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Abstract 
 

Cardiovascular diseases are a leading cause of mortality globally, causing approximately 17 

million deaths annually. Additionally, this number is predicted to rise to 23 million by 2030. 

The most common type of cardiovascular disease is coronary heart disease, a disease of 

coronary arteries that supply oxygen rich blood to the heart. Coronary artery disease is the 

build-up of a waxy substance called a plaque inside the coronary artery which leads to its 

narrowing and blockage. In current medical practice, coronary heart disease is commonly 

treated through balloon angioplasty and stenting to open the artery. Current stents are drug-

eluting, metallic, and permanent, and recipients require prolonged anti-platelet therapy. 

Permanent stenting is not required.  The diseased vessel can heal within 6 months to 1 year 

after intervention. As such, the concept of biodegradable stents has emerged as the alternative 

to conventional stenting, in which the stent degrades away leaving behind only the healed 

vessel.  The first generation of biodegradable stents has been linked to higher rates of late stage 

thrombosis, and it has been suggested that this is due to increased strut thicknesses that cause 

disturbance to the laminar blood flow and result in activation of thrombogenic pathways.  

 

The aim of this thesis is to develop customizable, biodegradable, multi drug eluting coronary 

artery stents by using polymer chemistry, materials science, and additive manufacturing. The 

novel materials developed in this work are to be blood-compatible, biodegradable, have 

sufficient mechanical properties, promote endothelialisation, have multi-drug eluting 

properties, and be processable through additive manufacturing techniques. To achieve this, we 

used the following approaches:  (1) Design and additive manufacturing of custom-made 

biodegradable nanocomposite based coronary artery stents via MEW (2) Design and synthesis 

of biocompatible and biodegradable core-cross linked star-brush polymers for antithrombotic 



 

drugs (3) Development of multi-drug eluting biodegradable nanocomposite-star polymer 

materials for application as coronary artery stents utilizing MEW. 

 

To accomplish this, we first developed biodegradable polycaprolactone-reduced graphene 

oxide nanocomposites with increased strength and fabricated them into stent-like structures via 

MEW. We illustrated that these materials have increased mechanical strength (enabling the 

fabrication of stents with thinner struts), that MEW is able to produce well-defined stent 

structures with struts as thin as 60 m, and that we can use the technology to tailor the stent 

diameter, geometry, strut thickness, and strut spacing, potentiating personalised stent design.  

 

We then designed and synthesized a class of core-cross linked star-brush polymers that 

exhibited hydrophobic blocks in their outer shell, hydrophilic segments in their inner brush 

shell and in their core. These polymeric platforms allowed the encapsulation of hydrophilic 

drugs without the need for conjugation of the drug to the carrier. Drug loading properties of 

synthesized polymers were studied using two clinically used anti-thrombotic drugs. Drug 

release profiles were obtained at physiological and acidic conditions. The cytocompatibility of 

the polymers was assessed through acute toxicity studies on human umbilical vein endothelial 

cells. 

 

Finally, we developed multi-drug eluting biodegradable materials and confirmed their 

printability via MEW. We illustrated dual drug elution of an anti-thrombotic agent (heparin) 

from bulk of the material via incorporation of synthesized star polymers and elution of an anti-

proliferative agent (rapamycin) from the surface via electro spraying of the outer layer. 

Fabricated materials were characterized in terms of their mechanical performance, crystallinity, 

thermal behaviour, biological interactions, degradation, and dual drug elution. These materials 



 

were found to deliver anti-proliferative drugs in a controlled manner, slowly release anti-

coagulating agents, and show excellent cytocompatibility in vitro. 

 

These results illustrated the development of a biodegradable and multi-drug eluting stent 

prototype. A novel fabrication technique was used for the fabrication of the device and allowed 

for customized stents design and production of thin struts (~60 µm). Further, the use of rGO as 

a nanocomposite material allowed for improved mechanical strength, and the inclusion of the 

star polymers enabled the development of a well-defined dual drug delivery These results 

support the use of this novel material system and fabrication technology for the development 

of next generation biodegradable coronary artery stents.  
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1.  Literature Review 
1.1. Abstract 

 

A substantial amount of research is currently occurring that is focused on the development of 

biodegradable coronary artery stents. However, the clinical implementation of this technology 

has still significant challenges to overcome. The first generation of clinically used and FDA 

approved biodegradable stents was linked to higher rates of late stage thrombosis and this led 

to the withdrawal of the device from market in 2017. Current challenges are related to the 

development of materials and fabrication processes that can produce biodegradable stents with 

long term in vivo safety and superior clinical performance when compared to the current gold 

standard of drug eluting metallic stents. In this review, we critically analyse the current material 

systems and the commercially used and emerging laboratory-based technologies for fabrication 

of polymeric biodegradable stents. A critical comparison between industrial and research-

based methods is outlined with a focus on emerging methods and materials to address the 

limitations of currently used fabrication techniques.  

1.2. Background 

 

Coronary artery stents are intravascular medical devices used in the treatment of coronary heart 

disease. The first coronary artery stent was used in 1986, and new generations of the device 

have been developed since then to address the limitations of previous ones. The current focus 

is the development of fully biodegradable and drug-eluting stents that would support the artery 

only as long as it is needed and then gradually degrade away leaving behind a healed vessel. 

However, the first generation of bioabsorbable scaffolds resulted in higher rates of late stage 

thrombosis, and this led to the withdrawal of the first FDA-approved bioabsorbable device 

from the market in 2017. The current challenge lies in the development of materials and 

fabrication processes that can produce a bioabsorbable scaffold with long term safety in vivo 

and superior clinical performance relative to the current generation of drug-eluting metallic 
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stents. In this review, we critically analyse the current material systems and the commercially-

used and emerging laboratory-based technologies for fabrication of polymeric biodegradable 

drug-eluting stents. A critical comparison between industrial and research-based methods is 

outlined with a focus on emerging methods and materials to address the limitations of currently 

used fabrication techniques.  

 

Cardiovascular diseases are leading causes of mortality globally, causing approximately 17 

million deaths annually.  Additionally, this number is predicted to rise to 23 million by 20301. 

This group of diseases refers to disorders of the heart and the blood vessels. The most common 

disorder is known as coronary heart disease, a disease of coronary arteries that supply oxygen-

rich blood to the heart. Patients with this condition have an accumulation of cholesterol, known 

as a plaque, inside the walls of the blood vessel. The growth of this plaque leads to the 

narrowing and eventually blockage of the artery and reduces the supply of oxygenated blood 

that reaches the heart muscle. This reduced blood supply can lead to heart attack and potentially 

death. Every year, approximately 7.4 million people die due to coronary heart disease2.  

 

In current medical practice, coronary heart disease is commonly treated through balloon 

angioplasty and stenting (also referred to as percutaneous coronary intervention).  During this 

procedure a catheter is inserted through the skin and into the vasculature.  The distal end of the 

catheter is fitted with a balloon than can be expanded on demand. The catheter is maneuvered 

such that the balloon is located within the narrowed section of the artery and inflated to expand 

the narrowed artery (balloon angioplasty). Upon removal of the balloon, blood flow is restored 

through the vessel.  Balloon angioplasty is often not sufficient to maintain vessel patency, as 

many vessels will experience recoil following the angioplasty procedure.  To prevent recoil, a 

stent is also placed within the vessel.  The stent is a cylindrical device made of a metallic wire 
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mesh.  It is expanded within the diseased section of the vessel and provides mechanical support 

to the vessel to prevent recoil 3. The device has been clinically used since its development in 

1986, and several generations of the device have been developed as we will describe in this 

review 4. Current clinically used coronary artery stents are drug-eluting, metallic, and 

permanent.  However, the permanent nature of the stents can lead to several complications, 

such as re-narrowing of the artery despite of the presence of stent (in stent restenosis), need of 

prolonged anti-platelet therapy, high rate of repeat procedures, and decrease in quality of life 

for the patient 4.  

 

Permanent stenting is not required.  The diseased vessel has the potential to heal within 6 

months to 1 year after intervention 5-6. In fact, the permanent presence of a foreign material 

(metallic stent) introduces additional variables in the healing process and can disturb it 5. For 

instance, the permanent presence of a metallic scaffold can disrupt the healing, lead to higher 

rates of blood clot and scar tissue formation, and lead to the recurrence of restenosis5, 7-8. In 

recent years, the development of a biodegradable coronary artery stent has gained significant 

attention. Such a stent would support the vessel while it heals and then degrade away, leaving 

behind a functioning artery. This technology would eliminate the complications associated with 

permanent stenting and represent a major step forward in the treatment of coronary heart 

disease. 

 

The first generation of biodegradable stents was linked to higher rates of late stage thrombosis 

and adverse cardiac events compared to the current gold standard, drug eluting metallic stents. 

As such, the device was removed from the market in 2017. These higher rates of adverse 

cardiac events have been associated with several factors relative to the device design 9, and can 

be divided into three main categories including 1) thrombogenicity of the stent material and 
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biodegradation products, 2) inflammation of the blood vessel, and 3) changes in the shear stress 

experienced by the endothelial cells due to disturbances in blood flow caused by the stent9. 

Clinical results from this first generation bioabsorbable scaffolds show a clear technological 

gap in both materials science and manufacturing technologies that must be addressed to enable 

the development of clinically successful biodegradable coronary artery stents. 

 

In this review, we first describe the history of coronary artery stent development, we then go 

on to discuss the materials that have been used in the development of polymeric and 

biodegradable coronary artery stents, outline the fabrication technologies that are commercially 

used to fabricate these devices, and then describe the clinical outcomes of these devices.  

Following this thorough description of the field, we discuss emerging developments in 

materials science and polymer processing techniques that can be used to address many of the 

current limitations of the technology, and we finally outline where future impactful research 

can be done.   

 

 

1.3. A timeline of coronary artery stents development 

 

1.3.1. Angioplasty and bare metal stents 

 

Native blood vessels are composed of three different layers: the adventitia, the media, and the 

intima, all of which are critical to maintaining the regulatory functions and physiology of a 

blood vessels. The outer layer, known as the adventitia, provides structural support and 

compromised of collagen type I and II and elastin fibres embedded in fibroblasts. The middle 

layer, the media, is composed of smooth muscle cells which are contractile, as well as 

proteoglycans, elastic, and collagen type I, III and V. The most innermost layer, known as 

tunica intima, is compromised of endothelial cells with collagen IV fibres and laminin42. In this 

layer, endothelial cells are in a quiescent state and one of their physiological functions is 
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maintenance of blood vessel thromboresistance by production of anticoagulant factors and 

nitric oxide42-43.  

 

A timeline for the development of stenting technologies is schematically shown in Figure 1.1. 

The first catheter-based treatment for coronary artery disease was angioplasty, a procedure that 

was first performed in 1977. During the procedure, a surgeon will open a compromised artery 

through the intravascular expansion of a balloon. As the balloon expands, the artery will be 

dilated, and blood flow will be restored through the vessel upon removal of the balloon.  

However, angioplasty alone is often not sufficient due to arterial recoil (the tendency of an 

artery to return to its previous diameter before angioplasty) and neointimal hyperplasia 

(thickening of the intimal layer of the blood vessel after angioplasty), both of which reduce the 

diameter of the blood vessel and reduce the supply of oxygen-rich blood to the heart 4, 10.   

 

 

 

To address the shortcomings of angioplasty alone, angioplasty followed by stenting was 

introduced. In this new procedure, a stent is expanded into the diseased section of the artery 

following angioplasty to provide sufficient mechanical support to maintain vessel patency.  The 

use of stenting with angioplasty increased the number of successful procedures 11-12. However, 

1977

•1st baloon 
coronary 
angioplasty 
performed

1986

•1st coronary 
artery stent 
inserted into 
human artery

1993

•FDA approval 
of first bare 
metal stent

1997

•>1 million 
angioplasty 
procedures 
performed 
worldwide

2003

• FDA approval 
of first 1st-
generation 
drug-eluting 
stent

2007

•FDA approval 
first 2nd 
generation 
drug-eluting 
stent

2015

•FDA approval 
of first 3rd 
generation 
drug-eluting 
stent

2016

•FDA approval 
of 1st 
bioabsorbable 
stent 

2017

•FDA hazard 
alert for 
bioabsorbable 
stent

Figure 1.1: History of coronary artery stent progression. Adapted from references 2-4. 
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narrowing of the vessel despite of the use of stent (in-stent restenosis) was still a significant 

problem, occurring in approximately 15 % of patients 4. Restenosis happens as a result of the 

injury to the artery wall during the insertion of a catheter and is related to new tissue growth 

during healing which becomes excessive. Additionally, the presence of a permanent stent in 

the artery following the procedure affects the blood vessel lining, therefore leading to higher 

probability of blood clots and scar tissue formation. Together, this can lead to blockage of the 

artery in the same location (restenosis) 4, 13. 

 

1.3.2. Drug eluting stents: First, second and third generation 

 

Drug eluting stents were introduced to address the challenge of in stent restenosis present with 

bare metal stents. These generations of stents are used as local drug delivery vehicles of 

therapeutic agents that minimise in-stent restenosis.  To date, there have been three generations 

of drug eluting metallic stents, and the development of this technology is compiled in Table 

1.1.  The first generation of drug eluting stents were made of stainless steel and coated with a 

layer of polymer such as polyethyelene-co-vinyl acetate, poly(n-butyl methacrylate), Parylene 

C, or poly(styrene-b-isobutylene-b-styrene), which is impregnated with one of two 

antiproliferative drugs, either sirolimus or paclitaxel 4, 14. The drugs are locally released, and 

they act to reduce in-stent restenosis by limiting the overgrowth of intimal tissue.  Clinical data 

showed that the use of drug-eluting stents successfully decreased in-stent restenosis, rates of 

target lesion revascularization, and cardiac events compared to bare metal stents 15.  
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Table 1.1: Presentation of the range of materials and drugs used in currently developed stents together with 

FDA status and clinical trials 4, 7. Late scaffold thrombosis is defined as 30 days to 1 year after scaffold 

implantation. Very late scaffold thrombosis is defined as 1 year after implantation 9. 

 

 

Generation Stent materials Drug coating FDA status Side effects Ref 

Permanent, metallic, and drug eluting stents  

First Bulk material:  

Stainless steel 

Coating: 

Polyethylene-co-vinyl 

acetate, 

Poly(n-butyl 

methacrylate), 

Parylene C, 

Poly(styrene-b-

isobutylene-b-styrene) 

Sirolimus 

Paclitaxel 

2 approvals: 

Cypher (Cordis) 

Taxus (Boston 

Scientific) 

-Delayed 

endothelialization 

-Stent thrombosis 

-Non-uniform drug 

delivery and device 

expansion  

-Poor deliverability 

4, 14, 16-21 

Second Bulk material: 

Cobalt-chromium, 

Platinum-chromium 

Coating: 

Fluoropolymers, 

Poly(n-butyl 

methacrylate), 

Poly(vinylidene fluoride 

co hexafluoropropylene), 

BioLinxTM polymer 

Zotarolimus 

Everolimus 

7 approvals: 

Xience V, Xience 

Prime 

(Abbott Vascular) 

Promus, Taxus 

Ion, Promus 

Element 

(Boston 

Scientific) 

Endeavor, 

Resolute 

(Medtronic) 

-Increased late scaffold 

thrombosis and target 

lesion revascularization 

-Chronic inflammation 

-In-stent 

neoatherosclerosis 

-Need for dual anti-

platelet therapy long-term 

-Permanent presence of 

the device 

4, 22-31 

Third Bulk material: 

Platinum-chromium 

Coating: 

Biodegradable 

Polymers 

Poly-lactic acid 

Poly-L-lactide 

Poly-L-lactide-co-

glycolide 

Poly-D,L-lactide-co-

glycolide  

Poly-vinyl pyrrolidine 

Poly-lactide-shellac 

Umirolimus 

Sirolimus 

Everolimus 

Paclitaxel 

1 approval 

SynergyTM  

(Boston 

Scientific) 

 

 -No data on possible 

decrease in required 

length of dual anti-platelet 

therapy 

-Permanent presence of 

scaffold  

-Chronic inflammation 

-In-stent atherosclerosis 

-Resistance to MRI 

- Increase in target lesion 

revascularization long 

term 

4, 8, 32-35 

Bioresorbable and polymeric stents  

Fourth:  

Bioabsorbable  

Poly-L-lactic acid 

Tyrosine-derived 

polycarbonate 

Poly-D,L-lactic acid 

Salicylic acid 

Magnesium/metal 

Magnesium alloy 

None 

Everolimus 

Sirolimus 

Myolimus  

Novolimus 

No approval -Higher rates of late and 

very late stent thrombosis 

-Strut malposition 

-Higher rates of target 

lesion failure, cardiac 

death, target vessel 

myocardial infraction, 

target lesion 

revascularization 

-Lack of full scaffold 

radiopacity except one 

scaffold (Fantom) 

7-9, 36-40 
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Once restenosis due to neointimal hyperplasia was minimised, stent thrombosis (the formation 

of a blood clot on the surface of the device) became the next most concerning issue, and further 

improvements were needed to decrease the rate of stent thrombosis 13. There are three main 

drivers of stent thrombosis: 1) pro-thrombogenic disturbances to blood flow caused by the 

presence of the stent, 2) exposure of the pro-thrombogenic stent material to the blood flow due 

to poor endothelialisation, and 3) discontinuation of antiplatelet therapy by the patient.  

 

Several stent-related factors have been associated with the development of thrombosis.  The 

first is related to the design of the stent itself and the selection of materials used to fabricate 

the device.  While a great deal of research has focused on designing the stent structure so that 

the device has minimal impact on the fluid flow through the device, the shape, size, and 

distance that the stent struts protrude into the lumen will always cause some degree of 

disturbance to the blood flow.  This disturbance promotes thrombosis by disruption the laminar 

blood flow and change endothelial shear stresses within the artery. This further leads to shear-

induced activation of platelets by overexpression of integrin IIb3 followed by stabilization of 

platelet aggregates and thrombus formation 7, 9. 

 

Beyond the fundamental design of the stent, factors associated with the deployment of the stent 

or stents in an artery can influence thrombosis.  Under ideal circumstances, a stent should be 

fully deployed such that the stent is pressed flush against the vessel wall.  However, sometimes 

stent malposition (separation of strut from the intimal surface of the arterial wall) 41 or stent 

underexpansion (stent does not expand to the full desired diameter) occur. These factors also 

further act to disrupt blood flow and expose more of the pro-thrombogenic stent surface to the 

blood.  These challenges can be further exacerbated for challenging lesions such as those that 
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are long or present at bifurcations in the blood vessel.  In these instances, a surgeon may be 

required to implant multiple stents in a single site, further potentiating thrombosis.   

 

Drug-eluting stents were also found to impair reendothelialization after implantation, slow the 

healing process, and promote the expression of tissue factors leading to prothrombogenic and 

inflammatory conditions 20. These issues were addressed with the development of second-

generation metallic and drug-eluting stents. These stents were made of less inflammatory 

materials such as cobalt-chromium and platinum-chromium and eluted newer antiproliferative 

drugs such as zotarolimus and everolimus4. Several combinations of metallic materials were 

investigated including stainless steel, cobalt-chromium, and platinum-chromium as well as 

different polymers for the drug eluting layer such as fluoropolymers, poly(n-butyl 

methacrylate), poly(vinylidene fluoride co hexafluoropropylene) or specifically developed 

commercial polymers (e.g., BioLinxTM)23,25. These stents improved endothelization compared 

to first-generation devices. Additionally, the combination of new materials resulted in 

improved mechanical properties of the material and allowed for the fabrication of stents with 

thinner struts 23. The thinner struts are desirable as they allow disturbances to blood flow to be 

minimised and expose less pro-thrombogenic stent surface to the blood flow.   

 

While the second generation stents reduced the thrombogenicity of the devices, clinical trials 

revealed higher rates of target lesion revascularization (repeat revascularization procedure for 

a vessel already containing a stent), potentially limiting the long term safety of the devices, and 

prompting the development of third generation metallic and drug eluting stents 4. 

Improvements were made by incorporating additives into the main platform, using new 

coatings of biodegradable polymers, and development of polymer-free coatings. The four main 
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anti-proliferative agents used in third-generation stents were sirolimus, everolimus, paclitaxel 

and umirolimus 4, 8.  

 

As of 2018, there is one everolimus eluting stent approved for use in the U.S made of platinum 

chromium alloy covered with Poly-D,L-lactide-co-glycolide, which elutes everolimus 

(Synergy ™) 4. Clinical results for third-generation stents show significant reduction of target 

lesion revascularization compared to bare metal stents 17. Everolimus-eluting cobalt chromium 

stent showed the best clinical outcomes with reduction of stent thrombosis, myocardial 

infarction and risk of target lesion revascularization. Some research suggests that the use of 

biodegradable polymers may lead to a decrease in the time required for anti-platelet therapy; 

however, additional clinical trials are required 4. 

 

SynergyTM stent is everolimus-eluting platinum chromium coronary stent which promotes 

early healing due to its thin struts (74 µm) and excellent stent coverage with low stent 

thrombosis. In the study, SynergyTM stent was compared in terms of its pre-clinical 

performance with other stents that have thicker struts (120 µm – 150 µm)44. Results showed 

rapid endothelialisation of SynergyTM stent with strut coverage as high as 84 %, as compared 

to 13-68 % for other scaffolds with thicker struts45. The polymer coating with everolimus is a 

biodegradable polymer (PLGA) which gets absorbed as everolimus is being eluted46-47. 

Synergy stent is the first FDA approved stent which utilizes a bioabsorbable polymer as an 

outer coating for elution of a biodegradable polymer embedded everolimus, and which has very 

thin struts compared to previous scaffolds4. 

 

1.3.3. Fourth generation (bioabsorbable) 

 

Despite the significant advances that have been made in stent design, patients still require 

prolonged use of dual antiplatelet therapy.  The prolonged use of these drugs is a burden on the 
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healthcare budget, poses risks for the patient such as severe bleeding, and discontinuation of 

the therapy potentiates late stage thrombosis. As such, there is significant interest in developing 

a next generation of stents that removes the need for the prolonged antiplatelet therapy. 

Additionally, permanent stenting is not required.  The vessels show the ability to heal 

themselves between 6 months and 1 year post-surgery. There is currently widespread interest 

in the development of biodegradable stents through combining the properties of the vessel to 

heal and the desire to minimise prolonged antiplatelet therapy. These medical devices would 

support the vessel until healing can occur and then degrade away to leave behind a functioning 

artery. This type of stent could potentially decrease the risk of scaffold thrombosis and reduce 

the need for dual anti-platelet therapy 4, 7.  

 

Several biodegradable stents are currently being developed or are in clinical trials. The devices 

are either made from biodegradable metals (e.g., magnesium or iron) or polymers. This review 

focuses on polymeric biodegradable stents, and current devices are detailed in Table 1.2. The 

majority use Poly-L-lactic acid or Poly-D,L-lactic acid as a stent material, tyrosine-derived 

polycarbonate, or salicylic acid. Anti-proliferative agents, if used, include everolimus, 

sirolimus, myolimus, novolimus. Long-term clinical data comparing bioabsorable scaffolds 

with bare metal stents is not extensive, and no comparison of target lesion revascularization 

rate has been made, to the authors’ knowledge 4. 
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Table 1.2: Bioabsorbable polymeric scaffolds. PLLA – poly-L-lactic acid, PLA – poly-lactic acid, PDLA -poly 

D-lactide , PLGA – poly lactic-co-glycolic acid, TDP – tyrosine derived polycarbonate, DTDP – 

desaminotyrosine derived polycarbonate 48 

 

 

1.4. Commercial fabrication techniques and materials for polymeric stents  

 

Currently, polymeric stents are commonly made through extrusion-based blow moulding 

techniques. A generalised process flow diagram is illustrated in Figure 1.2. Initially, polymer 

Stent name Company Bulk Polymer Strut thickness Fabrication Status Country Ref 

Absorb BVS 

 

Abbott 

Vascular 

PLLA 150 µm Extrusion, 

blow molding 

FDA hazard 

alert 

TGA 

unapproved 

Out of market 

United States 4, 9, 38, 48-49 

REVA 

ReZolve 

ReZolve 2 

Fantom 

Reva Medical TDP 

TDP 

TDP 

DTDP 

200 µm 

230 µm 

- 

125 µm 

- Discontinued 

Clinical trials 

Clinical trials 

Clinical trials 

United States 4, 48, 50 

ART Pure  Arterial 

Remodeling 

Technologies 

PLA - Post 

processing 

annealing 

Clinical trials France 4, 48 

DESolve 150 

DESolve 100 

DESolve Cx 

DESolve NTx 

Elixir Medical  PLA 

PLLA 

150 µm 

100 µm 

120 µm 

- 

Solvent based 

spraying, 

annealing 

CE Mark 

CE Mark 

Clinical trials 

Under 

development 

United States 48, 51-53 

MeRes stent 

 

MeRes100 

Meril Life 

Sciences 

PLA 

 

PLLA 

>200 µm 

 

- 

- Animal study 

 

Clinical trials 

India 48, 53-54 

FORTITUDE 

 

APTITUDE 

MAGNITUDE 

Amaranth 

Medical Inc. 

PLLA 

 

PLLA 

PLLA 

150-200 µm 

 

115 µm 

100 µm 

Multilayer 

processing 

Clinical trials 

 

Clinical trials 

Clinical trials 

United States 48, 55-57 

XINSORB Huaan 

Biotechnology 

Group Co., Ltd 

PLLA 160 µm - Clinical trials China 48, 58 

IDEAL (1st) 

 

 

IDEAL (2nd) 

Bioabsorbable 

Therapeutics 

Inc. 

Xenogenics 

Corporation 

PLLA/Salicylates 200 µm 

 

 

175 µm 

- Clinical trials 

 

 

Under 

development 

United States 

 

 

United States 

48 

ArterioSorb 

120 

ArterioSorb 95 

Arterius Ltd. PLLA 120 µm 

95 µm 

Solid die 

drawing 

Under 

development 

 

United 

Kingdom 

48, 59-60 

Mirage BRMS Manli 

Cardiology 

PLLA 125 µm Microfiber 

monofilament 

with 

directional 

alignment 

Clinical trials Singapore 48, 61-62 

ON-AVS OrbusNeich PLLA/PDLA 150 µm - Under 

development 

United States 48 

Avatar S3V Vascular 

technologies 

- - - Animal study India 48 

Stanza BRS 480 

Biomedical 

PLGA - - Under 

development 

United States 48, 53 

ReNATURAL Cardionovum 

GmbH 

PLLA - - Under 

development 

Germany 48 
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pellets are melted, and the melt is extruded through a die to form a polymer tube, sometimes 

followed by a blow moulding step. After extrusion, the tube is machined, usually through laser 

cutting, to generate the desired strut pattern.  Metallic stents, and sometimes polymeric stents, 

then undergo an annealing step to improve the mechanical properties, lower the risk of strut 

breakage, and improve fatigue resistance. A surface treatment such as electro polishing or 

ultrasonic cleaning is sometimes performed, to ensure that the surface is defect-free 63. A drug 

eluting layer is deposited on the surface of the polymer utilizing various techniques such as dip 

coating or electrospraying. In the process, a drug is usually dissolved in a polymer solution and 

deposited together with a thin layer of a polymer. In the final steps, a stent is crimped onto the 

balloon before being inserted into patient’s artery, and then expanded at the lesion site (Figure 

1.2). 

 

Since this study focuses on the development of polymeric stents, a brief overview of the most 

common currently available industrial methods is described below and compiled in Table 1.3. 

Precursor tube fabrication 
(Extrusion)

Blow molding

Remove material from 
presursor tube to form stent 

Deposit drug/polymer outer 
cooating

Crimp stent onto ballon

Expand stent scaffold to a 
deployed state

Figure 1.2: Schematic of fabrication process for polymeric biodegradable stents (Absorb BVS by Abbott 

Vascular). Adapted from ref 63. 
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Table 1.3: Commercially utilized techniques for processing polymers as biodegradable stents 48. 

Technique Process characteristics Advantages Disadvantages Ref 

Methods of producing precursor tubes 

Extrusion • Polymer heated up to the 

molten state 

• Extrusion through die 

using a screw pump 

• Polymer chains oriented in 

the direction of flow 

(longitudinal chain 

orientation) 

• Well established 

manufacturing 

protocols 

• Scalable 

 

• Requires melting 

of the polymer 

(above Tm) 

• Production of a 

tube without 

porosity 

• Limitations in 

shape of the 

structure due to die 

and flow 

63-65 

Melt Mould 

Injection Casting 

• Melt the polymer 

• Injection into the mould 

followed by curing 

• Fast production 

• Low cost 

• High temperature  

• Melting required 

66 

Blow Moulding • Material prepared as soft 

polymeric parison  

• Injection of the material 

into the mould 

• Air blown for tube 

expansion 

• Stretching and selective 

orientation of polymer 

chains  

• Preferential 

alignment of polymer 

chains 

• Selective orientation 

• Low pressure 

• Improved 

mechanical 

properties 

• High temperature 

• Limited final 

structures by the 

shape of a cavity 

63 

Die drawing • Polymer heated up  

• Solid material drawn 

through a conical die of 

reducing cross-section 

• Polymer chains oriented in 

the direction of the motion 

• Material pulled into 

various final shapes 

• Improved 

mechanical, thermal 

properties 

• Selective molecular 

orientation 

• High temperature 67 

Solvent based 

spraying 

• Polymer dissolved in 

suitable solvent and 

sprayed onto the collector  

• Organic solvent evaporated  

 

• Use of organic 

solvent  

• Drugs can be 

incorporated by co-

dissolving with 

polymer in the 

solvent 

• Poor mechanical 

properties 

• Need for very 

controlled 

environment for 

reproducibility 

68 

Microfiber 

monofilament 

• Fabrication of highly 

orientated circular 

polylactide filaments with 

directional mechanical 

properties 

• Control of 

mechanical 

properties 

• Ambient temperature 

for some steps of the 

process 

• Process requires 

melt extrusion  

48 

Methods of machining tubes to produce stents 

Laser machining 

 

 

• Laser cutting of precursor 

scaffolds (tubes) fabricated 

via above methods for 

• Fabrication of 

desired geometries 

• Deposition of the 

removed material 

on the surface 

66, 

69-70 
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Nd:YAG laser 

 

 

 

Femtosecond 

laser 

Excimer laser 

production of a stent with 

struts 

from tubular 

scaffolds 

 

 

 

• Thin structures (50-

100 µm) 

 

 

• Thin structures (30 

µm) 

• High resolution 

• Lack of heat affected 

zones 

• Oxidation of the 

cut 

• Burr formation 

• Extra steps for 

removal of 

materials (etching, 

pickling) 

• Heat affected 

zones 

• Not suitable for 

some polymers 

• Some of the 

material melts 

because of cutting 

• Very expensive 

• Low resolution 

and beam quality 

 Additional treatments  

Annealing • Heating of the polymer to 

an elevated temperature for 

a certain duration 

• Removal of residual 

solvent 

• Removal of residual 

stresses and defects 

in the material 

• Improved 

crystallinity 

• Need for elevated 

temperature 

68 

 

 

1.4.1. Extrusion blow moulding followed by laser cutting 

 

Extrusion is the most common technique used to produce the polymeric tubes that are later 

machined into stents. In this process, a polymer resin with the desired additives is melted and 

extruded through a die to produce a tubular structure. The tube is then enclosed in a cooled 

mould and air is blown into the tube to inflate it into the final shape. Once the polymer has 

solidified, the mould is opened, and the part is ejected.  

 

The tubular scaffolds must then be laser machining to create the desired geometry. The most 

commonly used laser for the machining of metallic stents is the neodymium: yttrium-

aluminium-garnet (Nd:YAG) solid-state laser with wavelength of 1064 nm. While the laser has 

been utilized for machining of previous generations of stents it does have major drawbacks 
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including the creation of large heat affected zones and dross adherence 66. The laser machining 

of polymeric bioabsorbable stents differs significantly from their metallic counterparts because 

of different optical and thermal properties of the materials. Commonly, femtosecond and 

excimer lasers are used in the production of polymeric stents. Femtosecond lasers emit optical 

pulses with ultrashort pulses in the domain of femtoseconds, thus depositing the laser energy 

into the electrons of the material on a very short time scale compared to transfer time of the 

energy to the bulk of the material. This results in minimal thermal stresses and increased 

ablation efficiency 69. The major downside of the use of femtosecond for fabrication of stents 

is its high cost. Another type of commercially used laser is the excimer laser which is an 

ultraviolet laser 70. This laser is advantageous as it results in minimal heat affected zones. 

However, the resolution of the cuts and beam quality are lower compared to Nd:YAG or 

femtosecond lasers.  

 

Some of the most common additional treatments after production of a scaffolds include 

annealing and electropolishing. Annealing can be performed to facilitate deformation of stent 

during expansions, as well as to remove surface irregularities and decrease roughness. 

Additionally, annealing can be used to tailor mechanical properties such as tensile elongation 

at break, ultimate tensile strength, ductility and grain size71-73. Electropolishing is a technique 

in which material is removed via electrochemical process to improve surface of a device. In 

this process, a material or scaffold is immersed in a temperature-controlled bath of electrolyte 

and current is passed through the solution74. The process reduces the roughness of the surface 

and sometimes is performed after acidic pickling. Both of these techniques ensure the surface 

smoothness and enable better biocompatibility of a scaffold75. 
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There are multiple techniques of depositing drug-eluting polymer layer such as dip coating, 

electro treated coating, plasma-treated coating and spray-coating 76. Dip coating involves the 

submerging of the stent in a solution of a drug or polymer/drug in a solvent. Afterwards, the 

stent is left to dry which allows the evaporation of the solvent. The technique allows variation 

in polymer and drug; however, it can lead to complications such as bridging, pooling, and lack 

of uniformity of a dip coated polymer/drug layer77-79. Electro treated coatings are based on the 

use of electrical stimulus to assist in drug/polymer deposition onto the stent surface, or 

alternatively, to increase polymerization on previously deposited drug layer76. Electrophoretic 

deposition, a technique which utilizes an electric field to attract charged particles onto the stent 

surface, results in the formation of a drug layer80-81. Plasma treated coating are still undertaken 

at a laboratory scale, which involve exposing the base metal or polymer coated stent surface to 

a plasma beam in order to enhance chemical bonds in the drug release via polymer cross 

linking76.  Spray coating is one of the most often utilized technique in which an apparatus is 

used to spray polymer/drug solution onto a stent, enabling consistent deposit of a uniform drug 

release layer. This method allows high variability of coating designs, therefore leads to better 

optimization in release profiles. This technique usually exhibits logarithmic release curves with 

a characteristic burst release profile due to the presence of a drug at the boundary between the 

stent and the vessel, which is then followed by a decrease in the release rate to enable long-

term therapeutic effects76, 82. 

 

1.4.2. Die drawing 

In the die drawing technique, polymer is heated up and drawn through a conical die with 

reducing cross sections at a set velocity. This results in the transition of amorphous polymer 

into the oriented polymer chains and allows control of biaxial or uniaxial orientation 67. The 
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final product is often improved in its mechanical and thermal properties as a result of 

processing steps 83. 

1.4.3. Solvent based spraying 

Solvent based spraying on a commercial level, known more commonly as electrospinning or 

electrospraying on a laboratory scale level, requires dissolving of the polymer in a suitable 

solvent and then applying a certain voltage to produce fibres 84. The fibres are collected onto a 

rotating rod for fabrication of a tubular scaffold. Although the process has several advantages 

over other commercially used methods, namely low temperature and porosity of the produced 

scaffold, the requirements for the reproducibility and mass production of scaffold are 

significant compared to other processes. Solvent based spraying allows the addition of drugs, 

simply by co-dissolving in the solvent with polymer, as well as other additives to tailor the 

properties of the final scaffold85-87.  

 

1.4.4. Microfiber monofilament processing 

Microfiber monofilament processing is one of the few industrial processes which does not 

require elevated temperature for majority of the steps of the process. In this technology, highly 

oriented filaments are produced with directional mechanical properties that follow scaffold’s 

radial strength requirements. In this technique, monofilaments are integrated into the circular 

geometry and then onto the desired strut structures. The process starts with highly oriented 

circular polylactide monofilament and has three major steps which include melt extrusion, 

followed by drawing of the monofilament fibres and finished up by the annealing process. The 

fibres have preferential direction which can influence their properties and match the specific 

needs for the scaffold.  Devices which are produced with this technique have multiple axial 

microfibers and radiopaque markers attached to them at the ambient temperature in the final 

steps 48. 
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1.5. Clinical outcomes from the first generation of biodegradable stents 

 

In July 2016, FDA approved the use of the first biodegradable coronary artery stent, the Absorb 

GT1 ™ Bioresorbable Vascular Scaffold (BVS). The stent was a fully degradable device made 

from poly-L-lactide coated with a thin layer of everolimus-eluting poly-D,L-lactide. However, 

the FDA released a statement in March 2017 reporting that recipients of the Absorb 

bioresorbable vascular scaffold experienced higher rates of adverse cardiac events including 

heart attack, death, and the need for additional procedures to reopen the vessel 88-89. This hazard 

report resulted in the Absorb scaffold being pulled from the market in 2017.   

 

The BVS was the first FDA approved fully-resorbable stent device, and its clinical failure 

illustrates that significant research needs to be done to address the shortcomings associated 

with the first generation of the device, particularly late and very late stage thrombosis.  Figure 

1.3 displays optical coherence tomography images that illustrate some of the challenges 

associated with the in-vivo performance of the devices including (Figure 1.3A) strut 

malposition, (Figure 1.3B) incomplete coverage of the lesion, (Figure 1.3C) under 

deployment of the stent, (Figure 1.3D) acute disruption related to irregularities of a scaffold at 

baseline, (Figure 1.3E) irregularities in the device surface due to overlap of multiple scaffolds, 

(Figure 1.3F) a late discontinuity resulting in the protrusion of struts into the lumen, (Figure 

1.3G) peri-strut low intensity area that indicates inflammation around the struts, (Figure 1.3H) 

uncovered struts, exposing pro-thrombogenic surface to the blood flow; and (Figure 1.3I) 

neoatherosclerosis. All of these challenges impede the clinical success of these devices by 

causing pro-thrombogenic changes in blood flow, exposing pro-thrombogenic scaffold 

material to the blood flow, and can cause inflammation around the struts. 
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Figure 1.3: Optical coherence tomography images illustrating representative examples of challenges associated 

with biodegradable stents: (A) strut malposition; (B) incomplete lesion coverage, possible ruptured plaque (white 

arrow), and uncovered thrombus (white asterisk); (C) underdeployment; (D) acute disruption; (E) overlap of 

scaffolds; (F) late discontinuity; (G) peri-strut low-intensity area (corresponding to inflammation around struts); 

(H) uncovered struts; and (I) neoatherosclerosis. Figure reproduced with permission from ref 9. Copyright 2017, 

Europa Group. 

 

The failure of the Absorb device led to the investigation of causes and provided both clinicians 

and researchers with insights into biodegradable stents safety long term in vivo. As shown in 

Figure 1.3, there are several causes responsible for the device failure, which can be related to: 

(1)  mechanical disruption of physiological conditions (i.e., laminar blood flow and endothelial 

shear stresses) due to a large profile of a device and thick struts, (2) thrombogenicity of the 

polymer as it degrades and its degradation products (3) inflammation around struts. Causes 

such as strut malposition (Figure 1.3A), acute disruption (Figure 1.3D) and late discontinuity 
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(Figure 1.3F) are related to the biodegradation process. It was found that during the 

degradation process, degrading struts began to interfere with blood flow and detach from the 

scaffold, leading to strut malposition (Figure 1.3A). This process was happening in a manner 

that was disruptive to the physiological blood flow and endothelial shear stresses, therefore 

causing more thrombogenic conditions. Additionally, the Absorb device was found to degrade 

in large polymer pieces, which was causing acute disruption (Figure 1.3D) and late 

discontinuity (Figure 1.3F), as the blood flow was continuously exposed to large pieces of 

thrombogenic polymer and its biodegradation products. Other causes of a device failure were 

related to the thick struts of the Absorb scaffold (≈160 µm)88-89, which resulted in impaired 

strut coverage by the neointimal tissue formation and inflammation around struts4-8.  

 

The neointimal coverage is an important aspect of stent implantation as it allows the vessel to 

come back to its natural state after implantation. In an ideal situation, the stent should be 

covered by newly formed neo-endothelium which is not always the case in permanent 

scaffolds. By the permanent presence of a metallic scaffold, a natural physiology of a vessel 

and its healing process is disrupted which affects blood lining, and can lead to higher rates of 

blood clots and scar tissue being formed, therefore leading to recurrence of restenosis5, 7-8. A 

scaffold is required in a coronary artery only for a few months after implantation to prevent 

restenosis related to vessel remodelling and acute recoil4, 6. The permanent presence of a stent 

can lead to many complications mentioned above. Therefore, biodegradable stents were 

believed to hold the potential of allowing the vessel to remain in its natural state after re-

blocking the artery, and allow it to heal without adverse side effects, as compared to permanent 

scaffolds. Although the Absorb device showed impaired formation of the neointimal coverage, 

the reasons behind this were different as those in permanent scaffolds. In the Absorb scaffold, 

thick struts and larger cross-sectional profile of a device were believed to be the reasons behind 
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the impaired neointimal coverage.  Therefore, finding the balance between the biodegradability 

of a device, optimal device cross-sectional profile, and thin struts, is critical for the formation 

of a neointimal tissue4-8. 

 

Strut thickness has a direct impact on the blood flow within the artery post implantation (Figure 

1.4)7. Struts which are thick (  80 m) disrupt the laminar blood flow and change endothelial 

shear stresses within the artery. This further leads to shear-induced activation of platelets by 

overexpression of integrin IIb3 followed by stabilization of platelet aggreges and thrombus 

formation.  In the case of the Absorb scaffold, its thick struts (≈ 160 µm) were found to be 

correlated to the scaffold thrombosis and long-term safety in-vivo, due to the deceleration of 

neointimal tissue formation, disruption of blood flow and changes in endothelial shear stresses, 

as shown in Figure 1.4 4-8. Several different designs and materials have been utilized for 

fabrication of biodegradable coronary artery stents, with aims at developing the most optimal 

Figure 1.4: Schematic outline for the influence of strut thickness and stet design on physiological endothelial 

shear stresses within the artery. Reproduced with permission from ref 7. Copyright 2017, Lippincott Williams 

& Wilkins. 
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one. These polymeric materials vary in crystallinity, composition and arrangement of the 

polymeric chains, which then further translates to various performance in terms of degradation 

and inflammation, which could lead to scaffold thrombosis 4-8. These studies aim at 

understanding the behaviour of the device in-vivo, after exposure to flow and shear-stresses 

within the artery, based on the differences in composition, designs, and degradation profiles. 

Consequently, studies report different behaviours in terms of inflammation and bio absorption 

based on composition and structure of the device 4-8. They combine modelling and clinical 

evaluation of the devices which ultimately suggests that thick protruding struts induce flow 

disturbances and changes to endothelial shear microgradients. These shear microgradients have 

been shown to have three phases: shear acceleration phase, peak shear phase, and shear 

deceleration phase. The first of these phases correlates to platelets being in the central phase of 

the flow, and suddenly undergoing acceleration due to shear microgradient. In the next phase, 

these accelerated platelets are thought to adhere to exposed thrombogenic surfaces through 

platelet membrane glycoproteins, leading to further recruitment of the platelets into the 

downstream deceleration zone. In the deceleration zone, platelets are believed to decelerate 

through decreasing hemodynamic drag forces. As a result, reduced shear stresses within this 

zone lead to formation of integrin IIb3 adhesion contacts. This flow behaviour is believed to 

be strongly related to changes in laminar flow, with magnitude of disturbance dependent on 

the protrusion of the struts into the lumen4-8.  Other studies further built on current 

understanding of the impact of stent and scaffold material, as well as strut design and thickness 

both on the flow within the artery and on the thrombosis128.  These studies were based on the 

careful analysis of different designs and materials, to gain an understanding into the 

relationship between the material, design and the mechanisms of thrombotic complications 

from the pre-clinical and clinical viewpoints128. These studies investigated materials ranging 

from stent alloys, magnesium, polymers and their derivatives such as PLLA, PDLA, PGA, 



1. Literature Review  1.6. Using materials science and advanced 

fabrication techniques to address critical 

challenges with biodegradable stent technology 

 

24 | P a g e  

 

PCL, and those of mixed composition, therefore mixed hydrophilicity and hydrophobicity. 

Materials were compared in terms of their mechanical performance, corrosion resistance, 

biocompatibility, recoil, and biodegradability. The study combined the investigation and 

analysis of pre-clinical and clinical findings on the influence of strut and stent design, with 

computational fluid dynamics, and showed that excessive strut density and greater thickness 

increases local blood flow disturbances contributing to thrombogenicity128.  

Stent design, surface curvature and their influence on the flow were correlated with drug 

distribution and anti-proliferative properties on the atherosclerotic arterial wall. In the study, 

strut spacing, curvature and design were correlated with their influence on the rates of 

restenosis and drug coating distribution, as well as neointimal coverage of the stent. In terms 

of hydrophilicity and hydrophobicity of the material, and their influence on the flow within the 

artery, not many studies were conducted. Materials were usually analysed in terms of their 

crystallinity, strength, and adsorption time, as these three factors were found to be the most 

crucial in the determination on their applicability for the stent application128. 

1.6. Using materials science and advanced fabrication techniques to address 

critical challenges with biodegradable stent technology 

 

The development of clinically successful biodegradable stents will require advances in material 

science and fabrication techniques to address the root causes of the failure experienced by the 

first generation of devices. In the next sections of this review, we will explore some of the 

advances in fabrication techniques and materials development that are occurring or could be 

implemented to enable development of clinically successful biodegradable stents.  
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1.6.1. Potential and challenges of additive manufacturing in personalized stent 

fabrication 

 

Current industrial techniques for fabrication of polymeric stents usually involve extrusion or 

injection moulding, followed by melt blowing and laser cutting to obtain the final structure. 

Electropolishing and chemical post-treatment are generally utilized in the final steps to 

minimize surface irregularities 90. These techniques lack personalized sizing, reguire high 

temperatures and do not allow drug-loading into the bulk of the device. The biodegradable 

scaffolds produced by these methods have struts with thickness from 100 µm to 250 µm 4, 48, 

91, significantly thicker than the traditional non-degradable stents which range from 60 µm to 

80 µm in thickness91. Current polymeric scaffolds either require thick struts for sufficient radial 

support, or lack the necessary mechanical properties in vivo. 

 

The current methods of stent fabrication result in standard sizes that may not fit a desired 

patient’s vessel or disease state, leading to difficulties in selecting the appropriate device, 

lengthier procedures, device-vessel mismatch, and post-procedure complications 7, 92. Additive 

manufacturing technologies have potential to generate personalised and patient-specific stents, 

as described in Table 1.4.  

 
Table 1.4: Emerging laboratory-based techniques for processing polymers into biodegradable stents 66 

Fabrication Process characteristics Advantages Disadvantages Ref 

Fused Deposition 

Modelling  

• 3D printing technique utilizing 

melt extrusion where many thin 

layers of polymer are deposited 

on top of one another 

• Materials melted for extrusion 

• Capable of fabricating 3D 

structures with feature sizes in 

the 100s of microns 

• Micron level resolution 

• Short processing time 

• Laying down the 

material in layers 

(limited designs) 

• Irregular surface 

• Limited to polymer 

melts 

93 

Photolithography 

 

• Method utilized for tissue 

engineering yet to be explored 

for stent fabrication 

• Use of mask to photopolymerize 

and then cross-link polymers to 

fabricate 3D scaffolds 

• Polymer can be loaded 

with additives and drugs 

• High cost 

• Slow fabrication 

• Difficult to scale up 

for mass production 

94 
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1.6.2. 3D printing/Fused Deposition Modelling 

 

Melt extrusion 3D printing promising fabrication technique that received vast attention in 

recent years. In this process, the polymer is heated above its melting temperature in the 

cartridge, or dissolved in a solvent, and then the material is extruded through a nozzle by 

applying a certain system pressure. Once the material is extruded, it is cooled down in the case 

of melt extrusion or solvent is evaporated, in the case of solvent-assisted 3D printing. By 

continuous deposition of layers of the materials and custom-written programs, desired 3D 

structures can be created. Some research studies report fabrication of 3D printed stents, with 

strut thickness of 300 µm, and more lately 150 µm, yet these are quite far from industrial or 

commercial use 95, 97, 100. The thickness of 80 µm, present in metallic stents, has been clinically 

shown to be the best-performing in metallic scaffolds 91, 101. Fabrication of biodegradable, 

Stereolithography • Maskless fabrication utilizing 

photopolymerization to cross-

link polymers and generate 3D 

scaffold 

• Automated 

• Fast 

• Easy fabrication of 

scaffolds with varying 

pore size 

• Feature size limited 

to laser width 

94 

3D printing from 

solution or melt 

• Polymer melted or dissolved in 

a suitable solvent 

• Melt extrusion of the polymer  

• Layer by layer formation of 3D 

structures 

• Personalized size 

• Easy to adapt design 

• Addition of drugs and 

additives 

• Low resolution 

• High temperature 

• Surface roughness 

• Limitations in 

nozzle size 

95-96 

3D printing with 

additives/nano 

fillers 

• Additives melted/dissolved 

together with polymer  

• Co extrusion of the polymer 

melts with additives at adjusted 

parameters (temperature, purge 

pressure) 

• Tailor of properties of 

the scaffold by selective 

choice of additives 

• Optimization 

required for process 

parameters 

97 

Melt electrowriting • Polymer melted and extruded 

through the nozzle 

• Voltage applied onto the 

polymer melt to draw the 

desired 3D structure 

• Continuous deposition of layers 

of material to obtain the final 3D 

design  

 

• Complex structures 

fabrication with very 

high resolution (µm) 

• No need for laser 

cutting to produce a 

stent with struts  

• Allow drug and 

additives loading into 

the bulk of the material 

• Porosity of the scaffold 

• No solvent required 

• Reproducible 

• Need to melt the 

material  

• Limitations in 

resolution 

98-99 
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polymeric stents with strut thickness close to 80 µm via 3D printing is limited by the nozzle 

size required to extrude the polymer melt through it and often times by the mechanism of 

material deposition in layer-by-layer manner. Although it is possible to 3D print a tubular 

structure, there is often significant roughness of the outer layer due to multi-layer extrusion of 

the material. Currently, 3D printed polymeric devices reported in the literature are with strut 

thickness of 500 - 600 µm 95, 300 µm97, 150 µm 100. 

 

More recently, studies have been performed that introduce nanofillers into the polymer matrix 

for enhancement of the mechanical and biological properties of biodegradable coronary 

scaffolds 97. The feasibility of 3D printing of polymer-carbon composite has been shown with 

novel approach of utilization of medical images of patient’s arteries onto the stent design 

(Figure 1.5, Figure 1.6h) 97. The study is one of the first that successfully shows the concept 

of personalized 3D printing of biodegradable stents with patient specific approach. 

Additionally, the dual drug elution profile of the device, with combinatorial drug release of 

anti-coagulation drugs and investigation of the deployment of the stent in the swine heart, show 

its potential for more detailed animal studies. Some of the limitations of the study remain the 

strut thickness, which is close to 300 m, and evaluation of clinical long-term performance of 

the scaffolds. 



1. Literature Review  1.6. Using materials science and advanced 

fabrication techniques to address critical 

challenges with biodegradable stent technology 

 

28 | P a g e  

 

 

 

 

 

 

Figure 1.5: 3D printing of multidrug eluting patient-specific polymeric biodegradable stent. (a) Schematic of 3D printing 

of personalized stents. The process begins with CT imaging of the cross-section of the coronary artery and the diseases 

plaque. Custom made CAD design of the biodegradable scaffold is prepared utilizing the CT images of the patient. Upon 

the successful fabrication of the prototype using custom-build extrusion 3D printing setup, the device is implanted, which 

is followed by multi-drug elution and degradation. CT imaging is performed to assess healing of the artery. (b) CT images 

of the coronary artery and stent design (c) CT images of the pig heart with implanted scaffold (d) Custom-built extrusion 

setup (e)Steps involved in the ex-vivo implantation of the scaffold in the pig’s artery (f) Biodegradable drug-eluting 

polymeric stent. Reproduced with permission from ref  97. Copyright 2017, Wiley. 
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In the other studies (Figure 1.6a-d), authors characterized biological performance of 3D 

printed PCL scaffold with sirolimus/PEG/PLGA coating deposited via spray technique with 

strut size from 300 – 1300 m 102. The study performed animal tests using pigs, with no 

fatalities following up the device insertion and up to 4 weeks after stenting. Some inflammatory 

response has been observed around the struts with decreased amount in sirolimus coated stents. 

Process parameters of 3D printing and its influence of the physical features of 3D printed PCL 

stent has been investigated 95. Different parameters such as printing nozzle temperature, flow 

rate, speed, and trajectories were evaluated in terms of its effect on final stent structure (Figure 

1.6e-f). Devices were further characterized in terms of their radial behaviour.  Additionally, 

the influence of nozzle, flow rate, and printing speed on resulting strut thickness has been 

quantified. The results suggest that higher nozzle temperature led to lower strut thickness - 

195m was reported as the lowest the device could reach. Higher flowrate has been correlated 

with higher strut thickness and higher printing speed has been correlated to lower strut 

thickness 95. Similarly, other studies investigate the processing parameters for 3D printing 

using methacrylated poly(1-12 dodecamethylene citrate) (Figure 1.6g), and show the 

optimization process of desired stent like structures with 150 m strut thickness and radial 

stiffness compared to the nitinol stents 96.  
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Figure 1.6: Representation of laboratory-based fabrication methods for polymeric coronary artery stents (a) 

Schematic of 3D printing setup (b) 3D printed PCL/PLGA/PEG vascular scaffolds (c) (d) SEM images of 

drug-eluting scaffolds. Reproduced with permission from ref 102. Copyright 2015, Elsevier. (e) (f) 3D printed 

PCL stents with various strut thickness. Reproduced with permission from ref 95. Copyright 2018, Elsevier. 

(g) 3D printed methacrylated poly(1-12 dodecamethylene citrate) stent. Reproduced with permission from ref 

96. Copyright 2018, Elsevier. (h) Stent design and SEM images of the 3D printed composite scaffolds. 

Reproduced with permission from ref 97. Copyright 2017, Wiley.  (i) MEW setup including a nozzle with 

high voltage and produced jet with polymer. Scale bar 2µm.  (j) Design of a tube produced via MEW with 

control over length, translational, tangential, effective and rotational velocities. (k) Illustration of the pivot 

angle between pivot points and resulting porosity in melt electrowritten scaffolds. Reproduced with permission 

from ref 99. Copyright 2018, Elsevier. (l) Experimental setup for laser cutting of polymeric tubes in 3D using 

fibre laser and laser cut polymeric mats. Reproduced with permission from ref 96, 106. Copyright 2017, 

Elsevier. 
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1.6.3. Photolithography/Stereolithography 

 

Photolithography utilized a mask to photopolymerize and cross-link polymers, resulting in a 

three-dimensional scaffold. The technique allows uniform encapsulation of cells, and easy 

control of pore size through variation over polymer type and concentration. In its mask-based 

form, it requires manual and prefabrication of multiple photomasks for multi-layer scaffolds 

therefore is difficult to scale up and requires significant amount of time for fabrication of a 

final device94. 

 

Stereolithography is a photolithography-based process which uses a maskless 

photopolymerization to cross-link polymers and produce a three-dimensional scaffold94. Some 

of the main advantages include its automation, fast processing, ease of fabrication of structures 

with different parameters such as pore size or elasticity. However, the feature size that can be 

polymerized is limited to the beam width of the laser94. 

 

1.6.4. Melt electrowriting 

 

MEW is an emerging technique which utilizes melt extrusion and applied voltage for 

fabrication of highly ordered 3D structures with various application in biomedical field 103.  In 

this method, a polymer with high viscosity and low conductivity results in a melt flow which 

is followed by cooling down of the electrified jet and solidification of deposited material. 

Studies has shown the feasibility of use of the technique for fabrication of scaffolds with sub-

micron filaments 98, 104. The technique allows fabrication of structures with typical fibre 

diameters from 5 to 30 m and allows writing of the material to millimetre heights 98. Previous 

studies investigated the influence of instrument parameters on melt electrowriting of PCL and 

characterized the resulting scaffolds in terms of its crystallinity and fibre orientation 99, 104.  
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The feasibility of additive manufacturing of tubes with desired pore size, angle between the 

filaments, and printed length has been shown (Figure 1.6i-k)99. The study shows the potential 

of the technique for fabrication of custom-designed, personalised scaffolds with well controlled 

parameters. One of the major advantages of the MEW technique is an easy control of the device 

design via custom-written software, porosity of the scaffolds, and reproducibility 103. 

Additionally, the mechanical properties of melt electrowritten devices are higher compared to 

electrospun scaffolds due to use of polymer melt rather than a solution in the fabrication 

process. Also, in the case of electrospun scaffolds, fibres are not fused together, unless 

annealing step is used – this weakens the overall structure of the scaffold. It is also suggested 

Figure 1.7: The schematic showing the difference between solution-based electrospinning and melt 

electrospinning writing methods with resulting tubular scaffolds. (a) Comparison of solution electrospinning and 

melt electrowriting techniques. The polymer melt in MEW leads to a more stabilized jet compared to the use of 

polymer solution in ES and better control of the 3D features. Reproduced with permission from ref 98. Copyright 

2015, IOP Publishing. (b) Electrospun PCL tubular scaffolds and the resulting fibrous structures. Reproduced 

with permission from ref 127. Copyright 2009, Elsevier. (c) Melt electrowritten PCL tubular scaffolds and the 

resulting fibre structures. Reproduced with permission from ref 99. Copyright 2018, Elsevier. 
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that the use of a melt in the MEW process rather than polymer solution results in a stabilized 

jet and more control in the deposition of the material (Figure 1.7a) 98.  While tubular structures 

have been fabricated using MEW, the technique has not yet been explored for the fabrication 

of coronary artery stents.   

 

1.7. Critical comparison between commercial and lab-based techniques 

 

Current manufacturing techniques for fabrication of polymeric biodegradable stents range from 

extrusion, blow moulding, die drawing, microfiber monofilament processing, solvent based 

spraying and post-processing techniques including annealing, electropolishing and laser 

cutting. The majority of these methods require high temperatures at some point in the process, 

do not provide individual sizing, and are used for mass-production of thousands of similar 

tubes, rather than patient specific devices. Additionally, the drug loading takes places through 

the coating of a stent, rather than through incorporation into the bulk of a device. Other major 

limitation of current manufacturing techniques and materials used is the strut thickness of 

produced devices, which ranges from 100 m to more than 200 m. Although there are some 

biodegradable polymeric devices currently under development, with targeted strut thickness 

below 100 m, they are not available on the market and more intensive research and 

development as well as lengthy clinical trials are required for their approval. The main 

challenges to be overcome for the clinical application of the bioabsorbable scaffold are the 

scalable fabrication of devices with thin struts, sufficient radial force and long-term safety in 

vivo. 

 

Currently in industry, the limitations of the materials and fabrication techniques are mainly 

addressed by post-processing techniques such as thermal treatment (annealing), micro-braiding 
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which involves the stretching of the fibres to increase the strength of them, or by forming of 

interconnected networks between the fibres.  

 

Emerging additive manufacturing techniques hold the potential to address the limitations of 

manufacturing practices by their custom-design approaches to printing and production of 

personalized scaffolds, feasibility of use of many polymers, polymer composites or polymer 

derivatives as an input material, easy control of the size of the scaffold, and reproducibility of 

the technique. 3D printing of medical devices is bringing lots of attention not only in coronary 

artery field but overall in biomanufacturing of medical devices with several new regulations 

coming up from FDA in regard to 3D printing of medical implants 105. As mentioned 

previously, several studies showed the feasibility of 3D printing of polymeric biodegradable 

coronary stents with different polymers and studied the influence of the nozzle type, printing 

speed, or temperature on strut thickness. The most recent reports of coronary stent fabrication 

utilize additive manufacturing techniques, with the use of various polymers such as PCL 95, 102, 

106, methacrylated poly(1-12 dodecamethylene citrate) 96 or polymer composites 97. The 

limitation still lies in thick struts of devices, yet the field progression may soon be able to 

address the issue with novel 3D printing techniques which utilize electric fields.   

 

This brings us closer to MEW technique, which extrudes material that is then collected on the 

translating collector by applying pressure, heating the polymer and applying voltage. The 

method allows writing of the polymer in three different directions with control of the height of 

the structure and its final shape. Studies have shown the feasibility of MEW of tubular scaffolds 

with control of pore diameter, length, and distance between the strands of the material. The 

technique, similar to 3D printing, allows the control of the device design and opens up the 

possibility of its use for fabrication of patient specific scaffolds on demand. Additionally, the 
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technology has high resolution and better control of the printing, as compared to 3D printing, 

and usually requires lower temperatures. As mentioned above (Section 1.6.4), studies have 

been performed which showed the feasibility of production of a well-controlled tube with 

desired properties thus it shows high potential for the future application in biomanufacturing 

of polymeric biodegradable stents. 

 

Solution electrospinning is a technique that recently found its way into the industry, with Elixir 

Medical company utilizing it for fabrication of biodegradable scaffolds with post-processing 

steps involving annealing. Little information is presented on the laser cutting of the tubes 

produced with this technique, thus we cannot comment on it with regard to other techniques. 

Usually in the laboratory setting, electrospinning is a process highly influenced by many factors 

such as humidity, temperature, or system design, and its reproducibility requires tight controls 

on all of these variables, often difficult in the research laboratory. The use of the technique for 

industrial scale process requires well controlled environment and protocols.  

 

Laser processing, utilized both in industry and slightly less studied in academia, is a common 

post processing technique for polymeric tubes to note. Industrially used laser usually range 

from Nd:YAG, femto-second and excimer laser, with the latter two usually more applicable to 

transparent polymers. Although lasers allow fabrication of thin structures down to 30 m with 

high resolution, their use is very expensive and usually only utilized in industrial environment. 

The remaining issue with the use of the laser is its thermal effect on the polymer and production 

of the heat affected zones.  

 

Solution electrospinning with annealing followed by laser cutting, 3D printing and melt 

electrowriting are the most promising and researched techniques for fabrication of polymeric 
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biodegradable scaffolds with application in stents. The low temperature of the solution 

electrospinning makes it an appealing technique as annealing can be further used to improve 

the mechanical performance of the material, or alternatively the addition of reinforcing fillers 

to the polymer solution before electrospinning. 3D printing and melt electrowriting both offer 

the custom-made design alongside a personalized patient-centric approach but still require high 

temperatures to melt the material.  MEW seems to have an advantage over 3D printing due to 

better control of the device filaments and easy production of more complex 3D structures like 

coronary artery stents.  

 

 

1.8. Scope of the work  

1.8.1. Designing the ideal bioabsorbable and drug-eluting stent  

 

The clinical failure of the first generation of bioresorbable stents illustrates that there are key 

improvements that need to be made before this technology can reach its commercial and 

clinical impact. Some of these advances can be made through improved selection and design 

of materials and others can be achieved through the use of emerging fabrication processes.   

1.8.1.1. Materials development 

 

From a materials point of view, there are many key characteristics for an “ideal biodegradable 

drug-eluting stent”. Some of the major ones include its mechanical integrity: the device 

requires sufficient ductility to perform well under scaffold expansion process during 

deployment as previous clinical cases with under-expansion of the scaffold have been linked 

to device thrombosis or later device failure 7, 9. Additionally, it must have high tensile strength 

and stiffness to allow fabrication of thin struts (≈ 80 µm) without loss in radial strength of the 

scaffold.  
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To fabricate an ideal stent, a material is required which has high tensile strength, high 

elongation at break, and high radial strength (compressive strength), to minimize strut 

thickness, therefore decrease the likelihood of changes in blood flow. At the same time, this 

material needs to be biodegradable, biocompatible and haemocompatible. High tensile strength 

after expansion allows a lower volume of foreign material in the artery thus a decreased 

inflammatory response. The elongation at break of the scaffolds must be high as well, to allow 

the wide range of scaffold expansion and proper deployment during the angioplasty. Thinner 

struts of the biodegradable scaffold permit a fabrication of a device with smaller cross-sectional 

profile therefore improving its flexibility, deliverability and leading to easier implantation for 

the clinician and less risk of procedure related complications.   

 

It is important to note that current polymeric materials do not have all the necessary properties 

needed for development of the ideal coronary artery stent from materials point of view. As we 

outlined previously, the ideal stent should be characterized by high tensile strength, high 

elongation at break, and high ductility. From a mechanics point of view, as the elongation at 

breaks increases, usually the material’s tensile strength decreases. This is also correlated to the 

ductility of the material as a material with low tensile strength is usually characterized by high 

ductility, and a material with medium tensile strength, with medium ductility. The current 

challenge from materials viewpoint for biodegradable coronary stents lies in the balance 

between high tensile strength, high elongation at break, and enhanced ductility. Finding the 

suitable approach to achieve these three mechanical characteristics in one biodegradable 

polymeric material is a significant challenge in the field of polymer science itself 7, 107-108. 

 

Current limitations of bioabsorbable devices are the following: 1) low tensile strength and 

stiffness of the materials which leads to thick struts required for sufficient vessel support and 
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prevention of the acute recoil; 2) insufficient ductility of the materials which directly influences 

the expansion range of the device during the angioplasty procedure and scaffold retention on 

the balloon catheter7; 3) loss of mechanical properties during the vessel remodelling given that 

the degradation of the device happens too rapidly 90, 109-110. Polymers which have been 

previously used for manufacturing of the biodegradable stents include PLA, PLLA, PDLA107. 

These materials are significantly lower in terms of their tensile strength, modulus, and 

elongation at break compared to metallic scaffolds which utilize cobalt chromium or platinum 

chromium alloys. The gap between the low mechanical performance of polymers and high 

requirement for radial support for the vessel is currently addressed with the use of larger 

amount of the polymer, therefore larger volume of the device. This directly leads to a larger 

cross section of the stent and thicker struts which has adverse clinical effects as mentioned 

previously7. 

 

Although initially the focus was to utilize PLA, PLLA, and PDLA for fabrication of 

bioabsorbable scaffolds 107, PCL has recently brought more attention as a possible candidate 

for fabrication of biodegradable stents due to its low melting temperature, high elongation at 

break, and high tensile strength 95, 102, 106, 111. PCL is polymer composed of hexanoate repeat 

units from the class of aliphatic polyesters112. PCL has been widely studied for its physical, 

thermal and mechanical properties, which depend upon its molecular weight, as well as 

degradation mechanisms. In general, PCL has limitations related to its glass transition 

temperature (< -60 ºC), elastic properties, tensile and compressive behaviour compared to other 

polymeric materials such as PLA112. However, PCL is characterized by long degradation time 

(2 - 3 years), which is longer as compare do other polymers utilized for fabrication of stents 

such as PLLA112. Longer degradation time of PCL could be problematic as it could lead to 

more inflammatory responses due to long exposure of the polymer in the artery, or other 
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clinical complications. These drawbacks of PCL could be addressed by clinical studies of PCL 

stents and perhaps provide more in depth understanding of complications that could arise. 

Additionally, a viable method to improve mechanical performance of PCL and direct its 

biological, thermal or physical behaviour to desired characteristics is to blend it with 

reinforcing additives such as carbon-based nanomaterials. 

 

There are many reinforcing additives available for fabrication of a composite to enhance the 

mechanical strength of a material and tailor its properties such as organic or inorganic additives 

in various dimensional forms113-114 (Table 1.5). Different additives have been studied with 

various dimensional sizes such as zero-dimensional (nanoparticles, dots), one-dimensional 

(nanotubes, nanorods, nanowires), two-dimensional (planar, sheets, nanofilms, nanolayers, 

nanocoating), three-dimensional (hierarchical structures) – both in organic and inorganic 

forms113-114.  Zero-dimensional (0 D) materials can be amorphous or crystalline, and exist 

individually or incorporated in matrix, and compose of metal, ceramic or polymer. One-

dimensional (1 D) nanomaterials are needle like shaped, and similarly to zero-dimensional 

material can be amorphous or crystalline, and made of metal, ceramic or a polymer. Two-

dimensional (2 D) nanomaterials exhibit plate-like shapes and are deposited on a substrate. 

Similarly, to other materials, two-dimensional materials can be metallic, ceramic, polymeric 

and amorphous or crystalline. Three-dimensional (3 D) nanomaterials are composed of highly 

hierarchical structures and can be metallic, ceramic or polymeric.  From functional point of 

view, there are many additives previously studies such as reinforcing, conductive, semi-

conductive, insulating, piezo-electric, magnetic, coupling, extender filers or plasticizers (Table 

1.5). Each of these functional additives has a different effect on polymer properties after its 

introduction into polymer matrix and by a precise choice of a functional additive, properties of 

material can be adjusted to desired application. Reinforcing additives are usually carbon based, 
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fibrous or glass, and they have been all reported to increase the tensile strength of materials 

after their inclusion into the polymeric matrices114. Conductive, semi-conductive, and 

piezoelectric additives are excellent choices for applications in which conductivity can enable 

material processing or influence electrical outputs. Magnetic additives can be useful in 

applications that use magnetic forces to direct interactions with cells or other biological 

functions. Other additive types such as extender fillers or plasticizers, can influence the 

material to promote its processing under desired conditions. 

 

Some of the requirements for a composite to work as a stent material are enhancing its tensile 

strength and modulus without loss of flexural stiffness and compromise on elongation at break, 

increase in compressive strength, improvement of melt-flow properties (if fabricated via 

additive manufacturing utilizing melts). From a biological point of view, thrombogenicity, 

inflammatory response and biodistribution are some of the most crucial aspects. Once the stent 

begins to degrade, the composite material will slowly dissolve leading to small pieces of a 

composite in human body which can cause problems with accumulation in different organs and 

tissues. Nanocomposite materials which are naturally exerted though the body with minimal 

accumulation are preferred to be used in application relating to implantable devices such as 

stents. There are many filler types which could be potentially used as reinforcing additives for 

polymers (Table 1.5). Reinforcing additives offer great mechanical strength after incorporation 

of a filler and one of the most promising fillers are carbon-based, or graphene-based fillers due 

to their properties. 

 

Graphene based materials have been widely studied due to their excellent mechanical strength, 

thermal conductivity, electrical conductivity, and ability to direct cell behaviour115-117. Studies 

have been performed which investigated biodistribution of graphene-based materials after 
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administration to animals via different routes. The effects of rGO were studied by oral 

administration to mouse 118. It was shown that most of the rGO nanosheets appeared to be 

removed from the body 15 days to 2 months post-administration. The study suggests that rGO 

migrated into the blood after oral administration and circulated through entre system. The rGO 

nanosheets were mainly located (in descending order) in the kidney, stomach, liver, lung and 

blood 1 day post-treatment, indicating that a considerable amount of rGO penetrated the main 

organs through intestinal absorption. 60 days after administration of rGO, the concentration in 

liver, kidneys and brain was below the detection limit of the instrumentation 118-119.  

 

Similarly, several studies have been performed in which inflammatory response after graphene 

distribution was studied 119. In these studies, different route of administration was investigated 

such as nasal inhalation, intra tracheal instillation, pharyngal aspiration, intravenous injection, 

intraperitoneal injection. In case of nasal inhalation, graphene and graphene oxide was tested 

with various concentration and sizes. In was found that lower concentrations, below 3 mg/m3, 

do not induce inflammation. Studies on intra tracheal instillation revealed that larger size of 

GO provides inflammation while smaller does not. The sizes investigated were from 10 nm to 

800 nm.  Pharyngal aspiration studies showed no inflammatory response with small size 

graphene (50 nm - 350 nm) and some response in large sizes (750 nm - 130 nm). More studies 

were performed on intravenous injection of graphene, graphene oxide and combinations of GO 

with dextran or PEG.  In most of the cases inflammatory response would depend on 

concentration, with higher concentrations (10 mg/kg) producing some inflammatory response 

but the studies were not consistent. The rest of the studies, on intraperitoneal response of 

graphene oxide injection, confirmed stronger inflammatory response with large size graphene 

oxide (750 nm – 1300 nm) 118-121. 



1. Literature Review  1.8. Scope of the work 

 

42 | P a g e  

 

Table 1.5: Effect of additives, fillers, and reinforcement additives on polymers. 

 

Additionally, other reports suggest that biodistribution of nanofillers is dependent upon the 

route of administration, concentration, size and composition of the nanofiller. Usually, higher 

concentrations of nanofillers lead to more profound inflammatory response and longer time to 

exert the nanofiller through kidneys, and longer accumulation in other organs119. Size of a 

Additive/Filler Common materials Effect on polymer 

properties 

Biodistribution/ 

Thrombogenicity 

Ref 

Functional Types 

Reinforcing Carbon, fibrous materials, 

glass 

-Increases tensile strength 

-Increases flexural modulus 

-Biodistribution and 

inflammatory response 

based on composition, size, 

concentration of a nanofiller 

-Renal and blood excretion 

with reports of 

accumulation in spleen and 

liver 

-Functionality dependent 

biodistribution and 

thrombogenicity 

-Lack of studies in human 

and large cohort clinical 

trials 

119, 122-

125 

Conductive Aluminium powders, 

carbon filler, graphite 

-Improves electrical and 

thermal conductivity 

 

Semi conductive Transition metal 

dichalcogenides 

-Provides tailorable 

conductivity 

 

Insulating Graphene oxide -Increases mechanical 

strength 

-Limits conductivity 

 

Piezoelectric Lead zirconate titanate, 

barium titanate, chitin, 

collagen 

-Mechanical actuating 

properties 
 

Magnetic Ferrous oxides, nickel, 

cobalt, cobalt-platinum  

-Provides magnetic 

functionality 
 

Coupling agents Silanes, titanates -Improves interface bonding 

between polymer matrix 

and fibres 

 

Extender fillers Calcium carbonate, silica -Reduces material cost  

Plasticizers Monomeric liquids, low-

molecular weight 

materials 

-Improves melt flow 

properties 

-Enhances flexibility 

 

Hierarchical types 

0 D Nanoparticles, dots 

(metallic, ceramic, 

polymeric) 

-Dependent upon 

composition of the filler 

-Removal from the body 

within months after 

administration 

-Exerted primarily through 

kidneys 

-Exertion dependent upon 

size of nanofiller, 

composition and 

concentration 

- Biodistribution primarily 

through kidney, stomach, 

liver, lungs and blood 

-Inflammatory response 

dependent upon size of 

nanofiller, concentration 

and method of 

administration 

-Lack of consistency in 

reported studies and clinical 

studies in human 

117-119 

1 D Nanotubes, nanorods, 

nanowires (carbon 

nanotube, halloysite 

nanotubes) 

-Dependent upon 

composition of the filler 

2 D Nanofilms, nanolayer, 

nanocoating, nanosheet 

(layered silicate, 

graphene, MXene, BN, 

MOS2, WS2) 

-Dependent upon 

composition of the filler 

3 D Hierarchical structures 

(MOF) 

-Dependent upon 

composition of the filler 
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nanofiller is another important aspect which affects its biodistribution and accumulation, with 

larger sizes of nanofillers leading to inflammatory response122-123.  

1.8.1.2. Degradation and drug elution 

 

In terms of degradation and drug elution, the stent should resist vessel recoil during the arterial 

remodelling and healing process for at least 6 – 12 months, with no loss in mechanical strength 

and no influence on the surrounding tissue after it has healed 126. The biodegradation period 

has to be sufficiently long to allow for the required vessel support and degrade as small polymer 

pieces rather than large chunks that can then lead to inflammation. A porous device could 

potentially be clinically beneficial through small fibre degradation rather than larger parts of 

polymer. 

 

Drug elution from a device is usually required at initial stages, in the form of anti-proliferative 

drugs such as everolimus and sirolimus, to prevent in-stent restenosis (re-narrowing of the 

artery despite use of stent). Drug elution of anti-thrombotic agents from the device could 

potentially reduce platelet adhesion and aggregation therefore reduce the risk of thrombosis 

during the scaffold degradation and potentially improve its safety in vivo long term. 

 

While anti-proliferative drugs are hydrophobic in nature and are usually incorporated onto the 

device surface via their embedding in hydrophobic polymer, majority of anti-thrombotic agents 

are hydrophilic in nature. This is problematic for local drug delivery of anti-thrombotic drugs 

from a hydrophobic scaffold at the later stages of the device lifetime. A potential strategy to 

address these limitations could be development of drug delivery platforms which are 

hydrophobic in their exterior, and hydrophilic in their interior, therefore allowing the 

encapsulation of hydrophilic drug internally, and homogenous blending of the hydrophobic 

exterior within the hydrophobic matrix of a device. 
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1.8.1.3. Radiopacity 

 

Additionally, the ideal stent would exhibit full radiopacity on clinically used X-ray, MRI and 

CT to allow the tracking of the stent location and biodegradation in vivo as well as improve 

implantation process. The majority of biodegradable polymeric stents are made of polymers 

which are not radiopaque under clinically used X-ray, which was the case with the Absorb 

BVS scaffold. Having the radiopacity would enable better implantation to prevent under 

expansion and incomplete lesion coverage and could potentially enable real time monitoring 

of stent degradation.  However, most of the contrast agents are hydrophilic in nature, therefore 

incorporating them into the stent is a similar challenge to hydrophilic anti-thrombotic drug 

encapsulation. Alternatively, use of contrast agents which are more hydrophobic in nature such 

as lipiodol could be a potential solution as the hydrophobic contrast agent could be simply 

blended into the hydrophobic polymer matrix. Accomplishing radiopacity of a device, 

combined with drug eluting properties, without jeopardising the mechanical properties is 

difficult yet critical. 

 

1.8.1.4. Fabrication techniques 

 

In terms of the fabrication techniques, the ideal stent would be fabricated in a process that 

allows personalized sizing, does not require high processing temperature thus allows drug-

loading into the bulk of the device. The technique would allow fabrication of a porous scaffold 

with sufficient mechanical properties to allow vessel support.  

 

The “ideal stent” would exhibit porosity and allow degradation in small fibre pieces rather than 

big chunks of polymer melt. A scaffold which consists of nano-scale fibres and which is porous 

would preferentially degrade in surface degradation mechanisms rather than bulk degradation. 

Additionally, a porous scaffold could potentially lead to a better clinical outcome due to 
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promotion of cell differentiation and endothelialisation, without platelet adhesion and 

aggregation.  Device-vessel mismatch has been previously linked to stent thrombosis therefore 

a fabrication process that allows personalized sizing and matches its profile to the patient’s 

vessel could potentially lead to better clinical performance. 

 

The key challenge in the field of biodegradable polymeric coronary artery stents is to achieve 

a balance between: 1) scaffold properties such as porosity, proper mechanical performance, 

desired degradation, full radiopacity; 2) drug-eluting profile including multi-drug elution over 

time, combination of anti-proliferative drugs and anti-thrombotic drugs; 3) manufacturing 

process which is low temperature, low cost and allows fast mass production 4) clinical 

performance with superior outcomes of biodegradable devices relative to the currently used 

second generation metallic stents, excellent deliverability and long term safety in vivo. 

Achieving this balance is a task that requires interdisciplinary efforts of materials scientists, 

biomedical engineers, clinicians and industry practitioners to achieve a positive outcome and 

make bioabsorbable drug-eluting stents a reality rather than an emerging yet inferior 

technology. 

 

 

1.9. Conclusions 

 

Development of the next generation, bioabsorbable, drug-eluting coronary artery stents is the 

common direction of many scholars, researchers and industrial companies in the field. The 

ideal devices would be fully biodegradable, have superior mechanical properties as well as 

thinner struts compared to previously developed bioabsorbable scaffolds, deliver anti-platelet 

and anti-proliferative drugs over their lifetime, would not cause early or late scaffold 

thrombosis, and display visibility under clinically used X-ray.  
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Fabrication of a device that has thin sturts, high radial strength and elongation at break is the 

key issue in successful development of bioabsorbable scaffolds. Improving the manufacturing 

technique to obtain a stent with thinner struts to current biodegradable scaffolds could 

potentially lead to better coverage of lesions and decrease the likelihood of flow disturbance 

and changes in endothelial shear stress and scaffold thrombosis.  

 

Long term scaffold thrombosis remains the significant threat and issue to biodegradable 

polymeric stents given the previous history of Absorb device. So far, drug-eluting polymeric 

stents have coatings with anti-proliferative drugs to address in-stent restenosis (re-narrowing 

of the artery despite use of stent). In the case of these devices, as they degrade away, the drug-

eluting coating erodes first leaving the large density of bulk polymer inside the artery with no 

active drugs but high thrombogenic potential.  Minimizing the activation of thrombogenic 

pathways through local drug delivery, during late device degradation, has not been addressed 

before. Delivery of drugs which interact with integrin 𝛼𝐼𝐼𝐵 𝛽3
 at later stages of device has not 

been studied and could possibly lead to low rates of late and very late scaffold thrombosis. So 

far, no devices addressing this issue have been developed.  

 

Looking at the field from a materials point of view, development of novel polymeric systems 

via new synthesis pathways could be a potential future direction in the field. The desired 

material system would need to display superior mechanical properties to currently used second 

generation metallic drug-eluting stents, and high values of tensile modulus, tensile strength, 

elongation at break, and durability. Additionally, it would need to be radiopaque under 

clinically used X-ray and not cause thrombosis or inflammation long term in-vivo. From 

processing point of view, it would need to have low melting temperature or good solubility in 

common green solvents, so it does not require high processing temperatures or toxic solvents. 
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Synthesis of a material with these properties could potentially solve the issue of current 

biodegradable polymer yet long regulatory pathways and clinical trials required would slow 

down its potential presence on the market. Additionally, any new material requires series of 

testing in terms of its biodegradation, long-term mechanical performance during the 

degradation process, and toxicity studies. 

 

In terms of manufacturing process, the current field tends to move towards personalized 

fabrication techniques such as 3D printing or MEW95, 97, 100.  Patient specific approach and 

custom-made devices could potentially address the problem of device-vessel mismatch and 

significantly decrease the time required to match the device with patient’s artery. 3D printing 

is a promising future direction in the field of medical device manufacturing, yet limitations 

related to low resolution, nozzle size and fabrication of thin struts remain to be solved. As of 

now, medical devices made through 3D printing have thick struts (> 150 m) and more research 

and development are needed to optimize the process or design novel polymeric materials for 

further reduction in strut thickness.  MEW is a promising technique that could be utilized for 

fabrication of polymeric biodegradable stents given the starting material holds the required 

mechanical properties for the stent to be sufficiently stiff in radial direction.  

 

Substantial advancement has been made in polymeric biodegradable scaffolds over last 10 

years, with many emerging laboratory and commercial systems being developed. Although 

these devices show the fast progress in the field, there is clear need for more clinical data to 

ensure their safety and understand their possible side effects long term.  Current polymeric 

material systems do not have all the necessary properties of a “perfect stent material” in terms 

of the mechanics, radiopacity, and clinical performance long term in vivo. More research and 

development in the field of biodegradable polymers is needed with novel biocompatible 
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materials synthesized or utilization of various polymeric composites. Combination of materials 

with additives, or design of a new polymer, could potentially solve the limitations of current 

devices. Additionally, scaffold thrombosis remains the major complication that needs to be 

tested long term, given the history of the previous Absorb device, thus novel materials need to 

be anti-thrombotic long term. 

 

Majority of current manufacturing techniques require high temperature, do not permit drug 

loading into the bulk of the material and do not provide personalized sizing. Patient specific 

on-demand fabrication of medical devices are current trends in the field with lots of potential 

to transform clinical setting and manufacturing. 3D printing and MEW have several advantages 

over conventional fabrication techniques of stents, but many limitations need to be addressed 

to fully incorporate its use in medical field such as low resolution, limited thickness of stent 

struts and high temperature of printing.   

 

Given the rapid growth of the biomanufacturing field and continuous development of novel 

biomaterials, it is very likely that within next 10 - 20 years, many emerging polymeric systems 

will be developed, with wide range of mechanical properties and excellent biocompatibility, as 

well as new ways of processing them for application in on-demand manufacturing of medical 

devices like coronary artery stents. Intensive research and development both in polymers and 

processing technologies will move the field forward and enable the development of many next 

generations of coronary artery stents that ultimately will address the limitations of current 

devices. 
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1.10. Objectives 

 

The aim of this thesis is to develop customizable, biodegradable, multi drug eluting coronary 

artery stents by utilization of additive manufacturing, and through design and development of 

polymer-based material systems. These materials are to be haemocompatible, biodegradable, 

promote endothelialisation, have sufficient mechanical properties and multi-drug eluting 

properties as well as be processable through additive manufacturing techniques such as MEW. 

In order to do this, we used the following approaches: 

1. Additive manufacturing of custom-made biodegradable nanocomposite-based coronary 

artery stents via MEW 

2. Synthesis of biocompatible and biodegradable core cross-linked star-brush polymers 

for antithrombotic drugs 

3. Development of multi-drug eluting biodegradable nanocomposite-star polymer 

materials for application as coronary artery stents utilizing MEW 

 

 

1.11. Thesis Outline 

 

In Chapter 1, current manufacturing techniques and material systems for fabrication of 

biodegradable, drug eluting stents were discussed and reviewed. We evaluated industrially 

used processing techniques for fabrication of coronary artery scaffolds and outlined emerging 

laboratory techniques with their advantages and disadvantages from processing point of view. 

Additionally, we described material systems currently used for coronary artery stent 

application with focus on polymeric stents and outlined the limitations of current materials as 

well as characteristics of an ideal stent material. 
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 In Chapter 2, customized, biodegradable nanocomposite-enriched polymeric stents were 

developed by utilization of novel fabrication technique - MEW. These materials were 

fabricated with different ratio of rGO relative to PCL to study the influence of its inclusion on 

mechanics, thermal properties, crystallinity, rheology, printability and biological interactions. 

We chose to use PCL as a base polymer due to its low melting temperature, biocompatibility, 

relatively high tensile strength, high elongation at break, as well as its current FDA approval 

status. rGO was chosen as a nanofiller due to its excellent mechanical performance, 

hemocompatibility, thermal conductivity, and capability to direct cell behaviour and enhance 

cellular interactions. In this study, we addressed the limitations of biodegradable stents by 

developing devices with strut thickness as low as 60 µm, utilizing MEW. We also illustrated 

the feasibility of customization of scaffolds through fabrication of stents with different pore 

size, stent diameter, geometry and strut thickness. Our results showed that by incorporation of 

Figure 1.8: In Chapter 2, we develop reduced graphene oxide-polycaprolactone stents with varying pore size, 

degree of curvature, size of curvature, fibre diameter, stent diameter utilizing MEW. 
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rGO into PCL matrix, we improved mechanical performance of materials, enhanced cell 

proliferation, and fabricated devices with thin struts (60 µm). 

 

In Chapter 3, we developed novel polymeric architectures to investigate their loading 

capabilities and release profiles in context of two clinically used antithrombotic drugs. These 

architectures were synthesized via photo-induced atom transfer polymerization (UV-ATRP) to 

form a class of hydrophilic brushes, and core-cross linked star-brush polymers and ring opening 

polymerization (ROP) to grow hydrophobic arms from a hydrophilic star-brush cores. 

Synthesized star-brush polymers were composed of hydrophobic exterior (PCL), hydrophilic 

interior (PEG-based), and hydrophilic core cross linked core (PEG diacrylate). These 

polymeric platforms were evaluated in terms of their loading and release of anti-thrombotic 

drugs at physiological and acidic conditions. Additionally, biological interactions of cells with 

developed materials were studied. Cytotoxicity, adhesion and proliferation of human umbilical 

vein endothelial cells were assessed while in contact with synthesized materials. The results 

showed increased hUVECs proliferation on materials with synthesized stars embedded in 

polymeric matrix, and release profiles showed more rapid release of dextran at acidic 

conditions compared to physiological, and no significant changes in release in heparin in two 

pHs. 

 
Figure 1.9: In Chapter 3, we synthesized biodegradable , biocompatible core-cross linked star-brush polymers 

for hydrophilic, anti-thrombotic drugs. 
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In Chapter 4, we combined our techniques and synthesized materials from Chapter 2 and 

Chapter 3, to develop multi-drug eluting biodegradable materials for application as coronary 

artery stents. In this study, we fabricated reduced rGO/PCL/CCS materials and evaluated them 

in terms of printability using MEW system, mechanical performance, thermal behaviour, 

crystallinity, drug elution, degradation and biological interactions with three different cell types 

(hUVECs, SMCs, platelets). Our results showed that at lower CCS in PCL/rGO, there was no 

compromise on materials tensile and compressive Young’s Modulus, and that higher CCS 

loadings led to a decrease in both tensile and compressive performance was observed. Dual 

drug elution of anti-thrombotic drug (heparin), and anti-proliferative drug (rapamycin) was 

studied in physiological and acidic conditions and showed controlled release of rapamycin, and 

slower release of heparin. Degradation of scaffolds with varying pore size and number of layers 

was investigated and showed that scaffolds with smaller pore size and larger number of layers 

degrade slower. In terms of biological interactions, our results showed improved 

endothelialisation due to graphene-enrichment and star presence in polymeric matrix, reduced 

smooth muscle cell proliferation correlated to rapamycin elution, and reduced platelet adhesion 

due to heparin elution and material composition. 
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Figure 1.10: In Chapter 4, we fabricated PCL/rGO/CCS materials, evaluated their printability and studied 

biodegradation as well as multi-drug elution of two clinically used drugs (heparin and rapamycin). 
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2.  Additively manufactured biodegradable 

reduced graphene oxide-polycaprolactone 

coronary artery stents via MEW 
2.1. Abstract 

 

Coronary artery stents are intravascular medical devices used to treat coronary heart disease. 

Current stents are drug-eluting, metallic, and permanent, and recipients require prolonged anti-

platelet therapy. The concept of biodegradable stents has emerged as an alternative to 

conventional stents, in which the stent degrades away leaving behind only the healed vessel.  

The first generation of biodegradable stents has been linked to higher rates of late stage 

thrombosis, and it has been suggested that this is due to increased strut thicknesses that causes 

disturbances to the laminar blood flow and results in the activation of thrombogenic pathways. 

A current challenge lies in the fabrication of a device with thin struts yet sufficient mechanical 

properties to maintain vessel patency. Additionally, the ability to directly fabricate stents in a 

bottom up fashion would potentiate personalised stent design based on an individual’s anatomy 

and disease state. In this study, we address these challenges by developing a biodegradable 

PCL-rGO nanocomposite with increased strength and fabricating this composite into stent-like 

structures via MEW. We illustrate that these materials have increased mechanical strength, that 

MEW is able to produce well-defined stent structures with struts as thin as 60 m, and that 

MEW can be used to tailor the strut thickness, strut spacing, strut geometry, and diameter of 

the stent, potentiating personalised stent design.  
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2.2. Introduction 

 

Coronary heart disease is a leading cause of death globally 1. Angioplasty and stenting is the 

most common treatment. During angioplasty, a baloon is inflated within the target lesion to 

open the vessel and to restore blood flow. Following balloon angioplasty, a stent is then 

deployed to support the re-opened vessel and maintain blood flow. Millions of these procedures 

are performed annually 2. The current generation of coronary artery stents are permanent, 

metallic, and are coated with a drug-impregnated and biodegradable polymer layer to allow 

short term drug elution. While these devices have been met with clinical success, they have 

several disadvantages. Specifically, the stents are permanent, can lead to late-stage thrombosis, 

and require patients to remain on prolonged antiplatelet therapy 3.  

 

Permanent stenting is not required. The blood vessel can heal after 6 months to a year 4.  As 

such, biodegradable coronary artery stents have recently emerged as an attractive alternative 

to permanent stenting. The device would support the vessel during the healing process and then 

degrade away, leaving behind a functioning artery. This technology could alleviate the risk of 

late stage complications and minimise the need for prolonged antiplatelet therapy 4.  

 

Despite the potential advantages of biodegradable stents, the first clinically available 

bioabsorbable coronary artery stent – Abbott Vascular’s Absorb Bioresorbable Vascular 

Scaffold – was linked to higher rates of late stage thrombosis during clinical trials, resulting in 

its removal from the market in 2017 5. The clinical failure of the Absorb Stent has been 

attributed to poor material selection. The device was fabricated from PLLA, and this material 

has significantly lower strength and modulus compared to traditional metallic materials 6. As 

such, the device was fabricated with significantly thicker stuts (~150 m) to provide the 
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necessary mechanical support to maintain vessel patency. This is in comparison to the strut 

thickness of approximately 80 µm in conventional metallic stents such as Synergy or Xience. 

 

The biodegradable stent’s thicker struts are a main driver for thromosis. Specifically, the 

thicker struts result in more pro-thrombogenic material and degradation products present 

within the blood vessel, result in inflammation of the vessel, and cause significant and pro-

thrombogenic changes to the blood flow and the shear stress experienced by endothelial cells 

3, 7-8. Specifically, struts with thicknesses greater than 80 µm have been suggested to initiate a 

cascade of thrombotic events 3, 6-10.  

 

Developing material systems and fabrication technologies that enable the fabrication of 

biodegradable stents with thin struts and sufficient mechanical properties is one of the major 

challenges that must be addressed before these devices can fulfil their clinical and economic 

potential.  Additionally, the development of fabrication techniques that enable the fabrication 

of personalised stents designed for a patient’s unique anatomy and disease state would mark a 

significant advance in the field.   

 

In this study, we aim to advance biodegradable coronary artery stent technology through two 

main aims.  First, we aim to develop a material system that possesses significantly greater 

mechanical properties, enabling the fabrication of devices with thinner struts.  Second, we aim 

to use emerging fabrication techniques that will allow for the direct fabrication of personalised 

stents in a bottom-up fashion with appropriate strut thicknesses (<80 m). Specifically, we 

tested the hypotheses that nanocomposites of PCL and rGO will possess significantly greater 

strength compared to the biodegradable polymer alone and that the emerging fabrication 
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technology of MEW can be used to fabricate stents with a customisable design and appropriate 

strut thicknesses of <80m.    

 

These hypotheses were supported by the data. We illustrate that the MEW can be used to 

fabricate stents from PCL-rGO nanocomposites with customisable stent diameter, strut 

thickness, strut spacing, and strut geometry. Additionally, stent-like structures with struts as 

thin as 60 m were achieved. Furthermore, PCL-rGO nanocomposites exhibited significantly 

greater mechanical properties, in a dose dependent manner. To the best of our knowledge, this 

is the first study to report the utilization of MEW for fabrication of biodegradable coronary 

artery stents, the first illustration that PCL-rGO nanocomposites can fabricated into devices 

using MEW, and that MEW can be used to generate customisable stent-like structures with an 

advanced level of geometry and customizable design using MEW.  

 

2.3. Experimental methods 

2.3.1. Materials 

 

PCL pellets (average molecular weight 70,000 – 90,000 Da) were purchased from Sigma-

Aldrich, acetone from Chem Supply, GO (5 mg/ml in ethanol) from ACS Material LLC. All 

chemicals and solvents were used as received. 

 

2.3.2. Preparation and characterization of composites 

 

PCL pellets (2 g) were dissolved in acetone (5 mL) and a GO solution was added to the 

PCL/acetone solution to obtain 0.1, 0.3, 0.6 and 1 wt% GO/PCL solutions. Solutions were 

stirred for 24 h, with additional sonication for approximately 1h prior to use, to allow dispersion 

of GO. GO was thermally reduced to obtain reduced graphene oxide (rGO) at 150 ºC. 
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2.3.3. Mechanical tests 

2.3.3.1. Tensile tests on moulds 

 

Samples were prepared using standardized moulds with dimensions of approximately 10 mm 

height, 1.7 mm thickness and 1.5 mm width. PCL and PCL-rGO composites (0.1, 0.3, 0.6 and 

1 wt%) were heated to 90 ⁰C and cast in the moulds. Tensile tests were performed using Instron 

5567 and 2kN load cell at the tensile rate of 0.1 mm/s. For the analysis of the data, results were 

used from the tensile load of 2 N for all samples. 

 

2.3.3.2. Compressive tests on moulds 

 

Samples were prepared using standardized moulds with dimensions of approximately 1.45 mm 

height and 4 mm diameter. PCL and PCL-rGO composites (0.1, 0.3, 0.6 and 1 wt%) were 

heated up to 90 ⁰C and cast in the moulds. Samples were compressed at a constant rate of 0.01 

mm/s.  All compression experiments were performed in PBS at 37 ⁰C using Instron 5848 Micro 

tester and a 500 N load cell.  For the analysis of the data, results were used from the 

compressive load of -0.5 N for all samples till the last data point.  

 

2.3.4. Rheology 

 

Rheology tests were performed using Twin Drive Rheometer MCR 702 (Anton Paar) on PCL 

and PCL-rGO melts (0.1, 0.3, 0.6 and 1 wt%). Viscosity was measured as a function of shear 

rate from 0.01 /s  till 1000 /s at temperatures of 70 ⁰C, 90 ⁰C and 120 ⁰C. Temperature sweeps 

were performed at the frequency of 1Hz, shear strain of 1 % and the rate of 0.3 ⁰C/s. Frequency 

sweeps were performed from 0.01 Hz to 100 Hz, at the printing temperatures of the materials, 

and 1 % shear strain (oscillatory). All measurements were performed using cone-plate 

geometry with diameter of 25 mm, 2⁰ angle and 0.102 mm gap.  
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2.3.5. Differential scanning calorimetry and Thermogravimetric analysis  

 

DSC and TGA of the materierials were performed using an STA-8000 (Perkin Elmer).  Dual 

DSC/TGA analysis was performed on approximately 10 mg samples at the heating/cooling 

rates of 10 ⁰C/min. Samples were allowed to reach thermal equilibrium for 30 min between the 

runs. 3 heating/cooling cycles were performed between 20 ⁰C to 150 ⁰C, followed by a 

thermogravimetric analysis from 20 ⁰C to 1000 ⁰C. Degree of crystallinity (Xc), was derived 

from the first heating cycle to include the thermal history after printing. Xc was calculated 

according to the following equation (2.1). 

 

𝑋𝑐 =
∆𝐻𝑓

∆𝐻°𝑓
× %𝑃𝐶𝐿−1 (2.1) 

 

Where ∆𝐻𝑓 and ∆𝐻°𝑓
−1 are the measured heat of fusion of the samples (normed to PCL content 

%𝑃𝐶𝐿 and the heat of fusion of 100% crystalline PCL (136 J g-1), respectively9. Melting and 

crystallization temperatures for each sample were obtained from 1st, 2nd and 3rd heating and 

cooling cycles respectively.   

 

2.3.6. Fabrication and characterization of stents via melt electrowriting 

 

The custom-made MEW device with a high voltage source (DX250R, EMCO, Hallein, 

Austria) and a controller (Digit Multimeter 2100, Keithley, Cleveland, USA) was used with a 

gas-pressured feeding system. Stent-like structures with varying diameter, strut architecture, 

strut spacing, and strut thickness were produced using MEW using PCL-rGO (0.1 wt%) at a 

temperature of 90 oC, a pressure of 2.5 bar, a voltage of 3.8 V, a nozzle size of 23 G. The 

diameters of printed stents include 2 mm, 3.5 mm and 5 mm. The strut spacing ranged from 

0.5 mm x 0.5 mm, 1 mm x 1 mm. The architectures of printed devices included curved and 



2. Additively manufactured biodegradable 

reduced graphene oxide-polycaprolactone 

coronary artery stents via MEW  

2.3. Experimental methods 

 

77 | P a g e  

 

right-angle structures. The deposition of scaffolds was guided by G-code (MACH 3 CNS 

software, ARTSOFT, Livermore Falls, USA) with a designed x,y pore sizes. 

 

2.3.7. Tensile tests on melt electrowritten fibres 

 

PCL and PCL-rGO (0.1 wt%) fibers were prepared by MEW. For PCL fibers, material was 

printed at a temperature of 110 ⁰C, Pressure 2.5 bar, Voltage of 3.8 V. For PCL-rGO (0.1 wt%), 

fibres were printed at 90 ⁰C, Pressure 2.5 bar and Voltage of 3.8V. Tensile tests were performed 

using Instron Micro tester 5848 and 5N load cell at the tensile rate of 0.1 mm/s. The fibre 

thickness was obtained via SEM imaging and mechanical results were normalized for each 

fibre by its cross-sectional area. For the analysis of the data, PCL results were used from the 

tare load of 0.001 N to the end of the run. PCL-rGO 0.1 wt% data was used from the tare load 

of 0.01 N till the end of the run.  

 

2.3.8. Three-point bending test on melt electrowritten stents 

 

3-point bending tests were performed following ASTM F2606-08 (Standard guide for three-

point bending of balloon expandable vascular stents and stent systems)10. Span length between 

the lower supports was set to 16 mm. The maximum displacement and rate of the displacement 

of the upper load applicator were 1.75 mm and 0.1 mm/s respectively. 

 

2.3.9. Biological interactions 

 

2.3.9.1. Protein adsorption 
 

QCM sensor chips (QSense, QSX301) were cleaned with piranha solution (a 3:1 mixture of 

concentrated sulfuric acid and hydrogen peroxide) to remove surface contaminants and rinsed 

with deoinized water, ethanol, and dried under nitrogen.  The chips were spin coated with 100µl 

of 1 % (w/v) PCL in acetone solution, PCL-rGO (0.1 wt%) and PCL-rGO (0.3 wt%) at 3000 
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rpm for 20 s, then dried at room temperature for 24 h. The adsorption of fetal bovine serum (2 

% w/v, FBS Gibco, ThermoFisher Scientific), rich in a variety of proteins such as albumin and 

other serum proteins, in PBS was measured in real-time using a QCM with dissipation 

monitoring (Q-sense QCM-D E4). After loading the  polymer coated chips into the QCM-D 

instrument, PBS was injected and system was allowed to equilibrate. After confirming a stable 

baseline, the serum solution was injected. After approximately 1h, the frequency curve reached 

its new baseline, and PBS was injected to rinse away non-adsorbed proteins. Frequency and 

dissipation shifts were monitored in real time at 3rd ,5th and 7th crystals and reported at the 3rd 

crystal. All experiments were performed under static conditions and gold coated quartz crystal 

was used as a control. 

2.3.9.2. Human umbilical vein endothelial cells 

 

Cell culture surfaces were prepared by coating the growth surfaces of 8-well chamber slide 

with glass slide bottom (Lab-Tek) with 50 µL of a 5 % polymer solution in acetone. The 

chamber slides were then covered with aluminium foil and allowed to dry at ambient condition 

for 48 h. Chamber slides were sterilized through UV exposure for 1 h in a sterile biological 

safety cabinet. Wells were rinsed twice with PBS and incubated overnight in PBS at 37 °C 

before the introduction of cells. Pooled donor hUVECs were purchased from Lonza (Australia) 

and maintained in CloneticsTM EGMTM-2 BulletKitTM containing Endothelial Basal 

Medium-2 (EBMTM-2 Medium) supplemented with BulletKitTM as recommended by 

supplier. Cells were cultured at 37 °C in a humidified 5 % CO2 atmosphere. The culture 

medium was changed every other day. The cultures were passaged at 80 % confluence and 

lifted using 0.25 % trypsin-EDTA. For all tests, the cells between passages 3 and 5 were used. 

500 µL of medium containing 1.2 ×104 cells (1.7 ×104 cells per cm2) was added to each well 

of polymer-coated chamber slides. Uncoated chamber slides were used as control. The cells 
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were cultured for 7 days, and the culture medium was changed every two days. Cell attachment 

and growth were determined after 4 h, 4 and 7 days using double stranded DNA (dsDNA) 

quantification by the Quant-iTTM PicoGreen® dsDNA Assay (Invitrogen) after digestion with 

papain. Cell surface densities were determined by dividing the obtained cell number by the 

area of the test surface. The morphology of the adherent endothelial cells were visualised by 

staining for the nuclei and actin cytoskeleton by using the FAK100 actin cytoskeleton/focal 

adhesion staining kit (Merck Millipore). Briefly, the cells were fixed after 4 h and 7 days with 

4 % paraformaldehyde and were permeabilized with 0.1% Triton X-100 in PBS. The cells were 

stained with TRITC-phalloidin (1:500), and 4′,6-diamino-2-phenylindole (DAPI, 1:1000).  The 

cells were finally washed and covered with PBS and imaged using a fluorescent microscope 

(Olympus IX71). Images were analysed using ImageJ software (NIH).   

 

2.3.9.3. Platelet adhesion 

 

Plateles were obtained from the Australian Red Cross Blood service with approval of the 

University of Melbourne’s Human Ethics Review Board. Pre-cleaned 12 mm glass coverslips 

were dipcoated in 5 % polymer solution in acetone. Coverslips were dried overnight to remove 

residual solvent and then transferred to the wells of a 24 well plate. Well plates were steralized 

through exposure to UV radiation for 2 h and equilibrated in PBS overnight. 0.3 mL of platelet 

suspension was pipetted onto each of the test surfaces and then incubated at 37 ºC for 1 h. After 

that, samples were gently rinsed by phosphate buffer saline (PBS) to remove non adherent 

platelets. Adhered platelets on samples were fixed using 4 % paraformaldehyde solution at 

room temperature for 2 h. Cultures were rinsed three times with deionized water to remove 

residual salt, dried and analyzed through Helium Ion Micsocropy (ZEISS Microscopy GmbH, 

Germany). Images were taken of randomly selected fields of view on each test surface. The 
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number of adherent platelets was counted and divided by the area of the image to calculate the 

adherent platelet density. 

 

2.3.10. Statistical analysis 

 

All quantitative data are expressed as mean ± standard deviations with a minimum of n = 3 

repeats. Statistical analysis was performed by one way analysis of variance (ANOVA) 

followed by T-test and P-values less than 0.05 were considered statistically significant. 

2.4. Results and Discussion 

2.4.1. Preparation and characterization of composites 

 

 In this study, we chose to fabricate the stents from PCL and rGO. Previous biodegradable 

stents used polymers such as PLLA 6. However, we chose to work with PCL as it has many 

beneficial properties including a proven track record as a biodegradable material in many 

biomedical applications, a lower melting temperature that facilitates fabrication through melt-

based techniques, and superior mechanical properties to PLLA including a higher elongation 

at break and a high tensile strength 11-14.  

 

Despite the many beneficial properties of PCL, it is inherently weaker than common stent 

materials such as platinum chromium or cobalt chromium alloys. A viable method to improve 

mechanical performance of PCL, and thus reduce strut thickness of the stent, is to blend it with 

a nanomaterial to form a nanocomposite.  While many nanomaterials have been used to 

generate nanocomposites, graphene and its derivatives [GO and rGO] have gained significant 

attention in the fields of tissue engineering, drug delivery, bio sensing and nanomedicine 15-17.  

 

As the coronary artery stents will be deployed in the vasculature, hemocompatibility is of 

utmost importance. Interaction between graphene oxide and blood components were 
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previously analysed by exposing human platelets to GO (2 µg/mL) and rGO (2 and 10 µg/mL). 

Studies showed that GO can evoke strong aggregatory response in platelets while rGO showed 

no significant response or minor aggregatory response which was about 10 % of that induced 

by GO. rGO was found to be much less effective in activating platelets which may be correlated 

to reduced charge density on graphene surface 18-19. Previous reports aimed at understanding 

the mechanisms behind platelet activation after exposure of GO, and suggested GO-induced 

platelet activation could be attributed to release of intracellular free calcium and activation of 

nonreceptor protein tyrosine kinases in platelets 18-19. Authors aimed at further understanding 

of reduction of activation of platelets by the rGO and could only relate it to previously 

mentioned differenced in charge density which is reduced on reduced graphene oxide 18-19.  

As such, rGO was the nanomaterial that we chose to work with in this contribution due to its 

superior interactions with blood and the significant enhancement of mechanical properties that 

can be achieved at very low concentrations.   

 

Four different PCL-rGO composites were prepared by varying the weight fraction of rGO 

within the composite (0.1, 0.3, 0.6 and 1 wt%). These composites, as well as the pure 

components, were characterized using Raman spectroscopy. Figure 2.1 shows representative 

Raman spectra for the materials used in this study. The spectra obtained for the GO and rGO 

show peaks at 1350 cm-1 and 1580 cm-1 respectively, corresponding to the D and G band, 

respectively20. Both D band and G band are characteristic to carbon materials while 

characterized by Raman spectroscopy20-21. The D band has been shown to correspond to the 

presence of dislocations in the graphene layer, while the G band has been correlated to the in-

plane vibration of sp2 hybridized carbon atoms. The D band is associated with the vibration of 

disordered graphite, and generally correlated with the defects from vacancies, and results from 

dislocations in the graphene layer20-21. The ratio of the intensity of D peak to the intensity of G 
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peak can be related to the number of defects present in the material. Figure 2.1 illustrates that 

rGO and GO spectra show the same bands; however, the G band in rGO shifts toward lower 

wavenumbers compared to the G band in GO. D band of GO was found to be at approximately 

1360 cm-1, while D band for rGO was found to be at approximately 1342 cm-1.  

 

Additionally, the intensity ratio of D/G band (ID/IG) in rGO samples was found to increase as 

compared to GO, with values of approximately 1.01 for rGO and 0.95 for GO, which agrees 

with previous reports20-21. ID/IG quantifies the density of defects in sp2 carbons and an increased 

ratio suggests an increase in the number of smaller graphene domains. This can be also related 

to the lower content of oxygen groups in the rGOs and more of the graphite like structure. The 

intensity of the D band increased in rGO, which indicates the formation of new defects in the 

structures during the reduction process20. 

 

Figure 2.1: Raman  spectra of PCL, PCL/rGO, rGO and GO materials used. D and G correspond to D Band and 

G Band respectively. 
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2.4.2. Mechanical tests 

 

The tensile and compressive properties of the PCL-rGO composites were evaluated to assess 

the influence of rGO on the mechanical properties of the material. Representative stress-strain 

curves for the PCL-rGO nanocomposites are shown in Figure 2.2 and these parameters are 

tabulated in Table 2.1. The tensile tests showed that the modulus of the material increased with 

increasing rGO content. An increase of more than 2-fold was observed for the PCL-rGO 0.1 

wt%, 0.3 wt% and 0.6 wt% groups, while an increase of 3-folds was observed for the PCL-

rGO 1 wt% (Figure 2.2 a-b). However, the PCL-rGO 0.1 wt%, 0.3 wt% and 0.6 wt% exhibited 

the highest ultimate tensile strength and a decrease in this property was seen as the rGO content 

was increased to 1 wt%. Interestingly, the greatest reinforcement of the material was observed 

with lower nanofiller content (0.1 wt% and 0.3 wt%) which suggests that at lower rGO 

loadings, the material exhibits homogeneous dispersion of rGO in PCL with no overloading of 

the matrix.  

Figure 2.2: Representative (a) full tensile stress-strain curves, (b) tensile stress-strain curves over the elastic 

region, (c) full compressive stress-strain curves, and (d) compressive stress strain curves over the elastic region 

curves for melt cast PCL and PCL-rGO nanocomposites with 0.1 wt%, 0.3 wt%, 0.6 wt% and 1.0 wt% rGO. 

(e) full tensile stress-strain curves curves for melt electrowritten filaments of PCL and PCL-rGO 0.1 wt% 

nanocomposites.  (f) tensile stress-strain curves over the elastic region curves for melt electrowritten filaments 

of PCL and PCL-rGO 0.1 wt% nanocomposites. 
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Higher rGO loadings (0.6 wt%, 1 wt%) in PCL show higher Young’s Modulus, as compared 

to lower loadings (0.1 wt%, 0.3 wt%), with lower elongation at break and tensile strength, 

suggesting that at higher loadings materials become extremely brittle which could be due to 

overloading of the polymer matrix, formation of graphene aggregates, and worse dispersion of 

rGO in PCL as compared to low loadings.   

 

Previous studies report that tensile strength and elastic modulus of PCL/Graphene oxide 

increased with increasing concentration of GO up to 0.3 wt% 17. The influence of reduced 

graphene oxide on mechanical properties of electrospun fibers was previously studied 16. It was 

shown that with addition of 0.1 wt % of GO and rGO in PCL, the tensile strength of PCL 

scaffolds increased to over 160 % and 304 % respectively and elastic modulus increased to 

over 103 and 164 % . Additionally, previous studies report the weakened enhancement of 

mechanical properties at higher loadings (1 wt%) and correlate it with partial exfoliation of the 

nanosheets30. 

 

Other studies report the increase of Young’s Modulus of approximately 1.5 folds after 

incorporation of pure graphene into PCL, at 4 wt%22. The concentration tested was higher than 

those reported in this study. Additionally, differences in preparation of materials were present, 

which could account for these changes, as slab samples were tested, and nanocomposites were 

prepared at 250 ⁰C. Also, the study was performed with pristine graphene rather than reduced 

graphene oxide22. 

 

Our tensile results show similar trends to those in the literature and confirm that after 

incorporation of rGO into PCL at loadings of 0.1 wt% and 0.3 wt%, tensile strength and 

Young’s modulus increase. In this study, we observe a slightly lower increase in tensile 
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strength of approximately 1.4-fold for 0.1 wt% rGO in PCL, and 1.1-fold for 0.3 wt % rGO in 

PCL. Previous studies show increase of up to 3 folds in Tensile Strength after incorporation of 

rGO into PCL at these loadings30-31. Studies report the increase in the Elastic Modulus of 

approximately 1.7-fold after incorporation of 0.1 wt% of rGO in PCL30-31, which is similar to 

findings in this study. Our results show an increase of approximately 2 folds after incorporation 

of rGO at the loadings of 0.1 wt% and 0.3 wt% which is slightly higher than the value. The 

differences observed could be related to different preparation methods of samples as our 

composites were melt-casted, while previous studies report changes in electrospun scaffolds 

30-31.  

 

Compression tests illustrated that the compressive modulus also increased with increasing rGO 

content, in a dose dependent manner (Figure 2.2 c-d, Table 2.1). Specifically, the PCL-rGO 

0.1 wt% exhibited a 35% increase in stiffness while the PCL-rGO 1.0 wt% exhibited a 55% 

increase in stiffness. Additionally, all nanocomposites exhibit increased strength over the range 

of strains tested, and none exhibited failure.  

 

It is well documented that processing of nanocomposites can impact their mechanical 

behaviour due to changes in the micro/nanostructure of the material23-24. As such, mechanical 

tests were performed on melt electrowritten filaments of PCL and the nanocomposites.  As 

described in the printing section below, only the PCL-rGO 0.1 wt% composite exhibited robust 

printing capacity, so these measurements were only made on the pure PCL and PCL-rGO 0.1 

wt% nanocomposite (Figure 2.2 e-f). A 2-fold increase in Young’s Modulus has been observed 

in PCL-rGO 0.1 wt% fibers compared to PCL fibers (Table 2.1).  Similarly, an increase in 

Ultimate Tensile Strength of approximately 1.5-fold was observed between PCL-rGO 0.1 wt% 

and PCL melt electrowritten fibres. Upon the full mechanical characterization of materials, 
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PCL-rGO 0.1 wt% was chosen as a most optimal material to further investigate in terms of 

printing the final device.  

Table 2.1: Mechanical characterization of PCL-rGO nanocomposites. 

Tensile properties of melt-cast PCL-rGO nanocomposites 

Material Modulus 

(MPa) 

Ultimate Tensile Strength 

(MPa) 

Strain at break 

(mm/mm) 

Stress at break 

(MPa) 

PCL 131  4.4 24.1  1.1 

34.1  5.2 

25.7  3.3 

24.1  5.3 

11.6  2.2 

5.6  0.6 24.0  1.2 

PCL/rGO (0.1 wt%) 212  39.2 6.6  1.0 33.2  4.6 

PCL/rGO (0.3 wt%) 215  18.1 5.4  1.5 25.0  3.4 

PCL/rGO (0.6 wt%) 240  27.9 4.7  1.5 23.7  5.2 

PCL/rGO (1 wt%) 286  35.8 0.5  0.1 8.7  1.1 

Compressive properties of the PCL-rGO nanocomposites  

Material Modulus (MPa) Stress at 10% strain (MPa) 

PCL 121  6.1 7.8  0.5 

PCL/rGO (0.1 wt%) 165  5.9 11.3  0.2 

PCL/rGO (0.3 wt%) 161  6.2 10.6  0.9 

PCL/rGO (0.6 wt%) 175  7.9 11.9  0.8 

PCL/rGO (1 wt%) 188  7.5 12.4  0.9 

Tensile properties of PCL-rGO fibres produced via MEW 

Material Modulus 

(MPa) 

Ultimate Tensile Strength 

(MPa) 

Strain at break 

(mm/mm) 

Stress at break 

(MPa) 

PCL 205  17.1 13.7  1.4 

20.6  1.6 

3.5  2.0 13.5  1.4 

PCL/rGO (0.1 wt%) 520  38.9 2.9  1.5 17.7  0.9 

 

 

2.4.3. Rheology 

 

The ability to melt electrowrite a material is dependent on its rheological properties. The 

melting point of PCL is ~60 ⁰C. We assessed the viscosity of PCL and the nanocomposite melts 

at 70 ⁰C, 90 ⁰C, and 120 ⁰C, temperatures relevant to the MEW process. Additionally, the 

rheology data was collected for PCL-rGO 0.1 wt% as this material was used for fabrication of 

melt electrowritten scaffold.   It was found that the viscosity was both temperature and shear 
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rate dependent (Figure 2.3). Specifically, the viscosity decreased with increasing temperature, 

and it dropped sharply from a rather steady value when the shear rate of 10 s-1 was exceeded. 

Additionally, we assessed the storage (G’) and loss (G’’) moduli of the materials over a range 

of temperatures and shear rates. The storage modulus represents the energy stored in the elastic 

structure of the sample and gives information about the amount of structure in the sample. The 

loss modulus represents the viscous part or amount of energy dissipate in the sample. Above 

60 ⁰C, both materials were characterized by higher loss moduli than storage moduli, which is 

correlated to flow like behaviour and confirms their printability in that regions (Figure 2.3c). 

Frequency sweeps were performed at printing temperatures of PCL and PCL-rGO 0.1 wt% and 

showed that at lower frequencies storage moduli are higher than loss moduli (solid-like 

behaviour), while at higher frequencies loss moduli are higher than storage moduli (liquid-like 

behaviour) (Figure 2.3d). These results correspond to the transition of the material from solid 

like state present at higher frequencies, to liquid like state at higher frequencies, which is due 

to higher shears on the materials and its transition.  This transition relates to higher values of 

loss modulus at higher frequencies as the materials becomes more liquid-like, therefore more 

processable under MEW. Our results also suggest liquid like properties above melting 

temperatures, which is consistent with our ability to print the material at approximately 90⁰C. 
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Figure 2.3: Rheology characterization of PCL and PCL-rGO 0.1 wt%. (a) Viscosity curve as a function of shear 

rate at the temperatures of 70, 90 and 120 ⁰C for PCL. (b) and PCL-rGO 0.1 wt%. (c) Temperature sweep for PCL 

and PCL-rGO 0.1 wt%. (d) Frequency sweep for PCL and PCL-rGO 0.1 wt%. 

 

 

2.4.4. Differential scanning calorimetry and Thermogravimetric analysis 

 

Differential scanning calorimetry (DSC) and thermogravimetric analysis (TGA) were 

performed on the PCL and PCL-rGO 0.1 wt% before and after printing (Figure 2.4) to 

understand the influence of printing on thermal behaviour of the material and its crystallinity. 

Three heating cycles were run from 20 ⁰C to 150 ⁰C at the heating rate of 10 ⁰C/min to gain a 

better understanding of thermal history of the materials as well as the influence of printing on 

the degree of crystallinity as well as melting and crystallization temperatures. TGA results 

show that PCL, PCL-rGO 0.1 wt% and PCL-rGO 0.1 wt% after processing, have similar TGA 

curves and show the initial degradation at temperatures of approximately 375 ⁰C (Figure 2.4a).  
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DSC results illustrate that melting temperature of PCL before print decreases from 69.2 ⁰C to 

58.8 ⁰C between first and second heating cycle; however, there is no change in the melting 

temperature after the second cycle (Figure 2.4c).  Similarly, the melting temperature of PCL-

rGO 0.1 wt% before and after printing, decreases after 1st heating cycle with no significant 

change after 2nd and 3rd cycles. There is no significant difference between the melting 

temperatures of PCL and PCL-rGO 0.1 wt% before printing. Additionally, PCL-rGO 0.1 wt% 

after printing has lower melting temperature after 1st cycle (62 ⁰C) compared to PCL-rGO 0.1 

wt% before printing (68.4 ⁰C) and pure PCL (69.2 ⁰C), suggesting the influence of printing on 

thermal properties of the material (Figure 2.4c).  The change in thermal properties of the 

material after printing can be related to thermal history of the polymer, changes in the 

Figure 2.4: Thermal analysis for PCL, PCL-rGO 0.1 wt% and melt electrowritten PCL-rGO 0.1 wt%. (a) TGA 

curves for all materials (b) DSC curves (c) Melting temperatures after 1st, 2nd and 3rd heating cycles (d) 

Crystallization temperatures after 1st, 2nd and 3rd cycle. Asterisks (*) represent statistical difference where 

**P<0.01 and *P<0.05, (n = 3). 
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arrangement of the polymeric chains after shear-induced extrusion, and changes in the 

arrangement of the crystalline structure. 

 

DSC results also indicate that there is no significant change in crystallization temperature 

between the 1st, 2nd or 3rd cooling cycles in PCL-rGO (0.1 wt%) after printing (Figure 2.4d). 

There is a slight increase in crystallization temperatures between 1st and 3rd cycles for PCL and 

PCL-rGO (0.1 wt%) before printing. The crystallization temperature of PCL-rGO 0.1 wt% 

(36.7 ⁰C) is higher compared to PCL (33.5 ⁰C) after first cooling cycle. This trend continues 

for 2nd and 3rd cycles with PCL-rGO 0.1 wt% having crystallization temperatures of 36.8 ⁰C 

for both cycles and PCL with crystallization temperatures of 33.8 ⁰C and 34.1⁰C for 2nd and 3rd 

cycle respectively. The increase in the temperature for the crystallization of the polymer upon 

inclusion of 0.1 wt% rGO is in line with previous reports, whereby the dispersed rGO induces 

the nucleation of crystalline polymer chains25-26.  

 

In terms of the crystallization temperatures for PCL-rGO 0.1 wt% before and after printing, 

processing leads to higher crystallization temperatures of the material (Figure 2.4d). Degree 

of crystallinity for materials before processing was approximated using the formula (1) and 

found to be approximately 45.7 % for PCL and 52.0% for PCL-rGO 0.1 wt%. There was no 

significant difference in crystallinity after processing of the materials. Our results indicate an 

increase in crystallinity after incorporation of rGO into the polymer matrix which is consistent 

with previous reports of this effect in various polymers25-27. rGO has been previously reported 

to enhance crystallization and orientation of polymeric chains of polycaprolactone in the flow 

direction25. Additionally, higher degree of crystallinity in PCL-rGO 0.1 wt% compared to PCL 

is related to increased hardness of the material observed in mechanical tests as crystallinity has 

an impact on mechanical behaviour of polymers28-29. rGO has been reported to be an effective 
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nucleating agent25-26, which could explain and increase in crystallinity and mechanical 

properties of PCL-rGO 0.1 wt% compared to PCL.  

2.4.5. Fabrication and characterization of melt electrowritten stents 

 

Current industrial techniques for the fabrication of polymeric coronary artery stents involve 

extrusion or injection moulding, followed by melt blowing, and laser cutting to obtain the final 

stent structure 30. The biodegradable stents produced by these methods have struts with 

thickness from 100 µm to 250 µm 3-4, 31, significantly thicker than the traditional non-

degradable stents which have struts that range in thickness from 60 µm to 80 µm 3. 

Additionally, these traditional fabrication techniques do not enable the production of 

personalised stents with unique sizing and strut design based on a patient’s unique anatomy 

and disease state.  

 

Additive manufacturing techniques provide an attractive method for the fabrication of 

personalised stents, and recent reports have explored this as a means of bottom up stent 

fabrication using a variety of materials. For instance, stereolithographic 3D printing 

technologies can print complex structures with a high level of detail, and melt-extrusion based 

3D printing techniques such as fused deposition modelling can produce biodegradable stents 

with personalised stent design. However, these technologies have significant limitations that 

hinder their translation to the clinic.  For instance, stereolithography often requires specialised 

photo-polymerizable polymers with complex chemistries 11-13 32 22, and conventional melt-

extrusion based 3D printing technologies do not have adequate print resolution. They can only 

produce devices with struts equal to or greater in thickness than those produced commercially 

(150 µm – 600 µm) 12, 22, 33. Additive manufacturing techniques with print resolutions of <80 

µm are required to enable the customised design of stents with appropriate strut thicknesses.  
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MEW is an emerging technique that utilises melt extrusion and applied voltage for fabrication 

of highly ordered 3D structures for various application in the biomedical field 34. MEW is a 

nozzle based additive manufacturing technology in which electro-hydrodynamically stabilized 

molten polymer jets. This technique combines the principles of conventional additive 

manufacturing by the use of pressure to extrude the material, and heating elements to melt the 

polymer, with electrospinning, by using of a voltage applied between the needle and a collector 

to produce a jet. In this method, a polymer with high viscosity and low conductivity results in 

a melt flow which is followed by cooling down of the electrified jet and solidification of 

deposited material. Upon contact with a collector, the molten jet solidifies to a fibre which can 

be deposited in a direct-writing manner. Studies have shown the feasibility of the technique for 

fabrication of scaffolds with sub-micron filaments 35-36. The technique allows fabrication of 

structures with typical fibre diameters from 5 m to 30 m and allows writing of the material 

to millimetre heights 35. The major advantages of MEW compared to conventionally used 

electrospinning and 3D printing are the ability to fabricate complex 3D structures with high 

resolution (< 30µm), controlled porosity of the printed scaffold, and solvent-less processing.  

 

Although MEW has been used for the fabrication of tubular constructs consisting of organized 

fibre architectures, it has not been explored in context of fabrication of biodegradable coronary 

artery stents. Additionally, tubular scaffolds presented in the previous literature have not been 

able to produce the complex patterning required in advanced stenting design. To date, the 

structures that have been produced can still be considered as fibre-winding technologies rather 

than true 3D printing. Therefore, only relatively simple design concepts consisting of straight, 

repeating design elements have been fabricated 34.  Moreover, only a few composite materials 

compositions (e.g., PCL/hydroxyapatite and PCL/magnesium fluoride) has been investigated 

with MEW.  
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Once the window for printability was determined, MEW was used to produce stent-like 

structures. As shown in Figure 2.5, MEW enables the facile fabrication of stents with a wide 

range of architectures. The stent diameter, pore size, strut thickness, and geometry can all be 

independently tailored in a bottom up fashion using MEW. Additionally, struts with a thickness 

as low as 60 m were produced. Stents were melt electrowritten with diameters of 2 mm, 3.5 

mm and 5 mm, a clinically relevant range of diameters. The strut spacing (also described as 

pore size) was investigated over a range of 0.5 mm x 0.5 mm to 1 mm x 1 mm. Multiple stent 

architectures were also created including curving structures, right-angled structures, and 

rectangular shapes with varying strut spacing.  

 

The architectures were varied to show the potential for personalised stent design. This patient-

specific approach is becoming increasingly important.  Human vessels vary in sizes, and it is 

often difficult to match the stent size to the patient’s plaque and vessel size. Such a mismatch 

in device-vessel size can lead to significant clinical complications such as life-threatening late 

stage thrombosis. MEW could provide a facile method of directly fabricating patient-specific 

stents based on the patient’s unique anatomy and disease state.  
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Figure 2.5: Fabrication of stent-like structures from PCL-rGO 0.1 wt% nanocomposites using MEW: (a) D = 

2mm, multi structures, (b) D = 3.5 mm, 0.5 mm x 0.5 mm pore size, (c) D= 3.5 mm, 1 mm x 1 mm pore size (d) 

D = 3.5 mm, multi pore size (e) D = 3.5 mm, multi-curve (f, g)  D = 3.5 mm, multi-architecture (h) D = 3.5 mm, 

curvy architecture (i) D = 5 mm, multi-architecture. 

SEM was used to assess the microstructure of the stents (Figure 2.6). The SEM images 

illustrate high fidelity in printing and precise control over the deposited filaments at the 

microscale.  Additionally, as MEW is an additive manufacturing technique, where filaments 

are deposited on top of one another in a layer-by-layer fashion, this technique provides two 

independent mechanisms by which the strut size can be tailored.  First, the width of the struts 

can be controlled by controlling the diameter of the deposited filament, and the height of the 

strut can be controlled by specifying the number of print layers that are deposited. From 

measurements taken using the SEM images, we found that struts with a minimum fibre 

thickness of 60 µm could be produced, thicknesses that are similar to what are currently used 

in when fabricating metallic stents. In this study, we did not aim at reducing strut thickness 
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below 60 µm, as it would most likely result in insufficient mechanical support for the artery. 

Our aim was to illustrate our capability to fabricate stents with the thickness of current coronart 

artery stents, and we did not aim at reducing the strut thickness further. Metallic stents are 

usually characterized  by strut thickness of 60 µm – 80 µm, which is often times optimal for 

them. However, polymeric materials are generally weaker than metallic ones, thus reducing 

strut thickness below 60 µm could result in loss of mechanical performance necessary for the 

application as a coronary artery stent. 

 

Although MEW was previously used for fabrication of tubular scaffolds, this is the first study 

which shows the utilization of this technique for printing of stent-like structures with high level 

of complexity. Our results show that printed devices were customizable with their design, strut 

thickness, diameter, and degree of curvature, which has not been studied before. Only relatively 

simple design concepts consisting of straight, repeating design elements were fabricated 

before. Additionally, our study shows the utilization of PCL/rGO as a printing ink, which has 

not been shown before for its feasibility of printing utilizing MEW. Printing of only few 

composite materials such as PCL/hydroxyapatite or PCL/magnesium fluoride have been 

investigated with MEW. Therefore, our study is the first to show that PCL/rGO can be 

successfully processed into stent-like structures with high degree of resolution, low strut 

thickness, and customizable design utilizing MEW. 
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Figure 2.6: SEM images of melt electrowritten scaffolds with varying stent diameter (a-c), architecture (a-l), pore 

size (d-f), strut thickness (g-i), and strut curvature (j-l). 
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2.4.6. Three-point bending tests on melt electrowritten stents 

 

Three-point bending tests were performed on melt electrowritten stents (PCL-rGO 0.1 wt%) 

according to the ASTM F2606-09, the standard guide for three-point bending of balloon 

expandable vascular stents. Specifically, we assessed the properties of melt electrowritten 

stents that had varying strut spacing (0.5 mm x 0.5mm, 1mm x 1mm) and number of layers (3 

layers, 5 layers) (Figure 2.7). Results illustrate that with decreasing strut spacing and 

increasing number of printed layers on the scaffold, the flexural stiffness increases (Figure 

2.8). Videos of three-point bending tests on melt electrowritten scaffolds which show how 

flexural load was applied, as well as full flexural recovery of the devices, are attached in the 

supplementary information. 

Figure 2.7: Three-point bending tests on melt electrowritten scaffolds with varying pore size and number of 

printed layers. 
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Figure 2.8: (a) Three-point bending tests for scaffolds with varying stent architectures and pore size (b) Flexural 

stiffness as a function of stent geometry for scaffolds with pore size of 0.5 mm x 0.5 mm and 3 layers, 0.5 mm x 

0.5 mm and 5 layers, 1 mm x 1mm and 3 layers, 1 mm x 1 mm and 5 layers.   

 

Stents with pore size of 0.5 mm x 0.5mm and 5 layers of printed materials were found to have 

the highest flexural stiffness. Our mechanical results from standards and melt electrowritten 

samples are consistent with previous studies which report increase in Tensile strength, Young’s 

modulus and Elongation at break by inclusion of graphene in polymeric materials due to 

excellent natural mechanical properties of graphene16-17, 22, 37-38.  

 

Flexural stiffness of a stent is critical in overall performance of a device – a stent needs to be 

flexible enough to access the lesion site and adequately cover it 39-40. High flexural flexibility, 

high tensile and compressive strength, as well as sufficient elongation at break are all necessary 

for superior mechanical performance of a biodegradable stent. The mechanical characteristics 

show that printed stents are very flexible and come back to their original shape after loading 

which is the desired performance. 

2.4.7. Biological interactions 

 

To gain the better understanding of the materials and their biological interactions, three types 

of biological tests were performed on polymer coatings with PCL, PCL-rGO (0.1 wt%) and 
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PCL-rGO (0.3 wt%). PCL was chosen as a control material. PCL-rGO (0.1 wt%) was chosen 

as it was the final material used for MEW of stents. PCL-rGO (0.3 wt%) was additionally 

studied to better understand the influence of increasing rGO loading on biological performance. 

2.4.7.1. Protein adsorption 

 

Protein adsorption studies were performed on polymer surfaces with PCL, PCL-rGO (0.1 wt%) 

and PCL-rGO (0.3 wt%) coatings (Figure 2.9). Protein adsorption was found to increase with 

increasing rGO content in PCL. Quantification of protein adsorption was performed by 

approximation of the change in frequency (Hz), as shown in Table A1 (Appendix Chapter 

2). Previous studies aimed at understanding the mechanism and reasons behind increased 

protein adsorption on graphene based materials and suggested that π-π stacking, electrostatic 

interactions and hydrophobic effects of graphene-based materials are the predominant 

mechanisms responsible for increased adsorption 41-42. Reduced graphene oxide was previously 

reported to be more compatible than graphene oxide, in terms of protein adsorption, as 

graphene oxide was found to enhance protein adsorption more significantly than reduced 

graphene oxide due to more surface alterations41. Therefore, reduced graphene oxide was 

chosen in this study as it causes a less profound increase in protein adsorption relative to 

graphene oxide. In our results, we observed an increase in protein adsorption on PCL-rGO 

composites, as compared to PCL, with a concentration dependent effect. Higher concentration 

of rGO in PCL (0.3 wt%) was found to increase protein adsorption more significantly as 

compared to low concentration (0.1 wt%). This could be related to increase of electrostatic 

interaction between graphene sheets and proteins, which is more evident at higher 

concentration of rGO.  
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Figure 2.9: Serum and protein adsorption curves for PCL and PCL-rGO (0.1 wt% and 0.3 wt%) composites. 

 

2.4.7.2. Human umbilical vein endothelial cells 

 

The native blood vessel is lined with a monolayer of endothelial cells, referred to as an 

endothelium.  This cell layer plays a vital role in maintaining vascular homeostasis. As such, 

rapid endothelialisation of coronary artery stents is desired. hUVECs adhesion and 

proliferation studies were performed on PCL, PCL-rGO 0.1 wt%, and PCL-rGO 0.3 wt% 

nanocomposites to assess how the addition of the rGO influences endothelial cell-material 

interactions (Figure 2.10, Figure 2.11). The surface density of cells at 4 hours, 4 days, and 7 

days post-seeding was determined through a DNA quantification assay.  The initial adhesion 

of hUVECs is similar across all surfaces.  However, the addition of the rGO improves the cell 

proliferation rate in a dose-dependent manner. In fact, the number of hUVECs inhabiting the 

PCL-rGO 0.3wt% surfaces is equal to or greater than the control surface (glass) across all days 
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of the study. These results are corroborated by the fluorescence microscopy images taken at 4 

hours and 7 days post-seeding (Figure 2.11). Similar numbers of cells were observed on all 

surfaces at the initial adhesion stage; however, only glass and the PCL-rGO 0.3 wt% surfaces 

were near confluence after the 7 days of culture. These results suggest that the PCL-rGO 

nanocomposites lead to better endothelialisation compared to pure PCL. These results are in 

accordance to previous reports in the literature of improved cell proliferation on biomaterial 

surfaces by inclusion of graphene suggesting the influence of electrostatic interactions and 

protein adsorption to increased cell proliferation 17, 43-44 

 
Figure 2.10: Quantification of HUVECs adhesion and proliferation over 7 days of culture. The cells were seeded 

at a density of 1.7 ×104 cells per cm2. Asterisks (*) represent statistical difference where **P<0.01 and *P<0.05, 

(n= 3). 
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Figure 2.11: Representative images of hUVECs adhesion and proliferation on various surfaces over 7 days. 

Scale bar represents 100 µm. 

2.4.7.3. Platelet adhesion 

 

Platelet adhesion was studied on surfaces coated with PCL, as well as PCL-rGO (0.1 wt% and 

0.3 wt%) (Figure 2.12, Figure 2.13). The results show similar number of platelets adhering 

between PCL and PCL-rGO (0.3 wt%), and a slight decrease in a number of adhered platelets 

on PCL-rGO (0.1 wt%). 

 

Previous studies on platelet adhesion on graphene enriched materials showed that reduced 

graphene oxide shows excellent haemocopatibility as compared to other graphene based 

materials and does not evoke strong platelet activation or adhesion responses as compared to 

other graphene additives such as graphene oxide18-19. Studies show that increased protein 

adsorption on graphene-based materials leads to the surface passivation and reduced adhesion 

or aggregation of platelets18. In this study, we observe increased serum and protein adsorption, 

and a slight decrease in platelet adhesion on surfaces with rGO 0.1 wt%. Our results also show 

that at higher rGO concentrations (0.3 wt%) the morphology of platelets trends towards an 

increasingly spread shape. This suggests more activation of platelets at surfaces with higher 
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rGO concentrations. At lower concentration (0.1 wt%) there is no statistically significant 

difference in morphology of platelets, thus activation, as compared to PCL. Platelet activation 

can lead to increased thrombogenicity of the material and activation of thrombogenicity 

pathways, therefore lower concentration of rGO (0.1 wt%) was chosen for final printing 

application39.  

 

 

 

Figure 2.12: (a) Platelet adhesion on glass, PCL, PCL-rGO (0.1 wt%) and PCL-rGO (0.3 wt%). (b) Morphology 

of adhered platelets on glass, PCL, PCL-rGO (0.1 wt%), PCL-rGO (0.3 wt%). Asterisks (*) represent statistical 

difference where **P<0.01 and *P<0.05, (n= 3). 
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Figure 2.13: Representative images of platelet adhesion on (a) glass (b) PCL (c) PCL-rGO (0.1 wt%) (d) PCL-

rGO (0.3 wt%). Scale bars are 5 µm. 
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2.5. Conclusion 

 

Biodegradable PCL-rGO stent-like structures were fabricated using MEW. The tensile 

modulus of the PCL-rGO nanocomposites increased by more than 2 folds for composites 

containing all nanocomposite compositions (0.1 wt% to 1 wt% rGO), compared to PCL, and 

by 3 folds for PCL-rGO. Additionally, the compressive modulus of the materials also increased 

for all nanocomposite compositions. Additionally, a class of PCL-rGO 0.1 wt% stents have 

been printed using MEW system with varying diameters, strut thicknesses, strut spacing, and 

strut geometries, and strut thicknesses as small as 60 m were produced. Furthermore, the PCL-

rGO 0.1 wt% composites improved endothelial proliferation over 7 days compared to PCL 

controls with no observed statistically significant increase in platelet activation. This data 

supports the use of PCL-rGO 0.1 wt% nanocomposites in the development of biodegradable 

coronary artery stents and the use of MEW as a means of fabricating personalised stents.   
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3. Core cross linked biocompatible and 

biodegradable star brush polymers for 

hydrophilic antithrombotic drugs 
 

3.1. Abstract 

 

Molecular polymeric architectures such as star polymers are ideal candidates for drug 

encapsulation due to their biocompatibility, unimolecularity, small size, facile synthesis and 

well controlled drug release profiles. In this study, we report a synthesis CCSs via a three step 

process utilizing UV-ATRP and ring opening polymerisation (ROP).  In the UV-ATRP step, 

PEG MEA and HEBriB are used to form polymeric brushes with varying brush lengths. These 

brushes are cross-linked with the use poly(ethylene glycol) diacrylate to form core-cross linked 

star polymers with arms that contain functional hydroxyl end groups. Ring opening 

polymerization of ε-caprolactone is performed in the final step utilizing the end hydroxyl 

groups. The resulting CCSs consist of hydrophobic PCL blocks in their outer shells, 

hydrophilic PEG MEA segments in their inner brush shells and hydrophilic PEGDA in their 

cores. These polymeric platforms allow the encapsulation of hydrophilic drugs without the 

need for conjugation of the drug to the carrier.  The influence of PEG length and cross linker 

amount on the formation of stars is investigated. Synthesized CCSs are then evaluated for their 

drug loading properties using fluorescent dextran (20kDa) as model hydrophilic drug, and 

heparin. The drug loading studies demonstrate drug loading efficiencies of approximately 70% 

for dextran and 50 % for heparin, as well as a drug loading content of 6.8% and 5% for dextran 

and heparin, respectively. Drug release profiles of heparin and dextran are then studied at pH 

= 5 and pH = 7.4 to understand the influence of pH on drug release, utilizing ultraviolet/visible 

spectrophotometry (UV-VIS). Cytocompatibility of synthesized CCSs is assessed through the 

cytotoxicity studies on human umbilical vein endothelial cells (hUVECs). Proliferation and 
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adhesion studies of HUVECs are performed on synthesized surfaces with varying ratios of 

CCSs in PCL and show no difference in cell adhesion between groups and an increase of 

hUVECs proliferation with the increase of CCSs content in PCL matrix. 

 

3.2. Introduction 

 

Anticoagulant and antiplatelet drugs are widely used agents in antithrombotic therapy to 

prevent aggregation of platelets and fibrin 1-2. Heparin is one of the most common clinically 

utilized anticoagulants, acting through binding to antithrombin III and leading to the 

inactivation of thrombin2. Heparin has been clinically used for more than 70 years and remains 

an efficient clinical treatment to prevent formation of blood clots. Additionally, it is a sulphur 

rich glycosaminoglycan with high water solubility. Another common antithrombotic agent is 

dextran, an antiplatelet drug, which acts by coating of platelets and endothelial cells thus 

decreasing adhesion of platelets and inhibiting stabilization of fibrin. The detailed mechanism 

of its action remains unclear with few reports regarding its influence on the blockage of uptake 

of tissue plasminogen activator2. Dextran is a hydrophilic polysaccharide with glucose units 

joined by 1:3 and 1:4 glucoside links. Both heparin and dextran are usually administrated 

intravenously; however, their prolongated local delivery can be achieved through a delivery 

system.  

 

Heparin and dextran, the two most common antithrombotic drugs, are hydrophilic in nature. 

The administration of such drugs has been previously studied with the use of various delivery 

platforms such as reverse micelles3, bioconjugates4-5, liposomes6-7, nanospheres8, dendrimers9-

11 or other polymeric architectures. These studies show the feasibility of the use of delivery 

platforms for local antithrombotic drug delivery, however, some of these platforms (e.g., 

micelles, vesicles, and dendrimers) are based on self-assembly. The self-assembly mechanism 
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can lead to issues in the stability of the delivery platform, as well as the burst release of a drug 

due to uncontrolled disassembly below the critical association concentration or upon external 

stimuli such as pH and temperature12. Other systems such as core-shell architectures, 

hyperbranched polymers, functionalized dendrimers, or star polymers, have the advantage of 

robustness due to their covalent bonds. Nonetheless, they are often limited by the size of their 

cavities for drug loading and require more tedious synthesis processes13. Star polymers have 

several advantages over other delivery systems due to their facile preparation, the potential for 

a scalable synthesis, tuneable chemistry, and tailored core size for the desired application14. 

There are few studies investigating anti-thrombotic, hydrophilic drug delivery utilizing star 

polymers. 

 

Star polymers can be synthesized via two fundamental approaches: a “core first” and an “arm 

first”. The “core first” method utilizes a multifunctional core as an initiator and enables the 

growth of polymeric chains from the initiating sites with the variety of living controlled 

polymerisations15-16. The major disadvantage of this method is a low number of arms due to 

limited number of functional growth sites. This often leads to a small core size and low drug 

loading efficiency of a synthesized system14. The “arm first” method utilizes end-reactive 

linear polymers as macroinitiators to initiate polymerisation of a cross-linkable monomer in a 

way that enables arm coupling and core formation12. The advantage of this approach is a high 

number of arms and a large core which enables high drug loading. More recently, a novel 

method has been studied known as a “brush first” approach17-19. This technique is relatively 

new, as compared to “core-first” and “arm-first” approaches. The method involves 

macromonomer photopolymerization to form living bottle-brush polymer initiators that are 

then cross-linked with a multi-functional monomer to generate brush-arm star polymers. The 
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key advantage of “brush-first” approach is the unique ability to quickly synthesize 

nanostructures of diverse size and composition in a simple one pot process17-19. 

 

Controlled (living) radical polymerizations have been widely studied in the field of polymer 

science for the past decade with ATRP being one of the most intensively explored20-21. ATRP 

is one of the most effective and widely used controlled radical polymerisation methodologies 

as it allows for synthesis of complex polymer structures in a robust manner with precise control 

over the chemical composition, polydispersity and uniform growth of polymer chains20. 

Traditionally, ATRP synthesis was copper mediated and required higher concentrations of 

transition metals and later copper removal. Several studies have been conducted to exploit 

methodologies to manipulate the activation-deactivation equilibrium between active and 

dominant species to maximize control during polymerization22. These approaches were based 

on the selection of copper-ligand complexation agents to determine the optimal rate of 

polymerization and manage deactivating species concentration22.  

 

More recently, various stimuli have been studied for their control over activation-deactivation 

equilibrium23 such as photochemical24-25, pressure26, or electrochemical22, 27. These stimuli 

lower the activation energy for initiation and activation steps of synthesis reactions, allowing 

for the in-situ generation of more active catalysts and faster controller radical polymerization 

under milder conditions22. Previous studies have shown that the controlled living radical 

polymerisation of methacrylates can be efficiently controlled under visible light22, 28-29. 

Additionally, traditional copper mediated polymerization was also proven to benefit from 

photo-irradiation by development of copper mediated photo induced controlled radical 

polymerization systems both in the presence or lack of conventional photo initiators or 

photosensitisers30-33. A recent study reported a visible/sunlight (UV) photoinduced ATRP of 
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both acrylic and methacrylic monomers with parts per million (ppm) of Cu catalyst with subtle 

differences to the mechanisms as compared to previous studies34. The study addresses the 

limitation of conventional ATRP in which a high loading of catalyst is required and adds on to 

previous literature which reports methods to allow ppm-scale concentrations of catalyst to be 

used through continuous regeneration of CuI activators28, 35.  

 

This work builds on previous reports of UV-ATRP of methacrylates22. We investigate the 

formation of polymeric brushes with targeted molecular weights (DPn = 10 - 40) under UV 

irradiation (lmax ≈ 360 nm). Here, the photoactivation is induced in CuII(Me6-Tren)Br2 (Tren = 

tris(2-aminoethyl)amine)) with an excess of aliphatic tertiary amine Me6-Tren. In this study, 

we report the successful development of a core-cross linked biocompatible and biodegradable 

star-brush polymers (CCSs) via the “brush first” route, followed by ring opening 

polymerization (ROP).   

 

In the first step of the synthesis pathway, HEBriB was used as an initiator (MI) and PEG MEA 

was reacted with it to synthesize PEG based brushes, which were then cross-linked by PEGDA 

to form core-cross linked star-brush polymers via UV-ATRP. The hydroxyl groups on the arms 

of these star-brush polymers were then used as initiating sites for ROP of CL (Figure 3.1). The 

key building blocks used to form the CCSs were PCL as the hydrophobic arms, PEG MEA as 

hydrophilic brush shell, and PEGDA as cross-linked hydrophilic core. The influence of PEG 

length and the amount of cross-linker on the formation of stars was investigated.  
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In this study, the aim was to synthesize a star polymer with hydrophilic brush-core and 

hydrophobic arms. PEGDA was chosen as a cross-linker due to its hydrophilicity and ability 

to cross-link under UV light.  PEG MEA was chosen to form an inner brush due to its end 

methyl group and hydrophilic nature of a molecule. PCL was chosen as an outer block due to 

its hydrophobicity, biocompatibility, and degradable nature. Synthesized star-brush polymers 

were investigated as molecules for drug loading of hydrophilic drug to allow their 

incorporation into the hydrophobic matrices. Loaded star polymers were designed to function 

as hydrophilic drugs carriers to be later incorporated into the hydrophobic, polymeric matrices. 

Synthesized CCS were found to exhibit approximately 70 % and 50 % drug loading capacity 

for hydrophilic drugs such as dextran and heparin respectively. Upon successful loading of 

CCS with dextran and heparin, drug release profiles were obtained at pH = 5 and pH = 7.4.  In 

Figure 3.1: Schematic of synthesis pathway.  
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vitro cytotoxicity of CCSs, as well as adhesion and proliferation studies of human umbilical 

vein endothelial cells (hUVECs) on surfaces with varying ratio of CCS in PCL were performed. 

3.3. Methods 

3.3.1. Materials 

 

ε-Caprolactone (97 %), methane sulfonic acid (MSA, 98 %), copper (II) bromide (CuBr2), 

poly(ethylene glycol) diacrylate (Mn = 250 Da), poly(ethylene glycol) methyl ether acrylate 

(Mn = 480 Da), 2-hydroxyethyl acetate, fluorescent isothiocyanate dextran (Mn = 20 kDa), 

heparin sodium salt from porcine mucosa (Grade I-A, ≥ 180 USP units/mg), Azure A chloride, 

were purchased from Sigma Aldrich. Dry toluene, dichloromethane and ε-caprolactone were 

obtained by distillation from calcium hydride before use. Poly(ethylene glycol) diacrylate (Mn 

= 250 Da) and poly(ethylene glycol)methyl ether acrylate (Mn = 480 Da) were deinhibited by 

passing through basic alumina columns before use. HEBriB was synthesized via the 

esterification of 1,2-ethanediol with α-bromoisobutyryl bromide (98 %, Aldrich), purified by 

flash column chromatography, and characterized by 1H NMR and 13C NMR. Me6TREN was 

synthesized according to the procedure reported in the literature36. 

 

3.3.2. Synthesis of core-cross linked star-brush polymers 

 

Preparation of a series of PCL-PEG MEA-PEGDA CCS polymers was achieved via UV-ATRP 

of HEBriB and PEG MEA using a “brush-first” one pot strategy with HEBriB as the initiator 

and  PEGDA as the cross-linker. Variation of the PEG MEA: HEBriB as well as MI:PEGDA 

ratios resulted in CCS polymers of varying hydrophilicity. In a typical process, HEBriB-PEG 

MEA brush was prepared in the first step. HEBriB (1 equiv.), PEG MEA (40 equiv., 20 equiv., 

15 equiv. or 10 equiv.), CuBr2 (0.02 equiv.), Me6TREN (0.12 equiv.) were dissolved in DMSO 

at 12.5 wt% concentration of polymer and the mixture was degassed for 30 min. The reaction 

mixture was then exposed to UV light for 3 h. subsequently, a 100 µL aliquot of the MI solution 

was taken for 1 H NMR analysis to determine the conversion to brush structure. Upon >90% 
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conversion, PEGDA was added for the cross-linking step at various ratios to the number of 

synthesized brush arms (10 equiv., 15 equiv., 20 equiv., 25 equiv., or 30 equiv.) in DMSO 

mixture. The reaction was stirred under UV irradiation for 24 h. After 24 h, the reaction was 

stopped and a 100 µL aliquot of the solution was taken for 1H NMR analysis and DMF GPC 

analysis. Upon the confirmation of the molecular weight, number of the arms, and size of the 

synthesized CCS polymer, the crude mixture was dialyzed against water using dialysis tubes 

(MWCO = 50 kDa) and freeze dried for 7 days to remove any water content. In the last step to 

synthesize PCL-PEG MEA-PEGDA CCS polymers, dry CCS (1 equiv.) was dissolved in  

toluene (3 mL) to remove any residual water using a toluene-water azeotrope under reduced 

pressure by the high vacuum rotary evaporator. Dry CCS, ε-Caprolactone, MSA (2.1 equiv.) 

and dry DCM (5 mL) were added via syringe under Argon atmosphere following a previously 

described protocol12. The reaction mixture was stirred for 3-5 h at room temperature. A 100 

µL aliquot of the reaction solution was taken for 1H NMR analysis and DMF GPC analysis, 

respectively. The remainder of the crude reaction was precipitated into the diethyl ether to yield 

the final CCS polymer and dried under vacuum. 

 

3.3.3. Characterization of star-brush polymers 

 

Molecular weight characterizations were carried out via Gel Permeation Chromatography 

(GPC) using DMF as the mobile phase unless otherwise stated. The GPC analysis was 

conducted on a Shimadzu liquid chromatography system equipped with a PostNova PN3621 

MALLS detector (λ = 532 nm), Shimadzu RID-10 refractometer (λ = 633 nm), and Shimadzu 

SPD-20A UV−vis detector using three identical Jordi columns (5 μm bead size, Jordi Gel 

Fluorinated DVB Mixed Bed) in series operating at 70 °C. DMF (>99%, Aldrich) with 0.05 

mol L−1 LiBr was employed as the mobile phase at a flow rate of 1 mL min−1 following 

previously described protocols12. Calibration curves were used to determine molecular weights 
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of synthesized polymers by comparison to narrow molecular weight distribution poly(ethylene 

glycol) standards. When aqueous-phase GPC was employed, a separate Shimadzu liquid 

chromatography system was utilized, equipped with a Shimadzu RID-10 refractometer (λ = 

633 nm), using three Waters Ultrahydrogel columns in series ((i) 250 Å porosity, 6 μm diameter 

bead size; (ii) and (iii) linear, 10 μm diameter bead size), operating at room temperature. The 

eluent was milli-Q water containing 20 % v/v acetonitrile and 0.1 % w/v trifluoroacetic acid 

(TFA) at a flow rate of 1 mL min−1 as described in the previous studies12 . The molecular weight 

characteristics of the analyte were determined by a comparison to narrow molecular weight 

distribution poly(ethylene glycol) standards. All samples were filtered through 0.45 µm nylon 

filters prior to injection. Proton Nuclear Magnetic Resonance (1H NMR) spectroscopy was 

conducted on a Varian Unity 400 MHz spectrometer operating at 400 MHz, using the solvent 

chloroform (CHCl3) (Cambridge Isotope Laboratories) as reference and sample concentrations 

of approximately 10 mg mL−1. Dynamic Light Scattering (DLS) measurements and analysis 

were performed on a Wyatt DynaoPro NanoStar DLS/SLS instrument with a GaAs laser (658 

nm) at an angle of 90 °C and a temperature of 25 ± 0.1 °C. Spectra were obtained at 

concentrations of 1 mg mL−1 in water. UV-Vis spectrometric analysis was performed using a 

Shimadzu UV-2101 PC UV-Vis scanning spectrophotometer at a scan rate of 1 nm s−1, with 

paired quartz cuvettes (Starna Pty Ltd) as described in the previous studies12,37. 

 

3.3.4. Drug loading  

 

CCS polymer (5 mg) was dissolved in 5 mL of THF and fluorescent dextran 20 kDa or heparin 

(0.5 mg) was dissolved in 1 mL of water. The mixture was stirred for 24 h and afterwards 

allowed for evaporation of THF. The precipitate of unloaded drug was collected by 

centrifugation at 1500 rpm (1450 G; rotor size = 13 cm) for 30 minutes and the amount of 

unloaded drug was determined by measuring the absorbance at 492 nm using calibration curves 
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generated from standard solutions for fluorescent dextran 12, 37. For studies with heparin, the 

calibration curve was obtained with the use of Azure A to form heparin-azure complex and 

enable calculation of remaining heparin concentration through UV-Vis at 620 nm38-40. Drug 

loading content (DLC) and drug loading efficiency (DLE) were calculated according to the 

following equations12, 

 

𝐷𝐿𝐶 =
𝑊𝑒𝑖𝑔ℎ𝑡 𝑜𝑓 𝑙𝑜𝑎𝑑𝑒𝑑 𝑑𝑟𝑢𝑔𝑠

𝑊𝑒𝑖𝑔ℎ𝑡 𝑜𝑓 𝑝𝑜𝑙𝑦𝑚𝑒𝑟 𝑢𝑠𝑒𝑑
 (3.1) 

𝐷𝐿𝐸 =
𝑊𝑒𝑖𝑔ℎ𝑡 𝑜𝑓 𝑙𝑜𝑎𝑑𝑒𝑑 𝑑𝑟𝑢𝑔𝑠

𝑊𝑒𝑖𝑔ℎ𝑡 𝑜𝑓 𝑑𝑟𝑢𝑔𝑠 𝑢𝑠𝑒𝑑
 (3.2) 

 

The supernatant solutions were freeze-dried to yield drug-loaded CCS polymer samples for 

UV-Vis characterization. 

 

3.3.5. In-vitro drug release 

 

The in vitro drug release study was performed using a dialysis method following the previously 

described protocols12, 41. Briefly, freeze dried drug loaded CCS polymer samples (30 mg) were 

suspended in 2 mL PBS with pH 7.4 and 5, respectively. The solutions were transferred to two 

dialysis tubes (MWCO = 50 kDa) and dialyzed against the corresponding PBS solutions (pH 

= 7.4 and pH = 5) in a shaking water bath at 37 ⁰C12. At certain time intervals, 2.0 mL aliquots 

of the solution outside of the dialysis tubes were taken for UV-Vis analysis and replaced with 

fresh PBS solution. The concentrations of the released drug were estimated via UV-Vis using 

the standard curves. Heparin concentration was obtained with the use of Azure A to form 

heparin-azure complex and enable calculation of remaining heparin through measurement at 

620 nm38-40. The amount of released dextran was approximated by measuring the absorbance 

at 492 nm37. 
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3.3.6. Cytotoxicity assay 

 

100 µL of medium containing 1 ×104 HUVECs (3.1 ×104 cells per cm2) was plated to each 

well of a 96-well plate. After 12 h, the medium was replaced with 100 µL of fresh medium 

containing stars polymers with various concentrations from 0 to 500 µg/mL and incubated for 

24 h. The cells were then washed twice with PBS and incubated with 110 µL fresh medium 

containing 10 µL of cell counting kit-8 (CCK-8) solution for a further 3 h42-43. Finally, the 

absorbance of the removed medium was measured at 460 nm using a microplate reader 

(TECAN M200 infinite Pro). Experiments were performed in triplicate. The cell viability (%) 

was calculated by the following formula, where [A] is the average absorbance: 

𝐶𝑒𝑙𝑙 𝑣𝑖𝑎𝑏𝑖𝑙𝑖𝑡𝑦 (%) =
[𝐴]460(𝑠𝑎𝑚𝑝𝑙𝑒) − [𝐴]460(𝑏𝑙𝑎𝑛𝑘)

[𝐴]460(𝑐𝑜𝑛𝑡𝑟𝑜𝑙) −  [𝐴]460(𝑏𝑙𝑎𝑛𝑘)
 (3.3) 

 

3.3.7. Adhesion and proliferation of human umbilical vein endothelial cells 

 

Surface preparation: Cell culture surfaces were prepared by coating the growth surfaces of 

8-well Lab-Tek II chamber slides or Lab-Tek chambered coverglass (for confocal microscopy) 

with 25 µL of a 2 % polymer solution in acetone. The chamber slides were then covered with 

aluminium foil and allowed to dry at ambient condition for 48 h. Chamber slides were sterilized 

through UV exposure for 1 h in a sterile biological safety cabinet. Wells were rinsed twice with 

PBS and incubated overnight in PBS at 37 °C before the introduction of cells. 

 

Cell culture and maintenance: Pooled donor hUVECs were purchased from Lonza 

(Australia) and maintained in CloneticsTM EGMTM-2 BulletKitTM containing Endothelial Basal 

Medium-2 (EBMTM-2 Medium) supplemented with BulletKitTM as recommended by the 

supplier. Cells were cultured at 37 °C in a humidified 5 % CO2 atmosphere. The culture 

medium was changed every other day. The cultures were passaged at 80 % confluence and 



3. Core cross linked biocompatible and 

biodegradable star brush polymers for 

hydrophilic antithrombotic drugs  

3.3. Methods 

 

123 | P a g e  

 

lifted using 0.25 % trypsin-EDTA. For all tests, the cells between passages 3 and 5 were used44-

45. 

 

Adhesion and proliferation: 500 µL of medium containing 1.2 ×104 cells (1.71 ×104 cells per 

cm2) was added to each well of polymer-coated chamber slides. Uncoated chamber slides were 

used as control. hUVECs were cultured for 7 days and the culture medium was changed every 

two days. Cell attachment and growth were determined for HUVECs after 4 h, 4 and 7 days 

using double stranded DNA (dsDNA) quantification by the Quant-iTTM PicoGreen® dsDNA 

Assay (Invitrogen) after digestion with papain as previously described 44-45. Cell surface 

densities were determined by dividing the obtained cell number by the area of the test surface. 

Experiments were performed in triplicate.  

The adherent endothelial cells were stained for the nuclei and actin cytoskeleton by using the 

FAK100 actin cytoskeleton/focal adhesion staining kit (Merck Millipore) as previously 

described44-45. Briefly, hUVECs were fixed after 4 h and 7 days and SMCs were fixed after 4 

h and 4 days with 4 % paraformaldehyde and were permeabilized with 0.1 % Triton X-100 in 

PBS. The cells were stained with TRITC-phalloidin (1:500), and 4′,6-diamino-2-phenylindole 

(DAPI, 1:1000).  The cells were finally washed and covered with PBS and imaged using a 

confocal laser scanning microscope (Nikon A1R) at 20 × magnification. Images were 

generated by optical sectioning in the z-direction and were analysed using ImageJ software 

(NIH).   

3.3.8. Statistical analysis 

 

The student’s t test and ANOVA one-way analysis of variances were used to analyse the 

statistical differences between samples and were considered significant at **P<0.01 and 

*P<0.05. 
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3.4. Results and Discussion 

 

3.4.1. Synthesis of core-cross linked star-brush polymers 

 

Synthesis of the CCS polymers was achieved via three-step reaction, as illustrated in the Figure 

3.1. In the first part of the synthesis pathway, a class of PEG brushes was synthesized with 

varying ratio of ATRP initiator to PEG MEA via UV-ATRP (Figure 3.2, Figure 3.3) to study 

the influence of molar ratio of PEG methyl ethyl acrylate to HEBriB (initiator) on the brush 

formation. 

UV-ATRP was chosen as a synthesis method as it is a very robust technique for synthesis of 

polymers with well-controlled architecture, narrow polydispersity, and uses very low amounts 

of copper catalysts due to the photo-induction with the UV light 20-21, 28.  

 

Figure 3.2: DMF GPC of synthesized brushes with varying number of repeat units (PEG40, PEG20, PEG15 and 

PEG10). 
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Photoinduced controlled radical polymerization was carried from the deoxygenated mixtures 

containing HEBriB:PEG MEA:CuBr2:Me6TREN = 1:40/20/15/10:0.02:0.12 in DMSO 

at total concentration of 12.5 wt %. 
1H NMR analysis was used to estimate the 

conversion of a PEG MEA monomer into polymer chain. Additionally, prior to the cross-

linking of formed brush arms, the conversion and polydispersity of synthesized brush arm 

polymers were evaluated by GPC with DMF as a mobile phase (Figure 3.2). The conversion 

and kinetics of polymerization reaction was calculated by integrating of the peaks of CH in 

synthesized brush polymer (a-d peaks in the Figure 3.3) to the peak of CH in unconverted PEG 

methyl ethyl acrylate peaks (1-3 peaks in the Figure 3.3) in 1H NMR spectrum (Figure 3.3). 

 

 

Figure 3.3: Representative 1HNMR spectrum of synthesized brush with the corresponding reaction pathway. 
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Table 3.1: Characterization of synthesized brushes. (a) L= Me6TREN. (b) Conversion at 3 h. Calculated from 
1HNMR. (c) Calculated from 1HNMR. 

 

Kinetics investigation showed quantitative conversion of  PEG MEA to PEG brushes (PEG40, 

PEG20, PEG15 and PEG10) of approximately 9 0% after 3 - 5 h of the reaction with  narrow 

distribution of molecular weights (PDI = 1.1) (Table 3.1). The conversion of PEG methyl ethyl 

acrylate to PEG brush was additionally evaluated at various time intervals (30 min, 1 h, 1 h 30 

min, 2 h, 2 h 30 min, 3 h) to better understand the kinetics of the reaction. All brush polymers 

reached a conversion of 90 % or higher after 3 h of the reaction. PEG brushes with lower 

molecular weights and shorter brush chains (DP = 10, 15, 20) achieved a 90 % conversion at a 

faster rate compared to brushes with higher molecular weights and longer brush chains (DP = 

40). For PEG brushes with 40 repeat units, 90 % of conversion was achieved approximately 

after 4 - 5 h of the reaction. For PEG brushes with 10, 15 and 20 repeat units, 90 % conversion 

was achieved after 3 h of the reaction. Results indicate that polymer brushes of PEG methyl 

ethyl acrylate with lower DP (≤20) were polymerized faster than polymers with higher DP.  

 

Following the formation of well-defined class of brushes via photo induced ATRP, PEG 

brushes were crosslinked using PEGDA crosslinker (Mw = 250 Da) after approximately 3 h of 

PEG brush [CuII] : [L]a [Br] : [PEG MEA]  Conversion  PDI Mw (kDa)c 

PEG
40

 0.02:0.12 1:40 0.8 1.1 17.1 

PEG
20

 0.02:0.12 1:20 0.9 1.1 8.5 

PEG
15

 0.02:0.12 1:15 0.9 1.1 6.6 

PEG
10

 0.02:0.12 1:10 0.9 1.1 4.5 
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brush arm polymerization.  To better understand the influence of cross linker and PEG brush 

length on star formation, a class of star polymers with varying cross linker (XL) to PEG brush 

(B) ratio ([XL]/[B]) was synthesized and the conversion of PEG brush to star was calculated 

using 1H NMR and GPC analysis (Table 3.2). Results indicate that PEG brush with the shortest 

length of arms and 10 PEGA repeat units converted to core-cross linked stars with high 

conversion, however, star-star coupling was observed in these stars (Figure B2, Appendix 

Chapter 3). PEG brushes with longest length of arms and 40 PEGA repeat units showed 

increasing conversion of brush into star polymers with increasing amount of cross-linker used 

(Table 3.2, Figures B3-B5, Appendix Chapter 3). The highest conversion was achieved for 

PEG brushes with medium PEG lengths of 20 and 15 repeat units, with no star-star coupling 

observed, therefore PEG brush with 20 repeat units was used in the later synthesis steps. 

Table 3.2: Overview of synthesized CCS with varying cross-linker ratios and precursor CCS-OHs. DMF GPCs 

and HNMR spectra of synthesized CCSs in supporting information. (a)  L = Me6TREN. (b) [Br] = bromide, [PEG 

MEA] = PEG methyl ethyl acrylate (Mw = 480 Da)(c) Approximated from DMF GPC and 1HNMR. 

 

 

 

 

 

 

 

 

 

 

 

CCS [CuII] : [L]a [Br] : [PEG MEA]b CCS-OH [XL]:PEG Brush Conversionc 

CCS1 0.02:0.12 1:10 PEG10-OH 15:1 0.9 

CCS2 0.02:0.12 1:15 PEG15-OH 15:1 0.8 

CCS3 0.02:0.12 1:20 PEG20-OH 15:1 0.8 

CCS4 0.02:0.12 1:40 PEG40-OH 10:1 0.3 

CCS5 0.02:0.12 1:40 PEG40-OH 15:1 0.4 

CCS6 0.02:0.12 1:40 PEG40-OH 20:1 0.7 

CCS7 0.02:0.12 1:40 PEG40-OH 25:1 0.75 

CCS8 0.02:0.12 1:40 PEG40-OH 30:1 0.75 



3. Core cross linked biocompatible and 

biodegradable star brush polymers for 

hydrophilic antithrombotic drugs  

3.4. Results and Discussion 

 

128 | P a g e  

 

In the final step, ROP of CL was performed utilizing the end hydroxyl groups on the star 

polymer arms to achieve stars with hydrophobic outer layer. PCL was selected as an outer 

block of the synthesized star polymers due to its hydrophobicity and degradable nature. 

Additionally, hydrophobic shell of PCL was used to prevent burst release of hydrophilic drugs 

and enable slower, controlled release from the inner core. Synthesized star polymers were later 

incorporated into the hydrophobic PCL matrix, therefore hydrophobic PCL outer blocks of the 

star polymers were polymerized to allow the compatibility with surrounding PCL matrix and 

homogenous blending. Non-functional methyl ends of the brush, which compromise of PEG 

MEA, were chosen to assure that PCL chains would polymerize from hydroxyl groups at the 

end of star arms rather than inner brush groups. PEGDA was used as a cross-linker due to its 

hydrophilic nature, cross-linking capability of PEG based synthesized brush polymers, and lack 

of functional groups that could result in undesired growth of PCL chains from the core of a star 

polymer. Due to this, limitations in the star design were present. It was necessary to ensure that 

no functional group was present at the end of brushes to prevent undesired initiation of growth 

of PCL chains from end groups other than hydroxyl groups of the arms. 
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As we mentioned previously, photoinduced living radical polymerization of acrylates with low 

concentrations of copper and its enhancement upon irradiation with UV radiation was used to 

synthesize block copolymers with excellent conversion and low polydispersity indexes22.  In 

the final step of our reaction pathway, the end functional groups on the star-brush arms are 

utilized for ring-opening polymerization of caprolactone.  

Following the formation of core-cross linked star brush polymers with hydroxyl end groups 

(CCS-OH), utilizing PEG20 brush and 1:15 ratio of the brush polymer to the cross linker, 

synthesized stars were dialyzed against water to remove DMSO and the remaining brush-arm. 

Upon successful removal of DMSO solvent and unconverted brush-arm, synthesized star-brush 

polymers were freeze dried. Synthesized CCS-OH were characterized via GPC and DLS to 

confirm a full removal of the unconverted arm. Results showed narrow molecular weight 

Figure 3.4: DMF GPC of synthesized CCS-OH and respective PEG brush before cross-linking with PEG 

diacrylate (Mw = 250 Da). CCS-OHs purified via dialysis in DI water for 7 days.   
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distribution of synthesized star polymers (PDI = 1.3) (Figure 3.4). Molecular weight of 

synthesized brush and star polymers were approximated via DMF GPC using calibration 

curves. Additionally, the molecular weight of brushes was estimated utilizing 1H NMR.  

The size of synthesized CCS-OH was characterized by DLS (Figure 3.5) and hydrodynamic 

diameter (Dh) was found to be approximately 12.5 nm. This size corresponds to the core of 

synthesized stars with hydroxyl functional groups, which corresponds to the star polymer  

before the final ring opening polymerization step.  

Figure 3.5: DLS characterization of synthesized CCS-OHs. Average size of hydrodynamic diameter 12.5 nm. 
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Following the synthesis and purification of CCS-OHs, ring opening polymerization of CL was 

performed. Ring opening polymerization of caprolactone was initiated from the hydroxyl end 

groups of CCS-OHs in the presence of organic catalyst methane sulfonic acid (MSA, 

CH3SO3H). The resulting polymers formed through the growth of PCL chains from hydroxyl 

groups to form CCS-PCL as shown in Figure 3.6. Synthesized polymers were characterized in 

terms of their molecular weights and PDI (Figure B7, Table B2, Appendix Chapter 3).  

As mentioned previously, PCL was chosen as the resulting arm polymer due to its hydrophobic 

nature and compatibility with the PCL matrix for homogenous blending. The distribution of 

synthesized CCS-PCL polymers was narrow with PDI = 1.4 -1.6 and the conversion of CL to 

PCL was very high (> 90 %) after 3 h of the reaction, as shown in 1H NMR spectrum (Figure 

Figure 3.6: DMF GPC of representative CCS-PCL. 
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3.6, Figure 3.7). Very low traces (<10 %) of characteristic peaks of a caprolactone monomer 

could be observed after 3h of a reaction (Figure 3.7).  

 

In this study, the aim was to synthesize a star polymer with hydrophobic PCL arms, inner 

hydrophilic brush and core-cross linked hydrophilic core. We hypothesized that these 

molecules could allow the homogenous blending with hydrophobic matrix such as PCL, and 

prolonged release of hydrophilic drugs through their interaction with a hydrophilic core. Such 

molecules would be particularly useful in a delivery of a hydrophilic therapeutic from a 

hydrophobic scaffold and prolonging its release. 
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The reaction pathway designed in this study shows our ability to control synthesis conditions 

and the design of final star-brush polymers. By variation in PEG brush length, as well as PCL 

arm lengths, we show the feasibility to tailor star design to the desired application. Synthesized 

star-brush polymers exhibit hydrophobic PCL arms which allow its homogenous blending with 

PCL or PCL based matrices. The cross-linked core and its surrounding brush shell are 

 

Figure 3.7: Representative 1HNMR spectrum of CCS-PCL with the corresponding reaction pathway. 
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hydrophilic in nature, as compared to PCL, therefore allowing favourable interactions between 

the hydrophilic parts of the drug with the hydrophilic core and its brush. This study confirms 

the feasibility of synthesis of our desired polymeric architecture and its precise tailor of its 

molecular architecture, polydispersity, and polymer chains lengths. 

 

Some of the advantages of the use of star polymers over other previously reported strategies 

for delivery of hydrophilic drugs include their flexible composition and ease of tailoring their 

design to the desired drug or function (e.g., changing the PEG brush length, core size, or core 

composition), tuneable size (through adjustment of the core and arm sizes), and controlled drug 

release (Table 3.3). Despite these advantages, little attention has been brought to the study of 

star polymers for hydrophilic drugs, with majority of reports focusing on delivery of 

hydrophobic molecules12.  

 

Table 3.3 presents most common strategies for encapsulation and delivery of hydrophilic drugs 

previously reported in the literature. Some of the techniques, such as reverse micelle or polymer 

matrix entrapment, have clear advantages such as the ease of preparation, however, issues with 

the stability of reverse micelles and their disassembly or homogenous dispersion in care of 

matrix entrapment are present. Star polymers are core-cross linked unimolecular structures; 

therefore, they are not at risk of disassembly, and through their adjustment of hydrophobicity 

or hydrophilicity, can be well incorporated into the polymer matrices.  
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Table 3.3: Encapsulation strategies for hydrophilic drugs previously reported in the literature46. 

Type Function Formulation Advantages Disadvantages 

Polymer 

nanoparticles 

Encapsulation 

and drug 

delivery of 

lipophilic and 

hydrophilic 

drugs 

Dispersion of 

polymer prepared 

beforehand or the 

polymerization of 

monomer 

-Possibility of 

tailoring the 

reaction through 

pH, drug 

concentration, 

monomer type 

-Not efficient in 

loading of 

macromolecules 

-Drug can react with 

polymer in formation 

during 

polymerization 

Polymer 

matrix 

entrapment 

Drugs entrapped 

into polymer 

matrix and 

protected 

  -Dispersion issues 

due to differences in 

polymer matrix and 

drug 

hydrophilicity/hydro

phobicity 

Polyester 

based 

nanospheres 

Encapsulation of 

drugs with 

lower risk of 

reaction 

between the 

drug and 

polymer 

Use of preformed 

polymers; polyesters 

added to formulation 

to form nanospheres 

-Less risk of 

reaction between 

the drug and 

monomer during 

polymerization 

-Limitations in 

protein encapsulation 

due to polymer 

degradation in the 

nanoparticle core and 

production of acidic 

monomers 

-Use of organic 

solvent 

-Lack of drug 

dispersibility in 

polymer 

Adsorption 

onto 

nanoparticles 

Drugs entrapped 

in an alternative 

way to polymer 

nanoparticles 

Adsorption on the 

drug through 

interaction on the 

surface of 

nanoparticle, 

depends on the 

nature of the surface 

-Prevents the drug 

from possible 

degradation 

-Avoids the 

possibility of drug 

and monomer 

reaction 

-Surface 

modifications affect 

drug loading 

Aqueous core 

nanocapsules 

Core-shell 

structure with 

drugs 

encapsulated in 

the core 

Formation of 

aqueous droplets in 

organic phase 

followed by 

polymeric interface 

reinforcement 

-High loading 

efficiency 

-Protection of the 

drug against 

degradation 

within the 

nanocapsule 

-Complex 

encapsulation 

process 

Nanocapsules 

formed from 

nano-

emulsions 

System of liquid 

droplets 

dispersed in 

immiscible 

liquid and 

Aqueous droplets -Narrow size 

distribution of 

droplets 

-Energy required to 

form the 

nanocapsules 
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stabilized with 

surfactants 

Reverse 

Micelle  

 

Incorporation of 

drugs into the 

core 

Self-aggregation of 

amphiphilic 

polymers 

-Wide variety of 

types possible 

based on the 

starting block 

copolymer 

-Mostly studied for 

hydrophobic drugs as 

a micelle 

-Burst release and 

dynamic nature  

-Limited stability 

Star polymer Central core 

surrounded by 

multiple arms; 

drugs loaded 

onto the core  

Core first, arm first 

or couple onto 

methods 

-Flexible 

composition 

-Tuneable size 

and loading  

-Controlled drug 

release 

-Well defined 

structure 

-Complex synthesis 

and characterization 

 

 

 

If we look more closely at the previous reports of synthesis of drug delivery molecules with 

hydrophilic interior and hydrophobic exterior for application in hydrophilic drug delivery, we 

can notice a broad range of systems studied such as dendrimers, liposomes, reverse micelles, 

nano gel, hydro gel, star polymers, particles (micro, nano) or others (bioconjugates, sponges, 

brushes) (Table 3.4). In order to compare synthesized star-brush polymers in this study to 

previous reports of similar delivery systems, we investigated previous efforts to develop drug 

delivery platforms for hydrophilic drugs. 

 

The majority of previously synthesized systems utilize poly(amidoamine) (PAMAM) 

dendrimer as a core to graft from a hydrophobic polymer chain arm. Polymers such as PDLA, 

PLA and PCL were synthesized via ring-opening polymerizations of their respective 

monomers utilizing hydroxyl end groups of a PAMAM-OH dendrimer. This synthesis pathway 

has been intensively investigated with many studies successfully reporting their synthesis41, 47-

48. The advantage of this technique is its relatively facile synthesis pathway; however, the 
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limitation lies in the choice of the core to graft from, as well as the lack of control over the core 

properties as compared to other techniques. Liposomes are encapsulation systems utilized for 

delivery of hydrophilic drugs. However, their clinical translation is limited by their low 

solubility, short half-life, oxidation and hydrolysis reactions, risk of leakage, or alternatively 

the fusion of encapsulated drugs 49-50.  

 

The previously mentioned reverse micelle share similarities to star polymers, as they often 

contain polymer chains of both a hydrophilic and hydrophobic nature. Hence, they allow 

encapsulation and interaction based on hydrophilicity/hydrophobicity of their cores, arms and 

encapsulated molecules. Previous studies have been performed to synthesize reverse micelle 

with a hydrophobic exterior and a hydrophilic interior, for the delivery of various drugs or the 

encapsulation of hydrophilic dyes (Table 3.4).  However, issues with stability of micelles and 

their disassembly limits their utility for applications in hydrophilic drug delivery as compared 

to star polymers. Previous studies report nanogel formation utilizing β-cyclodextrins as 

functional cores to polymerize from for encapsulation of drugs or dyes as presented in Table 

3.4.  

 

Similarly, studies were conducted to synthesise star polymers utilizing β-cyclodextrins as cores 

to grow hydrophobic polymers from such as PCL. Other studies report synthesis of star 

polymers from polysaccharide-based cores to grow hydrophobic arms, or conjugation of a drug 

via covalent bonding.  
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Table 3.4: Overview of previously synthesized systems which exhibit hydrophobic arms and hydrophilic cores 

for a comparison of synthesized CCS-PCL stars in this study. Abbreviations are defined in the list of abbreviations 

(pages XXVII-XXXIV).  

System Study Synthesis Components Application Ref 

Dendrimer -Release of drug 

from PAMAM-

PCL 

dendrimers51 

-Degradation 

and drug release 

from star PCL-

PAMAM 

dendrimers41 

 

-ROP of CL on 

PAMAM-OH 

dendrimer 

 

PAMAM-PCL 

 

Dexamethasone 

release 

 

Prednisone 

acetate release 

41, 

51-54 

 -Synthesis and 

evaluation of 

polyester-co-

polyether 

dendrimers55  

-Core synthesized 

from butane 

tetracarboxylic acid 

and aspartic acid, 

dendrons from PEO, 

dihydroxybenzoic acid 

or gallic acid and PEG 

monoetherate 

PEO-DHBA-

PEG 

 

Rhodamine and 

β-carotene 

encapsulation 

 

 -Synthesis of 

PAMAM-PCL 

star dendrimer 

for hydrophilic 

drug delivery48 

-Bulk polymerization 

of lactide with 

PAMAM dendrimer 

PAMAM-PLA Bovine serum 

release 

 

 -Synthesis of 

dendrimer/star 

shaped 

amphiphilic 

copolymers for 

curcumin 

delivery56 

-Synthesis of 

polyaminoester blocks 

and PEG using 

pentaerythritol as the 

core initiator for ROP 

of CL; second ROP on 

OH groups and 

attachment of PEG 

blocks  

sPCL-AE-b-

(PCL)-b-

mPEG 

Curcumin 

release 

 

 -Synthesis of 

dendrimer with 

aliphatic 

polyester 

Boltorn H40 as 

the core, PCL 

and PEG as 

outer shell57 

-Synthesis of H40-

PCL-COOH followed 

by synthesis of H40-

PCL-PEG-FA  

H40-PCL-

PEG-FA 

Tumour 

targeting 

 

 -Synthesis of 

thermo 

-Conjugation of PEG 

to PAMAM dendrimer 

PAMAM-

PEG-PDLLA 

Encapsulation 

camptohecin 
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responsive 

PAMAM-PEG-

PDLLA 

dendrimer 

nanoparticles47 

and ring opening 

polymerization of 

DLLA 

Liposome -Morphine 

encapsulation in 

lipid foam 

(lipid-based 

particles)58 

-Use of DepoFoam 

technology 

(multivesicular 

liposomal platform) 

-

Multivesicular 

lipid-based 

particles; 

phospholipids, 

DOPC, DPPG 

Delivery of 

morphine 

58-60 

 -Encapsulation 

of hydrophilic 

drugs into 

hydrophilic part 

of liposome58 

-Morphology of 

vesicle adjusted by the 

hydrophilic/hydrophob

ic ration 

-Liposomes 

with lipid 

bilayers 

Encapsulation of 

irinotecan, 

vincristine, 

cytarabine 

 

Reverse 

micelle 

-Core inversible 

micelle for 

hydrophilic drug 

delivery61 

-PEG-CA composed 

of PEG and dendritic 

octamer of cholic acid 

(self-assembly into 

micelle) 

PEG-CA Amyloid fibril 

inhibiting, 

congo red 

encapsulation 

61-66 

 -Self-assembly 

of star triblock 

copolymers 

based on 

cyclodextrin 

core 

-Synthesis of CD-

(PMMA) utilizing 

21Cl-β-CD, followed 

by polymerization to 

form CD-(PMMA-b-

PDEA) and then final 

polymer 

CD-(PMMA-

b-PDEA-b-

PPEGMA) 

Dox release  

 -Synthesis of 

thermo 

responsive 

polymeric 

micelles with a 

hydrophilic 

poly(glycidol) 

core65 

-RAFT polymerization 

of N-

isopropylacrylamide 

using HGP-based 

macro RAFT agent 

-HGP-

PNIPAM 

Drug delivery, 

controlled 

release 

 

 -Self-assembly 

into reverse 

micelles 

-Synthesis of star 

shaped and linear 

poly(glycidyl 

methacrylate) by 

ATRP as precursors of 

PGOH; PG-OH MA 

backbones modified 

through esterification 

of hydroxyl groups 

with acyl chlorides 

-Alkylated 

PG-OH MA 

Encapsulation of 

vasopressin and 

dyes 
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Nanogel -Cyclodextrin 

based nanogel 

via cross linking 

or self-assembly  

-Core-shell 

nanogel67 

-Incorporation of 

cross-linking agent of 

self-assembly of 

blocks 

γCD nanogels 

HPβCD 

nanogels 

CHP nanogel 

CHESG 

nanogel 

Drug loading 67-70 

 -Functionalized 

nanogel70 

-PEO-b-PMA cross 

linked to form 

nanogel; further 

conjugation to folic 

acid 

PEG-b-PMA 

with PEG-

terminal 

aldehyde 

functionality 

Targeted 

therapy for 

ovarian cancer 

 

Particles 

(nano, micro) 

-Core cross 

linked 

polyvinylpyrroli

done 

nanoparticles for 

hydrophilic 

drugs71 

-Polyvinylpyrrolidone 

particles cross-linked 

with N,N-methylene 

bis-acrylamide (MBA) 

MBA-PVP Dextran 

encapsulation 

71-77 

 -Nanocapsules 

based on Y-

shaped 

miktoarm star 

block PEO-PCL 

copolymers77 

-Ring opening 

polymerization of CL 

initiated by PEO lysine 

macroinitiator; nano 

assembly on a w/o 

template 

PEO-Lys-PCL Hydrophilic 

drug delivery 

 

 -Self-assembly 

of 

hyperbranched 

polyphosphate 

nanocarriers76 

-Polyphosphate 

nanocarriers formed 

through self-assembly 

of amphiphilic 

hyperbranched multi-

arm copolymers 

(HPHEEP-star-PEEPs)  

-HPHEEP-

star-PPEPs 

Chlorambucil 

loading 

 

 -Self assembled 

nanocages for 

hydrophilic 

molecules78 

-Synthesis of star 

shaped PGOHMA and 

further modification to 

form PGOHMA-CX 

PGOHMA-CX Encapsulation of 

vasopressin, 

myoglobin, 

albumin 

 

Star polymer -Core-shell 

hyperbranched 

poly(ester 

amide)-star-

PCL79 

-Ring opening 

polymerization of CL 

with hyperbranched 

PEA as a 

macroinitiator 

PEA-star-PCL Encapsulation of 

polar dyes 

79-86 

 -Star based 

polymer 

networks80 

-Core first synthesis of 

gel network (MMA-b-

DMAEMA) 

DMAEMA-

star-MMA 

Hydrophilic and 

hydrophobic 

drug delivery 

 

 -Synthesis of 

glucose-based 

-Glu(PBA-Br) 

synthesis followed by 

seATRP with OEGA 

α-D-glucose-

(PBA-b-

POEGA-Br) 

Possibility of 

use as 

biomaterials  
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star-like block 

copolymer82  

 -Multi-arm star 

like block 

copolymers 

based on β-CD84 

- β-CD esterified to 

produce 21-Br-β-CD; 

followed by ATRP  

β-CD (PAA-b-

PS) 

-  

 -Pyridoxine 

based eagle 

shaped 

asymmetric star 

polymers via 

seATRP 

-Vitamin B6 

macroinitiator reacted 

with bromide; 

pyridoxine-star shaped 

block copolymer with 

hydrophilic pyridoxine 

core and PDMAEMA-

b-PNIPAM arms 

-PN-

(PDMAEMA-

b-PNIPAM-

Br) 

Drug delivery 

pH sensitive 

 

 -Incorporation 

of PCL to 

cyclodextrin 

nanocarrier for 

gene delivery74 

-Star like amphiphilic 

cyclodextrin-PCL-

PDMAEMA 

copolymer with 

cyclodextrin core, PCL 

segments and 

PDMAEMA block 

synthesized using 

cyclodextrin as 

initiator to form β-CD-

PCL-OH and then 

synthesize PCL-b-

PDMAEMA arm 

-CD-g-(PCL-

b-

PDMAEMA) 

Gene delivery  

Other (brush, 

microsponge, 

bioconjugates 

etc.) 

-Development 

of Eudragit 

RS1000 based 

microsponges 

  

-Oil/oil emulsion 

solvent diffusion for 

preparation of 5-FU 

Eudragit RS1000 MS 

5-FU-MS Loading of 5-

Fluorouracil 

87-89 

 -Polysaccharide 

based 

conjugate89 

-Covalent conjugation 

of a drug to a 

polysaccharide 

utilizing end 

functional group 

HA-paclitaxel 

-C-PEG 

copolymer-

camptohecin 

Carboxymethy

l dextran-

captohecin 

 

 

Paclitaxel, 

Camptohecin 

delivery 
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Particles were intensively investigated for hydrophilic drug encapsulation ranging from 

microparticles, nanoparticles, to various types of nanocarriers or microspheres (Table 3.4). 

These drug delivery platforms were utilized for the delivery of various hydrophilic drugs; 

however, their size is significantly larger compared to unimolecular star polymers and they 

require complex encapsulation techniques.  

 

Star architectures, which share the highest degree of similarity to the star polymers synthesized 

in this work, are formed using core shell hyperbranched poly(ester amide)-star-

poly(caprolactone), which were investigated for encapsulation of polar dyes. No studies have 

been reported that utilize hydrophilic PEG derivatives as cores and inner brushes, with PCL 

arms for hydrophilic anti-thrombotic drugs. 

 

In the next steps of this study, we investigated drug loading capacities of synthesized CCS-

PCL for antithrombotic drugs such as dextran (20 kDa), and heparin (17-19 kDa). Both dextran 

and heparin are hydrophilic polysaccharides with good water solubility. The encapsulation of 

drug into polymeric architectures (such as star polymers) was studied to investigate its capacity 

to prolong drug release and control release profiles. Prolonged release of an anti-thrombotic 

drug using a star polymer could allow its local delivery from a hydrophobic scaffold at later 

stages of a device lifetime. 

 

3.4.2. Drug loading and in-vitro drug release 

 

To assess the drug encapsulation efficacy of synthesized CCS-PCL polymer, water-soluble 

anti-thrombotic drugs, dextran and heparin, were selected for drug loading and release studies. 

Dextran is an anti-thrombotic drug with molecular weight of 17-19 kDa and was used as a 

model hydrophilic drug for the study. Heparin is a clinically used anti-coagulant drug with 



3. Core cross linked biocompatible and 

biodegradable star brush polymers for 

hydrophilic antithrombotic drugs  

3.4. Results and Discussion 

 

143 | P a g e  

 

molecular weight similar to that of a chosen dextran. Both drugs have wide clinical application 

in various thrombotic conditions to decrease the risk of blood clotting and are usually 

administrated intravenously. Previous studies show that hydrophobic based polymeric implants 

may fail in later stages of the device lifetime due to the high risk of a device thrombosis often 

presented in biodegradable polymeric coronary artery stents or vascular grafts90-92. Heparin has 

been shown to improve the biocompatibility of materials with applications in coronary artery 

stents or vascular grafts, however most of these studies focused on incorporation of a heparin 

through a scaffold coating rather than its controlled release from the bulk of the device92. This 

study examines the concept of the synthesis of drug-delivery platforms for hydrophilic drugs 

and its later incorporation into the hydrophobic polymer matrix. 

 

This study aims at investigating the loading capabilities of two clinically relevant hydrophilic 

drugs (dextran, heparin) into a synthesized delivery system and drug release at acidic and 

physiological conditions. These delivery platforms have been synthesized to be later 

incorporated into the hydrophobic PCL or PCL-like matrix. Synthesized CCS-PCL are 

designed to act as unimolecular systems for anti-thrombotic drug, with the protective outer 

PCL arms stabilizing the carrier in PCL matrix of the final device and PEG based brush-shell 

and core to allow the favourable interaction of the hydrophilic drug with it thus allowing its 

encapsulation in a device.  For the purpose of this study, CCS-PCL polymers synthesized with 

most optimal synthesis conditions were used as models for the evaluation of their drug loading 

capabilities using dextran and heparin. Table 3.5 presents drug loading contents and drug 

loading efficiencies of synthesised CCS-PCL for both heparin and dextran. Synthesized 

platforms show drug loading contents of approximately 5 % and 7 % for heparin and dextran, 

respectively. The drug loading efficiencies are approximately 50 % and 69 % for heparin and 

dextran, respectively. Although heparin and dextran are both polysaccharides with similar 
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water solubility, the variation in charge is attributed as the main factor in the variation of the 

drug loading capacity and efficiency between the two drugs. To better understand how star 

polymers synthesized in this study compare to other drug delivery systems, we compared the 

drug loading properties of our systems to that of carrier systems previously reported in 

literature (Table 3.6). 

 

Table 3.5: Drug loading content and efficiencies for two antithrombotic drugs used (heparin and dextran). 

Drug Type of activity MW (kDa) DLC (%) DLE (%) 

Heparin Anti-coagulant 17-19 5.0 ± 0.1 49.8 ± 1.0 

Dextran Anti-thrombotic 20 6.8 ± 1.1 69.5 ± 11 

 

 

Following the study on drug loading, drug release profiles were obtained for both drugs at pH 

of 5 and 7.4 (Figure 3.8). pH = 5 corresponds to the intra-cellular conditions while pH = 7.4 

represents physiological conditions. Loaded star polymers were suspended in corresponding 

PBS solutions and dialyzed against pure PBS (MWCO of dialysis tubing = 50 kDa). The 

molecular weight cut off was chosen to allow the transport of the drug from the interior to the 

exterior of the dialysis tubing (MW heparin = 17-19 kDa, MW dextran = 20 kDa), while 

ensuring that synthesized star polymers stay inside the dialysis tubing (Mw CCS-PCL = 174 

kDa).  The release of dextran was shown to be more rapid as compared to heparin which could 

be attributed to its higher hydrophilicity therefore higher affinity towards hydrophilic PBS. No 

significant difference was observed between release in the neutral PBS (pH = 7.4) and acidic 

PBS (pH = 5) which could be due to the slow degradation of PCL12. The timeframes for drug 

release studies in this work were up to 300 h which is significantly shorter than average time 

required for degradation of PCL. Our results indicate that within 24 h, majority of elution of 
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final drug amount has occurred, with slower release over the next hours for both heparin and 

dextran. 

Figure 3.8: Drug release profiles for dextran and heparin at pH = 7.4 and pH = 5. 

 

In order to compare our synthesized system and its drug loading capabilities to other carriers 

in the literature, we need to look closer at both drugs investigated and types of systems 

developed. Table 3.6 shows the overview of previously synthesized and fabricated delivery 

system for the study of heparin, dextran or other clinically relevant anti-thrombotic, hydrophilic 

drugs. Several systems have been developed to entrap heparin inside the carrier system such as 

dendrimers, liposomes, reverse micelles, hydro and nanogels, particles (micro, nano etc.), star 

polymers or bioconjugates. It is important to note that not all these studies report drug loading 

efficiencies, or drug loading contents of synthesized systems, therefore our comparisons were 

limited to the studies which disclosed these values as shown in Table 3.6.  
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Studies which report the results of drug loading efficiencies and drug loading contents, in the 

context of synthesized systems, vary from entrapment efficiencies of 16 % to 98%. In our 

study, synthesized star brush polymers were characterized for both drug loading efficiencies 

and drug loading content of heparin and dextran. Our results are in between these reported in 

literature, with drug loading efficiency of approximately 70 % for dextran and 50 % for 

heparin; and drug loading contents of approximately 6.8 % for dextran and 5 % for heparin. 

Drug loading contents of previously developed carriers were reported only in few studies and 

ranged from 23 % to 35 % (Table 3.6). The broad range of drug loading efficiencies obtained 

in previous studies can be associated with differences in methods, experimental conditions, 

definitions of entrapment efficiencies and breadth of systems studied. 

 

Our drug loading results are lower for heparin, as compared to dextran, which can be associated 

with a negative charge of heparin. A possible improvement of this work would be to investigate  

other inner blocks such as brushes composed of NIPAM to enhance the cationic charge in the 

brush and inner core, consequently loading a greater mass of heparin. Additionally, other cross 

linkers such as MBA (N,N-methylenebisacrylamide) could be used to enhance the interaction 

of a drug with a core, in the manner similar to the previous reports93.  

 

Regarding the loading content, values obtained in this study are below 10 %. These values are 

lower than the drug loading contents reported in the literature, ranging between 23 % and 35 

% (Table 3.6). Lower drug loading contents of synthesized star polymers could be related to 

the small size of synthesized platforms and their unimolecular nature. Similarly, increasing 

drug efficiencies, modifications in star design and use of other cross-linkers, or brush 

structures, could be investigated as possible solutions of improving the synthesized system.  
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Our drug release profiles show 34 ± 0.1 % and 40 ± 0.2 % release of dextran at 24 h and 300 h 

at pH = 7.4 respectively, and 10.6 ± 0.3 % release and 23.6 ± 0.1% release of heparin at pH = 

7.4 (Figure 3.8). Compared to other studies, dextran release reached approximately 43 % at 

pH = 5 and 70 % at pH = 7.4 at day 30 of release study94. At 24 h of the release, less than 10% 

of a drug was released, while within 300 h of the release experiment, approximately 30 % and 

60 % of dextran was released at pH = 5 and pH = 7.4 respectively. Similarly, other studies 

report release of dextran from PVP nanoparticles ranging from 10 - 20 % within first 24 h, and 

20 – 90 % within 300 h, depending on particle composition71. Others report encapsulation of 

dextran molecules into lysine-based hydrogels with pH dependent release profiles showing 70 

- 90 % dextran release within 24 h in pH = 7.4, and less than 8% in pH =3.0 95 

 

Dendrimer based PEG-PAMAM hydrogels have also been investigated for their drug loading 

and release of hydrophilic dextran, reporting a dextran release of approximately 30 - 70 % 

within 24 h, and 60 -100 % within 300 h based on dendrimer composition96.  

 

Other studies report heparin release from PLLA/PEG based microspheres of approximately 20-

30 % within 25 h and 50 – 60 % within 300 h, depending on microsphere composition97. Studies 

which utilize reverse micelles for encapsulation of heparin report release studies in which more 

than 60 % of heparin has been released within 24 h3. 
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Table 3.6: Overview of heparin, dextran or other antithrombotic drug encapsulation properties of different 

carrier systems and comparison to this study. Drug encapsulation rate (ER) (%) – maximum reported in the 

study, EF = encapsulation efficiency, NK = nattokinase, DLC = drug loading content, DL – drug loading 

properties (include either EF or DLC based on which one is reported in the study. 

Carrier  System  Interaction  DL (%) Drug  Ref 

Dendrimer PAMAM-HPA  Electrostatic - Hep 98 

 Ac-G2 PAMAM  - Dex  

Liposome Light activated liposomes   Dex 99 

 TSL (DPPC:DSPE-PEG) 

LTSL 

(DPPC:MSPC:DSPE:PEG) 

TTSL 

(DPPC:HSPC:Chol:DSPE:P

EG) 

Hydrophilic/hydrophobic - Dex 100 

Reverse 

micelle 

Micelle assembly of PLA-b-

PEG 

Hydrophilic/hydrophobic - Hep 3 

 AADG-MBA  EF=70 Dex 94 

Hydrogel Assembly of sPEG-Hep with 

PEG-HBP  

Polysaccharide-protein - Hep 101 

 sPEG-PAMAM hydrogel - - Dex 96 

 PLP Hydrophilic/hydrophobic; 

π-π stacking 

LE=42 

DLC=23 

Dex 95 

 4 arm sPEG  - Dex 102 

Nanogel P(CD-OrnAA)-FA  - Dex 103 

Particles  

(nano, 

micro) 

Eudragit P-4125F 

microparticles 

Emulsion ER=78 Hep 104 

 PMMA-b-PMAETMA 

nanoparticles 

Cationic; 

Hydrophilic/hydrophobic 

EF=98 Hep 105 

 Hep-PU MS - DL=32 Hep 106 

 PDA-PS NPs Specific interaction EF=75 Nk 107 

 PEDOT/Ms/MnO2 - - Hep 108 

 Hep-CS-PLNs Hydrophilic/hydrophobic; 

cationic 

EF=88 Hep 109 

 PLGA NPs Physical, ionic - Hep 110 

 Alginate beads Entrapment EF=85 Hep 111 
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 PEG-PLGA NPs Emulsion EF=65 Hep 112 

 RS/PCL NPs 

RS/PLGA 

RS/RL/PLGA NPs 

Electrostatic, ionic EF=56 Hep 113 

 PLLA-PEG-PLLA MS Hydrophilic/hydrophobic EF=16 Hep 97 

 PVP NPs Hydrophilic/hydrophobic EF=70 Dex 71 

 Co(VP-AA) NPs  EF=40 Dex 114 

 Gelatin NPs Hydrophilic/hydrophobic EF=90 Dex 115 

 PLGA MSs  - Dex 116 

 Chitosan TBA MSs  EF=96 Dex 117 

 PNA-ECD MCs  - Dex 118 

Star 

polymer 

6B-PDMAEMA-HEp Conjugation - Hep 4 

 8a-sPEG-PLLA Hydrophilic/hydrophobic DLC=35 Dex 119 

      

Conjugate PDMAEMA and 

P(MEO2MA-co-OEOMA) 

conjugated with heparin 

Conjugation - Hep 120 

 

 

 

 

PLA-Hep 

sPLA-Hep 

Tetronic-PCL-Heparin 

micelle 

Conjugation - Hep 121 

 

3.1.1 Cytotoxicity assay 

 

Cytotoxicity of synthesized materials was examined by dissolving the CCS-OHs in sterile cell 

culture media at various concentrations and incubating with hUVECs as a model mammalian 

cell line. CCS-OHs were used due to their hydrophilicity as compared to CCS-PCL which is 

biocompatible. Cell viability was assessed after 24 h (Figure 3.9). Cells, in the absence of the 

polymer, were used as a positive control. Results show that synthesized CCS-OHs are not 

cytotoxic to hUVEC cells which confirms their use for biomedical application such as 

incorporation into a polymeric scaffold. 
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Figure 3.9: HUVECs viability in the presence of various concentrations of star polymers. Asterisks (*) 

represent statistical difference where **P<0.01 and *P<0.05, (n= 3). 

3.4.3. Adhesion and proliferation of human umbilical vein endothelial cells 

 

Adhesion and proliferation of human umbilical vein endothelial cells on surfaces with different 

rations of CCS in PCL was studied (Figure 3.10, Figure 3.11). Adhesion of cells at day 0 and 

proliferation at days 4 and 7 were quantified. No statistically significant difference in cell 

adhesion was observed at day 0 between surfaces with different CCS content in PCL. In terms 

of hUVECs proliferation, it was found that proliferation increases with star content in PCL at 

day 7 (Figure 3.10, Figure 3.11). Different ratios of star in PCL correspond to different 

hydrophilicity/hydrophobicity of surfaces as with increasing the CCS content in PCL matrix, 

hydrophilicity increases. Also, the composition of material changes as more of PEG based 

methacrylates are incorporated into the materials with higher star content. These differences 

could be the possible causes of change in cell adhesion and proliferation. 
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Figure 3.11: Quantification of HUVECs adhesion and proliferation over 7 days of culture. The cells were seeded 

at a density of 1.7 × 104 cells per cm2. Asterisks (*) represent statistical difference where **P<0.01 and *P<0.05, 

(n= 3). 

 

Figure 3.10: Representative images of HUVES adhesion and proliferation on various surfaces over 7 days. 

Scale bar represents 100 µm. 
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3.5.  Conclusion 

 

In conclusion, a class of core-cross linked star brush polymers have been successfully 

synthesized in this chapter. The synthesized systems were evaluated for drug loading and 

release of two clinically used antithrombotic drugs. Polymers exhibit hydrophobic PCL blocks 

in their outer parts, hydrophilic PEG MEA segments in their inner brushes, and hydrophilic 

PEGDA in their cores. The influence of the PEG brush length, cross-linker amount, as well as 

PCL arm length on the formation of star-brush polymers were investigated. Synthesized 

platforms were evaluated for encapsulation of anti-thrombotic drugs and showed drug loading 

contents 6.8 % and 5 % for dextran and heparin respectively. Drug loading efficiencies were 

found to be approximately 70 % and 50 % for dextran and heparin, respectively. Drug release 

profiles of both drugs were studied at pH = 5 and pH = 7.4 to better understand the influence 

of pH on drug release and degradation. Dextran was found to exhibit an increased drug release 

rate, with higher amount of drug released from the system, as compared to heparin. 

Biocompatibility of synthesized star-brush polymers was confirmed with the use of hUVECs. 

Adhesion and proliferation of hUVECs was studied on surfaces with varying content of 

synthesized CCSs in PCL matrix. Results show no difference in cell adhesion, and an increase 

in cell proliferation with increasing star content in PCL.  
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4.  Additively manufactured multi drug eluting 

biodegradable reduced graphene oxide-

polycaprolactone-star polymer coronary 

artery stents 
 

4.1. Abstract 

 

Coronary artery stents are intravascular medical devices to treat coronary heart disease. Current 

stents are drug-eluting, metallic, and permanent, and recipients require the need for life long 

anti-platelet therapy. The concept of biodegradable stents has emerged as an alternative to 

conventional stents, in which the stent degrades away leaving behind only the healed vessel.  

The first generation of biodegradable stents has been linked to higher rates of late stage 

thrombosis, and it has been suggested that this is due to increased strut thicknesses that cause 

disturbance to the laminar blood flow and result in activation of thrombogenic pathways. 

Current limitations in biodegradable scaffolds lie in fabrication of devices with low strut 

thickness, and long-term safety in vitro with low rates of scaffold thrombosis at later stages of 

a device lifetime, as compared to metallic devices. 

 

In this study, we address these challenges by developing multi-drug eluting biodegradable 

PCL/rGO/CCS materials and confirming their printability utilizing additive manufacturing  

(MEW). We illustrate dual drug elution of an anti-thrombotic agent from the bulk of the 

material via heparin loaded star-brush polymers (hep load-CCS) embedded in PCL/rGO 

matrix, and elution of an anti-proliferative agent from the surface via a Rapamacyin (rapa)/PCL 

electrosprayed layer. Fabricated materials are characterized in terms of their mechanical 

performance, rheology, crystallinity, thermal behaviour, biological interactions, degradation as 

well as dual drug elution. These materials are fully biodegradable, deliver anti-proliferative 
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drugs through controlled release and anti-coagulating agents via slow release over time over 

their lifetime, and show excellent cytocompatibility in vitro. 

 

4.2. Introduction 

 

Cardiovascular diseases are number one cause of death globally, with coronary heart disease 

being one of the most deadly types of cardiovascular disseases 1. Angioplasty is the most 

common treatment for coronary heart disease and involves the use of a coronary stent to open 

up the blocked artery 2. The current generation of coronary artery stents are permanent, 

metallic, and are coated with a drug-impregnated and biodegradable polymer layer to allow 

short term drug elution. These devices elute drugs only through a surface coating, and do not 

provide bulk delivery of active ingredients from the bulk of a devive. While these devices have 

met with clinical success, the permanent nature of the metallic stent can lead to late-stage 

thrombosis and requires patients to remain on life-long antiplatelet therapy 3.  

 

The diseased vessel can heal 6 months after the implantation of the coronary artery stent and 

does not require its permanent presence4. As such, biodegradable coronary artery stents have 

recently emerged as an attractive alternative with the potential to address the limitations 

associated with permanent stents. Specifically, these devices are designed to support the vessel 

for the required period and then degrade away, leaving behind a healed artery. This technology 

has the potential to alleviate the risk of late post-procedure complications and reduce the need 

for prolonged antiplatelet therapy 4.  

 

The first clinically available bioabsorbable coronary artery stent has been linked to higher rates 

of late stage thrombosis, resulting in its removal from the market5. The failure of these devices 
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has been attributed to several factors including (1) changes to the shear stress experienced by 

the endothelium due to disturbance of laminar blood flow, (2) thrombogenicity of 

biodegradation products, and (3) the inflammatory response 6-8. These challenges can be 

addressed though improved fabrication of devices, aiming at thin struts, which we presented in 

Chapter 2, or through careful design of drug delivery systems capable of delivery of anti-

thrombotic molecules, which we presented in Chapter 3. In this chapter, we aim at approaching 

current limitations of biodegradable devices through the use of dual drug elution mechanism, 

which we hypothesize could allow us to elute anti-thrombotic agents from the bulk of the 

device, and anti-proliferative agents from the surface. This dual elution mechanism could 

address the limitations of current biodegradable devices by decreasing their thrombogenic 

potential. 

 

In our previous work, we showed the feasibility of fabrication of stents with thin struts ( as low 

as 60 µm) utilizing MEW and PCL-rGO (0.1 wt%) as the printing material. This fabrication 

process enabled us to fabricate devices with personalized pore size (strut spacing), strut 

thickness, diameter, and architecture, which are all important in the lesion coverage, stent 

implantation and long-term safety of a device6-8. Additionally, utilization of PCL-rGO as a 

printing material enabled us to fabricate devices with mechanical strength higher than that of 

pure PCL. Thin struts and personalized design of a scaffold are both crucial in successful 

development of biodegradable scaffolds as they prevent disturbances in laminar blood flow 

which can lead to thrombogenic eveents, and ensure proper lesion coverage depending on the 

patient’s anatomy 6-7. Furthermore, the addition of rGO into PCL enabled us to print devices 

with low strut thickness, high flexural stiffness, high tensile strength, which combined together 
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could promote endothelialization by decreasing the likelihood of mechanically induced causes 

of impaired neointimal coverage and re-endothelialization after implantation6-7. 

 

In this study, we investigate the addition of a drug-delivery system (heparin loaded star 

polymer) into the bulk of a material (PCL-rGO 0.1 wt%) to locally deliver an anti-thrombotic 

agent form the bulk of a device. To achieve this, we use the previously synthesized star-brush 

polymers (CCS) which exhibit hydrophobic exterior (PCL), hydrophilic shell (PEG MEA), and 

hydrophilic interior core (PEGDA) with loaded heparin. Previous reports show the release of 

anti-thrombotic agents from a vascular device such as vascular grafts via elution from a surface 

layer 9-10. In this study, we investigate the concept of an anti-coagulant release from the bulk 

of the device rather than a surface, through embedding of loaded star polymers in the polymer 

matrix. Our hypothesis is that through incorporation of loaded star-brush polymers, which 

comprise of a hydrophilic interior and hydrophobic exterior, homogenous blending with the 

hydrophobic matrix will be achieved. Additionally, this approach is hypothesized to prolong 

the local release of anti-coagulant drug over time (> 1 month), therefore reduce likelihood of 

late stent thrombosis by ensuring that heparin release takes place in a slow, controlled manner 

over many months. 

 

Rapamycin is an antiproliferative agent used to prevent in-stent restenosis (re-narrowing of the 

artery despite of the use of a stent) by slowing down the proliferation of smooth muscle cells 

after implantation of the scaffold.  Rapamycin elution is required within short time frames after 

stent implantation to minimise in-stent restenosis and decrease the likelihood of need for the 

repeat procedures2,4. Heparin is an antithrombotic agent used intravenously following the 

angioplasty procedure to decrease the occurance of thrombus formation9-10.  
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In the case of biodegradable stents, the long term safety issue lies in thrombogenic events such 

as an increased rate of late and very late scaffold thrombosis (30 days to 1 year after stent 

implantation) rather than early thrombosis (0 hours to 30 days after scaffold implantation) 6-7. 

Therefore, we hypothesize that controlled release of antithrombotic agents from the bulk of a 

device could be beneficial to address the issue of late scaffold thrombosis (30 days or longer 

after scaffold implantation). The challenge to this approach lies in the design of a material 

which allows more robust release of rapamycin at the early stages (<1 month), and controlled 

slow release of heparin at later stages (>1 month).  

 

Late stent thrombosis was previously correlated to thrombogenic events taking place in the 

artery due to thick struts (>80 µm), thrombogenicity of polymeric material, and degradation of 

stent in large bulks of polymer pieces6-7. Utilization of MEW to fabricate biodegradable stents 

could address these major issues through reduction of strut thickness and fabrication of a 

porous device which degrades in small fibre pieces rather than large chunks of polymer.  

 

In this work, we combined our previous studies on MEW of PCL/rGO personalized coronary 

artery stents (Chapter 2) and synthesis of drug-delivery system for anti-thrombotic agents 

(Chapter 3) to develop multi-drug eluting, reduced graphene oxide-polycaprolactone-star 

polymer materials for application as coronary artery stents. The concentration of rGO in PCL 

was 0.1 wt% as we previously shown it is the most optimal in terms of printing, mechanical 

properties and biological behaviour (Chapter 2). Previously synthesized core-cross linked star 

polymers (CCS-PCL) (Chapter 3) with PEG length of approximately 20 repeat units and PCL 

length of approximately 30 units were used due to their low poly dispersity index (PDI) and 

highest conversion as shown in Chapter 3. These star polymers were loaded with anticoagulant 
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drug (heparin) and embedded into PCL-rGO (0.1 wt%) to melt electrowrite to confirm the 

printability of materials upon addition of CCS at the loading of 10 wt%. Following that, 

rapamycin (anti-proliferative drug for smooth muscle cells) in PCL was electrosprayed as an 

outer layer on the surface of the materials. Our work examined the feasibility of processing the 

material which is a PCL-reduced graphene oxide nanocomposite with dual drug elution 

mechanisms:  1) heparin elution through star polymers embedded in the bulk of a device 2) 

rapamycin elution through electro spraying on surface of melt electrowritten scaffolds.  

Fabricated materials with various star polymer content (10 wt%, 20 wt% and 40 wt%) in PCL-

rGO (0.1wt%) matrix were investigated in terms of mechanical performance, rheological 

behaviour, crystallinity, thermal behaviour, and biological interactions. An accelerated 

degradation study was performed on scaffolds with different pore size and number of layers of 

deposited material. Dual drug elution was studied under physiological (pH = 7.4) and acidic 

conditions (pH = 5) to study the influence of pH on drug release and degradation of the 

materials. Cellular behaviour of hUVECs, SMCs, as well as platelets, upon contact with 

materials composed of CCS embedded in PCL, and PCL-rGO (0.1 wt%) was studied. 

 

4.3. Methods 

4.3.1. Materials 

 

PCL pellets (average molecular weight 70,000 – 90,000 Da), basic alumina were purchased 

from Sigma-Aldrich, acetone from Chem Supply, graphene oxide (GO) (5 mg/ml in ethanol) 

from ACS Material LLC. ε-Caprolactone (97 %), Methanesulfonic acid (MSA, 98 %), Copper 

(II) bromide (CuBr2), PEGDA (Mn = 250 Da), PEG MEA (Mn = 480 Da), 2 hydroxyethyl 

acetate, fluorescent isothiocyanate dextran (Mn = 20 kDa), heparin sodium salt from porcine 

mucosa (Grade I-A, ≥180 USP units/mg), Azure A chloride, Rapamycin (Sirolimus) were 

purchased from Sigma Aldrich. Toluene, DCM and CL were distilled  over calcium hydride 
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before use. PEGDA (Mn = 250 Da) and PEG MEA (Mn = 480 Da) were deinhibited by passing 

through a basic alumina column before use as described in Chapter 3. HEBriB was synthesized 

via the esterification of 1,2-ethanediol with α-bromoisobutyryl bromide (98 %, Aldrich), 

purified by flash column chromatography, and characterized by 1H and 13C NMR as described 

in Chapter 3. Me6TREN was synthesized following the previously published methods as 

described in Chapter 3. 

 

4.3.2. Preparation and characterization of composites 

 

Composites of 0.1 wt% PCL-rGO were prepared following the protocol reported in Chapter 2. 

rGO was used at 0.1 wt% concentration in PCL. Briefly, PCL pellets (2 g) were dissolved in 

acetone (5 mL) and a GO solution (5 mg/ml) was added to the PCL/acetone solution to obtain 

0.1, 0.3, 0.6 and 1 wt% GO/PCL solutions. Solutions were continuosly stirred with a magnetic 

stirrer for 24h to allow dispersion of GO. GO was reduced to reduced graphene oxide (rGO) 

as described in Chapter 2. Previously synthesized and heparin loaded star polymers (Chapter 

3) were blended with PCL-rGO (0.1 wt%) at the concentrations of 10 wt%, 20 wt% and 40 

wt%.  

 

4.3.3. Mechanical tests 

4.3.3.1. Tensile tests 

 

Samples were prepared using standardized moulds of a dog-bone shape with dimensions of 

approximately 10 mm height, 1.7 mm thickness and 1.5 mm width as described in Chapter 2 

and following previously described protocols11. Briefly, PCL-rGO (0.1 wt%)-CCS composites 

at star content of 10 wt , 20 wt% and 40 wt% in PCL-rGO (0.1 wt%) were heated to 90 ⁰C and 

cast in the moulds. Tensile tests were performed using an Instron 5567 and 2 kN load cell at 

the strain rate of 0.1 mm/s until break following previously published protocols11. 
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4.3.3.2. Compressive tests 

 

Samples were prepared using standardized moulds of a disc shape with dimensions of 

approximately 1.45 mm height and 4 mm diameter as described in Chapter 2 and following the 

previous protocols11. Briefly, PCL-rGO (0.1 wt%)-CCS composites at star content of 10, 20 

and 40 wt% in PCL-rGO (0.1wt%) were heated up to 90 ⁰C and cast in the moulds. Samples 

were compressed at a constant rate of 0.01 mm/s till the compression strain of approximately 

40 %. All compression experiments were performed in PBS at 37 ⁰C using an Instron 5848 

Microtester and 500 N load cell following previously published protocols11. For the 

quantitative analysis of the data, results were used from the compressive load of -0.5 N for all 

samples until the final data point as described previously11. 

 

4.3.4. Rheology 

 

Rheology tests were performed using Twin Drive Rheometer MCR 702 (Anton Paar) on PCL-

rGO (0.1 wt%)-CCS (10 wt%) and PCL-rGO (0.1 wt%) as described in Chapter 2. Viscosity 

was measured as a function of shear rate from 0.01 1/s till 1000 1/s at a temperature of 90 ⁰C 

(printing temperature). Temperature sweeps were performed at the frequency of 1Hz, shear 

strain of 1 % and the rate of 0.3 ⁰C/s. Frequency sweeps were performed from 0.01 Hz to 100 

Hz, at the printing temperatures of the materials, 1 % shear strain (oscillatory). All 

measurements were performed using a cone and plate geometry with a measuring cone 

diameter of 25 mm, 2⁰ angle and 0.102 mm gap.  
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4.3.5. Differential scanning calorimetry and Thermogravimetric analysis 

 

DSC and TGA of the materials was performed using STA-8000 (Perkin Elmer) as described in 

Chapter 2.  Dual DSC/TGA analysis was performed on approximately 10 mg of a sample at 

the heating/cooling rates of 10 ⁰C/min. Samples were allowed to reach thermal equilibrium for 

30 min between the runs. 3 heating/cooling cycles were performed between 20 ⁰C to 150 ⁰C, 

followed by a thermogravimetric analysis from 20 ⁰C to 1000 ⁰C as described in the previous 

protocols11. Degree of crystallinity (Xc), was derived from the first heating cycle to include the 

thermal history after processing. Xc was calculated according to the following equation as 

described previously11: 

𝑋𝑐 = ∆𝐻𝑓 ∗ %𝑃𝐶𝐿−1 ∗ ∆𝐻°𝑓
−1 (4.1) 

 

Where ∆𝐻𝑓 and ∆𝐻°𝑓
−1 are the measured heat of fusion of the samples (normalized to PCL 

content %𝑃𝐶𝐿 and the heat of fusion of 100 % crystalline PCL (136 J g-1), respectively11. 

Melting and crystallization temperatures for each sample were obtained from 1st, 2nd and 3rd 

heating and cooling cycles respectively.  

 

 

4.3.6. Melt electrowriting of stents 

 

The custom-made MEW device with a high voltage source (DX250R, EMCO, Hallein, 

Austria) and a controller (Digit Multimeter 2100, Keithley, Cleveland, USA) was used with a 

gas-pressured feeding system as described in Chapter 2 and previously11. Materials containing 

PCL-rGO (0.1 wt%)-CCS(10 wt%) were melt electrowritten at the temperature of 90 ⁰C, 

pressure 2.5 bar, voltage 3.8 V. The deposition of materials was guided by the G-code (MACH 
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3 CNS software, ARTSOFT, Livermore Falls, USA) with a designed x,y pore sizes and 

architecture. 

 

4.3.7. Rapamycin coating 

 

0 mg, 2.5 mg and 5 mg of Rapamycin was dissolved in 0.5 mL dichloromethane (DCM) to 

prepare a stock solution of rapamycin/DCM. Following that, a stock solution containing 0 mg, 

2.5 mg or 5 mg was added dropwise to previously prepared 15 wt% PCL solution in DCM (2.5 

mL) under stirring.  The mixture was stirred for 30 min prior to electrospinning. 

Electrospinning was performed on a custom-built electrospinning setup utilizing 18 G1/2 

needle as a nozzle, 2 mL/h flow rate, 13 kV voltage, 10 cm distance, 1 mL syringe and 30 min 

of electrospinning time. PCL-rGO(0.1 wt%)-CCS(40 wt%) disc with dimensions of 

approximately 1.45 mm height and 4 mm diameter (mass ≈ 0.1g) was placed under the nozzle, 

at the distance of 10 cm, and electrospinning was performed onto the surface of a disc. 

Approximately 1000 µl of the PCL/rapamycin solution was electrospun onto the disc. 

 

4.3.8. Drug elution 

 

The in vitro dual drug elution was studied under physiological (pH = 7.4) and acidic conditions 

(pH = 5)12. Materials with varying heparin loaded star content in PCL/rGO 0.1 wt% matrix 

(hep loaded CCS 10 wt%, 20 wt% and 40 wt%) and electrospun rapamycin coating (mass 

rapamycin ≈ 1.2 mg) were prepared. Briefly, a piece of material ( mass ≈ 0.1 g) was suspended 

in PBS (pH = 7.4 and pH = 5) and stirred at 37 ºC following previous protocols12. At certain 

time intervals, 2.0 mL aliquots were taken for ultraviolet/visible spectrophotometry (UV-VIS) 

and replaced with fresh PBS solution. UV-Vis spectrometric analysis was performed using a 

Shimadzu UV-2101 PC UV-Vis scanning spectrophotometer at a scan rate of 1 nm s−1, with 

paired quartz cuvettes (Starna Pty Ltd) as described in Chapter 2. The concentrations of drugs 
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released were estimated via UV vis using the standard curves. Heparin concentration was 

obtained using Heparin-Azure A method as described in Chapter 2 and previous studies13-16. 

Briefly, the calibration curve was obtained with the use of Azure A to form heparin-azure A 

complex and enable calculation of remaining heparin concentration at 620 nm13-16. Rapamycin 

concentration was calculated using the standard curve and absorbance measured at 280 nm as 

described in previous studies12, 17. 

 

4.3.9. Degradation 

 

The accelerated degradation of melt electrowritten scaffolds (PCL-rGO 0.1 wt%) with varying 

pore size (0.5 mm x 0.5 mm, 1mm x 1mm), and number of printed layers (3 layers, 5 layers), 

was studied following the previously developed protocols11, 18. Scaffolds were immersed in 5 

M aqueous sodium hydroxide solution (10 mL) at 37ºC. At designated time points, materials 

were rinsed with deionized water several times and dried under pressure for 24 h. The 

decreasing mass of scaffolds was measured using an electronic balance (0.1 mg resolution). 

HIM images of scaffolds and their morphologies were taken using Helium Ion Bean 

Microscopy (HIM) (Zeiss, Germany). HIM was chosen as the imaging technique as it does not 

require sputtering of a conductive layer on the sample, which is required for SEM imaging, 

and it is also superior for imaging of surface roughness. 

4.3.10. Biological interactions 

4.3.10.1. Human umbilical vein endothelial cells 

 

Surface preparation. Cell culture surfaces were prepared by coating the growth surfaces of 

8-well Lab-Tek II chamber slides or Lab-Tek chambered coverglass (for confocal microscopy) 

with 25 µL of a 2% polymer solution in acetone. The chamber slides were then covered with 

aluminium foil and allowed to dry at ambient conditions for 48 h. Chamber slides were 
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sterilized through UV exposure for 1 h in a sterile biological safety cabinet. Wells were rinsed 

twice with PBS and incubated overnight in PBS at 37 °C before the introduction of cells. 

 

Cell culture and maintenance. Pooled donor hUVECs were purchased from Lonza 

(Australia) and maintained in CloneticsTM EGMTM-2 BulletKitTM containing Endothelial Basal 

Medium-2 (EBMTM-2 Medium) supplemented with BulletKitTM as recommended by the 

supplier. Cells were cultured at 37 °C in a humidified 5 % CO2 atmosphere. The culture 

medium was changed every other day. The cultures were passaged at 80 % confluence and 

lifted using 0.25 % trypsin-EDTA. For all tests, the cells between passages 3 and 5 were used 

19-20. 

 

Adhesion and growth of HUVECs. 500 µL of medium containing 1.7 × 104 cells per cm2 was 

added to each well of polymer-coated chamber slides. Uncoated chamber slides were used as 

control. The HUVECs were cultured for 7 days, and the culture medium was changed every 

two days. Cell attachment and growth were determined for HUVECs after 4 h, 4 and 7 days 

using double stranded DNA (dsDNA) quantification by the Quant-iTTM PicoGreen® dsDNA 

Assay (Invitrogen) after digestion with papain as previously described 19-20. Cell surface 

densities were determined by dividing the obtained cell number by the area of the test surface. 

Experiments were performed in triplicate.  

 

The adherent endothelial cells were stained for the nuclei and actin cytoskeleton by using the 

FAK100 actin cytoskeleton/focal adhesion staining kit (Merck Millipore) as previously 

described19-20. Briefly, HUVECs were fixed after 4 h and 7 days and SMCs were fixed after 4 

h and 4 days with 4% paraformaldehyde and were permeabilized with 0.1 % Triton X-100 in 
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PBS. The cells were stained with TRITC-phalloidin (1:500), and 4′,6-diamino-2-phenylindole 

(DAPI, 1:1000).  The cells were finally washed and covered with PBS and imaged using a 

confocal laser scanning microscope (Nikon A1R) at 20× magnification. Images were generated 

by optical sectioning in the z-direction and were analysed using ImageJ software (NIH).   

 

4.3.10.2. Smooth muscle cells 

 

Surface preparation. Cell culture surfaces were prepared by coating the growth surfaces of 

8-well Lab-Tek II chamber slides or Lab-Tek chambered cover glass (for confocal microscopy) 

with 25 µL of a 2 % polymer solution in acetone. The chamber slides were then covered with 

aluminium foil and allowed to dry at ambient condition for 48 h. Chamber slides were sterilized 

through UV exposure for 1 h in a sterile biological safety cabinet. Wells were rinsed twice with 

PBS and incubated overnight in PBS at 37 °C before the introduction of cells. 

 

Cell culture and maintenance. SMCs were kindly donated from the O’Brien Institute 

(Melbourne, Australia) and maintained in smooth muscle cell growth medium 2 from 

PromoCell containing Fetal Calf Serum (FCS), human Epidermal growth factor (hEGF), 

human basic fibroblast growth factor (hbFGF-1), and insulin. Cells were cultured at 37 °C in a 

humidified 5 % CO2 atmosphere. The culture medium was changed every other day. The 

cultures were passaged at 80 % confluence and lifted using 0.25 % trypsin-EDTA. For all tests, 

the cells between passages 3 and 5 were used. 

 

Adhesion and growth SMCs. 500 µL of medium containing 1.7 × 104 cells per cm2 was added 

to each well of polymer-coated chamber slides. The SMCs were cultured for 4 days and the 

culture medium was changed every two days. Cell attachment and growth were determined for 

SMCs after 4 h and 4 days using double stranded DNA (dsDNA) quantification by the Quant-
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iTTM PicoGreen® dsDNA Assay (Invitrogen) after digestion with papain as previously 

described 19-20. Cell surface densities were determined by dividing the obtained cell number by 

the area of the test surface. Experiments were performed in triplicate.  

 

The adherent cells were stained for the nuclei and actin cytoskeleton by using the FAK100 

actin cytoskeleton/focal adhesion staining kit (Merck Millipore) as previously described 19-20. 

Briefly, SMCs were fixed after 4 h and 4 days with 4% paraformaldehyde and were 

permeabilized with 0.1% Triton X-100 in PBS. The cells were stained with TRITC-phalloidin 

(1:500), and 4′,6-diamino-2-phenylindole (DAPI, 1:1000).  The cells were finally washed and 

covered with PBS and imaged using a confocal laser scanning microscope (Nikon A1R) at 20 

× magnification. Images were generated by optical sectioning in the z-direction and were 

analysed using ImageJ software (NIH).   

 

 

4.3.10.3. Platelet adhesion 

 

Platelets were obtained from the Australian Red Cross Blood service. Precleaned 12-mm glass 

coverslips were dipcoated in 5 % polymer solution in acetone. Coverslips were dried overnight 

to remove residual solvent and then transferred to the wells of a 24-well plate. Well plates were 

sterilized through exposure to UV radiation for 2 h and equilibrated in PBS overnight. 0.3 mL 

of platelet suspension was pipetted onto each of the test surfaces and then incubated at 37 ºC 

for 1h. After that, samples were gently rinsed with phosphate buffered saline (PBS) to remove 

non adherent platelets. Adhered platelets on samples were fixed using 4% paraformaldehyde 

solution at room temperature for 2 h. Cultures were rinsed three times with deionized water to 

remove residual salt, dried and analyzed through HIM (ZEISS Microscopy GmbH, Germany). 

Images were taken of randomly selected five fields of view on each test surface. The number 
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of adherent platelets was counted and divided by the area of the image to calculate the adherent 

platelet density as decribed in Chapter 2. 

 

4.3.11. Statistical analysis 

 

All quantitative data are expressed as mean ± standard deviations with a minimum of n = 3 

repeats. Student’s t test and ANOVA one-way analysis of variances were used to analyse the 

statistical differences between samples and were considered significant at **P<0.01 and 

*P<0.05. 

4.4. Results and Discussion 

4.4.1. Mechanical tests 

 

To better understand the influence of star addition on PCL-rGO properties, we characterized 

materials in terms of their mechanical properties (compressive and tensile). Composites of 

PCL-rGO (0.1 wt%) with star content of 10 wt%, 20 wt% and 40 wt% were prepared utilizing 

standardized moulds. Briefly, PCL-rGO (0.1 wt%), PCL-rGO (0.1 wt%)-CCS (10 wt%), PCL-

rGO(0.1 wt%)-CCS(20 wt%) and PCL-rGO (0.1 wt%)- CCS(40 wt%) materials were heated 

up to 90 ºC and cast in standardized moulds.  Mechanical characterization of composites in 

terms of tensile and compressive properties is presented in Figure 4.1. 
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Figure 4.1: Mechanical characterization of CCS/PCL-rGO (0.1 wt%) composites. (a) Tensile stress-strain curves. 

(b) Tensile Young’s Modulus for composites with varying content of CCS in PCL-rGO (0.1 wt%). (c) 

Compressive stress-strain curves (d) Compressive Young’s Modulus for composites with varying content of CCS 

in PCL-rGO (0.1 wt%). All quantitative data are expressed as mean ± standard deviations with a minimum of n = 

3 repeats.  

 

The mechanical results illustrate dose dependent effect of star content on mechanical properties 

of materials both in terms of tension and compression (Figure 4.1). At a lower star loading (10 

wt%) in PCL-rGO (0.1 wt%), there is a decrease in tensile Young’s Modulus, elongation at 

break, ultimate tensile strength, stress at break and elongation at break as compared to PCL-

rGO (0.1 wt%) as shown in Table 4.1. At a higher star loading in PCL-rGO (0.1 wt%) (20 

wt%, 40 wt%), there is more profound decrease in both compressive and tensile Young’s 

Modulus, tensile strength and stress at break. Additionally, materials have become more brittle 

after incorporation of star polymers into PCL-rGO (0.1 wt%), what can be seen in a significant 

decrease in elongation at break at higher concentrations of star polymers in PCL-rGO such as 

20 wt%, 40 wt%. (Table 4.1). Higher loadings of stars in PCL-rGO (0.1 wt%) corresponds to 
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less graphene-based composite in a material, and more of the star polymer, which is composed 

of PCL arms, mPEG brush and PEGDA core. The core of the star used in this study is a gel-

like polymer which has low mechanical performance in terms of its tensile and compressive 

strength. Due to this, a decrease in both tensile and compressive behaviour is seen at the higher 

star loading (20 wt%, 40 wt%).  More detailed mechanical characteristics are presented in 

Table 4.1.  

Table 4.1: Mechanical characterization of melt-cast PCL-rGO-CCS nanocomposites. All quantitative data are 

expressed as mean ± standard deviations with a minimum of n = 3 repeats. 

Tensile properties of PCL-rGO-CCS nanocomposites 

Material Modulus 

(MPa) 

Ultimate Tensile 

Strength (MPa) 

Strain at 

break 

Stress at 

break (MPa) 

PCL/rGO (0.1 wt%) 207  24 27.5  2 5.9  1.0 27.6  2 

PCL/rGO (0.1 wt%)/CCS(10 wt%) 184  10 21.5  2 3.6  1.0 19.0  1 

PCL/rGO (0.1 wt%)/CCS(20 wt%) 174  16 17.8  6 0.8  0.1 13.4  7 

PCL/rGO (0.1wt%)/CCS(40 wt%) 164  3 10.2  2 0.2  0.1 8.2  2 

Compressive properties of PCL-rGO-CCS nanocomposites  

Material Modulus (MPa) Stress at 10% strain (MPa) 

PCL/rGO (0.1 wt%) 145  9 11.3  4 

PCL/rGO (0.1 wt%)/CCS(10 wt%) 135 +11 10.9  1 

PCL/rGO (0.1 wt%)/CCS(20 wt%) 129  21 10.1  3 

PCL/rGO (0.1 wt%)/CCS(40 wt%) 120  8 9.2  1 

 

Results show that high loading of stars (20  wt%, 40 wt%) in PCL-rGO (0.1 wt%) lead to the 

loss of desired mechanical performance in terms of material stiffness, tensile and compressive 

strength, stress at break and elongation at break, therefore a low concentration of stars (10 wt%) 

was utilized for printing of stents (Table 4.1).  
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4.4.2. Rheology 

 

The ability to melt electrowrite a material is dependent on its rheological properties. The 

melting point of PCL is ~ 60 ⁰C. The viscosity of PCL-rGO (0.1 wt%) was previously assessed 

(Chapter 2) at temperatures of 70 ºC, 90 ºC and 120 ºC relevant to MEW process. Additionally, 

the rheology data was previously collected for PCL-rGO (0.1 wt%) in frequency and 

temperature sweeps to better understand the behaviour of a material as a function of frequency 

and temperature (Chapter 2, Figure 2.3). In this study, we characterized the material chosen 

for printing (PCL-rGO (0.1 wt%)-CCS(10 wt%)) and compared it to PCL-rGO (0.1 wt%) in 

terms of its viscosity, as well as G’ and G” characteristics over a range of temperatures and 

frequencies (Figure 4.2). 

Figure 4.2: Rheology characterization of printing material. (a) Viscosity vs shear rate for PCL-rGO (0.1 wt%) 

and PCL-rGO(0.1 wt%)-CCS(10 wt%) at printing temperatures of 90 ⁰C(b) Temperature sweeps for PCL-rGO 

(0.1 wt%) and PCL-rGO(0.1 wt%)-CCS(10 wt%) (c) Frequency sweeps for PCL-rGO (0.1 wt%) and PCL-

rGO(0.1 wt%)-CCS(10 wt%). 
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The results show almost identical behaviour in terms of viscosity, storage and loss moduli over 

a range of temperatures and frequencies. Similar to our results in Chapter 2, the viscosity of 

PCL-rGO (0.1 wt%)-CCS(10 wt%) was both temperature and shear rate dependent (Figure 

4.2). Specifically, the viscosity decreased with increasing temperature, and it dropped sharply 

from a rather steady value when the shear rate of 10 s-1 was exceeded. The storage modulus 

represents the energy stored in the elastic structure of the sample and gives information about 

the amount of structure in the sample. The loss modulus represents the viscous part, or the 

amount of energy dissipated in the sample. Above 60 ⁰C, both PCL-rGO (0.1 wt%) and PCL-

rGO(0.1 wt%)-CCS(10 wt%) were characterized by higher loss moduli compared to its storage 

moduli, which is correlated to liquid-like behaviour and confirms their printability in that 

region (Figure 4.2b). Frequency sweeps were performed at printing temperatures of PCL-

rGO(0.1 wt%) and PCL-rGO(0.1 wt%)-CCS(10 wt%)  and showed that at lower frequencies 

storage moduli are higher than loss moduli (solid-like behaviour), while at higher frequencies 

loss moduli are higher than storage moduli (liquid-like behaviour) (Figure 4.2c). Our results 

indicated that PCL-rGO(0.1 wt%)-CCS(10 wt%) should be printable in conditions similar to 

that used for MEW of PCL-rGO (0.1 wt%). 

 

4.4.3. Differential scanning calorimetry and Thermogravimetric analysis 

 

In order to better understand the influence of star loading into the PCL-rGO(0.1 wt%), as well 

as the stability of drug used (heparin), DSC and TGA was performed on materials with varying 

star content (10 wt%, 20 wt%, 40 wt%) in PCL-rGO (0.1 wt%), PCL-rGO (0.1 wt%), heparin 

loaded CCS embedded in PCL-rGO (0.1 wt%) at the loading of 10 wt% and pure heparin 

(Figure 4.3). 
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Figure 4.3: (a) TGA curves for CCS embedded in PCL-rGO (0.1 wt%) matrix at 10, 20 and 40 wt%, PCL-rGO 

(0.1 wt%), heparin loaded CCS (10 wt%) in PCL-rGO (0.1 wt%) matrix, and pure heparin. (b) Heat flow curves 

for PCL-rGO (0.1 wt%)-CCS(10 wt%), PCL-rGO (0.1 wt%)-CCS(20 wt%), PCL-rGO(0.1 wt%)-CCS(40 wt%), 

and PCL-rGO(0.1 wt%). (c) Melting temperatures for PCL-rGO (0.1 wt%)-CCS(10 wt%), PCL-rGO (0.1 wt%)-

CCS(20 wt%), PCL-rGO(0.1 wt%)-CCS(40 wt%), and PCL-rGO(0.1 wt%) after 1st, 2nd and 3rd heating cycles. 

(d) Crystallization temperatures for PCL-rGO (0.1 wt%)-CCS(10 wt%), PCL-rGO (0.1 wt%)-CCS(20 wt%), 

PCL-rGO(0.1 wt%)-CCS(40 wt%), and PCL-rGO(0.1 wt%) after 1st, 2nd cooling cycles. Asterisks (*) represent 

statistical difference where **P<0.01 and *P<0.05, (n = 3). 

Three heating cycles were run from 20 ⁰C to 150 ⁰C at the heating rate of 10 ⁰C/min, and two 

cooling cycles, to gain a better understanding of the effect of the thermal history of the 

materials, as well as the influence of printing on the degree of crystallinity and melting and 

crystallization temperatures. TGA results show that PCL-rGO (0.1 wt%), PCL-rGO (0.1 wt%)-

CCS(10 wt%), PCL-rGO (0.1 wt%)-CCS(20 wt%), PCL-rGO (0.1 wt%)-CCS(40 wt%) and 

PCL-rGO (0.1 wt%)-heparin loaded CCS(10 wt%) have similar TGA curves and show the 

initial degradation at temperatures of approximately 375 ⁰C (Figure 4.3a).  

 

TGA curve was additionally obtained for pure heparin to better understand its stability over a 

range of temperatures. Results indicate that heating up pure heparin up to 100 ⁰C has very little 
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effect on its thermal stability, with mass loss less than ≈ 2 - 3 %. This initial weight loss could 

be also associated with water loss. Higher temperatures (above 110 ⁰C), lead to more rapid loss 

of heparin mass suggesting its thermal degradation. Additionally, thermal analysis was 

obtained for PCL-rGO (0.1 wt%)-heparin loaded CCS(10 wt%) to investigate the influence of 

heating and printing temperature on material stability. Our results show that heparin loaded 

CCS (10 wt%), which are embedded into the PCL-rGO(0.1 wt%) matrix, do not degrade up 

until approximately 375 ºC, similarly to other materials (Figure 4.3a). From a thermal analysis 

point of view, it could be concluded that embedding heparin loaded CCS into PCL-rGO(0.1 

wt%) enables retention of thermal stability of heparin, which is crucial during the printing 

process. 

 

DSC results indicate that melting temperatures after 1st heating cycle were 68.5 ± 0.7 ºC, 69.0 

± 0.4 ºC, 69.1 ± 0.6 ºC and 68.9 ± 0.7 ºC for PCL-rGO (0.1 wt%), PCL-rGO (0.1 wt%)-CCS(10 

wt%), PCL-rGO (0.1 wt%)-CCS(20 wt%) and PCL-rGO(0.1 wt%)-CCS(40 wt%) respectively 

(Figure 4.3c). After the 2nd heating cycle, melting temperatures were found to be lower in all 

groups as compared to 1st heating cycles (Figure 4.3c). There was no difference in melting 

temperatures between 2nd and 3rd heating cycles for all groups. Crystallization temperatures of 

PCL-rGO (0.1 wt%) after 1st and 2nd cooling cycles were found to be lower than those of PCL-

rGO(0.1 wt%)-CCS(10 wt%), PCL-rGO(0.1 wt%)-CCS(20 wt%) and PCL-rGO(0.1 wt%)-

CCS(40 wt%) (Figure 4.3d). No statistically significant difference was observed between 

crystallization temperature during the 1st cooling cycle and 2nd cooling cycle within each group 

(Figure 4.3d). 
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Degree of crystallinity (Xc) for all materials was estimated utilizing enthalpy obtained from 

DSC curves (Figure 4.3b, Table 4.2). Enthalpy (∆H) of melting was approximated by 

integrating the heat flow of each sample as shown in the Figure 4.3b. Results indicated that 

after addition of CCS at low loading (10 wt%) into PCL-rGO (0.1  wt%) matrix, crystallinity 

decreased, which is hypothesized to be related to the change in the composition of the materials. 

CCS are composed of PCL arms, PEG MEA brush and PEGDA cores which are embedded 

into PCL-rGO(0.1 wt%) matrix. Addition of CCS into PCL-rGO (0.1 wt%) matrix introduced 

changes in microstructure of the material therefore changes in crystallinity.  

 

Table 4.2: DSC characterization of PCL-rGO (0.1wt%) composited with varying content of CCS. ∆H – 

enthalpy; Xc – crystallinity. 

 
Material ∆H (J/g) Xc (%) 

PCL-rGO (0.1 wt%) 71 ± 24 52 ± 17 

PCL-rGO (0.1 wt%)-CCS(10 wt%) 50 ± 1 37 ± 1 

PCL-rGO (0.1 wt%)-CCS(20 wt%) 65 ± 5 48 ± 4 

PCL-rGO (0.1 wt%)-CCS(40 wt%) 66 ± 1 54 ± 1 

 

 

 

4.4.4. Melt electrowriting of stents 

 

To confirm the printability of material upon addition of CCS into PCL-rGO (0.1 wt%) matrix, 

we prepared the composites of PCL-rGO(0.1 wt%)-CCS(10 wt%) and evaluated their 

printability utilizing MEW parameters previously optimized for printing of PCL-rGO (0.1 

wt%). Briefly, we printed the material at 90 ºC, pressure of 2.5 bar, voltage of 3.8 V and 

confirmed its extrusion through the nozzle of 23 G as described in Chapter 2. In our previous 

work, we showed the feasibility of fabrication of personalized scaffolds with varying pore size 
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(strut spacing), number of printed layers (thickness), diameter, architecture and strut thickness, 

utilizing MEW. Scaffolds were printed with strut thickness as low as 60 µm to address the 

limitation of current technology and reduce the likelihood of scaffold thrombosis. In this study, 

we additionally embedded heparin-loaded CCS into PCL-rGO (0.1 wt%) to study heparin 

release from a bulk of a material and confirm the printability of material after CCS blending. 

Materials were successfully extruded with no signs of CCS blocking the nozzle or aggregating 

during printing as shown in the Video C1, Appendix C. 

4.4.5. Rapamycin coating 

 

In this study, our aim was to study dual elution of rapamycin and heparin from PCL-rGO(0.1 

wt%)-CCS materials. To simplify the experiments, we fabricated discs with approximately 3 

mm height and 4 mm diameter via melt-casting at 90 ºC utilizing PCL-rGO(0.1 wt%)-heparin 

loaded CCS. 0 mg, 2.5 mg and 5 mg of Rapamycin were dissolved in 0.5 mL DCM to prepare 

stock solutions of rapamycin/DCM mixture. Following that, a stock solution containing 0 mg, 

2.5 mg or 5 mg of rapamycin was added dropwise to previously prepared 15 wt% PCL solution 

(2.5 mL) under stirring.  The mixture was stirred for 30 min prior to electrospinning. 

Electrospinning was performed utilizing 18 G 1/2 needle as a nozzle, 2 mL/h flow rate, 13 kV 

voltage, 10 mm distance and 1 mL syringe.  Briefly, a disc (PCL-rGO(0.1 wt%)-heparin loaded 

CCS) was placed under the nozzle at the distance of 10 cm, and approximately 1000 l of a 

Rapamycin/PCL was electrospun onto the disc to allow a deposition of a layer of rapamycin 

loaded PCL fibres. Morphology of electrospun PCL/rapamycin fibres was characterized using 

HIM as shown in Appendix Chapter 4 (Figures C40-C41). Upon the fabrication of PCL-

rGO(0.1 wt%)-heparin loaded CCS discs with rapamycin/PCL outer layer, we studied drug 

elution from the materials.  
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Rapamycin concentration used in this study was based on previous reports which investigated 

rapamycin loading into the polymer fibres and therapeutic values required for prevention of in-

stent restenosis12,17. We additionally studied the interaction of smooth muscle cells with 

rapamycin-PCL/rGO/CCS materials containing different rapamycin content (0 mg , 2.5 mg, 5 

mg in 3 mL DCM), which correspond to initial concentrations of electrospinning solutions, to 

assess our chosen dosing. The study with smooth muscle cells showed that both rapamycin 

concentration (2.5 mg and 5 mg in 3 mL DCM) are effective in decreasing proliferation of 

smooth muscle cells (Section 4.4.8.2). However, to fully understand the required therapeutic 

dosage of  rapamycin while delivered locally from our materials, further in-vitro experiments 

(e.g. under flow) and animal tests would be required. 

 

In this study, we also simplified the experimental setup to minimize the use of rapamycin due 

to limited availability of a drug. Ideally, electrospinning of rapamycin should be undertaken 

directly onto the melt electrowriten scaffolds, rather than discs, by crimping them onto the 

collector. Melt electrowritten scaffolds would then rotate at the constant rotational speed, and 

rapamycin/PCL solution would electrosprayed onto the surface of the scaffold. This approach 

would allow uniform deposition of thin layer of Rapamycin/PCL fibres onto the surface of melt 

electrowritten devices. 

 

4.4.6. Drug elution 

 

Dual drug elution of heparin and rapamycin was studied in physiological (pH = 7.4) and acidic 

conditions (pH = 5). Materials with varying contents of heparin-loaded stars (hep-load CCS) 

embedded in PCL-rGO(0.1 wt%) were prepared at the ratios of 10 wt% CCS, 20 wt% CCS and 

40 wt% CCS in PCL-rGO(0.1 wt%) by blending technique. Additionally, materials with 
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rapamycin/PCL coating (mass rapamycin ≈ 1.2 mg) were prepared with the bulk of the material 

composed of PCL-rGO(0.1 wt%)-CCS(40 wt%). For drug release, approximately 0.1 g of each 

material was suspended in PBS at 37 ºC in pH = 7.4 and pH = 5 to study heparin and rapamycin 

release at physiological and acidic conditions. Drug release profiles were obtained for all 

condition as shown in Figure 4.4. 

 
Figure 4.4: Drug release profiles of heparin and rapamycin at pH = 7.4 and pH = 5. All quantitative data are 

expressed as mean ± standard deviations with a minimum of n = 3 repeats. Square symbols show heparin release; 

triangle symbols show rapamycin release. Rap corresponds to rapamycin. 

 

Our results show faster release of rapamycin at both physiological (pH = 7.4), and acidic (pH 

= 5) conditions. More than 50% of rapamycin was released from rapamycin/PCL coating 

within 200 h of drug elution, and approximately 80 % was released after approximately 1050 

h (≈ 44 days). Rapamycin release was very rapid within first 200 h, with slower release towards 
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the end of the experiment. Additionally, more rapamycin was released under acidic conditions 

(pH = 5.0) which could be correlated to initial degradation of PCL fibres at longer time 

intervals. Release of rapamycin during the first 4 weeks after stent implantation is very 

important in anti-proliferation of smooth muscle cells to prevent in-stent restenosis after 

implantation of a device16-17.  

 

Heparin release was studied from heparin loaded CCS embedded in PCL-rGO(0.1 wt%) matrix 

at the ratios of 10 wt%, 20 wt% and 40 wt% (Figure 4.4).  PCL-rGO(0.1 wt%)-CCS(10 wt%) 

materials had the lowest amount of heparin (≈ 0.9 mg) embedded within the matrix. Here, the 

release profile shows heparin release of approximately 30 % at 200 h for physiological and 

acidic pH conditions, increasing to approximately 47 % at 1050 h. For materials with 20 wt% 

CCS in PCL-rGO (0.1 wt%), a release of slightly less than 18 % of their drug content at 200 h 

was observed for both pHs, increasing to approximately 25 % of the drug content at 1050 h.  

Materials with 40 wt% of CCS embedded in PCL-rGO(0.1 wt%) showed release of 

approximately 10 % of drug content at 200 h, and of approximately 20 % at 1050 h for both 

pH levels. Materials with low content of heparin-loaded stars (10 wt%) embedded in PCL-

rGO(0.1 wt%) matrix showed highest percentage of cumulative drug released due to their 

lowest initial content of the drug (≈ 0.9 mg) in the material. Similarly, materials with the highest 

CCS content (40 wt%) in PCL-rGO (0.1 wt%) showed the lowest percentage of cumulative 

drug released due to the highest initial amount of drug embedded in them (≈ 3.6 mg), and 

controlled release of drug over studied time (>1 month). 

 

For all groups, heparin release was initially more rapid (from 1 h – 96 h), which was then 

followed by steady, controlled release with a lower slope. This trend continued until the final 
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data points (≈ 44 days) which showed steady, small increase in cumulative drug released. 

Although initially there is rapid release of heparin present in all groups with CCS embedded in 

PCL-rGO (0.1 wt%), more controlled, and slower release dominates after 96h of rapid release, 

as shown in Figure 4.4. Our results illustrate that electrospraying of rapamycin/PCL outer layer 

composed of nano-fibres on the bulk of PCL-rGO(0.1 wt%)-CCS material enables controlled 

release of rapamycin (anti-proliferative drug) and slower release of heparin.  

 

Stars with higher content (40 wt%) in PCL-rGO(0.1 wt%) had approximately 80 % of drug left 

(≈ 2.9 mg) embedded in their matrices which continued to be slowly released over time. Stars 

with medium content (20 wt%) in PCL-rGO(0.1 wt%) had approximately 75% of drug left (≈ 

1.3 mg) in their matrices and similarly to other material, continued to slowly release more drug 

beyond 1050 h. Stars with lower content (10 wt%) in PCL-rGO(0.1 wt%) had approximately 

50 % of drug left (≈ 0.4 mg) embedded in their matrices which also continued to get slowly 

released. These drug release profiles for heparin and rapamycin show that by embedding 

heparin-loaded stars into PCL-rGO(0.1 wt%) matrix, heparin release can be controlled and 

prolonged (>1 month).  

 

Heparin is usually administrated intravenously after angioplasty to prevent thrombogenic 

events, therefore no standardized information is present on desired therapeutic dosage while 

delivered locally from the scaffold9-10. Some companies developed heparin-coated vascular 

grafts (e.g., Gore® Acuseal Vascular Graft), which deliver heparin locally from a coating, and 

suggest that less than 1% of the intravenous dosage of heparin is required for its therapeutic 

activity28. In our study, it was approximated that star loading in the range of 10 wt% to 40 wt%, 

in PCL-rGO (0.1 wt%) would be required to deliver heparin at the therapeutic levels. Due to 
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this, we chose the loadings of 10 wt%, 20 wt%, 40 wt% in PCL-rGO (0.1 wt%) for our drug 

elution study. We approximated that at around 20 % - 30 % release of heparin loaded into the 

material with highest CCS content (40 wt%) in PCL-rGO (0.1 wt%), the desired therapeutic 

amount would be achieved. In this study, we reached a release of approximately 20 % at 1050 

h (≈ 44 days). Further evaluations of a drug release at conditions closer to physiological (e.g., 

under flow) are required. This evaluation would enable critical approximation of released drug 

and its comparison to therapeutic value. Additionally, animal tests which evaluate the required 

therapeutic dosage would be necessary. 

 

Our results also illustrate that by encapsulation of rapamycin into PCL fibres, and electro 

spraying of them as an outer material coating, controlled release of rapamycin could be 

achieved. Rapamycin release shows characteristic initial burst release profile followed by a 

decrease in the release rate which agrees with previous reports of drug release from electro 

sprayed coatings as described in Chapter 1, Section 1.4.1. The release of rapamycin could 

assure anti-proliferative effect on smooth muscle cells and prevent in-stent restenosis 

(narrowing of the artery despite of the use of stent). Conversely the slower, more controlled 

release of heparin at later times of devices lifetime, could potentially lead to anti-thrombotic 

effects therefore better long-term safety in vivo of the stent. However, animal tests and long-

term evaluation of materials would be required to evaluate these hypotheses. 

 

The kinetics of drug elution of heparin and rapamycin was estimated by mathematical 

modelling and fitting of the release data into various release mechanisms such as zero-order 

kinetic release, first-order release, Higuchi model, Power model, Hixon-Crowell model, 

Weibull model, Hopfenberg model and Exponential model 23-25 (Appendix Chapter 4, 
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Figures C1-C38). The zero-order kinetics model was not found to fit the release data as the 

relationship between the drug release and time was not linear both in case of heparin and 

rapamycin. Release data was then fit into the first-order kinetics model by plotting the log of 

cumulative percentage of drug remaining versus time and curve fitting 23-27. For heparin 

release, first-order kinetics did not closely match the experimental data therefore other 

mechanisms of kinetics release were investigated. For rapamycin release, first-order kinetics 

matched the experimental data more closely as compared to heparin release therefore first order 

rate constants were estimated for rapamycin release (Appendix Chapter 4, Figures C1-C2). 

Following that, Higuchi model was used to fit experimental data and showed closer fit to 

rapamycin release, than to heparin, as presented in Table 4.3 and Appendix Chapter 4 

(Figures C3-C38). 

Table 4.3: Kinetics mechanism investigated for release of heparin and rapamycin. Ct – amount of the drug released 

at time t; C0 – initial concentration of drug at time t = 0; K0 – zero-order rate constant; t – time; Kt – first order rate 

constant; C- total amount of drug release; D – diffusion coefficient of the drug molecule; qt – total amount of drug 

in a unit volume of a matrix; Cs – dimensional solubility of drug in polymer matrix; Ct/C∞ - fraction of drug release 

at time t; K – rate constant; n- release exponent; KHC - Hixon-Crowell rate constant; T – lag time measured as a 

result of dissolution process; a – scale parameter that describes time dependence; b- shape of dissolution curve; 

CL – initial drug loading through the system; n – exponent that varies with geometry; r – system half thickness; 

Cmax – maximum dissolution;  - location/scale parameter;  - dissolution rate per unit of time (shape parameter) 

Kinetics mechanism Equation Release mechanism Ref 

Zero-order Ct=C0-K0t Diffusion 23-27 

First-order logC=logCo-Kt/2.303 Fick’s first law, diffusion 23-27 

Higuchi model Ct=[D(2qt-Cs)Cst]1/2 Diffusion medium based, 

Fick’s first law 

23-27 

Korsemeyer-Peppas model 

(Power model) 

Ct/C∞=Ktn Semi empirical, diffusion 23-27 

Hixon-Crowell model C0
1/3-Ct

1/3=KHCt Erosion 23-27 

Weibull model Ct=C0 [1 – exp[
−(𝑡−𝑇)𝑏

𝑎
] Empirical, life-time 

distribution function 

23-27 

Hopfenberg model Ct/C∞=1-[1-K0t/CLr]n Erosion 23-27 

Gompertz model 

(Exponential model) 

Ct=Cmax exp[-αeβ log t] Dissolution 23-27 
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The power model, also known as Korsemeyer-Peppas Model, was used to model the release of 

heparin and rapamycin in the next stages. It showed close fit to heparin release with varying 

star content in polymeric matrix, and different experimental conditions of release (pH levels), 

as shown in Table 4.3 and Appendix Chapter 4 (Figures C6-C15). Rate constants and release 

exponents were approximated for different experimental conditions and both drugs (heparin 

and rapamycin) by fitting of experimental data into various kinetics models (Figures C8-C38, 

Appendix Chapter 4). The power model described the release of a drug from polymeric 

system and usually only the beginning of the release is used to model the data. This is due to 

the assumptions of the model that is applicable to short timespans. Experimental data shows a 

very close fit both for heparin and rapamycin release at short times of the release (up to 600 h), 

which agrees with the assumptions of the Power model. To evaluate other possible mechanisms 

of drug elution from the materials, additional release models were tested.  

 

Hixon-Crowell model describes the drug elution via erosion mechanism therefore experimental 

data was evaluated for its fit into this model. In this model,  the Hixon-Crowell constant (KHC) 

combines the surface and volume relation 23-34. Heparin release was not found to closely follow 

Hixon-Crowell kinetics, and rapamycin release exhibited a closer fit to this profile (Appendix 

Chapter 4, Figures C16-C18). This suggests that heparin release primary follows the power 

law which is based on diffusion and dissolution of the polymer matrix. In rapamycin, the 

release profile was found to fit closely to power model, but additionally to other models such 

as first-order or Hixon-Crowell model which is erosion based. Furthermore, Weibull model of 

release was used to fit experimental data and showed a close fit with heparin release. However, 

this model is empirical and has several limitations such as lack of kinetics fundamental 

derivations23-24.  
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Another kinetics model relevant for fitting into drug release in this study is the Exponential 

model (Gompertz model). The exponential model describes in-vitro dissolution profile 

utilizing the equation shown in Table 4.3. In this model, α determines the undissolved 

proportion at time ‘t  = 1’ which is also known as a location or scale parameter23-24. β parameter 

from the exponential model corresponds to the dissolution rate per unit of time and describes 

the shape parameter23-24. Heparin release at various star content values in the polymer matrix 

and rapamycin release were fit utilizing this model. Heparin release showed close fit to the 

exponential release profile at all conditions suggesting its release mechanism following 

dissolution. Rapamycin release showed a fit into this model as well heparin (Appendix 

Chapter 4, Figures C29-C38) 

 

Combining all the results of mathematical modelling together, heparin release mechanism was 

found to be a combination of diffusion and dissolution mechanisms, while rapamycin release 

mechanism was found to be a combination of diffusion and erosion.  The parameters of 

respective release models, together with statistical information on the fitting of our 

experimental data, are shown in Appendix Chapter 4 (Figures C8-C45). 

 

4.4.7. Degradation 

 

To better understand the degradation behaviour of melt electrowritten scaffolds, we performed 

accelerated degradation experiments on scaffolds with varying pore size (0.5 mm x 0.5 mm, 1 

mm x 1 mm) and number of printed layers (3 layers, 5 layers) (Figure 4.5, Figure 4.6).  

Scaffolds were immersed in 5 M aqueous sodium hydroxide solution (10 mL) at 37 ºC. At 

designated time points, materials were rinsed with deionized water several times and dried 

under vacuum for 24 h. The decreasing mass of scaffolds was measured (Figure 4.5) and HIM 
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images of scaffolds and their morphologies were taken using HIM (Zeiss, Germany) (Figure 

4.6). 

Our results showed that scaffolds with smaller number of printed layers (3 layers) degraded 

faster, as compared to scaffolds with 5 layers. This could be related to lower total mass of 

scaffolds with 3 layers as competed to scaffolds with 5 layers. PCL degradation takes place 

through a bulk degradation mechanism rather than surface erosion, and it is often determined 

by the total mass of the scaffold, as well as the surface area. In the case of this study, we 

observed that the total mass of the scaffold was the determining factor of the speed of the 

degradation, as shown by the difference in degradation time between scaffolds with 3 and 5 

layers. Scaffolds with 0.5 mm x 0.5mm 5 layers degraded to less than 10 % of initial scaffold 

Figure 4.5: Degradation curves for melt electrowritten scaffolds with varying pore size and number of layers. 

All quantitative data are expressed as mean ± standard deviations with a minimum of n = 3 repeats. X 

corresponds to the data point at which the scaffold fully degraded into small fibre pieces and mass could not 

be measured. 
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mass at approximately 42.5 h of accelerated degradation, while scaffolds with 0.5 mm x 0.5 

mm 3 layers degraded to less than 10 % of their initial mass after approximately 27.5 h of 

accelerated degradation. Similarly, stents with 1 mm x 1mm and 5 layers degraded to less than 

10 % of their initial mass after approximately 36 h of accelerated degradation, while devices 

with 1mm x 1mm and 3 layers degraded to similar mass within 27.5 h of accelerated 

degradation. It can be also noted that devices with larger pore size (strut spacing) (1 mm x 

1mm) degraded faster as compared to scaffolds with smaller pore size (0.5 mm x 0.5 mm). 

This can be seen by comparing 1mm x 1mm 5-layer degradation time to less than 10 % of 

scaffolds mass (36 h) to time required for 0.5 mm x 0.5 mm 5-layer scaffold to degrade to 

similar mass % (27.5 h). Similar trend can be seen between 1 mm x 1mm 3-layer scaffolds and 

0.5 mm x 0.5 mm 3-layer scaffolds. 

 

Figure 4.6 shows HIM images of scaffolds at different time intervals during accelerated 

degradation process. At t = 0 h, structures of printed scaffolds are intact and show no surface 

defects, with fibre surface showing very little roughness. After 10 h of accelerated degradation, 

changes can be seen both in terms of fibre roughness and initial loss of integrity of some parts 

of scaffolds. After 28 h of degradation, major changes in fibre roughness can be seen with 

surface becoming significantly rougher as compared to initial fibres. Additionally, major 

defects in the integrity of scaffold structure can be seen. Towards the end of the degradation, 

after 32 h, more defects can be seen with fibres being degraded and breaking into smaller 

pieces, as well as surface becoming very rough and degraded. 
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Figure 4.6: Representative images of accelerated scaffold degradation at 0 h, 10 h, 28 h, and 32 h of degradation. 

 

4.4.8. Biological interactions 

 

Fabricated materials were evaluated for the interactions with three different cell types 

(hUVECs, SMCs, platelets) to better understand the potential of their use in coronary artery 

stent application. 

4.4.8.1. Human umbilical vein endothelial cells 

 

Adhesion and proliferation of hUVECs surfaces with different rations of core-cross linked star 

polymers (CCS) in PCL and PCL-rGO (0.1 wt%) were studied. Adhesion of cells at day 0 and 
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proliferation at days 4 and 7 were quantified (Figure 4.7, Figure 4.8). No significant difference 

in cell adhesion was observed at day 0 between surfaces with different CCS content in PCL or 

PCL/rGO (0.1 wt%) (Figure 4.8). In terms of hUVECs proliferation, it was found that 

proliferation increases with star content in PCL at day 7 and is higher at surfaces with PCL-

rGO(0.1 wt%). This agrees with our previous study which reports an increase of hUVECs 

proliferation at surfaces with rGO (0.1 wt%) content in PCL (Chapter 2, Figure 2.11, Figure 

2.12) . Different ratios of star in PCL or PCL-rGO (0.1 wt%) correspond to different 

hydrophilicity/hydrophobicity of surfaces as with increasing the CCS content in PCL or PCL-

rGO(0.1 wt%) matrix, hydrophilicity increases as shown in Chapter 3. Also, the composition 

of material changes as more of PEG based methacrylates is incorporated into the materials with 

higher star content which affects cell interactions. 

 

Our results show that PCL-rGO(0.1 wt%)-CCS(10 wt%) exhibits the highest proliferation of 

hUVECs , both at day 4 and day 7, as compared to other materials (Figure 4.7, Figure 4.8). 

This can be related to the highest content of PCL-rGO(0.1 wt%) in the material (90 wt%) as 

compared to other groups. 
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Figure 4.7: Representative images of hUVECS adhesion and proliferation on glass and materials with different 

CCS content in PCL, and PCL-rGO (0.1 wt%). Scale bars are 100 µm. 
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Figure 4.8: Quantification of hUVECs adhesion and proliferation over 7 days of culture. The cells were seeded 

at a density of 1.7 × 104 cells per cm2. Asterisks (*) represent statistical difference where **P<0.01 and *P<0.05, 

(n = 3). 

 

4.4.8.2. Smooth muscle cells 

 

PCL-rGO(0.1 wt%)-CCS(10 wt%) was a material chosen for printing of final devices due to 

its best mechanical properties as compared to other groups (PCL-rGO(0.1 wt%)-CCS(20 wt%) 

and PCL-rGO(0.1 wt%)-CCS(40 wt%)), highest hUVECs proliferation at day 4 and 7, and 

desired rheological behaviour for printing process. SMCs adhesion and proliferation were 

studied on materials with PCL-rGO(0.1 wt%)-CCS(10 wt%) with rapamycin content of 0 mg, 

2.5 mg (rap1) and 5 mg (rap2) in 3 mL of the initial electrospinning solution (Figure 4.9). 

These concentrations correspond to electrospun conditions and solutions used for 

electrospinning as described in the methods section for Rapamycin coating (Section 4.4.6). 
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Figure 4.9: Representative images of SMCs adhesion and proliferation on various surfaces over 4 days. Scale bar 

represents 100 µm. rGO/CCS/PCL-rap1 corresponds to the 0.1 wt% rGO/CCS (10 wt%)/PCL material with 2.5 

mg of rapamycin in 3 mL polymer solution in DCM. rGO/CCS/PCL-rap2 corresponds to the starting 

concentration of 5 mg of rapamycin in 3 mL polymer solution in DCM. 

 

Results indicate that at day 0, rGO/CCS/PCL with highest rapamycin concertation (rapa2) 

shows decreased smooth muscle cell adhesion.  Proliferation of smooth muscle cells was 

assessed at day 4 and showed significant reduction in cell number for materials with rapamycin 

(rGO/CCS/PCL-rap1 and rGO/CCS/PCL-rap2). Both materials, which had varying 

concentration of rapamycin, showed significant reduction in smooth muscle cell proliferation 

and confirmed the activity of the drug as well as its local dosing (Figure 4.9, Figure 4.10). 

Our results suggest that our chosen dosing for electrospun outer layer is efficient in decreasing 

the smooth muscle cell proliferation which confirms the activity of the drug. Inhibition of 

smooth muscle cell proliferation is critical in prevention of in-stent restenosis (re-narrowing of 

the artery despite of use of stent). 
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4.4.8.3. Platelet adhesion 

 

Platelet adhesion was assessed on materials with varying star content in PCL-rGO (0.1 wt%).  

Platelet adhesion was a very important aspect of a material’s behaviour as it correlated to its 

thrombogenicity. In this study, we embedded heparin loaded stars into the polymer matrix and 

studied the platelet adhesion upon contact with the materials. Our results showed decreased 

platelet adhesion in all groups, as compared to pure PCL-rGO (0.1 wt%) studied in the previous 

part of this study (Chapter 2). The decrease was from approximately 2 x 10-4  adhered platelets 

per µm2 of PCL-rGO (0.1 wt%) surface to approximately 1 x 10-4 adhered platelets per µm2 on 

PCL-rGO(0.1 wt%)-CCS(10 wt%) and PCL-rGO (0.1 wt%)-CCS(20 wt%), and 9 x 10-5 

adhered platelets per µm2 on PCL-rGO(0.1 wt%)-CCS(40 wt%). Additionally, our results show 

Figure 4.10: Quantification of SMCs adhesion and proliferation over 4 days of culture. The cells were seeded 

at a density of 1.7 × 104 cells per cm2. rGO/CCS/PCL-rap1 corresponds to the 0.1 wt% rGO/CCS (10 wt%)/PCL 

material with 2.5 mg of rapamycin in 3 mL polymer solution in DCM. rGO/CCS/PCL-rap2 corresponds to the 

starting concentration of 5 mg of rapamycin in 3 mL polymer solution in DCM. Asterisks (*) represent statistical 

difference where **P<0.01 and *P<0.05 (n = 3). 
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that at high star concentrations (40 wt%) in PCL-rGO (0.1 wt%), platelet adhesion decreased 

relative to low concentrations (10 wt%). (Figure 4.11, Figure 4.12). This reduction in platelet 

number was found to be statistically significant between CCS(10 wt%)/PCL-rGO (0.1 wt%) 

and CCS(40 wt%)/PCL-rGO(0.1 wt%) groups. 

 
 

Figure 4.11: (a) Platelet adhesion on glass, PCL-rGO(0.1 wt%)-heparin loaded CCS(10 wt%), PCL-rGO(0.1 

wt%)-heparin loaded CCS(20 wt%), and PCL-rGO(0.1 wt%)- heparin loaded CCS(40 wt%). (b) Morphology of 

adhered platelets on glass, PCL-rGO(0.1 wt%)-CCS(10 wt%), PCL-rGO(0.1 wt%)-CCS(20 wt%), and PCL-

rGO(0.1 wt%)-CCS(40 wt%). Asterisks (*) represent statistical difference where **P<0.01 and *P<0.05, (n = 3). 

 

Additionally, the shape and morphology of platelets were evaluated on different surfaces to 

better understand the influence of heparin elution on platelet morphology and activation 

(Figure 4.11b, Figure 4.12). Our data has shown that there was no significant difference 

between the materials with varying star content in PCL-rGO (0.1 wt%) matrix in terms of 

platelet morphology. The number of spread platelets and round platelets was found to not be 

statistically different.  
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.

 
Figure 4.12: Representative images of platelet adhesion on (a) glass (b) PCL-rGO(0.1 wt%)-CCS(10 wt%) (c) 

PCL-rGO(0.1 wt%)-CCS(20 wt%) (d) PCL-rGO(0.1 wt%)-CCS(40 wt%). Scale bars are 5µm. 
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4.5. Conclusion 

 

In conclusion, this study shows the development of PCL/rGO/CCS multi-drug eluting 

materials and their processing utilizing MEW. Previously synthesized CCSs, which are 

comprised of PCL outer block, inner PEG MEA brush, and core-cross linked PEGDA core, 

were heparin loaded and embedded into PCL-rGO (0.1 wt%) matrix. Synthesized materials 

were evaluated in terms of their printability, mechanics, rheology, crystallinity, thermal 

behaviour, degradation, drug elution and biological interactions. Our mechanical results 

illustrate that addition of CCS into PCL-rGO(0.1 wt%) matrix at a low star concentration (10 

wt%) had a less profound effect on the material’s compressive and tensile performance as 

compared to higher concentrations (20 wt%, 40 wt%). A decrease was observed in the 

compressive and tensile Young’s Modulus at higher stat content (40 wt%). Dual drug elution 

of heparin and rapamycin was studied at pH = 7.4 and pH = 5, and results showed controlled 

release of both rapamycin and heparin. Materials were studied for their interaction with three 

types of cells: hUVECs, SMCs and platelets. Results showed that hUVECs proliferation was 

the highest on materials with CCS embedded in PCL-rGO (0.1wt%), as compared to materials 

embedded in PCL. PCL-rGO(0.1 wt%)-CCS(10 wt%) was found to have the highest 

proliferation of hUVECs at day 4 and 7. Smooth muscle cell adhesion and proliferation was 

studied on materials with varied rapamycin content in PCL. Results illustrated that rapamycin 

coating decreases smooth muscle cells and confirmed both activity and dosing of a drug. 

Incorporation of heparin loaded CCS into PCL-rGO (0.1 wt%) was found to decrease platelet 

adhesion, as compared to PCL-rGO (0.1 wt%) and was shown to decrease with increasing 

heparin-star content in PCL-rGO (0.1 wt%). 
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5.  Conclusions and Future Perspectives 
5.1. Thesis conclusions 

 

This thesis reports the design and development of biodegradable, multi-drug eluting, 

customized vascular scaffold for application as a coronary artery stent. Additive manufacturing 

technique (MEW) was utilized to fabricate vascular scaffolds with varying designs and with 

the use graphene-based PCL composite as a printing ink. UV-ATRP polymerization and ROP 

polymerization were used to synthesize a class of star-brush polymers composed of hydrophilic 

PEGDA inner cores, hydrophilic PEG MEA inner brush-shells, and hydrophobic PCL outer 

arms. Synthesized polymers were evaluated for their drug loading and release properties of two 

antithrombotic drugs (dextran and heparin). These CCSs were incorporated into rGO-PCL 

nanocomposite and the materials were evaluated for their printability, drug-elution, mechanical 

performance, rheology, thermal and crystallinity, as well as biological interactions with three 

types of cells (hUVECs, SMCs, platelets) and proteins. 

 

The first experimental part of this thesis (Chapter 2) presents the use of MEW to fabricate 

customized scaffolds composed of PCL/rGO with varying degree of curvature, design, 

diameter, pore size (strut spacing) and thickness (number of printed layers). The second part 

(Chapter 3) illustrates the synthesis of star-brush polymers with varying PEG brush length, 

cross-linker amount, and PCL length and their evaluation for drug loading and release of anti-

thrombotic drugs. The last part (Chapter 4) presents the processing of biodegradable multi-

drug eluting PCL/rGO/CCS material with focus on its mechanical, thermal, crystallinity, 

rheological, biological, degradation and drug-elution characterization. 

 

In Chapter 2, biodegradable reduced graphene-oxide polycaprolactone stents were developed 

by utilization of MEW technology. Materials and scaffolds were characterized in terms of their 
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mechanics, rheology, crystallinity, thermal behaviour, and biological performance. Our 

mechanical tests showed an increase in Young’s Modulus after incorporation of rGO into PCL 

by approximately 2 folds for PCL-rGO 0.1, 0.3, 0.6 and 1 wt%, as compared to PCL. 

Compression tests illustrated an increase in Compressive Young’s Modulus of more than 1 

fold for all PCL-rGO groups, as compared to PCL. Our tensile tests on PCL-rGO 0.1 wt% melt 

electrowritten fibers showed an increase of approximately 2 folds in Young’s Modulus as 

compared to PCL melt electrowritten fibers. Thermal analysis showed no significant 

differences in thermal behaviour and degradation temperatures of PCL and PCL-rGO (0.1 

wt%) before and after processing. Crystallinity studies showed an increase in the degree of 

crystallinity of PCL-rGO (0.1 wt%) compared to PCL. The results showed no significant 

difference in melting temperatures of PCL-rGO (0.1 wt%) and PCL before printing, however, 

a decrease in melting temperature of PCL-rGO (0.1 wt%) after printing.  Moreover, a class of 

customized PCL-rGO 0.1 wt% stents have been fabricated using MEW system with varying 

pore size (strut spacing), diameter, strut thickness and architecture. Additionally, hUVECs cell 

culture was performed on PCL, PCL-rGO 0.1 and 0.3 wt% and demonstrated an increase in 

cell proliferation after incorporation of rGO into PCL which could potentially lead to better 

endothelialisation of a stent in-vivo, less thrombogenicity and better biological performance. 

Protein adsorption studies were performed on materials with varying content of rGO in PCL 

(0.1 wt% and 0.3 wt%) and revealed an increase in protein adsorption after incorporation of 

rGO into PCL. Platelet adhesion study revealed an increase of spread-like platelets on materials 

with the highest rGO content in PCL (0.3 wt%), as compared to PCL, suggesting activation of 

platelets. This study was the first to report the use of the MEW technique for fabrication of 

biodegradable coronary artery stents.  

In Chapter 3, CCSs were synthesized via UV-ATRP and ROP polymerization. Synthesized 

CCSs exhibited hydrophobic PCL blocks in their outer shell, PEG MEA segments in their inner 
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brush shell and hydrophilic PEGDA in their cores. A class of stars and brushes was synthesized 

with varying PEG brush length, core-size (PEGDA amount), and PCL length to better 

understand the optimal conditions for synthesis of stars with low polydispersity (PDI) and high 

star conversion. These polymeric platforms were investigated for drug loading and release of 

two antithrombotic drugs (dextran, heparin). Drug loading study of fluorescent dextran and 

heparin demonstrated drug loading efficiencies of approximately 70 % for dextran and 50 % 

for heparin. Drug release profiles were obtained at physiological (pH = 7.4) and acidic (pH = 

5) conditions. The release study showed controlled drug release of both heparin and dextran 

over time. Biocompatibility of synthesized CCSs was assessed through the cytotoxicity studies 

on human umbilical vein endothelial cells (hUVECs) and showed that synthesized stars are not 

cytotoxic. Proliferation and adhesion studies of HUVECs were performed on synthesized 

surfaces with varying ratios of CCSs in PCL and showed no difference in cell adhesion between 

groups and an increase of hUVECs proliferation with the increase of CCSs content in PCL 

matrix. These results illustrated that synthesized systems are easily tailorable for desired 

application and can be used as drug delivery platforms for anti-thrombotic drugs. 

 

Finally, in Chapter 4 previously synthesized CCSs polymers were incorporated into PCL/rGO 

matrix to fabricate a multi-drug eluting biodegradable material and assess its printability via 

MEW. The final material composed of heparin loaded CCS/rGO/PCL in a bulk and 

Rapamycin/PCL outer layer deposited via electrospinning. Materials were investigated in 

terms of their printability using MEW, mechanical performance, rheology, crystallinity, 

thermal behaviour, and biological interactions with three different cell types (hUVECs, SMCs, 

platelets). Results indicated that at lower CCS content in PCL/rGO matrix (10 wt%), less 

significant effect on mechanical properties was observed, as compared to higher concentrations 

(20 wt%, 40 wt%). At higher CCS loading (20 wt%, 40 wt%), more profound decrease in 
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tensile and compressive moduli was observed. Dual drug elution of heparin and rapamycin was 

studied at physiological (pH = 7.4) and acidic conditions (pH = 5). Adhesion and proliferation 

of hUVECs on materials with different CCSs ratio in PCL and PCL-rGO was studied and 

showed highest proliferation on materials with CCSs embedded in PCL-rGO at low CCS 

content (10 wt%). Additionally, the interaction of SMCs with materials containing rapamycin 

was investigated. Rapamycin coating was found to decrease SMCs proliferation and confirmed 

the activity as well as local dosing of the drug. Platelet adhesion and morphology studies were 

performed on materials with varying CCS ratio in PCL-rGO and revealed that incorporation of 

heparin loaded-CCSs decreased platelet adhesion with increasing CCS content. These results 

confirmed the feasibility of fabrication of multi-drug eluting biodegradable stent and illustrate 

that increasing star content has an impact on mechanical and biological performance. 

Additionally, these results confirmed that controlled dual drug elution can be achieved via 

incorporation of heparin-loaded stars into the bulk of the material and electrospinning of 

rapamycin as an outer layer on the material.  

 

Taken together, these studies illustrate the development of a prototype of a biodegradable 

multi-drug eluting vascular scaffold for application as a coronary artery stent. A novel 

fabrication technique was utilized for the fabrication of biodegradable stents and allowed us to 

fabricate customized stents with a varying degree of curvature, design, diameter and strut 

thickness as low as 60 µm. Materials with varying ratio of rGO in PCL were evaluated in terms 

of their mechanical performance, rheology, thermal behaviour, crystallinity and biological 

interactions. We then designed and optimized the star synthesis pathway for synthesis of well-

defined delivery systems and evaluated them for drug-release profiles. These delivery systems 

composed of outer hydrophobic PCL layer, and inner hydrophilic PEG based brush and  

hydrophilic PEGDA core. Synthesized systems were evaluated for their drug loading and 
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release properties of two antithrombotic drugs. Additionally, biocompatibility, adhesion and 

proliferation of hUVECs, while in contact with synthesized materials, was studied. Finally, we 

combined heparin loaded synthesized systems with PCL-rGO based nanocomposite to develop 

materials with enhanced mechanical properties and drug-eluting properties from the bulk of 

the material. Following that, we incorporated additional drug (rapamycin) via electro spraying 

as an outer layer coating. Dual drug elution from materials was evaluated and the most optimal 

ratio of star content in PCL/rGO matrix was found. Materials exhibited controlled release of 

anti-proliferative drug (rapamycin) and slower release of anti-coagulant (heparin). The study 

confirmed our hypothesis that by incorporation of heparin loaded systems into the hydrophobic 

matrix, a slow controlled release of heparin from the bulk of the material would take place. 

Additionally, by electropsraying of rapamycin/PCL as an outer layer, a controlled release of 

rapamycin was enabled. These results demonstrate that fabricated materials show potential for 

the use as coronary artery stents, however, further drug release studies under flow and in-vivo 

tests of materials are required. 

5.2. Future perspectives 

 

The results obtained in this thesis demonstrated development of biodegradable multi-drug 

eluting vascular scaffold for application as a coronary artery stent. Further work to translate 

this study into a commercial device and improve the technology could follow the below 

approaches. 

In Chapter 2, scaffolds were fabricated utilizing a research grade PCL rather than clinical 

(medical) grade mPCL which differs in molecular weight, crystallinity and feasibility of 

clinical translation. Switching from research grade PCL into the medical grade PCL could be 

undertaken to facilitate translation from the laboratory to the clinic. Additionally, fabricated 

stents and materials were characterized in terms of tensile, compressive and flexural stiffness. 

An important test to be performed on fabricated scaffolds would be a radial compression test. 
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This characterization technique requires specialized equipment for testing of stents, which 

unfortunately was not available to us. Additionally, mechanical stability tests during 

degradation could be undertaken to provide insights on mechanical strength as a function of 

degradation time. Modelling tests could be performed to assess how thin struts could be 

fabricated based on available experimental data, and how this would correlate to commercial 

scaffolds such as BVS. Further studies to evaluate the in-vivo performance of fabricated stents 

should be explored. A pivot study on the biodistribution and degradation of stents could be 

performed in small animals (e.g., mice) to better understand the degradation mechanism of 

devices and biodistribution of graphene. Based on the results of the study, more detailed animal 

tests in larger animals (e.g., pigs) would be crucial to evaluate the behaviour of a device. Also, 

other carbon-based reinforcing additives (e.g., carbon nanotubes) or not carbon based (e.g., 

ions, nanofillers) could be evaluated for their influence on mPCL in terms of mechanical, 

rheology, thermal, crystallinity and biological performance. As of now, not many carbon-based 

nanocomposites were studied in terms of their printability utilizing MEW, therefore, studies 

with other nanofillers embedded in PCL could be undertaken. 

 

In Chapter 3, star-brush polymers were synthesized which compromise of a PCL outer block, 

a PEG MEA inner brush and a PEGDA core. The study investigated the influence of a PEG 

brush, PEGDA amount, and PCL length on formation of a star-brush polymers, however, the 

study was limited to PEG based materials in their inner core and brush. Investigation of more 

broad range of materials such as PAMAM or PNIPAM as inner structures could lead to a 

broader range of synthesized polymers. This could require changes in synthesis pathway, 

however, investigation of these two polymers could enable enhancement in loading and release 

profiles. Both PAMAM and PNIPAM are cationic polymers, therefore, their incorporation into 

the core of star polymers could enhance the loading of heparin or other anionic drugs. Our 
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study showed the basic synthesis pathway of a system composed of hydrophobic outer layer-

hydrophilic brush - hydrophilic core. Introduction of ionic, or more hydrophilic/hydrophobic 

spacers into the core could enable broader drug loading and release studies. Further studies to 

confirm the dosing of heparin in-vivo would be required to better understand the therapeutic 

value of eluted drug when delivered locally from a scaffold Additionally, investigation of 

synthesized stars as contrast agent loading molecules could be conducted. Providing 

radiopacity to the biodegradable implant is a current limitation in the field of biodegradable 

stents, therefore loading of synthesized stars with contrast agents and evaluating their loading 

and release profiles could be undertaken.  

 

In Chapter 4, synthesized star-brush polymers were incorporated into PCL/rGO matrix and 

evaluated in terms of their printability, mechanical performance, rheology, thermal, 

crystallinity and biological interactions. Animal studies with fabricated scaffolds in-vivo could 

be performed to better understand the behaviour of the scaffold upon implantation and its long-

term safety in vivo. Similarly, to Chapter 2, mechanical testing with stent specific equipment 

(e.q radial compression system) as well as mechanical stability testing during degradation 

should be performed to better evaluate the mechanical performance of devices. More 

comprehensive studies on dosing of eluted drugs as well as their therapeutic efficacy after 

processing would be required. Drug elution studies in conditions closer to human physiology 

(e.g., under flow) should be undertaken to better approximate actual amounts of eluted drugs. 

Additionally, more comprehensive studies on degradation of printed scaffolds could be 

performed. These could include more in depth studies on the influence of degradation on 

mechanical performance at various stages of the degradation, variability in scaffolds design 

and its influence on degradation, and different degradation conditions such as degradation 

under flow.  
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Our results showed activity of heparin while interacting with platelets, and activity of 

rapamycin while interacting with smooth muscle cells. However, these studies were performed 

in-vitro, and therapeutically applicable local dosing in-vivo would need to be established. 

Additionally, stability of the materials and drugs during degradation, both in terms of 

mechanical performance and biological activity, would need to be evaluated to ensure that 

drugs are stable and active within the desired timeframes. 

 

The materials and scaffolds we designed and fabricated in this thesis were useful platforms for 

evaluation of materials properties and their printability. Further studies utilizing clinical grade 

materials (mPCL) are necessary to fully understand the potential of the MEW technology for 

fabrication of stents in the clinical application. Additionally, stability of fabricated devices 

during degradation as well as radial compressive performance would be crucial to evaluate. 

Similarly, in-vivo stability of synthesized materials (star-brush polymers) would need to be 

evaluated to better understand the behaviour of the materials while implanted in the body. 

Synthesized star polymers were compromised of PEG derivatives and stability of them in-vivo 

is yet to be understood. Finally, in-vivo tests in small animals should be performed to evaluate 

safety, degradation, and drug elution of devices. 

  



Appendices Chapter 2 Appendix 

222 | P a g e

Appendices 
Chapter 2 Appendix 

Table A.1: Protein adsorption on PCL, PCL-rGO (0.1 wt%), and PCL-rGO (0.3 wt%). 

Supplementary files: Videos of three-point bending tests on printed scaffolds 

These videos show three-point bending tests on printed stents with varying number of layers, 

pore size and stent-geometry. 

Video A1 – 20le 0.5-0.5PS 3l s1 run1.wmv 

Video A1 shows the three-point bending test on the printed scaffold with 0.5 x 0.5 mm pore 

size and 3 printed layers. 

Material Serum ∆F (Hz) 

PCL -29.9 ± 0.4

PCL-rGO (0.1 wt%) -33.2 ± 0.2

PCL-rGO (0.3 wt%) -40.0 ± 0.1
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Video A2 - 20le 0.5-0.5PS 5l s1.wmv.wmv 

Video A2 shows the three-point bending test on the printed scaffold with 0.5 x 0.5 mm pore 

size and 5 printed layers. 

 

 

 

 

 

 

 

 

Video A3 - 20le 1-1PS 3l s1 run1.wmv 

Video A3 shows the three-point bending test on the printed scaffold with 1 x 1 mm pore size 

and 3 printed layers. 
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Video A4 - 20le 1-1PS 5l s2 run1.wmv 

Video A4 shows the three-point bending test on the printed scaffold with 1 x 1 mm pore size 

and 5 printed layers. 

 

 

 

 

 

 

 

 

 Chapter 3 Appendix 

 

Figure B. 1: DMF GPC spectra of CCS-OH formed from PEG-40 arm with varying ratio of cross linker (PEG 

diacrylate) to PEG brush (PEG40). PEG40 was used as a precursor brush and cross-linked with PEG diacrylate 

(PEGDA, MW=250 Da) at the ratios of PEF brush (PEG 40) : PEDGA (cross linker): 1:10, 1:15, 1:20, 1:25, 1:30. 
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Figure B.2: DMF GPC of PEG10 arm and synthesized CCS after addition of cross-liner at the ratio of 1:15 

[PEG10]:[PEGDA].  

 
Figure B.3: DMF GPC of PEG15 arm and synthesized CCS after addition of cross linker at the ratio of 1:15 

[PEG15]:[PEGDA]. 
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Figure B.5: DMF GPC spectra of CCS-PCL after ring opening polymerization of caprolactone utilizing CCS-

OH as a precursor. 

Figure B.4: DMF GPC of PEG20 arm and synthesized CCS after addition of cross linker at the ratio of 1:15 

[PEG20]:[PEGDA]. 
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Table B.1: Characterization of synthesized CCS-PCL polymers. (a) [XL] = cross linker PEG diacrylate (MW = 

250 Da) (b) Calculated from DMF GPC. 

 
 

 

 

Figure B.6: UV-Vis spectrum of FTIC Dextran (Mw = 20 kDa) at 0.01 mg/ml.  

CCS-PCL CCS-OH [XL] : [B]a # PCL 

units 

# Arm ≈ PCL 

unit/arm 

MW arm 

(kDa) 

Mw 

(kDa)b 

PDI 

CCS-PCL1 PEG20-OH 15:1 731 15 50 5.6 207 1.5 

CCS-PCL2 PEG20-OH 15:1 650 15 40 4.9 197 1.6 

CCS-PCL3 PEG20-OH 15:1 441 15 30 3.4 174 1.4 
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Figure B.7: Standard curve of FTIC Dextran (Mw = 20 kDa). 

 
Figure B.8: UV-spectra of Heparin-Azure A complex. The band observed at approximately 510 nm corresponds 

to heparin-azure interactions. The band at 620 nm corresponds to uncomplexed heparin by Azure A dye. The 

absorption band at 620 nm decreases with increasing heparin concentration, due to the falling concentration of 

Azure A. The decrease in absorbance at 620 nm is proportional to the increase of free heparin concentration. 
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 Chapter 4 Appendix 

 

Supplementary file: Video of melt electrowriting of PCL-rGO(0.1 wt%)-CCS(10 wt%)  

Video C1 – MEW PCLrGOCCS10wtp.mp4 

The Video C1 shows extrusion of PCL-rGO(0.1 wt%)-CCS(10 wt%) material utilizing melt 

electrowriting setup. Due to the limited amount of synthesized material, the video only shows 

extrusion of small amount of material. The purpose of the experiment is to confirm material 

printability and lack of aggregation (blockage) of the nozzle after incorporation of CCS. 

 

 

 

 

 

 

 

 
Figure C.1: Modelling of the kinetics release of rapamycin at pH = 5. Experimental data was fit into first-order 

kinetics model. 
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Figure C.2: Modelling of the kinetics release of rapamycin at pH = 7.4. Experimental data was fit into first-

order kinetics model. 

 
Figure C.3: Fitting of rapamycin release (pH = 5) into Higuchi model. 
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Figure C.4: Fitting of rapamycin release (pH = 7.4) into Higuchi model. 

 
Figure C.5: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 7.4 into Higuchi model. 
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Figure C.6: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 7.4 into the Power model. 

 
Figure C.7: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 5  into the Power model. 
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Figure C.8: Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 7.4 into the Power model. 

 

Figure C.9:Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 5  into the Power model. 
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Figure C.10: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 7.4 into the Power model. 

 

Figure C.11: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 5 into the Power model. 



Appendices   

 

235 | P a g e  

 

 

Figure C.12: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 7.4 into the Power model. 

 
Figure C.13: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 5 into the Power model. 
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Figure C.14: Modelling of rapamycin release (pH = 5) using the Power model. 

 
Figure C.15: Modelling of rapamycin release (pH = 7.4) using the Power model. 
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Figure C.16: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 7.4 into the Hixon Crowell 

model. 

 
Figure C.17: Modelling of rapamycin release (pH = 5) using the Hixon-Crowell model. 
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Figure C.18: Modelling of rapamycin release (pH = 7.4) using the Hixon-Crowell model. 

 

Figure C.19: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 7.4 into the Weibull model. 
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Figure C.20: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 5 into the Weibull model. 

 

Figure C.21: Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 7.4 into the Weibull model. 
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Figure C.22: Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 5 into the Weibull model. 

 
Figure C.23: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 7.4 into the Weibull model. 
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Figure C.24: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 5 into the Weibull model. 

 

Figure C.25: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 7.4 into the Weibull model. 
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Figure C.26: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 5 into the Weibull model. 

 
Figure C.27: Modelling of rapamycin release (pH = 5) using the Weibull model. 
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Figure C.28: Modelling of rapamycin release (pH = 7.4) using the Weibull model. 

 
Figure C.29: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 7.4 into the Exponential model. 
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Figure C.30: Fitting of heparin release from CCS(10 wt%)/PCL-rGO at pH = 5 into the Exponential model. 

 

Figure C.31: Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 7.4  into the Exponential model. 
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Figure C.32: Fitting of heparin release from CCS(20 wt%)/PCL-rGO at pH = 5  into the Exponential model. 

 

Figure C.33: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 7.4  into the Exponential model. 
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Figure C.34: Fitting of heparin release from CCS(40 wt%)/PCL-rGO at pH = 5  into the Exponential model. 

 

Figure C.35: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 7.4  into the Exponential model. 
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Figure C.36: Fitting of heparin release from CCS-rap/PCL-rGO at pH = 5  into the Exponential model. 

 

Figure C.37: Fitting of rapamycin release at pH = 5 into the Exponential model. 
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Figure C.38: Fitting of rapamycin release at pH = 7.4 into the Exponential model. 

 
Figure C.39: Standard curve for Rapamycin measured at 280 nm. 



Appendices   

 

249 | P a g e  

 

 
Figure C.40: Representative HIM image of electrospun PCL/rapamycin fibres. Scale bar corresponds to 1µm. 

 

 
Figure C.41: Representative HIM image of electrospun PCL/rapamycin fibres. Scale bar corresponds to 5µm. 

 

 

 




