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Preface

Cardiovascular diseases are the leading cause of death worldwide. Atherosclerosis, responsible for 80% of car-
diovascular deaths, is nowadays treated with stents, which scaffold the balloon-dilated artery and seals the
dissection flaps. The importance of cardiovascular stents in positively contributing to global health, supports
research and development for new affordable manufacturing techniques. To improve the quality of treat-
ment, decrease chronic inflammation and enhance vascular healing, the focus on future stent design moved
to the development of bioresorbable stents. Additive Manufacturing, or so-called 3D printing, methods gen-
erate the opportunity to respond to the increasing request for patient-specific medical implants.

This thesis describes the project that was conducted with the aim of developing an additive manufactured
bioresorbable polymeric cardiovascular stent. With the ultimate goal to fabricate on-the-spot and on-demand
patient specific drug-eluting bioresorbable stents. This study disclosed the obstacles and minimal standards
on capabilities, features and dimensions for the development of next generation bioresorbable stents manu-
factured on site.

This thesis would not have been possible without the help of numerous people. Predominately, I would like
to thank both my supervisors Dr. Mark Leemhuis and Dr. Ir. Iulian Apachitei for being excellent mentors
and their continuous advice and guidance. Both your knowledge and experience in 3D printing, biomaterials
and science in general fed my interest and motivated me to strive for the best possible outcome. The long
meetings we spent discussing all forthcoming obstacles, accomplishments and subsequent steps, but also
the quick panic conversations or calls are very much appreciated. I sincerely value your continuous availabil-
ity, support and believe in my abilities to pursue this ambitious graduation project.

I would also like to thank Prof. Dr. Ir. Amir Zadpoor for taking time to take part in my evaluation committee.

Also, I would like to thank Katerina Isaakidou, Sander Leeflang and Niko Putra from the Biomaterials & Tis-
sue Biomechanics group at the TU Delft, Rugene Leito from the Hague University of Applied Sciences and
Christiaan Horsman who supported me in one way or another with feedback, equipment and interesting
conversations.

Last but not least, I would like to thank my family and friends for their continuous support. Hopefully, with
this research I can make a small contribution to the -above mentioned- overall goal.

Thomas van den Brekel
Delft, May 2021
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Acronyms

3D Three-dimensional

AM Additive Manufacturing

AFM Atomic Force Microscopy

BMS Bare metal stent

BPM Beats per minute

B-ink Biomaterial ink

BRS Bioresorbable stent

CAD Coronary artery disease

CAD-file computer aided design file

CoCr Cobalt-Chromium

DES Drug Eluting Stent

FDA Food and Drug Administration

HV High Vacuum

IPA 2-propanol

LED Light-emitting diode

LT layer thickness

Mw molecular weight

NMR Nuclear Magnetic Resonance

OD outer diameter

PCL Poly(ε -caprolactone)

PCI Percutaneous coronary intervention

PGA Polyglycolic acid

PLA Polylactide acid

PtCr Platinum chromium

PU Polyurethanes

RT Room temperature

SED Secondary Electron Detector

SLA Steriolithography

SS 316L Stainless steel

Tg Transition temperature

UV Ultra Violet
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Glossary

Endothelialization The process of lining the microchannel lumen with a monolayer of endothelial cells

Neointimal proliferation The proliferation and migration of vascular smooth muscle cells

Late lumen loss The angiographic minimum lumen diameter immediately after percutaneous transluminal
angioplasty minus the minimum lumen diameter at angiographic follow-up

Stenosis An abnormal narrowing in a blood vessel, leading to restricted bloodflow

Restenosis The recurrence of stenosis

In-stent restenosis The incident of restenosis when a stent is deployed

Thrombosis The formation of a blood clod in a blood vessel

Tunica intima The innermost layer of a blood vessel

Target lesion vascularization Vascularization of the vessel wall in the proximity of the implanted stent

Vasomotion Spontaneous rhythmical contraction–relaxation mechanism of blood vessel walls
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Abstract

Currently, cardiovascular diseases are the leading cause of death worldwide, and a global ageing population
ensures increasing numbers for the foreseeable future. Atherosclerosis, responsible for 80% of cardiovascu-
lar deaths, is nowadays treated with stents, which scaffold the balloon-dilated artery and seals the dissec-
tion flaps. In 2016, the Absorb GT1 (Abbott, USA) was approved by the FDA as the first bioresorbable stent
(BRS), which further stimulated the research on degradable polymeric biomaterials. Polymeric BRS showed
comparable characteristics as the most often used, drug-eluting stents (DES), with the added advantage of
being fully biodegradable within two years. However, as several hurdles still need to be tackled, research to
obtain the perfect BRS continues. A limited range of geometries and sizes influences the adaptation of the
scaffold in a patient’s vessel, which subsequently affects the therapeutic outcome. Additive manufacturing
(AM) could potentially be a method to produce cost-effective and patient-specific cardiovascular stents. This
study aimed to contribute to innovations leading to the development of a next-generation stent. It presents
novel information on Stereolithography (SLA) usability for the 3D printing of BRS and highlights the effects
of structural and mechanical limitations, which are all inherent to the materials selection. Development and
progress on specific capabilities have revealed and emphasized shortcomings in other domains. Fine-tuning
the SLA printer settings and limitations, we were able to 3D print a 3 mm stent with promising morphologi-
cal and mechanical characteristics. Future research and development should encompass all aspects of stent
application, from manufacturing to deliverability, from functionality to solvability.
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1
Introduction

1.1. Atherosclerosis and stenting
Cardiovascular diseases are the leading cause of death worldwide. As the world population grows and its
longevity extends, the annual cardiovascular disease mortality numbers are expected to increase substan-
tially from 17.5 million in 2012 to 22.2 million in 2030. The exact cause of cardiovascular diseases is still
unclear; however, various risk factors increase the potential chances of developing these diseases, such as
hypertension, smoking, high cholesterol, diabetes, inactivity, overweight, family history, age and alcohol[1].
Circa 80% of deaths by cardiovascular diseases are due to atherosclerosis in the arteries of the heart, which
causes Coronary artery disease (CAD) (e.g. angina/ heart attacks/ heart failure) and stroke [2]. Atheroscle-
rosis is a disease in which plaque builds up on the inside of the artery wall. As a result, the artery becomes
narrower, and the amount of oxygen-rich blood distributed through the body diminishes [3]. Various stud-
ies highlighted different types of plaque, depending on their development timeline and their location. The
pathophysiologic process by which atherosclerosis occurs is a complex four stage process. First, endothe-
lial cell injury is likely to initiate the atherosclerotic plaque formation due to the constant exposure to the
circulation. Subsequently, lipoprotein molecules can gain entry at the disrupted endothelium where they
are modified by oxidation or glycation. This modified lipoproein is inflammatory and able to be ingested by
macrophages is the arteial wall, attracting an inflammatory reaction. Lastly, smooth muscle cells migrate to
the surface of the plaque to create a fibrous cap [4][5][6].

Figure 1.1: The principle of a coronary stent placement; a balloon catheter inserted in a constricted blood vessel (A), volume of balloon
increased to help widen the vessel and improve blood flow to your heart (B), placement of a stent to support the balloon-dilated artery
[7].
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4 1. Introduction

CAD is often treated with Percutaneous coronary intervention (PCI), which generally involves balloon an-
gioplasty and stent implantation. A stent scaffolds the balloon-dilated artery and seals the dissection flaps
to reopen obstructed or narrowed arteries (Figure 1.1). Coronary stents contribute to restoring the lumen,
stabilising the optimal blood flow of blood vessels, and preventing late recoil. PCI is one of the most com-
mon cardiovascular procedures performed in the Western World since its introduction in the 1980s [8][9].
While stenting is considered safe and effective, the remaining problems, such as inflammation, stent throm-
bosis and in-stent restenosis, are yet to be resolved. A more recent solution is the application of Drug Eluting
Stent (DES), to release antiproliferative therapeutics that contribute to the prevention of restenosis. How-
ever, unfortunately, complications have not disappeared entirely, and nowadays, myocardial infarction, stent
fracture and late in-stent restenosis remain leading DES-related impediments [7]. Consequently, a shift is
expected to Bioresorbable stent (BRS).

1.2. Bioresorbable stents
Since the introduction of the first purely metallic stent, multiple aspects have contributed to vascular stent
development. The nowadays used DES show short-term benefits such as arterial remodelling, drug release,
and mechanical support [10][11]. However, there are still many fundamental off-putting factors like target
lesion revascularization, late stent thrombosis, and the device will remain in the body. Last-mentioned is pe-
culiar since clinicians agreed that restenosis is rarely seen later than 12 months after surgery. Arterial patency
is commonly recovered within the first six months after the procedure, which corresponds with the poten-
tial start of in-stent restenosis. Thus, the clinical need for permanent stent scaffolding is likely to be very
limited [7][12][13]. To overcome the disadvantages and limitations of BMS and metallic DES, bioresorbable
stents (BRS) have been developed. These devices have gained an increased momentum because they bring
the advantages of a non-permanent foreign device in the body and offer short-term mechanical support to
the vessel, while lesion healing and arterial remodelling occurs, after which they will resorb into the body.
Compared to DES, chronic inflammation is diminished, while vascular healing is improved and restenosis
rates are decreased.

The whole bioresorbable stenting process consists of three phases. The first phase is aimed at revascular-
ization. At the end of this phase, complete neointimal coverage of the struts has occurred, which precludes
potential embolization of the degrading scaffold. The subsequent restoration and resorption phases end with
the final resorption [14].
Consequently, a shift is expected into biodegradable scaffolds, especially after the first BRS, Absorb GT1 (Ab-
bott, USA), had been approved by the Food and Drug Administration (FDA) in 2016. Due to this development,
abundant studies have been carried out in this field, showing mixed results regarding superiority. Several
studies exposed positive outcomes regarding biodegradability, early restoration of the vessels function [15],
improved post-procedure region [16] and lower angina [17]. Conversely, the studies showed comparable re-
sults between BRS and DES regarding acute recoil [16], target lesion vascularization [18], lumen area [19] and
eccentricity index. Still, the main limitation that hampers the successful development of BRS is the material
performance of degradable polymers, and corrodible metals [20][21]. Development and progress on specific
capabilities have revealed and emphasized shortcomings in other domains.

1.3. Additive Manufacturing in bioresorbable stents
In addition to the above-described developments in design and material selection, to pursue the creation of
an ideal stent, there must also be attention to manufacturability. The current fabrication technique used for
BRS as the Absorb GT1 (Abbott, USA) and the DeSolve (Elixir Medical Corp, USA), consists of polylactic-acid
(PLA) extrusion, after which it is lasered and post-processed to fulfil the medical standards [22]. The short-
comings of the above-described process are that it is time-consuming and expensive and only offers limited
sizes and geometries for cardiovascular stent applications. Hence, there is a need to consider the manufactur-
ing process related to both cost and patient-specific fit aspects. Additive Manufacturing (AM) is a formalized
term for what used to be called rapid prototyping or 3D printing. Advances in AM have enabled the possibil-
ity of developing polymeric complex scaffolds and could potentially be a method to produce cardiovascular
stents. Fabricating patient-specific devices is a benefit that endorses the use of AM [23][24][25][26].
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Currently, numerous AM techniques are available on the market, but all with specific properties and pos-
sibilities. Extrusion- and photopolymerization- based printing methods and powder bed fusion are the AM
techniques that are widely studied for the manufacturing of biomedical devices. Photopolymerization-based
methods, such as Steriolithography (SLA), are often chosen as a manufacturing technique for high preci-
sion customized purposes [27]. Research by Cortes (2017) [28] compared various 3D printing techniques
and endorsed the selection of SLA over extrusion-based printing methods (e.g. fused deposition modelling)
(Appendix A). SLA uses a liquid photopolymer which is (layer-wise) polymerized by selective delivering en-
ergy (UV light) to create specific areas of a partial cross-section (Figure 1.2) [29]. Higher control over surface
smoothness and surface finish bring highly favourable benefits when working with such small dimensions
used for cardiovascular stents. Still, the biggest drawback is the limited number of biopolymers available for
this method. Mainly because the pre-resin should include (a) a low molecular weight (Mw) and (b) desirably
no crystallinity in order to reduce its viscosity [30]. Besides, there is a need for biocompatible acrylates (initi-
ate crosslinking of polymers) [31].

Despite the limitations mentioned above, SLA has been used as a technique for the fabrication of tracheo-
bronchial stent by Lim et al. [32]. Moreover, research continues, and new techniques are continuously be-
ing developed. For example, all three methods mentioned above require point-by-point material scanning,
which leads to inhomogeneous structural properties and long production times [32][33]. Projection micro
stereolithography (PµSL) tackles the low throughput problem by projecting UV light patterned by a dynamic
mask in order to photopolymerize an entire cross-sectional layer in one exposure [33]. Thereby, PµSL tech-
nique was improved by adding an oxygen-permeable window plus a constantly moving build substrate, so-
called continuous projection micro stereolithography (µCLIP). CLIP showed promising results regarding its
possibilities to create 3D geometries at relatively high speed with uniform mechanical properties and good
surface finish, which are the main obstacles for current AM technologies [34]. Ware et al. [35] continued
with the development of µCLIP to improve the resolution to print on micron-scale precision. The researchers
succeeded in reducing the fabrication time from a few hours to only a few minutes, including more uniform
mechanical properties and even better surface finish than other AM techniques. As a result, a customizable
bioresorbable stent has shown similar mechanical properties to existing metallic stents.

Figure 1.2: Schematic rending of stereolithography (SLA) [36]

Conclusively, there is an insistent need for new fabrication methods due to the current time consuming and
expensive manufacturing process. In addition, it only offers limited sizes and geometries for cardiovascu-
lar stent application. If the standardized dimensions of the stent do not match the specific patient vascular
size, the therapeutic outcome will be affected due to vessel rupture (too large diameter) or poor adherence,
and thus displacement (too small diameter), resulting in added suffering for the patient and higher costs
[37]. Moreover, due to the significant importance cardiovascular stents fulfil in world health, it is essential
to be innovative and generate high quality, affordable medical devices. SLA could potentially be a method to
accomplish these goals. However, data on the actual implementation of SLA as a novel manufacturing tech-
nique (regarding morphology, dimensions, design, degradability, geometry and materials) still is limited and
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considered a research gap. Subsequently, AM (e.g. SLA) as a fabrication method for BRS is in an unexplored
stage, which allows for diverse developments and research. A complete turnaround in the whole stenting
intervention process is expected (Figure 1.3).

Figure 1.3: Vision on novel stenting intervention process: step 1) state-of-the-art imaging modalities will assess patient specific car-
diovascular parameters, 2) based on obtained parameters, computer aided design file (CAD-file) (biomaterial, dimensions, geometry,
drug release profile) is attuned, 3) the personalized BRS is fabricated on-the-spot using SLA, 4) customized BRS is ready for delivery and
deployment.

1.4. (Bio)materials
The choice of material and processing routes are of significant importance to the structural and mechanical
characteristics of the stent. Subsequently, material selection is inherent to the main limitations (resorption
time, strut thickness, recoil, fracture risk and deliverability), hampering the path of BRS to become a main-
stream technology.

Over recent years, the interest in the synthesis of biodegradable metals and polymers has increased and fo-
cused on new materials in regenerative medical science. Generally, metals have the advantage of a high ra-
dial force, resistance to fracture, biocompatibility, radiopacity, low thrombogenicity and flexibility. Presently,
available metallic biomaterials for the fabrication of stents include Cobalt-Chromium (CoCr), 316L Stainless
steel (SS), Platinum chromium (PtCr), titanium and nitinol [38]. Despite the nontoxic levels of free met-
als upon resorption, there is a risk of oxidative stress-inducing levels of transition metals, causing excessive
inflammation and vasomotor dysfunction at the stent site [39]. Thus, the prime reason to switch to bioab-
sorbable polymers is the potential to decrease chronic inflammation and improve vascular healing [20][21].
Additionally, maintaining suitability for possible future therapeutic options (e.g. in the case of multivessel
disease), as well as the restoration of natural vascular physiology (of the stented segment), are notable ad-
vantages [40]. Conversely, polymers suffer from restricted distensibility, risk of strut fracture, low radial and
tensile strength, maintaining adequate strength and thickness of strut [41]. Although optimization remains
a point of further development, this research focuses on polymer cardiovascular bioresorbable stents fabri-
cated by stereolithography.

The polymer BRS generally consists of Polylactide acid (PLA), Poly(ε -caprolactone) (PCL), Polyglycolic acid
(PGA) or a combination [22]. PLA is polyester and the most used biomaterial in BRS because of its bioactive
and biodegradable characteristics, comprehensive research, and the proven track record regarding successful
in vivo biomedical applications [42]. Generally, it is synthesized via the ring-opening polymerization of the
cyclic dimers of lactic acid for healthcare purposes. The polymerization of L or D-lactide results in isotactic
poly (L- lactide) (PLLA) or poly(D-lactide) (PDLA), though polymerization of the monomer (D, L-lactide) re-
sults in atactic amorphous polymer poly (D, L-lactide) (PDLLA) [43]. Furthermore, chemical modification of
the physical properties and biodegradability of PLA is attained through copolymerization or by the racem-
ization of D- and L-isomers. PLLA is a semi-crystalline polymer and offers much versatility and therefore is
widely used in the treatment of CAD. It ultimately degrades carbon dioxide and water. Compared to metallic
biomaterials as CoCr, PLLA experiences lower tensile strength, ductility and stiffness [44]. As a result, PLLA
stents have to compensate by thickening their struts and widening their strut profile. Nonetheless, the tensile
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and radial strength is only half of the rates of metal stents [45]. Due to the -above described- mechanical and
chemical properties, PLA is a suitable option for BRS. Besides, the Absorb GT1 (Abbott, USA) was comprised
of a PLLA backbone coated with PDLA.

The biomaterials described below are still in the research stage/clinical trials to prove their BRS function-
ality. PCL is a biocompatible and semi-crystalline polymer with a considerably longer degradation time than
PLA. To modify material properties, PCL can easily be copolymerized with other polymers. Furthermore,
PCL gained recent popularity through the easiness of production as it has multiple appealing features in
its viscoelastic and rheological properties over various aliphatic polyester counterparts [46]. For example,
poly(L-lactide-co-ε -caprolactone) is a copolymer developed to add flexibility to the building material of a
structural device. Besides, copolymerization of lactide with caprolactone can be helpful for control of degra-
dation rate, shape-memory behaviour, controlled drug release and mechanical properties, which widens the
PLLA biomedical application potential. By shuffling the amount of incorporated caprolactone (CL) in the
lactide- caprolactone copolymer, researchers can vary the brittleness of PLCL compared to PLLA (homo-
polymer). CL enables the lowering of the Transition temperature (Tg) and thus reduce the material stiffness
[47]. Polyurethanes (PU) are particular groups of elastomeric block copolymers, which are comprised out of
semi-crystalline segments (hard) and rubbery segments (soft). On the one hand, a diisocyanate component
and a diol or diamine (as chain extender) contribute to the hard segment. On the other hand, flexible and
reasonably long components (polyester or polyether) are used to enhance the soft segment [48][49]. Over
recent years, PUs containing a broad chemical diversity has gained increasing interest in biomedical fields.
Primarily due to their flexibility and variable mechanical characteristics [50].

To finalize, all above-mentioned (bio)materials contain both positive and negative properties. However, since
SLA has been selected as a manufacturing technique, the prospective Biomaterial ink (B-ink) should encom-
pass all SLA bounded resin requirements, as stated in paragraph 1.3. First of all, SLA uses (layer-wise) continu-
ous polymerization of photosensitive polymers to develop the requested object. Photosensitive polymers re-
act when exposed to (UV) light and as a consequence they crosslink [51]. For crosslinking to occur, photocur-
able moieties (e.g. multifunctional epoxy or acrylate monomers) are required. The curing of (meth) acrylates
is established through radical chain-growth polymerization during the printing process, while epoxy resins
are done using a step-growth manner when anhydrides or amines are available in its environment [52]. These
photocurable acrylates consist of multiple components such as (a) monomers (basic building blocks of poly-
mers), (b) crosslinkers (molecules that can bind two or more polymers together), (c) photoinitiators (to start
the reaction) and (d) plasticizers/ fillers (get tangled into the polymer matrix and prevent shrinkage of the
model). To enhance the printability and resin characteristics, stabilizers and optical absorbers are added as
well. The latter, due to the sensibility of SLA printers. Slight variations in viscosity, molecular weight or other
parameters can have an enormous effect on the success rate of the print. Secondly, all single chemicals in-
volved in the composition must be biocompatible in any state of matter. Thirdly, it is important to note that
the SLA printing of bioscaffolds still is in its pioneer stage and resin composition characteristics acquire a
precise and essential role in the success rate of a print. To the best of the authors’ knowledge, there have been
only several attempts to explore the potential of SLA three-dimensional BRS printing [39][35]. The Hague
University of Applied Sciences explored the possibility of 3D printing BRS involving (partly) biocompatible
materials. Van Lith et al. [39] established to develop a 3D-Printing strong high-resolution bioresorbable vas-
cular stents. The study mainly focused on the stents’ radial strength, and thus the researchers selected a rigid
component. Because of the high sensitivity of SLA printing, the non-biodegradable (commercial) resin will
disclose SLA restraints as a fabrication method for cardiovascular stents, while the biodegradable compo-
sition of van Lith et al. [39] is mimicked to ensure successful printing. However, flexibility is an essential
parameter to enable deliverability and so, subsequent to the simulation of the existing protocol, certain spe-
cific adjustment involving the flexibility of the stent are inserted.

1.5. Significance of study
1.5.1. Problem statement
Cardiovascular stents are positively contributing to global health. The main reason to switch to bioresorbable
polymers is the potential to decrease chronic inflammation and improve vascular healing. Since the first
BRS, Absorb GT1 (Abbott, USA), was FDA approved, a new shift was expected towards bioresorbable scaf-
folds. However, structural and mechanical limitations of the current BRS are hampering the path to become
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a mainstream technology. The current time-demanding stent fabrication process suffers from low efficiency
and high costs and only offers limited sizes and geometries for cardiovascular stent application. Patient-
specific bioresorbable cardiovascular stents could potentially improve vessel patency because of (a) optimal
sizing averting malaposition, (b) an adequate coupling between the plaque’s geometry and the stent, and (c)
optimal design in terms of degradation, strength, drug loading and release profiles. Hence, there is a substan-
tial need for ‘patient specific’ cardiovascular BRS. The employment of AM (e.g. SLA) is still in an exploratory
stage, including complete diverse research and development, focusing on factors that hinder the implemen-
tation of SLA as a suitable manufacturing technique, such as poor mechanical properties, low accuracy and
quality. However, SLA could potentially be a manufacturing process to fabricate these medical devices. The
corresponding process parameters have a significant effect on the minimization of the previously mentioned
shortcomings. Hence, it is essential to understand how process parameters affect the morphological and me-
chanical characteristics of models. The printing layer thickness is identified as the most influential process
parameter and will be investigated in this research.

1.5.2. Research objectives
Moore et al. [53] stated that when a stent can be manufactured using a singular machine, in approximately
20 minutes, the genuine possibility of creating fast on-the-spot and on-demand printing of patient-specific
bioresorbable stents can be achieved. Thus, the goal of this research is to provide novel data on the subject.
Therefore, this thesis will:

• Investigate the printability of cardiovascular stents using SLA as the manufacturing technique

• Optimize insights concerning the SLA printing limitations regarding support structure, dimensions,
printing direction and repeatability in multiple stent dimensions

• Explore how the printing layer thickness affects the mechanical and morphological characteristics of
the stent

• Analyze the stents’ morphological characteristics regarding surface finish, surface roughness and cross-
section structure

• Quantify surface roughness and printing accuracy

• Provide a mechanical analysis focusing on radial strength, viscoelastic effect, cyclic loading, tensile
strength and longitudinal compression

1.5.3. Aim of the study

This study aimed to investigate the possibilities to 3D-print a polymeric cardiovascular bioresorbable stent pre-
pared by stereolithography that offers adequate morphology and mechanical properties for clinical applica-
tions.
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Materials and Methods

2.1. Stent design
Generally, the structure or design of a stent comprises scaffolding, which includes a network or specific pat-
tern of interconnecting structural elements (struts). These struts typically consist out of a sequence of si-
nusoidal hoops linked by several connectors. These elements can be divided into several parameters, such
as strut width and strut thickness. Besides, the diameter of the stent is an important parameter as well. All
-above mentioned- parameters are demonstrated in Figure 2.1.
As previously stated in section 1.2, the Absorb GT1 (Abbott, USA) was the first, and only FDA approved BRS
(2016). Subsequently, the author aimed to mimic the design of the clinically proven Absorb GT1 (Abbott,
USA). Parameters and dimensions were provided from the FDA Review by Kenya Brothers [14]. The design
(Appendix B) was rendered with SolidWorks (Dassault Systèmes SolidWorks Corp., USA) involving several de-
viations varying in strut thickness and diameter (CAD files upon request). The Absorb GT1 (Abbott, USA) con-
tained a strut thickness of 150 µm linked to varying diameters. All requisite mechanical tests were performed
on 3 mm (outer diameter) scaffolds [14], and so, multiple stents were obtained with an outer diameter of 3
mm, and varying strut thicknesses between 100 – 200 µm. Research on SLA fabricated cardiovascular stents
was limited. Only several studies presented scaffolds with an outer diameter of 4 mm and a strut thickness of
200 µm [28][39].

Figure 2.1: Schematic representation of the essential parameters of a stent. The side view demonstrates the strut width (SW), where the
front view shows the strut thickness (ST) and (inner and outer) diameter (IN/ OD) clearly.

2.2. (Bio)material selection
The research focused on two (bio)materials, (a) a non-biodegradable resin and (b) a biodegradable variant.
The commercial non-biodegradable resin was selected due to its accurate composition for the corresponding
3D printer containing the correct printing settings. Last mentioned, is a crucial aspect to fabricate a success-
ful print. The biodegradable resin was utilized to investigate the possibility of 3D fabricating a cardiovascular

9
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stent involving acceptable morphological and mechanical properties for clinical use. It is important to note
that primarily the protocol of van Lith et al. [54] was followed as a guideline to develop a biodegradable
resin. In this context, the term ’biodegradable’ resin, or B-ink, was adopted from the corresponding litera-
ture. Additionally, the two types of resin were compared on the previously mentioned properties to analyze
any potential difference between a (commercial) optimal and a (non-commercial) substandard resin.

2.2.1. Non-bioresorbable resin
A commercial device (Form 3, Formlabs, USA) was deployed to explore the limitations of SLA printing re-
garding dimensions and support material, using their Grey Resin V4 1L (Formlabs, USA). The printing set-
tings, such as initial layer height, initial exposure times and standard exposure times, are already optimized
for the commercial resins, making it ideal for exploring the earlier mentioned limitations of SLA. The resin is
proprietarily composed of Urethane Dimethacrylate 55-75 wt. %, Methacrylate Monomer(s) 15-25 wt. % and
Photoinitiators <0.9 wt. % [55]. Despite limited information available on all available resins, the Grey resin
was selected due to its ability to print a wide range of layer thicknesses (LT), high Ultimate Tensile Strength
(65 MPa) and relatively low costs.

2.2.2. Bioresorbable resin
Synthesis: Citric acid and 1,12-dodecanediol were melted (165 °C, 15 min) in a 2:1 ratio, respectively. Involv-
ing 12 g 1,12-dodecanediol (mw: 202.33 g/mol) and 22.79 g Citric acid (mw: 192.12 g/mol). Co-polymerized
(140 °C, 30 min) and purified. The prepolymer (22 g) was dissolved in a mixture (180 mL tetrahydrofuran, 816
mg Imidazole and 17.04 g Glycidyl methacrylate), heated (60°C, 6 hr) and purified to yield mPDC. The formu-
lation of the B-ink involved 47.8% mPDC, 2.2% Igracure 816 (photoinitiator), 0.08% Sudan I (UV absorber to
control curing depth) and 50% Diehyl fumarate (to control viscosity). The resin was set to mix (50 °C, 1 hour)
and left stirring afterwards for 48 hours more, ensuring homogeneity.
Polymer Characterization: H nuclear magnetic resonance (1H NMR) spectra for (pre)polymers were recorded
each step on a 1H NMR spectrometer (Spinsolve 60MHz carbon, Magritek, Germany) at 15 MHz. The 1H-
NMR spectra were referenced relative to van Lith et al. [39]. The (pre)polymers were purified via cooling the
(pre)polymer down to RT, solved in 200 mL ethyl acetate, after which 500 mL ddH2O was added while stirring.
The whole was added into the separatory funnel and extracted 3x with 150 mL batches of ethyl acetate. Com-
bined ethyl acetate layers were stirred up, and 300 g Na2SO4 o/n. Filtration was performed by evaporation
using a Rotavapor (30 C, 75 rpm, o/n). All spectra were obtained at RT from solutions of 0.7 mL of deuterated
chloroform (CHCl3).

2.3. (m)SLA
As previously stated in section 1.3, SLA (photopolymerization-based method) was selected due to its high
precision and higher control over surface smoothness/ surface finish, which brings benefits that are highly
favourable when working with small dimensions. The biggest downside is the limited biopolymers avail-
able for this method. The Form 3 (Formlabs, USA) was the available SLA printer at the TU Delft (Delft, The
Netherlands) for the procedure of the non-biodegradable resin (Grey resin V4 1L, Formlabs, USA). The Form
3 printer uses a laser unit that directs a UV beam to a reflective mirror, from where a Galvo motor system
stirs the focussed beam to the resin’s surface. Subsequently, the solidification will occur via a layer-by-layer
printing process. These layers have a thickness, the so-called ’layer thickness’. The latter is a measure of
the layer height (z-axis) of each successive addition of material in the SLA printing process in which layers
are stacked. It is one of the essential technical characteristics of layer-by-layer 3D printing methods. Only
commercial resins were suitable for this printer, and thus, the Prusa SL1 (Prusa Research, Czech Republic),
available at the Hague University of Applied Sciences (The Hague, The Netherlands), was used to print the
B-ink resin. The Prusa SL1 is a masked SLA (mSLA) 3D printer that performs solidification by exposing a
high-performance UV LED, which cures whole layers simultaneously, while a masked screen filters out light
for a particular area shape.

2.3.1. Stent fabrication with the Form 3
The CAD model (STL file) was uploaded in the accessory software PreForm (Formlabs, USA). The models were
replicated multiple times per print. Printing was performed with varying layer thickness resolutions (25, 50,
100 and 160 µm), a support density of 1.00, a support touchpoint size of 0.10 mm and shifting inclination
angles concerning the printing bed. The latter was determined per inclination angle by a continue-to-failure
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structure, implicating an increase in the number of samples (by one) after a successful print. The process
continued until failure, after which it was repeated (3 times total). The non-biodegradable resin (Grey resin V4
1L, Formlabs, USA) was decanted in a clean Resin Tank V2 (Formlabs, USA) while averting contamination and
exposure to sunlight. The corresponding print settings were selected, and the printing process was initiated.
The samples were obtained after a printing time of ∼ 24 min – 109 min, depending on the selected layer
thickness. After removal from the building platform, the samples were carefully washed for 10 min in a 2-
propanol (Sigma-Aldrich, USA) using a pair of tweezers. Subsequently, the samples were prudently air dried
with compressed air for 2 min, followed by removal from their mechanical support structures. Lastly, the
samples were post-cured using a UV flood exposure system (Form Cure, Formlabs, USA), fluctuating from
0, 5, 10, 15, 20, 25, 30, 35, 40, 45, 50, 55 and 60 min. The samples were stored in glass vials covered with
Aluminum to prevent further UV curing.

2.3.2. Stent fabrication with the Prusa SL1
The CAD model (STL file) was uploaded in the accessory software PrusaSlicer (Prusa research, Czech Repub-
lic). Printing was performed with a layer thickness resolutions of 25 µm, a support density of 1.00, a support
touchpoint size of 0.10 mm and an inclination angle of 45 degrees with respect to the printing bed. The B-ink
was decanted in a clean resin tank while averting contamination and exposure to sunlight. Additionally, the
building platform was clean thoroughly with 2-propanol (Sigma-Aldrich, USA). Print settings were adjusted
involving an exposure time of 35 seconds and a preheated resin of 50 °C. The samples were obtained from
the building platform and carefully washed for 10 min in 2-propanol (Sigma-Aldrich, USA) and dried using
the Original Prusa Curing and Washing Machine (CW1) (Prusa Research, Czech Republic). Subsequently, the
mechanical support structures were removed, and the samples were post cured for 45 min, using the CW1.
The samples were stored in glass vials covered with Aluminium to prevent further UV curing.

2.4. Stent (structural) characterization
The (structural) characterization was divided into (a) morphology analysis, (b) mechanical investigations and
(c) structural analysis. The non-biodegradable resin stents were analyzed on the sector a and b, involving
a strut thickness of 200 µm and fabricated using different layer thicknesses. Lastly, the B-ink variant was
structural characterized (c) using 1H-NMR to eventually be exposed to all similar analysis performed on the
non-biodegradable resin samples, as deliberated above.

2.4.1. Morphological analysis
2.4.1.1. Scanning electron microscopy
The JSM-IT100 InTouchScope (Jeol, Ltd., Japan) scanning electron microscope (SEM) was adopted to analyze
the stents’ strut thickness, diameter, surface roughness and cross-section. The experiment was performed
with an electron beam energy of 10 kV, the working distance varying from 10- 28 mm and chamber pressures
of 60 Pa in a High Vacuum (HV) setting. Due to the polymeric composition of the stents, low visibility is
expected among the SEM. Also, when analyzing non-conductive samples in conventional, HV mode, a very
thin conductive layer is required to protect the samples to prevent charging and heating of the sample. Con-
sequently, the sputter (JFC-1300 Auto Fine Coater, Jeol, Ltd., Japan) was used for 60 seconds to conduct a very
thin layer of conductive gold. The imaging mode Secondary Electron Detector (SED) was used to obtain all
topographic SEM images. These images involve a high resolution independent of the material and acquired
from inelastically scattered electrons close to the surface. Prior to imaging, the samples were washed using
2-propanol (Sigma-Aldrich, USA) and deionized water for 60 seconds, followed by compressed air drying.
Various analysis and measurements were performed to analyze the morphology. First, a surface analysis was
performed investigating the influence of the printing layer thicknesses on the surface morphology. Secondly,
the cross-section structures of the samples were analyzed by initiating a crack in both the transverse plane as
the sagittal plane. Thirdly, the SLA-printed samples’ accuracy was examined by measuring the strut thickness
at eight specific points (Figure 2.2) and evaluating the outer diameter. The stents consist of round structures,
where the ’accuracy’ imaging occurs from above (proximal side), initiating an angle and thus inevitably cre-
ating inaccurate results. The proximal section corresponds to the area closest to the printing bed. Therefore,
to minimize the angle, the stent’s length was attuned in SolidWorks from 10 mm to 3 mm, and subsequently,
3D printed. All SEM experiments were performed after post-processing of the 3 mm diameter stents. More-
over, an increased number of 10 samples per variant per experiment were analyzed to check the intra-user
dependency.
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Figure 2.2: Representation of the measurements recorded during the SEM analysis of the stents. The stent strut thickness and diameter
were obtained from a front view, only the proximal area was taken into account. The strut thickness was measured at eight (X) similar
points at each sample.

2.4.1.2. Interferometer
Surface roughness is quantified by the deviations in the direction of the normal vector of a real surface from its
ideal form, using the system ContourGT-K white light optical profiler (Bruker Corporation, USA). Topograph-
ical characterization of 4 gold-sputtered flat samples fabricated with 25 µm, 50 µm, 100 µm and 160 µm layer
thickness was performed. The vertical scanning distance was set at 100 m. There were four measurements
of 300 x 292 m size performed on each sample, as depicted in Figure 2.3-b. The roughness of the samples
was assessed in the Gwyddion software by applying tilt correction and polynomial levelling. The roughness
profiles were exported both as line graphs and colour-mapped 3D representations. There are several rough-
ness parameters feasible, where Ra is the most commonly used. Ra is the arithmetical mean deviation of the
assessed profile and described in the formula 2.1 described below.

Ra = 1

lr

∫ lr

0
|z(x)|d x (2.1)

The interferometer makes use of waves that are superimposed, causing the phenomenon of interference.
This phenomenon is used to extract data on the roughness of the stents. The interferometry was deployed
to analyze all configurations, after which the Atomic Force Microscope was used to verify the Interferometer
results.

2.4.1.3. Atomic Force Microscopy
The Atomic Force Microscope (AFM) was deployed to verify the Interferometer results. Topographical charac-
terization of one flat sample fabricated with 25 µm layer thickness was performed using AFM (Figure 2.3-a).
The system used was the JPK NanoWizard 4 (Bruker Corporation, USA), with a TESPA-HAR probe (Bruker
Corporation, USA). The cantilever had a width of 40 m, a length of 125 m and a nominal spring constant of
37 N/m. The tip had a nominal radius of 7 nm, and it was manufactured out of antimony doped Si. Probe
calibration was performed using the thermal method. The topographical image of the 3D printed surface was
acquired in QI mode, with the following parameters: setpoint 200 nN; z length 15 m; pixel time 6.8 ms. A 100
x 100 m area was scanned on one 3D printed flat sample with a layer thickness of 25 m. The roughness of the
sample was assessed in the JPK Data Processing software (Bruker Corporation, USA) and exported as a .png
image containing the height values.
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Figure 2.3: A: Graphical Representation of AFM measurement on the 3D printed flat sample. B: Graphical Representation of white light
interferometry measurements on 3D printed gold-sputtered flat samples.

2.4.2. Mechanical analysis
2.4.2.1. Radial compression
The main and initial function of a stent is to support the dilated vessel and prevent (partial) prolapse of tissue.
In this context, radial compression tests are essential, and a measure for crush resistance of stents [56]. There-
fore, to investigate the ability of the stents to endure the loading force from the lesioned vessel, compression
tests were performed. There is no straight answer of what value radial compression resistance is sufficient.
Ware et al. [39] tested the mechanical performance of a currently used Bare metal stent (BMS) coronary stent.
This expanded stent showed a 1.03 N load at 25% radial compression. Subsequently, this value has been set
as a minimum required value on radial strength. The experiment was performed at various time points (0,
5, 10, 15, 20, 25, 30, 35, 40, 45, 50, 55 and 60 min) after post-processing and involved stents that were placed
horizontally in a compression machine (Lloyd LR5K, Ametek Inc., USA) exploiting a 5 N load cell. Compres-
sion was deployed at differing deformation rates (0.2, 0.5, 1.00, 1.25, 1.50, 1.75, 2.25 and 2.75 mm/s) up to
a 25% compression of the stent’s diameter, subjected to a constant load in the y-direction (Figure 2.4). The
particular deformation rates are equivalent to 8, 20, 40, 50, 70, 90 and 100 bpm, respectively. Initially, the
radial resistance at maximum compression was measured. Furthermore, to assess the elastic behaviour of
the stents, the samples were radially compressed over one cycle (load-unload) to account for potential vis-
coelastic effects on compression behaviour. Three samples of the 3-mm diameter stent of each configuration
were tested.

Figure 2.4: Schematic diagram of mechanical testing setup for radial force experiment. (a) Stent at 0% compression, (b) Stent at 25%
compression from a load in the y-direction.
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2.4.2.2. Cyclic loading
The stents’ long-term recovery potential was analyzed by applying successive cyclic radial 25% deformations
(from 4200 up to 67200 cycles) at a 1.75 mm/s deformation rate. A sinusoidal function of displacement was
used to mimic pulsatile arterial pressure and defined as a dynamic loading group. The radial strength was
plotted as the change in diameter as a function of uniformly applied external radial pressure. The experiment
involved stents placed horizontally in a compression machine (Instron Electropuls E10000, Instron, USA)
exploiting a 10 kN load cell. Three samples per configuration were considered for all tests.

2.4.2.3. Tensile testing
A cylindrical tensile bar comprising a stent in the middle section was developed to determine the tensile
properties of the stent by uniaxial tensile testing. A SolidWorks simulation was deployed to determine if
the load distribution within the tensile bar was accurate (Appendix C). Figure 2.5 represents the shape and
dimension of the tensile bare used for tensile testing. The experiment involved tensile samples placed verti-
cally in a tensile machine (Lloyd LR5K, Ametek Inc., USA), exploiting a 5 N load cell with a transverse rate of
1 mm/min. Stress and strain behaviours of the prepared samples were used to calculate the elastic modulus.
Three samples per configuration were considered for all tests.

Figure 2.5: Schematic display of stent customized tensile specimen including corresponding properties.

2.4.2.4. Longitudinal compression
Recent clinical observations showed significant longitudinal compression or ‘stent shortening’ in several con-
temporary stents, which occurs during the re-crossing with other devices such as stent delivery systems, post-
dilatation balloons, or catheters [57][58]. A clinically relevant longitudinal compression force was estimated,
to which a stent could possibly be subjected in a case when a catheter tip is caught while crossing a stent.
This force was determined to be 50 gram force (0.49 N) [57]. The stents were placed vertically between two
direct parallel plates (Lloyd LR5K, Ametek Inc., USA) to explore its longitudinal crush resistance. All samples
were subjected to a longitudinal compression force of 0.5 N y-direction). The longitudinal deformation at the
specified load was measured using a 5 N load cell at 1 mm/min. The experiment was conducted on 3 mm
diameter stents, and three samples of each model were analyzed.

2.4.3. Resin viscosity analysis
Resin viscosity is an essential parameter of the SLA printing technique that can significantly impact the print-
ing success rate. These viscosity’s should be within the margin range of 35-4000 mPa·s for all SLA printable
resin viscosity’s [59]. The MCR 302 (Modular Compact Rheometer, Anton Paar, Austria) was deployed to mea-
sure the shear viscosity at a constant shear rate. A volume of 5 mL was decanted on the plate, after which the
spindle dropped down on the resin. Subsequently, the spindle rotated with a constant shear rate of 50 1/s for
120 seconds.

2.5. Statistical analysis
The statistical difference between each (layer thickness) configuration (four groups) was analyzed using sev-
eral tests. The Kruskal Wallis H tests (non-parametric alternative for one-way ANOVA) was used for experi-
ments involving (three stents per group, four groups). If the sample sizes of specific experiments were greater
than 20, a test of normality (Kolmogorov Smirnov) was performed beforehand. The Bonferroni correction for
multiple tests has adjusted significance values. The analysis was performed in SPSS (IBM, USA) software. A
statistically significant difference was distinguished by p < 0.05.
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3.1. Stent fabrication
3.1.1. Non-biodegradable stents
Printing of the stents was obtained with standard ‘Grey resin’ Form 3 (Formlabs, USA) parameters. Printing
iterations entailed finding (a) the stent inclination angle with respect to the printing bed (Figure 3.1) and (b)
the limitations regarding dimensions. The inclination angle was investigated to enhance the printing success
rate and ease the release from the support material. The ultimate inclination angle (θ) was observed at 40
degrees, printing a maximum of four stents successfully (Figure 3.2). Total printing time varied between 24,
40, 52 and 109 min depending on the initiated layer thickness of 160, 100, 50 or 25 µm, respectively. Simulating
the design of the Absorb GT1 (Abbott, USA), the strut thickness should be 150 µm, with an outer diameter of 3
mm [14]. This specific diameter was selected to normalize the obtained data as most studies reporting similar
(mechanical) analysis used stents, including an outer diameter of 3 mm. The printing limitations regarding
outer diameter and strut thickness were explored and displayed in table 3.1. To this extent, considering the set
research goal to analyze the effect of the printing layer thickness, all successfully printed samples containing
a diameter of 3.0 mm and strut thickness of 200 µm were selected for further characterization. The earlier
mentioned strut thickness enables the feasibility of investigating four different configurations.

Figure 3.1: Schematic representation of the inclination angle of the stent with respect to the printing bed. To obtain the ultimate support
settings for the Form 3 (Formlabs, USA), the angle θ was varied.
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Figure 3.2: Number of successfully printed stents as a result of the inclination angle of the sample with respect to the printing bed, using
the Form3 (Formlabs, USA). The highest success rate was observed between 40 and 50 degrees.

Table 3.1: Stents’ (OD 3 mm) printing limitations concerning strut thickness. ’X’ confirms the feasibility while ’X’ indicates no successful
print.

Non-biodegradable stents (OD 3 mm)
Strut thickness [µm]

100 150 200

Layer thickness [µm]

25 X X X
50 x X X
100 x x X
160 x x X

3.1.2. Biodegradable stents
3.1.2.1. Synthesis
Previous to the printing process, the B-ink was synthesized as described in section 2.2.2. The process con-
sisted of a multiple-step procedure. First, the synthesis of methacrylated poly(1,12-dodecamethylene citrate)
(mPDC), after which a 1H NMR analysis was performed to confirm the polymers structure (Figure 3.3). Sub-
sequently, mPDC was combined with a UV absorber and a photoinitiator to form the B-ink, which can be
polymerized by exposure to UV light. The B-ink was exposed to a 1H NMR to substantiate its final structure
(Figure 3.4).

3.1.2.2. Structural analysis
The different signals of the 1H NMR spectrum, shown in Figure 3.3, can be assigned and are compared to
van Lith et al. [39] reference spectrum (Appendix D). The A gives the signal centred at 3.00 ppm, the signals
around 3.75 and 0.75 ppm correspond to the B and the C, respectively, the signals at 5.75 and 6.25 ppm are
the two hydrogens attached to the double bond from the methacrylate group (E), the signal at 2 ppm is the
methyl group from the methacrylate (F) and the signal at 7.35 ppm is Chloroform. The rest in between are
the ’in between’ carbon atoms from the dodecandiol (D) and possibly some contamination. It is important to
note that due to the use of Chloroform (CHCl3) instead of dimethyl sulfoxide (DMSO) as solvent, a slight shift
throughout the spectrum is expected. Moreover, the integral of signal G and H are 2.75 and 2.65, respectively,
which indicates that the ratio is correct (two protons: two protons). Also, the integral of signal F, derived from
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citric acid, is 5.53, which is almost similar to the sum of the integrals of G and H, implying a 1:1 mixture of the
specific polymer.
Furthermore, the different signals of the 1H NMR spectrum, shown in Figure 3.4, can be divided into a singlet
at 6.9 ppm, a triplet at 1.5 ppm and a quartet at 4.4 ppm are derived from the ethyl fumarate. To be more
specific, the singlet is derived from the fumarate, the triplet is from the methyl group, and the quartet origi-
nates from the CH2. Moreover, the structure of both the mPDC and the B-ink was not as fluid as expected and
required. Consequently, the resin did not contain the suitable characteristics regarding viscosity to initiate a
3D printing process.

Figure 3.3: 1H NMR spectrum of mPDC confirms its structure.
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Figure 3.4: 1H NMR spectrum of B-ink demonstrates its structure.

3.2. Stent characterization

3.2.1. Stent geometrical morphology

3.2.1.1. Surface morphology
The non-biodegradable printed samples were analyzed on surface finish, cross-section morphology and ac-
curacy of various layer thickness resolution (25, 50, 100 and 160 µm) using the SEM. It is important to note
that no obvious difference between the proximal, central and distal section of the stent was observed, where
the proximal section corresponds to the area closest to the printing bed (Appendix E). Moreover, the selected
layer thickness does show a direct link to the smoothness of surface morphologies. As observed in Figure
3.5, the stents printed with a 25 µm and 50 µm layer thickness resolution showed increased surface smooth-
ness over 100 µm and 160 µm samples. The lower layer thickness stents contained a relatively smooth surface,
where an increase in layer thickness strongly accentuated a ’step-layer’ interface. Nevertheless, apart from the
step-layer surface, the overall surface finish between the configurations was reasonably similar. Nonetheless,
the surface roughness is still too dissimilar compared to the currently clinically used CoCr-stent (Figure 3.6
a-b), which shows a much more polished unwrinkled surface roughness.
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Figure 3.5: SEM images depicting the surface smoothness of non-biodegradable stents comprising the layer thickness configurations:
(a-b) 25 µm-, (c-d) 50 µm-, (e-f) 100 µm-, (g-f) 160 µm. For b, d, f and h the dotted section is enlarged to 50- 100 µm depicting the porous
structure. All images were obtained in the central section of the stent.
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Figure 3.6: SEM images depicting (a) an overview (b) the surface smoothness (dotted section is enlarged to 50 µm), (c) a sagittal cross
section and (d) a transverse cross section of a CoCr-stent (Fortimedix BV, The Netherlands).

3.2.1.2. Surface roughness
To quantify the stents’ surface roughness, this particular research focuses on roughness average Ra , which
is the arithmetic average of the absolute values of the roughness profile ordinates. The interferometry mi-
croscope was deployed to analyze all configurations. Figure 3.7 shows the optical images of the different
configurations, whereas Figure 3.8 shows the quantification of these images. From this data, several observa-
tions can be made. First, the Ra values were approximately 600-700 nm, including a relatively large standard
deviation. Secondly, the (non-parametric) Kruskal Wallis H tests showed no statistically significant difference
(0.262, p < 0.05) between the configurations, implicating the distribution was the same across all groups. The
Atomic Force Microscope was used to verify the (LT 25 µm group) Interferometer results (Figure 3.9). This
indication was provided by a single measurement, suggesting no substantial dissimilarity between the two
measurement methods.
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Figure 3.7: Interferometry images depicting the average surface roughness (Ra ) of the non-biodegradable stents (A) LT 25 µm, (B) LT 50
µm, (C) LT 100 µm and (D) LT 160 µm.

Figure 3.8: Average surface roughness (Ra ) quantification measured using Interferometry. No statistical significance between the groups
was perceived.
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Figure 3.9: A: AFM image of the average surface roughness (Ra ), B: a comparison between the AFM and Interferometry results (LT 25 µm
configuration).

3.2.1.3. Fractographic analysis

The cross-section structure analysis showed similar results between layer thickness resolution as the surface
analysis, endorsing the dominance of the two smaller layer thicknesses. Observation highlighted that 25- and
50 µm samples contained much greater homogeneous en dense properties than the 100 and 160 µm stents
(Figure 3.10), both in the transverse and the sagittal plane. Also, the intended round structure flattened out
with a decrease in layer thickness. Still, the cross-section properties are not as dense and homogeneous as
the previously mentioned CoCr stent (Figure 3.6 c-d). Lastly, it is important to note that the particles present
on the surface of the samples, visible in the figures, were embedded in the material itself.

Figure 3.10: SEM images depicting the cross section structure of non-biodegradable stents (A) LT 25 µm, transverse plane, (B) LT 25 µm,
sagittal plane, (C) LT 50 µm, transverse plane, (D) LT 50 µm, sagittal plane, (E) LT 100 µm, transverse plane, (F) LT 100 µm, sagittal plane,
(G) LT 160 µm, transverse plane and (H) LT 160 µm, sagittal plane.
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3.2.1.4. Printing accuracy

Strut thickness
Although SLA showed decent homogeneity, the measurement of the strut thickness exposed the inaccuracy
of this 3D printing technique. For the non-biodegradable stents (Figure 3.11), the dissimilarity of strut thick-
ness was the lowest (average 3.93%), and thus the most favourable, within the 25 µm layer thickness stents.
This result was followed by 11.64%, 15.56% and 49.74% from the 50 µm, 100 µm and 160 µm stents, respec-
tively. Additionally, the standard deviation showed similar high-value outcomes with 12.94%, 13.43%, 16.91%
and 9.39% for respectively the 25 µm, 50 µm, 100 µm and 160 µm layer thickness stents. These outcomes
sustain the non-homogenous characteristics of these non-biodegradable fabricated stents. Furthermore, the
Kolmogorov-Smirnov test of normality endorsed that the data set does not fit into a Gaussian distribution,
and so a (non-parametric) Kruskal Wallis H tests were performed. Last mentioned presented a significance of
0.00, p < 0.05, indicating a statistical difference between the LT 25, 50 and 100 µm configurations and the LT
160 µm group. However, no statistical significant difference was observed between LT 25 µm and LT 50 µm,
LT 100 µm, 0.162 and 0.060, p < 0.05, respectively and LT 50 µm and LT 100 µm, 0.654, p < 0.05. The Bonferroni
correction for multiple tests has adjusted significance values.

Figure 3.11: Accuracy measurements of non-biodegradable stents on the strut thickness, involving ten (200 µm) stents per layer thickness
that were measured. Statistical significance with p < 0.05 (*) is presented between the 160 µm group and the remainder configurations.

Outer diameter
The non-biodegradable stents showed high accuracy regarding outer diameter (Figure 3.12). The specific
layer thickness resolution does not seem to influence the diameters’ accuracy. The measured diameters were
all in a range of 92.3% (160 µm) to 98.0% (100 µm) correspondence to the intended 3 mm outer diameter
stents, with a standard deviation of 0.57%, 0.85%, 1.36% and 1.67% for the 25 µm, 50 µm, 100 µm and 160
µm layer thickness stents, respectively. The number of measurements was increased from 1 measurement
per sample (10 samples per group) to 3 measurements per sample (10 samples per group) in order to prevent
low variance and analyze the intra user dependency because measurements were performed by hand and
not automatic. The Shapiro Wilk test of normality endorsed that the data set does not fit into a Gaussian dis-
tribution, and so a (non-parametric) Kruskal Wallis H tests were performed. The latter showed no statistical
difference between the various layer thickness resolutions displaying a significance of 0.073, p > 0.05.
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Figure 3.12: Accuracy measurements of non-biodegradable stents on outer diameter, involving ten (3 mm) stents per layer thickness that
were measured. No statistical significance between the groups was observed.

3.2.2. Mechanical properties
3.2.2.1. Effects of post-processing times on stent radial strength
First, to raise conversion and improve the mechanical properties of the model, the effect of post-processing
times on the mechanical properties of all configurations was investigated. A stent’s primary and initial func-
tion is to support the dilated vessel and prevent (partial) prolapse of tissue. In this context, the ability of
the stents to endure the loading force from the lesioned vessel, radial compression tests were performed.
The non-biodegradable stents were analyzed qualitatively using trend lines to practically evaluate when to
stop with the post-processing routine. Figure 3.13 shows that increased post-processing times enhance ra-
dial strength in all configurations; however, only up until 45 min of exposure time (UV exposure). After this
period, a decreased radial strength is observed, implicating no eminent benefit for longer post-processing
times. Consequently, 45 min was set as ’norm’ for all supplementary mechanical analysis. It is important to
note that to pursue the ultimate goal of creating fast on-the-spot and on-demand printing of patient-specific
cardiovascular stents, the fabrication times needed to be as short as possible. Secondly, according to the lit-
erature [39][60], the stents should resist at least a load of circa 1N when 25% radially compressed, meaning
it should keep blood vessels open after angioplasty. So, concerning the radial strength variation between the
different configurations, the 50 µm layer thickness stents showed remarkably higher radial strength than the
LT 25, 100 and 160 µm samples (Figure 3.14). A (non-parametric) Kruskal Wallis H test was performed show-
ing a statistically significant effect between the LT 50 µm group and both the LT 25 µm, LT 100 µm and LT 160
µm group of 0.000, p < 0.05. However, no statistically significant difference was found between the LT25 µm-
LT 100 µm groups, 0.382, p > 0.05, the LT25 µm- LT 160 µm groups, 0.936, p> 0.05 and the LT100 µm- LT 160 µm
groups 0.431, p > 0.05. The Bonferroni correction for multiple tests has adjusted significance values. These
results endorse the suggestion that an increase in layer thickness resolution does not undoubtedly result in a
higher radial strength. Three stents per measurement point were analyzed, after which the samples were cast
away.
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Figure 3.13: Trend lines of all configurations showing the effects of post-processing times on stent radial strength. Al groups present
an increasing line up until 45 min of exposure time (UV exposure), after which it declines. Radial strength is correlated to a horizontal
compression force (y-axis) and the impact of exposure time (x-axis), which indicates the post processing time (UV chamber).

Figure 3.14: Radial strength analysis of non-biodegradable stents, up to 25% compression of the initial diameter (3 mm). Radial strength
is correlated to a horizontal compression force (y-axis) and the various configurations (x-axis). The minimal required value is 1 N.
Statistical significance with p < 0.05 (*) is presented for the non-biodegradable stents between the LT 50 µm group and the remainder
groups LT 25 µm, LT 100 µm and LT 160 µm.
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3.2.2.2. Viscoelastic effect
The samples were radially compressed over one cycle (load-unload) to account for potential viscoelastic ef-
fects on compression behaviour. Figure 3.15 a-d shows the compression diagrams obtained for all tested
configurations at various deformation rates (0.2, 0.5, 1.00, 1.25, 1.50, 1.75, 2.25 and 2.75 mm/s). Several ob-
servations can be made. First, the load-deformation diagram for all groups follows a hysteresis loop shape
at the majority of the deformation rates, indicating that energy is dissipated over the compression process.
Some slight variability among the deformation rates could be identified with differences around 46% (1.50
mm/s vs 2.75 mm/s for LT25 µm) regarding the peak radial force. To this extent, the outcomes endorsed the
maximum deformation rate of 1.75 mm/s, which is the equivalent of 70 bpm. Higher deformation rates (2.25
and 2.75 mm/s) showed indications of viscoelastic effects.

Figure 3.15: Compression diagrams obtained over 1 cycle for all tested configurations at various deformation rates (0.2, 0.5, 1.00, 1.25,
1.50, 1.75, 2.25 and 2.75 mm/s) to account for potential viscoelastic effects. Diagram A represents LT 25 µm, B: LT 50 µm, C: LT 100 µm
and D: LT 160 µm.
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3.2.2.3. Cyclic loading
The stents’ long-term recovery potential was analyzed by applying successive cyclic radial 25% deformations
at 1.75 mm/s. Up to 4200 cycles of a sinusoidal function of displacement were used to mimic pulsatile arterial
pressure and defined as a dynamic loading group. The experiment involved stents placed horizontally in a
compression machine (Instron Electropuls E10000, Instron, USA) exploiting a 10 kN load cell. Although the
resistance load of the stents were in the noise range of the compression machine, Figure 3.16 clearly shows
the differences between the Maximum and Minimum load, where the blue line (Maximum) corresponds to
0% compression and the orange line (Minimum) to 25%. If these parameters were be displayed as parallel
lines, no mutations in the design structure are expected, as shown in Figure 3.16-a (LT 25 µm). The remainder
configurations showed interruptions and narrowing of the Maximum and Minimum load, thus predicting
fracture in the samples. Figure 3.17 endorsed the last-mentioned findings and demonstrates the rupture of
the LT 50 µm, LT 100 µm and LT 160 µm. Subsequently, the number of cycles was increased to 67200 cycles
for only the LT 25 µm samples. The latter, as the other configurations, already showed fractures at 4200 cy-
cles. Figure 3.18-a shows a re-narrowing of the Maximum and Minimum load at approximately 63000 cycles,
a matter which is endorsed by Figure 3.18-b.

Figure 3.16: Cyclic compression (25%) of all configurations (A: LT 25 µm, B: LT 50 µm, C: LT 100 µm and D: LT160 µm) up to 4200
cycles. The absolute values are not applicable, yet the diagrams clearly show the differences between the Maximum and Minimum
load (blue line (Maximum) corresponds to 0% compression and the orange line (Minimum) to 25%. If interruptions and narrowing of
these parameters occur (arrows), mutations in the design structure and fracture in the samples is predicted. The consequence of these
alterations are shown in Figure 3.16.
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Figure 3.17: Images of the samples (A: LT 25 µm, B: LT 50 µm, C: LT 100 µm and D: LT160 µm) after 4200 cycles of cyclic compression
(25%). The arrows demonstrate fractures that emerged from the alteration of the Maximum and Minimum load values demonstrated in
Figure 3.16. The scale bar presented in A is similar for B, C and D.

Figure 3.18: Composed figure obtained from cyclic compression loading (63000 cycles) on LT 25 µm configuration, showing A: diagram
presenting the Maximum and Minimum load and B: sample after the analysis. The arrows demonstrated the interruptions and narrowing
of the presented parameters (A), involving the consequences of the alterations (fractures) (B).
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3.2.2.4. Tensile tests
Tensile testing of the non-biodegradable material was performed to identify the strength of the different con-
figurations under the action of the tensile loading’s. Several parameters were investigated. First, a SolidWorks
simulation was deployed to determine if the load distribution within the customized tensile bar was accurate
(Appendix C). Stress and strain behaviours of the prepared samples were used to calculate the Young’s Modu-
lus (YM) (Figure 3.19) and the Ultimate Tensile Strength (UTS)(Figure 3.20). The Young’s Modulus is generally
defined as material stiffness, and thus it is material dependent. As shown in Figure 3.19, the average Young’s
Modulus is circa 233.64 MPa, and the (non-parametric) Kruskal Wallis H tests showed no statistically signif-
icant difference between the configurations (0,367, p < 0.05). Figure 3.20 evidently shows that an increase
in layer thickness does not necessarily cause enhanced Ultimate Tensile (or breaking) Strength values. The
(non-parametric) Kruskal Wallis H tests showed a significance of 0.015 and 0.001, p < 0.05, indicating a statis-
tical difference between the LT 25 µm, LT 50 µm categories and the LT 160 µm group. However, no statistical
significant difference was observed between LT 25 µm and LT 50 µm, 0.365, p < 0.05, and LT 100 µm and LT
25 µm, LT 50 µm and LT 160 µm, 0.373, 0.074 and 0.127, p < 0.05. The Bonferroni correction for multiple tests
has adjusted significance values.

Figure 3.19: Young’s Modulus of all configurations of the non-biodegradable stents, involving similar material. No statistical significance
was observed.
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Figure 3.20: UTS analysis of non-biodegradable stents, up to failure. Statistical significance with p < 0.05 (*) is presented for the non-
biodegradable stents between the LT 25, 50 µm groups and the LT 160 µm group.

3.2.2.5. Longitudinal compression
With a compression force of 0.5 N, the stents with the least longitudinal integrity shortened the most, and
those with the greatest longitudinal integrity compressed the least. Similar to the radial strength results of the
non-biodegradable stents, the LT 50 µm group showed a smaller percentage of distortion (1.48%) compared
to the LT 25, 100 and 160 µm configurations 1.95%, 2.10% and 2.14%, respectively (Figure 3.21). However,
the (non-parametric) Kruskal Wallis H tests showed a significance of 0.016, p < 0.05, indicating only a statis-
tical difference between the LT 50 µm and the LT 160 µm groups (0.018, p < 0.05). The Bonferroni correction
for multiple tests has adjusted significance values. To put these results in perspective, the two most com-
monly used stents worldwide [61], the Xience (Abbot, USA) and the Promus Element (Boston Scientific, USA))
showed much greater displacement factors of 3.57% and 17.86%, respectively. These longitudinal deforma-
tion outcomes highlight the essential role of connectors regarding longitudinal integrity since distortion is
heavily linked to the number of connectors. The non-biodegradable stents contain four connectors, while
the Xience and Promus Element consist of 3 and 4, respectively. The hoops of the stent provide support,
while the connectors hold the hoops together and thus prevent longitudinal distortion. However, increasing
the number of connectors lowers the flexibility of the stent, which is unfavourable for the delivery process.
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Figure 3.21: Longitudinal deformation of non-biodegradable stents, up to 0.5 N vertical compression force. Although the LT 50 µm
configuration appears to outperform the remainder configurations, no statistical significant difference was found.

3.2.3. Resin viscosity
The viscosity of a resin is a vital point in the effective printing of samples. Figure 3.22 shows the diagrams
obtained for both the biodegradable resin and the non-biodegradable resin. Various observations can be
made. First, the non-biodegradable resin involves the commercial resin, indicating an optimal viscosity for
the deployed SLA printer and corresponding settings. Secondly, the biodegradable resin showed a substan-
tially higher viscosity average of 2.72 x 10x4 mPa.s, compared to the commercial resin (average 1628 mPa.s).

Figure 3.22: Viscosity measurements for the non-biodegradable resin (AVG 1628 mPa.s) and the biodegradable resin (AVG 2.72 x 10x4
mPa.s).
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Discussion

Since the introduction of the first bare metal stent (BMS), vascular stents have improved in multiple as-
pects. BRS are considered state of the art, but still, no bioresorbable stent is currently commercially avail-
able. Besides, (bioresorbable) stents are not able to adhere to patient-specific needs. Additive manufacturing
technologies, which have gained enormous traction the past couple of years, provides a potential method
to respond to this increasing request for patient-specific medical implants [62][63]. This study aimed to
investigate the possibilities to 3D-print a polymeric cardiovascular bioresorbable stent prepared by stere-
olithography that offers adequate morphology and mechanical properties for clinical applications. This aim
was set to contribute to the ultimate goal of using the SLA additive manufacturing process to 3D fabricate
on-the-spot and on-demand patient-specific bioresorbable stents. Moreover, it highlights the obstacles and
minimal standards on printer-specific parameters, dimensions, morphological and mechanical properties
to develop next-generation BRS manufactured on-site. In this research, two different (bio)materials were ex-
plored. The non-biodegradable resin (Form 3, Formlabs, USA) contained optimized printing settings and was
thus deployed to investigate the limitations of the printing capabilities regarding dimensions, layer thickness,
and subsequently the effect of these parameters on the morphological and mechanical characteristics. Ul-
timately, this variant was able to produce a stent with a diameter of 3 mm. The B-ink resin was synthesized
according to the protocol of van Lith et al. [39] but did not contain the suitable characteristics concerning its
viscosity, to be able to initiate a 3D printing process.

Since the 3D printing of bioscaffolds still is in its pioneer stage and resin composition characteristics, such
as viscosity, acquire a precise norm and crucial role in the success rate of a print, a commercial device (Form
3, Formlabs, USA) was used to explore the limitations of SLA printing regarding dimensions and support
material, using their non-biodegradable Grey Resin V4 1L (Formlabs, USA). Familiarizing and finetuning the
SLA printing technique has led to novel insights concerning the limitations regarding dimensions, support
structure and printing direction. Additionally, corresponding process parameters of the SLA method have
a significant effect on the minimization of the previously mentioned shortcomings. Hence, it is essential to
understand how process parameters affect the morphological and mechanical characteristics of models. The
printing layer thickness is identified as the most influential process parameter and will be investigated in this
research. Still, the main constraint that hampers the successful implementation of SLA in the biomedical
sector is the limited biopolymers available. Though, recent studies [64][65][66][54] have demonstrated the
development of biocompatible and/or biodegradable resins, current material offer is still limited.

4.1. Optimization SLA as manufacturing technique
As to the limitations regarding dimensions, support structure and printing direction, the research focused
on 3 mm diameter cardiovascular stents. The latter because this specific dimension was set as the golden
standard for mechanical testing of cardiovascular stents. This study showed that with a decrease in printing
layer thickness, smaller scaffolds could be manufactured. The Form 3 is limited by its minimum layer thick-
ness of 25 µm, but research already showed the possibility of decreasing the printing layer thickness to 5 µm
[35]. Last mentioned, implicating a corresponding decrease in available dimensions. Ultimately, it should be
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feasible to print considerably smaller stents, which is of great importance not only for the range of printable
dimensions but also for the available strut thicknesses. These struts play an important role since the loss
of radial strength using polymers, compared to existing metallic stents, needs to be compensated and thus
requires bigger strut thickness. However, thicker struts hinder the healing process by prolonged biodegra-
dation, perturb blood flow dynamics, increased shear stress and impaired reendothelialization leading to
increased thrombogenicity. Secondly, the fabrication process using SLA requires added support for print-
ing spread structures and sufficient adhesion to the printing bed. The removal of these support structures
proved to be challenging, as the stents are relatively fragile. Moreover, the remains of the support material
were observed at the attachment’s areas (Appendix F), and thus the touchpoint size was maintained as small
as permissible. In addition, if external supports cannot be avoided and are required due to the selected fab-
rication method, initiate the supports in a region that is not in contact with tissue. On the one hand, this will
enhance a smoother surface finish which is crucial for the attachment of the stent to the tunica intima, but on
the other hand, this will complicate the removal of such structures. Thirdly, the role of the printing direction
varies per specific SLA technique. The layer-by-layer method (e.g. Form 3) endorsed to maintain the length
to be in the printing direction. That still means each individual layer is uniformly cross-linked (in relation to
the radius). Fracture could more easily come during axial flexing, but radially the stent will be more robust
against vessel loads. If printed in another direction, the inverse would more likely be true. The stent would be
robust against axial flexing, but the radial loading could be subjected to mechanical non-uniformity. For the
‘continuous’ fabrication method (e.g. Prusa SL1), the difference in mechanical properties is fairly nil. Thus,
the length of the stent can be in the printing direction, and so, a print can be fabricated with the radius be-
ing perpendicular to the Z-axis. However, that would limit the total length of the stent that can be printed
(projection area limited). A decisive supplementary effect of a ‘continuous’ fabrication method can be the
elimination of the previously mentioned remaining support material issue.

4.2. Mechanical analysis
Concerning the mechanical analysis, radial strength, viscoelastic effect, cyclic loading, tensile tests and lon-
gitudinal compression were selected as corresponding tests. Primarily, radial strength because the main and
initial function of a stent is to support the dilated vessel and prevent (partial) prolapse of tissue. Radial
strength is mainly determined by the selected polymer, stent architecture and strut thickness. In this context,
to investigate the ability of the stents to endure the loading force from the lesioned vessel and to measure
for crush resistance of stents, compression tests were performed [56]. However, there is no straight answer
of what value radial compression resistance is sufficient. Ware et al. [39] tested the mechanical performance
of a BMS. This expanded stent showed a 1.03 N load at 25% radial compression. Subsequently, this value
has been set as a minimum required value on radial strength. Besides, the Absorb GT1 (Abbott, USA) and
the Xience (Abbott, USA) have a radial strength of approximately 3 N and 3.5 N, respectively (at 24 months
implantation [14]. The majority of the non-biodegradable stents exceeded the minimal standard of 1 N radial
strength. It should be highlighted that this study strove to meet the design and dimensions of the Absorb GT1
(Abbott, USA), and subsequently, the strut thickness (150 µm) of this particular stent was mimicked. How-
ever, due to an insufficient number of available configurations, the strut thickness was increased to 200 µm.
Last mentioned, provided the ability to add multiple configurations, which was essential for investigating the
effect of layer thickness. Notably, the LT 50 µm showed much greater radial strength values than the LT 25,
100 and 160 µm stents, contrary to previous research [67][68], which indicates that radial strength decreases
with the increase in layer thickness. Logically, last-mentioned can be contingent; however, thinner layers
also mean more time, artefacts and errors. To be more specific, thinner layers coincide with additional repe-
titions (longer printing times) and, thus, greater opportunities for something to go wrong. For example, even
at a 99.99% success rate per layer, quadrupling the resolution lowers the chance of print success from 90% to
67% if one assumes that a failed layer causes a total print failure. In fact, according to the company behind
the Form 3 SLA printer, printing models at lower resolutions (i.e. thicker layer heights) can result in higher-
quality prints. Hence, high resolution comes with a trade-off. Furthermore, due to stresses or mechanical
loading, implants can form micro-cracks, resulting in increased surface exposure to water and a faster degra-
dation process [121]. Subsequently, the radial strength of the hoops has a great impact on the degradation
process of the biomaterials as well [69]. Ensuing, the effect of post-processing on radial strength was ana-
lyzed, resulting in roughly increased radial strength over time until 45 min. From this time mark, there was
a slight decrease in radial strength. Post-processing generally consists of a solvent used to remove unreacted
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monomer followed by UV exposure, all employed to raise conversion and improve the mechanical proper-
ties of the model [70]. The former can either be employed by a quick solvent ’rinse’ to remove monomers
on the surface or a longer ’soak’ to remove monomer from the model’s interior. Additionally, due to the high
absorber concentration, a ’candy-shell’ effect occurs, where only a thin layer on the outside of the model is
hardened. So, a thermal or UV post-cure is suggested to achieve a higher conversion value in the entirety of
the model, not limited by photo-absorber [71]. However, both adjustments will increase the manufacturing
time drastically [35][71].

With the radial strength and optimal post-processing time determined, it was interesting to analyze the effect
of cyclic loading to expose potential fatigue characteristics on the different layer thickness configurations. As
the FDA strongly recommends testing the cardiovascular stents for 10- 15 years in vivo concerning cyclic load-
ing (400- 600 million cycles) [72], the deformation rate must be considerably high to lower the experimental
running time. The non-biodegradable stents were first radially compressed over one cycle (load-unload) over
a 25% radial deformation to account for potential viscoelastic effects on the compression behaviour. The test
was performed at multiple deformation rates 0.2, 0.5, 1.00, 1.25, 1.50, 1.75, 2.25 and 2.75 mm/s, correspond-
ing to 8, 20, 40, 50, 70, 90, 110 beats/min heart rate respectively. The outcomes showed a load-deformation
diagram that follows a hysteresis loop shape at most deformation rates, indicating that energy is dissipated
over the compression process. Some substantial variability among the deformation rates could be identi-
fied with differences around 46% (1.50 mm/s vs 2.75 mm/s for LT25 µm) regarding the peak radial force. To
this extent, the outcomes endorsed the maximum deformation rate of 1.75 mm/s, which is the equivalent
of 70 bpm. Secondly, the stents’ long-term recovery potential was then evaluated by applying successive
cyclic radial 25% deformations (from 4200 up to 67200 cycles) at a 1.75 mm/s deformation rate. Preferably,
a fatigue test would involve in vivo circumstances and biaxial loading, mimicking an artery as adequate as
possible. Unfortunately, no similar or comparable equipment was available at the TU Delft, and thus, a linear
all-electric dynamic machine was deployed. The Instron Electropuls E10000 fatigue bench press simulated a
sinusoidal function of displacement to mimic pulsatile arterial pressure. However, the compression was uni-
axially distributed and centred at a point stress area. Also, the resistance load of the stents were in the noise
range of the machine, and thus no absolute values could be obtained; only relative data could be extracted,
implicating the analysis is more to a visibility study. The Instron Electropuls E10000 precision goes down to
1/250 of the load cell full scale, indicating an accuracy of 40 N. Hence, a 100 N load cell is recommended to in-
crease the accuracy scale and prevent the observed excessive drift. The sine wave was adequately simulated,
and the measured load pursues the sine wave accurately. The Maximum and Minimum load were displayed
as parallel lines; only due to a large drift both lines move up during the experiment. Alterations between the
parameters indicate fracture(s) of the samples. The results endorsed the above-mentioned suggestion, sup-
ported by the images (Figure 3.16). All configurations, except for the LT 25 µm, did show fracture after 4200
cycles. Subsequently, the number of cycles was increased (LT 25 µm solely) to 67200 cycles to investigate the
fatigue behaviours in-depth. As presented in Figure 3.17a, after approximately 63000 cycles, the stent showed
several fractures endorsed by the image (Figure 3.17b). It is important to note that a single or even multiple
mutations (s) in these graphs indicate a fracture in the stent; however, this does not necessarily imply a total
failure of the construct. For example, as demonstrated in Figure 3.18, several struts have indeed failed, but
the construct as a whole is still resistant to a particular radial strength.

The deliverability of the stent is an essential factor for the success rate of the whole stenting procedure. A
cylindrical tensile bar comprising a stent in the middle section was developed to examine the flexibility and
its ability to withstand tensile strength. The YM and UTS of the stent were determined by uniaxial tensile
testing. A SolidWorks simulation showed ideal load distribution among the tensile bar, implicating a maxi-
mum load in the middle of the bar/stent. The Elastic Modulus, or so-called Young’s Modulus, is a mechanical
property that measures the tensile stiffness of solid material, or the distance between the molecules and
the bond strength in between, to be more specific. It quantifies the relationship between tensile stress and
axial strain in the linear elastic region of a material and thus should be similar for all configurations since
the non-biodegradable material is similar among the configurations. However, the non-biodegradable stents
fabricated for the needs of this thesis are not moulded, but additive manufactured, indicating a layer-by-layer
mechanism. The latter inevitably implies the formation of a laminated structure. Besides, the stent within the
tensile bar adds another shape component, moving the focus from the elastic modulus more to the stiffness
characteristics. Yet, the results did endorse the expected outcomes indicating no statistical difference. The
average Young’s Modulus was approximately 225 MPa, which is in the range of the minimal mechanical re-
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quired 200 MPa [73]. Numerous facets within the material properties can be adjusted to increase the Young’s
Modulus, such as increasing the carbon chain length of the polymers’ part D, as described in Figure 3.3. Last
mentioned approach can be used to generate a more flexible stent that is easier to manoeuvre through the
arteries to the ultimate lesion site. Furthermore, the UTS results showed a dominance of the LT 25 and 50
µm groups over the remainder configurations (LT 100 and 160 µm). All obtained values are not within the
set requirements, stating a minimal UTS of > 300 MPa [73]. Tensile strength is dependent on the degree of
crosslinking within the material. In such matter, elongation comes with a tradeoff in the reduction of UTS
and YM, and therefore, a balance is typically necessary.

The longitudinal integrity of the stent can be of great importance due to the recent clinical observations that
showed significant longitudinal compression or ’stent shortening’ in several contemporary stents, which oc-
curs during the re-crossing with other devices such as stent delivery systems, post-dilatation balloons, or
catheters [57]. A clinically relevant longitudinal compression force was estimated, to which a stent could
possibly be subjected in a case when a catheter tip is caught while crossing a stent. Although the LT 50 µm
group appears to outperform the remainder configurations, no statistically significant difference was found
between the groups. Also, all configurations showed only a small percentage of distortion, especially when
comparing the results of the non-biodegradable stents (average 2,34%) to the ’Xience’ (Abbot, USA) and the
’Promus Element’ (Boston Scientific, USA), which are the two most commonly used stents worldwide [61].
These commercially available stents showed much greater displacement factors (3.57% and 17.86%, respec-
tively). These results highlight that the longitudinal compression of different stents indicates that a deployed
stent’s tendency to undergo longitudinal compression is strongly associated with the design and the essen-
tial role of connectors. All non-biodegradable stents (4 connectors) showed significantly lower compression
rates than the Xience (3 connectors) and the Promus Element (2 connectors). The hoops of the stent provide
support, while the connectors hold the hoops together and thus prevent longitudinal distortion. However,
increasing the number of connectors lowers the flexibility of the stent, which is unfavourable for the delivery
process.

4.3. Morphological analysis
The morphological analysis was divided into three parts, investigating the influence of the printing layer
thicknesses. First, a surface analysis was performed, which indicates that surface smoothness increases
with the decrease in layer thickness. Samples comprising a layer thickness of 25 and 50 µm showed notably
smoother surface finish than the 100 and 160 µm prints, which is endorsed by Schaub et al. [74], who iden-
tified that the lesser the thickness of the built layer, the finer is the surface finish. This previously mentioned
difference primarily results from the curved ’step-layer’ morphology. The lower layer thickness stents con-
tained a relatively smooth surface, where an increase in layer thickness strongly accentuated a ’step-layer’
interface. The latter is caused by the layer by layer fabrication, which will irrespectively be present unless
really fine slicing of 1 µm or less is selected, curves will always arise. Apart from the step-layer surface, the
overall surface finish between the configurations was reasonably similar. The latter is endorsed by the In-
terferometry results, suggesting no significant difference between the various configurations. Also, -as pre-
viously mentioned- several commercial companies endorsed this finding indicating that printing models at
lower resolutions (i.e. thicker layer heights) can result in higher-quality prints. Yet, it is important to note
that the Interferometry, as well as the AFM results, were obtained from a flat surface contrary to the round
structure of the stent. Understandably, the shape of the sample can have a great influence on its surface fin-
ish and thus, it is hard to declare if the flat surface results are in a similar range as the round stent framework
(Appendix G). Furthermore, the AFM was used to verify if the Interferometry results were accurate, showing
somewhat similar results. It has to be emphasized that the Interferometry samples were 60 seconds gold-
sputtered, increasing the surface with approximately an additional 5-10 nm. Furthermore, as mentioned in
section 4.1, fabrication with SLA requires added support for printing spread structures and sufficient adhe-
sion to the printing bed. The support material remains were observed at the attachment’s areas (Appendix
F) and are inherently connected to the selected fabrication method. So, initiation of support structures in a
region that is not in contact with tissue will enhance a smoother surface finish. All the above-argued results
insinuate that a smooth surface is crucial for the attachment of the stent to the tunica intima, which indeed is
of great importance. By all means, surface topography is a critical determinant of the stent performance to re-
duce thrombogenicity and neointimal proliferation [75]; however, it is now suggested that rough surfaces may
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accelerate stent endothelialization, a process that is believed to have a significant influence on reduced clot
formation and neointimal growth after stent implantation. Simultaneously, the biotech industry improves
the flat surfaces of the various metal stents to only several nanometers whilst manipulating the surface with
a mixture of nanometer and submicron features to decrease platelet adhesion and enhance endothelial cell
functions as well [76]. From a realistic point of view, it is obvious that such smooth surfaces are unattainable
for additive manufacturing techniques at present. Nonetheless, Dibra et al. [77] finely showed the difference
between equivalent rough-surface stents and smooth-surface stents concerning late lumen loss and resteno-
sis. The ’rough’ stent contained a minimum and maximum root mean square roughness value of 0.09 and
0.21 m, which is larger than the values of the non-biodegradable stents fabricated for the needs of this thesis
(0.06 and 0.12 m). The research showed equivalent values between the two types of stent regarding late lumen
loss and an interesting trend towards a reduced angiographic restenosis rate involving the ’rough’ stent. Both
types of stents were associated with similar rates of thrombosis-related events. Conclusively, surface topog-
raphy remains a critical determinant for the stent performance; however, research endorsed no substantial
difference between a ’smooth’ and ’rough’ surface stent, whilst the ’rough’ stent brings the potential benefit
of an increased drug-storing capacity.

Secondly, intersection structures of the prints were analyzed by initiating a crack in both the transverse plane
and sagittal plane. Similar to the surface finish, LT 25 µm stents showed the most homogeneous structure,
with over LT 50 and 100 µm prints. Although LT 25 µm samples were considered decent compared to the
CoCr-stent, there still was a notable difference in both surface finish and intersection structure. However,
it is important to note that there was a difference in the ’break’ process of the different stents. The non-
biodegradable stents were compressed to 75% of their original diameter, where the CoCr-stent was still intact
after similar compression. Thus, the CoCr-stent was cut, which potentially could have a slight effect on its
cross-sectional morphology. A homogeneous structure of implants results in an increased surface exposure
to water, and thus a dissimilar and faster degradation process [69]. Studies [69][78] have defined four key
degradation mechanism (for polymers): oxidation (due to oxidant produced by tissues), hydrolysis (reaction
with water) and physical degradation (loading, mechanical stresses, and wear). The timeline in which one of
these processes occur will differ and depend on polymer composition, polymer structure, molecular weight,
impurities (e.g. catalysts), hydrophobicity and solvent residues. In addition, due to stresses, implants can
form micro-cracks, resulting in increased surface exposure to water and thus a faster degradation process,
but also biological factors such as blood flow and pH can influence the degradation process. Therefore, a
homogeneous internal structure is essential.

Thirdly, the printing accuracy of the non-biodegradable stents was evaluated by measuring the strut thick-
ness at eight specific points and evaluating the diameter among multiple prints. It is important to note that
the CAD-file models were designed with an outer diameter of 3 mm, a strut thickness of 200 µm and a strut
width of 195 µm. The latter is not analyzed due to the inevitable imprecision generated when imaging a
round structure. Consequently, to minimize the angle influence, the stent length (CAD file) was attuned from
10 mm to 3 mm, and imaging occurred from above (proximal side). This study proved successful in printing
high accurate prints up to 3 mm in outer diameter. However, inhomogeneous properties in strut thickness
were observed in all non-biodegradable stents, with the slightest deviations in the LT 25 µm stents ascending
to LT 50 µm and LT 100 µm stents. Nevertheless, market available strut thickness of about 150 to 200 µm, and
an outer diameter of 3 mm was met for all stents.

4.4. Biodegradable alternative
Clinicians agreed that a permanent stent presents long-term disadvantages beyond the short-term benefits,
arterial remodelling, drug release, and mechanical support [10][11]. Besides, restenosis is rarely seen later
than 12 months after surgery, and so, the clinical need for stent scaffolding is likely to be very limited [40]. In
addition, arterial patency is commonly recovered within the first six months after the procedure, which corre-
sponds with the period for the potential start of in-stent restenosis [12]. All the arguments mentioned above
endorse the statement that the use of a permanent stent is unfavourable. To overcome all the disadvantages
and limitations of BMS and metallic DES, bioresorbable stents (BRS) have been developed. These devices
offer short-term mechanical support to the vessel, after which they will dissolve and thus decrease chronic
inflammation and improve vascular healing. BRS can be divided into metal stents and polymer-based stents.
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By reason of the high sensitivity of SLA printing, the non-biodegradable (commercial) resin will disclose SLA
restraints as a fabrication method for cardiovascular stents, while the biodegradable composition of van Lith
et al. [39] is mimicked to ensure successful printing. The protocol of Lith et al.[39][54] was followed precisely;
only the purification steps deviate as the option of freeze-drying was not available. Instead, an alternative
purification method was deployed, using ethyl acetate. It is suggested that this chemical is (in) directly re-
sponsible for the high rate of viscosity of the resin by reason of a too early formed (network) polymer due
to the high temperatures that are required to remove the ethyl acetate. A too viscous resin can hinder the
polymerization process, or for that case, having a convex surface affecting printing quality. The addition of
solvents reduces the viscosity of the resin, making it more practical. However, a too viscous resin may also
affect the exposure strength required for curing [79]. The resin viscosity should be within the margin range of
35-4000 mPa·s for all SLA printable resin-viscosity’s [59]. As viscosity proved to be an essential parameter, this
research investigated the defined resins on this subject. The non-biodegradable resin viscosity was within
the above-mentioned margin (1628 mPa·s); however, the biodegradable variant resin showed too high val-
ues (2.72 x 10x4 mPa·s). Another factor that could affect the synthesis itself, since temperature management
was experienced as complicated. The latter is an important aspect since accurately regulated temperature
is crucial for the synthesis. Consequently, an alternative could be the use of oil, as the temperature is more
straightforward to manage.

This study endorsed that the current state of SLA additive manufacturing method is very promising but still
not ideal for the printing of BRS. Several aspects such as radial strength, surface roughness, accuracy and
limited material availability hamper the clinical implementation of this promising technology. The latter is
essential for future development and is connected to all other properties. It is important to note that all
characteristics are interconnected, and thus it is a trade-off seeking the correct balance between all those
factors. Still, it was evident that currently, stereolithography printing provides the most acceptable option for
printing small dimensions comprising a smooth surface. However, future research on suitable biomaterials,
biodegradability and delivery is necessary for the advancement of SLA regarding BRS fabrication.
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Conclusion

Although BRS potentially has long term benefits for resuming native coronary vasomotion, scientific proof
is not yet available. Since the first BRS, Absorb GT1 (Abbott, USA) was FDA approved, a new shift was ex-
pected towards bioresorbable scaffolds. However, structural and mechanical limitations on current BRS are
hampering the path to become a mainstream technology. The future of stent development is also linked
to patient specific designs. The application of AM technology can facilitate fast on-the-spot and on-demand
printing of patient-specific bioresorbable stents. As AM process, stereolithography will provide the most suit-
able method, as it comprises several essential features such as, high accuracy printing and smooth surface
finish. Still, the biggest drawback is the limited biomaterials available for such methods.

This study aimed to contribute to innovations leading to the development of a next generation stent. It
presents novel information on SLA usability for the 3D printing of BRS and the effect of printing layer thick-
ness on the stents’ properties, but also highlights the effects of -above mentioned- limitations, which are all
inherent to the materials selection. Development and progress on specific capabilities has revealed and em-
phasized shortcomings in other domains. Fine-tuning the SLA printer settings and limitation, it was able to
3D print a non-biodegradable variant, involving a 3 mm stent with adequate mechanical and morphological
characteristics. A support material angle of 40 degrees with respect to the printing bed, and a maximum of 4
samples per print, resulted in the highest print success rate. Nonetheless, the biodegradable alternative was
not suitable for the SLA printing process, due to several errors in the synthesis of the B-ink resin.

The study on the mechanical properties of the non-biodegradable stents showed sufficient radial strength
compared to the existing standards. The study indicates that radial strength increases with protracted post-
processing times, only until 45 min. Most configurations exceeded the minimal standards, providing room
for reduction concerning strut width and thickness. The effect of layer thickness on radial strength was re-
markable since the LT 50 µm group exceeded the LT 25 µm and LT 100 µm stents. However, increasing the
number of cycles to expose potential fatigue characteristics on the different configurations of all groups ex-
cept for the LT 25 µm failed after 4200 cycles. Concerning the YM and UTS, all groups showed reasonable
results compared to the minimal standards; however, improvements are crucial for further development. Re-
markably, the longitudinal compression results indicated that all non-biodegradable groups outperformed
the currently most-used-stents worldwide.

The morphological characteristics of the non-biodegradable stents were tolerable but not sufficient. A too-
large difference was observed between the clinically used CoCr-stent and the 3D printed stents regarding sur-
face finish and cross-sectional morphology. Nevertheless, this research disclosed that morphological proper-
ties decrease with the increase in layer thickness. The LT 25 µm configurations, which was the smallest layer
thickness resolution applicable, showed the most promising result endorsing the previously mentioned ar-
gument. Subsequently, a smaller layer thickness resolution will enhance a smoother surface finish and more
dense and homogeneous properties; however, it will also significantly increase fabrication time.

This research has shown that a narrowly focused approach has not led to a major breakthrough, and cre-
ative thinking regarding material selection as well as manufacturing methods are required to contribute to
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innovations leading to the development of a next-generation stent. Future research and development should
encompass all the aspects of stent application, from manufacturing to deliverability, from functionality to
solvability.



6
Recommendations

Several aspects are crucial for further development of additively manufactured drug-eluting bioresorbable
polymeric cardiovascular stents. Firstly, the deliverability of the scaffold or stent systems, which refers to the
introduction and transportation through a bodily lumen into the desired vessel, is characterized by trackabil-
ity, flexibility, and pushability [56]. To enhance trackability of the non-visible bioresorbable scaffold during
intervention as well as the healing period, radiopaque markers are embedded to enable fluoroscopic visual-
ization. The author suggests grafting holes at the proximal outer shafts where the (Platinum) markers will be
incorporated after the printing process. Moreover, the correct deployment of the stent, which refers to the
expansion within the lumen at the treatment region, is fundamental. In essence, polymers contain a larger
crossing profile and offer limited crimping compared to metals [20]. Also, until now, the three-dimensional
printed stents are post cured after printing, increasing their strength but reducing their flexibility. Subse-
quently, delivery and deployment for polymer BRS are impeded. To potentially solve the -above mentioned-
issue, the delivery process can be inverted, so instead of crimping the scaffold on a balloon, crimping a bal-
loon around a scaffold and then removing the balloon (or other alternative casing) enabling the balloon into
its original state. It is important to note that all the above presented options are not based on existing litera-
ture but speculations of the author.

Secondly, incorporating drugs on/ or into the polymer matrix is essential to prevent in-stent-restenosis (IRS)
and thus achieve better clinical outcomes. The ideal (drug-eluting) stent should comprise two roles to guar-
antee the protection of healthy endothelial function and growth. On the one hand, it should adequately in-
hibit vascular smooth muscle cell proliferation. On the other hand, it should destruct fewer endothelial cells.
Clinical evidence supports the superiority of Sirolimus-eluting stents over Paclitaxel eluting stents regarding
safety, and anti-restenosis efficiency [80]. Thus, it is the primary anti-proliferative agent utilized in coronary
DES. A controlled drug release in the arterial wall for 30-90 days is crucial for attaining inhibition of neointi-
mal formation. Generally, stents are developed using a surface coating of either polymeric or metallic scaf-
folding, containing a polymeric carrier that includes a (bio)active agent or anti-proliferative drug. Conversely,
another option is to incorporate the drug into the polymer matrix. Since SLA is being deployed as a manu-
facturing method, a benefit is that drugs can be mixed with the photopolymer prior to printing and become
trapped in the solidified matrices [81]. However, the suitability of the correct drug, with modified release
characteristics, should be evaluated. This is because the laser beam used to photopolymerize monomers
must not influence the drug’s effectiveness. Yet, to the best of the authors’ knowledge, there have been only
a few attempts to explore SLA three-dimensional printing’s potential to manufacture modified drug released
scaffolds. An important feature is that the polymer-based coating/ drugs should also facilitate biocompati-
bility, it cannot interact with active drugs, and it should share a platform for suitable drug-eluting kinetics.
Also, it must act biologically inert once the drug has fully been eluted, and it must be mechanically stable
[82]. Moreover, an additional important aspect is that the selected drugs must be thermally labile. The ICH
guideline S10 on photosafety of pharmaceuticals is established between 360 and 400 nm. Further research
on suitable active pharmaceutical ingredients (API) is required to set the stage for drug incorporation devel-
opment leading to novel innovations, which can be applied in the next generation of stents.

Thirdly, the correct degradation time is essential for a safe and successful clinical treatment. There are two
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different time frames regarding bioresorbable scaffolds. Functional time means the duration of a degradable
polymer in which it maintains its desired function under applied conditions. Disappearance time means the
time a polymer takes to fully degrade and lose mass. Between those two times, resorbable materials lose their
mechanical reliability and thus release their degradation products. The latter can be concerning as these can
cause undesirable physiological responses [83]. Degradation of resorbable polymers is linked to various poly-
mer properties and is generally observed by tracing the biomaterials’ mass loss, material function and molar
mass change. Furthermore, as the strength of the material decreases, the chances of a collapse of the scaffold
increases. Besides, the deepened knowledge of how the biomaterial exactly degrades, meaning which chem-
icals are released during degradation and are these cytotoxic or not, is crucial to know and to understand. So,
it is crucial to characterize the degradation cycle in detail to prevent severe complications.
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A
AM technique comparision

Figure A.1: Research by Cortes (2017) [28] compared various 3D printing techniques and endorsed the selection of SLA over FDM.
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B
CAD-file

Figure B.1: The design was rendered with SolidWorks (Dassault Systèmes SolidWorks Corp., USA) (CAD files upon request).
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C
SolidWorks simulation

Figure C.1: A SolidWorks (Dassault Systèmes SolidWorks Corp., USA) simulation of uniaxial tensile testing to determine if the load distri-
bution within the customized tensile bar was accurate.
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D
Reference spectrum

Figure D.1: Van Lith et al. [39] reference spectrum.
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E
SEM images - section distribution

Figure E.1: The proximal, central and distal section of a non-biodegradable stent, OD 3 mm/ ST 200 µm/ LT 25 µm.
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F
SEM images - support

Figure F.1: The remains of the support material were observed at the attachment’s areas
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G
SEM images - flat samples

Figure G.1: SEM images of flat samples obtained from different layer thickness resolutions.
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