harrick Plasma cleaner and PlasmaFlo gas flow mixer (PPC-FMG-2, Harrick Plasma)
was used to increase the hydrophilicity of the scaffolds for cell culture. Initial pressure
was lowered to 250-400 mTorr before introducing O2, pressure was stabilised at 500550 mTorr and medium power (10.2 W) was applied for 30 seconds → 2 minutes.
Scaffolds were immediately submerged in PBS containing 1 % antibiotic-antimycotic
(Gibco) to prevent hydrophobic recovery and transferred to a non-adherent well plate
with cell culture media.
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3.2 SCAFFOLD ANALYSIS
3.2.1 Mechanical Testing
Background
The properties measured by mechanical testing are the Young’s modulus and ultimate
tensile strength. Young’s modulus is a ratio of the force applied to a material to its
strain. This is derived from the stress and strain measurements taken during testing.
𝐹

Stress (σ ) is defined as the force (F ) per unit area (A ): 𝜎 = 𝐴 and the strain (ε ) is the
relative measurement of absolute deflection (ΔL ) divided by the original deflection (L ):
𝜀=

∆𝐿
,
𝐿

𝜎

and so Young’s modulus (E ) is defined as 𝐸 = 𝜀 . Young’s modulus is calculated

before the elastic limit, defined as the maximum extent a solid can be strained before
permanent deformation occurs, this permanent change to the material dimensions is
plastic deformation. In a linear material Hooke’s law applies assuming a linear and
stress-strain response. Non-linear materials have more complex properties, exhibiting
both viscous and elastic characteristics when strained, and can be analysed using the
tangential modulus at different intervals of strain. The tangential modulus is calculated
from a curved stress-strain graph calculating the slope of a line tangent to the curve at a
particular strain value. The tangential modulus can be useful in obtaining the Young’s
modulus at different strain values from a stress-strain graph of a material displaying
viscoelastic properties. Alternatively, dynamic (complex) modulus (E* ) can be used to
calculate the properties of these non-linear or viscoelastic materials. Dynamic modulus
represents both the viscous and elastic characteristics of a material as there is a time
delay in the materials strain response to stress. It requires dynamic mechanical testing
with an oscillatory force. This is represented by a storage modulus (E’ ), denoting elastic
energy, and loss modulus (E’’ ), representing viscous energy; as the energy in a system
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has to balance the energy out of a system this loss modulus also represents energy
dissipated as heat. Here, stress and strain have a phase difference, this is where strain
has delayed response to stress and so the stress strain graph is non-linear 𝐸 ∗ = 𝐸 ′ +
𝑖𝐸′′.
Ultimate tensile strength is the maximum stress that can be applied before failure,
although for polymers this is typically higher than the elastic limit stress or yield stress.

Method
An Instron 3367 tensile testing machine (Instron, UK) with a 50 N load cell was used to
test scaffolds failure in tension. Samples had a gauge length of 20 mm and a width of 5
mm, with thickness measured in 3 places using a digital micrometre. The strain rate was
set to 50 % strain a minute and depending on the experiment this accelerated to 200%
strain min-1 after 5 mm. Ultimate tensile strength and incremental Young’s modulus
were calculated from stress-strain graphs for each sample; this was between 0 and 10
% strain in 2 % intervals for PCL scaffolds, or between 0 and 5 % strain in 1 % intervals
for PLA scaffolds, as previously described (Callanan et al., 2014a).

3.2.2 Scanning Electron Microscopy
Scanning electron microscopy (SEM) utilises a focused electron beam to scan the
surface being imaged. The signals generated reveal information regarding the
topography of the material. For this a Hitachi S4700 fuelled emission scanning electron
microscope (SEM) (Hitachi) with a 5 kV accelerating voltage and a working distance of
12 mm was used to image scaffolds. Fibres were coated using an Emscope SC500A
splutter coater using gold-palladium (60:40).
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3.2.3 Scaffold Fibre Alignment
A Fast Fourier transform (FFT) can transform a spatial image into a frequency domain,
reducing it to sine and cosine components, obtaining a magnitude and phase image.
The phase image contains the majority of the positional information whilst the
magnitude image allows patterns to be visualised, and thus the degree of alignment of
fibres can be determined. For this analysis, a 2D FFT was used to measure the degree of
alignment of fibres, using an approach previously described (Ayres et al., 2008; Huang
et al., 2016). Firstly, the image to be analysed is processed by FFT in ImageJ. This image
is then processed using the oval profile plug-in (O’Connell, 2002). The degree of
alignment was calculated using radial sums of the pixel intensity which was normalised
against the minimum intensity value for scaffold comparison.

3.2.4 Porosity
Estimated porosity of the scaffolds were taken by measuring the density of a scaffold
and dividing it by the density of the polymer as in Equation 3-1.
Equation 3-1 Estimated porosity of scaffold

𝑃𝑜𝑟𝑜𝑠𝑖𝑡𝑦 = (1 −

𝐷𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑆𝑐𝑎𝑓𝑓𝑜𝑙𝑑
) 𝑋 100
𝐷𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑃𝑜𝑙𝑦𝑚𝑒𝑟

3.2.5 Contact Angle
A DMK 41AU02 monochrome 1280 X 960 pixel resolution camera captured water
contact angle with images taken at a frequency of 5 Hz. A single droplet ejected from a
P20 pipette was recorded over 1 second once in contact with the test surface. Both
plasma treated and non-treated fibre types were tested. Analysis was done using ImageJ
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software and a previously developed method, the DropSnake plugin (Stalder et al.,
2006), N>3.

3.2.6 X-Ray Photoelectron Spectroscopy
Background
X-Ray photoelectron spectroscopy (XPS) is used to measure the elemental composition
of a surface. A surface is excited with a beam of x-rays whilst measuring the kinetic
energy and number of electrons that escape. This data can be used to determine the
electron binding energy of emitted electrons due to the known wavelength of the emitted
X-ray and measured kinetic energy of emitted electrons. The XPS spectrum is a plot of
the number of detected electrons against the binding energy of each electron. Due to
the differing electron binding energies of each element the structure of a surface can be
determined (Nix, 2013).

Method
XPS spectra were taken using a VG Sigma Probe instrument (Thermo Fisher, UK) with an
A1 K alpha radiation source. Full scans used a pass energy of 80 eV and a step size of 1
eV, C1 and O1 scans used a pass energy of 20 eV and a step size of 0.1eV. Peak
analysis was performed using Renishaw Wire2 software. Analysis was of both plasma
treated and non-treated scaffolds for all fibre types.
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3.3 BIOREACTOR DESIGN AND FABRICATION
3.3.1 Computer Aided Design
The bioreactor was designed using Solid Edge ST7 (Siemens, Germany) as an ordered
part. The inner flow channel and the bioreactor were designed separately before being
assembled. The dimensions of the inlet and outlet were 2 mm, and a scaffold diameter
of 12 mm is exposed to flow.
Parts were saved in Parasolid format for CFD analysis and in STereoLithography (STL)
file format for 3D printing. STL format is the common export format for 3D printing,
Parasolid format was used for CFD analysis as it was found to export without any defects
in the CFD package that was used. The bioreactor has been designed such that a
scaffold can be placed within the top section followed by an O-ring. The bottom section is
then screwed in place, locking the scaffold in place and sealing the device. The device
can then be connected to tubing for perfusion.

3.3.2 Computational Fluid Dynamics
Background
The principles of fluid dynamics define how flow within the device will behave from
solute transfer to the shear stresses generated. The Navier-Stokes equations describe
how the velocity, pressure, temperature, and density of a moving fluid are related.
Another fundamental law is the conservation of momentum, or the continuity equation
(Hall, 2015), stating that in an incompressible flow system the total mass entering a
system must equal the mass leaving the system. Modelling software works by solving
these governing mathematical equations of fluid dynamics: conservation of mass,
conservation of momentum, conservation of energy, conservation of species, and effects
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of body forces. Specifically, for the works presented here the equations solved are:
Continuity, x momentum, y momentum, and z momentum. These are partial differential
equations (PDE) formed from the governing discrete mathematical equations. These
PDEs are solved for each control volume within a system which has been meshed into
multiple individual control volumes. The equations solved within a model contain nonlinear terms and so to solve the equations within the model, the software guesses
values and iterates the solution until convergence is achieved around a certain value:
𝜕𝜌

Continuity Equation: 𝜕𝑡 +

𝜕(𝜌𝑢)
𝜕𝑥

+

𝜕(𝜌𝑣)
𝜕𝑦

+

𝜕(𝜌𝑤)
𝜕𝑧

=0

𝜕(𝜏𝑥𝑥 )
𝜕𝑥

+

X-Momentum:

𝜕(𝜌𝑢)
𝜕𝑡

+

𝜕(𝜌𝑢2 )
𝜕𝑥

+

𝜕(𝜌𝑢𝑣)
𝜕𝑦

+

𝜕(𝜌𝑢𝑤)
𝜕𝑧

= − 𝜕𝑦 + 𝑅𝑒 (

Y-Momentum:

𝜕(𝜌𝑢)
𝜕𝑡

+

𝜕(𝜌𝑢𝑣)
𝜕𝑥

+

𝜕(𝜌𝑣 2 )
𝜕𝑦

+

𝜕(𝜌𝑣𝑤)
𝜕𝑧

= − 𝜕𝑦 + 𝑅𝑒 (

Z-Momentum:

𝜕(𝜌𝑢)
𝜕𝑡

+

𝜕(𝜌𝑢𝑤)
𝜕𝑥

+

𝜕(𝜌𝑣𝑤)
𝜕𝑦

+

𝜕𝑃

𝜕(𝜌𝑤 2 )
𝜕𝑧

𝜕𝑃

𝜕𝑃

1

1

𝜕(𝜏𝑥𝑦 )

1

𝜕𝑥

+

𝜕(𝜏𝑥𝑧 )
𝜕𝑥

= − 𝜕𝑦 + 𝑅𝑒 (

𝜕(𝜏𝑥𝑦 )
𝜕𝑦

𝜕(𝜏𝑦𝑦 )

+

𝜕𝑦

𝜕(𝜏𝑦𝑧 )
𝜕𝑦

+

+

+

𝜕(𝜏𝑥𝑧 )
)
𝜕𝑧

𝜕(𝜏𝑦𝑧 )
𝜕𝑧

)

𝜕(𝜏𝑧𝑧 )
)
𝜕𝑧

Where: time (t ), pressure (P ), density(ρ ), stress(τ ), fluid velocity components (u, v, w),
coordinates (x, y, z) and Reynolds number (Re ).
The flow regime, be it laminar or turbulent, is characterised by the Reynolds number
(Re), defined as:
𝑅𝑒 =

𝜌𝑣𝐿
𝜇

Where

𝐿=

4𝐴
𝑃

Where ρ is density of the fluid (kg/m3), ν is viscosity (m2/s), μ is the dynamic viscosity
(kgm-1s-1), A is the cross-sectional area (m2), P is the wetted perimeter (m) and L is the
travelled length (m).
The CFD package and solver used within these works was ANSYS and Fluent. A
comprehensive but now slightly dated study has been performed comparing different
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solvers for lab-on-a-chip applications, demonstrating the benefit of each depending on
the specific application (Glatzel et al., 2008).

Method
The three-dimensional flow within the bioreactor was modelled using ANSYS FLUENT
(ANSYS Inc, USA). Flow channels were created using Solid Edge and imported into
ANSYS Workbench Geometry in a Parasolid document format. A Boolean logic tool was
used to create a negative image of the flow channel from a generic template of the
device. To decrease computational requirements, the model was halved and a symmetry
boundary condition was used. A non-slip boundary condition was applied to the walls.
The geometry was meshed using ANSYS Workbench Mesh and grid independence
analysis performed increasing the number of elements in increments of 1.5 times. Grid
independence analysis is used to determine the smallest number of elements that can
be used such that the solution is not affected by the size of the of grid (number of
elements).
In the first-generation bioreactor the properties of the fluid were changed to better
represent an in vivo environment. Power-laws are often used to describe the properties
of blood (Shibeshi and Collins, 2005), and xanthan gum has been used previously to
augment the rheological properties of media (Ramaswamy et al., 2014). Xanthan gum
was used to modify cell culture media as it has previously been shown to be non-toxic to
cells and is effective at increasing viscosity (Sousa et al., 2011; Wickramasinghe et al.);
increasing viscosity of cell culture media increases the shear stress delivered to cells at
a given flow rate. A non-Newtonian power-law viscosity was used for initial modelling; at
the outset, values for blood were obtained from literature (Shibeshi and Collins, 2005).
Later these values were substituted for those based on an average of rheological
measurements on McCoy’s 5A cell culture media supplemented with 0.7 g/l of xanthan
gum (see appendix: Rheological properties), these averaged values were: consistency
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index, k=0.036 Pa·sn, Power-law index, n=0.62, minimum viscosity µ∞=0.00354 Pa·s,
maximum viscosity µ0=0.9311 Pa·s, with density and velocity of flow at σ=1039 kg m-3
and u=0.017 m s-1 respectively. For the final solution, parameters were calculated by
obtaining the rheological properties of the exact batch of media used in the study (3.3.5
Rheometry).
In the second generation bioreactor, a Newtonian fluid was modelled based on the
parameters of McCoy’s 5A media (BioWest, 2015) with a viscosity of µ=0.00106 Pa·s,
and the density and velocity of flow were set at σ=1039 kg m-3 and u=0.04 m s-1
respectively. Once the final design was chosen and a grid independent solution was
obtained a model with a flow rate of u=0.010611 m s-1 was run corresponding to a
shear stress of 0.02 Pa which was used for the final study.
The solver and schemes chosen in this work were determined based on advice gained
from ANSYS (ANSYS, 2006). A pressure-based solver was used, and a steady-state time
scale was used. The computations were performed under the assumption that the
scaffold was a flat bed with a solid form. The solver used the SIMPLE scheme, the robust
default scheme (Bhaskar et al., 2007; Pahlavian et al., 2015; ANSYS, 2006), the
gradient was set to green-gauss node base, which is recommended for
triangular/tetrahedral (tri/tet) meshes (Pahlavian et al., 2015; ANSYS, 2006), pressure
used the PRESTO! Solver, best for highly swirling flows or those with strongly curved
domains (Bhaskar et al., 2007), and momentum used the power-law solver which is
more accurate than first-order for flows with low Reynolds numbers (ANSYS, 2006).
Initialisation of the model was done relative to the inlet, as this is the starting point of
flow. Initialisation is where all unspecified model values of elements are given a starting
point, this provides a starting point for an iterative solution. Convergence criteria in
residual monitors were set to 10-5 for x-velocity, y-velocity, z-velocity, and continuity.

~ 45 ~

Methods & Methodology

3.3.3 3D Printing
Background
There are several different types of additive manufacturing techniques from selective
laser sintering and electron beam melting, to fused deposition modelling (FDM). The
technologies using in this work included: fuse deposition, PolyJet, and digital light
processing (DLP). For all these technologies to work, a 3D image is saved in a
STereoLithography/standard triangle language (STL) format. This file format will break
down the surface of an object using the concept ‘tessellation’, replacing the overall
geometry with individual triangles. This file is imported into a slicing software, which
converts the image into geometric instructions for the printer to follow. In FDM printing,
the instructions come in the form of GCode, converting the STL files into individual layers
based on settings such as the percentage infill. Light based printers such as DLP convert
the STL file to single images by slicing the 3D object into layers of a specified thickness.
FDM printing works by extruding a thermoplastic filament through a heated nozzle onto
the XY plane, before raising in the Z plane building up layers of an object. Typically, parts
can be printed without additional support up to 45° from the z-axis, beyond this
removable support is needed to facilitate any overhangs. Supports can be an alternative
material such as polyvinyl alcohol (PVA) or high impact polystyrene (HIPS) which can be
dissolved away following printing, or the same material deposited in one-layer thickness
away from the overhang. The nature of FDM printing results in mechanical anisotropy of
the printed part due to the Z-layer deposition (Durgun and Ertan, 2014).
PolyJet printers work on a similar basis to inkjet printers depositing UV curable polymers
instead of ink droplets. As each droplet is cured on contact with the printed part
mechanical properties are improved when compared to the anisotropic properties of
FDM. A soft support material is utilised to support any overhangs which must be peeled
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from the part during post processing. Additional cleaning is done using a waterjet and
ultrasonic bath.
DLP printing works by projecting an image into a liquid resin bath, the stage is moved by
a set height after each layer is cured, effectively playing a video frame by frame to build
up the 3D part. This is done in a top down way, where the part is lowered into the resin
and cured from above or bottom up where the part is cured to a stage which is rising
above a resin bath. Supports are needed to secure the part to the platform but
overhangs of up to 30° can generally be printed without support. As each printed layer
is photo-polymerised to the previous layer mechanical properties are much improved in
comparison to FDM (Upcraft and Fletcher, 2003).

Method
Prototype models were created using a Fortus 250mc 3D printer (Stratasys) using
natural ABS plus P-430 (Stratasys) using a HIPS. Alternate prototypes were created
using a PolyJet Object printer (Stratasys) using VeroClear (Stratasys).
The first-generation bioreactors were fabricated using a Way2Production SolFlex 350
DLP 3D printer (W2P, Austria) using E-Shell 600 resin (EnvisionTec, Germany) at a
resolution of 50 µm. Scaffold holders were created at a resolution of 100 µm and the
windkessel, used for dampening the fluctuation in the flow of the peristaltic pump, at 50
µm. B9Creator software (B9Creations, Spain) was used to create support structures and
Netfabb (Autodesk) was used to repair the STL file and prepare the PNG files for printing.
The second-generation bioreactors were first hollowed using Netfabb software and the
mounting points were used as drain points for excess resin. This saved on the amount of
material needed for each print and also allowed for lighter supports to be used.
B9Creator software was used to create supports for the hollowed bioreactor before
exporting as an STL file for printing using the Netfabb software.
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3.3.4 Evaluation of Fluid Mixing
To evaluate to what degree of mixing occurred within the second generation-bioreactor
system two Duran bottles were filled with 100ml of water or water with 500µl blue food
colouring. Qualitative observations were made by setting the peristaltic pump to 20 ml
min-1, the pump maximum flow rate where Reynolds number would be highest, and
observing any changed of fluid colour after 24 h. Quantitative measurements were taken
at the same flow rate used in cell culture, 1.7 ml min-1. This was done using absorbance
measurements from a microplate reader (Modulus II 9300-062, Turner Biosystems),
100 µl samples were taken in triplicate at 0, 24, and 96 hours and absorbance data
recorded using a multiplate reader. Absorbance data was normalised to initial conditions
at 0 h and a ratio of these normalised absorbance values from each reservoir was
calculated, 1 would indicate completely separate fluid, where no mixing has taken place
and a value of 0 would indicate complete mixing.

3.3.5 Rheometry
Background
Fluids can be categorised as either Newtonian or non-Newtonian. A Newtonian fluid has
a constant viscosity which is independent of the shear rate applied. Non-Newtonian fluid
viscosity is dependent on the shear rate applied. Blood exhibits a non-Newtonian shear
thinning behaviour (Walker et al., 2014; Vlastos et al., 1997), where increased stress
decreases the apparent viscosity of the fluid. This can be described as a power-law fluid:
𝜕𝑢

Equation 3-2: Power-law fluid, shear stress (τ ), consistency index (K ), strain rate (𝜕𝑥 ), flow behaviour index
(n ), and viscosity at a given shear rate (𝜇𝑒𝑓𝑓 ).
𝜕𝑢 𝑛

𝜏 = 𝐾 (𝜕𝑥 )

→

𝜕𝑢 𝑛−1

𝜇𝑒𝑓𝑓 = 𝐾 (𝜕𝑦)
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Constants K and n are calculated from the formula for the trend-line of the graph of
shear stress against shear rate. The power-law model benefits from simplicity but is only
effective over measured values (HAAKE, 2014).

Methods
Calculations of the non-Newtonian viscosity of xanthan gum solutions in McCoy’s 5A
media was performed using a HAAKE MARS II Rheometer (Thermo Scientific). This was
done using a 60mm titanium disk (PP60Ti, Thermo Scientific) at a working distance of 1
mm, using 2.9ml of solution. Samples were tested at 37°C in 15 logarithmic steps
between shear rates of 0.001 to 1000 s-1, 30 seconds per reading. RheoWin data
manager was used to calculate the Power-Law coefficients for each solution.

3.4 CELL CULTURE
Background
Cell culture media provides the necessary sugars, proteins, vitamins, and salts for cell
growth. Different cells have different optimal growth conditions and media can be
tailored to each cell type. L-Glutamine supports cells with high energy demands allowing
for continued growth (Sigma-Aldrich, 2017). Foetal bovine serum is used as it provides a
mixture of growth factors and other proteins for cell growth (van der Valk et al., 2004)
but its exact composition is unknown, with batch to batch variation.

Method
A human kidney primary epithelial cell line (RC-124) was purchased from Cell Line
Services (CLS, Germany). Cells were sourced by CLS from non-tumour tissue of a 63year-old male diagnosed with kidney carcinoma in 1998 and were acquired at passage
10. Cells were monolayer adherent. Both Chapter 4.2 Effect of Scaffold Architecture on

~ 49 ~

Methods & Methodology
Kidney Epithelial Cells and chapter 5 used cells from lot: 300251-513; however, chapter
5 used a newly ordered vial from CLS due to power cuts to the university causing the -80
°C to go through freeze thaw cycles. These cells were chosen as they were human and
had previously been shown to express E-Cadherin a tight junction protein, villin a protein
associated with the brush border, and the transmembrane protein aquaporin-2 (Straube
et al., 2011). RC-124 cells were expanded in McCoy’s 5A media containing antibioticantimycotic (anti-anti) 1%, L-Glutamine 1% and foetal bovine serum 10% (all media and
supplements from Gibco, ThermoFisher Scientific, UK).
A human umbilical vein endothelial cell line (HUVEC) was acquired at passage 7 from
another member of the Callanan group. HUVEC cells were expanded in MCDB-131
medium supplemented with foetal bovine serum (FBS) 5%, L-glutamine 1%, anti-anti 1%,
hydrocortisone 1 mg/L, ascorbic acid 50 mg/L, fibroblast growth factor (FGF) 2 mg/L,
insulin-like growth factor (IGF) 2 mg/L, vascular endothelial growth factor (VEGF) 1 mg/L,
(all media and supplements from Gibco, ThermoFisher Scientific, UK).
Cultures were maintained at 37°C with 5% CO2 and media changed 2 or 3 times a week,
Accutase was used for detaching RC-124 cells from culture flask, and trypsin-EDTA (0.25
%) for all other cells.

3.4.1 Rat Primary Kidney Isolation
Kidneys were taken from a 4-week-old female Sprague Dawley rat and washed in Krebsringer bicarbonate buffer supplemented with 1% anti/anti. The renal capsule and
adjacent connective tissue were removed, and kidneys washed again before placing in a
falcon tube containing Krebs-Ringer and anti/anti. Kidneys were transferred to a cell
culture hood and minced in a petri-dish using a scalpel. Minced tissue was incubated in
collagenase from clostricium histolyticum (Sigma-Aldrich, UK) in Krebs-Ringer at a
concentration of 0.625 mg/ml for 30 minutes at 37 °C, with 2 kidneys per 12.5 ml.
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Following this, the solution was filtered through a 70 µm cell strainer and neutralised
with Dulbecco’s Modified Eagle’s Medium (DMEM) supplemented with 1% anti/anti and
10% foetal bovine serum (FBS). The solution was centrifuged at 500g for 5 minutes and
the supernatant discarded. Cells were resuspended in a 1:1 ratio of DMEM and
keratinocyte serum-free media (KSFM) supplemented with bovine pituitary extract (BPE)
and epidermal growth factor (EGF), 5% FBS and 1% anti/anti. Cells were plated with 2
kidneys in 5 T175 flasks coated with 0.1% gelatine solution and cultured for 48 hours,
before washing with PBS and replenishing media. Cultures were maintained in an
incubator at 37 °C with 5% CO2, and fed every 3 days. Trypsin-EDTA (0.25 %) was used
to detach cells from flasks. Cells were seeded to scaffolds after one passage in T175
flasks, P1→P2. This protocol was adapted from He et al. (2016a) and Joraku et al.
(2009).

3.4.2 Static Culture
The cell density seeded varied from experiment to experiment and will be stated in the
relevant experimental chapter. Generally, a suspension of cells in 20-50 µl of culture
media was seeded to each scaffold and left to attach to the scaffold for 1 hour before
additional media was added.
In later device experiments cells were seeded to scaffolds within a holder to increase
seeding density. This consisted of a 14 x 2.62 mm silicon 70ShA FDA red O-ring (Eastern
Seals, UK) and a holder which was 3D printed, Figure 3-2. Scaffold holders were
sterilised using the same protocol as the 3D printed devices (3.4.3 Dynamic Culture).
The scaffold was placed over the O-ring and the holder was pushed over the top,
securing the scaffold in place. This gave a tight seal and held the scaffold providing a
better seeding efficiency.
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Figure 3-2: 3D printed scaffold holder designed to hold the electrospun scaffold in place for co-culture
experiments.

3.4.3 Dynamic Culture
In preparation for dynamic cell culture 3D printed devices were sterilised in 2-propanol
for one hour and rinsed 3 times with autoclaved MiliQ water, tubing was autoclaved.
Scaffolds were seeded using the method for static culture (3.4.2 Static Culture) and
grown for 24 hours before devices were constructed within a cell culture hood.
Cells were fed from a media bottle with a bespoke 3-way lid. This was adapted to utilise
the filter of a T25 culture flask in order to facilitate oxygen transfer. Tubing was fed
through a holed screw cap and PDMS gasket, when screwed in place compression on
the PDMS gasket held the tubing in place with an airtight seal.

3.4.4 Cell Viability
Background
The CellTitre-Blue® assay is both colorimetric and fluorometric and uses the dye
resazurin to measure metabolic activity. Viable cells reduce this dye to resorufin which is
a highly fluorescent molecule. As it is only viable cells which metabolise resazurin, the
change in the amount of fluorescence is directly proportional to the viable cell number
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(Promega, 2016). The detection of dye is linear up until the point of saturation so an
estimation of cell number can be made from a tested known number of cells.

Method
Cell metabolism was assessed using a CellTitre-Blue® assay (Promega, UK). Scaffolds
were washed 3 times in PBS and a 1:5 ratio of CellTitre-Blue® assay and appropriate cell
culture media was vortexed together. This was added to cell cultures and incubated for
2-4 hours. On completion 3 x 100 µl of the CellTitre-Blue® solution was added to a black
microplate for each sample. Fluorescence was read using a microplate reader (Modulus
II 9300-062, Turner Biosystems) at Ex 520 nm Em 580-640 nm.
A calibration curve was used to estimate cell number and to determine the number of
cells that would saturate the signal within a given timeframe. This consisted of seeding a
known number of cells to wells and allowing them to attach overnight. CellTitre-blue was
then performed as detailed above, and cells were then counted. A graph of cell number
against fluorescence was plotted, to ensure cells were not saturating the cell titre blue
solution, and cell number was estimated from the slope of the graph, this can be found
in the appendices for both RC-124 cell and rat primary kidney cells (CellTitre Blue
Calibration Curve for RC-124 Cells & CellTitre Blue Calibration Curve for RPK Cells). A
tissue culture plastic control was used to ensure that the number of cells counted
produced a similar signal to the number of cell within the control.

3.4.5 DNA Quantification
Background
PicoGreen is a fluorescent probe that will bind to DNA increasing the intensity of
fluorescence by over 1000 fold. This can then be utilised as a molecule for calculation of
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the amount of DNA present in a sample, when comparing to a DNA standard of known
concentration (Dragan et al., 2010).

Method
Cell seeded scaffolds were freeze dried and incubated in a papain digest solution of: 2.5
units/ml papain, 5 mM cysteine HCL and 5 mM EDTA in PBS (all reagents from Sigma
Aldrich, UK) at 60 °C for 24-48 hours. Incubation took place within a heated cupboard
with periodic mixing using a vortexer, or in an ultrasonic bath with sonication for 15
minutes each hour during the working day, or an Eppendorf thermomixer C at 12,000
rpm, depending on the equipment available at the time; essentially any method that
could maintain the samples at 60 °C for an extended period, whilst also mixing. Total
DNA content of the samples was calculated using a Quant-iT™ PicoGreen® assay kit
(ThermoFisher, UK) as per the manufacturer’s instructions. Fluorescence was read using
a microplate reader at Ex 490 nm Em 510-570 nm.

3.4.6 Cell Imaging
Background
Cell imaging here is performed either using fluorescent conjugated proteins, antibodies,
or molecules. Phalloidin is a peptide found as a toxin in the ‘death cap’ mushroom. It
binds to actin subunits but does not bind to monomeric G-actin, and it is conjugated with
a fluorescence molecule to allow for visualisation (Tang et al., 1989). 4’,6-diamidino-2phenylindole (DAPI) is a molecule that when bound to the A-T rich region of DNA
increases its fluorescence intensity (Kapuscinski, 1995). Immunohistochemistry (IHC) is
used to detect antigens or haptens in samples, and the mechanism of antibodies is
utilised to visualise specific sites. The primary antibody is utilised to specifically select
the item of interest. This can be conjugated facilitating imaging in a one-step process or

~ 54 ~

Methods & Methodology
non-conjugated requiring an anti-antibody to attach a fluorescent locator to the antibody
of interest (Duraiyan et al., 2012).

Method
Scaffolds seeded with cell lines were washed 3 times in PBS and fixed using 3.7% (v/v)
formalin solution in PBS for 10 minutes, then washed again 3 times in PBS. A 0.2% (v/v)
TritonX-100 solution in PBS was used for permeabilization for 5 minutes before washing
3 times in PBS. Cells were blocked in a solution of PBS, 0.1 % TWEEN-20, and 1 % BSA
for 1 hour before applying primary antibodies.
Cells lines were stained with 1 µl of 1000X Phalloidin-iFluor™ 514 conjugate (AAT
Bioquest, Stratech) per 1 ml PBS with 1 % bovine serum albumin (BSA) for 30-50
minutes and then a 300 nM 4’,6-diamidino-2-phenylindole (DAPI) (Sigma-Aldrich, UK) in
PBS for 10-20 minutes. Scaffolds were washed 3 times in PBS after each stage.
Scaffolds seeded with primary rat kidney cells (RPK) were washed 3 times in PBS and
fixed in a 3.7 % (v/v) solution of formalin and PBS for 10 minutes, followed by 3
additional washes. Permeabilization was performed using a 0.05 % TWEEN in a 10 mM
Tris and 1 mM MEDTA solution. Scaffolds were incubated in 300 µl for 1 hour before
washing 3 times.
Scaffolds seeded with RPK cells were dehydrated in 2-propanol solutions graduating
from 30% to 100% for 10 minutes in each. Scaffolds were then left in a solution of 2propanol and polyester wax (1:1) at 50 °C overnight. Next, scaffolds were placed in
polyester wax for 3 hours and then fresh wax overnight at 50 °C. Scaffolds were halved
and blocked for sectioning into 35 µm slices.
Cell were stained for DNA using 300 nM 4’,6-diamidino-2-phenylindole (DAPI) (SigmaAldrich, UK) in PBS for 10 minutes. IHC was performed to establish the presence of key
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cell types including: aquaporin-1 (AQP-1), aquaporin-2 (AQP-2), von Willebrand factor
(VonW), and synaptopodin (SPOD). Primary Rabbit polyclonal antibodies AQP-1, AQP-2
and SPOD (Stratech, UK) were used at a 1 µg/ml dilution, VonW (Abcam, UK) was used
at 2 µg/ml (Figure 3-3). Scaffolds were incubated overnight in 10 µl, with no-primary
controls used. Alexa Fluor 488 anti-rabbit IgG (ThermoFisher, UK) at a 1:1000 dilution
was used as a secondary antibody and left to incubate for 1 hour before performing 3
washes, 5 minutes each. Imaging was done using a Zeiss Axio Imager fluorescence
microscope.
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Figure 3-3: A diagram of the kidney showing its structure, the nephron and glomerulus, highlighting the
location of key cell types. The scale bar is approximately 10µm, IHC fluorescence images were obtained and
modified from (Joraku et al., 2009).
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3.4.7 Two-Photon Excitation Fluorescence with Coherent
Anti-Stokes Raman Imaging
Background
Two-photon excitation fluorescence is an imaging technique that utilises the fact that
longer wavelengths have less attenuation when travelling into a sample, allowing for
imaging at greater depths. Fluorophores are excited by two-photons simultaneously;
these photons are both exactly half the energy of a single photon that would excite a
molecule to the same level. Control of the focal volume allows for a single plane to be
imaged as photon flux is highest at this focus point (So et al., 2000; Denk et al., 1990).
Raman spectroscopy is used to provide details of the molecules which make up a
structure. It detects very small changes in colour of emitted light due to interaction of
photons with the sample creating molecular vibrations. A monochromatic laser is used
so any shift in photon energy, causing a change in wavelength, can be detected, and in
Rayleigh scattering light is unchanged. If any photon has lost energy due to a molecular
vibration of the sample, this is Raman scattering. Where energy is lost this is designated
as Stokes, and gaining energy is designated anti-Stokes (Kneipp et al., 1999). Coherent
anti-Stokes Raman spectroscopy (CARS) uses the same principles as Raman but uses
multiple photons creating molecular vibrations and a coherent signal. As a result the
emission is greater and can be visualised (Harvey, 1978).

Methods
Cells were imaged using a custom multi-photon microscope. This system consists of a
mode-locked ND:YVO4 laser source (PicoTrain, Spectra Physics) to generate both a
Stokes pulse (6 ps, 1064 nm) and drive an optical parametric oscillator (OPO) (Levante
Emerald, APE). The OPO provides a tuneable excitation pulse across 700-1000 nm
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wavelength allowing coherent anti- Stokes Raman scattering (CARS), second harmonic
generation (SHG) and two-photon excitation fluorescence (TPEF) microscopy. The two
pulse trains are coupled into an inverted microscope (Nikon BV ‘C1’, Amsterdam,
Netherlands) and focused onto the sample with a 25 times water-immersion objective
lens with a numerical aperture of 1.05 (XLPlan N, Olympus). Images from the CARS and
TPEF signals were recorded on two photomultiplier tubes (R3896, Hamamatsu). The
lateral and depth resolution of this objective was measured to be 0.25 and 1.1 µm,
respectively (Mouras et al., 2013).
The CARS signal was generated from the asymmetrical CH2 stretch of the scaffold at
812.5 nm (2911 cm-1 wavenumbers). The same OPO beam was used to excite the broad
two-photon spectrum in the Phalloidin and DAPI. The signals were separated with two
dichroic filter cubes at 649 nm, 570 nm, along with band pass filters with transmission
peaks at 660 nm, 585 nm, 545 nm for the CARS, Phalloidin-iFluor™ and DAPI,
respectively.

3.4.8 Reverse Transcription Real-Time Polymerase Chain
Reaction
Background
Reverse transcription real-time polymerase chain reaction (RT-qPCR) is used to quantify
the amount of RNA expressed. To do this RNA is transcribed into complementary DNA
(cDNA) using a reverse transcription reaction. This cDNA is then used as a template for
real-time PCR (qPCR), PCR takes place in 3 steps: denaturation, annealing, and
elongation. In qPCR these steps take place in cycles doubling the amount of DNA after
each cycle. As each cycle takes place a fluorescent dye binds to newly formed cDNA, the
cycle in which fluorescence is first detected, the threshold cycle (Ct), is used to quantify
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the amount of RNA in the sample. Quantification can be done using the 2-ΔΔCt (Equation
3-5). This uses the Ct values of a gene of interest in both a reference sample (TGR) and a
subject sample (TGS), with a housekeeping reference gene used as a normaliser (HKR,
HKS), Equation 3-6 and Equation 3-4 (Rao et al., 2013).
Equation 3-3: The difference in Ct value between the target gene and the housekeeping gene.

∆𝐶𝑡 = 𝑇𝐺 − 𝐻𝐾
Equation 3-4: The difference between ΔCt of the subject sample and ΔCt of the reference sample.

∆∆𝐶𝑡 = ∆𝐶𝑡𝑆 − ∆𝐶𝑡𝑅
Equation 3-5: The equation used to determine the relative expression of the gene of interest compared to a
reference sample. The relative expression of the reference sample is taken to be 1.

𝑅𝑒𝑙𝑎𝑡𝑖𝑣𝑒 𝐸𝑥𝑝𝑟𝑒𝑠𝑠𝑖𝑜𝑛 = 2−∆∆𝐶𝑡
Equation 3-6: Standard deviation of sample in RT-qPCR, accounting for error in reference control.

𝑆𝐷 = √𝐻𝐾𝑅2 + 𝑇𝐺𝑅2 + 𝐻𝐾𝑆2 + 𝑇𝐺𝑆2
In the 2-ΔΔCt method, the identical expression would be 1, any number from 0<1 would
represent a decrease in expression and any number larger than 1 would denote an
increase in expression. It is important to represent relative expression of the gene of
interest compared to a reference sample graphically on log axis to ensure equal
representation is given to both up and down regulation of genes. Errors in data arise
from TGR, TGS, HKR, and HKS, and it is therefore important to find the standard deviation
of each of these means and calculate the propagation of errors correctly. To find the
overall standard deviation the magnitude is taken as in Equation 3-1, if standard
deviation (SD) is taken after data manipulation, then the propagation of errors is not
accounted for. This error then needs to be propagated using the 2-ΔΔCt equation to
represent graphically, as either standard error (SE) or confidence interval (CI), Equation
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3-7. This method ensures error in each measured data set is properly accounted for
(Livak and Schmittgen, 2001).

Equation 3-7: Error of 2-ΔΔCt method.

𝑈𝑝𝑝𝑒𝑟 𝐶𝐼 = 2−(∆∆𝐶𝑡−𝐶𝐼) 𝐿𝑜𝑤𝑒𝑟 𝐶𝐼 = 2−(∆∆𝐶𝑡+𝐶𝐼)

Method
RT-qPCR was performed in a two-step process. Cells and scaffolds were homogenised
using Trizol® (Life Technologies) and RNA, DNA and proteins were isolated with the
addition of chloroform. RNA was separated by harvesting the clear supernatant and
isolated using an RNeasy kit (Qiagen) as per the manufacturer’s instructions. The
quantity of RNA was measured using a nanodrop spectrophotometer and samples were
diluted to contain 14 ng/ml of RNA before synthesis of cDNA; the samples RNA values
are provided in the appendices (Chapter 4.2 RNA quantity & Chapter 5.2 DNA quantity).
The output from the Nanodrop data was checked to ensure the signal at 260/280 was ≈
2.0 indicating a pure sample without contamination from products such as Trizol. The
cDNA was obtained from reverse transcription using an InProm-II kit (Promega),
according to the manufacturer’s instructions, and a PCR machine (Applied Biosystems
Proflex PCR system). For cDNA synthesis, the PCR machine was set to incubate the
samples for 5 minutes at 25 °C for annealing followed by 42 °C for 50 minutes for
cDNA synthesis. Lastly, a ramp to 70 °C for 15 minutes was used to heat-inactivate
samples, samples are then cooled to a holding temperature of 4 °C. Real-time
quantitative polymerase chain reaction (qPCR) was carried out using a LightCycler
machine (LightCycler 480 11/96, Roche Diagnostics Ltd) and primers (Sigma Aldrich) for
Glyceraldehyde-3-phosphate dehydrogenase (GAPDH) sequence obtained from
(Callanan et al., 2014b) (forward: 5’-GTCTCCTCTGACTTCAACAG, reverse: 5’-
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GTTGTCATACCAGGAAATGAG), Cytokeratine-8 (KRT-8) designed using Primer-BLAST (Ye et
al., 2012) (forward: 5’-AGGTGTCCAATCCGATGTGT, reverse: 5’ACAGGGGCGTTGTGAAAATC), , Cytokeratine-18 (KRT-18) designed using Primer-BLAST
(Ye et al., 2012) (forward: 5’-CCTGTTAGGTGTGGGTGGAT, reverse: 5’GAGTGGAGGTGATCAGAGGG), E-Cadherin (E-Cad) designed using Primer-BLAST (Ye et
al., 2012) (forward: 5’-AGCGTATGTGAACTCCCCAA, reverse: 5’AGTCCTATTGCCTGCCTGTT), alanyl aminopeptidase (ANPEP) sequence obtained from
(Lian et al., 2016) (forward: 5’-TGGCCACTACACAGATGCAG, reverse: 5’CTGGGACCTTTGGGAAGCAT), Aquaporin-2 (AQP-2) designed using Primer-BLAST (Ye et
al., 2012) (forward: 5’- TAGTTCCCGGCCTTTTCCAT, reverse: 5’GTGGAGGTTGCAGTGAGTTG), and kidney injury molecule-1 (KIM-1) designed using
Primer-BLAST (Ye et al., 2012) (forward: 5’- TCCGTGGCCCTTTTTGCTTA, reverse: 5‘GGATCAGCGTTCAGATCCAGG) by using SensiFAST™ SYBR® Hi-ROX kit (Bioline) according
to the manufacturer’s protocol. The qPCR machine was set to ramp to 95 °C for 2 min,
following this there were 40 cycles at 95 °C for 15 seconds to 60 °C for 45 seconds
and repeating; the program then ended after a 72 °C cycle for 10 minutes. The gene
expression levels were normalised using the expression of the GAPDH housekeeping
gene and were presented as a relative expression. The 2-ΔΔCt method (Callanan et al.,
2014b) was used to calculate relative mRNA levels of ANPEP, AQP-2, E-Cad, KIM-1, KRT8 and KRT-18 of scaffolds to tissue culture plastic. Errors in graphs were calculated from
a magnitude of the standard deviations of both the housekeeping gene and the target
gene of both the sample and the control to ensure errors were carried forward, Equation
3-6. Data was presented on a logarithmic scale to give equal relevance in terms of
graphical representation to both increases and decreases in expression. As ΔΔCt was
manipulated by a log, the values represented by the error bar represented also
underwent the same manipulation, thus still having relevance.
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3.5 STATISTICAL ANALYSIS
All statistical analyses were performed in Minitab software. Before comparison using
ANOVA a Levene’s test for equal variances was used and appropriate statistical tests
were selected. Mechanical data and fibre diameters are presented in the form of mean
± standard deviation, all other results are presented as mean ± 95 % confidence
interval. Residual plots were evaluated to check for normal distribution, where data did
not show normal distribution necessary for parametric statistical tests data was
transformed using a log function to correct this.
Tests used in these works include: a one-way Welch’s ANOVA with post hoc GamesHowell for unequal variances, a one-way ANOVA with a post hoc Tukey test, a one-way
ANOVA with post hoc Dunnett’s test, and a two-tailed student t-test with either equal or
unequal variance dependent on the outcome of an f-test, where statistical significance
was determined by p<0.05.
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SCAFFOLDS
Kidney tissue engineering (TE) is still in its infancy but has thus far predominantly
focused on two-dimensional (2D) models, as mentioned previously. Murine foetal cells
have been the model of choice in many cases, however, these are not directly
translatable to humans and would not be suitable in a clinical setting (Davies and
Chang, 2014; Xinaris et al., 2012; Ganeva et al., 2011). A fundamental requirement for
the next translational phase is a three-dimensional (3D) structure, this could act as a
conveyor for cells for potential implantation treatment. This has in part been shown by
the development of 3D organoids, such as ureteric buds, which utilise human induced
pluripotent stem cells (iHPSC) and have given rise to a clinically relevant platform of cells
(Xia et al., 2013; Takasato et al., 2014; Xia et al., 2014; Takasato et al., 2015). These
have shown promise but lack the expansion and functional capabilities necessary for a
tissue engineered (TE) kidney (Davies et al., 2014).
Numerous different techniques exist for the fabrication of scaffolds, producing wildly
different properties. These range from hydrogels with a low Young’s modulus in the kPa
range (Holmes et al., 2017; Tronci et al., 2016), to electrospun fibres and porous
polymer scaffolds (Thadavirul et al., 2014; Ahmadi et al., 2011; Owen et al., 2016) in
the high kPa and low MPa range (Croisier et al., 2012), bioactive glass and glass
ceramics in the high MPa range (Gerhardt and Boccaccini, 2010), and metal implants in
the GPa range (Takemoto et al., 2005).
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There are limited examples on the use of polymer scaffolds for kidney tissue engineering
(Slater et al., 2011; Lih et al., 2016; Nardo et al., 2017), and there are a plethora of
polymers as well as blends of natural and synthetic that could be utilised within kidney
tissue engineering. All research has to start somewhere, and the focus of this chapter is
to explore the potential of polymer scaffolds for kidney TE; here I review the fabrication
process of electrospun scaffolds for cell culture, and thermally induced phase separated
scaffolds originally intended for use in the bioreactor. The cellular response of human
kidney epithelial cells (RC-124) to fibre diameter and morphology of electrospun
polycaprolactone scaffolds will be examined. Following this, the response of an isolation
of rat primary kidney cells upon electrospun PLA scaffolds will be evaluated. Due to a
paucity of research looking at the desired environment for kidney cells within a TE
platform this study is vital to gain a better understanding of cellular response, which is
paramount for critical evaluation of the bioreactor design.
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4.1 REVIEW OF POLYMER SCAFFOLDS AND
FABRICATION TECHNIQUES
4.1.1 Introduction
Tissue engineering (TE) is a continually growing field which unites engineering and
biology helping to develop novel strategies to regenerate new functional tissues. The
ultimate goal is to restore physiological function by replacing the damaged tissue or
organ, e.g. bone, cartilage, or skin, using a combination of cell, biomaterials, and
bioactive factors. As the field progresses and new biomaterial manufacturing techniques
emerge, the applications are expanding (Hockaday et al., 2012; Sackmann et al., 2014;
Murphy and Atala, 2014; Liu et al., 2014; Bulysheva et al., 2013; Grant et al., 2017).
The progression of TE relies on both knowledge of cellular biology and the systems in
place to support cell life. Scaffolds are used to provide structure and often attempt to
mimic the in vivo microenvironment to further aid in cellular functions such as adhesion,
proliferation, and differentiation (Zhang et al., 2008; Yu et al., 2009; Lih et al., 2016).
Materials used in TE applications are generally classified as natural or synthetic. Natural
materials can include collagen (Dunphy et al., 2014), chitosan (Zhang et al., 2008), silk
fibroin (George et al., 2013), fibrin (Riopel et al., 2014), glycosaminoglycans (GAGs) such
as hyaluronic acid (Mintz and Cooper, 2014), and decellularized tissue (He and
Callanan, 2013). Synthetic materials can be subdivided into metals such as titanium
and stainless steel (Saino et al., 2009), ceramics like hydroxyapatite (Costa et al.,
2013), glass ceramics (Georgiou et al., 2007), and synthetic polymers. A wide variety of
synthetic polymers are used in TE including polycaprolactone (PCL), polyglycolic acid
(PGA), polylactic acid (PLA), and polyurethane (PU) (Pham et al., 2006a; Asefnejad et al.,
2011; Chew et al., 2009; Suntornnond et al., 2016). Co-polymers are also commonly
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used including poly (3-hydroxybutyric acid-co-3-hydroxyvaleric acid) (PHBV) and poly
(lactic-co-glycolic acid) (PLGA) (Bye et al., 2013; Ahmadi et al., 2011; Chew et al., 2009),
wherein the ratio of the monomers may be varied to produce a variety of physical
properties. Hybrid materials such as zinc oxide doped PU (Amna et al., 2013), hyaluronic
acid-modified PLGA (Yoo et al., 2005), PCL/gelatin modified with collagen type I (Gautam
et al., 2014), and PCL with nano-hydroxyapatite (Zhang et al., 2008) have also been
produced in an effort to utilize the benefits of a diverse physical and/or chemical
properties into a single material.
Decellularised tissue is currently the predominant vehicle for 3D kidney cell culture, with
impressive advances made (He et al., 2016a; Petrosyan et al., 2016; Bonandrini et al.,
2014; Petrosyan et al., 2015). This is due to the geometric cues that decellularised
tissue gives, and the effects it has on cell migration, proliferation and differentiation (He
and Callanan, 2013). The formation of decellularised tissue involves flushing detergent
through renal tissue to wash out cells and DNA. This acellular extracellular matrix (ECM)
is then recellularized and in some cases has been documented to produce rudimentary
urine (Song et al., 2013). However, the decellularisation of tissue is not a simple process
and the material left behind is often poorly characterised and mechanically weak
(Fischer et al., 2017; He et al., 2016a; He and Callanan, 2013). Added to this the
formidable task of recellularization (Remuzzi et al., 2017) yields enough uncertainty that
other avenues should be pursued alongside.
There is a paucity of research into the use of polymer scaffolds in kidney tissue
engineering, meaning there are many fabrication techniques that are yet to be explored.
A multitude of fabrication techniques can be used to create a range of TE scaffolds from
fibrous sheets to porous foams. Depending on the application, each method has
strengths and weaknesses. Current methods for scaffold manufacture can be broken
down into those that use solvents and those that do not.
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Solvent-free techniques include centrifugal spinning (Wang et al., 2011), melt/solventfree electrospinning (Karchin et al., 2011; Hutmacher and Dalton, 2011), melt drawing
(An et al., 2012), gas foaming (Zhu et al., 2008), melt molding/particulate leaching (Oh
et al., 2003), 3D printing/fused deposition (polymer melt) (Hockaday et al., 2012;
Seyednejad et al., 2012), melt electrospin writing (Castilho et al., 2017; Hochleitner et
al., 2015) and poly high internal phase emulsions (polyHIPE) (Owen et al., 2016; Moglia
et al., 2014; Wang et al., 2016).
Centrifugal spinning has been used as an approach to create highly porous scaffolds;
this process can utilise equipment such as cotton candy machines, where sugar is
replaced with a polymer (Wang et al., 2011). Using this technique, fibres with a diameter
from 1-10 µm have been created.
Melt / solvent-free electrospinning works through melting a polymer to create a liquid,
rather than dissolving a polymer in a solvent, and applying a high voltage to the solution
so that it is accelerated towards a ground source. This is the same action as in the
electrospinning technique. Whilst this brings obvious benefits, as no solvent is used in
processing, the heat needed to melt the polymer limits the scope of the technique as
bioactive molecules and natural polymer such as collagen will be destroyed during
heating (Hutmacher and Dalton, 2011). The technique can create PCL fibres from 5-30
µm and with further development may be able to match solvent electrospinning by
creating fibres with a diameter in the nanometer range.
Melt drawing again uses a high temperature to melt a polymer, the polymer is them
drawn through a small orifice and wound onto a rotating mandrel, producing aligned
fibres from 10-25 µm (An et al., 2012). Orifice diameter, mandrel rotation speed and
polymer melt temperature are the parameters which dictate the fibre diameter, although
the nature of the technique means that only aligned fibres are produced, limiting its
scope in biological applications.
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Gas foaming produces a porous sponge rather than a fibrous scaffold, the technique
works by raising the temperature of a polymer to its glass transition state and
introducing pressurized CO2. This is dissolved into the polymer and lowers the glass
transition temperature of the polymer further. The polymer is saturated with CO2 over an
extended period, when the vessel containing the polymer and CO2 is depressurized
expanding CO2 forms pores within the polymer. This techniques has been used to create
scaffolds with a 75-85% porosity with pore sizes from 35-60 µm, but with limited
interconnectivity between pores (Zhu et al., 2008).
In melt molding / particulate leaching a water soluble polymer and insoluble polymer are
used together; these polymers are ground to a fine particulate, mixed and molded under
high pressure. For example, Oh et al. (2003) molded polymer mixtures at a high
pressure of 30 MPa at 80 °C; the second step involves a second molding as 200-300
µm salt particles are spread onto the bottom and top of the polymer block, which is then
pressed at 20-30 MPa at 180 °C for 1 minutes. The resultant polymer-salt mold is then
immersed in water extracting both salt particles and partially removing the soluble
polymer. The addition of a soluble polymer was seen to increase the hydrophilicity of
scaffolds.
3D printing/fused deposition has been used to gain greater control over the geometry of
scaffolds, although this limits its scalability. The technique works by melting a polymer
through a nozzle and depositing it down layer by layer, down to a resolution of 25 µm
(Hockaday et al., 2012). Melt electrospin writing fuses the techniques of electrospinning
and 3D printing; this results in a technique that can produce submicron filament
resolution with the geometric control of 3D printing. Due to its low throughput, it has
been envisioned as a complementary technique to traditional 3D printing for creating
bimodal scaffolds (Hochleitner et al., 2015).
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Finally, polyHIPEs use UV-light to crosslink an emulsion of an oil-phase containing
monomers and water resulting in a highly porous scaffold. This technique can be used
with photolithographic 3D printing techniques to produce a finely controlled geometry
(Owen et al., 2016), although, this technique is again limited in its throughput.
These solvent-free techniques remove the risk of residual solvent, which could go on to
affect the cells as many of these processing chemicals are known carcinogens.
However, where porous solvent-free scaffolds are created to form fibres, these fibres are
typically much larger 5-30 µm, than their solvent electrospun counterparts (Hutmacher
and Dalton, 2011).
Solvent-based techniques include electrospinning (Doshi and Reneker, 1995),
emulsification (Zhang and Cooper, 2005; Sultana and Wang, 2008), solvent casting and
particulate leaching (SCPL) (Thadavirul et al., 2014), and thermally induced phase
separation (TIPS) (Guan et al., 2005). These techniques can also be used in conjunction
to create scaffolds with novel properties such as the use of gas foaming and particulate
leaching (Salerno et al., 2008) or using SCPL alongside TIPS (Yang et al., 2008).
Emulsification using solvents is similar to the polyHIPE technique in that two immiscible
fluids are emulsified to provide the template for a scaffold when this is done using
solvents. 20 kg of solvent is needed to produce just 1 kg of porous polymer, without
accounting for solvents required in post-processing. Whilst the end result produces
highly interconnected porous scaffold similar to those produced using polyHIPEs, it is a
much less efficient technique (Zhang and Cooper, 2005).
Solvent casting and particular leaching are used as techniques where the pore size can
be finely controlled through selecting the size of the leached particulate. However, the
overall porosity must be high to achieve interconnected pores through a scaffold
(Thadavirul et al., 2014).
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Thermally-induced phase separation can be used to create scaffolds with a controlled
pore size and inherent interconnectivity, although the direction of these pores is
determined by the temperature distribution during processing, as pores with be directed
along the temperature gradient; an in-depth discussion of TIPS is discussed in section
4.1.3.2 Thermally Induced Phase Separation.
Whilst these techniques warrant further investigation for their potential use in kidney
tissue-engineering, this exploration lies out of the scope of this thesis. Electrospinning
has been chosen as a technique that can be used to process fibres into different
architectures, providing a scaffold with interconnected pores which can be created from
a variety is different polymer types. The versatility of this technique will be discussed
within this thesis.
Polymer-based scaffolds, such as PCL, have been highlighted as a potential avenue for
tissue engineered kidneys (Moon et al., 2016) as they can provide a template for cells
and a 3D structure, but with a greater mechanical strength than hydrogel-based
scaffolds. Nardo et al. (2017) wrote a chapter on synthetic biomaterials for regenerative
medicine applications. In the book ‘Kidney transplantation, bioengineering, and
regenerative medicine’, they outline the plethora of different polymers that have been
utilised within regenerative medicine highlighting the properties of each and the
applications they have been used in. They conclude that of the 16 polymer groups they
highlight there has been little investigation into their use for the design of a
bioengineered kidney. They summarise that polyurethanes may be the most suitable
candidate due to the variety of fabrication techniques that can be used to process the
polymer including structures such as hydrogels and nanocarriers.
The works presented in this thesis will help to explore the potential of electrospun
scaffolds. The emphasis of this review is on two solvent-based approaches for the
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manufacture of polymeric scaffold and the disparities that exist in these procedures
throughout the literature.

4.1.2 Solvent-Based Manufacturing Methods
4.1.2.1 Electrospinning
The process of electrospinning was first discovered over 100 years ago (Boys, 1887);
however, it was not until the mid-90s when electrospinning of polymers was first
described that it became a common fabrication technique for biomedical applications
(Doshi and Reneker, 1995). Since then, publications focusing on electrospinning have
grown exponentially, although the set-up has remained largely the same. Modern
electrospinning, illustrated in Figure 4-1, generally includes a syringe with a blunt tip
needle loaded into a syringe pump, a high voltage power source, and a collector, static
or rotating. Working on the principles of electrostatic force, a high voltage is applied to a
polymer solution as it passes through a needle, thus creating a positive charge and
causing the solution at the needle tip to form what is known as the Taylor cone. Once
the electrostatic forces created within the fluid overcome the surface tension, the liquid
is drawn out of the needle in the form of fibres towards a grounded collector. The volatile
solvent rapidly evaporates along the trajectory and the result is a collection of fibres.
Scaffolds produced by electrospinning are typically non-woven randomly orientated
mats. Aligned fibres can also be obtained by electrospinning onto a high speed mandrel
(Aviss et al., 2010). Electrospraying works by the same mechanism but instead produces
a collection of polymer beads. A concise review on the mechanisms of electrospinning is
presented by Li and Xai (2004).
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Figure 4-1: The process of electrospinning, a high voltage is applied to a polymer solution which is then
accelerated towards a ground source.

Fibre diameters ranging from several nanometers to 10’s µm have been produced
(Pham et al., 2006b; Huang et al., 2006), with pore sizes and porosity directly related
(Eichhorn and Sampson, 2010; Lowery et al., 2010). By contrast, melt electrospinning, a
non-solvent based additive manufacturing method, typically yields scaffolds with fibre
diameters ranging from 10 to 50 µm however progress has been made in reducing this
diameter down to the sub-micron region (Dalton et al., 2007; Hutmacher and Dalton,
2011).
Electrospinning benefits from being relatively simple and cheap, producing a material
with high porosity and relatively good mechanical strength, cementing its place in tissue
engineering. The most prominent disadvantage is low productivity. Development of
equipment such as nozzle-less technology and other novel manufacturing techniques
have attempted to overcome this, however, these offer less control and poor
reproducibility when compared with traditional methods (Lu et al., 2010; Malay, 2009;
Shao et al., 2017).
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4.1.2.2 Thermally Induced Phase Separation
In brief, thermally induced phase separation is the separation of a polymer from its
solvents by cooling the solvent-polymer solution to the point where it separates, this is
then freeze dried to remove the solvent, leaving behind a porous scaffold. To explain this
further, scaffolds produced by TIPS result from demixing of a polymer-in-solvent solution
into a polymer-rich and polymer-poor phase due to a change in temperature (thermal
energy). The mechanisms can be categorized into solid-liquid phase separation
occurring as a result of the solvent freezing and polymer crystallization or liquid-liquid
phase separation (demixing) before solvent freezing (Schugens et al., 1996; Liu et al.,
2014; van de Witte et al., 1996; Kim et al., 2016a). The solvent 1,4-dioxane is capable
of inducing solid-liquid phase separation, which results in scaffolds with scaffold tubular
macropores of 10 to 100 µm (Schugens et al., 1996). Combined with water 1,4-dioxane
will produce a liquid-liquid phase separation (Schugens et al., 1996) forming foam
scaffolds with interconnected micropores from 1 to 10 µm. In depth analysis of the
processes of solid-liquid and liquid-liquid phase separation are presented by Lloyd et al.
(1990; 1991), Van de Witte et al. (1996) and Kim et al. (2016a).
TIPS can be divided into 2 subcategories, each producing distinct morphologies. The first
category involves freezing the solution in the traditional sense, i.e., the whole body is
submerged in a cold medium such as liquid nitrogen (Guan et al., 2005). The second is
directional freezing, shown in Figure 4-2, whereby a temperature gradient is introduced
e.g. using a cold plate (Theiler et al., 2011). As the solvent freezes, crystals are formed,
which grow across the temperature gradient in the direction of the warmer solution
above. The final phase separated scaffold, consisting of tubular structures with highly
interconnected pores is then freeze-dried to remove the solvent. Alternatively, the
solvent may be removed by submersion in different solvent with a lower freezing point
causing the solvent to leach out and leaving behind the insoluble polymer structure
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(Guan et al., 2005). For a comprehensive review of TIPS see Qian & Zhang (2011) and
Kim et al. (2016a).

Figure 4-2: The general method for fabrication of thermally induced phase separated scaffolds.

4.1.3 Variations in Fabrication Protocol
4.1.3.1 Electrospinning
Despite the large breadth of published work on electrospinning for TE applications
dating back over 20 years there is a lack of consistency in the parameters used in the
process and moreover, there is no standard recipe that can be found for this technique.
Even more remarkably, diverse parameters can produce very similar fibrous scaffolds (Li
et al., 2014; Jahani et al., 2014), while nearly identical protocols often reportedly
produce vastly different results (Van der Schueren et al., 2011). The ability to produce
nanoscale fibres to mimic the native ECM for TE applications has been a major focus
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and by manipulating the process parameters it is possible to produce electrospun
scaffolds with a range of fibre diameters from the micro to nanometre range (Pham et
al., 2006b; Reneker and Chun, 1996).
The huge variation in electrospun fibre morphologies is due to the adopted parameters,
shown in Table 4-1 with an image comparison in Table 4-2. Parameters with the most
notable influence on resulting scaffolds are the type of polymer, solvent, concentration
of the polymer solution, and flow rate. In addition, applied voltage, needle to collector
distance, collection method, needle gauge, and ambient conditions have been shown to
significantly impact resulting fibres (Pham et al., 2006a; Nangrejo et al., 2012).

Polymer Type and Polymer Solution Concentration
Fibre diameter is greatly affected by the type of polymer used and the concentration of
the polymer solution, which affect molecular weight and viscosity, respectively. Using the
same solvent, electropsun PLA, PCL and PHBV yielded fibres with a significant variation
in diameter: 2.5 µm, 4.0 µm and 700 nm (Bye et al., 2013). Whether the resulting
scaffold consists of nano or microfibres is highly dependent on the concentration of the
polymer solution, with the working distance and voltage adjusted accordingly, to ensure
a stable Taylor cone (Pham et al., 2006b). Smaller diameter fibres, between 200 to 400
nm, generally required a lower percentage weight of polymer, higher gauge needle, and
lower flow rate, whereas larger fibres generally result from higher percentage weight
solutions, increased flow rates, and smaller needle gauges (Daud et al., 2012; Pham et
al., 2006b; Soliman et al., 2010).
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Table 4-1: Comparison of electrospinning parameters and resultant scaffolds.
Type of
polymer

Solvent

Polymer
conc.
% wt

PCL

DMF/ chloroform (1:9)

8

PCL

DCM/ Ethanol 4:1

PCL

Collector

Needle
gauge

Flow rate
mL/hr

Working
distance
cm

Applied
Voltage
kV

Avg. fibre
diameter µm

Tensile
strength/
Young’s
modulus (E)
MPa

Rotating
(100, 1000 rpm)

21

0.5

23

25

0.4 - 1.5

1.85 - 24.11

(Jahani et al.,
2014)

10

Static

Not
specified

0.5

10

10

Not tested

(Yu et al.,
2009)

Methanol/ chloroform
1:3

9

Static

Not
specified

2

12

12

PCL/HA (1:1)

Methanol/ chloroform
1:3

9

Static

Not
specified

2

12

12

0.35 - 0.63

3.37

PCL

Chloroform/methanol
(various ratios) or
Chloroform/ DMF (1:1)

Not
specified

Static

16 – 25

0.8 – 18

15 – 33

14 – 27

1.7 – 11.6

Not tested

PCL

Methylene chloride/
DMF 4:1

12

Static

23

1

15

20

0.43

1.36

PCL/Hyaluronic
Acid

Methylene chloride/
DMF 4:1

12

Static

23

1

15

20

0.67

1.64

PCL

Chloroform/ methanol
(various ratios)

8 – 15

Static

18 – 23

4 – 7.5

10 – 30

12 – 20

0.1 – 7.1

0.01 – 4
0.5 – 4.5 (E)

(Soliman et
al., 2010)

PCL (with
quantum dots)

Chloroform/methanol
3:1

10 – 16

Static

21

0.55

15

16 – 20

0.28 – 1.46

Not tested

(Bagherzadeh
et al., 2014)

PLGA

HFIP

20

Rotating
(300, 1500 rpm)

21

1.0

15

25

0.4 – 0.9

Not tested

(Aviss et al.,
2010)

PLA/PBS
(various ratios)

DCM, DCM/EtOH (9:1,
4:1)

10

Rotating
(600, 1900 rpm)

Not
specified

3

17

25 – 30

2 – 10

(Stoyanova et
al., 2014)
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0.45 - 1.15
0.23 - 0.35

0.6 – 1.8

1.07

Reference

(Venugopal et
al., 2008)

(Pham et al.,
2006b)

(Chen et al.,
2014)

Scaffolds
PLA

DCM

10

Rotating (200
rpm)

Not
specified

2.4

17

17

0.7 – 2.5

Not tested

PCL

DCM

10

Rotating (200
rpm)

Not
specified

2.4

17

17

4

Not tested

PHBV

DCM/EtOH

9.375

Rotating (200
rpm)

Not
specified

2.4

10

17

0.7

Not tested

PLA

HFIP

10 – 20

Rotating

26

1.0

Not
specified

25 – 30

Not specified

0.04

(Leong et al.,
2009)

PCL

Chloroform/DCM (1:1)
or DCM

15

Rotating (2200
rpm)

20 – 27

0.3 – 6

20

14 – 18

1.02 – 8.07

Not tested

(Daud et al.,
2012)

PU (Z3A1)

DMF/THF
(various ratios)

27

Rotating (150
rpm)

20

3

20

16.5

1.25 – 2.82

0.5 –1.56

PU (Z9A1)

DMF/THF
(various ratios)

10

Rotating (150
rpm)

20

3

20

16.5

1.54 – 3.47

1.27 – 2.13

PCL

Chloroform,
Chloroform/Formic
acid, or Formic
acid/Acetic acid

Not
specified

Not specified

Not
specified

1–2

10 – 12.5

10 – 12

0.18 – 4.38

Not tested
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Table 4-2: The differing morphologies of electrospun scaffolds, images modified from the respective papers
referenced.

Author
(Leong et
al., 2009)

Polymer,
Solvent
PLA 15 %wt
HFIP

Image

Humid
environment
with a cooled
mandrel

(Yu et al.,
2009)

500µm

100µm

100µm

25µm

PCL 10 %wt
DCM/Et-OH
4:1

(Jahani et
al., 2014)

PCL 8 %wt,
100rpm
DMF/
Chloroform
1:9

50µm
(Jahani et
al., 2014)

PCL 8 %wt,
1000rpm
DMF/
Chloroform
1:9

50µm
(Aviss et al.,
2010)

PLGA 20
%wt
HFIP
300rpm

50µm
(Aviss et al.,
2010)

10µm

PLGA 20
%wt
HFIP
1500rpm

50µm

10µm
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(Stoyanova
et al.,
2014)

PLA
DCM

10µm
(Stoyanova
et al.,
2014)

PBS
DCM/EtOH

10µm
(Venugopal
et al.,
2008)

PCL 9 %wt
Methanol/
chloroform
1:3

10µm
(Venugopal
et al.,
2008)

PCL/HA 9
%wt , 1:1
Methanol/
chloroform
1:3

10µm
(Bubel et
al., 2014)

PCL15-bMPEG5/
PEO before
water
treatment
Water

2µm

1µm

Type of Solvent
Solvent conductivity has been reported to significantly enhance the production of beadfree fibres (Uyar and Besenbacher, 2008). Beading is a common issue encountered with
electrospinning and results in irregular-shaped fibres. Solutions with higher viscosities,
and therefore adequate surface tension and viscoelastic forces within the jet, are less
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likely to produce beaded fibres (Nezarati et al., 2013; Sun et al., 2012; Yang et al.,
2011). Volatile solvents are required for adequate evaporation between the needle and
collector however high volatility may produce porous fibres (Megelski et al., 2002; Sill
and von Recum, 2008). Type of solvent is therefore a key player in the electrospinning
process.
The type of solvent used in electrospinning can dramatically alter scaffold morphology. A
comparative study presented by Luo et al. (2010) suggests this may be due to
differences in the solubility of a polymer within different solvents: lower solubility
produces fibres, while high solubility results in electrospraying. Gholipour Kanani and
Bahrami (2011) showed drastic differences in fibre diameter between scaffolds
produced using formic acid versus acetic acid, with diameters of 88±12 nm, and
between 2.5 and 3 µm, respectively. Van der Schueren et al. (2011) noted a solution
containing formic and acetic acid achieved a 10-fold decrease in fibre diameter when
compared to chloroform, and fibre diameter distributions were consistently smaller with
formic acid alone.
Often considered the best solvent but also one of the most expensive for
electrospinning, HFIP is an organic solvent with a high dielectric constant (16.7 F/m)
which will dissolve most polymers and results in uniform and bead-free fibres (KucinskaLipka et al., 2015). Less expensive alternatives with lower dielectric constants, such as
chloromethanes, have been mixed with solvents such as DMF or methanol in an attempt
to achieve similar scaffolds by increasing conductivity and volatility whilst reducing
viscosity (Sun et al., 2012; Yang et al., 2011).
Additives are often incorporated into the main solvent, or a number of solvents with
different attributes combined, in an attempt to improve the electrospinning process.
Pham et al. (2006b) were able to predict fibre diameters between 2-10 µm with a high
degree of accuracy using a combination of chloroform and methanol in varying ratios,
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while chloroform and DMF were used to obtain smaller diameter fibres. It was noted that
the common solvent ratio for chloroform and methanol of 3:1 produced an unstable
Taylor cone resulting in droplet formation, although other published work has
successfully used this ratio (Venugopal et al., 2008; Bagherzadeh et al., 2014; Soliman
et al., 2010). Again, other parameters were adjusted accordingly; the collector distance
must be adjusted in accordance with the applied voltage, higher for increasing solution
concentration, in order to keep a stable Taylor cone (Sill and von Recum, 2008).

Other Parameters
Voltage, flow rate and working distance are most often altered to accommodate the type
of polymer, solvent, and concentrations chosen. When the flow rate is increased too high
beading is likely to occur and the fibres produced will not dry before collection; this can
cause fibres to ‘melt’ or fuse together and produce flattened fibres (Sill and von Recum,
2008). Larger diameter fibres are associated with smaller gauge number needle: the
wider needle bore means a larger Taylor cone is produced and hence the larger
diameter fibre. The live to ground distance and applied voltage are adjusted in order to
obtain a stable Taylor cone and depend highly on the properties of the polymer solution.
Ambient conditions can greatly influence the electrospinning process (Nezarati et al.,
2013). Many systems have been developed with temperature and humidity control.
Whereas, low humidity reportedly affects fibre formation, the effects of high humidity are
dependent on the polymer hydrophobicity, solvent volatility, and whether the solvent is
miscible with water (Megelski et al., 2002).

Alterations in Electrospun Scaffold Design
The combination of micro and nanofibres have been used in an attempt to produce
sufficient pore space (via the microfibres) whilst still providing an extracellular-like
nanofibrous environment more akin to the ECM (Pham et al., 2006b). Soliman et al.
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(2010) reported substantial improvements in scaffold strength and improved cellular
infiltration using this method. In the same manner, aligned and random fibres have been
co-electrospun, which improved cellular infiltration in comparison to conventional
electrospun scaffolds, whilst improving mechanical properties (Pu et al., 2015). Another
alternative method to increase scaffold porosity is the novel cryogenic electrospinning
technique presented by Leong et al. (2009). While the technique succeeded in
improving scaffold porosity, tensile strength was greatly reduced. Cells were able to
infiltrate up to 50 µm under static conditions however the depth of infiltration may be
increased using dynamic seeding conditions, such as shaking or centrifugation
(Thevenot et al., 2008).
Other novel methods exist for producing 3D structures, in contrast to the flat sheets
typically produced by electrospinning. The creation of a “focused, low density,
uncompressed nanofibre” (FLUF) scaffold, is said to give a cotton ball-like scaffold with
large open pores for increased cell integration (Blakeney et al., 2011). Another method
used a “sacrificial” polymer co-electrospun alongside the scaffold polymer, to be
removed through post processing leaving a scaffold with an increased pore size (Phipps
et al., 2012). Needleless electrospinning has also been used, increasing productivity
and cell infiltration. The use of a spinning disk to collect the electrospinning solution and
subsequently electrospun onto a mandrel created a scaffold which allowed cell
migration of up to 800 µm (Li et al., 2014).
Electrospun scaffolds are generally produced as sheets and therefore can be layered to
produce a three-dimensional scaffold. Fusion of the layers can be aided using heat or
vapor annealing. Using heat, the scaffolds are simply stacked on top of each other and
placed in a heated environment for several hours. An alternative is vapor annealing, this
involves suspending the scaffolds above a solvent and leaving them under vacuum for a
period of time. The technique has been used to create novel bi- and tri-layered scaffolds
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and can be used to combine electrospun scaffolds with polymeric scaffolds produced by
other methods (Bye et al., 2012).
On a final note, electrospun scaffolds can be designed to exhibit a range of mechanical
properties (Table 4-1). There are often large discrepancies in the literature between the
reported mechanical strengths and Young’s moduli between seemingly alike scaffolds.
In two separate studies, Soliman et al. (2010) and Venugopal et al. (2008) produced
PCL nanofibres of around 300 nm however the tensile strength was reported as 11 kPa
and 3.37 MPa, respectively. Differences in scaffold porosity were not considered and
may account for such a large discrepancy. Crystallinity could also lead to differences in
mechanical properties, as highly crystalline fibres are more dense and have shown
greater mechanical strength (Perego et al., 1996; Lim et al., 2008a).

4.1.3.2 Thermally Induced Phase Separation
Five of the main parameters of the TIPS process can be varied to give different
properties to the scaffold: method of freezing, temperature, cooling rate, solvent, and
type of polymer. The variation in parameters found within the literature is presented in
Table 4-3, with an image comparison shown in Table 4-4.

~ 84 ~

Scaffolds

Table 4-3: Comparison of the methods for producing TIPS scaffolds

Scaffold
material

PU
Poly(ester
urethane urea
(PEUU)

Solvent

Polymer
conc.
% wt

Method and cooling
temperature
°C

Solvent
extraction

1,4-Dioxane /
distilled water 19:1

20
(2g NaCl
50355µm)

-20

Freeze dried

DMSO
5-10

Poly(ethyl ester
urethane)
PEEUU %wt

PCL

PLLA/PLCL
(Various ratios)

-20, -80, or liquid nitrogen for
3 hours

Absolute
alcohol -20
for 7 days

DMSO

1,4-Dioxane, water
(90/10, 88/12,
85/15)

THF at 60°C

5-15

10

Porosity/
Pore size

Compressive
strength
(CS), Tensile
strength (TS)
MPa

Scaffold
morphology

Reference

71-75%
50300µm

0.58-0.93
(CS)

Interconnected
pores

(Asefnejad
et al.,
2011)

80.093.7%
3-203 µm

0.95-1.64
(TS)

91.596.6%
24-387
µm

0.59-1.68
(TS)

Cooled at 2°C min-1 to
determine cloud point and
gelation point. Quenched
between 8-12°C, aged for 2
hours, -40°C for 2 hours to
completely freeze.

Lyophilation

90.3393.77%

-80°C for 12 hours

Ice/water
mixture for
48 hours,
polymer gel
freeze dried
for 48 hours.

fibre
diameter
205315nm
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0.66-0.97
(TS)

Random but
tubular at 8 %wt
and -80 °C
Open and
interconnected
pores, tubular
and random at
5%wt at -20 °C

(Guan et
al., 2005)
(Guan et
al., 2005)

Nanofibrous
with 3D macro/
microporous
structure

(Liu et al.,
2014)

Nanofibrous,
interconnected
pores

(Wang et
al.,
2014a)

PLGA 3:1

(Star shaped)
SS-PLLA

Dimethylcarbonate

THF at 50°C,
glycerol at 50°C
1:3

3.84

2

Added dropwise through 150
µm orifice to liquid nitrogen.

Freeze dried

Dissolved in THF and
emulsified with glycerol.
Mixture poured into liquid
nitrogen for 10 mins

Ice water
extraction
for 24 hours,
sieved and
washed six
times in
distilled
water

PHBV

PHBV/PLA 1:1

Chloroform,
aqueous acetic
acid or ultra-pure
water 1:1

10

Solution emulsified before
freezing at -35°C overnight

Freeze dried

PHBV/PCL1:1
10%
Hydroxyapatite
Benzene

SS-PCL

1,2-Dichloroethane

1,4-Dioxane

5-10

Polyethylene moulds closed
on one side with aluminium
stub. Stub connected to liquid
nitrogen to generate
temperature gradient, 1530mins.
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Freeze dried

Sieved to
yield
diameters
of 150250 µm.

Fibres
diameter
193-227
nm
95.4-98
%

73-77%

3-4 (CS)

75.578.5%

2.9-3.5 (CS)

69-75%

5.5-6.7 (CS)

76-93%
20-100
µm

Suture
retention
strength
5.8-17.3
MPa

Scaffolds

Microcarriers,
pores organized
in a chevron like
pattern, highly
arranged
tubular
structures with
interconnected
porosity

(Parmar et
al., 2014;
Ahmadi et
al., 2011)

Nanofibrous
microspheres
with open holes

(Liu et al.,
2011)

Interconnected
pores, large
pore size
variation
A more uniform
structure than
above

Linear pores in
honeycomb
arrangement

(Sultana
and Wang,
2012b)

(Theiler et
al., 2011)
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Table 4-4: The differing morphologies of TIPS scaffolds, images modified from the respective papers
referenced.

Author

(Guan et
al., 2005)

Polymer, Solvent
and structure

Image

Poly(ester
urethane urea)
(PEUU)
5 %wt, -80°C

200µm

DMSO

(Guan et
al., 2005)

Poly(ester
urethane urea)
(PEUU)
8 %wt, -80°C
200µm

DMSO

(Guan et
al., 2005)

Poly(ethyl ester
urethane) (PEEUU)
5 %wt, -80°C
DMSO

(Guan et
al., 2005)

200µm

Poly(ethyl ester
urethane) (PEEUU)
10 %wt, -80°C
DMSO

200µm

PHBV
5 % wt
(Sultana
and Wang,
2012b)

Chloroform
emulsified with
aqueous acetic
acid or ultra-pure
water 1:1

200µm
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20µm

Scaffolds
PHBV
10 %wt
(Sultana
and Wang,
2012b)

(Theiler et
al., 2011)

(Theiler et
al., 2011)

Chloroform
emulsified with
aqueous acetic
acid or ultra-pure
water 1:1

200µm

20µm

100µm

20µm

100µm

20µm

50µm

5µm

50µm

5µm

50µm

10µm

SS-PCL-A 10 %wt
Benzene

SS-PCL-A 10 %wt
Dioxane

PCL 10 %wt
(Liu et al.,
2014)

Dioxane/water 9:1
-8°C Gelatination,
2 hours.

PCL 10 %wt
(Liu et al.,
2014)

(Theiler et
al., 2011)

Dioxane/water 9:1
Freezing at -40°C,
2 hours.

SS-PCL-A 10 %wt
1,2Dichloroethane
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PLGA 75:25
(Ahmadi et
al., 2011)

Dimethylcarbonate
1:25
20µm

20µm

20µm

1µm

SS-PLLA
(Liu et al.,
2011)
THF/ Glycerol

PLLA/PLCL 10 %wt
(Wang et
al.,
2014a)

100:0

5µm

THF

(Wang et
al.,
2014a)

PLLA/PLCL 10 %wt
40:60

THF

5µm
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Method, Rate, and Temperature of Freezing
Freezing methods for TIPS have included, for example, liquid nitrogen, freezing at -80°C,
or a cold plate at -40°C. The method used will limit the type of solvent that can be used,
ultimately determining the structure of the scaffold. It is well known that a slow rate of
cooling will give larger crystals, with a faster rate of cooling producing small crystals and
in some cases a glass transition. This means that drastically different morphologies can
be obtained when cooling with liquid nitrogen or controlled freezing on a cold plate (Qian
and Zhang, 2011). Directional freezing gives a unique morphology to the scaffold, with
the use of a temperature gradient to bring about a tubular structure (Theiler et al.,
2011).
Differences between scaffolds depending on freezing temperature has been shown, with
pore sizes ranging from 36 to 203 µm, 23 to 154 µm, and 3 to 19 µm at -20°C, -80°C,
and in liquid nitrogen, respectively (Guan et al., 2005). This clearly demonstrates the
effect of cooling rate on overall scaffold morphology.

Type of Solvent
The choice of solvent has a large effect on the resultant scaffold, and so its freezing
point and mechanism of separation should be carefully considered. Upon freezing, solid
crystals are formed by the solvent, which consequently produces pores within the
scaffold; therefore, varying the solvent can produce drastically different pore structure
and size (Qian and Zhang, 2011; Theiler et al., 2011). Importantly, there is a reciprocal
relationship between the solvent and required freezing temperature and type of
apparatus. The type of solvent is constrained by the latter and vice versa. The most
common choice of solvent is 1,4-Dioxane (Liu et al., 2014) due to its high freezing
temperature, which results in the formation of small crystals when solid (Qian and
Zhang, 2011; Theiler et al., 2011). The use of other solvents for TIPS have been

~ 90 ~

Scaffolds
documented, however, in much less frequently, include: dimethyl sulfoxide (DMSO),
tetrahydrofuran (THF), chloroform (Liu et al., 2011; Sultana and Wang, 2012b; Wang et
al., 2014a), and dichloromethane (DCM) (Lih et al., 2016).

Polymer Type
The type of polymer and its molecular weight can influence the TIPS process as well as
the percentage weight in solution. Increasing the weight percentage of the polymer
reduces porosity, thereby increasing the compressive strength of the scaffold. Theiler at
al. (2011) created scaffolds with a molecular weight from 4300 g/mol to 819,200
g/mol. They found that at low molecular weight scaffold did not possess any mechanical
stability, but in scaffolds of molecular weights 133,700 - 819,200 g/mol suture
retention strength varied from 5.8 MPa to 17.3 MPa; therefore, it is necessary to strike a
balance between these two important properties. Guan et al. (2005) demonstrated the
changes in the strength relative to porosity when varying percentage weight of polymer,
in this case poly(ester urethane)urea; strength increased around 1.5 times between
5%wt and 10%wt scaffolds, with porosity significantly reduced from 93.7% to between
80 to 89.3%.
Directional freezing combined with SS-PCL of different molecular weights and a range of
solvents have produced scaffolds with well-defined geometries and a range of
mechanical strength and porosities, pore size ranging between 20 to 100 µm (Theiler et
al., 2011). Different polymers have been blended combined, Kim et al. (2004) used a
mixture of PLLA and PEG to produce a structure with micro and nanosize pores. The
molecular weight and percentage weight of the PEG component was used to control
pore size by varying its weight percentage and molecular weight, and was subsequently
leached out to allow interconnectivity between pores.
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Further Design Variations
Scaffolds with macro and micropores (Sultana and Wang, 2012a) or microparticles
(Ahmadi et al., 2011) can be created using a combination of freezing and emulsification.
An emulsion is created using two non-miscible liquids which are subsequently frozen;
the resulting scaffold will depend on the ratio of non-miscible liquids (Ahmadi et al.,
2011). Microparticles, as with other techniques, result in scaffolds which vary quite
substantially, ranging from highly ordered tubular structures to a nanofibrous structure
(Liu et al., 2011; Parmar et al., 2014) and open hole (Ahmadi et al., 2011), as seen in
Table 4-4. Moreover, the diameter of the microsphere can be varied from a few to a
several hundred micrometres by increasing the stirring speed of the emulsion (Liu et al.,
2011). Sultana and Wang (2012b) created macropores in a TIPS scaffold with the same
technique of creating an emulsion, and showed the effect of polymer concentration on
the final properties of the scaffold; at low concentrations the scaffold exhibited poor
mechanical strength, while too high a polymer concentration did not allow the emulsion
to be properly homogenized.

4.1.4 Influence of Scaffold Morphology on Cell Life
Variation in scaffold morphology has been shown to affect the way cells behave and
integrate with the scaffold and can have a positive effect on cell distribution. Larger fibre
diameter increases the pore size of the scaffold which in turn can improve cellular
distribution throughout the scaffold (Bean and Tuan, 2015). It has been reported that a
minimum pore size of 10-150 µm is required for cellular infiltration, however this is
clearly dependent on cell type (Kim et al., 2004; Pham et al., 2006a). Ju et al. (2010)
demonstrated a minimum fibre diameter of 1 µm is required for infiltration by smooth
muscle cells. Fibre diameter can also influence cell proliferation, attachment, and
differentiation, with some groups showing an almost critical diameter of 1-1.5 µm at
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which cell proliferation and attachment will be poor (Christopherson et al., 2009; He et
al., 2010; Daud et al., 2012). It was confirmed that neural stem cells had lower
adhesion and limited ability to migrate on larger fibres when considering scaffolds with
283nm, 749nm and 1452nm diameter fibres. The diameter of the fibres ultimately
affected the shape of the cells with fewer colonies presenting on larger fibres and mainly
clustered with few attached to the fibre (Christopherson et al., 2009; He et al., 2010).
Cells appeared to prefer multiple attachment points mainly congregating at junctions
with other fibres or along the fibre where fibre diameter was 1.5 µm or greater. Other
studies have also shown a difference in cell proliferation and attachment with changes
in fibre diameter; cells have been shown to proliferate thought the extent of a scaffold
with a fibre diameter of 4.3 µm with proliferation only through the upper 50-100 µm of
scaffolds when fibre diameter was 440 nm (Bean and Tuan, 2015; Wang et al., 2012).
Thermally induced phase separation can produce both porous and fibrous scaffolds.
Molladavoodi et al. (2012) studied how these differences in microstructure can affect
both the mechanical properties of a PLLA scaffold and the viability of fibroblast cells.
They found that cell viability was more persistent and remained higher during an 8-day
period for porous structures. Although, they did report that the fibre diameter of scaffold
resulted in much smaller pores than porous ones, which may have limited cell
penetration. Conoscenti et al. (2017) looked at the effects of pore size in TIPS scaffolds;
they found that pore sizes of 100 µm resulted in more than 3 fold increase in expression
of chondrogenic genes aggrecan and SOX9, than 200 µm pores. They suggest this may
be due to a higher rate of cell retention and that a greater space filled in each pore may
allow greater adhesion to the scaffold, promoting more cell-cell interaction.
There are many examples where tissue containing two differing cell types needs to be
considered together such as the bone cartilage interface or bone ligament interface.
There is already considerable research in this area looking at novel and hybrid scaffolds
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capable of hosting both cell types (Han et al., 2014; Park et al., 2012). With greater
development and innovation there is the scope for these fabrication techniques to be
used to study complex organ systems where tissue engineering is still very much in its
primitive state without much divergence from 2D models (Davies et al., 2014).
A study on the cellular response to both microscale channels of mechanical topography
and fibronectin channel patterning using osteoblasts cells presented interesting results
which may be of note for kidney tissue engineering (Charest et al., 2006). When cells
were grown on either the mechanical topography or the fibronectin patterning, they
aligned themselves in the direction of the pattern. However, when mechanical
topography was overlaid orthogonally with the fibronectin pattern, cells continued to
align with the mechanical topography. Increasing the spacing of the fibronectin
patterning did not affect the cells’ alignment with the mechanical topography. Overall,
mechanical topography was the dominant condition in aligning cells; although, the
author admits that pattern continuity may have played a part in their results as the
fibronectin patterning did not reach the bottom of their grooves, resulting in a
discontinuous pattern. The study makes reference to research by Britland et al. (1996)
which suggests that chemical pattering is dominant over mechanical topography in a
BHK23 C13 kidney cell line.
The effects of material chemistry and topography on kidney epithelial cell morphology
has been studied due to its potential implications for bioartificial kidney devices
(Baptista et al., 2019). Previously, L-Dopamine has been used to increase cell
attachment and monolayer formation, it has been used alongside topography to
influence cell behaviour. However, large topographical features (20-30 µm) have been
shown to disrupt monolayer formation, but smaller topographical features (<5 µm)
allowed for monolayer formation, cell alignment, and cell organisation (Hulshof et al.,
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2017). They noted that the surface chemistry was a critical influence on the way
topographies affect the cells.
It has been reported that fibroblast cells can differentiate curvature from a flat surface
up to 2mm in diameter (Lee and Yang, 2012). Stating that curvature created a distortion
of the cytoskeleton as actin filaments are misaligned from the surface; in addition to this
a difference in cell attachment rate, migration speed and morphology have been noted.
Cells appeared to be less spread when grown on smaller beads (with a greater
curvature) and beads below 500 µm showed very low attachment and migration speeds
for fibroblast cells (Lee and Yang, 2012).
A recent publication has look at the specific effects of curvature on renal epithelial cells
(Yu et al., 2018). Using channels of varying widths from 90 → 1000 µm with the celllines HK-2 and MDCK, the group showed that both cell types are elongated and show
longitudinal directionality when grown upon a concave surface. Substrate curvature also
aided the polarization of cell membranes, enhancing expression of apical and basal cell
membrane markers. On convex surface, the tight junction protein ZO-1 was upregulated
in comparison to cell grown on a flat or concave surface. This highlights the effects that
simple changes in geometry can have on the gene expression of cells and their resultant
morphology.

4.1.5 Scaffold Surface Modification
The surfaces of cell culture scaffolds are not always optimized for cell culture, without
processing many polymer are naturally hydrophobic (Pan and Ding, 2012). Research is
now investigating how to optimise polymers through surface modifications (Recek et al.,
2016), or the addition of natural polymer (Gautam et al., 2014), as well as using high
throughput methods to find optimal polymer types for particular cell types (Duffy et al.,
2016). This is also true of tissue culture plastic. Pyrex® was the first surface used for cell
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culture, but many cells, including primary cells, struggled to adhere. Rat-Tail collagen
was the first surface coating used to improve cell attachment (Ehrmann and Gey, 1956).
The invention of disposable polystyrene plastic wear brought about new problems due to
its hydrophobic surface. This is overcome through either corona discharge at
atmospheric pressure or gas-plasma user vacuum (Ryan, 2008). Where cells
demonstrate a particular difficulty in attaching polylysine was investigated as a surface
coating (Mazia et al., 1975), this proved to be particularly useful for transfected cell
lines.
Similar techniques can be used to increase the wettability and efficiency of cell
attachment of polymer scaffolds. The use of natural materials such as Laminin (Koh et
al., 2008), fibronectin (Mohamadyar-Toupkanlou et al., 2017), collagen (Gautam et al.,
2014), gelatin (Wang et al., 2015) and hyaluronic acid (Yoo et al., 2005) are widely
used. Along with modification using other polymers such as acrylic acid (Grøndahl et al.,
2005) and polylysine (Nojehdehian et al., 2010).
Oxidising agents such as oxygen peroxide (Ni et al., 2011), or sodium and potassium
hydroxide (de Luca et al., 2014) can also be used to increase the quantity of hydrophilic
oxygen containing groups on the surface of scaffolds, thus reducing the water contact
angle. This works in a similar manner to plasma cleaning which, where equipment is
available, is a cheap and simple procedure for modifying polymer scaffolds. As
previously described in Chapter 3 (3.1.3 Plasma Modification) plasma cleaning is
predominantly undertaken in the presence of low pressure oxygen, argon or normal
atmospheric composition (air). A high frequency voltage is applied to the coil of a
chamber containing this low pressure gas, this causes the ionization of molecules.
Plasma will remove surface contaminants from products and is used in a wide range of
industries from aerospace to medical devices (Petasch et al., 1997; Whittaker et al.,
2004). Oxygen and air plasma will promote the formation of OH groups on the surfaces
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exposed, and remove organic contaminants due to highly reactive oxygen free radicals.
Argon plasma cleans surfaces due to high energy ions, but should not alter the resultant
surface chemistry, ideal where oxidation is not desirable; although, Ghobeira et al.
(Ghobeira et al., 2017) showed that argon plasma treatment of PCL does in fact change
surface chemistry of scaffolds, but forms a highly cross-linked surface structure, limiting
the degree to which it occurs. Plasma cleaning polycaprolactone scaffolds increases
wettability and cell adhesion (Suntornnond et al., 2016; Recek et al., 2016; Jahani et al.,
2014).

4.1.6 Direction of Scaffold Technologies
Currently, the majority of TE research is directed towards soft tissue, bone and cartilage
applications (Table 4-5), while many areas are undeveloped such as liver, kidney and
intestine. Progression in cellular biology, development of clinically relevant cell lines, and
the need for complementary scaffolds are important in helping the field. The discovery of
induced pluripotent stem cells, and the development of organoids offer great promise,
but need to be complemented with scaffolds of greater complexity and the ability to host
a variety of cell types. This must be supplemented with further research into cell seeding
methods and maintenance of cell types, if we are to establish TE models with greater
physiological relevance.
There is huge scope for solvent-based fabrication techniques in tissue engineering,
however a number of challenges still exist. Solvent fabrication techniques offer
versatility and diversity in the type of scaffold produced, however, the possibility of
exposure to potentially harmful solvents for cells or the patient has driven further
research into solvent-free techniques such as melt electrospinning, melt extrusion, and
3D printing (Hockaday et al., 2012; Seyednejad et al., 2012; An et al., 2012; Karchin et
al., 2011; Hutmacher and Dalton, 2011). The literature provides an overview of current
methods and the parameters required to produce the desirable scaffold structure.
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However, there is further opportunity for improvement and the available literature
should act as a guide to inform applicability of the available techniques. Combinations of
techniques can be used to tailor specific properties, bringing the desirable characteristic
from each method; for example hybrid scaffolds created using electrospinning and TIPS
to create a tri-layer scaffold with sufficient mechanical properties and favorable cellular
interaction (Mi et al., 2015).
Table 4-5: Areas where polymer solvent scaffold techniques have been applied.
Electrospinning

SC/PL

TIPS

Bone/ Cartilage
(Esposito et al., 2013)

✓

(Kim et al., 2014)

✓
✓

(Liu et al., 2011)
✓

(Mintz and Cooper, 2014)

✓

(Sultana and Wang, 2012b)
✓

(Thadavirul et al., 2014)
(Venugopal et al., 2008)

✓

(Yu et al., 2009)

✓

Neural
(Daud et al., 2012)

✓

(Jahani et al., 2014)

✓

General 3D applications
✓

(Baker et al., 2011)
(Bubel et al., 2014)

✓
✓

(Gong et al., 2012)
(Leong et al., 2009)

✓
✓

(Liu et al., 2014)
(Pham et al., 2006b)

✓

Soft tissue
✓

(Asefnejad et al., 2011)
(Aviss et al., 2010)

✓

(Bye et al., 2013)

✓

(Chen et al., 2014)

✓
✓

(Columbus et al., 2014)
(Guan et al., 2005)

✓

(Parmar et al., 2014)

✓
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(Soliman et al., 2010)

✓
✓

(Theiler et al., 2011)
✓

(Vaquette et al., 2008)

✓

(Wang et al., 2014a)
Drug delivery
(Stoyanova et al., 2014)

✓

Cell delivery
(Ahmadi et al., 2011)

✓

(Liu et al., 2011)

✓

(Parmar et al., 2014)

✓

At present, there are a number of limitations in progressing solvent-based scaffolds to
the clinic. Some are specific to solvent-based techniques such as the removal of all
residual solvent, which may be overcome through plasma cleaning (Petasch et al.,
1997). Other limitations apply to many TE strategies including adequate porosity to
enhance/inhibit cellular infiltration, and tailoring biodegradability. Some of these issues
have been addressed to an extent with techniques such as cell electrospinning, avoiding
issues associated with solvent use and cell infiltration throughout the scaffold, and has
begun to show promise (Ehler and Jayasinghe, 2014; Sampson et al., 2014; Jayasinghe
et al., 2007). Solvent free electrospinning of PEO and PCL using water has been
described, where the PEO is subsequently dissolved leaving behind a solvent free PCL
scaffold (Sill and von Recum, 2008).

4.1.7 Polymer Scaffolds in Kidney Tissue Engineering
The most common approach for engineering kidney tissue is 2D cell culture. The use of
human induced pluripotent stem cells in creating kidney organoids has been a major
breakthrough (Xia et al., 2013), but static conditions within a petri-dish are not
representative of an in vivo environment. With this in mind researchers are utilising
decellularised tissue (Peloso et al., 2016) with groups demonstrating the possibility of
recellularisation (Abolbashari et al., 2016; Poornejad et al., 2017; Remuzzi et al., 2017;
Bonandrini et al., 2014). These decellularised tissues are generally seeded by perfusion,
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delivering shear stresses to cells and providing nutrient replenishment, giving a more
physiologically accurate environment. However, issues with decontamination (Poornejad
et al., 2016), complicated recellularisation (Poornejad et al., 2017) and poor mechanical
properties (Lih et al., 2016) are reason enough to explore other avenues for scaffolds
within kidney tissue engineering.
There is a paucity of research into the use of polymer scaffolds for kidney tissue
engineering, with few examples to note (Fissell et al., 2007; Kim et al., 2003; Lee et al.,
2007; Schophuizen et al., 2015; Lih et al., 2016), but they are an alternative to
decellularised tissue and may be favourable due to their favourable mechanical
properties, ease of manufacture, repeatability, and tuneable degradation.
The use of hollow fibre bioreactors and their potential as a bioartificial kidney provides
the bulk of the research into polymer scaffolds for kidney tissue engineering. These
hollow fibres are created by thermally induced phase separation and are commercially
available in the form of micro-polyethersulfone (microPES). This had been coated in LDOPA and collagen IV has been used to support conditionally immortalised human
proximal tubule cells, which demonstrated cation transport across the membrane
(Chevtchik et al., 2016; Jansen et al., 2015). Immortalised cells are those which have a
mutation that prevents normal cellular senescence; in this way they can be grown for a
prolonged period in vitro.
Lih et al. (2016) used TIPS to create a biomimetic porous PLGA and decellularised
kidney tissue scaffold. It is noted that whilst PLGA has: tuneable degradation time and
mechanical properties, is easily processed, and is approved for use in medical
applications by the Food and Drug Administration (FDA), it suffers from hydrophobicity in
its native state, which can cause an undesirable cellular response. Conversely, ECM
promotes a desirable cell response due to the presence of structural proteins and
growth factors; however, it has weak mechanical characteristics, a rapid degradation
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rate, and can be difficult to process. Lih et al. combined these two materials to evaluate
a hybrid materials regenerative capacity in vivo. They implanted scaffolds in partially
nephrectomised mice noting a formation of tubule- and glomeruli-like structures as well
as neovascularisation. ECM components incorporated with PLGA improved
biocompatibility over PLGA alone; the authors also note that inflammatory factors were
supressed when compared to a PLGA scaffold alone.
Polycaprolactone has been studied as a basis for a kidney tubule model (Mchugh et al.,
2013). In the study, it is stated that 2D tissues such as epithelium require a porous
architecture that prevents cell migration to avoid non-epithelial tissue architecture,
whereas 3D tissues benefit from large pores that promote cell infiltration to form a bulk
tissue. The paper describes a novel pore casting scaffold fabrication method resulting in
a film with sub-micron pores. Pore case scaffolds had a pore diameter of 680-790 nm,
electrospun scaffolds had a fibre diameter of 3.7 ± 0.6 µm and a pore size of 8.9 ± 4.4
µm. The author states that cells seeded to an electrospun scaffolds displayed a 3D
architecture with cells conforming to the shape of the fibres; they noted that cells did not
form a monolayer. Overall, they showed the potential to support kidney cell life, but
noted under developed tight junctions in electrospun meshes when compared to porous
films. It is worth noting that this paper was specifically trying to create 2D structures and
does comment on how electrospun scaffolds were not ideal for their intended
application, due to the formation of a 3D cell architecture. They highlight that the pore
cast scaffolds are significantly thinner, at 9.9 µm, than electrospun scaffolds at 246 µm.
It is worth noting that the study compared films to a single diameter of electrospun
scaffold; it is known that the diameter of electrospun fibres can affect how cells
respond, and that smaller diameter fibres could result in a scaffold that is thinner.
Overall, a more thorough investigation would be needed to definitively say which
fabrication method would be best suited for this application.
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The technique of electrospinning is overlooked in the kidney tissue engineering
community despite its widespread use within other fields. One of a few examples include
the use of electrospun collagen nanofibres as a model for the glomerular capillary. In a
first example of a co-culture model containing all three elements, the group
demonstrated the desired monolayer formation of glomerular endothelia and podocytes
cells separated by a basement membrane in a tri-layer model (Slater et al., 2011).
Interestingly, when measuring TEER of one cell type, in this case either podocytes or
glomerular endothelia seeded on both sides of a polycarbonate support membrane,
values were double that of cells seeded on only one side; these values were
approximately the same for podocytes and glomerular endothelia. However, when
podocytes were seeded to one side and glomerular endothelia to the other, TEER
readings were significantly lower than those for two layers of the same cell type,
suggesting that one of the cell layers had a lower resistance, possibly due to cell-cell
communication. When seeded to the electrospun collagen scaffold, glomerular
endothelial cells grew into a monolayer with podocytes forming a semi-confluent
monolayer, the electrospun scaffold allowed for close contact of the cells facilitating the
potential for cross talk. A similar kidney tubule model is presented by Mollet et al.
(2015) utilising ureidopyrimidinone functionalised PCL within a bioreactor as a tubule
model, claiming a morphological mimicry of the basement membrane. The basement
membrane is a thin fibrous extracellular matrix that separates epithelium, mesothelium
or endothelium cells from the underlying connective tissue (Jayadev and Sherwood,
2017). The use of electrospun polyglycolic acid (PLGA) scaffolds, seeded with isolated
rat renal segments, has also been shown to support cell life forming glomeruli- and
tubule-like structures after implantation into a rat model (Kim et al., 2003). Utilising the
technique to create a filtration system for dialysis has also been considered,
demonstrating a similar filtration capacity to traditional hollow-fibres (Lee et al., 2007).
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Electrospun fibres of 141 → 673 nm have been investigated for potential use in
artificial kidney applications. Scaffolds were modified with PAN-zeolite to aid creating
absorption capacity; zeolites are a powder that can be used to absorb uremic toxins.
These scaffolds were not used with cells but were investigated as an alternative to
current polysulfone hollow-fibre membranes used in dialysis equipment. The group
found that electrospun fibres incorporated with zeolite powder had creatinine absorption
capacity that was dependent upon the concentration of creatinine, with zeolite particle
size and surface area determined as the main properties that altered the functional
capacity (Lu et al., 2015).

4.1.8 Choosing a Polymer
There are a great number of potential polymers which could be used in kidney tissue
engineering, the few which have been used previously include: PLGA (Kim et al., 2003),
PCL (Mollet et al., 2015; Mchugh et al., 2013), PDMS (Jang et al., 2013), polycarbonate
(Sharmin et al., 2016) and PES (Chevtchik et al., 2016).
To choose a suitable polymer for kidney tissue engineering a few key considerations
should be made. The polymer should be biocompatible and maintain cell viability,
without negative effects on the expression of key proteins and it should have
mechanical properties fit for purpose. Our scaffolds will need to maintain rigidity when
handled and should be malleable so that they can be secured within the bioreactor.
Both the fabrication techniques and the polymer itself can have a big influence on the
mechanical properties of the scaffold.
Polycaprolactone and polylactic acid (PLA) have been used widely in other tissue
engineering applications (Lin et al., 2013; Chu et al., 1995; Bagherzadeh et al., 2014;
Petrigliano et al., 2014). Both PCL and PLA are biodegradable, occurring over a shorter
timeframe in PLA owing to carboxylic acid end groups (Siparsky et al., 1998; Vieira et al.,
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2011). These polymers are a good choice for initial investigation into the effects of
scaffold morphology on kidney cells due to their ease of manufacture and handling,
favourable mechanical properties, and biocompatibility.
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4.2 EFFECT OF SCAFFOLD ARCHITECTURE ON
KIDNEY EPITHELIAL CELLS
The focus of this work is to explore the potential of polymer scaffolds for kidney TE,
examining the cellular response of human kidney epithelial cells (RC-124) to fibre
diameter and morphology of electrospun polycaprolactone scaffolds. Due to a paucity of
research looking at the desired environment for kidney cells within a TE platform this
study is vital to gain a better understanding of cellular response.
The following work has been published in Biomedical Materials (Burton et al., 2018a)
with conference abstracts published in European Cells and Materials, from the TERMISEU 2016 conference in Uppsala, Sweden (Burton and Callanan, 2016b, 2016c) and can
be found in the appendices.

4.2.1 Materials and Methods
For a comprehensive review of the materials and methods used in the following section
see Chapter 3, methods used in this section are as follows:




Scaffold Fabrication (3.1)
o

Electrospinning (3.1.1)

o

Scaffold Sterilisation (2.1.2)

o

Plasma Modification (3.1.3)

Scaffold Analysis (3.2)
o

Mechanical Testing (3.2.1)

o

Scanning Electron Microscopy (3.2.2)

o

Scaffold Fibre Alignment (3.2.3)

o

Porosity (3.2.4)
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o

Contact Angle (3.2.5)

o

X-Ray Photoelectron Spectroscopy (3.2.6)

Cell Culture (3.4)
o

Static Culture (3.4.2)

o

Cell Viability (3.4.4)

o

DNA Quantification (3.4.5)

o

Cell Imaging (3.4.6)

o

Two-Photon Excitation Fluorescence with Coherent Anti-Stokes Raman
Imaging (3.4.7)

o


Reverse Transcription Real-Time Polymerase Chain Reaction (3.4.8)

Statistical Analysis (3.5)

Details specific to experiments presented in this section will be discussed below, unless
otherwise mentioned experiments were identical to that described in chapter 3.

4.2.1.1 Scaffold Fabrication
Electrospinning
All scaffolds in this section (4.2 Effect of Scaffold Architecture on Kidney Epithelial Cells)
were fabricated from PCL. Two fibre diameters and 3 architecture types were fabricated
using the methods described previously and will be referred to as: large random (LR),
large aligned (LA), large cryogenic (LC), small random (SR), small aligned (SA) and small
cryogenic (SC).
Mandrel speed was set at 250 revolutions per minute (RPM) for random and cryogenic
fibres and 1500-2000 RPM for aligned fibres. For each scaffold 4 ml of solution was
used.

~ 106 ~

Scaffolds

Plasma Modification
Plasma cleaning was performed in the same manner detailed in chapter 3, initial
pressure was lowered to 400mTorr before introducing O2, pressure was stabilised at
500 mTorr and medium power (10.2 W) was applied for 30 seconds.

4.2.1.2 Scaffold Analysis
Mechanical Testing
Strain rate was set to 50 % strain a minute. Ultimate tensile strength and incremental
Young’s modulus (between 0 and 10 % strain in 2 % intervals) were calculated from
stress-strain graphs for each sample with N ≥ 6 independent replicates as previously
described (A Callanan et al., 2014 b).

4.2.1.3 Cell Culture
Plasma treatment and gelatine coated scaffolds were compared for a preliminary study.
A solution of 0.1% gelatine was applied to scaffolds for 20 minutes prior to seeding.
Preliminary experimentation seeded 40,000 cell to each scaffold; the final study used a
suspension of 100,000 cells (Passage 17) in 50 µl of culture media seeded to each
scaffold and left to attach for 1 hour before an additional 400 µl of media was added.
Scaffolds were cultured for 7 and 14 days prior to further experimentation, with media
changed 3 times a week.

4.2.1.4 Cell Viability
Cell seeded scaffolds at both 7 and 14 days were washed 3 times in PBS and 80 µl of
CellTitre-Blue® assay was added to 400 µl cell culture media (1:5) and incubated for 2
hours, N ≥ 4 independent replicates.
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4.2.1.5 DNA quantification
Cell seeded scaffolds cultured for 7 and 14 days were freeze dried and incubated in a
papain digest. Incubation took place within a heated cupboard with periodic mixing
using a vortexer, N ≥ 4 independent replicates.

4.2.1.6 Reverse Transcription Real-Time Polymerase Chain Reaction
Relative mRNA levels of alanyl aminopeptidase (ANPEP), E-cadherin (E-Cad), kidney
injury molecule-1 (KIM-1), and cytokeratin-18 (KRT-18) of scaffolds to tissue culture
plastic was calculated.

4.2.1.7 Statistical Analysis
Before comparison using ANOVA Levene’s test for equal variances was used and
appropriate statistical tests were selected. Mechanical data and fibre diameter is
presented as mean ± standard deviation; all other results are presented as mean ± 95
% confidence interval. A one-way Welch’s ANOVA with post hoc Games-Howell for
unequal variances was used to assess the differences in fibre diameter due to spinning
condition as well as mechanical data and DNA quantification. CellTitre-Blue® and water
contact angle analysis was performed using a one-way ANOVA with a post hoc Tukey
test. Comparisons of RT-qPCR for scaffolds against tissue culture plastic were made
using a one-way ANOVA with a Dunnett’s post hoc test.
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4.2.2 Results
4.2.2.1 Preliminary Experiments
Despite the widespread use of electrospun polycaprolactone in tissue engineering it
does hold properties that are not ideally suited for cell culture, namely hydrophobicity.
Early in experimentation it was noted that PCL floats above cell culture media rather
than absorbing it. This was a problem for cell culture and attachment. An initial
experiment, assessing cell viability on scaffolds which had undergone surface
treatments, was performed. The surface treatments performed were media soaking,
0.1% gelatine soaking, and oxygen plasma treatment. Two independent experiments
compared plasma treatment and non-plasma treatment, with media, and gelatine
soakings. The benefits of plasma treatment were clear to see as cell numbers were
significantly higher on plasma treated scaffolds, Figure 4-3. However, there were no
additional benefit to further surface soaking with gelatine solution over plasma and
media soaking. As a result, all scaffolds from this point were plasma treated and soaked
in media at least 24 hours prior to cell seeding.

Figure 4-3: CellTitre-Blue viability assay showing the number of viable cells after 7 and 14 days on scaffolds
of different surface treatments. Error bars are shown as mean ± 83.4% confidence intervals (Knol et al.,
2011), N=4 independent repeats, each comprising of 3 technical repeats.
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4.2.2.2 Electrospun Scaffolds
As detailed earlier small changes in electrospinning parameters can have large effects
on the resultant fibres produced. As our group had acquired a new electrospinning
machine with no previous users it was necessary to find out what parameters were best
to use for this specific electrospinner. Using previously reported parameters as a guide
(Table 4-1) several solutions were tested to achieve bead free fibres with a small
standard deviation in fibre diameter. Electrospun fibres were successfully produced from
a 19 % w/v solution of PCL in chloroform and methanol (5:1) and a 7.5 % w/v solution of
PCL in HFIP, proving to consistently produce bead free fibres of a regular diameter with a
small standard deviation in different spinning sessions.
Aligned fibres were created by spinning on to a mandrel spinning at high speed, initially
this was set to 1500 RPM which resulted in poor alignment of scaffolds, Figure 4-4 test
1. Spinning at 2000 RPM resulted in scaffolds which appeared to be put under tension,
which when cut to remove from the mandrel relaxed and formed an aligned but wavy
sheet. Spinning at 1800 RPM resulted in scaffolds showing a high degree of alignment
(Figure 4-4 test 2) and was subsequently used to produce aligned fibres.
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Figure 4-4: Analysis by FFT and oval profile of alignment in large fibres. (A) Shows SEM images of fibres
spun at 1500 RPM and 1800 RPM for test 1 and 2 respectively. (B) Displays the resultant signal after
FFT of the SEM images. Using Oval Profile (Ayres et al., 2008) the degree of alignment was calculated
using radial sums of the pixel intensity, N=3.

Electrospun scaffolds used from this point onwards consisted of non-woven bead free
fibres; spinning at low speed produced random fibres, Figure 4-5 (a, b), high-speed
spinning created highly aligned fibres, Figure 4-5 (c, d). Cryogenic electrospinning
produced scaffolds with visibly greater pores, 96.8 - 98.4 % porosity in cryogenic
scaffolds compared to 82.5 - 92.6 % porosity in random and aligned scaffolds. The large
diameter fibre also produced dense regions of fibres between more porous zones
attributed to the attraction towards ice crystal peaks deposited on the mandrel, Figure
4-5 (e-h).
Fibre diameters were determined from SEM images showing average large and small
fibre diameter and standard deviation of 4.68 ± 0.58 µm and 1.12 ± 0.22 µm
respectively, Table 4-6. Discrepancies were found in fibre sizes of the same percentage
weight solution due to natural variation in spinning conditions F(2, 197)=99.44, p =0,
diameters of LA fibres were significantly different to both LC and LR p<0.001, with all
small fibre diameters presenting with significant differences to each other, F(2,
145)=55.34 , p<0.001. Clear differences between large and small fibre diameters can
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be attributed to the polymer solution properties for each scaffold, as viscosity of solution
is a big contributor towards fibre size (Sill and von Recum, 2008; Pham et al., 2006a;
Kumbar et al., 2008). When viscosity is below 0.8 Pa∙s, beads form on fibres, but above
4 Pa∙s, solutions are too thick to electrospin (Sill and von Recum, 2008); in addition to
this, surface tension and conductivity also change with increasing viscosity (Pham et al.,
2006a). These differences in fibre diameter and architecture result in stark differences
in scaffold thickness with cryogenic scaffolds at 800 µm thick compared to 90-180 µm
for random and aligned scaffolds, Table 4-6.
Table 4-6: Mechanical and physical properties of the electrospun scaffolds, N ≥ 6.

Large

Small

Random

Aligned

Cryogenic

Random

Aligned

Cryogenic

4.45±0.47

5.37±0.52

4.47±0.38

1.11±0.16

0.95±0.18

1.29±0.22

Approximate
scaffold thickness 140
µm

180

800

120

100

800

Porosity, %

84.9

82.5

96.8

92.6

88.6

98.4

Ultimate tensile
strength, MPa

1.45±0.24

3.92±0.68

0.26±0.10

1.60±0.31

8.62±1.98

0.17±0.06

Strain at break

4.91±2.59

6.05±0.97

9.36±1.07

5.31±1.24

0.81 ±0.16

5.37±1.60

0-2

8.41±1.62

36.10±4.25 0.24±0.08

3.61±0.79

18.37±3.86 0.12±0.06

2-4

8.01±0.74

29.76±2.37 0.27±0.08

3.57±0.78

27.17±4.35 0.15±0.07

4-6

6.61±0.50

22.73±1.97 0.27±0.70

3.25±0.63

29.92±3.54 0.17±0.06

6-8

5.25±0.55

16.28±1.99 0.26±0.10

2.91±0.54

26.56±2.71 0.17±0.05

8-10

4.07±0.73

9.99±1.71

0.23±0.05

2.54±0.59

21.94±2.29 0.17±0.04

0-10

6.58±0.51

23.05±1.99 0.26±0.07

3.21±0.63

26.66±3.0

Fibre diameter,
µm

Young’s
Modulus
at %
Strain,
MPa
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Differences can be seen in the mechanical properties of each scaffold due to both fibre
diameter and scaffold architecture. Significant differences were found in both the UTS
F(5, 18)=134.8, p<0.001 and Young’s modulus F(5, 17)=555.65, p<0.001 of different
architectures for both small and large fibres. Post hoc tests indicated the effect of fibre
diameter on tensile Young’s modulus at 0 - 10% strain was significantly different in
random fibres p<0.001, but no significant differences were found in aligned or
cryogenic. Only aligned fibres demonstrated significant differences in UTS due to fibre
diameter, P=0.004, Table 4-6. There were no statistically significant differences found in
the mechanical properties of plasma treated and non-plasma treated fibres, Table 4-7.
Table 4-7: The difference as a percentage in the mechanical properties of plasma treated and non-plasma
treated scaffolds. Negative numbers indicate plasma treated scaffolds had a lower Young’s modulus. No
significant difference was found as a result of plasma treatment. Statistical analysis was done using a
student’s paired two tailed t-test, N ≥ 6.

Random

Difference in
0-10% strain of
plasma to noplasma treated
P values 0-10%
T values

Large
Aligned

Cryogenic

Random

Small
Aligned

Cryogenic

6.5

12.9

-37.0

42.3

2.8

-5.3

0.359
t(4)=-1.08

0.405
t(4)=-0.97

0.094
t(4)=-2.42

0.064
t(4)=-2.87

0.624
t(4)=0.55

0.744
t(4)=-0.36
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Figure 4-5: SEM of electrospun fibres showing the differences of scaffold architecture, (A) large random, (B)
small random, (C) large aligned, (D) small aligned, (E, G) large cryogenic and (F, H) small cryogenic, N=3
(representative samples).
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Figure 4-6: Water contact angle, showing the effects of plasma treatment on the hydrophobic
nature of PCL, N ≥ 3. The sale bar is approximately 1 mm.

~ 115 ~

Scaffolds

4.2.2.3 Plasma Treatment
Plasma treatment was successful in reducing the hydrophobicity of the scaffold, a
comparison of water contact angle for cast films created using 17 % w/v PCL in
chloroform/ methanol (5:1) and 7 % w/v PCL in HFIP solutions presented with significant
differences between plasma 53.1±6.2 ° and non-plasma treatment 76.2±3.4° F(3,
24)=44, p<0.001, but there were no differences seen as a result of the solvent used,
Table 4-8 and Figure 4-6. It can be seen that plasma treatment resulted in a significant
reduction in water contact angle in all samples, Table 4-8. The water contact angle of
electrospun scaffold is somewhat higher than the film counterpart. Water absorption by
both random and aligned scaffolds was virtually instantaneous and could not be
quantified with the 5 Hz frame rate camera used, cryogenic scaffolds took on average
12 seconds to full absorb the water droplet.
X-Ray photoelectron spectroscopy confirmed that there was a distinct increase in the
atomic percentage of oxygen (O) present after plasma treatment. Average O in plasma
treated and non-plasma treated scaffolds were 26.0±1.5 % and 21.7±0.7 %
respectively, and average carbon present (C) in plasma treated and non-plasma treated
scaffolds were 74.0±1.5% and 78.4±0.7 % respectively. Scaffold porosity prevented the
attainment of measurements for plasma treated SC, Table 4-8.
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Table 4-8: Element composition, determined by XPS, of scaffold before and after plasma treatment, Carbon
(C), Oxygen (O), and water contact angle measurement.

Large

Not
Plasma
Treated
Plasma
Treated
Water
contact
angle at
1
second

Small

Random

Aligned

Cryogenic

Random

Aligned

Cryogenic

C%

77.3

79.3

78.4

78.1

78.8

78.5

O%

22.7

20.8

21.6

21.9

21.1

21.6

C%

75.3

75.1

71.6

74.2

73.7

-

O%

24.7

24.9

28.4

25.8

26.3

-

Not
Plasma
Treated

106.4
±3.1°

104.1
±7.6°

118.3
±9.1°

98.4
±27.3°

88.4
±7.2°

105.5
±9.0°

Plasma
Treated

0°

1.1
±2.25°

75.1
±39.3°

22.3
±2.8°

11.3
±13.1°

68.1
±52.8°

4.2.2.4 Cell Viability
The viability of cells, assessed by CellTitre blue assay, showed significant differences
after 7 days (F(5, 24)=9, p<0.001) and 14 days (F(5, 24)=17, P<0.001). Variations were
seen between fibre diameters at 7 days for aligned (p=0.043) and cryogenic (p=0.044),
and at 14 days for cryogenic (p<0.001). Significance differences between architecture
were seen at 7 days for SR/SC (p=0.0025), and at 14 days for SA/SC (p<0.001) and
SR/SC (p<0.001). The architecture of large fibres appeared to have no statistically
significant effect on cell viability at 7 or 14 days. Although cell viability increased from 7
to 14 days in all cases except SC (Figure 4-7) the increase was not statistically
significant for any group; this may have been as a result of the relatively high seeding
density. It is worth reiterating that scaffolds were cut into 10 mm disks, and thus cells
were potentially reaching confluence on scaffolds; any further expansion of cells would
have to penetrate into the scaffolds.
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Figure 4-7: Cell attachment and viability of RC-124 cells at 7 and 14 days on random, aligned and cryogenic
scaffolds of two different fibre diameters. Fluorescence values have been normalised to a well containing
100,000 cells. Data presented as mean ± 95 % confidence interval, statistics performed using a one-way
ANOVA with post hoc Tukey test, N=5, * p<0.05, **p<0.01 and *** P<0.001.

4.2.2.5 DNA Quantification
The quantity of DNA in each cell is equal for the cells used in this work, and so an
increase in DNA quantity is indicative of cell proliferation. There was an increase
between 7 and 14 days in all cases, Figure 4-8. A comparison of the DNA quantity in
different scaffold architectures showed significances at 7 days F(5, 11)=18, p<0.001,
specifically: SR/SC (p=0.017) and LR/LC (p=0.024) and at 14 days F(5, 10)=12,
p=0.001, specifically: SA/SC (p=0.002). Significant differences in DNA quantity due to
fibre diameter were found in random (p<0.001), and cryogenic fibres (p=0.014), at 7
days, while no significant differences were found after 14 days. The results are similar to
the results produced using CellTitre blue assay with a greater number of cell present on
scaffolds with a large fibre diameter (Figure 4-7 and Figure 4-8).
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Figure 4-8: PicoGreen assay at 7 and 14 days showing the DNA quantity per scaffolds. Data is presented as
mean ± 95 % confidence interval, statistics performed with a one-way ANOVA using a post hoc Games-Howel
test due to unequal variances, N=5, * P<0.05, ** P<0.01 AND *** P<0.001.

4.2.2.6 Cell Imaging
Images taken using CARS and TPEF compounded results gained by DNA quantification
and CellTitre blue, cells seeded to random scaffolds are seen to be high in numbers and
spread between fibres, Figure 4-9 (a, b). Scaffolds with aligned fibres have a high
number of cells and the cells appear to be in a highly linear orientation particularly on
the large fibres, due to a greater uniformity of fibre direction, Figure 4-9 (c); the smaller
fibre scaffolds did not, to the same extent, result in the linear organisation of cells along
the fibre, Figure 4-9 (d). The porosity of the cryogenic scaffolds can be seen in Figure 4-9
(e, f), cells have aligned along fibres due to the distance between adjacent fibres. Cells
could be seen throughout a 200 µm z-stack image of the cryogenic scaffold (data not
shown), using the CARS and TPEF microscope, greater than the thickness of both the
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random and aligned scaffolds, scattering and signal loss prevented imaging any deeper
into the samples.

Random

B

Aligned

C

Cryogenic

D Random

E

Aligned

F

Cryogenic

A

Random
DAPI

Aligned
Phalloidin

Cryogenic
-1

CARS (Ex 2905 cm )

Figure 4-9: Two-photon excitation fluorescence (TPEF) and coherent anti-stokes Raman scattering (CARS)
images of RC-124 cells on scaffolds at 7 days (A) LR, (B) LA, (C) LC, (D) SR, (E) SA and (F) SC. Green
highlights the actin filaments, blue shows the cell nucleus and white is the PCL scaffold; clearly showing the
impact of the scaffold architecture on cells growth. The 100 µm scale bar applies to all pictures.

4.2.2.7 Gene Analysis
The RT-qPCR performed used the ΔΔCt method showing gene expression relative of cell
GAPDH to cells grown on tissue culture plastic. A one-way ANOVA was performed for
each gene with post hoc Dunnett’s test for comparison against tissue culture plastic
using the ΔCt. This showed a significant difference in relative expression of ANPEP
F(12,51)=2.80, p=0.005, specifically LC at 7 and 14 days (p=0.039 and p=0.02
respectively) and LA at 14 days (p<0.001). E-Cadherin was also found to have different
expression between groups F(12,50)=3.32, p<0.001, specifically LA at 14 days
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(p=0.016). There was also differences in expression of KIM-1 F(12,51)=4.91, p<0.001,
but with only SC at day 14 showing a significant decrease compared to tissue culture
plastic (p<0.001). Finally, cytokeratin-18 which did not show any differences in gene
expression between groups F(12,51)=1.02, p=0.448, Figure 4-10.

Figure 4-10: RT-qPCR data presented using the 2 - ΔΔCt method showing the expression relative to GAPDH
of 4 genes: (A) ANPEP, (B) E-CAD, (C) KIM-1 and (D) KRT-18 to GAPDH, compared to cells grown on tissue
culture plastic. Error bars show ± 95% confidence intervals and are a magnitude of the errors of both
GAPDH and the gene of interest, taking into account the errors of the tissue culture plastic comparison.
Statistics performed using an ANOVA with post-hoc Dunnett's analysis, N>4, * p<0.05.
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4.2.3 Discussion
Current research in kidney tissue engineering predominantly focuses on 2D cell culture
(Xia et al., 2013; Takasato et al., 2015, 2014; Taguchi et al., 2014) and decellularised
tissue (Peloso et al., 2016; Song et al., 2013). Decellularised tissue is favourable due to
its physical and chemical characteristics that support cells and control cell physiology
(Peloso et al., 2016); however, cells produce their own ECM and synthetic scaffolds can
provide a foundation to build upon (O’Brien, 2011). These synthetic scaffolds are scaled
more easily, can be highly controlled and modified, as well as offering better safety and
repeatability (Dhandayuthapani et al., 2011; Saha et al., 2007).
There is huge scope for the development of polymer scaffolds for tissue engineering of
complex organs such as the kidney (Wilm et al., 2016). The use of synthetic matrices
has been highlighted for use in organoid culture previously, specifically hydrogels
(Schutgens et al., 2016), however, electrospun polymer scaffolds have also been used
with renal cells (Slater et al., 2011; Kim et al., 2003). These experiments using
electrospun scaffolds did not consider the mechanical or physical properties of the
scaffolds and the effect this has on the cells. It is well documented that changes in fibre
diameter and orientation induce a response of the cells in many tissue types (Yan et al.,
2012; Balguid et al., 2009; Wang et al., 2012), but the effect on renal cells has been
overlooked until now. As an example, keratocytes have been shown to have increase
proliferative capacity on aligned fibre scaffolds, but with a with a lower expression of
vimetin when compared with random fibre scaffolds (Yan et al., 2012). Additionally, a
study on neuronal differentiation found on 400 nm aligned fibres cell viability and
neuronal cell differentiation were greater than on 800 nm aligned fibres (Wang et al.,
2012). The diameter of the fibre determines the pore size of the scaffold, and this
determines how well cells will penetrate into a scaffold (Balguid et al., 2009; Baker et
al., 2008; Ju et al., 2010). Techniques such as cryogenic electrospinning have been
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shown to create structures with a much greater porosity, enabling cell infiltration
throughout the scaffold (Leong et al., 2013; Bulysheva et al., 2013; Leong et al., 2009);
this can be altered by modifying the humidity of the spinning environment, changing the
rate of ice crystal formation on the cooled mandrel (Leong et al., 2013). The rate of fibre
deposition and ice crystal formation as well as the spacing between ice crystals is said
to determine the pore size of the resultant scaffold, as ice crystals provide a surface for
the fibres to accumulate into nodal aggregates (Leong et al., 2013). It is essential in the
culture of a complex 3D system for a distribution of cells throughout the scaffold;
increasing the porosity within electrospun scaffolds by cryogenic electrospinning allows
for this greater cell distribution.
The results from the mechanical testing show the breadth of physical properties that can
be obtained by electrospinning, Table 4-6. The difference seen in Young’s modulus due
to fibre diameter is similar to that seen in previously published work (Wong et al., 2008;
Simonet et al., 2007). In the experiments, LA scaffolds have a Young’s modulus around
90-fold larger than large cryogenic scaffolds, small fibres in the same case presented
with a 160-fold change, Table 4-6. Interestingly, LA fibres give a larger Young’s modulus
in the first 4% strain before a decline of around 3 MPa for every 2% strain compared to
SA counterparts; initial lower values at 0-2% strain could be partly explained by the fact
that SA fibres appear to be less uniform than LA. This mechanical strength does come at
the cost of porosity. Cryogenic scaffolds have a much greater porosity, 96.8 - 98.4 %
porosity in cryogenic scaffolds compared to 82.5 - 92.6 % porosity in random and
aligned scaffolds, and a Young’s modulus with much less variance between 0 - 10%
strain when compared to random and aligned scaffolds. To get the optimal combination
of porosity and mechanical strength hybrid scaffolds can be created to form a construct
with the most desirable properties. These hybrid scaffolds can utilise different fibre
diameters and architectures to alter the overall properties; McCullen et al. (2012) used
aligned fibres with a diameter of 1.1 µm and tensile modulus of 35 MPa and random
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fibres with diameters of 0.9 µm and 4.6 µm and tensile modulus of 12.4 MPa and 7
MPa, respectively, to create a hybrid scaffold, the tri-laminar hybrid scaffold had an
overall tensile modulus of 25 MPa. Applying this technique to cryogen fibres could be
one method to increase the mechanical strength of the scaffolds without compromising
on porosity.
As plasma treatment can etch the surface of a polymer, a decrease in UTS has been
seen previously when plasma exposure is prolonged (Yan et al., 2013). An important
finding from the study showed that plasma treatment increases the hydrophilicity of the
scaffolds, which correlates with previous studies showing an altered surface chemistry
whilst retaining the same mechanical properties, Table 4-7 and Table 4-8 (Martins et al.,
2009; Yan et al., 2013; Suntornnond et al., 2016; Ghobeira et al., 2017; Valence et al.,
2013). The increase in surface oxygen is a direct result of surface oxidation due to O2
plasma treatment (Martins et al., 2009; Jordá-Vilaplana et al., 2014). This results in a
dramatic increase in the hydrophilicity, as demonstrated through water contact angle
tests, Table 4-8 and Figure 4-6. It is the fact that this polymer modification is restricted
to the surface of the scaffold that ensures that mechanical properties are maintained.
This has been seen elsewhere since increased surface roughness has been reported at
a nanometre scale in other works, which did not affect the bulk material (Jordá-Vilaplana
et al., 2014; Jeon et al., 2014). Surface roughness is also known to increase the water
contact angle of materials (Yuan and Lee, 2013), with the high surface roughness of
cryogenic scaffolds resulting in a delayed absorption of water. However, the increase in
oxygen groups present on the surface of the scaffolds overcomes the increased surface
roughness at the nanometre range in plasma treated scaffolds, with a hydrophilic result.
The addition of oxygen-containing molecules to the surface of the scaffold increases its
surface energy; this creates a surface which attracts water rather than repelling it (Yan
et al., 2013).
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An interesting observation noted in this study was how these different scaffold
architectures affect the viability and attachment of kidney cells. As stated in previous
studies on neural, and vascular cells (Daud et al., 2012; Wang et al., 2012;
Christopherson et al., 2009), fibre diameter does affect the viability of cells. Similarly to
the results presented here, Christopherson et al. (2009) and Daud et al. (2012) found
that when fibre diameter is around 1-1.5 µm cells have a lower proliferative capacity.
Although, in the Christopherson et al. study is a comparison between 1.5 µm fibres,
750nm, and 280 nm fibres, this study, like that of Daud et al., demonstrated a
comparable result with respect to larger fibres, which may be down to points of
attachment. Where there are nanofibres cells have several points of attachment and
can spread themselves between fibres, as fibre diameters increase so does pore size. At
a larger fibre diameter cells can wrap around individual fibres for attachment, there may
be a critical point at around 1 µm where cells cannot determine whether to spread
between fibres or attach along individual ones; this response will obviously vary
depending on the size of the cell itself. These results showed that in this study kidney
epithelial cells had a preference for larger fibre diameter. Further investigation would be
necessary to determine whether a nanofibre would be preferential in terms of cell
attachment, gene expression, although this would give rise to a decrease in cell
infiltration which would be undesirable for 3D cell culture.
Despite a lower number of viable cells on LC compared to LR and LA scaffolds the
difference was not found to be statistically significant, Figure 4-7. This was not the case
with small scaffolds, where both SR and SA scaffolds had a significantly higher cell
viability. The DNA data follows similar trends to the cell viability data with increasing
DNA content from 7 to 14 days, but it does highlight that cells may be dying between 7
and 14 days as DNA quantity has a greater relative increase than cell viability; this is
particularly the case for the SC scaffold as cell viability decreased slightly yet DNA
quantity increased. The lower number of viable cells on cryogenic scaffold may be
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attributed to poor seeding efficiency, this is corroborated with the DNA quantification
results where the DNA quantity, particularly in LC at 7 days is significantly higher
compared to other scaffold types suggesting cells that fail to attach become entrapped
within the scaffolds pores, Figure 4-8. It should also be noted that the RC-124 cell line
used was monolayer adherent which could affect the proliferative capacity, especially
with regards to the cryogenic scaffold as they will not pile.
Another important finding of this study is the distinct morphological differences of cells
grown on the different architectures, with similar findings reported in the literature (Yan
et al., 2012; Huang et al., 2016; Mahjour et al., 2016). Our random scaffolds show cells
in a more rounded morphology, spread between numerous fibres. Alignment of cells is
clearly seen in large fibres with cells spread along fibres; this is not as clearly seen in
smaller fibres which could be partly due to fibres being less uniformly aligned. Cell
organisation on cryogenic scaffolds acted similarly to aligned scaffolds in that cells
attached themselves along individual fibres, Figure 4-9. These results are analogous to
those presented by Huang et al. (2016) who showed an increased interaction of cells
with PVA-gelatin scaffolds compared to PVA alone where spreading of cells suggests
good adhesion between ECM proteins and scaffold. This cell spreading on plasma
treated electrospun PCL scaffolds is beneficial to groups studying the effect of external
mechanical stimulus on cells, especially in the case of aligned scaffolds.
As previously mentioned, fibre diameter dictates pore size and thus cell penetration into
the scaffold. We were able to visualise cell penetration through a 200 µm z-stack in LC
scaffolds, a depth that is thicker than both LR and LA scaffolds. Balguid et al. (2009)
have shown that the larger the fibre diameter the more even the distribution of cells
throughout the scaffold. To this, we can add that if porosity is increased by other means,
such as cryogenic electrospinning, then cells can be better distributed. This is
fundamental to 3D organoid culture; if researchers are to engineer complex organs cells
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need to be distributed throughout a scaffold. The issue of cell distribution has been
raised with the use of decellularised tissue; getting cells to the correct site and the sheer
number of cells needed is problematic (Remuzzi et al., 2017; Song et al., 2013).
Polymer scaffolds could be used as a conveyor for kidney cells, providing the mechanical
stability and favourable environment whilst allowing cells to use their innate
reorganisation potential to create kidney precursors (Davies, 2015; Davies and Chang,
2014; Ganeva et al., 2011; Takasato et al., 2014).
Notably the gene profile findings from this study align with previous reports, fibre
diameter has shown to affect the gene expression of cells (Hodgkinson et al., 2014;
Wang et al., 2014b; Bean and Tuan, 2015). Although, cryogenic scaffolds have
previously been used to reflect features of in vivo tumour tissue; these features included
similar tumour cell proliferation rates, a guiding of cells towards terminal differentiation,
as well as similar cell viability, cell infiltration and drug resistance (Bulysheva et al.,
2013). We found that SC fibres at 14 days had a significant reduction in KIM-1
expression compared to tissue culture plastic, possibly indicating healthier cells, Figure
4-10D (Waanders et al., 2010). There were no significant increases in KIM-1 in any fibre
diameter, and no significant differences in expression of KRT-18 showing normal gene
expression for cells, Figure 4-10C. There was no significant decrease of E-Cad
expression showing normal function of cells, a significant decrease in E-Cad expression
has been attributed to be an indication of kidney tumour cells, Figure 4-10B (Straube et
al., 2011). ANPEP is a key marker for proximal tubular epithelial cells and an
upregulation was seen in SA at 14 days. Interestingly, ANPEP expression was increased
in LC scaffolds at 7 and 14 days, Figure 4-10A. This may be of some concern as ANPEP
is associated with human solid tumours (Fontijn et al., 2006); however, it should be
noted that the 95% confidence intervals of fold expression, in all cases, is in the range
of tissue culture plastic. Overall, this study has shown that electrospun fibres did not
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induce any inauspicious gene expression in cells, which would be problematic for any
tissue engineering scaffold.
Our focus on singular morphologies is an initial starting point in the investigation of
scaffolds for kidney tissue engineering. However, these architectures could be combined
in a hybrid scaffold to compound the benefits of different architectures, such as utilising
the mechanical properties of aligned scaffolds with the increased porosity or larger
random or cryogenic fibres (Pu et al., 2015). The growth and maintenance of RC-124
cells shows that electrospun scaffolds can support kidney cell life, but cell viability on
random and aligned scaffolds can only be approximately compared to cryogenic
scaffolds due to the monolayer adherent nature of the cells on the latter two. These
findings highlight the potential of electrospun scaffolds and justify the need to
investigate the response of primary cells grown on differing morphologies.

4.2.4 Conclusion
This work shows the ability of electrospun scaffolds to host kidney cell life. We found
that larger 4.45-5.37 µm fibre scaffolds were better for supporting kidney cells
compared with scaffolds of around 1µm, these larger fibres also allow for greater cell
integration due to a greater porosity. Techniques such as cryogenic electrospinning can
increase porosity further, allowing for better cell integration. Random electrospun
scaffolds were not seen to induce and significant changes in gene expression of KIM-1,
E-CAD, KRT-8 or ANPEP. Overall, this work gives justification to explore the use of
electrospun scaffolds within kidney tissue engineering to support primary cell life.
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4.3 THE RESPONSE OF RAT PRIMARY KIDNEY CELLS
TO ELECTROSPUN SCAFFOLDS
Having shown the ability of electrospun scaffolds to support a kidney epithelial cell line,
the next hurdle is to prove the ability of these scaffolds to support a multipopulation of
cells from different lineages. It is well documented that a 3D structure affects the
response of many different cell types (Edmondson et al., 2014; Antoni et al., 2015;
Soares et al., 2012; Bell et al., 2016), as previously described, and could quite possibly
be a crucial element of kidney tissue engineering.
Here, for the first time to the authors knowledge, we study the growth of a
multipopulation of rat primary kidney cells on polylactic acid scaffolds of differing
morphologies. There has been distinct lack of research into polymer scaffold for primary
kidney cells, shown here is their potential as a microenvironment that can maintain
multiple cell phenotypic characteristics.

4.3.1 Methods
For a comprehensive review of the materials and methods used in the following section
see Chapter 3, methods used in this section are as follows:


Electrospinning (3.1.1)



Scaffold Sterilisation (3.1.2)



Mechanical Testing (3.2.1)



Scanning Electron Microscopy (3.2.2)



Porosity (3.2.3)



Rat Primary Kidney Isolation (3.4.1)



Static Culture (3.4.2)
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Cell Viability (3.4.4)



DNA Quantification (3.4.5)



Cell Imaging (3.4.6)



Statistical Analysis (3.5)

Details specific to experiments presented in this section will be discussed below;
otherwise these experiments were identical to those described in Chapter 3.

4.3.1.1 Scaffold Fabrication
Electrospinning
All scaffolds in this section (4.3 The Response of Rat Primary Kidney Cells to Electrospun
Scaffolds) were fabricated from PLA, scaffolds fabricated from PCL and seeded with
primary cells can be seen in the appendices.
Small, medium and large fibres were spun, as well as large cryogenic fibres. All fibres
were spun at 250 rpm on to a mandrel covered in aluminium foil with 16 ml of solution
used for each scaffold. Electrospun sheets were dried in a fume hood for 24 hours to
remove residual solvent and cut into 10 mm disks ready for cell seeding.

4.3.1.2 Scaffold Analysis
Mechanical Testing
Samples were strained at 50 % strain per minute with ultimate tensile strength and
incremental Young’s modulus (between 0 and 5% strain in 1% intervals) calculated from
an N ≥ 5 independent replicates, as previously described (Callanan et al., 2014a).
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4.3.1.3 Statistical Analysis
Data was tested using Levene’s test for equal variance before statistical analysis was
performed in order to select appropriate tests. Electrospun fibre diameters were
analysed using a one-way ANOVA with post hoc Games-Howel test. CellTitre blue and
mechanical data was analysed using a one-way ANOVA with post hoc Tukey pairwise
comparison; as data had a slight positive skew it was transformed by natural log giving a
more normal distribution. Data on electrospun fibres is presented as mean ± standard
deviation, all graphs are presented as mean ± 95% confidence interval, circles on
graphs denote individual data points.

4.3.2 Results
4.3.2.1 Electrospun Scaffolds
Non-woven fibres were created by electrospinning, it is clear that the variation in
spinning parameters produced scaffolds of significantly different fibre diameters,
F(3,87)=2274, p<0.001 (Figure 4-11). Discrepancies were found between cryogenic and
large fibre diameters, despite spinning using the same parameters, which is a result of
natural variation between spinning sessions and colder spinning environment. The
temperature recorded by the electrospinning equipment was between 21.6 and 24.2°C
but a temperature gradient existed around the dry-ice cooled mandrel, this was not
measured. This temperature is similar to other experiments using cryogenic
electrospinning showing temperature varied from 20-23 °C (Leong et al., 2009).
Cryogenic electrospinning produced a scaffold 5 times thicker than spinning with
traditional methods, this rise in thickness dramatically increases the porosity from
82.5% for large fibres spun using the same parameters to 97 %, but it does come at the
cost of mechanical strength, Table 4-9.
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The Young’s modulus at 0-5 % strain was analysed by one-way ANOVA, this analysis
showed a significant difference between scaffolds F(3,21)=103.32, p<0.001, Table 4-9.

Post hoc analysis using the Tukey test showed that all scaffolds at 0-5 % strain, except
medium compared to large fibres, were significantly different to each other, p<0.001. A
similar trend follows with analysis of ultimate tensile strength, F(3,21)=133.31,

p<0.001. Post hoc analysis shows all scaffold are significantly different from each other
except large and medium scaffolds, p<0.05. Notably, randomly spun scaffolds reach a
peak Young’s modulus at 2-3 % strain whereas cryogenic spinning increases the
percentage strain at which Young’s modulus is highest to 3-4 % strain.
Table 4-9: Mechanical and physical properties of PLA scaffolds, N ≥ 5.

Average

Strain

Small
0.88±0.16

Medium
2.46±0.43

Cryogenic
3.71±0.36

Large
3.30±0.17

193±5.16

270±8.63

1375±160

218±13.0

0-1%
1-2%
2-3%
3-4%
4-5%

86.9%
2.84±1.41
6.53±0.85
5.34±0.91
4.76±0.54
2.84±0.67

82.8%
5.78±1.51
6.40±1.49
9.13±1.12
7.48±0.94
4.22±0.62

97.3%
0.57±0.15
0.72±0.16
1.13±0.30
1.31±0.21
0.81±0.14

82.5%
7.15±1.97
6.61±0.81
8.69±1.48
6.87±1.62
3.59±1.13

0-5%

5.05±0.52

7.31±0.84

1.01±0.20

7.14±1.04

3.25±0.21

4.25±0.31

0.87±0.17

4.02±0.56

Fibre diameter, µm
Scaffold thickness,
µm
Porosity

Young’s Modulus
at % Strain, MPa

Ultimate Tensile
Strength, MPa
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Figure 4-11: Scaffold fibre architecture was determined by spinning parameters; cryogenic fibres (A) were
spun onto a mandrel filled with dry ice, using ice crystal formation as a template for fibre deposition and
random fibres (B) onto a slowly rotating mandrel. SEM images below demonstrate the difference in fibre
diameter of the scaffolds, which were spun using the same solvent and polymer but different
electrospinning parameters and percentage weight solutions.

4.3.2.2 Cell Viability and DNA Quantification
CellTitre Blue®, which was used to determine cell viability, showed that cells did have a
preference for a larger fibre diameter however these differences were not significant,
the same applied to the number of viable cells from 3 to 7 days, F(7,24)=2.05, p=0.090.
However, when compared to cells grown on tissue culture plastic, there were
significantly more cells present within the 12 well plate control F(9,30)=18.23, p<0.001,
with post hoc analysis showing significantly more cells on tissue culture plastic than all
scaffolds, Figure 4-12.
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Figure 4-12: Cell number estimated from a standard curve, analysed using a CellTitre blue® fluorescence
assay. This demonstrates the ability of all scaffold architectures to support primary kidney cell life. No
significant differences found in analysis using a one-way ANOVA F(7,24)=2.05, p=0.090. Data presented as
mean ± 95 % confidence intervals, circles show individual data points, N = 4 independent replicates.

Analysis of DNA quantification, determined by PicoGreen assay, using a one-way ANOVA
showed a significant difference between groups, F(7,23)=4.79, p=0.002. A post-hoc
Tukey test highlighted that cryogenic scaffolds at day 3 were significantly different from
all groups except cryogenic at day 7 and medium at day 3, no other significant
differences were seen. DNA quantification validates the fact that the number of cells
does not increase from 3 to 7 days, Figure 4-13.
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Figure 4-13: DNA quantity per scaffold at 3 and 7 days, assessed by PicoGreen assay. This confirms the
ability of all scaffold architectures to support primary kidney cell life. Analysis using a one-way ANOVA
showed significant differences F(7,23)=4.79, p=0.002, post hoc Tukey analysis shows the main difference
was with respect to cryogenic scaffolds. Data presented as mean ± 95 % confidence intervals, circles
denote individual data points, N = 4 independent replicates.

4.3.2.3 Immunohistochemistry
Immunohistochemistry (IHC) showed the presence of key signatures of several cell
types: aquaporin 1 and 2 showed the presence of tubular cells, synaptopodin
highlighted glomerular epithelial cells and von Willebrand factor indicated glomerular
endothelial cells. In figure 4, these key markers are seen on all scaffold types,
demonstrating the presence of a multi-population of cells. The sectioned scaffolds show
that cells were seen throughout the cryogenic scaffold, but less cell penetration
was present on all other fibres types. No-cell controls can be seen in the
appendices Figure 8-1, with no primary controls seen in Figure 8-2.
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Figure 4-14: Fluorescence images showing DAPI and IHC, used to show the presence of key functional
marker of several cell types: aquaporin-2 (A), aquaporin-1 (B) indicate the presence of tubular cells,
von Willebrand factor indicates glomerular endothelial cells (C) and synaptopodin indicated the
glomerular epithelia (D), scale bar is 100 µm.
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4.3.3 Discussion
As discussed in the previous section, the emphasis so far in kidney tissue engineering
has been on 2D cell culture, which has shown considerable progression in recent years
(Takasato et al., 2014; Morizane et al., 2015; Takasato et al., 2015). However, cells
within the kidney do not exist within the two-dimensional plane of cell culture plastic,
with greater amounts of research underlining the importance of a 3D structure
(Edmondson et al., 2014; Shamir and Ewald, 2014). Cells produce their own ECM and a
synthetic scaffolds can provide an excellent foundation to build upon (O’Brien, 2011;
Grant et al., 2017).
The electrospun fibres demonstrate good control over dimensional properties having a
standard deviation in fibre diameter and Young’s modulus (for 0-5 % strain) of less than
20 % in all cases, Table 4-9; above 5 % strain scaffolds undergo plastic deformation. The
increase in porosity of 97.3 % gained from cryogenic electrospinning, demonstrated in
the dramatic increase in thickness of the scaffold spun under the same conditions as
large fibres, comes at the cost of mechanical strength; fibres had an UTS 5 times lower
despite spinning under the same parameters, this follows a similar trend to previous
works (Leong et al., 2009; Simonet et al., 2007). The porosity of cryogenic scaffolds can
be altered by controlling the humidity of the spinning environment. Leong et al. (2013)
have previously shown that pore size can increase from 2.2 mm2 at 25 % relative
humidity to 4.3 mm2 at 40 % relative humidity; however, at 50% humidity pore size
began to reduce to 3.3 mm2, and at 75 % relative humidity pore size was similar to the
values obtained at 25% relative humidity. With greater control within an electrospinning
system, the porosity or cryogenic scaffolds can be optimised, although humidity has also
been seen to affect fibre diameter. De Vrieze at al. (2009) have noted that
poly(vinylpyrrolidone) nanofibre diameter decreases with higher humidity, as humidity
effects the rate of solvent evaporation. Interestingly they found that increasing humidity
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had the opposite effect on cellulose acetate (CA) nanofibres, as fibre diameter increased
with higher humidity; this is as a result of faster precipitation of CA fibres due to the
solvent used in electrospinning. It is possible that the variation seen in scaffold
thickness may be influenced by a decrease in humidity due to the low temperature (De
Vrieze et al., 2009), the low temperature of the mandrel may also reduce the ambient
temperature increasing the viscosity of the polymer solution (Casasola et al., 2014). To
gain a greater understanding of the effect of temperature on electrospinning further
investigation should look at the effects of small changes in temperature of the solvent
solution on the resultant fibre diameter. Interestingly, Young’s modulus peaks in small,
medium and large fibre scaffolds at 2-3 % strain but at 3-4 % for cryogenically spun
fibres this is due the nature of the scaffold and looser packing in cryogenic fibres
allowing for more strain in the scaffold before all fibres are in tension, this can be seen
in the SEM images, Figure 4-11.
There is great scope for the use of polymer scaffolds within kidney tissue engineering.
This work follows on from the limited published research into the use of kidney cells with
electrospun scaffolds (Kim et al., 2003; Slater et al., 2011). It has previously been
shown that electrospun PCL can be used to grow a kidney cell line, and other works have
highlighted the effects of morphological differences in scaffolds (Burton et al., 2018a).
Here we have gone further, using RPK cells to demonstrate the survival of key cell types
of this multi-cell population, Figure 4-12 and Figure 4-13. Our results regarding fibre
diameter and its influence on cell behaviour are not conclusive, but fibre diameter and
pore size has been shown to have major implication in previous studies (Sultana and
Wang, 2012b; Daud et al., 2012; Hodgkinson et al., 2014; Burton et al., 2018a); the
effect of fibre diameter has been discussed previously in section 4.2.3.
There is some disparity between our data for CellTitre blue and DNA quantification, this
is possibly as a result of the much greater porosity gained from cryogenic
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electrospinning where unattached cells become trapped within the scaffold, as cell have
been shown to penetrate a greater depth of the scaffolds in cryogenic spinning (Leong et
al., 2009). It does however indicate that viable cells, shown through CellTitre blue, and
are surviving over time as DNA content remained constant. In the previous section 4.2, it
was found that epithelial kidney cells preferred a large fibre diameter of around 4.5 - 5.5
µm to a small fibre diameter of 0.95 - 1.3 µm. However, in this study although all key cell
types survived on PLA scaffolds they showed no preference for any particular fibre
diameter.
An important factor to consider here is scaffold chemistry, we have demonstrated that
PLA facilitates primary cell survival but it is not optimised for kidney cells. PLA is not
bioactive, and it can be further modified by combining with natural materials to improve
cell response (Wang et al., 2015). Survival on PLA scaffolds, and polymer scaffolds more
broadly, could be vastly improved with optimisation through such techniques as
microarray (Khan et al., 2010; Duffy et al., 2014; Hook et al., 2012). The microarray
technique described by Duffy et al. 2014 (2014) is a high-throughput screen of many
polymer materials used to determine the best materials for cell adhesion and
proliferation of a certain cell type. They used this technique to screen 171 polymer
materials to determine the best material for long-term mesenchymal stem cell culture.
They discovered 2 materials which acted similarly to gelatine and efficiently maintained
growth and phenotype of cells over multiple passages.
In the course of this PhD, it was also found that rat primary kidney cells survive on PCL
scaffolds; however, the full study was not completed due to issues that arose when
imaging (Appendices: The Effect of PCL Scaffold Architecture on Rat Primary Kidney
Cells). The data obtained does, however, show a similar pattern to the data gained in
Chapter 4.2, with a greater number of cells present on larger fibre scaffolds with cell
viability increasing from 5 to 10 days in all groups. Data obtained from DNA
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quantification followed the same trend. Whilst this study was not completed it highlights
how material properties can influence cellular response to scaffolds, and that the
optimisation of scaffolds should be a multifaceted approach including both the geometry
and material properties.
Other popular optimisation techniques include integrating ECM components with
polymer scaffolds to produce a hybrid deriving benefits from both, this method has
shown to improve the mechanical properties of the scaffold whilst increasing cell
interaction (Lih et al., 2016). Further novel techniques have used a sacrificial cell layer
to produce an ECM layer on top of the polymer scaffold before decellularisation,
maintaining the initial mechanical characteristics (Grant et al., 2017). Some of these
methods may bring about a greater interaction between cells and scaffold in terms of
cell adhesion and organisation and could provide more conclusive evidence on the type
of architecture that is most favourable to kidney cells.
Fluorescence IHC images (Figure 4-14) show the presence of key markers of essential
kidney cells with staining showing similarities to other works using the same extraction
protocol (Joraku et al., 2009). The markers which identified key cells were: Aquaporin-1,
Aquaporin 2, Synaptopodin and von Willebrand factor; these highlight the cells which
make up the proximal tubules, collecting duct, glomerular epithelia and glomerular
endothelia, (3. Methods, 3.4.6 Cell Imaging, Figure 3-2). The proximal tubules lead from
the loop of Henle and are responsible for the reuptake of filtrate, they consist of
epithelial cells with microvilli to increase surface area (Jang et al., 2013). The collecting
duct is the last stage of filtration where the filtrate is reabsorbed and collected. The
glomerular epithelia are more commonly referred to as podocytes and form part of the
glomerulus, playing a key role in blood filtration through slits which block the passage of
larger molecules (Ni et al., 2012). The glomerular endothelium are another key
component of the glomerular characterised by fenestrations which are essential for
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filtration (Satchell, 2013). In order for any kidney tissue engineering scaffold intended to
host a multi-cell population to be considered successful it is essential to show the
survival of these key components; as can clearly be seen on our scaffolds, where cells
were displaying initial integration with the 3D structure. The cells on the sectioned
scaffolds did not fully integrate through the full depth in traditionally spun scaffolds, this
is a common problem with electrospun fibres, reported in other works (McCullen et al.,
2012; Accardi et al., 2013). The pore size of the scaffold is the predominant factor
which limits cell infiltration, naturally, the larger the electrospun fibre the larger the pore
size; methods such as co-spinning of micro and nanofibres has been used to increase
this pore space (Pham et al., 2006b; Soliman et al., 2010), as well as using a sacrificial
dissolvable polymer in a similar co-spinning manner (Phipps et al., 2012). Here we
demonstrate the use of cryogenic spinning (Leong et al., 2013; Simonet et al., 2007); by
utilising ice crystals as a template the pore size is dramatically increased. Although our
results on the most favourable morphology were inconclusive, we have that of
electrospun PLA is capable of maintaining a multi-population of rat primary kidney cells.
We did not see organisation of cells into kidney like structures and more research is
needed over a longer time frame to assess for elements of self-organisation. The ability
of embryonic and induced pluripotent stem cells to self-organise is well documented
(Little, 2016; Davies and Chang, 2014), and these cells of greater physiological and
clinical relevance are an area that should be investigated to determine whether polymer
scaffolds are a suitable strategy in kidney tissue engineering. Our view is that polymer
scaffolds have the ability to act as a conveyor for kidney cells, allowing kidney cells to
self-organise before implantation where a full organ can mature. We feel this is a
reasonable alternative to the implantation of decellularised organs, and has previously
been highlighted as a potential avenue (Kim et al., 2015). However, significantly more
research is needed before this strategy can be validated as a credible avenue for kidney
tissue engineering.
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4.3.4 Conclusion
I have demonstrated here the variation of architectures that can be created from a
single polymer and solvent solution by electrospinning. PLA is just one polymer in many
that could be used in kidney tissue engineering. Electrospun polymer scaffolds have the
ability to create a range of different architectures and should be considered for further
investigation in kidney tissue engineering due to their: ability to host a multi-population
of cells, biocompatibility, reproducibility, good mechanical properties and 3D structure.
This is a non-woven path within kidney tissue engineering and one that should be
explored further.
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SIGNALS
The signals delivered to the cells are the next key component in any tissue engineering
strategy, the focus here is on the use of a bioreactor system providing an external
stimulus by fluidic shear stress. The pursuit of a bioartificial kidney has so far dominated
discussion for bioreactor development within kidney tissue engineering. The goal of this
is to expand on the current capability of dialysis systems and utilise cells to provide
additional homeostatic, regulatory (Bello-Reuss and Reuss, 1983), metabolic (Humes et
al., 2002) and endocrine (DeLuca, 1975) functions of the kidney. The ultimate goal is for
an implantable system either as a tissue engineered kidney or as a bioartificial kidney;
the bioreactor used is a critical component in this endeavour (Pino and Humes, 2017).
The device presented within this thesis looks to expand upon this, aiming to be a
conditioning tool for kidney tissue engineered scaffolds or a disease model within kidney
tissue engineering attempting to replicate in vivo conditions within an in vitro setting.
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5.1 REVIEW OF BIOREACTOR SYSTEMS
Signals within a system can come in many forms, from the media and growth factors the
cells are grown in (Kaminski et al., 2017), the mechanical properties of the scaffold
(Discher et al., 2005), to an external mechanical stimulus such as: mechanical
stimulation (Barron et al., 2010), hydrostatic pressure (Martin et al., 2002), shear stress
(Giusti et al., 2014), or a combination (Spitters et al., 2013). Bioreactors are used as an
attempt to replicate an in vivo environment and deliver favourable conditions to cells.
Bioreactors can vary in size from microfluidic platforms (Homan et al., 2016; Zhu et al.,
2016) with fluid volumes in the microlitre range, for use within drug development and
screening, to small scale systems for tissue culture with fluid volumes in the millilitre
range (He et al., 2016a) and large scale systems for industry with fluid volumes in the
litre or gallon range (Kumar and Starly, 2015; Panchalingam et al., 2015).
Bioreactor development within kidney tissue engineering is lacking (Peloso et al., 2016)
with perfusion through decellularised kidney tissue (Song et al., 2013) and bioartificial
kidney devices (Roy et al., 2009) as the predominantly investigated areas in this field;
there is also the development of microfluidic systems for disease modelling and drug
development (Kim et al., 2016b). The focus of this review is specific to external
simulation by fluid flow shear stress, the systems that have been developed and their
overall effects on cells.
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5.1.1 Fluid Dynamics in Bioreactor Systems
The predictability of flow within micro and millifluidic systems arises from the laminar
flow regime of the fluid, this is characterised by Reynolds number (as described in
Chapter 3), defined as:
Equation 5-1: Reynolds number, where ρ is density of the fluid (kg/m3), ν is viscosity (m2/s), μ is the dynamic
viscosity (kgm-1s-1), A is the cross-sectional area (m2), P is the wetted perimeter (m) and L is the travelled
length (m).

𝑅𝑒 =

𝜌𝑣𝐿
𝜇

Where

𝐿=

4𝐴
𝑃

Reynolds number is unitless and usually far less than 100 in micro- and milli-fluidics.
This results in a well characterised laminar flow without any signs of turbulence,
transition to turbulent flow occurs at a Reynolds number of around 2000, this means
that flow from two channels can remain separate without turbulent mixing (Kenis et al.,
1999; Yager et al., 2006). Reynolds number of 100 or below describes stokes flow
where viscous forces dominate which gives microfluidic devices their great predictability
when subject to fluid flow (Yager 2001).
This work focuses on the forces exerted as shear stress (Figure

τ

5-1), the latter is defined as ‘a force per unit area acting parallel

to an infinitesimal surface element’. Fluid flow shear stress can
be calculated by utilising the Navier-Stokes equations, whilst
assuming a Newtonian incompressible fluid with laminar flow

Figure 5-1: A diagram of
shear stress.

and no slip boundary conditions. The PDE for a parallel plate
can be simplified to:
Equation 5-2: Shear stress in a parallel plate. Symbols: dynamic viscosity (µ ), width of chamber (W ), height
of chamber (H ), and flow rate (Q ) (Avari et al., 2018).
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5.1.2 The Effect of Mechanical Stimulation on Cells
There are many real world examples of the effects of mechanical stimulation on the cells
within the human body, be that the increased bone mineral density in tennis players
(Ireland et al., 2015) and weightlifters (Layne and Nelson, 1999) or the decrease seen in
swimmers (Gomez-Bruton et al., 2016) and cyclists (Abrahin et al., 2016). Theoretical
calculations for proximal tubule shear stress were presented in the American Journal of
Nephrology estimating it to be between 1 to 5 dynes/cm2, but stress that it would be a
lot less at the base of the cell due to microvilli (Guo et al., 2000).
Research has shown the effects of mechanical stimulation in renal tubule cells, a review
by Essig et al. (2001) describes how tubular shear stress can change the phenotype of
proximal tubule cells. They describe how increases in glomerular filtration rate induces
actin cytoskeleton reorganisation and significantly inhibits plasminogen activator. This
observation is confirmed in the findings by Duan et al. (2008) who describe how shear
stress induces the actin cytoskeletal reorganisation and junctional formation. They
found that shear stress of just 1 dynes/cm2 was the critical pre-condition for the
formation of tight and adherent junctions. Jang et al. (2011) found that exposure to 1
dyne/cm2 of shear stress for 5 hours was enough to induce depolymerisation of F-actin
and a substantial re-polymerisation within 2 hours of removing shear stress. This
depolarisation of F-actin was coupled with AQP-2 trafficking to the plasma membrane,
showing that shear stress induces AQP-2 translocation and is associated with
cytoskeleton reorganisation.
Shear stress has also been seen to increase nitric oxide (NO) production in collecting
duct cells. Cai et al. (2000) reported that at shear stress of 3.3, 10, and 30 dynes/cm2,
NO production increased by 12, 16, and 23 fold, respectively. They conclude that this
mechanism may regulate renal medullary function of sodium and water excretion and
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may be a regulator of arterial pressure. A study in integrative biology shows cell
responses to a shear stress of 0.2 dunes/cm2 with increased cell height, as well as
increased presence of NaK-ATPase and AQP-1. Added to this the study saw a greater
number of ciliated cells, increased albumin uptake, glucose transport, and ALP activity
(Jang et al., 2013). An interesting study looked at the effects of controlled surface
topography and shear stress on renal epithelial cell function (Frohlich et al., 2012). They
found that surface topography consisting of 0.75 µm wide and 0.75 µm deep grooves
with a 1.5µm pitch acted to enhance the response to shear stress, aligning cells and
more complete tight junction formation. They commented that topography helped to
enhance the cell response to fluid flow shear stress. Cells which were exposed to shear
stress, but not on a topographical surface, showed no significant alignment with the fluid
direction, but alignment was enhanced with cells grown on a topographical surface.
Interestingly, Frohlich et al. (2012) saw no significant increase in tight junction
expression on cells exposed to shear stress on a smooth surface, but found that
topography alone was capable of increasing the continuity of tight junctions. This
became more pronounced when fluid flow shear stress was experienced by cells. This
study suggests that both topography and shear stress play an important role in cell
function.
The effect of fluid flow shear stress on kidney cells has also been visualised in a study by
Condorelli et al. (2009) who imaged cells exposed to 3 dynes/cm2 by SEM. They found
that cells in static conditions formed dome like structures, which disappeared under
flow. They found that further structural rearrangement occurred when cells were
stressed in the presence of EGTA, where dome shapes were seen once again but with
primary cilia present.
Podocytes are protected from high direct fluid flow shear stresses by the glomerular
endothelium. Friedrich et al. (2006) explain how podocytes sense mechanical force for
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capillary pressure and filtration and conducted a study to determine the effect of shear
stresses. They found podocytes to be considerably more sensitive to shear stresses
above 0.25 dynes/cm2 than tubular cells, with the number of podocytes reducing to
85% after 20 hours but with no loss of proximal tubular epithelial cells. They found
cortactin was redistributed to cell margins under shear stress of 0.015-0.25 dynes/cm2
and reorganisation of the cell cytoskeleton, similar to what occurs in tubular cells. Tight
junction protein ZO-1 was unaffected at low shear values but at 0.25 dynes/cm2 the
monolayer of podocytes was discontinuous. A model where shear stresses are known
and can be controlled to a high degree of certainty would therefore be of great value.

5.1.3 Current Bioreactors Strategy
5.1.3.1 Decellularised Kidney as a Bioreactor
Decellularised tissue is widely used within tissue engineering due to its familiar
structure, native ECM composition, and retention of cytokines which can affect cellular
response (Fischer et al., 2017). The hope here is that the structure, ECM and cytokines
present within the decellularised tissue act as a guide to recellularisation. As mentioned
in Chapter 2 (2.4.4.1 Whole Organ Decellularisation), recellularisation is a formidable
task and there is currently no standard protocol despite many strategies investigated
(Remuzzi et al., 2017; Bonandrini et al., 2014; Abolbashari et al., 2016; Song et al.,
2013). Perfusion of cell culture media however is typically done by the same means,
with flow of cell culture media forced through the arterial system. This perfusion
generates shear stresses to the seeded cells and is in essence a bioreactor, although it
is difficult to quantify the range of forces which will be generated.
Recent attempts to recellularise a porcine kidney with porcine primary cells used a flow
rate of 10 ml/min (Abolbashari et al., 2016), significantly less than the flow rate in vivo
443 ml/min (Khatir et al., 2015). The study displayed limited recellularisation of the
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kidney but did show erythropoietin production increasing with time spent in culture. They
noted that after 3 days of bioreactor culture, cells formed aggregates with structures
similar to native tissue formed from 7 days; no static control was noted and so it cannot
be determined to what degree such responses caused by the scaffold or the stimulation.
An excellent example of the use of a perfused decellularised tissue system was
presented in Nature Medicine by Song et al. (2013); decellularising kidney through the
arterial system they repopulated the scaffold using a vacuum method, with HUVEC cells
seeded through the renal artery and rat neonatal kidney cells through the ureter with
eventual implantation in vivo. Immature kidney constructs were accelerated to maturity
using signals such as glucocorticoids, and after 12 days in physiological culture
conditions they noted regenerated epithelium and endothelium had a spatial
relationship similar to a native nephron, but with some non site-specific cell attachment.
In total, they attained recellularisation of more than half of the glomerular matrices, but
noted that average glomerular diameter was smaller in the regenerated kidney than in
cadaveric tissue. This proof of principle study is a good first step towards engineered
kidney tissue but with hurdles still to overcome with regards to the cell seeding protocol
and upscaling as well as the use of clinically applicable cell types.
Poornejad et al. (2017) have tried to address one of the hurdles noted by Song, looking
at different methods for recellularisation in larger organ models. Three recellularisation
methods were attempted: perfusion through the vascular system under high pressure,
perfusion through the ureter under high pressure, or perfusion through the ureter under
moderate vacuum. It was determined that a moderate vacuum of 40 mmHg, similar to
the protocol used by Song et al. (2013), was most efficient for recellularisation of
porcine kidneys but an increase in cell coverage is still needed.
Attempts using the decellularisation method have had limited results; most recently
concluding that despite suggestions that in vitro recellularisation of decellularised tissue
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is feasible, there is limited extent of cell distribution and recellularisation. With many
hurdles described, including cell proliferation and non-uniformity of cell seeding
(Remuzzi et al., 2017; Bonandrini et al., 2014).
This technique has prompted a response from K. Solez for a new Banff classification of
tissue engineering pathology (Solez et al., 2018), arguing for a framework to categorise
abnormalities in tissue engineered organs and the need to ‘standardise and assess de

novo bioengineered solid organs transplantable success in vivo’. This review was
intended to cover tissue engineering more broadly but used kidney tissue engineering as
an example.
As previously stated, the use of decellularised tissue provides structure and cytokines
such as VEGF, an important factor in angiogenesis and endothelial cell proliferation
(Maharaj and D’Amore, 2007), and FGF which promotes the repair and regeneration of
tissue and (Yun et al., 2010). These provide a guide to recellularisation, but the lack of a
standardised protocol creates variation between scaffolds (He and Callanan, 2013;
Fischer et al., 2017).
As the studies presented have shown there is significant work that still needs to be
done, with enough uncertainty that other methods should be explored. The use of a
bioreactor system that offers additional environmental control, not available in a
decellularised tissue model, could be a method for a more systematic approach to
kidney tissue engineering.

5.1.3.2 Bioartificial Kidney Devices
As mentioned previously in Chapter 2.4.5, bioartificial kidney devices act as miniaturised
implantable dialysis devices. The nature of these devices means that they provide
nutrient transfer, oxygenation and shear stress to cells. These bioreactor devices use
hosted cells to bring about a full renal replacement therapy, but little consideration is
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given to the effects of shear stresses on cells and how this may affect their phenotypic
profile. Flow rates chosen within the device are often based on the adjustment of
hydraulic pressures within the system (Humes et al., 2004).
It is known that kidney cells respond to a shear stimulus of 0.1 - 5 dynes/cm (0.01 - 0.5
Pa) (Condorelli et al., 2009; Frohlich et al., 2012; Jang et al., 2013; Jang and Suh, 2010;
Ferrell et al., 2010). This change in cell phenotype may have significant effects on cell
function; after all, glomerular filtration rate (GFR) is considered the best index of kidney
function in health and disease while the filtration rate will determine the shear stresses
in kidney tubules (Levey et al., 2009; Stevens et al., 2006). Normal GFR is considered to
be between 90 and 120 ml min-1 with end-stage renal failure is associated with a GFR
below 15 ml min-1. KIM-1 is generally upregulated with kidney disease and is thought to
be produced by proximal tubules (van Timmeren et al., 2007); as the disease state will
be indicated by filtration rate, the shear stresses cells are exposed to within a bioreactor
system should be also considered to avoid mimicking these low-shear stress conditions
(Waanders et al., 2010; Chevtchik et al., 2016).
Single hollow-fibre systems have been developed to address part of this problem,
allowing for cellular performance to be examined with a smaller number of cells (Oo et
al., 2011). Oo et al. showed that their single hollow-fibre system was able to sustain a
functional kidney epithelium but that differentiation of HPTEC cells within the bioreactor
system may be an issue, as trans-differentiation, where the cell type changes, was seen
in some of the cells.
Ferrell et al. (2010), part of the group working at on ‘The kidney Project’ to create an
implantable bioartificial kidney device, investigated shear stress within a miniaturised
microfluidic model of their BAK. They noted that sustained shear stress of 1 dyne/cm 2
over 6 hours reduced the instance of cytosolic F-actin stress fibres and an increase in Factin seen in the periphery of the cell. They suggested that this may be due to shear
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induced mechanotransduction of cells. The group also noted that, due to the small
height of their system, changes in cell height could have a significant impact on the
shear stress felt by cells, this variation was calculated to be ±12%.

5.1.3.3 Microfluidic Kidney Models
Microfluidic kidney devices are used as test beds for disease models and drug
discovery. These devices allow for small volumes of liquid and a small number of cells to
be used in highly controlled conditions. The nature of microfluidics results in laminar
flows with very small Reynold’s numbers; so that flows are highly predictable (Hardt and
Schönfeld, 2007). This element of control has allowed for the development of kidney
models where simplified disease states can be mimicked through microarchitecture and
culture of specific parts of the kidney (Wang et al., 2017; Homan et al., 2016;
Masereeuw et al., 2017).
Kidney-on-a-chip technology offers a way to better understand nephrotoxicity, creating
an environment that replicates the in vivo setting (Masereeuw et al., 2017). Jang et al.
(2013) created a human proximal tubule model displaying how the cells respond to 0.2
dyne/cm2 shear stress, a level of shear stress that mimics living kidney tubules,
resulting in phenotypically different cells. They noted cells experiencing shear stresses
increased albumin uptake by 2-fold and increased the expression of trans-epithelial
transport proteins, with other studies reporting similar results (Jang and Suh, 2010;
Essig et al., 2001). Added to this, Jang et al. (2013) observed a morphological alteration
of the cells, noting increased cell height under flow and a greater number of ciliated
cells. Interestingly, they noted that cells cultured under shear stress appeared to be
healthier in general, indicated by significantly reduced lactate dehydrogenase (LDH). An
element of complexity has been built onto this by Homan et al. (2016) who 3D
bioprinted convoluted renal proximal tubules giving a 3D tubule-like geometry to cells.
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This resulted in cells being exposed to 0.1 to 0.5 dynes/cm2 depending on location
within the cross section, and they found that the combination of shear stress and a 3D
structure further increase cell height by 40% compared to that of perfused 2D cell
culture.
A glomerulus-on-a-chip has been designed as a model for diabetic nephropathy,
providing fluid flow and 3D culture for an improved co-culture model system (Wang et
al., 2017). They showed that a high glucose environment, representative of
hyperglycaemia, increased barrier permeability to proteins such as albumin, and closely
mimicked the disease state.
A paper by Kim et al. (2016b) showed how these microfluidic systems could be used in
drug discovery. They showed how cells respond differently under shear stress and how
this affects their response to gentamicin (a known nephrotoxic drug) in two different
drug treatment regimes. Their findings show that it may be beneficial to deliver
gentamicin treatment in one large dose rather than the same dose over an extended
period of time. They found that junctional proteins ZO-1 and occludin were decreased in
both cases, however, this decrease was less when drug treatment was administered all
at once rather than over an extended period of time. They found that continuous
infusion of drug treatment leads to increased cytotoxicity and permeability of the cell
membrane. The same principles can be applied to other known nephrotoxic drugs and
could aid the discovery of new drug treatments.
Multi-organ chips are the next natural development within this field, as combining
systems such as liver and kidney can gain better insights into the mechanism of toxicity
of drug metabolites (Theobald et al., 2017; Chang et al., 2016). Multi-organ systems
introduce added complexity in design due to the differing flow rates required in each
system, large fluid volumes which may dilute signalling molecules of interest and a
‘universal media’ that can support cell types from both systems (Wikswo, 2014). The
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use of control systems and a breadboard-like device is one avenue to achieving higher
control within complex organ-chips (Chang et al., 2016).
These microfluidic systems address the need for more physiologically relevant models,
creating an environment where cells are exposed to shear stresses as they would in

vivo. However, the microscopic scale of the devices does not leave significant room for
expansion of cells within the system as shear forces experienced by cells would increase
significantly (Ferrell et al., 2010). This relates back to Equation 5-2, as shear stress is
directly proportional to

1
,
𝑊𝐻 2

where W is the width and H the height of a channel.

Millifluidic-scale devices provide room for cell expansion whilst providing a dynamic
system, allowing for organ models of greater complexity. For further information, Wilmer
et al. (2016) have written an excellent review of kidney-on-a-chip technology for drug
discovery.

5.1.3.4 Millifluidic Bioreactors
Systems in the millifluidic size range allow for tissues with a greater oxygen turnover to
be created (Mazzei et al., 2010), and an added benefit is provided by an increased
chamber height, where cell growth and reduction in chamber height won’t severely
impact shear stresses delivered to cells. A review by Mattei et al. (2014) discusses the
design criteria for physiologically relevant in vitro bioreactor models, noting the benefits
of millifluidic over microfluidic systems including a low surface-to-volume ratio, ensuring
a lesser chance of air bubbles whilst allowing for better nutrient turnover.
There are very few examples of millifluidic systems in kidney tissue engineering, but one
example to note is the commercially available system (quasi-vivo) sold by Kirkstall
(Mazzei et al., 2010). This system was originally intended for the culture of liver cells to
limit the shear stress delivered whilst maximising mass transfer, but has been adopted
for use with other tissue types (Martin et al., 2017; Giusti et al., 2014). Flow is
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unidirectional but with a significant chamber height resulting in circulating flow.
Interestingly, this device displays the benefits of what is in effect mass transfer alone,
due to low shear stresses concentrating over a small area. Nithiananthan et al. (2017)
used the device to look at the effects on fibroblast cells, they observed upregulation in
the transforming growth factor-β family along with activin-A and α-smooth muscle actin.
Overall, they noted that fluid flow acts as a homeostatic regulator of fibroblast
phenotype with widespread changes in gene expression compared to static cultures.
Giusti et al.(2014) used a dual-flow system based on the same design, flowing media
through a ‘basal-circuit’ and an ‘apical-circuit’, and found that flow increased barrier
integrity and tight junction expression in epithelial barrier models. Despite shear
stresses within the device localising to a small area both studies refer to the benefits of
mechanical stimulation; this highlights the need for a millifluidic scale device that
distributes shear stresses evenly across cells.
Another dual-flow system was presented by Spitters et al. (2013). Their cartilage model
uses the diffusion across this dual-flow system to create a nutrient gradient to represent
the natural environment. They confirmed their computer model accuracy using glucose
gradients measured against cartilage explants.
A comparative study of several millifluidic bioreactors, including the one mentioned
above, was performed by Pedersen et al. (2016). Again, all devices were intended for
liver cells and for low shear stresses; however, shear stresses can be increased by
increasing the flow rate. All three designs varied quite significantly. RealBio is a woven
polycarbonate scaffold, the fluidised bed bioreactor uses alginate spheroids in parallel
plate configurations, and the quasi-vivo device as previously described. The review
focusses on the modelling of small molecules and oxygen distribution as well as flow
velocity and shear stresses and offers a good insight into the diversity of systems
developed. The flow rates modelled were 0.5 ml/min in the Quasi-vivo design and 1
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ml/min in the RealBio and fluidised bed designs. The Quasi-vivo design produced shear
stress values between 4 - 57 µPa, RealBio between 34 - 484 µPa, and the fluidised bed
design between 1070 - 4260 µPa; as flow rate is directionally proportional to shear
stress (Equation 5-2) the fluidised bed bioreactor could produce up to 85 mPa at 20
ml/min (the max flow rate of the peristaltic pump used in this thesis).
Schürlein et al. (2016) created a standalone bioreactor platform allowing for medium
transport, gas exchange, heating, and trapping of floating bubbles. Their bioreactor was
capable of a broad range of culture condition which are not as easily obtained with
traditional culture methods. Their closed fluidic system has disposable components
more applicable to a clinical setting, and it sustained a native carotid artery for 7 days,
producing tissue engineered constructs in the form of an endothelial sheet expressing
CD31. Their overall system would be of merit to any bioreactor system where non-typical
culture conditions are to be investigated.
An example of a system design for kidney cells is presented by Mollet et al. (2015) who
designed a system for epithelial cells using polymer scaffolds to mimic the basement
membrane in an organotypical culture system. Their scaffolds used electrospun
ureidopyrimidinone-functionalised polymer and bioactive peptides creating a
hierarchical structure of self-assembly nanofibres within electrospun microfibres.
Construction using glass slides allowed for in situ visualisation of live and dead cells.
They showed that a polarised cell layer was maintained with modulation of
transmembrane proteins and metabolic activity after 21 days in culture.
Most recently, a millifluidic model has been used to enhance vascularisation and
maturation of kidney organoids in vitro (Homan et al., 2019). Homan et al. rightly
assumed that environmental cues would help promote vascularisation of iHPSC, they
found that fluid flow aided the maturation of podocytes and tubular components of
organoids. Additionally, they saw an increase in polarity and an adult gene expression
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when compared to static controls. In this model, organoids were first matured over 11 –
14 days before placement into the millifluidic bioreactor. They were subject to a low flow
rate of 0.04 ml/min in the first 24 hours to allow for cell attachment to the ECM gel
below; after this flow rate was increased to between 1 and 4.27 ml/min. These flow
rates corresponded to a low shear stress of 0.0001 dyne/cm2 and a high shear stress of
0.008 – 0.0035 dyne/cm2. It was found that vessel percentage area increased five-fold
in high shear when compared to the low shear condition, junctional density and vessel
length increased by ten-fold. Platelet endothelial cell adhesion molecule (PECAM-1), a
shear sensitive endothelial specific marker, was upregulated five-fold compared to
controls. Changes in media volume were ruled out as a major contributing factor as the
closed-loop system showed comparative results when a smaller fluid volume was used.
The author comments that while fluid flow shear stress is a major driving factor in their
findings, chemical cues for the ECM used for cell attachment, flow profile and media
composition will have also played a role.
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5.2 A 3D PRINTED MILLIFLUIDIC BIOREACTOR
PROVIDING A DUAL ENVIRONMENT FOR HUMAN
KIDNEY EPITHELIAL CELL CONDITIONING
Building on from our previous work investigating the effects of scaffold architecture on
kidney cells, the best performing scaffold has been taken forward to utilise within the
device (Burton et al., 2018a; Burton and Callanan, 2018). The first-generation
bioreactor has been designed to give a representation of in vivo conditions. It consists of
a dual chamber with a shear stress of ≈ 0.01 Pa distributed to one side. The top down
flow allows for a reduction in the developmental flow length, this is the distance after
which the characteristics of fluid flow are unchanged and the velocity profile is parabolic.
Additionally, the bioreactor has been designed with a large chamber height between the
flow divider and scaffold to allow for more room for cell expansion without a large effect
on the shear stress when compared to systems with a small chamber height, such as
microfluidic systems, Equation 5-2 (Jang et al., 2013). This is due to the inverse square
relationship of shear stress and chamber height, as cell expansion will reduce the value
h whilst all other variables remain the same. The system was fabricated by 3D printing
owing to its complex geometry and rapid production of prototypes. The viscosity of cell
culture media was modified to model the non-Newtonian viscosity of blood; this allowed
for a more uniform shear stress distribution across the scaffold and a larger chamber
height. Experimental rheology data from modified cell culture media was used to model
the bioreactor to optimise design and determine the desired flowrate. A human renal
epithelial cell line (RC-124) was used in these experiments to determine whether the
proposed system was viable for use in kidney tissue engineering.
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The following work is under review in Scientific Reports and has abstracts published in
European Cells and Materials (Burton and Callanan, 2016a) and Tissue Engineering Part
A (Burton and Callanan, 2017) from TERMIS-EU 2016 and TERMIS-AM 2017, and the
World Congress of Biomechanics (Burton et al., 2018b).

5.2.1 Materials and Methods
A comprehensive review of methods can be found in chapter 3, the methods used in the
following section are as follows:








Scaffold Fabrication (3.1)
o

Electrospinning (3.1.1)

o

Scaffold Sterilisation (3.1.2)

o

Plasma Treatment (3.1.3)

Scaffold Analysis (3.2)
o

Mechanical Testing (3.2.1)

o

Scanning Electron Microscopy (3.2.2)

Bioreactor Design and Fabrication (3.3)
o

Computer Aided Design (3.3.1)

o

Computational Fluid Dynamics (3.3.2)

o

3D Printing (3.3.3)

o

Rheology (3.3.5)

Cell Culture (3.4)
o

Static Culture (3.4.2)

o

Dynamic Culture (3.4.3)

o

Cell Viability (3.4.4)

o

DNA Quantification (3.4.5)

o

Cell Imaging (3.4.6)
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o


Two-Photon Excitation Fluorescence (3.4.7)

Statistical Analysis (3.5)

Details specific to experiments presented in this section will be discussed below, unless
otherwise mentioned experiments were identical to that described in chapter 3.

5.2.1.1 Scaffold Fabrication
Electrospinning
The scaffolds used in this section were large random PCL, as described in the methods
section, 16 ml of solution was used in total.

Plasma Modification
Plasma cleaning was performed as described in methods. Initial pressure was lowered
to 400 mTorr, O2 was then introduced and stabilised at 550 mTorr and a medium power
(10.2 W) applied for 2 minutes.

5.2.1.2 Mechanical Testing
Strain rate was set to 50% strain min-1 accelerating to 200% strain min-1 after 5 mm.
Nine samples were tested at an ambient temperature of 21°C. Ultimate tensile strength
and Young’s moduli (between 0 % and 10 % strain in 2 % intervals) were calculated from
the resultant stress-strain curves of 9 independent replicates, as previously described
(Callanan et al., 2014a).

5.2.1.3 Cell Culture
Cells were expanded in monolayer in McCoy’s 5a media containing, antibiotic /
antimycotic 1%, L-Glutamine 1% and foetal bovine serum 10% (media and supplements
from Gibco). Xanthan gum (XG) (Sigma Aldrick, UK) at a concentration of 0.7 g L-1 was
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used to increase the viscosity of culture media to give a physiological representation of
blood within the device (van den Broek et al., 2008; Ramaswamy et al., 2014). Normal
media (NM) controls on tissue culture plastic (TCP) and scaffolds were used to confirm
that xanthan gum (XG) has no adverse effects on cells.
Scaffolds were each seeded with 20 µl media containing 100,000 cells (passage 13)
and left for 1 hour before an additional 400 µl media was added. Cells were grown for
24 hours before devices were constructed within a cell culture hood. Controls were
cultured in adherent 48 well tissue culture plastic plates; there were two groups, cell
cultured in normal media (TCP-NM) and cell cultured in xanthan gum modified media
(TCP-XG). There were two groups for scaffolds: those cultured in normal media (scaffoldNM), and those culture in xanthan gum modified media (scaffold-XG).
Peristaltic pumps were used throughout this work; these delivered an average flow rate
with a set value but with a half sinusoidal waveform. Peristaltic flow was smoothed with
the use of a windkessel, Figure 5-2. The windkessel effect helps to damp pulsatile flow;
this is done by using an air gap within the windkessel acts to dampen the oscillating
nature of the flow rate. It was designed with 15 X 15 X 20 mm internal dimensions with

Figure 5-2: The CAD design of the windkessel and the 3D printed part.
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a resealable septa placed at the bottom to allow for sampling of the cell culture media
without disrupting the system.
Both top and bottom chambers were fed from the same media bottle using a Yconnector and a bespoke 3-way lid, this was adapted to utilise the filter of a T25 culture
flask in order to facilitate oxygen transfer. Media in the top chamber was pumped
through devices at 1 ml min-1 and bottom chamber at 0.5 ml min-1 respectively to fill
device chambers. Once filled the bottom chamber flow rate was slowed to 0.01ml min-1,
with the top chamber maintained at 1 ml min-1. Devices were deconstructed for analysis
at 3 and 6 days.

5.2.1.4 Cell Viability
Cell viability was assessed using a CellTitre-Blue® assay (Promega) at days 3 and 6.
Device scaffolds were placed into a 12-well plate with 400 µL culture media and 80 µL
of CellTitre-Blue®, control scaffolds were transferred to a new well plate. After incubating
for 2 hours’ fluorescence was read using a microplate reader (Modulus II 9300-062,
Turner Biosystems) at 520 nm EM 560-640 nm, n=4 average of 3 technical replicates
per sample.
Cell viability was used to assess any adverse effects from the material used for 3D
printing. For the indirect condition, a 1mm by 8mm rod of E-shell 600 placed into a well
for 3 days before media was transferred to cells. For the direct condition, the rod was
placed directly into the culture well with cells. Cells were grown for 3 days before
analysis.
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5.2.1.5 DNA quantification
Cell seeded scaffolds cultured for 3 and 6 days were freeze dried and incubated in a
papain digest. Incubation took place within a heated cupboard with periodic mixing
using a vortexer, N = 4 independent replicates.

5.2.1.6 Reverse Transcription Real-Time Polymerase Chain Reaction
Relative mRNA levels of alanyl aminopeptidase (ANPEP), aquaporin-2 (AQP-2), Ecadherin (E-Cad), kidney injury molecule-1 (KIM-1), cytokeratin-8 (KRT-8), and
cytokeratin-18 (KRT-18) of scaffolds to tissue culture plastic was calculated.

5.2.1.7 Statistical Analysis
Mechanical data and fibre diameter are presented as mean ± standard deviation, all
other results are presented as mean ± 95% confidence interval. Statistical analysis was
performed using Minitab 18 software. E-shell 600, DNA quantification and RT-qPCR data
(using the ΔCt value) were all analysed using ANOVA. Xanthan gum toxicity, CellTitre
Blue, and DNA quantification used Tukey post hoc analysis, RT-qPCR used Dunnett’s

post hoc analysis.
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5.2.2 Results
5.2.2.1 Device Development
The initial concept was to create a device which
could be kept sterile before the introduction of
cells. Cells could then be injected through a
port and allowed to attach before cell
conditioning and eventual testing or
implantation, Figure 5-3.

Figure 5-3: The original concept for the device
with 3 key features: to contain a scaffold to

The first prototypes were made from PDMS and

support cells, the incorporate a flow distribution
system, and to have a biocompatible outer

incorporated both a scaffold for cells and a flow casing.
distribution system using thermally induced
phase separated PCL. A resealable septum was
incorporated into the PDMS to allow for cell
injection and resealing. Each wall of the device was
individually cast in a time consuming process,
Figure 5-4. The initial device proved to be water
tight but was not taken forward due to difficulties in
manufacture, namely the leakage of uncured PDMS
into the scaffold, and the difficulty in maintaining

Figure 5-4: The template used to
cast the silicon devices.

homogeneity between devices, Figure 5-5.
This initial device was intended to be an implantable system, but it was decided that the
method to distribute flow would create an unwanted pressure drop that would be
incompatible with an implantable system. It was determined that designing the device to
be a conditioning tool was a much more realistic option. This was based on the
knowledge that dialysis is only given to a person when kidney function falls below
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around 15 %, and a person can undergo dialysis for years without complication (National
Kidney Foundation, 2015). This bought about the idea of a system where an immature
kidney can be conditioned before implantation, and then using the conditioned scaffold
as a conveyor it can be implanted to mature into a functional implant. So, the concept
was altered, the bioreactor was to be used as a conditioning tool for kidney tissue
engineering, providing an in vivo like environment in an in vitro setting, Figure 5-7.

Figure 5-5: The first iteration of the bioreactor utilising a TIPS scaffold as a flow distributer. The right
image has been false coloured blue to provide contrast.

To overcome the issue of the lack of
homogeneity in devices, it was
decided that 3D printing should be
used. The second iteration of the
device was designed to be modular so
different methods of flow distribution
could be tested. This design was
simplified further to minimise
Figure 5-6: CAD models and 3D printer parts of the

potential of leakage and reducing the

second (left) and third (right) iteration of the device.

device to two separate parts, Figure
5-6.
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Figure 5-7: The updated concept after utilising 3D printing in the process.

Using 3D printing to create the bioreactor allowed for iterations in design as the system
developed, and introduced the ability to model using CFD allowing for the generation of
a uniform shear profile within the bioreactor. Figure 5-8 demonstrates the level of
control that can be gained over the flow environment through designing a flow divider
that distributed shear stress across the scaffold. Here, shear stress is more evenly
distributed as can be seen in the colour map of contours.
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With each iteration of the device,
challenges presented themselves.
Initially devices were printed in ABS, but
due to the nature of the printing
process small holes were present
throughout the 3D printed part and so
devices leaked, Figure 5-11A. To
overcome this several strategies were
employed, acetone was used to
solubilise ABS by pumping it through
the flow channel; this often didn’t work
and was shown to cause significant

Figure 5-8: Demonstrating the shear profiles
generated by a parallel plate and a well design flow
distributer, here the same minimum chamber height
and flow velocity is used.

damage to some devices. A similar strategy was employed using vaporised acetone
which visually appeared to cause greater damage than liquid acetone, with greater
pitting on the surface of the ABS and a loss of resolution of the 3D printed part.
Attempts were made to construct devices and then seal them with liquid acetone, but
again this method had repeated failures and made deconstructing devices challenging.
Wax used for embedding scaffold was also attempted but was not effective in fully
waterproofing FDM ABS printed parts.
Once access to an alternative printer was gained, devices were printed in VeroClear
using a polyjet printer; the threads of the device made from VeroClear appeared to be
mechanically weak and the cleaning process damaged the material, Figure 5-11B.
These devices remained watertight on the benchtop but did not remain watertight when
exposed to the conditions within a cell culture incubator.
Finally, an E-Shell 600 material was used when access to a DLP printer was gained; this
is a biocompatible material that proved to be watertight, Figure 5-11C. Devices
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contained a PDMS window to inject cells through for seeding, to create this device, the
windows were part cast and inserted into place and then sealed in place with additional
PDMS. This method ensured there was no PDMA leakage into the device itself when
casting the injection window.

Figure 5-11: Iterations of the bioreactor at different stages, (A) is printed in ABS, (B) in VeroClear, and (C) in
E-Shell 600.

Figure 5-10: SolidEdge ST7 CAD images of the device, (A, B) the flow channel design, (C) the bottom
chamber, (D) assembled top chamber with flow channel and (E, F) full assembly of the device.

Designing a truly watertight bioreactor also
involved minor design changes. A design based
on the ACME thread was used to give the
strongest thread, this comprises of a 29° angle
between threads where thread height is half
that of the pitch. The O-ring groove was altered

Figure 5-9: Different O-ring groove designs
used, (A) a face seal, and (B) a static crush
seal.

from a face seal to a static crush seal with 2 points of sealing on the superior and lateral
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inside faces, Figure 5-9. Separate luer slip connectors were originally planned to be used
with the device, but these were later included as part of the design. These connectors
evolved through the prototyping process to be strengthened by increasing wall thickness
and using cone shapes at joints, due to some being broken when attaching tubing or
tightening bioreactors when sealing.
The final device design can be seen in Figure 5-10. It was designed to be mounted on a
stand for ease of use, and the injection window was removed to make the manufacture
of the device simpler and to ensure that all the scaffold had the same cell seeding
protocol applied, Figure 5-12.

Figure 5-12: The final design concept that was used within this study.

5.2.2.2 Electrospun Scaffold
Electrospinning produced a mat of random non-woven fibres that was 471 ± 25 µm
thick. SEM microscopy was used to inspect fibres (Figure 5-13) and measured an
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average fibre diameter of 3.45 ± 1.28 µm, Table 5-1. Mechanical testing indicated that
Young’s modulus is greatest during the first 4% strain, after which the Young’s modulus
decreases as the scaffold approaches its elastic limit demonstrating its viscoelastic
properties, Table 5-1; scaffolds extended to 2.48±0.37 times their original length before
failure at 0.7±0.06 MPa.

200µm

20µm

Figure 5-13: A diagram of the electrospinning set-up with SEM images of the resultant scaffold. A
polymer solution is connected to a high voltage source which is accelerated towards a ground source,
onto a rotating mandrel.
Table 5-1: Mechanical and physical properties of the electrospun PCL scaffold used inside the bioreactor, N
= 9 independent replicates.

Fibre diameter, µm
Scaffold thickness, µm

Young’s Modulus at % Strain,
MPa

3.45±1.28
471±25
0-2%
2-4%
4-6%
6-8%
8-10%
0-10%

4.37±0.67
4.30±0.31
3.79±0.25
3.09±0.32
2.35±0.28
3.66±0.24
0.70±0.06

Ultimate Tensile Strength, MPa
Strain at break

2.48±0.37

5.2.2.3 Bioreactor Design
Computational modelling of the device was used to design the bioreactor so that it
distributed fluid induced shear stress across the scaffold. Grid independence analysis
was used to determine the optimal mesh size; at a lower number of elements shear
stress against x-position plots were asymmetric owing to the faster flow rate as fluid
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converges towards the outlet. However, this asymmetry is lost at 3.7 and 5.5 million
elements and highlights the importance of grid independence analysis in finding an
accurate solution. The optimal mesh size was found to be 3.7 million elements, Figure
5-14. Figure 5-15A shows the flow direction through the whole device, with Figure 5-15B
displaying the fluid speed through the top chamber. Figure 5-15D shows the shear
stress the scaffold is exposed to at a flow rate of 1 ml/min used for the study, with the
histogram in Figure 5-15C showing the percentage coverage of different shear stress
values; 72% of the scaffold had a shear stress from 6 to 10 mPa.

Figure 5-14: Grid independence analysis showing the shear stress values at different X co-ordinates at 3 Zpositions on the scaffold.
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Figure 5-15: A shows the device highlighting the direction of flow through it, the position of the scaffold is
labelled; the orange region shows the portion exposed to fluid flow shear stress, the black region is clamped
in place. B is a contours plot along the symmetry line of fluid velocity. C is a histogram of shear stresses
showing the range across the scaffold. D is a contours plot of shear stress on the scaffold, red arrows
indicate the direction of flow.

The addition of xanthan gum successfully increased the viscosity of cell culture media,
which increased from 1.06 mPa∙s to 𝜏 = 6.07𝛾 0.9 Pa where η0 = 110 mPa∙s and η∞ =
2.8±0.11 mPa∙s and 𝛾 is the shear rate. This allowed for a greater channel height
resulting in a smaller variation in shear distribution whilst allowing for the expansion of
cells, Table 5-2.
Table 5-2: Rheological properties showing power law parameters of modified cell culture media, previously
shown to resemble the properties of blood (van den Broek et al., 2008), N = 4.

McCoy’s 5A
McCoy’s 5A
with 0.7 g/l XG

K, mPa∙sn
n/a

n
n/a

η0, mPa∙s
n/a

η∞, mPa∙s
1.06

Density, kgm-3
1039

6.07±1.0

0.90±0.2

110±30

2.8±0.11

1039
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Initial tests on the bioreactor showed effective sealing at a maximum pump flow speed
of 20 ml/min in both top and bottom chambers over a 24-hour period, owing to the
static crush seal providing two points of sealing.

5.2.2.4 Toxicity Testing
The resin used in 3D printing was tested for toxicity using a CellTitre Blue viability assay,
showing no significant differences between direct contact, indirect contact, and cells on
tissue culture plastic, F(2,9)=0.42, p=0.668 (Figure 5-16A). Statistical analysis of the
effects of xanthan gum on cells grown on tissue culture plastic using a one-way ANOVA
showed a difference between all groups, F(3,14)=665, p<0.001. Post hoc Tukey
analysis showed p<0.001 for all groups except TCP-NM and TCP-XG at 4 days, p=0.007
(Figure 5-16B).
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Figure 5-16: Toxicity testing using CellTitre Blue cell viability assay of (A) E-shell 600 and (B) xanthan gum.
Individual data points are plotted (N>4), bars dictate the mean and error bars show the 95% confidence
intervals.

5.2.2.5 Cell Viability
Cells in all conditions remained viable after 4 and 7 days. For statistical analysis
variances were considered equal following a Levene’s test. A one-way ANOVA showed a
significant difference between samples, F(5,18)=5.78, p=0.002. Post hoc Tukey
analysis determined that the device at day 7 was significantly different from scaffold-XG
at day 4 (p=0.001), scaffold-NM at day 4 (p=0.013), and scaffold-XG at day 7 (p=0.015).
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Although the separated confidence intervals suggest that there is a significant difference
between the device at 4 days and the device at 7 days the results of the Tukey test
determined that the groups were not significantly different, p=0.175. As the sample size
was small, conclusions drawn from error bars are not robust, individual data points have
been plotted to give a more complete view of the data (Krzywinski and Altman, 2013).
There was no significant difference in the number of viable cells from days 4 to day 7 for
any scaffold condition, Figure 5-17. It was also noted that there were no significant
differences in the cell number of scaffolds grown in normal and modified media types.
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Days
4
7
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Scaffold-NM

Scaffold-XG

Figure 5-17: CellTitre Blue data showing the viability of cells at 4 and 7 days. Individual data points are
plotted (N>4), bars dictate the mean and error bars show the 95% confidence intervals.

5.2.2.6 DNA Quantification
DNA quantity in scaffolds follows a similar trend to CellTitre Blue data, Figure 5-18. For
statistical analysis variances were considered equal following a Levene’s test. An ANOVA
determined that significant differences were present, F(5,18)=3.83, p=0.015 and post
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hoc Tukey test highlighted that the differences were between the device at 7 days and
the scaffold in normal media at 7 days, p=0.01. No other statistically significant
differences were seen.

DNA per scaffold

200

150

100

50

0

Device

Scaffold-NM

Scaffold-XG

Figure 5-18: DNA content per scaffold at 4 and 7 days. Individual data points are plotted (N=4), bars dictate
the mean and error bars show the 95% confidence intervals.
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5.2.2.7 Gene Analysis
Data analysis on RT-qPCR compared the ΔCt values of different groups using ANOVA
with a Dunnett’s post hoc analysis against the TCP-NM control, Figure 5-19. Table 5-3
shows the results of this analysis with a difference in expression in all genes and time
points except ANPEP at day 4. There was no significant difference in expression due to
the addition of XG in media. The use of the device caused a significant increase in
expression of: AQP-1, KRT-8, KRT-18 and E-CAD at both 4 and 7 days, as well as an
increase in the expression of ANPEP at 7 days and a decrease in expression of KIM-1 at
4 days. Scaffold cultured in normal media saw a decrease in expression of: AQP-2, KRT18 and KIM-1 at 4 days but an increase in KRT-8 at 7 days. Scaffolds cultured in XG
media saw an increase in KRT-8 and E-CAD at 7 days and a decrease in expression of
KIM-1 at 4 and 7 days.

~ 176 ~

Signals

Figure 5-19: RT-qPCR data presented using the 2-ΔΔCt method showing the expression relative to GAPDH of 6
genes: (A) AQP-2, (B) KRT-8, (C) KRT-18, (D) KIM-1, (E) E-CAD and (F) ANPEP to GAPDH, compared to cells
grown on tissue culture plastic grown in normal media. Error bars show ± 95% confidence intervals and are
a magnitude of the errors of both GAPDH and the gene of interest, factoring in the errors of the tissue
culture plastic comparison. Statistics performed using an ANOVA with post hoc Dunnett's analysis, N ≥ 4.
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Table 5-3: Table of statistics following RT-qPCR analysis by ANOVA with post hoc Dunnett's test for multiple
comparisons with a single control.

Gene
AQP-2

KRT-8

KRT-18

Day

F-statistic

P value

4

(4,18)=32.25

0

7
4

(4,14)=8.77
(4,18)=4

0
0.017

7

(4,18)=16.56

0

4

(4,18)=15.09

0

7

(4,18)=3.74

0.022

4

(4,17)=4.88

0.008

7

(4,18)=8.72

0

4

(4,18)=27.72

0

7

(4,18)=25.64

0

4
7

(4,18)=2.51
(4,18)=4.71

0.078
0.009

KIM-1

E-CAD

ANPEP

Group
Device
Scaffold-NM
Device
Device
Device
Scaffold-NM
Scaffold-XG
Device
Scaffold-NM
Device
Scaffold-NM
Scaffold-XG
Device
Scaffold-XG
Device
Device
Scaffold-XG
Device

Effect compared
to TCP-NM
Increase
Decrease
Increase
Increase
Increase
Increase
Increase
Increase
Decrease
Increase
Decrease
Decrease
Decrease
Decrease
Increase
Increase
Increase
Increase

Post hoc
P Value
<0.001
0.033
0.003
0.021
<0.001
0.002
0.028
0.002
0.018
0.047
0.015
0.006
0.020
0.005
<0.001
<0.001
0.015
0.003

5.2.2.8 Cell Imaging
Two-photon excitation fluorescence (TPEF) and coherent anti-stokes Rahman scattering
(CARS) was used to image scaffolds, Figure 5-20. Cells on control scaffolds appeared in
greater numbers towards the surface of the scaffolds, with images showing cells binding
to fibres and extending along them, but in a more rounded morphology than typically
seen on TCP. Cells within the device appear to look much the same as control scaffolds
but were distributed throughout the Z-axis, with fewer cells seen in each plane.
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Figure 5-20: Two-photon excitation fluorescence (TPEF) and coherent anti-stokes Rahman scattering (CARS)
images of RC-124 cells on scaffolds at 4 and 7. Green highlights the actin filaments, blue shows the cell
nucleus and white is the PCL scaffold, scale bars show 100 µm.
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5.2.3 Discussion
As highlighted previously, research looking at suitable solutions for scaffolds and
bioreactor systems capable of maturing kidney organoids has focused on decellularised
tissue (Yu et al., 2014; Fischer et al., 2017; Song et al., 2013). Doubts have been raised
about the feasibility of full recellularization of a decellularised kidney by Remuzzi et al.
(2017), due to the limited recellularization and proliferation currently attainable, such
that an alternative solution should be explored. Methods such as bioprinting are already
being utilised in areas such as liver tissue engineering (Faulkner-Jones et al., 2015;
Mohamed et al., 2016), and is a promising alternative to the decellularised tissue
method (Kengla et al., 2017) as well as novel bioartificial kidney devices (Oo et al.,
2013; Chevtchik et al., 2016; Fissell et al., 2007; Kim et al., 2015); however, until these
technologies are proven in their ability to produce fully functional tissue engineered
organoids they should not be the only alternatives explored. The strategy explored here
is the first step of a proof of concept, here we propose the use of a polymer scaffold as a
conveyor for cells and a bioreactor to provide a dynamic environment as a system for
growing kidney tissue; we show the capacity of the bioreactor and scaffold to sustain cell
life and direct gene expression.
Further investigation is needed to apply this strategy to cells such as induced pluripotent
stem cells with an innate self-organisational capacity. A recent publication presenting an
industrial perspective aimed to identify the key cellular and material component
characteristics that would facilitate commercialisation of regenerated kidney tissue, and
has suggested further exploration of alternate biomaterials (Basu et al., 2017). The use
of polymer scaffolds over decellularised tissue offers benefits due to their ease of
manufacture, repeatability, tuneable degradation and favourable mechanical properties
(Basu et al., 2017; Nardo et al., 2017). The breadth of materials in this field offers many
opportunities for optimisation, and combining these materials with novel bioreactors
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could allow for finely controlled culture ex vivo, which offers a different approach to
current techniques used within kidney tissue engineering.
Presented here is the development of a bioreactor, which can be used to model the in

vivo system within a lab environment or as a conditioning tool for kidney tissue
engineering. As knowledge was gained through the design development, the concept
changed accordingly to create a system that was simple to use and produce. The initial
silicon design was not suitable due to the large dimensional variation between devices,
difficulty of fabrication and the length of time to produce each device. Failure rate was
also high due to PDMS leakage into the scaffold and thus a new approach was taken,
Figure 5-5. 3D printing offered a new flexibility where several designs could be tested,
the greater control gained allowed for the internals of the device to be modelled so
approximate forces cells experience could be known, Figure 5-8.
The initial 3D printed devices came in 3 compartments; they were intended to be
modular device so that different flow distributers could be used. To reduce the potential
for a leaking device, they were simplified to have only a top and bottom section. Initially,
only access to a single-nozzle FDM printer was available and so devices had to be
designed in a way that they could be printed without the need for supporting material,
Figure 5-6. The devices served as a useful tool for prototyping and helped direct
modifications, which aided the ease of use of the bioreactors; changes such as altering
the thread used in the bioreactor design and incorporating luer connectors in the device
design itself.
Access to 3D printers and material choice for 3D printing were major barriers for the
project, the majority of design refinements took place using a FDM printer, but the
nature of this process meant that devices were not watertight, Figure 5-11A. Many
sealing methods were attempted including: wax coatings (Thimmesch, 2015), vaporised
acetone (Underwood, 2013), liquid acetone. These were not suitable and either leaks
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persisted or the resolution and usability of the printed part was compromised, vaporised
acetone was intended to work similarly to liquid acetone by partially dissolving the FDM
printed parts so that they swelled, joining together any small holes present within the
material.
Access to a polyjet printer allowed for the printing of a watertight material (Figure
5-11B); the cleaning process involved sonication in a sodium hydroxide solution, and
removal of support material with a waterjet. This process damaged the part and due to
the shape of the bioreactor a longer exposure to cleaning solution was necessary to fully
remove the support material. When testing the bioreactor, it appeared to unscrew itself
when perfused with cell culture media within the humid atmosphere of an incubator;
different sealing strategies involved crude methods of using quick setting epoxy glue
and plumber’s tape. Epoxy glue worked to a limited extent but made deconstruction of
the devices difficult leading to their destruction. Once a way2production DLP 3D printer
was acquired, it was possible to print with E-shell 600 which is a biocompatible and
waterproof 3D printing material, Figure 5-11C. This proved to be mostly watertight but
with small leaks noted in some devices, as a result the o-ring groove was modified to be
a static crush seal; the static crush seal gave 2 points of contact within the bioreactor
providing a more efficient seal. The final design was the product of an iterative design
process with modifications where improvements could be made; this produced a device
which efficiently sealed and was simple to construct.
Many designs were modelled to find a geometry which most efficiently distributed flow
within the device, resulting in shear stress of 0.1 Pa across the scaffold, these can be
found in the appendices (First Generation Bioreactor Modelling). Each design was
considered based on the percentage area of the scaffold that was exposed to between
0.07 to 0.12 Pa at a flow velocity of 0.017 ms-1. It was found that slight changes in the
geometry of the flow distributer, such as a 3°difference in the incline from inlet to outlet
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or a change in the dimensions of the outlet, could have a large impact on the shear
stress range delivered to the scaffold. Once the final design was determined grid
analysis was used to find a mesh which provided the most accurate solution with the
least computational demand. The grid analysis was performed by checking individual
values at each point along the x-axis at different z-positions on the scaffold. Solutions
with less elements had differences predominantly in relation to the outer fringe of the
scaffold. Overall, it was determined that 3.7 million elements were sufficient for an
accurate solution, Figure 5-14.
The scaffold selected for this study was the best performing from chapter 4.2. The
mechanical properties of the scaffold were similar to those seen in other research
(Cipitria et al., 2011; Croisier et al., 2012). Although very little research has looked at
the incremental modulus, a study on individual nanofibres analysed by atomic force
microscopy revealed a similar pattern of decreasing modulus with increasing percentage
strain (Baker et al., 2016), Table 5-1. It is worth noting that the Young’s modulus of the
scaffolds used was around 20 times greater than that of human kidney (Karimi and
Shojaei, 2017); however, the intention here was to use the scaffold as a conveyor for
cells, providing a base for attachment and possessing the mechanical integrity to allow
for culture within a bioreactor system as a means to condition cells. As PCL is
biodegradable, once the role of the scaffold has been performed it can reabsorb.
Studies have shown the effects of scaffold mechanical properties on cells (GhasemiMobarakeh et al., 2015), although these studies typically relate to cells encapsulated
within hydrogels cells; in electrospun scaffolds attach to fibres and are not encapsulated
in the same way as they are in a gel. Both electrospun fibres and PCL (Figure 5-13) are
one combination in a plethora of alternatives which can be explored for kidney tissue
engineering, with few other examples of polymer scaffolds in this field (Kim et al., 2003;
Slater et al., 2011; Lih et al., 2016; Nardo et al., 2017). The bioreactor has the potential
to test a variety of different materials in conditions which replicate the in vivo
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environment, and this proof of concept study presents the feasibility of this strategy. This
is a key advantage of this design, and the ability to 3D print allows for small
modifications where necessary to accommodate alternative scaffolds.
The flow channel allowed for an even distribution of shear across the scaffold and
minimised the developmental length of flow, which was modeled with CFD analysis
(Figure 5-15) and the dual chamber allowed for media perfusion on both sides of the
scaffold. The model allowed for further assessment of conditions within the bioreactor
depending on the investigation of the user, with scope for species transfer (e.g. oxygen
use by cells) and dynamic (time dependent) modelling. Our investigation focused on a
non-time dependent model concentrating on shear stress. Using measured rheological
properties of modified cell culture media, we gained a representation of the forces
experienced by the cells, Table 5-2. The large chamber height allowed for the expansion
of cells with only minimal effect on the shear stresses experienced by cells; this is
distinct from models such as microfluidic systems (Jang and Suh, 2010) where channel
height is small and thus slight changes in channel height can have large effects on
shear stress, Equation 5-2.
Key milestones for a successful bioreactor were: effective sealing, ability to maintain
viable cells and to alter the gene expression of cell due to FSS. Toxicity testing (Figure 516) showed that E-shell 600 has no effect on the viability of cells in our tests, through
either direct or indirect contact; as a biocompatible material according to ISO 10993
and certified Class-IIA this was to be expected. Whilst the use of 3D printing in
microfluidics is gaining traction (He et al., 2016b; Ong et al., 2017), there are few
examples of larger scale 3D printed bioreactors (Qian et al., 2016; Pedro F Costa et al.,
2014), and we believe this is the first example of a 3D printed bioreactor for culturing
and conditioning kidney cells. We did see significant differences in the number of cells
cultured in normal media and media modified with xanthan gum on tissue culture
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plastic; however, this was not seen for cells grown on scaffolds. Differences were small
but variance between samples was small enough to detect differences with statistical
tests, this is not something that should be ignored and is something that should be
investigated further; to fully validate the use of XG as a method to increase the viscosity
of cell culture media. It is of note that we did not see any noticeable effect for cells
grown on scaffolds and there were no effects seen in this study on the gene expression
due to media type for cells grown on tissue culture plastic.
CellTitre Blue data proved the capacity of the bioreactor to sustain cell life, although
differences were seen between the device at 7 days and scaffold-XG at 4 and 7 days as
well as scaffold-NM at 7 days, Figure 5-17. Flow over cells was kept constant and these
differences after 7 days may indicate that cells should be ‘exercised’ under cyclic flow,
rather than a constant exposure to flow, allowing for a recovery period between cycles. A
similar strategy has been employed in a recently published article by Homan et al.
(2019); here a low flow rate, delivering just 0.0001 dynes/cm2, was used for 24 hours to
allow for initial cell attachment with shear stress then varied between 0.008 – 0.035
dynes/cm2 for the remainder of the study.
DNA quantification follows closely the results gained from CellTitre Blue (Figure 5-18),
although significant differences were found between scaffold-NM and the device at 7
days; this may be due to the clearance of dead cells under flow. Previously, it has been
shown that the directionality of flow can have implications on the proliferative capacity
and DNA synthesis of endothelial cells; laminar unidirectional shear stress has been
shown to reduce the proliferation of endothelial cells and bidirectional flow increasing
cell proliferation (Chiu and Chien, 2011). To the authors knowledge, the effects of this
concept have not been explored for kidney epithelial cells and may go some way to
explaining the results seen here. Overall, further work is needed to create a scaffold that
is optimised for kidney cell culture; these initial investigations show that polymer
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scaffolds will allow for cell survival and don’t negatively impact cell gene expression but
further research is needed to optimise polymer scaffold for kidney cell culture. The
incorporation of ECM (Lih et al., 2016; Grant et al., 2017) has shown to be an excellent
alternative to both decellularised tissue and polymer scaffolds, drawing on the positives
of both methods.
To produce an effective shear distribution and to represent the in vivo system the
viscosity of the cell culture media was increased. The use of xanthan gum to increase
the viscosity of the cell culture media has been suggested previously (van den Broek et
al., 2008; Ramaswamy et al., 2014), and our results showed that within the device there
were no effects on DNA content or cell viability due to the addition of xanthan gum (XG)
to cell culture media. No significant differences were found in the gene expression of
cells grown in XG modified media on TCP, with scaffolds grown in both conditions
showing nearly identical patterns, Figure 5-19. However, as our results show, there were
some instances where gene expression was found to be significantly different due to
media type, with E-CAD and KRT-8 up-regulation and KIM-1 down-regulation in scaffoldXG and KRT-8 up-regulation and AQP-2, KIM-1, and KRT-18 down-regulation in scaffoldNM compared to the TCP-NM control, Table 5-3. These trends are largely similar and a
low N number explains the discrepancies in statistics; although, the increased viscosity
of cell culture media may be having an effect on the cellular process in some way, as ECAD is a tight-junction protein and KRT-8 a cytoskeletal protein they are both associated
with the cells structure. This is an avenue that would need to be investigated further to
determine whether these findings are of significance.
The gene expression response of cells on scaffolds compared to TCP had a small but
noticeable effect on the expression of KIM-1, this indicates healthier cells and so a 3D
environment may be favourable for kidney cell culture (Waanders et al., 2010).
Increases in cytoskeletal protein KRT-8 and tight junction protein E-CAD at 7 days also
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suggest that a 3D structure may give a physiological representation, as a decreased
expression E-CAD associated with tumour cells (Straube et al., 2011). It is probable that
the significant differences seen in the gene expression profile of cells grown within the
bioreactor are as a direct result of FSS; however, other parameters such as media
volume and oxygenation of media would require further investigation to rule them out as
contributing factors. ANPEP is a key marker for proximal tubule epithelial cells found in
the microvillar membrane and expression in devices was upregulated at 7 days. This
may be of some concern as this is associated with tumour formation (Fontijn et al.,
2006). However, aminopeptidase is located at the apical membrane (Louvard, 1980)
and this follows the upregulation of other key proteins. Transmembrane protein AQP-2,
tight junction protein E-CAD and cytoskeletal components KRT-8 and KRT-18 were all
significantly upregulated following FSS Table 5-3. KRT-8 and KRT-18 are intermediate
filament proteins which are often co-expressed and found in single layer epithelial
tissues; expression of these proteins is a sign that cells have normal phenotypic traits.
However, increased expression has also been associated with tumour formation (Snider,
2016; Lebherz-Eichinger et al., 2013). It should be expected that a cells’ response to
FSS would induce changes within the cytoskeleton, as this is well documented for other
tissue types (Chiu and Chien, 2011), and the substantial decrease in expression of KIM1 indicates that cells are healthier than controls. It may be assumed then that the
increased expression in KRT-8 and KRT-18 seen here is not a negative response and is
simply the response to shear and scaffold architecture. The tight junction protein E-CAD
has previously reported to be influenced by FSS (Jang and Suh, 2010), a key to
producing a regulated leak free barrier expected of the epithelial cells, this saw greater
than a 50-fold increase in expression within our device. This is a positive sign as tight
junction markers such as E-CAD and ZO-1 are critical to epithelial barrier function and
are usually present in lower quantities during cell injury (Vormann et al., 2018). Renal
epithelial cells are responsible for the reabsorptions of glomerular filtrate and so
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expression of trans-membrane proteins such as AQP-2 is key to function (Jang and Suh,
2010). We saw a 6-fold increase in expression at 4 days and 3-fold at 7 days, indicating
that our devices are helping to represent the in vivo system and aiding the production of
physiologically relevant markers, Figure 5-19.
TPEF and CARS images show how the cells interacted with the scaffold. Morphology was
more rounded than typically seen on TCP (Rebelo et al., 2013), although cells did still
appear to spread along fibres in all scaffold conditions, Figure 5-20. Cells grown within
the device were scattered within different imaging planes, showing a greater integration
of cells with the scaffold; this is a desirable for property for kidney tissue engineering
scaffolds as these scaffolds will be resorbed over time and replaced with native ECM;
integration with the host would facilitate this scaffold’s degradation. Due to the
monolayer nature of the RC-124 cells’ future investigation using primary or stem cells
should assess the extent to which cell integration with the scaffold is affected by culture
within the bioreactor.
We have previously shown the capacity of polymer scaffold to host kidney cell life
(Burton et al., 2018a; Burton and Callanan, 2018), and this work further demonstrates
the possibilities of electrospun scaffolds in this field. 3D printing has been used
successfully to produce a functional lab scale bioreactor with an effective seal, and no
leaking was seen in any of the 20 devices during their use. Our millifluidic system
demonstrates the potential of 3D printing for producing a lab scale system which is
suitable for cell culture and can be tuned to the user’s needs. We have shown the
device’s potential as a culture platform, maintaining cell life while upregulating key
transmembrane and tight junction proteins, giving a representation of an in vivo system.
This device can be used to provide dynamic culture within a lab environment. The
prospect of growing a full-sized kidney for implantation is unrealistic, especially in the
near future, as challenges still surround the inconsistent seeding of cell to scaffolds
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(Remuzzi et al., 2017) and gaining greater functional capacity of engineered kidney
tissue (Song et al., 2013). The ability to engineer immature organoids, which can then
grow to full size in situ, is a potentially attainable goal that will require a harmony
between engineering and biological solutions.

5.2.4 Conclusion
Presented here is the development of a lab scale 3D printed bioreactor with a simple
assembly for use in kidney tissue engineering. Computational fluid dynamics was used
to gain a greater understanding of the forces delivered to cells, which remained viable
for the duration of the culture period. The device was seen to increase the expression of
key trans-membrane and tight junction proteins, indicating the potential of the
bioreactor to more closely represent the in vivo system. This indicates real promise for
its use as a conditioning tool in kidney tissue engineering. Our research using polymer
scaffolds and a 3D printed bioreactor pushes the bounds of current research and opens
a new area that warrants further investigation.
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5.3 A MILLIFLUIDIC RENAL TUBULE CO-CULTURE
MODEL
This section focuses on the design improvement of the 3D printed bioreactor platform
described in Section 5.2. Capitilising on the success of the latter, modifications and
simplifications have been made to generate a more user-friendly second-generation
bioreactor with greater levels of control. The merits of a dynamic cell culture system
have been displayed in the previous section, the work here sets out a proof-of-concept
co-culture system.
Demonstrated is the control of shear stress on superficial and inferior sides of a scaffold
in a physical renal tubule model, where a low Reynolds number minimises mixing across
the scaffold. This device distributed flow allowing for a reduction in developmental flow
length, and a large chamber height which enables cell expansion without a large effect
on shear stresses within the system. The system has been simplified to allow for use
with normal cell culture media.

5.3.1 Materials and Methods
A comprehensive review of methods can be found in chapter 3, the methods used in the
following section are as follows:




Scaffold Fabrication (3.1)
o

Electrospinning (3.1.1)

o

Scaffold Sterilisation (3.1.2)

o

Plasma Treatment (3.1.3)

Scaffold Analysis (3.2)
o

Mechanical Testing (3.2.1)
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Scanning Electron Microscopy (3.2.2)

Bioreactor Design and Fabrication (3.3)
o

Computer Aided Design (3.3.1)

o

Computational Fluid Dynamics (3.3.2)

o

3D Printing (3.3.3)

o

Evaluation of Fluid Mixing (3.3.4)

Cell Culture (3.4)
o

Static Culture (3.4.2)

o

Dynamic Culture (3.4.3)

o

Cell Viability (3.4.4)

o

DNA Quantification (3.4.5)

o

Cell Imaging (3.4.6)

o

Two-Photon Excitation Fluorescence (3.4.7)

Statistical Analysis (3.5)

5.3.1.1 Scaffold Fabrication
Electrospinning
A nanofibre scaffold was used in this experiment to facilitate the formation of a monolayer of cells. This was spun between a large PCL layer to facilitate easier handling. 2.5
ml of solution was spun on each side to create nano PCL fibres; large PCL fibres spun
from 8 ml of solution formed the centre of the scaffold to aid mechanical stability,
Electrospinning (3.1.1).
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Plasma Modification
Plasma cleaning was performed as described in methods. Initial pressure was lowered
to 400 mTorr, O2 was then introduced and stabilised at 550mTorr before applying
medium power (10.2 W) for 2 minutes.

5.3.1.2 Mechanical Testing
Mechanical testing was performed using an Instron 3367 tensile testing machine
(Instron, Buckinghamshire, UK) with a 50N load cell capacity. Scaffolds were cut into 20
mm by 5 mm dog bone shapes and stressed under tension until failure at a rate of 50%
strain min-1. Nine samples were tested at an ambient temperature of 21°C. Ultimate
tensile strength and Young’s moduli were calculated from the resultant stress-strain
curves (Callanan et al., 2014a).

5.3.1.3 Cell Culture
Specially designed scaffold holders were used to perform the co-culture experiment.
These were based on the Transwell® system using a similar cone shaped top with hooks
to suspend itself above the culture well. Scaffolds were secured in place with a silicon Oring with a lip present at the bottom of the holder securing both the O-ring and scaffold
in place. The simple design allowed for scaffolds to be secured in place by placing the
scaffold over the O-ring then pushing the holder down on top, Figure 5-21. This holder
was intended to increase the seeding efficiency and allow for the co-culture of cells with
a different media added to each compartment.
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Figure 5-21: 3D printed scaffold holder designed to secure the electrospun scaffold in place for co-culture
experiments.

Scaffolds were initially seeded with 100,000 HUVEC cells added to 0.5ml of cell culture
media, and the cells were left to attach for 3 hours (passage 9). 300,000 RC-124 cells
were then seeded in 0.5ml of cell culture media (passage 18). Scaffolds were cultured
for 7 days in static conditions before being place within the bioreactor for the
experiment to begin.
Bioreactors were perfused at 1.7ml min-1 through both inlets, taking care to ensure both
sides were filling at the same rate and to ensure no air bubbles were present at either
side of the tubing. Bioreactors underwent an ‘exercise’ regime, perfusing for 6 hours
each day with static culture for the remaining 18 hours. Figure 5-22 details a schematic
of the process.
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Figure 5-22: This diagram shows the process of cell attachment and device construction. Cells were seeded
to each side using an in house designed scaffold holder for greater seeding efficiency; they were cultured for
a week before device constructed. Flow rate was set to 1.7 ml min-1 delivering 2 mPa of shear stress for 6
hours a day.

5.3.1.4 Cell Viability
Cell viability was assessed using a CellTitre-Blue® assay (Promega) at days 24 and 48
hours. Device scaffolds were placed into a 12-well plate with 400 µL culture media and
80 µL of CellTitre-Blue®, and control scaffolds were transferred to a new well-plate. After
incubating for 2 hours, the fluorescence of media from wells containing the scaffolds
was read using a microplate reader (Modulus II 9300-062, Turner Biosystems) at 520
nm EM 560-640 nm, N ≥ 4 and the average of 3 technical replicates taken per sample.
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5.3.1.5 DNA Quantification
Cell seeded scaffolds were cultured for 7 days in a static condition followed by an
additional 24 or 48 hours in experimental conditions, these were freeze-dried and
incubated in papain digest solution. Incubation took place using an Eppendorf
Thermomixer C at 1200 RPM at 60°C for 24 hours, N ≥ 4 independent replicates.

5.3.1.6 Cell Imaging
For cellular imaging the TPEF microscope was used to image phalloidin and DAPI on
scaffolds, CARS was not used alongside due to the small size of the electrospun fibres.
IHC images of AQP-2 and VWF with phalloidin were taken with a Zeiss Axio Imager
fluorescence microscope.

5.3.1.7 Statistical Analysis
Mechanical data and fibre diameter is presented as mean ± standard deviation, all
other data is presented as mean ± 95% confidence interval. Statistical analysis was
performed using Minitab 18 software. Levene’s test was used to determine whether
variances were to be considered equal. CellTitre blue and DNA quantification data was
analysed using a one-way ANOVA with post hoc Tukey test.

~ 195 ~

Signals

5.3.2 Results
5.3.2.1 Device Development
As with the first-generation bioreactor design, both the flow channel and bioreactor body
were designed separately before being assembled within the CAD software. A total of 19
variations in flow channels and 18 variations in bioreactor design were modelled
(described in the appendices: Second-Generation Bioreactor Modelling). A stand was
used to keep the devices at the same level and to ensure the pressures due to gravity
on each side of the scaffold were close to equal, Figure 5-23. The same sealing method
was used and no leaks were found after running under a high flow rate of 20 ml min-1 for
24 hours. The design proved to be successful in keeping two fluids separate, a desirable
element when culturing different cell types, Figure 5-24 (A & B). Multiplate readings
were taken from samples of fluid from each reservoir and a normalised data set was
calculated from the absorption values; this showed that there was some mixing due to
diffusion across the barrier, but that fluids were still distinct from each other after 96
hours under flow conditions.

Figure 5-23: The experimental setup, devices were
mounted to a stand to keep pressures either side of
the scaffold close to equal.
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A

B

C

Figure 5-24: (A & B) The millifluidic flow in the bioreactor had a low Reynold's number, and so there is no
mixing by convection. This allowed for two different culture media to be used. Shown here are the two media
bottles one coloured blue and one colourless after 24 hours under a flow of 20 ml min-1. (C) A graph
quantifying the amount of mixing between the media bottles, for this a normalised multiplate reading
denoting the level of mixing was taken at 24 and 96 hours at a flow rate of 1.7 ml min-1, a value of 1
indicates completely separate, a value of 0 is thoroughly mixed, N = 3.

Figure 5-25: Grid independence analysis showing modelling of the shear stress values at different X coordinates at 3 Z-positions on the scaffold. Grid independence was found at 960,000 elements.
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Figure 5-26: (A) shows the device highlighting the direction of flow through it. (B) is a contours plot along
the symmetry line of fluid velocity. (C) is a histogram of shear stresses showing the range across the
scaffold. (D) is a contours plot of shear stress on the scaffold.

The design of the device allows for simple construction and deconstruction by hand, in a
fashion which is non-destructive to the scaffold and does not require any additional tools
or fastening mechanism. The CFD solution to the model of the bioreactor was gridindependent at 960,000 elements, Figure 5-25. Figure 5-26A shows the direction of
flow through the bioreactor and Figure 5-26B shows the fluid velocity through a cross
section of the bioreactor. The flow channel was successful in developing flow so that
shear forces were well distributed and a lip before the scaffold stopped direct
impingement, reducing the chances of mixing. The flow channel was successful in
distributing shear stress across the scaffold with over 80% of the scaffold experiencing
shear forces of 18-21 mPa, Figure 5-26C and D.
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5.3.2.2 Electrospun Scaffold
The tri-layered scaffold made handling easier, facilitating simple construction of the
bioreactor. Figure 5-27 shows both the nanofibres and large fibres in the tri-layer
configuration. Nanofibres, on to which the cells were seeded, were 181 ± 57 nm in
diameter, similar to those of extra cellular matrix (Young et al., 2016) and scaffolds were
516 ± 30 µm thick, Table 5-4. Young’s modulus was greatest during 2-4% strain,
decreasing after 4% strain. Ultimate tensile strength was 1.56 ± 0.03 MPa at a strain of
1.1 ± 0.05.

Figure 5-27: An electrospun scaffold comprising nanofibres on both seeded sides, which allowed for
monolayer formation, and a large fibre middle layer to facilitate easier handling. Average fibre diameter was
180 ± 57 nm. Scaffolds were plasma treated to increase their hydrophilicity.
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Table 5-4: Mechanical and physical properties of the electrospun PCL scaffold used inside the bioreactor, N
= 9.

Fibre diameter, nm
Scaffold thickness, µm
Young’s Modulus at % Strain,
MPa

181±57
516±30
0-2%
2-4%
4-6%
6-8%
8-10%
0-10%

4.78±0.71
7.10±0.63
5.93±0.47
4.85±0.41
4.02±0.40
5.74±0.48
1.56±0.03

Ultimate Tensile Strength, MPa

1.10±0.05

Strain at break

5.3.2.3 Cell Viability
Cells remained viable at 24 and 48 hours in all conditions. A Levene’s test confirmed
that variances were equal and a one way ANOVA found significant differences between
groups, F(7,22)=18.10, p<0.001. Post hoc Tukey analysis found where differences lay,
no significant differences were found between the bioreactor and co-cultured scaffolds
at 24 hours but there was a difference at 48 hours (p=0.017). At 24 hours, the viability
of cells with the bioreactor was significantly different from kidney cells grown alone on
scaffolds (scaffold RC-124, p=0.032) and scaffold HUVEC (p<0.001), but was also
significantly different from the bioreactor at 48 hours (p=0.24). At 24 hours there were
significantly more viable cells present on co-cultured scaffolds than RC-124 (p=0.022)
and HUVEC (p<0.001) only scaffolds. There was a significant difference between the
HUVEC cells on scaffolds at 48 hours and the bioreactor (p=0.004), co-cultured scaffold
(p<0.001), and RC-124 seeded scaffold (p=0.007), Figure 5-28.
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Cell Viability
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Figure 5-28: Cell viability assessed via CellTitre-Blue demonstrated the ability to maintain cell viability after
24 and 48 hours in culture, showing clearly more cells on co-cultured scaffolds. Discrepancy in fluorescent
intensity of HUVEC cells on scaffolds is due to their much larger size, and thus less cells per cm. Individual
data points are plotted (N≥4), bars dictate the mean and error bars show the 95% confidence intervals
circles.

5.3.2.4 DNA Quantification
DNA quantity increased in all co-culture cases possibly indicating that cells were
proliferating and then dying, a trend seen in other studies (Oseni et al., 2015; Grant et
al., 2017). A Levene’s test was used and determined that variances were equal and so a
one-way ANOVA was used, significant differences were present F(7,22)=9.71, p<0.001,
with a post hoc Tukey analysis to determine where differences lay. There were no
significant differences seen between bioreactors and co-cultured scaffolds at 24 or 48
hours, Figure 5-29. There were no significant differences in DNA quantity between any
group from 24 to 48 hours. DNA quantity of HUVEC cells on scaffolds were significantly
different at 24 hours to those of bioreactors (p=0.004) and co-cultured scaffolds
(p=0.009), as well as at 48 hours for bioreactors (p=0.001) and co-cultured scaffolds
(p=0.001). DNA quantity of RC-124 cells on scaffolds were significantly different at 48
hours to bioreactors (p=0.014) and co-cultured scaffolds (p=0.013).
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Figure 5-29: PicoGreen assay at 24 and 48 hours showing the DNA quantity per scaffolds. Individual data
points are plotted (N≥4), data is presented as mean ± 95 % confidence interval. Levene’s test was used to
determine whether variances were to be considered equal, analysis was performed using a one-way ANOVA.

5.3.2.5 Cell Imaging
Two-photon excitation fluorescence (TPEF) was used to image actin filaments and the
nucleus of cells on each side of the scaffold, Figure 5-30. The distinct morphologies of
RC-124 and HUVEC cells, which were on opposite sides of the scaffold, can be seen.
This was confirmed with staining for aquaporin-2 (RC-124 cells) and von Willebrand
factor (HUVEC cells), where proteins specific to each cell type can be clearly seen on
each side of the scaffold, Figure 5-31. Actin filaments are clearly more prominent in cells
cultured within the bioreactor than those in a static condition. RC-124 cells exposed
within the bioreactor appeared to have a more rounded morphology than static cultures.
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Figure 5-30: Two-photon excitation fluorescence, DAPI is shown in blue and Phalloidin shown in green for
cells on the HUVECs side of the scaffold and false coloured yellow for cells on the RC124 side of the
scaffold. This clearly shows the cells with a different morphology grown on either side of the scaffold. Actin
filaments are clearly more pronounced in cells grown on the HUVEC side and exposed to shear stress, than
static controls. Cells on the HUVEC side within the bioreactor also produced significant amounts of ECM,
Figure 6-1. Images also highlight the relative size differences of cells on either side of the scaffold.
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Figure 5-31: IHC images, green shows actin filaments, red indicated aqpaporin-2 in cells seeded on the RC124 side of the scaffold and von Willebrand factor in cells seeded to the HUVEC side of the scaffold. The
presence of these proteins confirms the cell type on either side of the scaffold with cells on the opposite
side of the scaffolds not expressing the cell specific proteins, scale bar is 100 µm.
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5.3.3 Discussion
This bioreactor allowed for the control of shear stress to each side of the scaffold, the
low Reynold’s number means that media flow on each side will not mix by convection,
highlighted in Figure 5-24. The flow channel design was the product of an iterative
process, tailoring the entrance region allowed for the development of flow before
reaching the scaffold, without a direct impingement on the scaffold. Developed flow
occurs when the velocity profile of the fluid is parabolic; shear stress during the entrance
length of a fluid varies, it is only when flow is fully developed that fluid shear stress
remains constant. The resultant design is effectively a parallel plate with pre-developed
flow. The static crush method for sealing proved to be watertight in these experiments,
even at maximum pump flow rate of 20 ml min-1 after 24 hours and for the duration of
the study within the cell culture incubator, Figure 5-23 & Figure 5-24.
Within the dual-flow system pressures need to be equal on each side of the scaffold to
prevent the passage of media from one side to the other. To overcome this all tubing
was cut to the exact same length, and a stand constructed to ensure devices were laid
on their side. The stand used to keep the devices level was effective in equalising
pressure to each side of the bioreactor, provided all bubbles were evacuated from the
system. The model of the bioreactor was effective in distributing shear stress across the
scaffold, with over 80% of the scaffold experiencing forces of 18-21 mPa, Figure 5-26;
although, physical experimental validation would be required to verify these findings.
The stress that cells are exposed to is tuneable and directly relates to flow rate; similar
levels of shear stresses have been used previously (Essig et al., 2001; Duan et al.,
2008; Guo et al., 2000; Jang et al., 2011; Cai et al., 2000; Jang et al., 2013; Frohlich et
al., 2012).
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In theory, flow rates and thus shear stresses on either side of the bioreactor can be
different if the resulting pressure difference is accounted for in the head height of the
media reservoir. This is due to Bernouli’s equation:
Equation 5-3: Bernouli’s equation, where 𝑃 is the pressure, 𝜌 is the density, 𝑔 is the acceleration due to
gravity, ℎ is the height of the reservoir, and 𝑣 is the velocity of the fluid.

𝑃1 + 𝜌𝑣12 + 𝜌𝑔ℎ2 = 𝑃2 + 𝜌𝑣22 + 𝜌𝑔ℎ2
Which rearranges to:

ℎ2 − ℎ1 =

𝑃1 − 𝑃2 𝑣12 − 𝑣22
+
𝜌𝑔
2𝑔

A tuneable shear stress makes this bioreactor a unique platform with the potential to
model a more complex system, creating an environment that is closer to in vivo than
current 2D cell culture. Rigid tubing of a fixed diameter may offer a better alternative to
the flexible tubing used here and allow for greater overall control of the pressures within
the system to prevent any unwanted mixing between media reservoirs. This is due to the
fact that the hydraulic resistance of the system can be changed unwittingly, as the
diameter of the flexible tubing is not fixed once flexed, this changes the overall pressure
within the system. Alternatively, hydrostatic pressure could be used alongside the
peristaltic pump to regulate, monitor and control the flow system, preventing mixing
between the fluids. Hydrostatic pressures have been used previously to drive flow within
fluidics systems; Satoh et al. (2016) used an inlet and outlet reservoir to produce
unidirectional flow within their circuit. Check valves were utilised, based on the theory of
Laplace pressures, to prevent backflow into the system when transferring fluid from the
outlet reservoir back to the inlet reservoir. Additionally, a vertical mounting system could
be used with the second generation bioreactor and would be an improvement over the
ones used here, as it would facilitate the escape of any trapped bubbles.
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The tri-layered scaffold allowed for easier handling when constructing the device, adding
an element of rigidity. Previously, materials such as a nickel mesh have been used to
allow for easier handling of nanofibre electrospun scaffolds, this was chosen due to its
lack of toxicity with cells which was assessed by growing directly on the mesh (Slater et
al., 2011). The mesh has an aperture of 19 µm, but the thickness and spacing between
apertures is not noted; one benefit of spinning nanofibres on top of microfibres is an
increased stability and retaining the high porosity of electrospun meshes.
The nanofibres onto which the cells were seeded, had diameters within the realms of
extra cellular matrix (Young et al., 2016). Smaller fibres result in a smaller pore size,
preventing cell penetration into the scaffold and allowing for a monolayer of cells to form
(Cipitria et al., 2011). The nano / microfibre scaffold hybrid resulted in a scaffold with
similar mechanical properties to those produced in previous works using the same
parameters (Chapter 4.2.2.2, Burton et al., 2018). However, in the scaffold presented in
this section Young’s modulus peaked at 2-4% strain as opposed to a steady decrease in
Young’s modulus seen previously (Chapter 4.2.2.2, Burton et al., 2018); this may be due
to alignment of the fibres under tension. Ultimate tensile strength was also comparable
to previous works (Burton et al., 2018a), but strain at break was considerably lower
possibly due to a smaller fibre diameter. The bioreactor has the capacity to be used with
many different scaffold types and materials depending on the user’s needs.
Cells within the bioreactor remained viable after 24 and 48 hours, but significant
differences were seen after 48 hours. This may be accounted for by small sample size,
as DNA quantity was shown to increase from 24 to 48 hours in both co-culture and
bioreactor groups, Figure 5-29. However, this may indicate that cells may be proliferating
before eventual cell death, leading to greater amounts of DNA but fewer viable cells. As
mentioned in Chapter 5.2, unidirectional flow has been shown to increase the size of
endothelial cells and lower their proliferative capacity, although this is typically seen at
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much higher shear stress values (Galbraith et al., 1998; Chiu and Chien, 2011). This
process could be one possible explanation for the lower cell number. Cells within the
bioreactor were ‘exercised’ for 6 hours each day. Our previous work has shown how key
transmembrane, tight junction, and cytoskeletal proteins are upregulated in kidney cells
exposed to fluidic shear stress (Burton and Callanan, 2017); and thus gradual exposure
to shear stress may be employed to modulate change in gene expression as cells adjust
to an ex vivo environment. As cells are cultured in a static condition prior to this study
their expression profile will reflect this; culture within a dynamic environment without
‘pre-exercising’ is akin to a fun-runner pursuing a marathon, and thus cell viability
decreased at 48 hours as key cell attachment proteins may initially have lower
expression (Burton and Callanan, 2017; Puwanun et al., 2018). This strategy should be
explored in subsequent studies to determine the effects within dynamic bioreactor
systems.
TPEF images show that cells on either side of the scaffold have remained separate,
although a complete monolayer had not formed on either side; therefore, in future
studies cells should be left longer to reach full confluence. Due to the nature of the
electrospun scaffolds’ it is difficult to visualise the extent of cell coverage before fixation
and IHC; this could be improved for optimisation through the use of CellTracker®
compounds or HUVEC cells expressing red fluorescent protein (RFP-HUVEC). The effects
of shear stress can be seen by the more prominent actin filament present in HUVEC
cells, a response that has been shown in other studies (Duan et al., 2008; Jang and
Suh, 2010). RC-124 cells appeared to have a more rounded morphology when exposed
to fluid flow shear stress, an observation that has been noted previously (Condorelli et
al., 2009; Jang et al., 2013). Jang et al. (2013) noted that in response to fluid shear
stress, kidney epithelial cells rearrange their cytoskeleton; due to this cell height
increases and activity of brush boarder enzymes rises signalling a transition towards an

in vivo-like cell phenotype. IHC images indicated that cells appear to have remained
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separate on each side of the scaffold and are expressing protein specific to each cell
type; AQP-2 was present on RC-124 cells and VonW expressed within HUVEC cells, these
stains were not expressed in cells on the opposing side of the scaffold signalling that
cells have not penetrated through the scaffold to the other side and may have remained
the same lineage not dedifferentiating due to shears stress (Breyer et al., 2017;
Bonventre, 2003), Figure 5-31.

5.3.4 Conclusion
The bioreactor presented here has shown its capacity to host a co-culture of cells using
two different media types. CFD modelling predicts that it has the ability to distribute the
fluid flow shear stress, providing a level of control by varying the fluid flow rate. This is a
proof of concept device and future work will need to look ensure a full monolayer is
formed in order to look at the potential of this device in studying nephrotoxic substances
and their effects on permeability through the membrane, in conjunction with a marker
for kidney injury.
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SUMMATION
6.1 GENERAL DISCUSSION
The aim of this project was to explore the effects of both scaffolds and signals on kidney
cells. Electrospun polymer scaffolds of different architectures have been studied,
documenting the cellular response as a result of scaffold architecture in terms of cell
viability, gene expression and cell morphology (Burton et al., 2018a; Burton and
Callanan, 2018), and a 3D printed bioreactor has been used to investigate the response
of cells to fluid flow induced shear stress.
Kidney tissue engineering is a rapidly evolving field. In 2014, the key challenges for
producing functional organs were described as: generating sufficient size, creating an
organoid with a 3D structure, providing a urine exit, and defining a suitable cell source
(Davies et al., 2014). Several groups are progressing with the development of a clinically
relevant cell source (Xia et al., 2013; Takasato et al., 2014; Xia et al., 2014; Takasato et
al., 2015; Morizane and Bonventre, 2017a), with different approaches being utilised
(Little and Osafune, 2017). There has been less pursuit of a 3D scaffold; although,
Davies et al. (2014) pointed to the potential for decellularised tissue, in-situ
regeneration and scaffold technologies, but as previously stated the vast majority of this
focus has been on the use of decellularised tissue (Song et al., 2013; Yu et al., 2014;
Poornejad et al., 2016).
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The work presented here explores an alternative: polymer scaffolds and bioreactor
design, a previously neglected areas of kidney tissue engineering, and is intended to
broaden discussion within the field. Polymer scaffolds have been used previously in
kidney tissue engineering predominantly through investigation into hollow fibre
bioreactors (Oo et al., 2013; Aebischer et al., 1987), but also as a conduit for renal
segments (Kim et al., 2003), as well as hybrid synthetic and natural polymer scaffolds
(Slater et al., 2011; Lih et al., 2016). The paucity of research into polymer scaffolds for
kidney tissue engineering leaves many avenues unexplored. The project presented as
part of this PhD is the first study looking at the effects of scaffold architecture on human
kidney cells. This non-woven scaffold path shows that polymer scaffolds can not only
support a cell line (Burton et al., 2018a) but primary kidney cells as well (Burton and
Callanan, 2018). The concepts referred to here have been encouraged by a recently
published book (Basu et al., 2017), chapter 87, which gives an industrial perspective of
kidney tissue engineering and calls for the use of synthetic polymer scaffolds within the
field. However, they stop short of championing the use of bioreactors for prolonged
maturation and recommend utilising the body’s innate regenerative capacity. This
method is akin what we have proposed here: the utilisation of polymer scaffolds as a
conveyor for kidney cells, cultured within a bioreactor for cell conditioning before
implantation; after which cells can mature to a functional organoid and eventually an
organ.
The polymers used in these works are prevalent in tissue engineering research due to
their good biocompatibility, biodegradable nature, mechanical properties, cost, and ease
of manufacture (Woodruff and Hutmacher, 2010; Cipitria et al., 2011; Lim et al.,
2008b). They are by no means the idea polymer choice for use with kidney cells, but
they provide a good starting point to expand upon. In this thesis, it has been shown that
cell can survive and produce a favourable gene response on minimally modified PCL and
PLA electrospun scaffolds; this is promising and indicates that carefully selected
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materials could yield an even better response. Methods such as high-throughput
screening, adopted by the Bradley group, are one such way to efficiently identify
polymers which produce a desired cellular response (Duffy et al., 2014; Khan et al.,
2010; Duffy et al., 2016; Lucendo-Villarin et al., 2014). A recent book titled ‘Kidney
Transplantation, Bioengineering and Regeneration’ dedicates a chapter to synthetic
biomaterials; the authors conclude that a greater effort is needed in this area for kidney
tissue regeneration, and that the synthetic polymers they have described have not yet
been investigated for the design of a bioengineered kidney (Nardo et al., 2017; Katari et
al., 2017). The authors suggest investigation into the use of polyurethanes, in the form
of hydrogels or nano-carriers, to be used for kidney regeneration as they can be tuned to
different mechanical properties and are associated with a high retention time of cells
and drugs (Mattu et al., 2012); these scaffolds would secure cells to their intended
location or provide long-term site specific drug delivery.
Other authors presenting their ideas in different chapters of the same book offer a
different view. Chapter 55 describes a systems engineering approach, stating that
synthetic materials cannot accurately replicate the cellular microenvironment and
favours the use of biopolymer hydrogels with the same mechanical properties as native
ECM (Williams, 2017). Whilst they concede that these biopolymer hydrogels would also
lack the complex microarchitecture, they highlight that there have been recent advances
in 3D bioprinting which can add an extra dimensional capacity to these hydrogel
structures (Homan et al., 2016). There is an argument for an integrative approach,
where a hybrid scaffold created from both a fibrous synthetic scaffold and a hydrogel
may bring advantages from both methods (Rivet et al., 2015; Hong et al., 2011; Xu et
al., 2016). The physical structure provided by the electrospun scaffold will offer a greater
mechanical rigidity suitable to use within a bioreactor system with easier handling for
use in vivo (Xu et al., 2016). However, recognising the ability of kidney cells to self-
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organise is also important and there may not be such a need for accurate geometric
cues (Davies, 2015).
In respect of the first aim of the project ‘to manufacture electrospun polymer scaffolds
of different fibre diameters and morphologies’, this was done successfully utilising
fabrication methods to produce random, aligned and cryogenic scaffolds. A lack of
humidity control within the equipment reduced the overall porosity control of cryogenic
scaffolds, which could be an avenue for future research as humidity has been shown to
be a key factor in determining the porosity of cryogenic scaffolds (Leong et al., 2009).
The standard deviation of fibre diameter was comparable to those presented in other
literature (Christopherson et al., 2009; Lowery et al., 2010). The mechanical properties
of each scaffold appeared to have approximately a 5-10 times difference in Young’s
modulus between cryogenic, random, and aligned, depending on fibre diameter. The
greater porosity of cryogenic electrospun scaffolds gives them a Young’s modulus 5-10
times smaller than random electrospun scaffolds; the fibre orientation of aligned
electrospun scaffolds gives them a Young’s modulus 5-10 greater than random
scaffolds.
The second aim was to assess the cell response to scaffold morphology. In a similar
manner to other tissues, it was found that the architecture does have an effect on cell
attachment (Daud et al., 2012; Huang et al., 2016), but significant differences were not
seen with primary cells on PLA scaffolds in terms of viability. Cell proliferation tended to
indicate that larger fibres were favourable, but not to a significant extent. This is possibly
due to PLA being less favourable for attachment than PCL, or the result of the primary
cells used. For kidney tissue engineering, full integration with the scaffolds is desired,
and thus either a larger fibre diameter or innovative technique such as cryogenic
spinning would be needed for sufficient porosity. Full integration of cells and scaffold
has also been seen to be a problem with decellularised scaffolds with only partial
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recellularisation and cell attaching away from their intended location (Poornejad et al.,
2017; Solez et al., 2018). A potential strategy may then be to view the scaffold as purely
a conveyor that elicits signals for differentiation (Natesan et al., 2011), allowing for the
cells to grow and produce their own ECM. Electrospun fibres are just one method for the
fabrication of scaffolds that could be explored, polyHIPE (Owen et al., 2016), TIPS (Kim
et al., 2016a), and hydrogels (Holmes et al., 2017) could also be assessed for their
suitability in hosting kidney cells.
The cell-line used throughout this study was chosen as it is from non-cancer tissue and
of human origin, as well as for economic reasons. Unfortunately, there is little published
evidence of these cells being used in experiments. The cells have been shown to be
mechanically stiffer than cancer cells (Rebelo et al., 2014), and have a different
expression of cyto- and chemokines (Gelbrich et al., 2017). However, for the scope of
this research they are a good starting point for proof of concept work.
The primary cell extraction method used in this work is just one technique of many
(Joraku et al., 2009), different protocols that may provoke different responses and
should be considered when evaluating results (Oo et al., 2011; Richter et al., 2012;
Taub, 1997). Richter et al. (2012) isolated porcine kidney cells using a similar process,
they expanded cells in a supplemented Dulbecco’s modified Eagle medium (DMEM),
rather than the mixture of KSFM and DMEM that was used in our studies, showing
significant proliferation when cultured on collagen-coated flasks. Taub et al. (1997)
present a protocol of greater detail where a hormonally defined media is supplemented
with bovine insulin, human transferrin and hydrocortisone. Their extraction protocol
involved the dissection of the kidney and separation of the glomerular segments from
tubules using a magnetic stir bar to attract iron-rich glomeruli. Using this method, they
were able to obtain renal proximal tubule cells which grew up to 60 confluent layers
thick in a 35 mm culture dish. Overall, pimary cells are a useful source of different cell
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types and as they are harvested from tissue the cell closely mimic those found in vivo;
limitations surround the genetic variability between batches of primary cells, differences
between donors, and a finite number of divisions (Ramos et al., 2014; Li et al., 2015;
Pan et al., 2009). They were used in these works as a source of a multipopulation of cell
types, as well as an economic and simpler alternative to iHPSC for proof of concept
work.
Other methods of analysis have been used to measure the metabolic capacity of kidney
cells. For example, LDH is released due to toxicity and can be used to measure the
response to nephrotoxic compounds in vitro (King et al., 2017). A study by Fotakis and
Timbrell (2006) compared LDH and MTT as viability assays for a hepatoma cell line and
determined that MTT was most effective at detecting cytotoxic events. A similar study by
Hamid et al. (2004) compared the alamar blue (CellTitre-Blue, resazurin) and MTT
assays for high-throughput screening and determined that both assays provided equally
useful data for the presence of cytotoxicity. However, the resazurin assay has been
shown to produce an overestimation of cell health in some toxicity studies, due to the
accumulation over time (O’Brien et al., 2000). In this work, the CellTitre-Blue assay
proved to be useful as it is not an endpoint assay, it was an effective way to determine
cell viability and provided consistency between studies.
The cell viability data in this thesis was supported by the detection and quantification of
DNA, the picogreen assay used has been shown to be more effective than a quantitative
genomic PCR assay, but less precise than spectrophotometric quantification (OD)
(Haque et al., 2003). However, others have indicated Picogreen’s superiority (Ahn et al.,
1996) due to efficiency in the presence of contaminants (protein, RNA, phenol).
Ultimately, the confirmation of cell presence using two methods and the consistent
approach adopted brings trust in the results gained.
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Analysis by RT-qPCR allowed for the quantification of relative gene expression, although
this does not necessarily indicate the production of complementary proteins due to the
complex mechanisms involved (Anderson and Seilhamer, 1997; Vogel and Marcotte,
2012; Vogel et al., 2010; Khositseth et al., 2011). Where primers were designed,
Primer-BLAST (Ye et al., 2012) was used to incorporate sequences which crossed over
exon-exon junctions to avoid gDNA amplification (if contamination present) and
determine the likelihood of primer dimers. Following purification, OD was used to
determine the quantity of RNA and presence of contamination from phenol/DNA (Haque
et al., 2003). Putting in place these checks increases the confidence in results and is a
well-used strategy for producing reliable PCR data (Bean and Tuan, 2015), although
techniques such as enzyme-lined immunosorbent assay (ELISA) could have been used
to gain similar results. ELISA is a immunoassay which can be used to detect and qualify
proteins, if they can be recognised by an antibody (Merritt et al., 1988); this is a rapid
technique that can test a large number of samples. Both these methods produce valid
results and can be used in conjunction with one another for confirmation (Amsen et al.,
2009).
Cell imaging was done using CARS and TPEF with staining using IHC. CARS is an
effective technique for label-free imaging and was utilised here to image the polymer
scaffolds, to assess the resultant morphology of the cells. Exploiting this technique with
TPEF allowed images of a single plane along the Z-axis, producing high quality images.
High resolution was particularly useful in Chapter 5.2 allowing the resolution of
individual actin filaments. As a technique IHC has its limitations, blocking with buffers
such as gelatine or bovine serum albumin must be performed to prevent non-specific
binding of proteins (Matos et al., 2010). Overall, it is an effective qualitative method for
determining the presence of particular markers and has been used here and previously
to confirm the presence of desired cells (He et al., 2016a).
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Computational fluid dynamics (CFD) is a very powerful tool which allows for the
assessment of a system prior to experimentation, where different designs can be
optimised and factors affecting culture can be studied (Werner et al., 2014). CFD has
been utilised for designing bioreactor systems for other tissues, such as liver tissue
(Mazzei et al., 2010; Pedersen et al., 2016), cartilage (Princz et al., 2016; Nava et al.,
2013), and bone (Iannetti et al., 2016; Guyot et al., 2015). Nava et al. (2013) have
shown that a 2D model of a bioreactor system may not be sufficient for predicting
conditions within the system, showing an overestimation of parameters in their model.
They determine that a 3D model covering a wider region in their study would give more
reliable information regarding oxygen depletion in time and space. Mazzei et al. (2010)
utilised CFD to design a bioreactor for maximum oxygen and nutrient transfer, whilst
keeping resultant shear stresses as low as possible. This is a good example of where
CFD can be used to optimise a device to suit the desired parameters. A similar method
was adopted in this work, utilising CFD to optimise the flow channel design to provide a
distribution of shear stress across the scaffold. Other parameters such as oxygen and
species transfer could be used to gain a better sense of other properties of the
bioreactor. Pedersen et al. (2016) compared the bioreactor designed by Mazzei et al.
(2010) to another commercially available bioreactor and their own design. They
determined that the Mazzei et al. design was best due to its low shear stress to oxygen
diffusion ratio as well as rapid diffusion of test compounds, CFD, enabling the authors to
rapidly assess and optimise the bioreactor designs.
The CFD presented within this thesis is a simplified model and does not take into
account the fibrous nature of the electrospun scaffolds, this could have been performed
by modelling the electrospun scaffold as a porous model (Iannetti et al., 2016) or
utilising µCT (Trachtenberg et al., 2018). However, this would have increased the
complexity of the model and made the solution more computationally expensive (Wallin
et al., 2012). VanGordon et al. (2011) looked at this more complex model, utilising µCT
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to model bone and compared the model to those developed from different scaffold
fabrication techniques. They found that there was not a significant difference in average
value of shear stress as a result of solvent cast and particulate leached and electrospun
scaffolds. It was determined then that cells were responding to the scaffold architecture
rather than resultant shear stresses of their perfusion system; finding that cells
preferred electrospun architecture with higher initial attachment and quicker
proliferation. This study suggests that using a higher computational power may be
unnecessary when modelling at the dimensions and flow rates used within this thesis.
Other dual chamber bioreactors have been designed based on the Mazzei et al. (2010)
design described earlier; they noted that whilst barrier integrity and tight junction
formation increased in dynamic conditions barrier permeability also increased,
mimicking the in vivo situation (Giusti et al., 2014). A pressure difference between top
and bottom chambers was noted and varied depending on the flow rate, causing mixing
between the two chambers. This is a similar design to the first bioreactor presented here
with a dual chamber. It should be noted, however, that this device is intended for the
culture of shear-sensitive cells, but with the passing of media from one compartment to
the next, the recirculation which allowed for low shear stresses in the Mazzei et al.
(2010) study is no longer present. It may be that the shear stress within this bioreactor
is significantly higher than assumed. The commercialisation of this bioreactor by
Kirkstall under the brand name QV600 highlights that designs such as the one
presented within this thesis have merit.
A limitation of this work is the absence of experimental validation of CFD models.
Methods such as laser Doppler anemometry (LDA) (Tropea, 1995) can measure the
velocity of a fluid, and experimentation using such techniques can validate a model
(Naessens et al., 2012); this utilises Doppler shift to measure the velocity in a
transparent fluid. Other techniques include particle image velocimetry (PIV) where
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particles are used to visualise the flow, assuming that when sufficiently small enough
they do not impact upon the flow dynamics (De Boodt et al., 2010). In the experiments
presented in this thesis grid independence analysis was used to validate the CFD model.
Despite the use of this method in other published works (Zhu et al., 2016; Nichols et al.,
2018; Ramaswamy et al., 2014), if the bioreactor is developed further it is strongly
recommended that physical experimental validation is performed.
Other bioreactor systems have opted for this dual-chamber system using CFD to validate
and improve the design (Tuan et al., 2016; Iannetti et al., 2016), and more recently
utilising 3D printing to gain further improvements (Nichols et al., 2018). Nichols et al.
(2018) found that 3D printing allowed them to create a system with a greater complexity
than they have previously been able to achieve. They also comment on the merit of
being able to model and redesign for alternative experiments where needed; this is also
easily achievable with the system presented in this thesis, due to the flow chamber and
bioreactor being designed separately and the ability to 3D print new bioreactor systems.
The merits of 3D printing and CFD and how they can be utilised together, has been
described previously (Randles et al., 2017). Randles et al. (2017) comment on how
these emerging technologies have helped to diagnose and plan treatment for
cardiovascular disease. They explain the two-fold benefit of utilising simulations
alongside 3D printing, complex simulations can be validated through 3D printing and
CFD models can improve treatment planning, particularly for cardiovascular diseases.
3D printing allows for the fabrication of multiple prototypes in rapid time and with lowcost. In this thesis, the synergy of these two tools has also been used together allowing
for a greater understanding of the cellular environment within the bioreactor. The
bioreactors presented here were fabricated from two pieces which screwed together
hosting a scaffold. This was only possible due to 3D printing. If fabricated by other
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methods, such as injection moulding, several pieces would be required with an
increased risk of leakage and failure.
With respect to the aims of the project the first-generation bioreactor was capable of
distributing shear stress evenly across the surface of the scaffold, and the resultant
shear stress provoked a change in gene expression whilst maintaining cell viability. The
second generation bioreactor was designed to improve and further the development of
this initial design. The simplification of the concept, taking away the need for
modification in cell culture media, resulted in a smaller chamber height but allowed for
straightforward experimentation. The theory upholding the belief that media would not
mix due to low Reynold’s number within the system was demonstrated through
experimentation, producing a versatile system allowing for more complex
experimentation than would be possible with the first-generation device.
This project outlines an alternative avenue for kidney tissue engineering and the
bioreactors developed could have an immediate impact within the field. In its current
form the bioreactor could be utilised with iHPSC culture to study developmental biology
of the kidney (Little and Osafune, 2017). Much like the Kirkstall system for low-shear
cell culture (Pedersen et al., 2016), these bioreactors offer an alternative platform with
a high degree of control, with relevant CFD models that allow for initial assessment of
culture conditions before experimentation begins. These bioreactors could be utilised
with other tissues or devices, such as Kirkstall’s Quasi-Vivo mentioned above, to create
kidney-liver models of greater physiological relevance (Choucha-Snouber et al., 2013).
The versatility of the system allows for culture with many different scaffold types and has
applications beyond kidney tissue engineering to any system where mechanical forces
are necessary to create an ex vivo environment.
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6.2 FUTURE WORKS
The work presented here provides an initial exploration into the use of electrospun
polymer scaffolds within kidney tissue engineering. Other groups are beginning to focus
on different fabrication techniques such as TIPS (Lih et al., 2016) but there are still
unexplored avenues such polyHIPEs (Owen et al., 2016), or the use of hybrid scaffolds
(Rivet et al., 2015). Given the potential of electrospun scaffolds in this field, there is no
reason why initial investigation should not be pursued down these other routes. Hybrid
scaffolds such as using electrospun scaffolds with hydrogels could leverage the benefit
from both fabrication methods (Nardo et al., 2017; Williams, 2017). Reinforcement of
hydrogels with electrospun scaffolds would give them greater mechanical stability
creating a construct which could be utilised in dynamic systems such as the one
presented here (Castilho et al., 2018; Rivet et al., 2015). In addition to this, the work
here has focused on a macro scale interaction; however, cells are also reported to
respond to nanoscale topography (Zhong et al., 2013; Frohlich et al., 2013; Hulshof et
al., 2017). The high levels of control leveraged in the production of electrospun fibres
means the nano-level structure can also be controlled (Megelski et al., 2002). The
influence of topography at this nanometre level may also promote better cell attachment
and is an area that warrants further investigation.
There has been less focus on the development of bioreactors for the maturation of
kidney cells, presumably due to the infancy of the field. This will be an important aspect
for a functional organ in a clinical setting. The environment produced clearly has a
profound effect on the expression of the cells and may work to mature and direct
differentiation within a system to one capable of producing urine (Song et al., 2013).
This could be utilised to produce implantable constructs. Systems such as the ones
presented here offer a research platform to investigate methods for the vascularisation
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of tissue, or the culture of system to produce a urine outlet from the engineered system
by allowing for culture within different media.
This system could offer another dimension to the study of kidney development. Recent
developments have differentiated iHPSC into both ureteric bud (Xia et al., 2013) and
metanephric mesenchyme (Qi et al., 2016) cells. In kidney development these cells
signal towards each other eventually forming the kidney and ureter. A dual flow system
such as the one described could be a method to study this interaction or mature cells
within defined environments with individual conditions.
Cell shape is particularly important for epithelial cells, with an increased cell height
associated with the arrangement of basal and apical specific membrane transport
proteins (Jang and Suh, 2010). The presence of fluid flow shear stress has been shown
to induce the polarisation of cells, defining apical and basal sides of cells. Jang and Suh
(2010) showed the rearrangement of cell proteins after 5 hours of fluid flow shear
stress. A deeper investigation into the arrangement of cells on electrospun polymer
scaffolds could be performed by studying the arrangement of transmembrane proteins.
The ability to control the fluid flow shear stress and the media environment each side of
the cells within the second generation bioreactor add a potential new dimension to this
investigation.
With regards to shear stress, there is a potential for the investigation of pre-stressing
cells before the desired flow regime is implemented. We found that cell expression
changed drastically when compared to static cells, this increase was seen visually in an
early failed experiment, Figure 6-1. During an unsuccessful early experiment there was a
significant ECM deposition, HUVEC cells that had undergone shear stress formed sheets
across the sealing O-ring which appeared highly elastic. A gradual introduction of the
desired flow regimen may allow cells time to adjust expression and protein production to
accustom them to their new environment. It may unrealistic to expect a positive
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response from cells immediately upon exposure to shear stress; thus, allowing for an
exercise period may allow the cells time to express for tight junction, cytoskeletal, and
adherent proteins that are under expressed in static, making them more resilient
against stresses.
There are many merits to the systems presented here but further improvements could
still be made to create a more reliable system or improve user experience. The
advantages of 3D printing mean that alternative connectors such as luer-locks as
opposed to luer-slips would enable easier handling for the user. For the secondgeneration bioreactor, rigid tubing connecting individual devices would reduce the
current pressure differences induced by flexible tubing, decreasing the likelihood of
mixing and reducing the difficulty of filling the bioreactors. Creating a stand for the
media reservoir to ensure bottles are exactly level would also help to balance these
pressure differences, and could offer a simple method to adjust system pressure if using
alternate flow rates.

Figure 6-1: ECM production of
HUVEC cells where the ECM
sheet delaminated from
scaffold.

Methods for detecting or removing bubbles could also be improved. Currently the
presence of bubbles within the system will disrupt flow and pressures within the system
and it is necessary to ensure all bubbles have been removed. A redesign to incorporate
a bubble trap may be helpful to minimise disruption within the devices which can have
knock-on effects when culturing devices in series.
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Here we have constructed devices and scaffolds separately. With the rapid expanse and
growth of 3D printing there is a potential to investigate a combined approach by 3Dprinting both the scaffold and external bioreactor. The ability to pre-model the construct
and device would give insights into the forces felt by cells and complex perfused
geometries could be created (Paulsen and Miller, 2015).
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6.3 CONCLUSION
The main aims outlined for this project were: 1. To manufacture electrospun polymer
scaffolds of different fibre diameter and morphologies, with a standard deviation in fibre
diameter of no more than 20%; 2. To assess the impact of electrospun scaffold
architecture on kidney cell response in terms of cell viability, gene expression, and
attachment morphology; 3. To design a lab scale bioreactor modelled using CFD to
deliver a shear stress representative of in vivo conditions; 4. To culture kidney cells
within the lab scale bioreactor, and to assess the response in terms of cell viability and
gene expression.
The project has delivered in respect of all of these aims. Electrospun scaffolds have
been fabricated in different fibre diameters and morphologies from both PCL and PLA.
The variety in mechanical properties as a result of production method and the flexibility
of electrospinning was highlighted, and the standard deviation in fibre diameter was
always less than 20 %. Cryogenic electrospinning demonstrated its use for increasing
porosity to allow for greater cell integration, but at the cost of mechanical strength. RC124 cells grown on PCL scaffolds had a preference for larger fibre diameters in these
studies, and RT-qPCR showed that there was minimal change in gene expression when
compared to cell on tissue culture plastic when using this 3D electrospun architecture.
PLA was shown to host a multi-population of cells, but the architecture appeared to have
had a minimal effect on the viability of primary rat kidney cells.
The 3D-printed bioreactor designs were modelled and show evenly distributed shear
stress across the scaffold through directing the flow. The resultant devices were leak
free and cells remained viable in testing for up to 6 days in culture for the first
generation bioreactor and for up to 48 hours for the second generation bioreactor. The
drastic influence that shear stress has on kidney cells was demonstrated, increasing
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expression of: aquaporin-2, E-cadherin, and cytokeratin 8 & 18, as well as decreasing
the expression of kidney injury molecule-1. The bioreactors designed offer a platform for
further investigation, and the project as a whole should broaden the discussion within
the kidney tissue engineering community, highlighting alternative routes that should be
explored.
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APPENDICES
Chapter 4.3 IHC Controls

Figure 8-1: Scaffolds shown are no cell controls stained in the same manner as scaffolds of interest. It shows
a small amount of auto-fluorescence in the 488 nm channel. The images however are noticeably different
from the scaffolds of interest with distinctly different staining.

Figure 8-2: These scaffolds are no primary controls. Staining for DAPI is clearly seen showing the presence
of cell nuclei. No non-specific staining was seen from the addition of the secondary antibody only, but there
is a small region of auto-fluorescence in the 488 nm channel seen in the right hand picture, however this is
not seen in a region with cells. These images are distinctly different from the other images of scaffolds
obtained in Figure 4-14.
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CellTitre Blue Calibration Curve for RC-124 Cells

Fluorescence signal, arbritrary
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Calibration Curve
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Figure 8-3: A standard curve showing cell number against fluorescence signal in RC-124 kidney epithelial
cells. This graph was used to determine cell number on RC-124 cells seeded on scaffolds. With each
experiment a tissue culture plastic control was used to determine whether the counted number of cells in
the control matched the calibration curve.
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CellTitre Blue Calibration Curve for RPK Cells
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Figure 8-4: A standard curve showing cell number against fluorescence signal in rat primary kidney cells.
This graph was used to determine cell number on RPK cells seeded on scaffolds.

Chapter 4.2 RNA quantity
Table 8-1: The amount of RNA per sample after Trizol extraction. This was diluted to 14ng/ml before
creating cDNA.

N

7 DAYS, ng/ml

LR

LA

14 DAYS, ng/ml

LC

SR

SA

SC

LR

LA

LC

SR

SA

SC

Control

1

96.6

33

42.8

38.6

52.7

37.2

39.7

88.2

51.8

30

47.5

11.4

553.6

2

48.6

43.1

49.1

95.4

25.8

45.1

59.1

54.4

81.5

87.7

79.2

35.6

762.9

3

26.6

39.9

60

43.9

32.4

33.4

44

74.8

34.3

97.3

78.8

60.2

209.6

4

27

42.5

33

52.3

40.1

13.4

45.7

52.7

54

89.3

43.1

37.7

5

72.3

22.3

67.4

55.7

31.4

21.5

47.2

75.4

20.4

120

56.7

37.5
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Chapter 5.2 RNA quantity
Table 8-2: The amount of RNA per sample after Trizol extraction. This was diluted to 14ng/ml before
creating cDNA.

N

7 DAYS, ng/ml

D

XG

NM

1

37.8

83.7

75.2

2

17.8

45.7

53.8

3

29

59.2

38.1

4

19.1

56.2

29.7

5

47.3

14 DAYS, ng/ml

TCP
XG

68.9

TCP
NM

D

XG

NM

TCP
XG

73.7

13.8

35.9

54.2

80.1

68.2

26.7

61.9

35.2

114.7

85.9

79.8

70.3

14.7

48.3

56.8

111.4

85.6

297.7

108.4

20.3

53.9

56.1

84.9

102.9

72.6

79.9

78.7

87.4

35.9

110

TCP
NM

85.7

First-Generation Bioreactor Modelling
Optimising the bioreactor flow channel was an iterative process, and was done to obtain
a uniform shear distribution across the surface of the scaffold. When first developing
models the software was only available upon communal computers within the computer
labs. Unfortunately, this wouldn’t allow the saving of any model files, and so there is an
absence of initial development files, later screen grabs were used to record the output.
Figures 8.1 and 8.2 show
examples of the models
gained.

Figure 8-5: Various initial designs tested in an attempt to distribute
shear stress away from zones where it appear to be high such as the
outlet and the initial contact with the scaffold.
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Test 2

Test 1

Test 3

Test 4

Test 5

Figure 8-6: Development of CFD for the first generation
bioreactor, these are the final iterations of the flow
channel. Test 1 has 75.1% of shear values between 0.07
and 0.12 Pa. Test 2 has 70.1% of shear values between
0.07 and 0.12 Pa., Test 3 has 76.6% of shear values
between 0.07 and 0.12. Test 4 has 50.5% of shear values
between 0.07 and 0.12 Pa. Test 5 has 62.4% of shear
values between 0.07 and 0.12Pa. Test 3 was used due to
the highest percentage coverage of a uniform shear
stress.
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Second-Generation Bioreactor Modelling
Lessons were learned and the latest version of ANSYS (17.1) was used was acquired
when designing the second generation bioreactor.

Media viscosity

Blood analogue

Figure 8-7: Modification to media viscosity was dropped to reduce the complexity
of experiments. Here we can see the effect of media viscosity on shear stress
presented within the device.

Figure 8-8: The effect on shear stress of different flow channels within the bioreactor, MK10 was taken
forward due to its distribution of shear stress across the scaffolds. Modifications were made to the
internals of the bioreactor (designed separately) to further improve the distribution of shear stress.
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Figure 8-9: Iterations of the bioreactor inlet design, attempting to distribute flow,
to allow for development before reaching the scaffold.

A model was run to estimate the pressure within the system, where Bernoulli’s equation
was used to estimate the differences in head height needed between the media
reservoirs. This allowed for different media flow rates to be used and thus different
shear stresses to be generated on either side of the bioreactor. Bernouli's equation is:
Equation 8-1: Bernouli’s Equation. Above shows the original equation, below the rearranged equation
relating fluid head height to pressure ad flow rate.

𝑃1 + 𝜌𝑣12 + 𝜌𝑔ℎ2 = 𝑃2 + 𝜌𝑣22 + 𝜌𝑔ℎ2 .
This rearranges to

ℎ2 − ℎ1 =

𝑃1 −𝑃2
𝜌𝑔

+
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𝑣12 −𝑣22
2𝑔
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displayed in m/s and height is the orange cell in mm.

Figure 8-10: Pressure values are based on CFD model at 6 million elements at inlet and being proportional accepting that P was calculated at 0.04m/s. Speed is
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3D Printing
A Tolerance board was printed using the way2production (W2P) printer to determine
how parts would fit together, Figure 8-11. The ‘Pixel stitch’ feature of the W2P is
temperamental and only works occasionally, but the board offers the ability to test the
fits before determining the design.

Figure 8-11: 3D Printed tolerance board.

ABS toxicology
ABS toxicology was performed when it was the material used for the bioreactor. No
significant differences were found between indirect and control conditions.

ABS Toxicology- 7 days

200
150
100
50
0
Direct

Indirect Control
Condition

Cell Number (X103)

Cell number (x103)

ABS Toxicology- 3 Days
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Urine Supplemented media
It was originally intended that the bioreactor should mimic the urinary system in order to
better represent the conditions of the in vivo system. The idea was to simulate blood
flow on one side of the bioreactor and urine on the other, in order to direct growth. An
artificial representation of urine was used based on the findings presented in Analytical
Biochemistry (Chutipongtanate and Thongboonkerd, 2010). A solution of calcium
chloride dehydrate 0.445 gL-1, potassium chloride 2.25 gL-1, sodium chloride 3.17 gL-1 ,
ammonium chloride 0.805 gL-1, sodium phosphate monobasic monohydrate 0.5 gL-1,
sodium oxalate 0.015 gL-1, sodium sulphate 1.29 gL-1, creatinine 0.45 gL-1, uric acid
0.17 gL-1 (all from Fisher Scientific), urea 12.135 gL-1, sodium phosphate dibasic 0.055
gL-1, sodium citrate tribasic dihydrate1.485 gL-1, sodium bicarbonate 0.17 gL-1 and
magnesium sulphate heptahydrate 0.5 gL-1 (all from Sigma) were measured using scales
and mixed on a rocker overnight and filtered using a 0. 2µm filter.
Survival of cell in urine supplemented media, PBS and low serum media were compared,
Figure 8-12. This idea was dropped as the device was no longer intended for
implantation.

Figure 8-12: Cell viability of cells in different media in comparison to cells grown in normal media.
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The Effect of PCL Scaffold Architecture on Rat Primary Kidney Cells
This experiment is seen within this thesis for PLA from Chapter 4.4.3 Scaffolds, The
Response of Rat Primary Kidney Cells to Electrospun Scaffolds, similar experiments were
conducted with PCL but a full study was not completed due to issues arising when
imaging. Data was gathered for both cell viability and DNA quantification and is
presented here as additional data.

Figure 8-13: Cell viability of rat primary kidney cells , on electrospun PCL scaffolds of 3 different
architectures and 2 fibre diameters as well as thermally induced phase separated scaffolds of two different
solvents. This shows a significant preference for cells on larger fibre diameters but somewhat indifference to
architecture. N>3 independent replicates, error bars are presented as ± 95% confidence intervals.
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Figure 8-14: DNA quantification of rat primary kidney cells , on electrospun PCL scaffolds of 3 different
architectures and 2 fibre diameters as well as thermally induced phase separated scaffolds of two different
solvents. This shows a significant preference for cells on larger fibre diameters but somewhat indifference to
architecture. N=3 independent replicates, error bars are presented as ± 95% confidence intervals.

Bioreactor experimentation

Figure 8-15: The images on left and centre show the media bottle cap made to allow for change of
media in sterile conditions using a T25 filter cap. Tubing is compressed due to silicon inserts
ensuring the system is closed and free from contamination. Right is a cut-out of the device showing
the placement of the scaffold and O-ring.
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Figure 8-18: An early prototype of the device; in this design, luer slip connectors would connect tubing
via the holes and the PDMS window would allow for the introduction of cell into the sealed device.

Figure 8-17: These pictures show the devices being tested for leaks and illustrate the reasons for using
the devices is series. In parallel with each inlet and outlet measuring around 2 metres to reach the
incubator the shear amount of tubing is difficult to handle. Devices were eventually run with 5 per
circuit in series.

Figure 8-16: The first-generation bioreactors during an experimental run.
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Figure 8-19: An example set-up shot of the device, including the seeding window as a way to introduce
cells into the system.

Rat Primary Kidney Cells Exposed within the Second-Generation Bioreactor
An initial experiment was performed using rat primary kidney cells within the secondgeneration bioreactor; the purpose of this experiment was to see how rat primary kidney
cells responded in terms of cell viability and morphology upon an electrospun scaffolds
within the second-generation bioreactor. The experiment was stopped at 6 days and not
continued due to a loss of cell viability due to air bubbles within the group of devices
assessed after 6 days. As a result, only cell viability data was gained. However, this did
show that cells grown on large fibre PCL scaffolds within the second-generation
bioreactor had no loss of cell viability when exposed to 0.01 Pa of shear stress
compared to a static scaffold. This work is currently being continued by a Master of
Research student.
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Cell vaibility of rat primary kidney cells within 2nd
generation bioreactor after 3 and 6 days
90000
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Figure 8-20: Cell viability of rat primary kidney cells within the second-generation bioreactor seeded on
Large fibre PCL scaffolds after 3 and 6 days. Cell were exposed to a shear stress of 0.02Pa. Unfortunately,
air bubbles present within the system resulted in a failed experiment with cell viability after 6 days
significantly reduced. However, this does show that whilst the system was performing as designed up to 3
days there was no significant difference in the cell viability in static or dynamic conditions. N>3 independent
replicates, error bars are presented as ± 95% confidence intervals.
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Abstract
There is a pressing need for further advancement in tissue engineering of functional organs with a view
to providing a more clinically relevant model for drug development and reduce the dependence on
organ donation. Polymer-based scaffolds, such as polycaprolactone (PCL), have been highlighted as a
potential avenue for tissue engineered kidneys, but there is little investigation down this stream. Focus
within kidney tissue engineering has been on two-dimensional cell culture and decellularised tissue.
Electrospun polymer scaffolds can be created with a variety of ﬁbre diameters and have shown a great
potential in many areas. The variation in morphology of tissue engineering scaffold has been shown to
effect the way cells behave and integrate. In this study we examined the cellular response to scaffold
architecture of novel electrospun scaffold for kidney tissue engineering. Fibre diameters of
1.10±0.16 μm and 4.49±0.47 μm were used with three distinct scaffold architectures. Traditional
random ﬁbres were spun onto a mandrel rotating at 250 rpm, aligned at 1800 rpm with novel
cryogenic ﬁbres spun onto a mandrel loaded with dry ice rotating at 250 rpm. Human kidney epithelial
cells were grown for 1 and 2 weeks. Fibre morphology had no effect of cell viability in scaffolds with a
large ﬁbre diameter but signiﬁcant differences were seen in smaller ﬁbres. Fibre diameter had a
signiﬁcant effect in aligned and cryogenic scaffold. Imaging detailed the differences in cell attachment
due to scaffold differences. These results show that architecture of the scaffold has a profound effect on
kidney cells; whether that is effects of ﬁbre diameter on the cell attachment and viability or the effect of
ﬁbre arrangement on the distribution of cells and their alignment with ﬁbres. Results demonstrate
that PCL scaffolds have the capability to maintain kidney cells life and should be investigated further as
a potential scaffold in kidney tissue engineering.

1. Introduction
Tissue engineering is a large multidisciplinary ﬁeld
using a combination of cells, materials and engineering to create functional tissues, with a huge potential
for the treatment of a variety of diseases. There is a
pressing need for further advancement of tissue
engineered (TE) functional organs, with a view to
replacing the dependency on organ donation (NHS
Blood and Transplant 2015) and provide better
models for drug development (Davies 2015). In 2014
alone over 5000 people were registered on the kidney
transplant list in the UK (NHS Organ Donation 2014),
and in 2008/09 over 1.5 million people aged over 18
were diagnosed with chronic kidney disease, around
© 2017 IOP Publishing Ltd

4% of the population (East Midlands Public Health
Observatory 2010).
Kidney TE is still in its infancy but has thus far predominantly focused on two-dimensional (2D) models. Murine foetal cells are the model of choice in many
cases, however, these are not directly translatable to
humans and would not be suitable in a clinical setting
(Ganeva et al 2011, Xinaris et al 2012, Davies and
Chang 2014). A fundamental requirement for the next
translational phase is a three-dimensional (3D) structure, which could be a potential implantation treatment. This has in part been shown by the development
of 3D organoids, such as ureteric buds, which utilise
human induced pluripotent stem cells and have given
rise to a clinically relevant platform of cells (Xia
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et al 2013, 2014, Takasato et al 2014, 2015). These have
shown promise but lack the expansion and functional
capabilities necessary for a TE kidney (Davies
et al 2014).
Decellularised tissue, in-situ regeneration and
scaffold technologies have all been highlighted as
potential routes for TE kidneys (Davies et al 2014).
Decellularised tissue is the most widely explored 3D
kidney TE method, due to its physical and mechanical
properties (Nakayama et al 2010, Uzarski et al 2014,
Yu et al 2014, He et al 2016). Using this technique, a rat
kidney model has been shown to produce urine
in vitro and in vivo; however, barriers for TE kidneys
still remain including optimisation of cell seeding processes, the scaling up of existing strategies, and availability of a feasible cell source (Song et al 2013).
Despite its widespread use in tissue engineering (TE)
decellularised tissue has no standardised protocol,
producing variations between scaffolds (He and
Callanan 2013).
Polymer scaffold have been previously used to create renal units in vivo, this used subcutaneous implantation into a murine model of polyglycolic acid
scaffolds seeded with renal segments (Kim et al 2003).
Another group has utilised natural and synthetic polymers to create an in vitro model of the glomerular
capillary by producing a conﬂuent monolayer of
podocytes and endothelial cells (Slater et al 2011). This
model showed evidence of cell–cell communication
and identiﬁed that both matrix protein and structure
are important for monolayer formation.
The use of polycaprolactone (PCL) has been
explored in many areas of TE using a variety of fabrication techniques (Sachlos and Czernuszka 2003,
Woodruff and Hutmacher 2010). It is an excellent biomaterial due to its mechanical properties and biocompatibility. Tissue engineering applications
include: bone (Phipps et al 2012, Bye et al 2013), cartilage (Steele et al 2014), ligament (Petrigliano
et al 2014), cornea (Baradaran-Raﬁi et al 2016) and
vascular (Wise et al 2011) to name a few. Polymerbased scaffolds, such as PCL, have been highlighted as
a potential avenue for TE kidneys (Moon et al 2016),
but there is little investigation down this stream.
Electrospinning is a fabrication technique used in
TE to produce a non-woven structure with ﬁbre diameters from tens of nanometers to tens of micrometres (Huang et al 2006, Pham Sharma and
Mikos 2006b). This variation in morphology has been
shown to affect the way cells behave and integrate with
the scaffold, larger ﬁbres allow for greater cell integration, nanoﬁbres represent the natural ECM and
aligned ﬁbres have shown to guide neural, vascular
and cornea cell growth (Balguid et al 2009, Wang
et al 2012, Yan et al 2012). Other methods have been
proposed to increase the porosity of scaffolds to allow
for greater cell integration; dual-spinning using a
water soluble sacriﬁcial material allows for a scaffold
with greater porosity (Lowery et al 2010, Phipps
2

et al 2012) and techniques such as cell electrospinning
enable cell to be directly integrated within the scaffold
(Townsend-Nicholson and Jayasinghe 2006,
Jayasinghe 2013).
Techniques such as cryogenic electrospinning
have also been proposed, this utilises the deposition of
ice crystals on a cooled surface as a template for electrospun ﬁbres, giving greater porosity (Bulysheva
et al 2013, Leong et al 2013).
The focus of this work is to explore the potential of
polymer scaffolds for kidney TE. We will examine the
cellular response of human kidney epithelial cells (RC124) to ﬁbre diameter and morphology of electrospun
PCL scaffolds. Due to a paucity of research looking at
the desired environment for kidney cells within a TE
platform this study is vital to gain a better understanding of cellular response.

2. Materials and methods
2.1. Scaffold facrication
Scaffolds of two ﬁbre diameters and three architecture
types were fabricated and will be referred to as: large
random (LR), large aligned (LA), large cryogenic (LC),
small random (SR), small aligned (SA) and small
cryogenic (SC).
2.1.1. Electrospinning
Non-woven electrospun meshes were produced using
an EC-DIG electrospinning platform (IME Technologies, Netherlands). All ﬁbres were collected on a
rotating mandrel covered with aluminium foil, at an
ambient temperature of 23 °C (shown by the sensor)
for aligned and random ﬁbres and 20 °C for cryogenic
ﬁbres (mandrel temperature not measured, mandrel
ﬁlled with dry ice at −78.5 °C), ﬁgure 1. For each
scaffold 4 ml of solution was used.
Large ﬁbres were produced by dissolving 19% (w/
v) polycaprolactone (PCL) (Mn=80 000 Da) in a 5:1
solution of chloroform and methanol, all sourced
from Sigma-Aldrich, UK. A ﬂow rate of 4 ml h−1 and a
0.8 mm needle was used with an accelerating voltage
of +15 kV/−4 kV and a working distance of 230 mm
from needle to mandrel.
Small ﬁbres were created using a solution of 7%
(w/v) PCL in 1,1,1,3,3,3-hexaﬂuoro-2-isopropanol
(HFIP) (Manchester Organics, UK) at a ﬂow rate of
0.8 ml h−1 through a needle bore of 0.4 mm and a
voltage of +14 kV/−4 kV, a working distance of
120 mm was used.
Mandrel speed was set at 250 revolutions per minute (rpm) for random ﬁbres and 1800 rpm for aligned
ﬁbres. Collected ﬁbres were dried in a fume hood
overnight, and cut into 10 mm disks.
Cryogenic ﬁbres were created by ﬁlling the mandrel with dry ice and rotating at 250 rpm, reﬁlling
every hour. The low-temperature spinning causes the
deposition of ice crystals on the mandrel which creates
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Figure 1. A Schematic of the methods used to create the distinct architectures of electrospun ﬁbres.

a greater space between ﬁbres. When complete, cryogenic ﬁbres were transferred to a freeze dryer for 24 h
and cut into 10 mm disks.
2.1.2. Plasma treatment
Scaffolds were sterilised in 70% ethanol for one hour
before washing three times in distilled water and
drying under vacuum for 24 h prior to plasma
treatment. A Harrick Plasma cleaner and PlasmaFlo
gas ﬂow mixer (PPC-FMG-2, Harrick Plasma) was
used to increase the hydrophilicity of the scaffolds for
cell culture. Initial pressure was lowered to 400 mTorr
before introducing O2, pressure was stabilised at
500 mTorr and medium power (10.2 W) was applied
for 30 s. Scaffolds were immediately submerged in PBS
containing 1% antibiotic-antimycotic (Gibco) to prevent hydrophobic recovery and transferred to a nonadherent 48 well plate with 450 μl of cell culture
media.
2.2. Scaffold analysis
2.2.1. Mechanical testing
An Instron 3367 tensile testing machine (Instron, UK)
with a 50 N load cell was used to test scaffolds to failure
in tension. Samples had a gauge length of 20 mm and a
width of 5 mm, with thickness measured using a digital
micrometre, the strain rate was set to 50% strain a
minute. Ultimate tensile strength and incremental
Young’s modulus (between 0% and 10% strain in 2%
intervals) were calculated from stress–strain graphs for
each sample with N 6 independent replicates as
previously described (Callanan et al 2014b).
2.2.2. Scanning electron microscopy
A Hitachi S4700 fuelled emission scanning electron
microscope (SEM) (Hitachi) with a 5 kV accelerating
voltage and a working distance of 12 mm was used to
image scaffolds. Fibres were coated using an Emscope
SC500A splutter coater using gold–palladium (60:40).
2.2.3. Porosity
Estimated porosity was taken by measuring the density
of scaffold and dividing it by the density of the polymer
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as in the equation below:

(

Porosity = 1 -

Density of Scaffold
Density of Polymer

) ´ 100.

2.2.4. Contact angle
A DMK 41AU02 monochrome 1280×960 resolution
camera captured water contact angle with images
taken at a frequency of 5 Hz. A single droplet ejected
from a P20 pipette was recorded over 1 s once in
contact with the test surface, both plasma treated and
non-treated ﬁbre types were tested. Analysis was done
using ImageJ software and a previously developed
method,
the
DropSnake
plugin
(Stalder
et al 2006), N>3.
2.2.5. X-ray photoelectron spectroscopy (XPS)
XPS spectra were taken using a VG Sigma Probe
instrument (ThermoFisher, UK) with an A1 K alpha
radiation source. Full scans used a pass energy of 80 eV
and a step size of 1 eV, C1 and O1 scans used a pass
energy of 20 eV and a step size of 0.1 eV. Peak analysis
was performed using Renishaw Wire2 software. Analysis was of both plasma treated and non-treated for all
ﬁbre types.
2.3. Cell culture
A human kidney primary epithelial cell line (RC-124)
was purchased from cell line services (CLS, Germany).
Cells are from non-tumour tissue of a 63 year old male
diagnosed with kidney carcinoma in 1998, cells are
immortalised and monolayer adherent. Cells were
expanded in McCoy’s 5 A media containing: antibiotic-antimycotic 1%, L-Glutamine 1% and foetal
bovine serum 10% (all media and supplements from
Gibco, ThermoFisher Scientiﬁc, UK). Cultures were
maintained at 37 °C with 5% CO2 and media changed
2/3 times a week, Accutase was used for detaching cells
from culture ﬂask.
A suspension of 100 000 cells (Passage 17) in 50 μl
of culture media was seeded to each scaffold and left to
attach for 1 h before an additional 400 μl of media was
added. Scaffolds were cultured for 7 and 14 days prior
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to further experimentation, with media changed 3
times a week.
2.3.1. Cell viability
Cell metabolism was assessed using a CellTitre-Blue®
assay (Promega, UK). Cell seeded scaffolds at both 7
and14 days were washed 3 times in PBS and 80 μl of
CellTitre-Blue® assay was added to 400 μl cell culture
media (1:5) and incubated for 2 h. Fluorescence was
read using a microplate reader (Modulus II 9300-062,
Turner Biosystems) at Ex 520 nm Em 580–640 nm,
N 4 independent replicates.
2.3.2. DNA quantiﬁcation
Cell seeded scaffolds cultured for 7 and 14 days were
freeze dried and incubated in a papain digest solution
of: 2.5 units ml−1 papain, 5 mM cysteine HCL and
5 mM EDTA in PBS (all reagents from Sigma-Aldrich,
UK) at 60 °C for 48 h and periodically mixed using a
vortexer. Total DNA content of the samples was
calculated using a Quant-iTTMPicoGreen® assay kit
(ThermoFisher, UK) as per the manufacturers’
instructions. Fluorescence was read using a microplate
reader at Ex 490 nm Em 510–570 nm, N 4 independent replicates.
2.3.3. Cell imaging
Scaffolds were washed three times in PBS and ﬁxed
using 300 μl of 3.7% (v/v) formalin solution in PBS
for 10 min, then washed again three times in PBS. A
0.2% (v/v) TritonX-100 solution in PBS was used for
permeabilization, with 300 μl added for 5 min before
washing three times in PBS.
Cells were stained with 300 nM 4′,6-diamidino-2phenylindole (DAPI) (Sigma-Aldrich, UK) in PBS for
10 min then 1 μl of 1000X Phalloidin-iFluorTM514
conjugate (AAT Bioquest, Stratech) in 1 ml PBS with
1% bovine serum albumin for 30 min. Scaffolds were
washed three times in PBS after each stage.
Cells were imaged using a custom multi-photon
microscope. This system consists of a mode-locked
ND:YVO4 laser source (PicoTrain, Spectra Physics) to
generate both a Stokes pulse (6 ps, 1064 nm) and drive
an optical parametric oscillator (OPO) (Levante Emerald, APE). The OPO provides a tuneable excitation
pulse across 700–1000 nm allowing coherent antiStokes Raman scattering (CARS), second harmonic
generation and two-photon excitation ﬂuorescence
(TPEF) microscopy. The two pulse trains are coupled
into an inverted microscope (Nikon BV ‘C1’, Amsterdam, Netherlands) and focused onto the sample with a
25 times water-immersion objective lens with a numerical aperture of 1.05 (XLPlan N, Olympus). Images
from the CARS and TPEF signals were recorded on
two photomultiplier tubes (R3896, Hamamatsu). The
lateral and depth resolution of this objective was measured to be 0.25 and 1.1 μm, respectively (Mouras
et al 2013).
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The CARS signal was generated from the asymmetrical CH2 stretch of the scaffold at 812.5 nm
(2911 cm−1 wavenumbers). The same OPO beam was
used to excite the broad two-photon spectrum in the
Phalloidin and DAPI. The signals were separated with
two dichroic ﬁlter cubes at 649, 570 nm, along with
band pass ﬁlters with transmission peaks at 660, 585,
545 nm for the CARS, Phalloidin-iFluorTM and DAPI,
respectively.
2.3.4. Reverse transcription real-time polymerase chain
reaction (RT-qPCR)
Reverse transcription RT-qPCR was performed in a
two-step process. Cells and scaffolds were homogenised using Trizol® (Life Technologies) and RNA,
DNA and proteins isolated with the addition of
chloroform. RNA was separated by harvesting the
clear supernatant and isolated using an RNeasy kit
(Qiagen) as per manufacturer’s instructions. The
cDNA was obtained from reverse transcription using
an InProm-II kit (Promega), according to manufacturer’s instructions, and a PCR machine (Applied
Biosystems Proﬂex PCR system). Real-time quantitative polymerase chain reaction (qPCR) was carried
using (LightCycler 480 11/96, Roche Diagnostics Ltd)
machine and primers (Sigma-Aldrich) for Glyceraldehyde-3-phosphate
dehydrogenase
(GAPDH)
sequence obtained from Callanan et al (2014a) (forward: 5′-GTCTCCTCTGACTTCAACAG, reverse: 5′GTTGTCATACCAGGAAATGAG), Cytokeratine-18
(KRT-18) designed using Primer-BLAST (Ye
et al 2012) (forward: 5′-CCTGTTAGGTGTGGGTGGAT, reverse: 5′-GAGTGGAGGTGATCAGAGGG),
E-Cadherin (E-Cad) designed using Primer-BLAST
(Ye et al 2012) (forward: 5′-AGCGTATGTGAACTCCCCAA,
reverse:
5′-AGTCCTATTGCCTGCCTGTT), alanyl aminopeptidase
(ANPEP) sequence obtained from Lian et al (2016)
(forward:
5′-TGGCCACTACACAGATGCAG,
reverse: 5′-CTGGGACCTTTGGGAAGCAT) and kidney injury molecule-1 (KIM-1) designed using Primer-BLAST (Ye et al 2012) (forward: 5′TCCGTGGCCCTTTTTGCTTA, reverse: 5′- GGATCAGCGTTCAGATCCAGG) by using SensiFASTTM
SYBR® Hi-ROX kit (Bioline) according to manufacturer’s protocol. The gene expression levels were
normalised using the expression of the GAPDH
housekeeping gene and were presented as a relative
expression. The 2−ΔΔCt method (Callanan et al 2014a)
was used to calculate relative mRNA levels of ANPEP,
AQP-2, E-Cad, KIM-1, KRT-8 and KRT-18 of scaffolds to tissue culture plastic.
2.4. Statistical analysis
Before comparison using ANOVA Levene’s test for
equal variances was used and appropriate statistical
tests were selected. Mechanical data and ﬁbre diameter
is presented as mean±standard deviation, all other
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results are presented as mean ±95% conﬁdence
interval. A one-way Welch’s ANOVA with post hoc
Games–Howell for unequal variances was used to
assess the differences in ﬁbre diameter due to spinning
condition as well as mechanical data and DNA
quantiﬁcation. CellTitre-Blue® and water contact
angle analysis was performed using a one-way
ANOVA with a post hoc Tukey test. Comparisons of
RT-qPCR for scaffolds against tissue culture plastic
were made using a two-tailed Student’s t-test with
either equal or unequal variance dependant on the
outcome of an f-test, statistical signiﬁcance determined by p<0.05.

3. Results
3.1. Electrospun scaffolds
Electrospinning produced scaffolds consisting of nonwoven ﬁbres, spinning at low speed produced random
ﬁbres ﬁgures 2(a), (b), high speed created highly
aligned ﬁbres, ﬁgures 2(c), (d). Cryogenic electrospinning produced scaffolds with visibly greater pores, the
large diameter ﬁbre also produced dense regions of
ﬁbres between more porous zones attributed to the
attraction towards ice crystal peaks deposited on the
mandrel, ﬁgures 2(e)–(h). Fibre diameters were determined from SEM images showing average large and
small ﬁbre diameter and standard deviation of
4.68±0.58 μm and 1.12±0.22 μm respectively,
table 1. Discrepancies were found in ﬁbre sizes of the
same percentage weight solution due to natural
variation in spinning conditions F(2, 197)=99.44,
p=0, diameters of LA ﬁbres were signiﬁcantly
different to both LC and LR p=0, with all small ﬁbre
diameters presenting with signiﬁcant differences to
each other, F(2, 145)=55.34, p=0. Clear differences between large and small ﬁbre diameters can be
attributed to the polymer solution properties for each
scaffold, as viscosity of solution is a big contributor
towards ﬁbre size (Pham et al 2006a, Kumbar
et al 2008, Sill and von Recum 2008). These differences
in ﬁbre diameter and architecture result in stark
differences in scaffold thickness with cryogenic scaffolds at 800 μm thick compared to 90–180 μm for
random and aligned scaffolds, table 1.
Differences can be seen in the mechanical properties of each scaffold due to both ﬁbre diameter and
scaffold architecture. Signiﬁcant differences were
found in both the UTS F(5, 18)=134.8, p=0 and
Young’s modulus F(5, 17)=555.65, p=0 of different architectures for both small and large ﬁbres. Post
hoc tests indicated the effect of ﬁbre diameter on tensile Young’s modulus at 0%–10% strain was signiﬁcantly different in random ﬁbres p=0, but no
signiﬁcant differences were found in aligned or cryogenic. Only aligned ﬁbres demonstrated signiﬁcant
differences in UTS due to ﬁbre diameter, P=0.004,
table 1. There were no differences found in the
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mechanical properties of plasma treated and nonplasma treated ﬁbres (supplementary data is available
online at stacks.iop.org/BMM/13/015006/mmedia).
3.2. Plasma treatment
Plasma treatment was successful in reducing the
hydrophobicity of the scaffold, a comparison of water
contact angle for cast ﬁlms created using 17% w/v
PCL in chloroform/ methanol (5:1) and 7% w/v PCL
in HFIP solutions presented with signiﬁcant differences between plasma 53.1±6.2° and non-plasma
treatment 76.2±3.4° F(3, 24)=44, p=0, no differences were seen as a result of the solvent used, table 2.
It can be seen that plasma treatment resulted in a
signiﬁcant reduction in water contact angle in all
samples, table 1. The water contact angle of electrospun scaffold is somewhat higher than the ﬁlm
counterpart. Water absorption by both random and
aligned scaffolds was instantaneous, cryogenic scaffolds took on average 12 s to full absorb the water
droplet.
XPS conﬁrmed that there was a distinct increase in
the atomic percentage of oxygen (O) present after
plasma treatment. Average O in plasma treated and
non-plasma treated scaffolds was 26.0±1.5% and
21.7±0.7% respectively, and average carbon present
(C) in plasma treated and non-plasma treated scaffolds
was 74.0±1.5% and 78.4±0.7% respectively. Scaffold porosity prevented attaining measurements for
plasma treated SC, table 2.
3.3. Cell viability
The viability of cells, assessed by CellTitre-Blue assay,
showed signiﬁcant differences after 7 days (F(5,
24)=9, p<0.001) and 14 days (F(5, 24)=17,
P<0.001). Variations were seen between ﬁbre diameters at 7 days for aligned (p=0.043) and cryogenic
(p=0.044), and at 14 days for cryogenic (p<0.001).
Signiﬁcance differences between architecture was seen
at 7 days for SR/SC (p=0.0025), and at 14 days for
SA/SC (p<0.001) and SR/SC (p<0.001). The
architecture of large ﬁbres appeared to have no
statistically signiﬁcant effect on cell viability at 7 or 14
days. Although cell viability increased from 7 to 14
days in all cases except SC (ﬁgure 3) the increase was
not statistically signiﬁcant for any group, this may be
as a result of the relatively high seeding density. It is
worth reiterating that scaffolds were cut into 10 mm
disks and thus cells were probably reaching conﬂuence
on scaffolds with any further expansion penetrating
into the scaffolds.
3.4. DNA quantiﬁcation
DNA quantity is absolute per cells and so an increase
in DNA quantity is indicative of cell proliferation.
There was an increase between 7 and 14 days in all
cases, ﬁgure 4. A comparison of the DNA quantity in
different scaffold architectures showed signiﬁcances at
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Figure 2. SEM of electrospun ﬁbres showing the differences of scaffold architecture, (a) large random, (b) small random, (c) large
aligned, (d) small aligned, (e), (g) large cryogenic and (f), (h) small cryogenic.

7 days F(5, 11)=18, p=0, speciﬁcally: SR/SC
(p=0.017) and LR/LC (p=0.024) and at 14 days F
(5, 10)=12, p=0.001, speciﬁcally: SA/SC
(p=0.002). Signiﬁcant differences in DNA quantity
due to ﬁbre diameter were found in random (p=0),
and cryogenic ﬁbres (p=0.014), at 7 days, no
signiﬁcant differences were found after 14 days. The
results reﬂect similarly the results produced using
CellTitre-Blue assay with a greater number of cell
present on scaffolds with a larger ﬁbre diameter
(ﬁgures 3 and 4).
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3.5. Cell imaging
Images taken using CARS and TPEF compounded
results gained by DNA quantiﬁcation and CellTitreBlue, cell seeded to random scaffolds are seen to be
high in numbers and spread between ﬁbres,
ﬁgures 5(a), (b). Aligned ﬁbres have a high number of
cells and appear to be in a highly linear orientation on
large ﬁbres, due to a greater uniformity of ﬁbre
direction, ﬁgure 5(c); the smaller ﬁbre scaffolds did
not, to the same extent, result in the linear organisation
of cells along the ﬁbre, ﬁgure 5(d). The porosity of the
cryogenic scaffolds can be seen in ﬁgures 5(e), (f), cells
have aligned along ﬁbres due to the distance between
adjacent ﬁbres. Cells could be seen throughout a
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Table 1. Mechanical and physical properties of the electrospun scaffolds.
Large

Small

7

Random

Aligned

Cryogenic

Random

Aligned

Cryogenic

Fibre diameter, μm
Approximate scaffold thickness μm
Density of Scaffold
Porosity, % 1 - Density of Polymer ´ 100

4.45±0.47
140
84.9

5.37±0.52
180
82.5

4.47±0.38
800
96.8

1.11±0.16
120
92.6

0.95±0.18
100
88.6

1.29±0.22
800
98.4

Ultimate tensile strength, MPa
Strain at break
Young’s modulus at % strain, MPa

1.45±0.24
4.91±2.59
8.41±1.62
8.01±0.74
6.61±0.50
5.25±0.55
4.07±0.73
6.58±0.51

3.92±0.68
6.05±0.97
36.10±4.25
29.76±2.37
22.73±1.97
16.28±1.99
9.99±1.71
23.05±1.99

0.26±0.10
9.36±1.07
0.24±0.08
0.27±0.08
0.27±0.70
0.26±0.10
0.23±0.05
0.26±0.07

1.60±0.31
5.31±1.24
3.61±0.79
3.57±0.78
3.25±0.63
2.91±0.54
2.54±0.59
3.21±0.63

8.62±1.98
0.81±0.16
18.37±3.86
27.17±4.35
29.92±3.54
26.56±2.71
21.94±2.29
26.66±3.00

0.17±0.06
5.37±1.60
0.12±0.06
0.15±0.07
0.17±0.06
0.17±0.05
0.17±0.04
0.16±0.05

(

)

0–2
2–4
4–6
6–8
8–10
0–10
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Table 2. Element composition, determined by XPS, of scaffold before and after plasma treatment, carbon (C), oxygen (O).
Large

Not plasma
treated
Plasma treated
Water contact
angle at 1 s

Small

Random

Aligned

Cryogenic

Random

Aligned

Cryogenic

C%

77.3

79.3

78.4

78.1

78.8

78.5

O%
C%
O%
Not plasma
treated
Plasma
treated

22.7
75.3
24.7
106.4±3.1°

20.8
75.1
24.9
104.1±7.6°

21.6
71.6
28.4
118.3±9.1°

21.9
74.2
25.8
98.4±27.3°

21.1
73.7
26.3
88.4±7.2°

21.6
—
—
105.5±9.0°

0°

1.1±2.25°

75.1±39.3°

22.3±2.8°

11.3±13.1°

68.1±52.8°

Figure 3. Cell attachment and viability of RC-124 cells at 7 and 14 days on random, aligned and cryogenic scaffolds of two different
ﬁbre diameters. Fluorescence values have been normalised to a well containing 100 000 cells. Data presented as mean ±95%
conﬁdence interval, statistics performed one-way ANOVA using a post hoc Tukey test, N=5, *p<0.05, **p<0.01 and ***
p<0.001.

Figure 4. PicoGreen assay at 7 and 14 days showing the DNA quantity per scaffolds. Data is presented as mean ±95% conﬁdence
interval, statistics performed with a one-way ANOVA using a post-hoc Games–Howel test due to unequal variances, N =5,
*
P<0.05, **P<0.01 and ***P<0.001.

200 μm z-stack image of the cryogenic scaffold (data
not shown), using the CARS and TPEF microscope,
greater than the thickness of both the random and
aligned scaffolds, scattering and signal loss prevented
imaging any deeper into the samples.
3.6. Gene analysis
The RT-qPCR performed used the ΔΔCt method
showing gene expression relative of cell GAPDH to
8

cells grown on tissue culture plastic. This showed a
signiﬁcant increase of relative expression of ANPEP
for all large scaffolds at both 7 days (LR p =0.0019, LA
p=0.012, LC p=0.032) and 14 days (LR
p=0.0066, LA p=0.0028, LC p=0.038), but only
showed a signiﬁcant increase for small ﬁbres on
random (p=0.0037) and cryogenic (p=0.040) scaffolds at 7 days. Relative expression of E-Cad was
decreased at 7 days on small and large aligned
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Figure 5. Two-photon excitation ﬂuorescence (TPEF) and coherent anti-stokes Raman scattering (CARS) images of RC-124 cells on
scaffolds at 7 days (A) LR, (B) LA, (C) LC, (D) SR, (E) SA and (F) SC. Green highlights the actin ﬁlaments, blue shows the cell nucleus
and white is the PCL scaffold; clearly showing the impact of the scaffold architecture on cells growth.

(p=0.0050 and p=0.045 respectively) scaffolds and
small cryogenic (p=0.041), at 14 days large aligned
(p=0.042) scaffolds showed a signiﬁcant increase in
E-Cad expression. KIM-1 expression only showed
signiﬁcant decreases at 7 days in small aligned and
cryogenic scaffolds (p=0.036 and p=0.012 respectively), at 14 days only small cryogenic scaffolds
(p=0.035) showed a signiﬁcant difference compared
to tissue culture plastic. There were no signiﬁcant
differences in the expression of KRT-18 (ﬁgure 6).

4. Discussion
Current research in kidney TE predominantly focuses
on 2D cell culture (Xia et al 2013, Taguchi et al 2014,
Takasato et al 2014, 2015) and decellularised tissue
(Song et al 2013, Peloso et al 2016). Decellularised
tissue is favourable due to its physical and chemical
characteristics that support cells and control cell
physiology (Peloso et al 2016); however, cells produce
their own ECM and synthetic scaffolds can provide a
foundation to build upon (O’Brien 2011). These
synthetic scaffolds are scaled more easily, can be highly
controlled and modiﬁed, as well as offering better
9

safety and repeatability (Saha et al 2007, Dhandayuthapani et al 2011).
There is huge scope for the development of polymer scaffolds for TE complex organs such as the kidney (Wilm et al 2016). The use of synthetic matrices
has been highlighted for use in organoid culture previously, speciﬁcally hydrogels (Schutgens et al 2016),
however, electrospun polymer scaffolds have also been
used with renal cells (Kim et al 2003, Slater et al 2011).
These experiments using electrospun scaffolds did not
consider the mechanical or physical properties of the
scaffolds and the effect this has on the cells. It is well
documented that changes is ﬁbre diameter and orientation induce a response of the cells in many tissue
types (Balguid et al 2009, Wang et al 2012, Yan
et al 2012), but the effect on renal cells has been
ignored until now. The diameter of the ﬁbre determines the pore size of the scaffold, and this determines
how well cells will penetrate into a scaffold (Baker
et al 2008, Balguid et al 2009, Ju et al 2010). Techniques
such as cryogenic electrospinning have shown to create structures with a much greater porosity, enabling
cell inﬁltration throughout the scaffold (Leong
et al 2009, Bulysheva et al 2013, Leong et al 2013); this
can be controlled by modifying the humidity of the
spinning environment, changing the amount of ice
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Figure 6. RT-qPCR data presented using the 2−DDCt method showing the expression relative to GAPDH of four genes: (a)ANPEP, (b)
E-CAD, (c) KIM-1 and (d) KRT-18 to GAPDH, compared to cells grown on tissue culture plastic. Data shown as mean±95%
conﬁdence interval with statistics performed using a Student’s t-test with equal or unequal variances, depending on the outcome of an
f-test. *P<0.05, **P<0.01.

crystal formation on the cooled mandrel (Leong
et al 2013). It is essential in the culture of a complex 3D
system for a distribution of cells throughout the scaffold, increasing the porosity within electrospun scaffolds by cryogenic electrospinning allows for this
greater cell distribution.
The results from our mechanical testing show the
breadth of physical properties that can be obtained by
electrospinning, table 1. The difference seen in
Young’s modulus due to ﬁbre diameter is similar to
that seen in previously published work (Simonet
et al 2007, Wong et al 2008). In our experiments LA
scaffolds have a Young’s modulus around 90-fold larger than large cryogenic scaffolds, small ﬁbres in the
same case presented with a 160-fold change, table 1.
Interestingly, LA ﬁbres give a larger Young’s modulus
in the ﬁrst 4% strain before a decline of around 3 MPa
for every 2% strain compared to SA counterparts;
initial lower values at 0%–2% strain could be partly
explained in the fact that SA ﬁbres appear to be less
uniform than LA. This mechanical strength does come
at the cost of porosity. Cryogenic scaffolds have a
much greater porosity and a Young’s modulus have
much less variance between 0% and 10% strain when
compared to random and aligned scaffolds. To get the
optimal combination of porosity and mechanical
strength hybrid scaffolds can be created to form a
10

construct with the most desirable properties (McCullen et al 2012).
An important ﬁnding from our study showed that
plasma treatment increases the hydrophilicity of the
scaffolds, which correlates with previous studies (Martins et al 2009, Yan et al 2013, Suntornnond et al 2016,
Ghobeira et al 2017), showing an altered surface chemistry whilst retaining the same mechanical properties.
The increase in surface oxygen is a direct result of surface oxidation due to O2 plasma treatment (Martins
et al 2009, Jordá-Vilaplana et al 2014). This results in a
dramatic increase in the hydrophilicity, as demonstrated through water contact angle tests, table 2. Surface roughness is also known to increase the water
contact angle of materials (Yuan and Lee 2013), with
the high surface roughness of cryogenic scaffolds
resulting in a delayed absorption of water.
An interesting observation we noted in the present
study was how these different scaffold architectures
effect the viability and attachment of kidney cells. As
dictated in previous studies on neural and vascular
cells (Christopherson et al 2009, Daud et al 2012,
Wang et al 2012), ﬁbre diameter does affect the viability of cells. Similarly to our results Christopherson
et al (2009) and Daud et al (2012) found that when
ﬁbre diameter is around 1–1.5 μm cells have a lower
proliferative capacity. Although, in the Christophereon et al study the comparison is to nanoﬁbres, our
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study, similarly to Daud et al demonstrated a comparable result with respect to larger ﬁbres, which may be
down to points of attachment. Where there are nanoﬁbres cells have several points of attachment and can
spread themselves between ﬁbres, as ﬁbres diameter
increases so does pore size; at larger ﬁbre diameter
cells can wrap around individual ﬁbres for attachment,
there may be a critical point at around 1 μm where
cells cannot determine whether to spread between
ﬁbres or attach along individual ones, this response
will obviously vary depending on the size of the cell
itself. Our results showed that kidney epithelial cells
have a preferential for larger ﬁbre diameter, further
investigation would be necessary to determine whether a nanoﬁbre would be preferential, although this
would give rise to a decrease in cell inﬁltration which
would be undesirable for 3D cell culture.
Despite a lower number of viable cells on LC compared to LR and LA scaffolds the difference was not a
signiﬁcant, ﬁgure 3. This was not that case with small
scaffolds where both SR and SA scaffolds had a signiﬁcantly higher cell viability. The lower number of
viable cells on cryogenic scaffold may be attributed to
poor seeding efﬁciency, this is corroborated with the
DNA quantiﬁcation results where the DNA quantity,
particularly in LC at 7 days is signiﬁcantly higher compared to other scaffold types suggesting cells that fail to
attach become entrapped, ﬁgure 4. The DNA data follows similar trends to the cell viability data but it does
highlight that cells may be dying between 7 and 14 days
as DNA quantity has a greater relative increase than
cell viability, this is particularity the case for the SC
scaffold as cell viability decreased slightly yet DNA
quantity increased. It should also be noted that the
RC-124 cell line used was monolayer adherent which
could affect the proliferative capacity, especially with
regards to the cryogenic scaffold.
Another important ﬁnding of this study is the distinct morphological differences of cells grown on the
different architectures, with similar ﬁndings reported
in the literature (Yan et al 2012, Huang et al 2016,
Mahjour et al 2016). Our random scaffolds show cells
in a more rounded morphology, spread between
numerous ﬁbres. Alignment of cells is clearly seen in
large ﬁbres with cells spread along ﬁbres, this is not as
clearly seen in smaller ﬁbres which could be partly due
to ﬁbres being less uniformly aligned. Cell organisation on cryogenic scaffold acted similarly to aligned
scaffolds in that cells attached themselves along individual ﬁbres, ﬁgure 5. These results are analogous to
those presented by Huang et al (2016) who showed an
increased interaction of cells with PVA-gelatin scaffolds compared to PVA alone where spreading of cells
suggests good adhesion between ECM proteins and
scaffold. This cell spreading on plasma treated electrospun PCL scaffolds is beneﬁcial to groups studying the
effect of external mechanical stimulus on cells, especially in the case of aligned scaffolds. As previously
mentioned ﬁbre diameter dictates pore size and thus
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cell penetration into the scaffold. We were able to
visualise cell penetration through a 200 μm z-stack in
LC scaffolds, a depth that is thicker than both LR and
LA scaffolds. Balguid et al (2009) have shown that the
larger the ﬁbre diameter the more even the distribution of cells throughout the scaffold. To this we can
add that if porosity is increased by other means, such
as cryogenic electrospinning, then cell can be better
distributed. This is fundamental to 3D organoid culture, if researchers are to engineer complex organs
cells need to be distributed throughout a scaffold. The
issue of cell distribution has been raised with the use of
decellularised tissue, getting cells to the correct site
and the sheer number of cells needed is problematic
(Song et al 2013, Remuzzi et al 2017). Polymer scaffold
could be used as a conveyor for kidney cells, providing
the mechanical stability and favourable environment
whilst allowing cells to use their innate reorganisation
potential to create kidney precursors (Ganeva
et al 2011, Davies and Chang 2014, Takasato et al 2014,
Davies 2015).
Notably the gene proﬁle ﬁndings from this study
align with previous reports, ﬁbre diameter has shown
to affect the gene expression of cells (Hodgkinson
et al 2014, Wang et al 2014, Bean and Tuan 2015), and
cryogenic scaffolds have shown to effect the behaviour
of scaffolds and give a better representation on an
in vivo environment for drug development (Bulysheva
et al 2013). We found that small diameter ﬁbres at 7
days had a signiﬁcant reduction in KIM-1 expression
compared to tissue culture plastic in both aligned and
cryogenic scaffolds, possibly indicating healthier cells,
ﬁgure 6(C) (Waanders et al 2010). There were no signiﬁcant increases in KIM-1 in any ﬁbre diameter, and
no signiﬁcant differences in expression of KRT-18
showing normal gene expression for cells, ﬁgure 6.
There was no signiﬁcant decrease of E-Cad expression
after 14 days showing normal function of cells, a signiﬁcant decrease in E-Cad expression has been attributed to be an indication of kidney tumour cells,
ﬁgure 6(B) (Straube et al 2011). ANPEP is a key marker
for proximal tubular epithelial cells and an upregulation was seen in SR and SC scaffold at 7 days but not at
14. Interestingly, ANPEP expression at 7 and 14 days
in all large scaffold was signiﬁcantly different from
cells grown on tissue culture plastic, ﬁgure 6(A). This
may be of some concern as ANPEP is associated with
human solid tumours (Fontijn et al 2006); however, it
should be noted that the 95% conﬁdence intervals of
fold expression, in all cases except LR and LA at 7 days,
is in the range of tissue culture plastic.
Our focus on singular morphologies is an initial
starting point in the investigation of scaffolds for kidney TE. Notably it has been shown that hybrid scaffolds have the potential to compound the beneﬁts of
different architectures, such as utilising the mechanical properties of aligned scaffolds with the increased
porosity or larger random or cryogenic ﬁbres (Pu
et al 2015). The growth and maintenance of RC-124
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cells shows that electrospun scaffolds can support kidney cell life, but cell viability on random and aligned
scaffolds can only be loosely compared to cryogenic
scaffolds due to the monolayer adherent nature of the
cells. These ﬁnding highlight the potential of electrospun scaffolds and justify the need to investigate the
response of primary or multipotent cells grown on singular or hybrid morphologies.
Another important factor to consider is the scaffold chemistry which has a profound effect on cellular
response (Saha et al 2007, Collins and Birkinshaw 2013, Kharaziha et al 2013, Shah et al 2014).
While we have shown the ability of plasma treated
polymer electrospun scaffolds to support kidney cell
life further investigation is needed to determine optimal surface chemistry to enhance cell response; this
could be done using high throughput systems such as
the microarray technique (Khan et al 2010).

5. Conclusion
Our work shows the ability of electrospun scaffolds to
host kidney cell life. Larger ﬁbre scaffolds better
support kidney cells compared with scaffolds of
around 1 μm, these larger ﬁbres also allow for greater
cell integration due to a greater porosity. Techniques
such as cryogenic electrospinning can increase porosity further, allowing for better cell integration, and
could be used as part of a hybrid scaffold to obtain
optimal scaffold properties. Our work gives justiﬁcation to explore the use of electrospun scaffolds within
kidney TE to support primary or pluripotent cell life.
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Abstract Chronic kidney disease is a major global health problem affecting millions of people; kidney tissue engineering
provides an opportunity to better understand this disease, and has the capacity to provide a cure. Two-dimensional cell
culture and decellularised tissue have been the main focus of this research thus far, but despite promising results these
methods are not without their shortcomings. Polymer fabrication techniques such as electrospinning have the potential to
provide a non-woven path for kidney tissue engineering. In this experiment we isolated rat primary kidney cells which were
seeded on electrospun poly(lactic acid) scaffolds. Our results showed that the scaffolds were capable of sustaining a multipopulation of kidney cells, determined by the presence of: aquaporin-1 (proximal tubules), aquaporin-2 (collecting ducts),
synaptopodin (glomerular epithelia) and von Willebrand factor (glomerular endothelia cells), viability of cells appeared to
be unaffected by fibre diameter. The ability of electrospun polymer scaffold to act as a conveyor for kidney cells makes
them an ideal candidate within kidney tissue engineering; the non-woven path provides benefits over decellularised tissue
by offering a high morphological control as well as providing superior mechanical properties with degradation over a
tuneable time frame.
Keywords Kidney tissue engineering  Scaffold architecture  Electrospinning  Primary cells  Renal

1 Introduction
Chronic kidney disease (CKD) is a major worldwide health
problem which attributes to 1.5% of deaths worldwide [1].
Current treatment involves dialysis and eventual transplantation; dialysis is a costly technique which constrains
day to day life [2]. In 2016 there were 5275 people on the
transplant list in the UK alone [3], this places huge stresses
on health care providers as demand outstrips supply.
Recent strategies to overcome these shortcomings in
transplants are mainly focused on social policy with a new
system of presumed consent being proposed [4]. Additional
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to this there are new avenues and endeavours in bioartificial
kidney
devices
acting
as
miniaturised
implantable dialysis devices which are showing great
promise [5]. Furthermore, kidney tissue engineering is one
avenue that could provide a better basis for treatment and
understanding of CKD and has the unique potential to help
meet the ever-growing demand for organs.
Initial success in kidney tissue engineering have shown
potential as a testing platform for nephrotoxicity [6].
Current research has focused on simple microfluidic [7–11]
and co-culture [12, 13] models representing structures such
as the proximal tubules [7–9, 11] or glomerulus
[10, 12, 13]; other approaches have included the use of
embryonic or induced pluripotent cells cultured on tissue
culture plastic creating immature kidney organoids
[14–16]. A key element missing from these approaches is a
3D scaffold capable of providing mechanical strength,
architectural cues and structure.
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It is well documented that a 3D structure affects many
different cell types [17–20] and could quite possibly be a
crucial element of kidney tissue engineering. Decellularised tissue is currently the predominant vehicle for 3D
kidney cell culture with impressive advances made
[21–24]. This involves flushing detergent through renal
tissue to wash out cells and DNA. This acellular extracellular matrix (ECM) is then recellularized and in some
cases has been documented to produce rudimentary urine
[25]. However, the decellularisation of tissue is not a
simple process and the material left behind is often poorly
characterised and mechanically weak [21, 26, 27], added to
this the formidable task of recellularization [28] yielding
enough uncertainty that other avenues should be pursued
alongside.
Biomaterials such as polymer scaffolds have been
investigated for kidney tissue engineering in a limited
capacity, predominantly through investigation into hollow
fibre bioreactors [29] but also as a conduit for renal segments [30]. Synthetic polymers, such as PLGA, have also
been combined with natural ECM and have shown to
enhance biocompatibility and reduce hydrophobicity of
scaffolds compared to PLGA alone [31]. The paucity of
research in polymer scaffold for kidney tissue engineering
leave many avenues unexplored.
Electrospinning is a technique that has been utilised in
many areas of tissue engineering to yield non-woven fibres
resembling the ECM [32]. The technique produces consistent scaffold properties that can be precise when environmental parameters are finely controlled, including
humidity, temperature, polymer concentrations, voltage–
power, grounding and flow rate [33]. Morphologies of
electrospun scaffolds can also be controlled and can affect
how cells behave, larger fibres result in greater cell integration, nanofibers give a better representation of ECM and
aligned fibres can induce linear orientation of cells [34–36].
Techniques such as cryogenic electrospinning have also
demonstrated to increase the porosity of scaffolds allowing
for greater cell integration [37]. In kidney tissue engineering electrospun collagen has been utilised to model the
glomerular capillary wall, with evidence of cell–cell
communication [13]. Electrospun polycaprolactone has
previously been used for culturing epithelial and endothelial cell and shown to support cell life. Cells were seen to
migrate into scaffolds, an outcome which is highly desirable for a multi-cell population required to create an
organoid [38].
We have previously shown the ability of electrospun
scaffolds to support a kidney cell line [39]. Here, for the
first time to the authors knowledge, we study the growth of
a multipopulation of rat primary kidney cells on poly(lactic
acid) scaffolds of differing morphologies. With there being
a distinct lack of research into polymer scaffold for kidney
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cells, here we show their intrinsic potential as a microenvironment that can maintain multiple cell phenotypic
characteristics.

2 Materials and methods
2.1 Electrospinning
Poly(lactic acid) (PLA) (Goodfellow, UK) was spun at 3
different percentage weight by volume solutions in
1,1,1,3,3,3-hexafluoro-2-isopropanol (HFIP) (Manchester
Organics, UK). Small fibres were created from a 10% w/v
solution at ? 17, - 2 kV with a flow rate of 0.5 ml/h at a
needle to mandrel distance of 140 mm, needle bore of
0.4 mm. Medium fibres were created from an 18% w/v
solution at ? 15, - 4 kV with a flow rate of 4 ml/h at a
needle to mandrel distance of 200 mm, needle bore of
0.8 mm. Large fibres were created from a 22% w/v solution at ? 16, - 4 kV with a flow rate of 4 ml/h at a needle
to mandrel distance of 23 mm, needle bore 0.8 mm.
Cryogenic fibres were created using the same parameters
but with a mandrel filled with dry ice (- 78.5 °C), topping
up with dry ice each hour. The low temperature causes ice
crystal deposition on the mandrel, increasing the porosity
of scaffolds. After spinning the mandrel is freeze dried for
24 h, leaving behind a cryogenically modified scaffold. All
fibres were spun at 250 rpm on to a mandrel covered in
aluminium foil with 16 ml of solution used for each scaffold. Electrospun sheets were dried in a fume hood for 24 h
to remove residual solvent and cut into 10 mm disks ready
for cell seeding.
2.2 Mechanical testing
Mechanical testing was performed using an Instron 3367
(Instron, UK) tensile testing machine. A gauge length of
20 mm and width of 5 mm was used for test pieces and
thickness was measured using a digital micrometre. Samples were strained at 50% strain per minute with ultimate
tensile strength and incremental Young’s modulus (between 0 and 5% strain in 1% intervals) calculated from an
N C 5 independent replicates, as previously described
[40].
Estimated porosity was calculated by measuring the
density of the scaffold and dividing it by the known density
of PLA, as in the equation below:


Density of Scaffold
Porosity ¼ 1 
 100
Density of Polymer
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2.3 Scanning electron microscopy
Fibres were coated using an Emscope SC500A splutter
coater using gold–palladium (60:40). A Hitachi S4700
fuelled emission scanning electron microscope (SEM)
(Hitachi) with a 5 kV accelerating voltage and a working
distance of 12 mm was used to image scaffolds.
2.4 Primary rat kidney isolation
Kidneys were taken from a 4-week-old female Sprague–
Dawley rat and washed in Krebs–Ringer bicarbonate buffer
supplemented with 1% antibiotic/antimycotic (anti/anti).
The renal capsule and adjacent connective tissue were
removed, and kidneys washed before placing in a falcon
tube containing Krebs–Ringer and anti/anti. Kidneys were
transferred to a cell culture hood and minced in a petri-dish
using a scalpel. Minced tissue was incubated in collagenase
from clostricium histolyticum (Sigma-Aldrich, UK) at a
concentration of 0.625 mg/ml for 30 min at 37 °C, 2 kidneys per 12.5 ml. Following, the solution was filtered
through a 70 lm cell strainer and neutralised with Dulbecco’s Modified Eagle’s Medium (DMEM) supplemented
with 1% anti/anti and 10% foetal bovine serum (FBS). The
solution was centrifuged at 500 g for 5 min and the
supernatant discarded. Cells were resuspended in a 1:1
ratio of DMEM and keratinocyte serum-free media
(KSFM) supplemented with 25 mg bovine pituitary extract
and 2.5 lg epidermal growth factor, 5% FBS and 1% anti/
anti. Cells were plated with 2 kidneys in 5 T175 flasks and
cultured for 24 h before washing with PBS and replenishing media. Protocol adapted from He et al. [21] and
Joraku et al. [41].
2.5 Cell seeding
Scaffolds were sterilised in 2-propanol for 30 min before
washing 3 times in phosphate buffered saline (PBS).
Trypsin–EDTA 0.05% was used to lift cells from culture
flasks, neutralised in cell culture media and centrifuged at
500 g for 5 min. In 12 well suspension plates, 400,000
cells (p1) were seeded to each scaffold in 50 ll media and
left to attach for an hour before adding an additional 400 ll
media. Cultures were incubated at 37 °C in 5% CO2 for 3
and 7 days and media was changed every 2 days.
2.6 Cell viability
A CellTitre-BlueÒ assay (Promega, UK) was used to
evaluate cell viability. Scaffolds were placed in a new 48
well suspension plate and washed 3 times in PBS, 480 ll of
stock solution (5:1, media/assay) was added to each scaffold and incubated for 2 h. Fluorescence was read using a

microplate reader (Modulus II 9300-062, Turner Biosystems) at Ex 520 nm Em 580–640 nm, N = 4 independent
replicates. A standard curve was used to estimate cell
number.
2.7 DNA quantification
Scaffolds were washed 3 times in PBS and freeze dried for
24 h. Each scaffold was incubated within an ultrasonic bath
(6 litre Cavitek Digital, The Allendale Group, UK) in
300 ll of a 2.5 units/ml papain digest solution, 5 mM
cysteine HCL and 5 mM EDTA in PBS (all reagents from
Sigma Aldrich, UK) at 60 °C for 24 h with periodic sonication. Total DNA content of the samples was calculated
using a Quant-iTTM PicoGreenÒ assay kit (ThermoFisher,
UK) as per the manufacturers’ instructions. Fluorescence
was read using a microplate reader at Ex 490 nm Em
510–570 nm, N = 4 independent replicates.
2.8 Immunohistochemistry imaging
Scaffold were washed 3 times in PBS and fixed in a 3.7%
(v/v) solution of formalin and PBS for 10 min, followed by
3 additional washes. Permeabilization was performed using
a 0.05% TWEEN in a 10 mM Tris and 1 mM MEDTA
solution, scaffolds were incubated in 300 ll for 1 h before
washing 3 times.
Scaffolds were dehydrated in 2-propanol solutions
graduating from 30 to 100% for 10 min in each. Scaffolds
were then left in a solution of 2-propanol and polyester wax
(1:1) at 50 °C overnight. Next, scaffolds were placed in
polyester wax for 3 h and then fresh wax overnight at
50 °C. Scaffold were halved and blocked for sectioning
into 35 lm slices.
Cell were stained for DNA using 0.1 mg/ml 40 ,6-diamidino-2-phenylindole (DAPI) (Sigma-Aldrich, UK) in
PBS for 10 min. IHC was performed to establish the
presence of key cell types including, primary antibodies
aquaporin-1, aquaporin-2 and synaptopodin (Stratech, UK)
were used at a 1 lg/ml dilution, von Willebrand factor
(Abcam, UK) was used at 2 lg/ml (Fig. 1), and scaffold
were incubated overnight in 10 ll, no-primary controls
were used. Alexa Fluor 488 anti-rabbit IgG (ThermoFisher,
UK) was used as a secondary antibody and left to incubate
for 1 h before performing 3 washes, 5 min each. Imaging
was done using a Zeiss Axio Imager fluorescence
microscope.
2.9 Statistical analysis
Data was tested using Levene’s test for equal variance
before statistical analysis was performed in order to select
appropriate tests. Electrospun fibre diameters were
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analysed using a one-way ANOVA with post hoc GamesHowel test. CellTitre blue and mechanical data was analysed using a one-way ANOVA with post hoc Tukey pairwise comparison; as data had a slight positive skew it was
transformed by natural log giving a more normal distribution. Data on electrospun fibres is presented as
mean ± standard deviation, all graphs are presented as
mean ± 95% confidence interval, circles on graphs denote
individual data points.

3 Results
3.1 Electrospun fibres
Non-woven fibres were created by electrospinning, it is
clear that the variation in spinning parameters produced
Fig. 1 A diagram of the kidney
showing the structure of kidney
including the nephron and
glomerulus, highlighting the
location of key cell types,
representative IHC images are
taken from large scaffold at
7 days, scale bar is 100 lm

scaffolds of significantly different fibre diameters,
F(3,87) = 2274, p = 0 (Fig. 1). Discrepancies were found
between cryogenic and large fibre diameters, despite
spinning using the same parameters, which is as a result of
natural variation between spinning sessions and colder
spinning environment. Cryogenic electrospinning produced
a scaffold 5 times thicker than spinning with traditional
methods, this rise in thickness dramatically increases the
porosity from 82.5% for large fibres spun using the same
parameters to 97%, but it does come at the cost of
mechanical strength, Table 1.
The Young’s modulus at 0–5% strain was analysed by
one-way ANOVA, this analysis showed a significant difference between scaffolds F(3,21) = 103.32, p = 0,
Table 1. Post hoc analysis using Tukey test showed that all
scaffolds at 0–5% strain, except medium compared to large
fibres, were significantly different to each other, p \ 0.001.

Collecting duct (Aquaporin-2 )

Proximal tubules (Aquaporin-1 )

DAPI

Glomerular endothelia
(Von Willebrand factor )
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A similar trend follows with analysis of ultimate tensile
strength, F(3,21) = 133.31, p = 0. Post-hoc analysis
shows all scaffold are significantly different from each
other except large and medium scaffolds, p \ 0.05. Notably, randomly spun scaffolds reach a peak Young’s modulus at 2–3% strain whereas cryogenic spinning increases
the percentage strain at which Young’s modulus is highest
to 3–4% strain.

indicates glomerular endothelial cells. As seen in Fig. 4,
these key markers are seen on all scaffold types, demonstrating the presence of a multi-population of cells. The
sectioned scaffold show that cells were seen throughout
cryogenic scaffolds, but less cell penetration was present
on all other fibres types.

4 Discussion
3.2 Cell viability and DNA quantification
CellTitre BlueÒ, which was used to determine cell viability, showed that cells did have a preference for a larger
fibre diameter however these differences were not significant, the same applies to the number of viable cells from 3
to 7 days, F(7,24) = 2.05, p = 0.090. However, when
compared to cells grown on tissue culture plastic there
were significantly more cell present within the 12 well
plate control F(9,30) = 18.23, p = 0, with post hoc analysis showing significantly more cells on tissue culture
plastic than all scaffolds, Fig. 2.
Analysis of DNA quantification, determined by PicoGreen assay, using a one-way ANOVA showed a significant difference between groups, F(7,23) = 4.79,
p = 0.002. Post-hoc Tukey test highlighted that cryogenic
scaffolds at day 3 was significantly different from all
groups except cryogenic at day 7 and medium at day 3, no
other significant differences were seen. DNA quantification
validates the fact that the number of cells is does not
increase from 3 to 7 days, Fig. 3.
3.3 Immunohistochemistry
Immunohistochemistry (IHC) showed the presence of key
signatures of several cell types: aquaporin 1 and 2 showed
the presence of tubular cells, synaptopodin highlights
glomerular epithelial cells and von Willebrand factor

Emphasis so far in kidney tissue engineering has been on
2D cell culture, which has shown considerable progression
in recent years [15, 42, 43]. However, cells within the
Kidney do not exist within the two dimensional axis of cell
culture plastic, with greater amounts of research underlining the importance of a 3D structure [17, 44]. 3D kidney
tissue engineering has focused on the use of decellularised
tissue with promising results [25, 45]; this method is not
without its shortcomings, with issues surrounding decontamination [46] and a lack of a standardized approach to
decellularisation leading to a variation between scaffolds
[21, 26, 27]. Decellularised tissue brings favourable physical and chemical characteristics to help support cells and
control physiology [47], but as cell produce their own ECM
a synthetic scaffold can provide an excellent foundation to
build upon [48, 49]. Polymer scaffolds offer many benefits
over decellularised tissue as their manufacture can be
highly controlled, as well as providing superior mechanical
properties with degradation over a tuneable time frame
[31, 33, 50].
Our electrospun fibres demonstrate the control with
which polymer scaffold are fabricated having a standard
deviation in fibre diameter and Young’s modulus (0–5%
strain) of less than 20% in all cases, Table 1. The increase
in porosity of 97.3% gained from cryogenic electrospinning, demonstrated in the dramatic increase in thickness of
the scaffold spun under the same conditions as large fibres,

Table 1 Mechanical properties and physical properties of PLA scaffolds
Average

Strain

Small

Medium

Cryogenic

Large

Fibre diameter, lm

-

0.88 ± 0.16

2.46 ± 0.43

3.71 ± 0.36

3.30 ± 0.17

Scaffold thickness, lm

-

193 ± 5.16

270 ± 8.63

1375 ± 160

218 ± 13.0

Porosity, %

-

86.9

82.8

97.3

82.5

Young’s modulus at % Strain, MPa

Ultimate tensile strength, MPa

0–1%

2.84 ± 1.41

5.78 ± 1.51

0.57 ± 0.15

7.15 ± 1.97

1–2%

6.53 ± 0.85

6.40 ± 1.49

0.72 ± 0.16

6.61 ± 0.81

2–3%

5.34 ± 0.91

9.13 ± 1.12

1.13 ± 0.30

8.69 ± 1.48

3–4%

4.76 ± 0.54

7.48 ± 0.94

1.31 ± 0.21

6.87 ± 1.62

4–5%

2.84 ± 0.67

4.22 ± 0.62

0.81 ± 0.14

3.59 ± 1.13

0–5%

5.05 ± 0.52

7.31 ± 0.84

1.01 ± 0.20

7.14 ± 1.04

3.25 ± 0.21

4.25 ± 0.31

0.87 ± 0.17

4.02 ± 0.56
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20

Day 3
Day 7

15
10
5
0

Large

Fig. 2 Scaffolds were fabricated by electrospinning, where a high
voltage is applied to a polymer solution, forming a Taylor cone, this is
then accelerated towards a ground source. Fibre architecture was
determined by spinning parameters; A cryogenic fibres, using ice
crystal formation as a template for fibre deposition and B random
fibres onto a slowly rotating mandrel. SEM images below demonstrate the difference in fibre diameter of the scaffolds, which were
spun using the same solvent and polymer but different electrospinning
parameters and percentage weight solutions

60000
Day 3

Cell number

50000

Day 7

40000
30000
20000
10000
0

Large

Cryogenic

Medium

Small

Fig. 3 Cell number estimated from a standard curve, analysed using
a CellTitre blueÒ fluorescence assay. This demonstrates the ability of
all scaffold architectures to support primary kidney cell life. No
significant differences found in analysis using a one-way ANOVA
F(7,24) = 2.05, p = 0.090. Data presented as mean ± 95% confidence intervals, circles show individual data points

comes at the cost of mechanical strength; fibres had an
UTS 5 times lower despite spinning under the same
parameters, this follows a similar trend to previous works
[37, 51]. The variation seen in scaffold thickness may be
influenced by a decrease in humidity due to the low temperature as humidity is known to effect the diameter of
electrospun fibres [52], the low temperature of the mandrel
may also reduce the ambient temperature increasing the
viscosity of the polymer solution [53]. Interestingly,
Young’s modulus peaks in normally spun scaffolds at
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Cryogenic

Medium

Small

Fig. 4 DNA quantity per scaffold at 3 and 7 days, assessed by
PicoGreen assay. This confirms the ability of all scaffold architectures
to support primary kidney cell life. Analysis using a one-way
ANOVA showed significant differences F(7,23) = 4.79, p = 0.002,
post hoc Tukey analysis shows that was in regards to cryogenic
scaffolds. Data presented as mean ± 95% confidence intervals,
circles denote individual data points

2–3% strain but at 3–4% for cryogenically spun fibres this
is probably due the nature of the scaffold and looser
packing in cryogenic fibres allowing for more strain in the
scaffold before all fibres are in tension. Cryogenic scaffold
can be controlled further thought monitoring the humidity
of spinning conditions [54].
There is great scope for the use of polymer scaffolds
within kidney tissue engineering. Our work follows on
from the limited published research into the use of kidney
cells with electrospun scaffolds [13, 30, 55]. We have
previously shown that electrospun PCL can be used to
grow a kidney cells line, and highlighted the effects of
morphological differences in scaffolds [39]. Here we have
gone further, using RPK cells and demonstrating the survival of key cell types of this multi-cell population, Fig. 4.
Although, our results regarding fibre diameter and its
influence on cell behaviour are not conclusive, it has been
shown to have major implication in previous studies
[39, 56–58]. There is some disparity between our data for
CellTitre blue and DNA quantification, this is possibly as a
result of the much greater porosity gained from cryogenic
electrospinning where unattached cells become trapped
within the scaffold. It does however show that viable cells,
shown through CellTitre blue, are surviving over time as
DNA content remained constant.
An important factor to consider here is scaffold chemistry, we have demonstrated that PLA facilitates primary
cell survival but it is not optimised for kidney cells. Survival on polymer scaffold could be vastly improved with
optimisation through such techniques as microarray
[59–61] allowing for analysis of cell interaction with many
polymer types in a high-throughput manner. Other popular
optimisation techniques include integrating ECM components with polymer scaffold to produce a hybrid deriving
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Fig. 5 Fluorescence images
showing DAPI and IHC, used to
show the presence of key
functional marker of several cell
types: A–D aquaporin-2,
aquaporin-1 indicate the
presence of tubular cells, von
Willebrand factor indicates
glomerular endothelial cells and
synaptopodin indicated the
glomerular epithelia, scale bar is
100 lm
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A

Collecting duct (Aquaporin-2)

B

Proximal tubules (Aquaporin-1)
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benefits from both, this method has shown to improve the
mechanical properties of the scaffold whilst increasing cell
interaction [31]. Further novel techniques have used a
sacrificial cell layer to produce an ECM layer on top of the
polymer scaffold before decellularisation, maintaining the
initial mechanical characteristics [49]. Some of these
methods may bring about a greater interaction between
cells and scaffold and could provide more conclusive evidence on the type of architecture that is most favourable to
kidney cells.
Fluorescence IHC images (Fig. 5) clearly shows the
presence of key markers of essential kidney cells (Fig. 1).
The marker which identified key cells were: aquaporin-1,
aquaporin 2, Synaptopodin and von Willebrand factor,
between them these highlight the cells which make up the
proximal tubules, collecting duct, glomerular epithelia and
glomerular endothelia, Fig. 1. The proximal tubules lead
from the loop of Henle and are responsible for the reuptake
of filtrate, they consist of epithelial cells with microvilli to
increase surface area [7]. The collecting duct is the last
stage of filtration where the filtrate is reabsorbed and collected. The glomerular epithelia are more commonly
referred to as podocytes and form part of the glomerulus,
playing a key role in blood filtration through slits which
block the passage of larger molecules [62]. The glomerular
endothelium are another key component of the glomerular
characterised by fenestrations which are essential for filtration [63]. In order for any kidney tissue engineering
scaffold intended to host a multi-cell population to be
considered successful it is essential to show the survival of
these key components; as can clearly be seen on our
scaffolds cells were displaying initial integration with the
3D structure. The sectioned scaffolds did not fully integrate
through the full depth in traditionally spun scaffolds, this is
a common problem with electrospun fibres, reported in
other works [64, 65]. Pore size of the scaffold is the predominant factor which limits cell infiltration, naturally the
larger the fibre the larger the pore size; methods such as cospinning of micro and nanofibres has been used to increase
this pore space [33, 66], as well as using a sacrificial dissolvable polymer in a similar co-spinning manner [67].
Here we demonstrate the use of cryogenic spinning
[51, 54], utilising ice crystals as a template the pore size is
dramatically increased. Although our results on the most
favourable morphology were inconclusive, we have
demonstrated the greater cell integration cryogenic scaffold
can bring, and have shown the potential of electrospun
PLA as a scaffold for rat primary kidney cells and its
capacity to maintain the multi-population of cells.
We did not see organisation of cells into kidney like
structures and more research is needed over a longer time
frame to assess for elements of self-organisation. The
ability of embryonic and induced pluripotent stem cells to
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self-organise is well documented [6, 68], and these cells of
greater physiological and clinical relevance are the next
logical step for polymer scaffolds in kidney tissue engineering. Our view is that polymer scaffolds have the ability
to act as a conveyor for kidney cells, allowing kidney cells
to self-organise before implantation where a full organ can
mature. We feel this is a reasonable alternative to the
implantation of decellularised organs, and has previously
been highlighted as a potential avenue [69].
We have demonstrated here the variation of architectures that can be created from a single polymer and solvent
solution by electrospinning. This is just one polymer in
many that could be used in kidney tissue engineering.
Electrospun polymer scaffolds have the ability to create a
range of different architectures and should be considered
for further investigation in kidney tissue engineering due to
their: ability to host a multi-population of cells, biocompatibility, reproducibility, good mechanical properties and
3D structure. This is a new non-woven path within kidney
tissue engineering and one that should be explored further.
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Engineering the kidney: The effects of scaffold architecture
TP Burton1, A Callanan1
1
Institute for Bioengineering, School of Engineering, University of Edinburgh, Scotland
INTRODUCTION: Polymer based scaffolds,
such as polycaprolactone (PCL), have been
highlighted as a potential avenue for tissue
engineered kidneys, but there is little investigation
down this stream1. Electrospinning is a fabrication
technique used in tissue engineering (TE)
producing fiber diameters from 10’s of nanometers
to 10’s of microns. This variation in morphology
has been shown to effect the way cells behave and
integrate with the scaffold. With larger fibers
allowing greater cell integration, nanofibers
representing the natural ECM and aligned fibers
guiding cell growth2. The aim of this study is to
examine the cellular response to scaffold
architecture of novel electrospun scaffolds for
kidney TE.
METHODS: Two sets of parameters were used
for electrospinning PCL to yield ‘large’ and
‘small’ fibers. Large fibers were created using 19%
w/v PCL in chloroform/methanol (5:1) and
parameters: 4 ml/hr, +15kV, -4kV, 23 cm working
distance and 0.8mm needle bore. Small fibers were
made using 7% w/v PCL in HFIP and parameters:
0.8 ml/hr, +14kV, -4kV, 12cm working distance
and a 0.4mm needle bore. Traditional random
fibers were spun onto a mandrel rotating at 250
rpm, aligned at 1800 rpm with novel cryogenic
fibers spun onto a mandrel loaded with dry ice
rotating at 250 rpm. SEM was used to confirm
fiber diameter and morphology.
RC-124 human kidney epithelial cells used to
assess the scaffolds, validated by cell viability
assay (CellTitre-Blue), DNA quantification assay
(Pico Green), RT-qPCR (GAPDH, AQP-2, KRT-8,
KRT-18, E-CAD) and two-photon excitation
fluorescence (TPEF) along with coherent antistokes Rahman scattering (CARS).
RESULTS: Scaffolds had average fiber diameters
of 1.1±0.16 µm and 4.49±0.47 µm. Cryogenic
fibers has a significantly larger porosity and
aligned considerably less. This resulted in a
considerable difference in mechanical properties.
Cryogenic scaffolds presented with considerably
less cell attachment compared with random and
aligned. Large fibers showed greatest cell viability
after 3 and 7 days, fig. 1.
TPEF and CARS images clearly show the effects
of scaffold architecture and how the cells distribute
between the fibres, fig. 2.

Fig. 1: Cell viability assay at 3, 7 and 14 days of
large and small fibers.
Random

DAPI

Aligned

Phalloidin

Cryogenic

CARS (Ex 2905 cm-1)

Fig. 2: TPEF and CARS images of RC-124 cells on
scaffolds with a large fibre diameter at 7 days.
Green highlights the actin filaments, blue shows
the cell nucleus and white is the PCL scaffold;
clearly showing the impact of the scaffold
architecture on cells growth.
DISCUSSION & CONCLUSIONS: Architecture
of the scaffold has a profound effect on kidney
cells; whether that is effects of fibre diameter on
the cell attachment and viability or the effect of
fibre arrangement on the distribution of cells and
their alignment with fibers. Results demonstrate
that PCL scaffolds have the capability to maintain
kidney cells life and should be investigated further
as a potential scaffold in kidney tissue engineering.
Future strategies of greater clinical relevance in
kidney TE will require the exploration of selforganising kidney stem cells in 3D environments,
such as electrospun polymer scaffolds, to see if
they are a viable conduit for creating embryonic
stage kidneys.
REFERENCES: 1 K.H. Moon et al. (2015)
Methods, doi:10.1016/j.ymeth.2015.06.020. 2 J.
Yan, Journal of biomedical research part A,
100A(2):527-535. 3 J.A.M Steele et al. (2014),
Acta Biomaterialia, 10(5):2065-75.
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Partnership (DTP) Studentship.
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A 3D Printed Bioreactor with Electrospun
Scaffold as a Millifluidic Renal Tubule Model
Todd P Burton, Dr. Alison McDonald and Dr. Anthony Callanan
t.p.burton@ed.ac.uk
Institute for Bioengineering, School of Engineering, University of Edinburgh.

The Problem

Results

Chronic kidney disease is a major global health problem affecting millions of people, kidney tissue engineering
provides an opportunity to better understand this disease and has the capacity to provide a cure. Two-dimensional
cell culture and decellularised tissue have been the main focus of this research thus far with promising results 1,2;
although, these methods are not without their shortcomings. It is known that kidney cells respond to a shear
stimulus of 0.1-5 dynes/cm (0.01-0.5 Pa), resulting in phenotypically different cell. A system delivering an in vivo
like environments is of the upmost importance for gaining a better understanding of complex organ system for
both drug development and disease modelling We have previously shown the potential of electrospun scaffolds in
kidney tissue engineering 3. Here we have designed a co-culture kidney tubule model dual flow bioreactor to be
used with electrospun scaffolds, delivering an identical and even shear stress across both top and bottom
surfaces of the surface.

The Design

Figure 3: An electrospun scaffold
comprising of nanofibres on both seeded
sides, which allowed for monolayer
formation, and a large fibre middle layer to
facilitate easier handling. Nanofibres were
fabricated using 14 % w/v PCL in a 1:1
solution of formic and acetic acid. Average
fibre diameter was 180 ± 57 nm. Scaffolds
were plasma treated to increase their
hydrophilicity3.

3 µm

500 µm

30 mPa
24 mPa

After 24 hours under
flow

CellTitre-Blue demonstrated the ability to
maintain cell viability after 24 and 48
hours in culture, showing clearly more

18 mPa

cells on co-cultured scaffolds.

12 mPa

Discrepancy in fluorescent intensity of

6 mPa

HUVEC cells on scaffolds is due to their

0 Pa
Figure 1: Millifluidic flow has a low Reynold's number, and so there is no mixing by convection. This allowed for two
different culture medias to be used. Shear stress either side of the scaffolds can be varied, adjusting for pressure
differences by altering the head height of the media reservoirs. In this experiment shear stress delivered to each
side was ≈20 mPa with over 80% of the scaffold experiencing forces of 18-21 mPa.

much larger size, and thus less cells per
cm. Individual data points are plotted
(N>4), bars dictate the mean and error
bars show the 95% confidence intervals
circles.

RC-124

24 Hours

DAPI

Scaffold
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units units
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Figure 4: Cell viability assessed via
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Device

Scaffold Co-Culture Scaffold-RC124

Scaffold-HUVEC

HUVEC
Figure 5: Two-photon excitation
fluorescence, DAPI is shown in blue and
Phalloidin shown in green for HUVEC’s
and false coloured yellow for RC124.
This clearly shows the different cells

Device

grown on either side of the scaffold.
Actin filaments are clearly more
pronounced in HUVEC cells exposed to

48 Hours

shear stress, than static controls.

Scaffold

produced significant amounts of ECM,
seen in the picture below. Images also
highlight the relative size differences of

Device

Phalloidin

Figure 2: This diagram shows the process of cell attachment and device
construction. Cells were seeded to each side using a in house designed scaffold
for greater seeding efficiency, where they were cultured for a week before device
constructed. Flow rate was set to 1.7 ml min-1 delivering 2 mPa of shear stress for
6 hours a day. Devices were loaded to a rack (pictured left) to ensure minimal
pressure differences, with time points at 24 and 48 hours.
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HUVEC cells within the bioreactor also

RC-124 and
HUVEC cells.

Conclusion and Future Work
Here we have shown that this device can support a co-culture of cells using two different media’s and could
provide the basis for a kidney tubule model. It has the ability to precisely control the fluid flow shear stress and
could be used with a multitude of scaffolds, with potential application in many other areas. This is a proof of
concept device and future work will need to look more closely at nephrotoxic substances and their effects on
permeability through the membrane, in conjunction with marker for kidney injury.

A Conditioning Platform For Kidney Tissue
Engineering Using a 3D Printed Bioreactor
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Results

The number of people suffering with end stage renal disease is increasing year on year, with and estimated
1.9million people worldwide currently undergoing renal replacement therapy 1. A chronic shortage in organ
donors means that in the United States alone over 400,000 people are undergoing dialysis treatment 2, this
brings a huge social and economic costs for both patients and health care providers.

Polymer scaffolds have been used previously in a limited extent and are an ideal alternative to
decellularised tissue due to their favourable mechanical properties, ease of manufacture, repeatability, and
tuneable degradation. Building on from our previous work investigating the effects of scaffold architecture
on kidney cells, we have taken forward the best performing scaffold to utilise within our device.

The Strategy

B
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8 mPa
6 mPa
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Figure 2: The results of CFD modelling using parameters gained from rheometry (table 1). A contours plot along
the symmetry line of fluid velocity (A). A histogram of shear stresses showing the range across the scaffold,
with a 72% coverage between 6 to 10 mPa (B). A contours plot of shear stress on the scaffold, red arrows
indicate the direction of flow (C).
4 Days
7 Days

Cell Viability
Cell Number

The most common approach in kidney tissue engineering is 2D cell culture. The use of human induced
pluripotent stem cells in creating kidney organoids has been a major breakthrough, but static conditions
within a petri-dish are not representative of an in vivo environment. With this in mind researchers are
utilising decellularised tissue with groups demonstrating the possibility of recellularisation. These
decellularised tissues are generally seeded by perfusion, delivering shear stresses to cells and providing
nutrient replenishment, giving a more physiologically accurate environment. However, issues with
decontamination, complicated recellularisation, and poor mechanical properties are reason enough to
explore other avenues for scaffolds within kidney tissue engineering.
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Percentage Coverage

The Problem
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Figure 3: Cell were perfused under continuous flow,
cell viability assessed by CellTitre-Blue at 4 and 7
proves the capacity of the bioreactor to sustain cell life.
Modifying media with xanthan gum did not affect the
viability of cells grown on scaffolds. Individual data
points are plotted (N>4), bars dictate the mean and

Device

Scaffold-NM

Scaffold-XG

error bars show the 95% confidence intervals.

Figure 4: RT-qPCR data presented

tissue culture plastic grown in normal
media.

10
1

as a reduction is a key marker of
Figure 1: Our bioreactor has been designed to give a better representation of in vivo conditions. It consists of a dual
chamber delivering a shear stress of ≈0.01 Pa to one side and an arbitrarily low flow to the other, offering media
replenishment. The top down flow allows for a reduction in the developmental flow length, and a large chamber height
between the flow divider and scaffold gives room for cell expansion without large increases in shear stress. The
system is fabricated by 3D printing owing to its complex geometry and rapid production of prototypes. Viscosity of cell
culture media was modified to better reflect the non-Newtonian viscosity of blood, this allowed for a better shear
stress distribution across the scaffold and a larger chamber height. Experimental rheology data from modified cell
culture media was used to model the bioreactor to optimised design and determine the desired flowrate. A Human
renal epithelial cell line (RC-124) was used in these experiments to determine whether the proposed system was
viable for use in kidney tissue engineering.
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Conclusion and Future Work
Here we have developed a lab scale 3D printed bioreactor for use in kidney tissue engineering. Computational fluid
dynamics was used to gain a greater understanding of the forces delivered to cells, which remained viable for the
duration of the culture period. The device was seen to increase the expression of key transmembrane and tight
junction proteins, indicating the ability of the bioreactor to better represent thein vivo system. This gives real promise
for its use as a conditioning tool in kidney tissue engineering. Our research using polymer scaffolds and a 3D

Table 1: Viscosity of cell culture media
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printed bioreactor pushes the bounds of current research and opens a new area that warrants further investigation.

Design, Development and Verification of a Technique to
Manufacture Locally Strain Variant Electrospun Scaffolds
for Ligament Tissue Engineering
Steven Wright, Todd P Burton and Dr. Anthony Callanan
t.p.burton@ed.ac.uk
Institute for Bioengineering, School of Engineering, University of Edinburgh.

The Strategy

The Problem
Anterior cruciate ligament (ACL) rupture is a burden to sports people globally, with approximately 130,000
reconstructions each year in the US alone1. Current treatment involves an autograft from either patella
tendon or hamstring tendon2, with the concomitant result of donor site morbidity, surgical cost and time as
well as increased risk of infection; added to this is the pain, muscle atrophy and tendinitis felt by the
paitient3. Scaffold based alternatives such as hyaluronan, silk, polymer have been studied previously but are
yet to replace allografts as the gold standard for ACL reconstruction. Electrospinning can produce tissue
engineering scaffolds that mimic extra-cellular matrix4 and have achieved cell infiltration and
differentiation5. However, current scaffolds fail to mirror the local variance in strain behavior along native
ACLs, leading to stress concentrations at ligament-bone interfaces.

•

Design and fabricate an electrospinning platform which allows for the precise control of mandrel
position.

•

Design and manufacture an electrospun polymer scaffold that mimics the locally-variant strain behavior
of the native ACL.

•

Devise a method to focus deposition and control the thickness of an electrospun fibre mat in specific
areas.

•

Achieve this strain variance through differences in cross-sectional area of the scaffold.

•

Mechanically test and characterize to verify scaffold properties.

Methods and Results
A

B

C

D

Region 5
Region 4
Region 3
Region 2
Region 1

Figure 1: Electrospinning is a procedure where a polymer solution is flown through an orifice with a high
voltage applied. This causes the acceleration of the solution towards a ground source, which is dried to a
fibre en route. This forms a non-woven fibrous mesh as seen above. A unique in house built apparatus was
constructed, this enabled electrospinning on to a rotating mandrel that stopped at programmed intervals,
thereby increasing deposition and thus mat thickness at selected points. The fibre mat consisted of a series
of thin layers developed by repeating the deposition cycle. Figure 2 shows the resulting layers and how a
variable thickness scaffold was cut from the mat.

Figure 3:
(A) Scaffold thickness was measured with a micrometer of precision ± 0.001 mm. Tensile testing was used
to evaluate ultimate tensile strength (UTS) (based on average thickness for variable samples) and local
strain through tracking of optical markers at 5 regions. All results are mean values from testing 6
samples with error bars of standard deviation. Uniform thickness sample UTS was 2.99 ± 0.44 MPa;
where as variable thickness sample UTS was 3.04 ± 0.39 MPa.
(B) Mean thickness along variable sample, midpoint thickness was 41% less than that of the average of the
sample ends.
Figure 2: Electrospinning to rotating mandrel and stopping at points to increase thickness of fibre mat
enabled variable thickness scaffold manufacture. Inspired by previous work6, a copper ring was positioned
vertically and coplanar with the tip of the solution dispensing needle and connected to the high voltage
supply to focus the whipping jet, whilst the mandrel was grounded. The area covered by electrospun fibres
decreased by 86% as a result, enabling the formation of distinct areas of greater mat thickness around the
circumference.
A 9% mass/volume solution of polycaprolactone in hexafluoroisopropanol was used for all electrospinning.
A uniform thickness control scaffold was produced with solution delivery of 1 ml hr-1 with a needle tip to
mandrel face distance of 12.5 cm. Needle and focusing ring were charged to +6.6 kV. Mandrel rotation was
80 RPM for 94 min. The variable thickness scaffold used a 1 ml hr-1 delivery rate, the same separation
distance, a charge of +6.7 kV, rotated at 80 RPM for 10 min and stood stationary at 8 points on the
circumference for 10 min each. The cycle was repeated 3 times.

References

Acknowledgements

1. Everhart, J S et al. Knee Surgery, Sport. Traumatol. Arthrosc. 23, 752–762 (2015).
2. Rathbone, S, and Cartmell, S. Tissue Engineering for Tissue and Organ
Regeneration, chapter 8. Croatia: InTech (2011). 3. Vunjak-Novakovic, G et al.
Annual Review of Biomedical Engineering 6(1), 131–156 (2004). 4. Burton, T.P. et al. The
effect of electrospun polycaprolactone scaffold morphology on human kidney epithelial cells.
Biomed. Mater. 13, 15006 (2017) 5. Petrigliano, F, et al. Tissue Eng. 21(7-8), 1228–1236
(2015). 6. Deitzel, J M et al. Polymer 42(19), 8163–8170 (2001).

Attendance at this conference was made possible due to a student travel grant from
IPEM and IMechE. This studentship is funded by the EPSRC and work funded by an MRC
computational and chemical biology of the stem cell niche grant (CCBN) MR/L012766/1.
We would like the thank Prof. Alistair Elfick for use of the lab facility and Dr. Alison
McDonald at the Bioimaging facility in the School of engineering (Accessible
via: edin.ac/1HjvbJf), for help in acquiring TPEF and CARS images.

(C) Local strain in regions of uniform sample, this shows any discrepancy in regional strain development in
the mean uniform sample fell within one standard deviation.
(D) Local strain in regions of variable sample. showed up to 85% less strain in the thickest regions, 1 and 5,
than the thinnest region, 3.. The strain in region 3 fell 12.8 standard deviations away from the mean
strain in region 1 at a global strain of 0.12.

Conclusion and Future Work
Scaffolds showed significant variation in thickness and thus possessed a longitudinal gradient in local
strain behaviour mimicking that of the native ACL. Global scaffold properties assessed by UTS show no
significant difference to those of the uniform thickness control samples. This demonstrates that the novel
technique was successful and has potential to advance ligament tissue engineering and improve treatment
of ACL ruptures.
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A dual environment 3D printed bioreactor for kidney tissue engineering
TP Burton1, A Callanan1
1
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INTRODUCTION: The instances of end stage
renal failure are increasing year on year at huge
economic and social cost. Tissue engineering has
great potential for finding a renal replacement
therapy with research taking many streams
including; decellularised tissue, 2D cell culture, 3D
printing and bioartificial kidneys1,2. Although some
progress has been made in developing a
bioartificial kidney, tissue engineering of the
kidney is still in its infancy.
Current strategies aim to create embryonic stage
kidneys which could later be transplanted for
maturation, although such constructs have shown a
limited survival in cell culture conditions. This
may in part be due to culture in a single static
environment. The immature kidney consists of the
ureteric bud and metanephric mesenchyme, shown
to have different expression which is key to the
kidney development3. It is hypothesised that due to
the single environment in current culture systems
cells are confronted with conflicting signals. The
aim of our device is to mimic in vivo conditions
using a 3D dual environment to examine the
influence on kidney cell organisation and growth.
METHODS: The device was designed using CAD
software (SolidEdge) for minimal handling when
constructed. Tubing connectors were integrated
into the design, with a screw thread for easy
assembly and a nitrile O-ring is to seal the device.
The viscosity of cell culture media was modified
using xanthan gum to better represent blood flow.
Rheology testing was performed at varying shear
rates with the results used as parameters for
computational fluid dynamics (CFD). Artificial
urine was used as the second flow condition.
The flow channel design was analysed using CFD
(ANSYS) to ensure a maximum area of the
scaffold is exposed to 0.1 Pa of shear stress4.
Devices were 3D printed in VeroClear, and
scaffolds electrospun from 14 wt% PCL in
Chloroform methanol (5:1). After sterilization the
bioreactor was seeded with 100,000 RC-124
human kidney epithelia cells and conditioned for
24 hours.
Devices were validated by cell viability assay
(CellTitre-Blue), DNA quantification assay

(PicoGreen), RT-qPCR (GAPDH, AQP-2, KRT-8,
ANPEP, E-CAD) and fluorescence microscopy.
RESULTS: Viscosity investigation showed that
0.5 g/L xanthan gum produced a viscosity
parameters comparable to that of blood. CFD
analysis indicated evenly distributed shear at 1.67
ml/min. The experimental set-up can be seen
below with viable cells after 24 hours of
conditioning, within the dual environment (Fig. 1).
A

B

10mm

C

D

Fig. 1: The experimental set-up (A, B), SEM of the
electrospun scaffolds (C) and a Live/Dead image
after 24 hours in the dual environment (D) (LiveGreen, Dead-Red).
DISCUSSION & CONCLUSIONS: This study
displays the potential of cell conditioning within a
dual-environment. The results highlight the
promise of a complex 3D printed bioreactor
environment to aid kidney cell organisation and
proliferation. Further work with iPSC or
embryonic cells is needed to assess the devices
effects on self-organisation.
REFERENCES: 1 K.H. Moon et al. (2015),
Methods, doi:10.1016/j.ymeth.2015.06.020. 2 H.D.
Humes et al. (2014), Pediatr Nephrol, 29(3):343351. 3 M Nishita et al. (2014), Mol. Cell. Biol,
34(16):3096:3105. 4 Y. Duan et al. (2008), PNAS,
105(31): 11418-11423
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The Problem

The Strategy

The number of people suffering with end stage renal disease is increasing year on
year, with and estimated 1.9million people worldwide currently undergoing renal
replacement therapy 1. A chronic shortage in organ donors means that in the
United States alone over 400,000 people are undergoing dialysis treatment 2, this
brings a huge social and economic costs for both patients and health care
providers.
Tissue engineering has great potential for finding a renal replacement therapy with
research taking many streams including; decellularised tissue, 2D cell culture, 3D
printing and bioartificial kidneys. Current strategies aim to create embryonic stage
kidneys which could later be transplanted for maturation, although such constructs
have shown a limited survival in cell culture conditions. This may in part be due to
culture in a single static environment. The immature kidney consists of the ureteric
bud and metanephric mesenchyme, and has shown to have different expression
which is key to the kidney development3.
It is hypothesised that due to the single environment in current culture systems
cells are confronted with conflicting signals. The strategy of our device is to mimic
in vivo conditions using a 3D dual environment to examine the influence on kidney
cell organisation and growth, figure 1. The device is 3D printed, reusable and can
be constructed and sterilised before cell seeding to minimise handling.

Device
Validation
Validation
Testing
Figure 1: A schematic of the device concept

Methods and Results
A

E

10mm
B

500µm

Figure 3: A contours map of shear stress for the development of the flow
channel. The target for shear was 0.1 Pa, flow rate was set to 0.017 ms-1 with
viscosity set to the parameters for 0.5 g/l xanthan gum (XG) (table 1). (A)
Parallel plate with low and non-uniform shear throughout, (B) optimised design
with a better distribution of shear. Models were tested using ANSYS with a
fluent solver, The solver used the SIMPLE scheme, green-gauss node base:
gradient, PRESTO!: pressure and power law: momentum.
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Normalised to cells grown in standard
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media types
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Figure 2: (A) A cross section through an constructed device printed in ABS showing
the flow channel, electrospun scaffold and silicon o-ring seal. (B) The set-up of the
device with peristaltic pump. (C) Showing the device set-up with PDMS window
used to seed cells. (D). The electrospun scaffold that is used to support cells within
the device. (E) 24 hour survival of RC-124 cells on culture plastic in different media
types, normalised to cells in culture media. All values were significant to each
other, (P<0.05 media/50% artificial urine, P<0.001 in all other groups) with the
exception of low serum media/media. Data presented as mean ± 95% confidence
interval, statistics performed using an ANOVA with post hoc analysis using GamesHowell assuming unequal variances, N=12.

References

Acknowledgements

1. Anand S, Bitton A, Gaziano T. The Gap between Estimated
Incidence of End-Stage Renal Disease and Use of Therapy.
PLoS ONE, 8(8), p.e72860. (2013). 2. United States Renal
Data System, 2015. 2015 USRDS annual data report:
Epidemiology of kidney disease in the United States. National
Institutes of Health. 3. Giovanni P et al. Hemodynamical
Flows: Modeling, Analysis and Simulation p91 (2008)

Attendance at this conference was made possible due to a
student travel grant from IPEM. This studentship is funded by
the EPSRC. We would like the thank Prof. Alistair Elfick for use
of the lab facility and Dr. Tony Corcoran at the Bioimaging
facility in the School of engineering (Accessible
via: edin.ac/1HjvbJf), for help in acquiring TPEF and CARS
images.

Media viscosity was modified with XG to
better represent blood. Viscosity
measurements were taken at strain rates
of 0.1-200 s-1 and power law coefficients
were taken from data, table 1.
A preliminary study of cells on an
electrospun scaffold in the device, with
normal media and artificial urine, showed
a relative survival of 87.5% when
compared to a static control after 14
hours in culture.

Table 1: The non-Newtonian power law
parameters for modified media and blood.

0.5 g/l 0.7 g/l Blood3
XG
XG
Consistency, 0.036
k (Pa•sn)
Power-Law 0.68
Index, n
0.59
h0
h∞

0.011

0.68

0.0202

0.52

0.628

0.52

0.066

0.0021 0.0045

Conclusion and Future Work
We have create reusable device capable of distributing a shear of 0.1 Pa evenly.
This shear stress, along with the modification of culture media viscosity to better
characterise blood, gives a better representation of in vivo conditions. Initial tests
shows the potential of this device to host cells. Further testing is ongoing to
validate this device as a viable bioreactor for kidney cells.
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The implications of electrospun scaffold morphology in kidney tissue
engineering
T P Burton1, A Callanan1
1
Institute for Bioengineering, School of Engineering, University of Edinburgh, Scotland
INTRODUCTION: Polymer based scaffolds,
such as polycaprolactone (PCL), have been
highlighted as a potential avenue for tissue
engineered kidneys, but there is little investigation
down this stream1. Electrospinning is a fabrication
technique used in tissue engineering (TE)
producing fiber diameters from 10’s of nanometers
to 10’s of microns. This variation in morphology
has been shown to effect the way cells behave and
integrate with the scaffold2. With larger fibers
allowing greater cell integration, nanofibers
representing the natural ECM and aligned fibers
guiding cell growth. The aim of this work is to
examine the cellular response to fiber diameter and
morphology on novel electrospun scaffolds for
kidney TE.
METHODS: Two sets of parameters were used
for electrospinning PCL to yield ‘large’ and
‘small’ fibers. Large fibers were created using 14
wt% PCL in chloroform/methanol (5:1) and
parameters: 4 ml/hr, +15kV, -4kV, 23 cm working
distance and 0.8mm needle bore. Small fibers were
made using 6.5 wt% PCL in HFIP and parameters:
0.8 ml/hr, +14kV, -4kV, 12cm working distance
and a 0.4mm needle bore. Traditional random
fibers were spun onto a mandrel rotating at 250
rpm, aligned at 2000 rpm with novel cryogenic
fibers spun onto a mandrel loaded with dry ice
rotating at 250 rpm. SEM was used to confirm
fiber diameter and morphology.
RC-124 human kidney epithelial cells used to
assess the scaffolds, validated by cell viability
assay (CellTitre-Blue), DNA quantification assay
(Pico Green), RT-qPCR (GAPDH, AQP-2, KRT-8,
KRT-18, E-CAD) and histology.
RESULTS: Scaffolds had average fiber diameters
of 1.1±0.18 µm and 4.0±0.32 µm. Cryogenic fibers
has a significantly larger porosity and aligned
considerably less, fig 1. This resulted in a
considerable difference in mechanical properties.
Aligned scaffolds presented with considerably less
cell attachment compared with random and
cryogenic. Random fibers showed greatest cell
viability after 3 days for both small and large
fibers. Although after 14 days large random and
small crogenic fibers presented with similar
results, fig. 2.

A

B

500µm

500µm

Fig. 1: SEM image of Cryogenic (A) and aligned
fibers (B).
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Fig. 2: Cell viability assay at 3, 7 and 14 days of
large and small fibers.
DISCUSSION & CONCLUSIONS: The
differences between random, aligned and
cryogenic scaffolds is a result of the ability of the
cells to penetrate the scaffold. The far greater
porosity of the traditional large random and novel
cryogenic fibers results in an increased cell
penetration into the scaffold, shown in previous
studies3.
The viability and expansion of cells, particularly
on the traditional random and novel cryogenic
scaffolds, shows the potential for electrospun
scaffold in kidney TE.
REFERENCES: 1 K.H. Moon et al. (2015)
Methods, doi:10.1016/j.ymeth.2015.06.020. 2 J.
Yan, Journal of biomedical research part A,
100A(2):527-535. 3 J.A.M Steele et al. (2014),
Acta Biomaterialia, 10(5):2065-75.
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The Problem

The Strategy

End stage renal failure (ESRF) is a major global health problem with huge social and
economic costs. Kidney tissue engineering holds great promise as a solution to this
problem. In the UK in 2014 there were 58,968 adults receiving renal replacement1 with
5,394 adults in 2015 on a waiting list for a kidney and 2,793 kidney transplants
performed2. Tissue engineering (TE) has huge potential for the treatment of a whole
host of disorders including kidney disease.

Polymer based scaffolds, such as polycaprolactone (PCL), have been highlighted as a
potential avenue for tissue engineered kidneys4. Electrospinning is a fabrication
technique used in TE producing fiber diameters from 10’s of nanometers to 10’s of
microns. This variation in morphology has been shown to Influence cell behaviour; with
the greater porosity of larger fibers allowing for increased cell integration, nanofibers
representing the natural extracellular matrix and aligned fibers guiding cell growth5. The
aim of this work is to examine the cellular response to fiber diameter and morphology on
novel electrospun scaffolds for kidney TE.

The current focus of TE strategies for the kidney is predominantly on the two
dimensional (2D) culture of cells. Ureteric bud kidney-like cells using induced human
pluripotent stem cells (iHPSC) go some way to solving the issues arising from a lack of
clinically relevant cells3. Though, for progression to a clinically relevant model a three
dimensional (3D) structure is necessary. However, there has been little published on
kidney TE using a synthetic scaffold leaving huge scope for research in this area.

We investigated scaffolds of two fibre diameters and 3 different morphologies: Random,
Aligned and Cryogenic. Scaffold architecture was investigated using scanning electron
microscopy (SEM) (fig. 1) and interaction of human epithelial kidney cells (RC-124) with
the scaffolds quantitated using a cell viability assay (fig 2) and qualified via
fluorescence imaging (fig 3).

Methods and Results

Figure 1: Scaffolds were fabricated by electrospinning, where a high voltage is applied to polymer solution which as a result is accelerated towards a ground source. The architecture of scaffolds
was altered by changing electrospinning parameters6, aligned fibers were spun onto a rotating mandrel at 1800 RPM and cryogenic fibres on to a mandrel filled with dry ice. The scaffolds created
are fibrous and non-woven, the differences in scaffolds obtained under each condition can be seen in the images to the left and in table 1.
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Figure 4: Two-photon excitation fluorescence (TPEF) and coherent anti-stokes Rahman
scattering (CARS) images of RC-124 cells on scaffolds with a large fibre diameter at 7 days.
Green highlights the actin filaments, blue shows the cell nucleus and white is the PCL scaffold;
clearly showing the impact of the scaffold architecture on cells growth.

Large- 19% w/v PCL in CHCl3 / CH3OH
(5:1)

Small- 7% w/v PCL in HFIP

Scaffold Type

ANPEP

Cryogenic

Polymer
Solution

Random

Fibre Diameter
1.11±0.16
(µm)
Young’s
3.21±0.63
Modulus (MPa)
Ultimate Tensile
1.60±0.31
Strength (MPa)

Aligned

Cryogenic

Random

Aligned

Cryogenic

0.95±0.18

1.29±0.22 4.45 ± 0.47 5.37±0.52

26.66±3.0

0.16±0.05

6.58±0.51 23.05±1.99 0.26±0.07

8.62±2.0

0.17±0.06

1.45±0.32

3.92±0.68

4.47±0.38

0.26±0.10

Table 1: The Young’s modulus and ultimate tensile strength vary quite dramatically depending
on the spinning conditions; aligned fibers are considerably stronger and stiffer and cryogenic
fibers considerably weaker and more ductile. The effects of fibre diameter are most
pronounced with random and aligned fibres, with small aligned fibres providing a large
ultimate tensile strength and large random fibres significantly stiffer than their counterparts.

Conclusion and Future Work
Architecture of the scaffold has a profound affect on kidney cells; whether that is effects
of fibre diameter on the cell attachment and viability or the effect of fibre arrangement
on the distribution of cells and their alignment with fibers. However, the use of these
polymer scaffold showed no upregulation of kidney damage markers compared with
tissue culture plastic. Results demonstrate that PCL scaffolds have the capability to
maintain kidney cells life and should be investigated further as a potential scaffold in
kidney tissue engineering.
Future clinically relevant strategies in kidney TE will require the exploration of selforganising kidney stem cells in 3D environments such as electrospun polymer scaffolds,
to see if they are a viable conduit for creating embryonic stage kidneys.
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An alternative approach: electrospun polymer scaffolds for kidney tissue
engineering
T P Burton1, A Callanan1
1
Institute for Bioengineering, School of Engineering, University of Edinburgh, Scotland
INTRODUCTION: Kidney tissue engineering is
an emerging field, with recent advances in directed
differentiation of human pluripotent stem cells1
going some way to answering key questions. Focus
has predominantly been on the use of tissue culture
plastic1,2 and decellularised tissue3, with little
investigation into polymer based scaffolds such as
polylactic acid (PLA).

A

AQP1

B

AQP2

There is tremendous scope for the use of polymer
scaffolds as a conveyor for tissue engineered tissue,
providing both the mechanical stability and 3D
structure necessary for clinical models and testing
platforms4.

C

SPOD

D

Von W

METHODS: Three sets of parameters were used
for electrospinning PLA in HFIP to yield ‘large’,
‘medium’ and ‘small’ fibres. Large fibres
(3.81±0.30μm), 22% w/v, 4ml/hr, +16kV, -4kV,
23cm working distance and 0.8 mm needle bore.
Medium fibres (2.64±0.38μm), 18% w/v, 4ml/hr,
+15kV, -4kV, 20 cm working distance and 0.8 mm
needle bore. Small fibres (1.22±0.13μm), 10% w/v,
0.5ml/hr, +17kV, -2kV, 14cm working distance and
a 0.4mm needle bore. Fibers were spun onto a
mandrel rotating at 250rpm, with a cryogenic
scaffold (3.97±0.3μm) also fabricated using a
mandrel loaded with dry ice rotating at 250rpm.
SEM was used to confirm fiber diameter and
morphology.
Primary kidney cells were isolated form a 4 week
old Sprague Dawley rat (RPK), with 2 kidneys split
into 5 T175 flasks3. Cells were assessed using a
viability
assay
(CellTitre-Blue),
DNA
quantification
assay
(Pico
Green),
immunohistochemistry.

RESULTS:

RPK cells were viable after 3 and 7 days on PLA
electrospun scaffolds (Fig. 1), with multiple cell
types present (Fig. 2). Although, no significant
differences in viability were seen due to fibre
diameter or scaffold architecture, p=0.09.

DISCUSSION & CONCLUSIONS: We have
shown that polymer scaffold are capable of
sustaining a multipopulation of primary kidney cells
and should be considered for further investigation
within kidney tissue engineering. Polymer scaffolds
represent an ideal candidate due to their
biocompatibility, good mechanical properties and
3D structure.
REFERENCES: 1 Takasato, M. et al. Nat. Cell
Biol. 16, 118–26 (2014). 2 Davies, J. A. et al. Adv.
Regen. Biol. 1, 1–4 (2014).3 He, M. et al. J. Biomed.
Mater. Res. - Part B Appl. Biomater. 1–9 (2016). 4
Moon, K. H. et al. Kidney diseases and tissue
engineering. Methods 99, 112–119 (2016).
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Figure 2- IHC images labelling the various kidney
cells on small fibre scaffolds: (A) aquaporin 1 (AQP1,
proximal tubules), (B) aquaporin 2 (AQP2, collecting
ducts), (C) synaptopodin (SPOD, glomerular
epithelial) and (D) Von Willebrand factor (Von W,
glomerular endothelial)
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Figure 1- CellTitre blue assay of RPK cells on electrospun
scaffold at day 3 and 7. Circles denote individual data points,
error bars show 95% confidence interval of the mean.
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Chronic kidney disease (CKD) is a major worldwide health problem attributing to 1.5% of deaths worldwide 1. Current treatment involves dialysis, a costly technique which
significantly constrains day to day life and eventual transplantation. Kidney tissue engineering could provide a better basis for studying CKD and has the potential to solve the
demand for organs. While recent advances in directed differentiation of human pluripotent stem cells2 go some way to answering key questions, focus has predominantly been on
the use of tissue culture plastic2,3 and decellularised tissue4, with little investigation into polymer based scaffolds. There remains tremendous scope for the use of polymer
scaffolds as a conveyor for tissue engineered kidney, providing the mechanical stability and 3D structure necessary for clinical models and testing platforms5.
This study examines the potential of electrospun polylactic acid (PLA) scaffolds for kidney tissue engineering; rat primary kidney cells were grown on scaffolds and key functional
kidney markers were investigated. Research into polymer scaffolds for kidney cells is lacking and here we hope to explore this new non-woven path.
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Figure 1: Scaffolds were fabricated by electrospinning
where a high voltage is applied to a polymer solution
which is then accelerated towards a ground source. Fibre
morphology was determined by spinning parameters;
Cryogenic fibres (A) were spun onto a mandrel filled with
dry ice and random fibres (B) onto a slowly rotating
mandrel. Morphological differences in the scaffolds are
highlighted by differing mechanical properties, table 1.
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Figure 2: 400,000 cells were initially seeded on 10mm
circular scaffolds. CellTitre Blue®, which was used to
determine cell viability, demonstrated that cells were
viable at 3 and 7 days and had a preference for a larger
fibre diameter. There was also no significant increase in
the number of viable cells from 3 to 7 days, F(7,24)=2.05,
p=0.090. Data is presented as mean ±95% confidence
interval, statistics performed using an ANOVA with post
hoc Tukey test, N=5.
Large
3.30±0.17
Fibre diameter, µm
Young’s Modulus , MPa
7.14±1.04
Ultimate Tensile Strength, MPa 4.02±0.56

Medium
2.46±0.43
7.31±0.84
4.25±0.31

7
Days
Figure 3: Scaffold were sectioned to 35 µm and stained using IHC and DAPI ( ) used to show the
presence of key functional markers of several cell types: Aquaporin 1 and 2 indicated the presence of
tubular cells, Synaptopodin indicates glomerular epithelial cells and Von Willebrand factor indicates
glomerular endothelial cells stained with Alexa Fluor 488. These key functional markers were present on all
scaffold types, demonstrating the presence of a multi-population of cells. Cells were seen throughout
cryogenic scaffolds, but less cell penetration was present on all other fibres types.
Cryogenic
3.71±0.36
1.01±0.20
0.87±0.17

Small
0.88±0.16
5.05±0.52
3.25±0.21

Table 1: Young’s modulus and ultimate tensile strength vary depending on the
spinning condition with cryogenic fibres being considerable weaker and more ductile
with large and medium fibres showing stronger and stiffer properties. Despite
spinning parameters for medium and cryogenic fibres being identical, cryogenic
conditions resulted in significantly larger fibre diameter.
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This data demonstrates that electrospun PLA scaffolds are capable of sustaining a
multipopulation of primary rat kidney cells and should be considered for further
investigation. Further investigation is required over a longer time period to optimise
fibre choice and architecture. Cryogenic fibres offer additional desirable
characteristics as cells are distributed throughout the scaffold, although this does
come at the cost of mechanical strength. Polymer scaffolds represent an ideal
conveyor for kidney cells due to their biocompatibility, good
mechanical properties and 3D structure.
Future work needs to concentrate on the application of cells
of greater clinical relevance, focusing on self-organisation in
a 3D environment, as well as exploring alternative polymers
which may provide a more optimal environment.

