
 

 

 

Towards the creation of an atlas of scaffold patterns

Citation for published version (APA):

van Kampen, K. A. G. T. (2024). Towards the creation of an atlas of scaffold patterns: mapping out the
influence of scaffold geometry in tissue engineering. [Doctoral Thesis, Maastricht University]. Maastricht
University. https://doi.org/10.26481/dis.20240402kk

Document status and date:
Published: 01/01/2024

DOI:
10.26481/dis.20240402kk

Document Version:
Publisher's PDF, also known as Version of record

Please check the document version of this publication:

• A submitted manuscript is the version of the article upon submission and before peer-review. There can
be important differences between the submitted version and the official published version of record.
People interested in the research are advised to contact the author for the final version of the publication,
or visit the DOI to the publisher's website.
• The final author version and the galley proof are versions of the publication after peer review.
• The final published version features the final layout of the paper including the volume, issue and page
numbers.
Link to publication

General rights
Copyright and moral rights for the publications made accessible in the public portal are retained by the authors and/or other copyright
owners and it is a condition of accessing publications that users recognise and abide by the legal requirements associated with these
rights.

• Users may download and print one copy of any publication from the public portal for the purpose of private study or research.
• You may not further distribute the material or use it for any profit-making activity or commercial gain
• You may freely distribute the URL identifying the publication in the public portal.

If the publication is distributed under the terms of Article 25fa of the Dutch Copyright Act, indicated by the “Taverne” license above,
please follow below link for the End User Agreement:
www.umlib.nl/taverne-license

Take down policy
If you believe that this document breaches copyright please contact us at:

repository@maastrichtuniversity.nl

providing details and we will investigate your claim.

Download date: 02 May. 2024

https://doi.org/10.26481/dis.20240402kk
https://doi.org/10.26481/dis.20240402kk
https://cris.maastrichtuniversity.nl/en/publications/126371df-db3b-4d05-9d61-533be8171a69


T
ow

ardsthecreation
on

an
atlasofscaffold

patterns
by

K
enny

V
an

K
am

pen





Towards the creation of an atlas of 
scaffold patterns: Mapping out the 
influence of scaffold geometry in 

tissue engineering 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Kenny Antonius Geert Theodorus van Kampen 
 

  



 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Copyright 2024 © Kenny Antonius Geert Theodorus van Kampen, Maastricht. 

Neither this book nor its parts may be reproduced without permission of the 

author. 

 

Towards the creation of an atlas of scaffold patterns: Mapping out the influence of 

scaffold geometry in tissue engineering 

 

PhD Thesis, Maastricht University, Maastricht, The Netherlands 

 

ISBN: 978-94-6483-963-0 

 

Cover Art: Sidhant Sridhar 

 

Printed by: Ridderprint, Alblasserdam 



 

Towards the creation of an atlas of 
scaffold patterns: Mapping out the 
influence of scaffold geometry in 

tissue engineering 
 
 
 

DISSERTATION 
 
 
 
 

To obtain the degree of Doctor at Maastricht University, 
on the authority of the Rector Magnificus, Prof. Dr. Pamela Habibović 

in accordance with the decision of the Board of Deans, to be 
defended in public on Tuesday 2nd of April 2024, at 16:00 hours. 

 
By 

 
Kenny Antonius Geert Theodorus van Kampen 

 
 
 
 

Born on the 9th September 1992, in Nijmegen, the Netherlands 
  



 

Supervisor: 
Prof. Dr. Lorenzo Moroni 

 

Co-supervisor: 
Dr. Carlos Mota 

 

Assessment committee: 
Prof. Dr. Roman Truckenmüller (Chair, Maastrichtu University) 

Prof. Dr. Carlijn V.C. Bouten (Eindhoven University, the Netherlands) 

Dr. Barend M.E. Mees (Maastricht University) 

Prof. Dr. Cecilia Sahlgren (Åbo Akademi University, Finland) 

Prof. Dr. Tim J.M. Welting (Maastricht Univeristy) 

 
 
 
 
 
 
 
 
 
 
 
 
 
The research described in this thesis was conducted at MERLN 
Institute for Technology Inspired Regenerative Medicine in Maastricht 
University. The work in this thesis was financially supported by the 
European Commission H2020 Program, call H2020-NMP-PILOTS-
2015, Project FAST – Functionally graded Additive Manufacturing 
scaffolds by hybrid manufacturing and the ERC Cell Hybridge (GA n. 
637308).   



 

Table of Contents 
  Page 

Chapter 1 General introduction 7 

Chapter 2 A tissue engineering’s guide to biomimicry 15 

Chapter 3 Scaffolds with atypical space-filling curves 

for tissue engineering 

69 

Chapter 4 Hypotrochoidal scaffolds for cartilage 

regeneration 

111 

Chapter 5 Controllable four axis extrusion based 

additive manufacturing system for 

vascular tissue regeneration 

155 

Chapter 6 Scaffolds with a tuneable non-linear 

elastic region using a corrugated design 

183 

Chapter 7 Fabrication of a mimetic vascular graft 

using melt spinning with tailorable fibre 

parameters 

225 

Chapter 8 General discussion 261 

Chapter 9 Societal impact 281 

Appendix Summary / Samenvatting 289 

 List of publications 297 

 Acknowledgement 300 

 Biography 305 

 
 



  



Chapter 1 

7 

 

Chapter 1 
 

General introduction 
  



General introduction 

8 

 

Every tissue found in the human body is a complex mixture of cells and 

extracellular matrix (ECM) components that are arranged in a specific way. 

Such arrangement is often related to the function of the tissue. Some 

examples are the collagen type II organization in articular cartilage to reduce 

the mechanical stress [1] or the specific cell orientation found in smooth 

muscle cells of larger arteries to facilitate contraction [2]. Researchers have 

attempted to recreate the complexity of tissues in the lab with the goal of 

replacing or repairing these tissues. The process of mimicking a tissue is 

called biomimicry and is defined as “the imitation of life or nature” [3]. This is 

an important aspect in tissue engineering and regenerative medicine with the 

ultimate goal of replacing a damaged or diseased tissue.  

 

Many techniques in regenerative medicine have been developed over the past 

2 decades and some of them are referred to as biofabrication techniques [4]. 

These techniques are important to recreate tissues on a larger scale, 

especially when the traditional method of culturing cells is largely performed 

in 2D. The creation of three-dimensional (3D) scaffolds with hierarchical 

and/or surface engineered properties capable of steering cell activity, can be 

produced by an additive manufacturing technology called fused deposition 

modeling (FDM), or variations of FDM such as 3D-fiber deposition and 

bioextrusion, among the most commonly used techniques in biofabrication. 

With FDM, a material is extruded through a nozzle in a molten form that 

solidifies directly after extrusion to form a filament. This process is repeated 

for each layer until a 3D scaffold is manufactured. FDM is compatible with a 

variety of materials, some of them are already FDA approved as material for 

drug delivery or medical devices [5]. This technique is flexible in creating on 

demand designs by converting any 3D reconstructions based on medical 

imaging techniques and converted it into a tool pathway for an FDM printer 

[6]. 
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Even though any 3D design can be used in FDM, the infill patterns that are 

used in these scaffolds are limited. The infill pattern is generated through a 

software that “slices” a 3D design into layers. Each of these layers will get an 

infill pattern that is based on a parallel meandering line. The layers are then 

stacked on top of each other with the meandering lines offset at a different 

angle per layer. An infill pattern with fibers deposited perpendicular from each 

other, i.e. at a 0-90 angle, is often referred to as a woodpile pattern. 

Unfortunately, many of the studies using extrusion-based additive 

manufacturing technologies implement this woodpile pattern as a default 

design no matter what the final application is [7, 8]. This raises the question 

whether the woodpile pattern is the best design for every regenerative 

medicine application. In addition, it is known that cells respond to their 

environment and the design choice has an influence on the final biological 

outcome [9]. Therefore, there is a need to create more biomimicking patterns 

that can be used as infills for additive manufacturing technologies. 

 

In this thesis, we aimed at investigating alternative patterns that can be 

fabricated through extrusion-based additive manufacturing. These were used 

to create more complex biomimicking scaffolds, which were explored for 

different tissue engineering applications, namely vascular and skeletal 

regeneration. 

 

Chapter 2 focus on what biomimicry encompasses as the term is broadly used 

in regenerative medicine. This chapter will introduce three forms of 

biomimicry: mechanical biomimicry, morphological biomimicry and biological 

biomimicry. The chapter explores how each form of biomimicry is currently 

obtained with commonly used biofabrication techniques in regenerative 

medicine. 

 

Chapter 3 is focused on establishing the methodology to create more 

biomimicking patterns for regenerative medicine. These patterns can be 
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based on various mathematical curves. In addition, the effect of different 

loading regimes is tested to study the influence of these different pore 

architectures on the mechanical behavior of the fabricated 3D scaffolds. 

Finally, I discuss how these patterns can be created and used for various 

regenerative medicine applications. 

 

Chapter 4 demonstrates that scaffolds for cartilage tissue engineering can be 

fabricated using a hypotrochoidal design. This design applies a mechanical 

and morphological biomimicry approach to mimic the collagen type II fiber 

alignment found in articular cartilage. 

Chapter 5 introduces a different approach to create complex scaffolds. 

Instead of creating FDM scaffolds in a traditional way with a flat collecting 

surface, a 4th axis is introduced to create tubular scaffolds that could 

potentially be used for tubular hollow tissues. This chapter showcases the 

technology and compares two possible scaffold designs that could not be 

manufactured through traditional means. In Chapter 6, the four-axis printer 

discussed in the previous chapter was used to mimic the mechanical 

properties of a large artery using a corrugated design. Here, we demonstrate 

that the choice of scaffolds’ design can have a major influence on the 

mechanical properties of the resulting constructs. 

 

In Chapter 7, melt spinning was combined with the four-axis FDM technique. 

The melt spinning  technique can create thin fibers that are highly aligned. The 

aligned microfibers can mimic the tunica media of an artery. This chapter 

explores how well controlled these fibers can be deposited and predicted 

through a simple mathematical model. In addition, the influence of these fibers 

on cell morphology was studied and a co-culture with endothelial and smooth 

muscle cells was performed to create a morphological and biological 

mimicking scaffold.  
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In Chapter 8, the significant findings of this thesis are discussed in the broader 

context of the current state of the art in scaffold design for regenerative 

medicine. A future perspective on the knowledge that our results contribute to 

the field is also provided. Finally, Chapter 9 discusses the potential impact of 

the results contained in this thesis for the application of tissue engineering to 

our society.  
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Abstract 
Biomimicry is a broadly used term in many fields such as in architecture and 

industrial design to pharmacology and many others. Biomimicry tries to 

replicate a product or process that occurs in the natural environment. 

However, due to the broad use of the term biomimicry it becomes unclear what 

is exactly being mimicked. Specifically, in tissue engineering and regenerative 

medicine (TERM) where research is focussed on mimicking complex native 

tissues and organs, the term biomimicry is often used to designate a single 

aspect. Therefore, in TERM biomimicry can be clustered into to three different 

categories correlated to the aspect that is being mimicked: i) mechanical 

biomimicry - that has a focus on obtaining the correct mechanical properties 

of a tissue; ii) morphological biomimicry - that aims at recreating a scaffold 

having a similar morphology to its native counterpart; iii) biological biomimicry 

- that has a prime focus on recreating the biological microenvironment that is 

found in the targeted tissue. This review discusses the strategies and methods 

with which these different forms of biomimicry can be achieved with the 

current techniques available. 
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1. Introduction 

The term “biomimicry” or “biomimetic” was first described by Otto Schmitt in 

1957 when he attempted to mimic the electrical action of a nerve using a 

physical device [1]. Over the course of the years, scientists from different fields 

used the term to describe a product or process that tries to imitate a certain 

aspect from the natural environment, or taken more literally as the imitation of 

life and nature [2-5]. Biomimicry ranges from biomimicking furniture design 

from natural elements [6] to efficient car design [7] to improved platforms for 

toxicity studies [8]. In the field of tissue engineering and regenerative medicine 

(TERM) similar efforts were made to emulate the natural microenvironment 

[9, 10], ranging from mimicking the morphological [11], to physiological 

conditions such as electrical stimulation to improve muscle contractility [12] or 

the mechanical properties of a specific tissue [13]. 

 

Studies in regenerative medicine, where a biomimicry strategy is aimed for, 

often focus on only one single characteristic that researchers aim to mimic 

[14]. The different types of biomimicry can be classified into three main 

categories: 1) mechanical biomimicry, where researchers focus on obtaining 

mechanical properties similar to those of the target tissue [15]; 2) 

morphological biomimicry, where the aim is to create a scaffold that is 

morphologically similar to the native counterpart [16]; 3) biological biomimicry, 

where the prime focus is on recreating the exact biological environment that 

is found in the specific tissue [17].  

 

Therefore, the aim of this review is to discuss strategies and methods to obtain 

the previously mentioned mechanical, morphological and biological 

biomimicry. We will focus on 3D tissue engineered scaffolds and hydrogels, 

which are relevant in the context of regenerative medicine, since other reviews 

have focused more on a specific tissue [18], single aspect of biomimicry [19], 

or two-dimensional (2D) substrates [20, 21].   
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2. Mechanical biomimicry 

Each tissue is characterized by specific mechanical properties, from soft brain 

tissue in the range of 0,1-16 kPa [22] to stiff cortical bone with 19,3 GPa [23]. 

Mimicking the mechanical properties of a targeted tissue with a designed 3D 

environment has been the subject of many studies [24-26]. The reason to 

mimic the mechanical properties is to reduce the risk of a mechanical 

mismatch, which often leads to graft failure [27-29]. This is especially the case 

where the mechanical properties play a pivotal role in tissue development and 

homeostasis, such as the supporting capabilities of bone [30], the ability to 

withstand physiological pressure conditions and prevent stenosis in arteries 

[31] or the elasticity of skin [32]. Strategies to obtain mechanical properties of 

3D scaffolds mimicking the tissue of interest can vary by choosing the right 

material [33], by varying the porosity or the architecture of the pore network 

[34, 35], by changing the crosslinkers to tailor the mechanical properties of the 

scaffold [36], or using fillers to create composite materials to improve its 

performance [37]. 

 

2.1 Bulk material 
One major influence on the mechanical properties of a scaffold is the bulk 

material. The materials that are used in TERM can range from soft hydrogels 

to stiff metals. The range in stiffness can vary by as much as a factor 

1,000,000 [38, 39] (Figure 1). Therefore, the mechanical bulk properties are 

often one of the reasons why to create a scaffold out of a certain material [33, 

40]. For example, Janke et al. described how the mechanical properties of 

collagen type I scaffolds for ureteral tissue engineering improved significantly 

with the addition of poly(L-lactide-co-ɛ-caprolactone) (PLCL), poly(glycolide-

co-ɛ-caprolactone) (PGCL) or (poly(p-dioxanone) (PDS) [41]. The 

requirements for the material was to be biocompatible and biodegradable. The 

ultimate tensile strength increased from 1.8 ± 0.8 kPa to 160 ± 20 kPa with 

the addition of PDS. In addition, the stress strain curve became “J”-shaped 
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displaying the toe-region, which is also observed in the native tissue. It is worth 

to note that even though the study of Janke et al. reported that the mass and 

compressive strength of PDS did not decrease after 48 days, a different study 

by Ping Ooi et al. showed both the strain and load at break in tension 

decreased over time even after 15 days of degradation [42]. To overcome the 

issue of degradation Yoon et al. used poly(ε-caprolactone) (PCL) to increase 

the mechanical properties [43]. PCL is known to be a slow degrading polymer 

and can hold its shape even after 2 years of implantation [44]. The study 

showed that the resilience of the scaffold increased by introducing an 

electrospun PCL mesh inside an alginate hydrogel. The PCL mesh also 

helped retaining the shape of the alginate hydrogel after crosslinking and 

compression tests. Besides the mechanical support, the mesh was still 

permeable for the cells to migrate through. A different application for PCL was 

found in skin regeneration, where Rad et al. combined PCL with Zein and gum 

Arabic (GA) in electrospun meshes [45]. During the study it was noted that the 

formulations with the highest concentration of PCL (20%) and a lower 

concentration of Zein (15%) had the highest tensile strength (2.9 MPa) while 

the samples with the lowest tensile strength (1.3 MPa) contained less PCL 

(15%) and more Zein (20%). Interestingly to note is that the presence of GA 

enhanced the hydrophilicity and gave the scaffold antibacterial properties. A 

different approach to alter the mechanical properties of a scaffold by adding 

materials was taken by Khalili et al. [46]. During the study elastin was added 

to electrospun meshes, which slightly decreased the Young’s modulus, but 

significantly increased the elongation at break under tensile characterization, 

thus making this an ideal candidate for skin tissue engineering where skin is 

able to stretch up to 100% without break [47]. 
 

As mentioned earlier, the bulk material choice is pivotal for the mechanical 

properties of the final scaffold and is often the starting point of a study. 

However, the human body remodels biomaterials over time and materials can 

degrade resulting in a change in mechanical properties [48, 49]. To overcome 
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this, the degradation time of the material has to match the speed of which the 

biological tissue is regenerated. Another issue that might arise is that even 

though the material properties can be right from a mechanical biomimicry 

perspective, the material might not facilitate biological integration or even elicit 

an immune response [50, 51]. In summary, the choice of the bulk material is 

the major player in the mechanical properties of a scaffold and the first step in 

obtaining mechanical biomimicry.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
Figure 1. Changing bulk material of a scaffold to match the mechanical properties of 
a native tissue. (A) Schematic illustration to describe the change in materials 
influencing the mechanical properties. (B) left panel; compressive modulus of a 
Polyvinyl alcohol for neural tissue engineering [38], right panel; stress-strain curve of 
a Fe-35Mn scaffold for load bearing bone tissue engineering [52]. 
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2.2 Scaffold design 

Not only the choice of material has an influence, but also the geometrical 

design can play a pivotal role. For instance, the porosity of the scaffolds has 

a direct effect on their mechanical properties [53]. Melchels et al. showed that 

by varying the design within poly(D,L-lactide) (PDLLA) functionalized with 

methacrylate groups from a cube to a gyroid architecture the elastic modulus 

decreased from 324 MPa to 169 MPa, respectively [54]. The von Mises stress 

distribution was also improved with the gyroid design. This in turn could 

expose attached cells to a more equal mechanical stimulation throughout the 

whole scaffold. Other designs can introduce a negative Poisson’s ratio 

(auxetic) as Jin et al. showed [55]. The auxetic properties were introduced by 

creating a periodic star-shaped re-entrant lattice structure on the scaffold 

through fused deposition modeling (FDM). This was combined with a melt-

electrospun mesh to increase the surface area for cells to attach to. The 

Poisson’s ratio could be varied by changing the angle of the unit cell. In 

addition, it was found that the elastic modulus in the scaffolds increased with 

the decreasing re-entrant angle of the unit cell from 100 MPa to 40 MPa with 

a 140° and 110° angle, respectively. Unfortunately only a static culture with 

cells was performed and the auxetic effect was not investigated in this study. 

A different study by Di Luca et al. used PCL to fabricate scaffolds in different 

designs [56]. By changing the deposition angle of the fibers, scaffolds were 

fabricated in a gradient pattern and compared to their non-gradient 

counterparts. The results showed that the gradient design were stiffer 

compared to a non-gradient scaffold. Instead of changing the deposition 

pattern, Huebner et al. showed that by varying the fiber spacing from 100 µm 

to 400 µm within the scaffolds, the elastic modulus after 4 weeks of 

implantation in a porcine model for meniscus regeneration was 380 kPa and 

108 kPa respectively [57]. Yet, after 12 weeks of implantation the elastic 

modulus was similar between both conditions and the collagen alignment 

within the strands of the scaffold had a significant influence on the elastic 

modulus rather than the density of the deposited matrix. This demonstrates 
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that the mechanical properties can be precisely controlled pre-implantation, 

though after implantation there is little to no control over the scaffolds 

mechanical properties as degradation and tissue formation have a major 

influence. Besides proving the importance of design, Zamani et al. showed 

that the direction in which the scaffold was fabricated in a layer-by-layer 

fashion can change drastically the mechanical properties [58], especially if 

there is tension which is perpendicular to the fabrication direction of the 

scaffold. This results in an increased chance of delamination, which is also 

true if there is a compression collinear to the fabrication direction. An entirely 

different strategy described by Jing et al. used scaffold’s design to prevent 

  

 

 

 

 

 

 
 

 

 

 

 

 

 

 

 

 
Figure 2. Changing the scaffold design to match the mechanical behavior of a native 
tissue. (A) Illustrated example describe the change in design to prevent kinking of the 
scaffold when bent around a tight corner. (B) Bending test of polycarbonate bisurea 
scaffolds with two different designs around a radius of 30 mm [59]. 
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kinking of vascular grafts [59] (Figure 2). Testing various designs, having an 

outer spiral architecture on a tubular scaffolds had an improved effect on the 

retention of the scaffold’s diameter compared to a ring or cross design. Even 

with a small bending radius of 4 mm, the spiral design prevented a major 

diameter reduction (< 20%). 

 

As discussed in these studies, the mechanical properties can be tuned to a 

large extend depending on the design. This allows the use of the same 

material for a wider range of applications. For instance, the design of a scaffold 

can be changed for materials that have stiff bulk properties. In addition, with 

the relatively new field of meta-materials, complex mechanical properties can 

be introduced such as negative Poisson’s ratio designs or origami-inspired 

meta-materials on materials that do not have those intrinsic properties [60, 

61]. However, these meta-material designs require the unit cells to be 

relatively open and only display these properties when there is room for the 

design to bend or twist [62], which opens the question whether they would 

retain their properties when implanted in-vivo. As discussed earlier with the 

material choice, the design can change the mechanical properties on a 

scaffold level, but it cannot change the bulk material properties. This might 

result in a scaffold design with the right mechanical properties, but suboptimal 

biological properties (e.g. cell attachment and immune response) if the 

material chemistry is not adequate to allow cell-material interactions [50, 51]. 

In summary, scaffolds’ design plays a key role in obtaining the right 

mechanical properties, whether it is to fine-tune the mechanical properties to 

match exactly those of the tissue or to prevent the collapse of a scaffold. 

 

2.3 Crosslinkers 
The crosslinking of materials is another method to modulate the mechanical 

properties of a scaffold, especially since the crosslinking density can 

drastically affect the mechanical properties. As described by Suo et al. [63], 

an interpenetrating network of gelatin methacryloyl (GelMA) and chitosan was 
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formed by covalent bonds and hydrophobic interactions through both photo-

crosslinking and basification through sodiumhydroxide as crosslinking 

methods. The gelatin from GelMA was derived from porcine skin and had a 

methacrylation degree of 95% [64]. This resulted in a significant increase in 

tensile strength and compressive modulus compared to chitosan entrapped in 

the UV crosslinked GelMA network. The lowest compressive modulus of 3.4 

kPa was with chitosan gels that were crosslinked through basification. The 

strongest gels with a compressive modulus of 116.1 kPa were made out of a 

GelMA-chitosan blend that was crosslinked through both photo-crosslinking 

and basification. In addition to the increased mechanical properties, the 

degradation time also increased with crosslinking. Whereas the non-

crosslinked GelMA degraded within 48 hours, the crosslinked GelMA 

remained with about 75% of its mass after 4 days. Besides the increase in 

mechanical properties also the method of crosslinking has an influence. For 

instance, Martínez et al. compared three different crosslinking methods on 

Chitosan-collagen sponges [65]. A comparison between 1-ethyl-3-(3-

dimethylaminopropyl) carbo-diimide hydrochloride (EDAC), sodium 

tripolyphosphate (TPP) and a combination of the two methods was made. The 

results showed, in line with the other papers, that the Young’s modulus 

changed with the crosslinking conditions. The non-crosslinked scaffold had 

the lowest Young’s modulus (4.5 ± 0.3 kPa) while the TPP crosslinked scaffold 

had the highest Young’s modulus (20 ± 0.2 kPa). Interestingly, the combined 

crosslinking method resulted in the lowest Young’s modulus of 7.7 ± 0.5 kPa 

with EDAC followed right after at 9.9 ± 0.4 kPa. The authors explained that 

specifically chitosan crosslinked more efficiently with TPP instead of EDAC, 

implying that the combination between material choice and crosslinking 

method matters. Besides the crosslinking method, the duration of crosslinking 

also influences mechanical properties as shown by Naghieh et al. [66], where 

printed alginate scaffolds were subjected to calcium chloride crosslinking for 

different periods (Figure 3). Directly after printing the Young’s modulus was 

only 39.8 kPa, whereas after 1 day of crosslinking the Young’s modulus 



Chapter 2 

25 

 

increased up to 273.4 kPa. In addition, the results showed that having a bigger 

crosslinker volume led to a higher Young’s modulus due to the larger amount 

of calcium ions available. Though this method can increase the mechanical 

properties, long exposure to Ca2+ ions at high concentrations can lead to 

induced apoptosis [67]. 

 
 

 

 

 

 

 

 

 

 

 

 

 

Figure 3. Changing crosslinking density in a scaffold to match the mechanical 
properties of a native tissue. (A) Schematic illustration of increasing the crosslinker 
density to increase the stiffness. (B) Bioplotted bulk gel in the left panel and the effect 
of crosslinking duration and volume on the elastic modulus of the scaffold in the right 
panel [66]. 

Certain crosslinkers, however, can be toxic especially when used in higher 

concentrations due to the increased amount of unreacted cytotoxic 

compounds [68, 69]. An alternative is to switch to non-toxic crosslinking 

system, which in turn can change the mechanical properties [65]. In addition, 

a tradeoff has to be made with hydrogels: on one side having a mechanically 

stable and stiff hydrogel that is easy to process and shape, while on the other 

side a softer hydrogel that allows cell proliferation but degrades within an 
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appropriate application-specific time frame [70]. A solution to this problem 

could be offered by reversible hydrogels that change mechanical properties 

with either light or temperature [71, 72]. In general, the mechanical properties 

of crosslinked hydrogels range from a storage modulus of less than 100 Pa 

[73] up to 300 MPa [74], which makes them suitable for soft tissues such as 

lung and brain [75], or hard ones such as cancellous bone, respectively [76]. 

In summary, using crosslinkers is one of the strategies to modulate the 

mechanical properties of a hydrogel to obtain mechanical biomimicry. 

 

2.4 Fillers 
There is a variety of reasons why the use of fillers inside a bulk material is 

investigated. One of them is to change the mechanical properties. For 

example, Janfada et al. described that when PCL was electrospun in 

combination with mesoporous silica particles the elastic modulus increased 

according to the amount of particles added [77] (Figure 4). The explanation 

given by the author is that the physical connection between the particles and 

the polymer restricts the movement of the polymeric chains, resulting in an 

increase in elastic modulus and ultimate strength. In addition, the ultimate 

tensile strength also increased. However, the strain at break significantly 

decreased, because of the brittleness of the ceramic particles that are 

included in the polymer. Similar findings were observed by Du et al. who used 

hydroxyapatite as a filler in a polyurethane composite scaffold [78]. Both 

compressive strength and elastic modulus increased significantly from 0.6 ± 

0.1 MPa and 4.4 ± 0.4 MPa respectively without fillers, to 4.6 ± 0.3 MPa and 

36.9 ± 8.7 MPa respectively when 40% wt hydroxyapatite was added. A 

solution to reduce the brittleness that occurs when using a high filler content 

is to create gradients in composition during scaffold fabrication [79]. This 

continuous hydroxyapatite composition gradient within a poly(ethylene oxide 

terephthalate)/poly(butylene terephthalate) (PEOT/PBT) resulted in scaffolds 

with an improvement of the strain at break by 50% compared to their discrete 

gradient counterpart. By having a discrete gradient, the difference in 
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Figure 4. Adding fillers inside a bulk material to match the mechanical properties of a 
native tissue. (A) Schematic illustration to describe the added effect of fillers on the 
Young’s modulus of a scaffold. (B) SEM images of the PCL scaffold with and without 
mesoporous silica particles and the stress strain curves of the tested scaffolds [77]. 

mechanical properties between layers is bigger compared to having a 

continuous gradient, which results in reduced stress at these interfaces. 

Increasing the amount of fillers does not always increase the mechanical 

properties. A study by Seyedsalehi et al. found that adding 0.5% wt reduced 

graphene oxide (rGO) in a 3D printed scaffold increased the compressive 

strength and modulus [80]. However, when a higher percentage rGO was 

added the compressive modulus significantly decreased even when 

compared to the PCL scaffold without rGO. An explanation for this was that 

increased rGO concentrations caused aggregation and re-stacking of the rGO 
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sheets, whereas at a lower concentration the rGO was dispersed 

homogenously throughout the polymer matrix contributing to the mechanical 

properties. 

 

Introducing fillers to a material can increase the stiffness of a scaffold. 

However, not always does this lead to an increase in mechanical properties 

as discussed earlier. Adding more fillers might contribute to an increased 

Young’s modulus, but it also causes the scaffold to be more brittle, which 

poses a problem when used for more flexible tissues such as cartilage, muscle 

or tendons [81, 82]. Another more practical issue with the use of fillers is the 

difficulty to work with them; mixing them inside the polymer matrix can be 

difficult, since the fillers are prone to form micrometer sized aggregates 

leading to a heterogeneous distribution [83, 84]. Replicating the anatomical 

features with precision requires high resolution biofabrication techniques. 

These techniques use nozzles that range in the micrometers. This in turn 

makes the use of fillers more prone to clogging of the needle resulting in 

producing heterogeneous scaffolds with defects [85, 86]. Nonetheless, the 

use of fillers can be ideal for stiffer tissues such as bone and dental 

applications, due to the mechanical properties of the filler and the inorganic 

component found in both the tissue and the filler that is used [87]. 

 

3. Morphological biomimicry 

The morphology of a tissue is normally related to its function. In the trachea 

for example, the C-shaped rings of cartilaginous tissue have their opening 

facing the side of the esophagus [88]. The cartilage within these rings helps 

maintaining the tissue structural integrity, yet the opening is made out of 

flexible tissue that extends whenever food travels through the esophagus. 

Another example is the shape of the dental root, which can cause a difference 

in force distribution and in turn can impact alveolar bone resorption [89]. There 

are multiple strategies to obtain a morphological biomimicking scaffolds, 
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ranging from mimicking interfaces between tissues [90], to mimicking the 

hierarchical pore architecture that is present in various tissues [91], to using a 

decellularized tissue [92], or through templating techniques [93]. 

 

3.1 Interfaces between tissues  
Biphasic or bilayered scaffolds are generally used in tissue engineering where 

there is a tissue transition, such as the interface between bone and cartilage 

[94]. Liu et al. described how a biomimetic biphasic osteochondral scaffold 

was made by fabricating a porous 3D plotted hydroxyapatite scaffold as the 

solid bone part and integrating it with a hyaluronic acid methacryloyl hydrogel 

as chondrogenic layer on top [95] (Figure 5). The results showed a higher 

expression of cartilage specific markers, such as collagen type II and 

aggrecan in the chondrogenic side of the scaffold, and an upregulated 

expression of osteogenic markers such as alkaline phosphatase (ALP) and 

Runt Related Transcription Factor 2 (Runx2) in the osteogenic side of the 

scaffold. In addition, by integrating a transition zone where both the hydrogel 

and solid scaffold were combined, both sides remained connected after two 

months of subcutaneous implantation. Instead of using a solid polymer and 

hydrogel combination, Mesallati et al. either used two hydrogels or a hydrogel 

combined with a self-assembled cell layer. The bone compartment was made 

out of alginate in both conditions while the chondral part was made out of 

agarose or a scaffold free cartilage layer of bone marrow derived 

mesenchymal stem cells (MSCs) [96]. A higher sulfated glycosaminoglycans 

(sGAG) and collagen amount was found in the self-assembled chondral layer 

compared to the agarose layer. Furthermore, the integration and stability 

between both bone and cartilage layers seemed to improve when a co-culture 

was performed with chondrocytes and bone marrow stem cells. This 

technique could also be easily scaled up to an anatomically shaped 

osteochondral construct, which covers an entire condyle. After 8 weeks in 

vivo, a layer of cartilage remained on the surface of the construct as was 

shown by collagen type II staining. However, the same histological analysis 
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also showed the presence of collagen type I or III. Collagen type I in cartilage 

is associated with osteoarthritis [97], while collagen type III indicates that the 

chondrocytes are dedifferentiated [98]. In addition, some degree of 

mineralization was found in the osseous part of the scaffold. Another example 

of an anatomically shaped osteochondral construct was made by Alhadlaq et 

al. [99]. Here, the mandibular condyle of an adult human cadaver was used to 

fabricate a mold out of acrylic. MSC derived chondrogenic cells were 

suspended in a polyethylene glycol diacrylate (PEGDA) hydrogel, the 

chondral part of the mold was filled with this hydrogel and photocrosslinked. 

Afterwards, MSC derived osteogenic cells were suspended in PEGDA and 

cast on top of the previous layer. The results showed a clear distinction 

between the cartilage part and the bone part of the hydrogel with collagen type 

II in the cartilage part and collagen type I in the bone part of the scaffold, 

mimicking the osteochondral tissue. Another more recent attempt to make an 

anatomically correct condyle shape was by Peiffer et al. [100]. In this study, a 

mesh fabricated through MEW was deposited on a curved surface that 

matched the curvature of the diarthrodial condyle. This mesh was then placed 

on top of an extrusion based PCL scaffold with similar curvature. The surface 

of the scaffold was seeded with articular cartilage progenitor cells while the 

bone part of the scaffold was left without cells. The study showed the presence 

of collagen type II in the chondral part and no cell infiltration in the bone part 

of the scaffold. However, the interaction between the osteo and chondral cells 

in their respective part of the scaffold was not known due to the lack of 

osteoprogenitor cells in the study. In addition, the adherence between the two 

different zones was not tested, which is a known problem [96]. 

 

The tendon-bone interface has similar challenges when it pertains to the 

integration between these two different tissues [101]. Instead of using 2 

different hydrogels, Echave et al. applied magnetic alignment to create a 

biphasic gelatin hydrogel with anisotropic features [102]. The bone layer was  
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Figure 5. Mimicking tissue interfaces such as the bone cartilage interface with a 

hydrogel and solid polymer combination. (A) Schematic illustration of a bilayered 

scaffold mimicking the morphology of the surrounding tissue. (B) Bilayered 

osteochondral scaffold on the left, before implantation and after 2 months 

subcutaneous implantation [95]. 

loaded with hydroxyapatite (HA) microparticles to promote osteogenesis,  

while cellulose nanocrystals in a magnetic field were used to create aligned 

pores in the hydrogel for the tendon layer. The results showed the possibility 

to create an anisotropic hydrogel and the addition of HA significantly increase 

the Young’s modulus from 17.4 ± 6.8 kPa to 38.4 ± 4.9 kPa, and stimulated 

the ALP activity and osteopontin (OPN) expression, which is beneficial for 

osteogenesis. In addition, the magnetically stimulated nano-cellulose crystals 

were able to orient in a controlled direction, which resulted in increased 

tendon-related marker Tenascin-C (TNC) expression. Even though the 

Young’s modulus increased significantly with the addition of HA, the 

mechanical properties of bone are still several orders of magnitude higher 

[23]. In addition, the presence of HA does mimic the osseous part, but the 
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particles themselves do not show any hierarchical structure as seen in bone 

[103].   

 

The morphology at interfaces of tissues has caught the attention of many 

researchers trying to replicate it. Because of the dissimilarity between these 

targeted tissues in terms of morphology, mechanical properties and 

extracellular matrix (ECM) composition, many attempts have been made to 

create a scaffold that is comprised of a stiff and a soft part made out of two 

materials [95, 104]. The disadvantage of this approach is that there is a risk 

of delamination at the interface of the scaffold [96, 105]. To overcome this 

challenge, these interface scaffolds could be made out of a single base 

material with one or both sides functionalized to promote the differentiation 

towards their end-goal application [106, 107]. However, in most interfaces, 

especially when bone is one of the tissues, the mechanical properties are 

several orders of magnitude different, which makes this approach of using a 

single material challenging from a mechanical point of view [23]. In addition, 

the ECM composition between the tissues at the interfaces are very dissimilar 

and complex, which raises the question whether adding or removing a single 

component on one side of the scaffold could lead to successful in-vivo 

integration [108, 109]. Future studies could focus on trying to create a better 

integration between the two dissimilar parts of the scaffold. In addition, in the 

specific case of skeletal articular tissues, the tidemark area is often an 

overlooked part of the interface that could be recreated. In spite of the 

challenges, biphasic scaffolds are an elegant strategy to create scaffolds 

suitable for interfaces of tissues. 

 

3.2 Architecture of pores and porosity 
Pore architecture, size and porosity in tissues are important properties to 

mimic. The range of pore sizes associated to a specific tissue are generally 

attributed to a specific function. For example, in bone the largest pore or cavity 

are called the medullary cavities, where the mesenchymal stem cells reside 
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and are produced, which can range between 4 mm up to 10.5 mm [110, 111]. 

The smaller pores come from the Harversian and Volkmann’s canals that 

provide the blood supply for the osteon’s with a size of around 200 µm; even 

smaller pores of around 7 µm called canaliculi, which spread out radially from 

the Haversian canals, are used by osteocytes to communicate with each other 

[112]. Observing this organization from a macro perspective, a gradient in 

porosity can be observed from a more dense and compact tissue outside to a 

more porous tissue inside [113]. With this observation in mind, Di Luca et al. 

fabricated a scaffold with a radial gradient with 3 distinct regions, ranging from 

the most porous medulla substitute part with a porosity of 77.6% ± 3.2% to the 

densest outer cortical mimicking bone part with 29.6% ± 5.0% [114]. The study 

showed an increase in ALP activity in the areas with pores of 1000 µm, yet 

not directly correlated to osteogenic differentiation of the seeded human 

MSCs. Additional findings showed that specific osteogenic markers Runx-2 

and bone sialoprotein (BSP) were upregulated in the regions with smaller 

pores of 500 µm. Bittner et al. used a similar technique to create a gradient 

scaffolds out of PCL; instead of having a radial gradient, the gradient was 

created by increasing the spacing of each fiber after several layers ranging 

from 200 µm up to 900 µm [115]. In addition, each section of the gradient had 

a certain concentration of HA mixed inside the PCL scaffold, with highest 

concentration of 30% in the layers with the largest spacing. Though from a 

morphological point of view the scaffold mimics the porosity found at an 

osteochondral transition zone by having the largest pores at the center of the 

bone, from the previously discussed study having smaller pores of 500 µm 

instead of 1000 µm improved osteogenic gene expression. However, Bittner 

et al. did not show any in vitro work during this study. A different approach to 

create porosity described by Sola et al. [116] was by solvent-casting 

poly(methyl methacrylate) or polyurethane with NaCl or NaHCO3 with a 

subsequent salt-leaching step. By varying the different ratios between the 

polymer and the salt, different size in pores could be obtained ranging from  

 



A tissue engineering’s guide to biomimicry 
 

34 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
Figure 6. (A) Schematic illustration of obtaining a porosity gradient to mimic the (B) 
SEM images of pore-gradient collagen type I scaffolds produced in a mould that 
creates a temperature gradient [118]. 

600 µm up to 1000 µm. The resulting surface of the pores was irregular, which 

could be advantageous since that is known to enhance cellular attachment 

and proliferation [117]. Initial cell studies showed that some of the seeded cells 

managed to migrate in the central part of the scaffolds after 48 hours, though 

in limited number; furthermore, the long term effect of cell differentiation in 

these scaffolds has not been studied. Davidenko et al. demonstrated an 

alternative method to produce scaffolds with morphologically similar pores 

while avoiding the use of salts [118](Figure 6). During this study, a gradient in 

porosity was created through ice crystal formation by adding a collagen 

solution inside a custom-made mould that would create a gradient in 

temperature. The porosity of the scaffold was 98.9% ± 0.05, which 

corresponds to the 1 wt.% collagen suspension used. This resulted in a 

gradient in pores of between 70-100 µm and 130-180 µm when the solution 

was frozen and lyophilized. However, the cell response on these small pores 

was not studied, which might be too small and, together with their tortuosity 
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and incomplete interconnectivity and accessibility, is known to cause limited 

nutrient supply and oxygen availability at the center of the scaffold depending 

on the application [119].  

 

Mimicking the porosity of a tissue is important not only for replicating the 

morphology of a tissue, but can dictate whether cells would differentiate 

towards their targeted tissue [114]. Populating in a uniform way a scaffold with 

cells depends on the seeding methods and the time in culture [120]. Having 

larger pores requires more time to entirely populate the scaffold; on the other 

hand having small pores might take less time but can cause a lack of oxygen 

and nutrient supply [119]. To tackle oxygen supply limitation, a possible 

solution is by incorporating oxygen-releasing materials, such as calcium 

peroxide incorporated in a polyurethane scaffold [121]. Another alternative 

could be by promoting vascularization prior and after implantation by including 

preformed vessels or incorporating VEGF in the scaffold respectively, which 

could solve both the nutrient and oxygen supply problems [122] [123]. In 

summary, having and controlling porosity is vital for morphological mimicry 

and ultimately nutrient supply and de novo tissue homeostasis.  

 

3.3 Decellularized tissues 
Using a decellularized tissue to retain extracellular matrix morphology has 

been an investigated strategy for many years, where these templates are 

typically seeded with cells from another host [124-126]. Certain decellularized 

products are already clinically applied such as pig heart valves [127], porcine 

and human dermis for rotator cuff repair [128, 129], and bovine decellularized 

bone for skeletal repair [130]. Pors et al. described how human ovarian tissue 

was decellularized and repopulated with human follicles and implanted in mice 

[131]. The results showed that the decellularized scaffolds were able to 

support the survival and promote the growth of human follicles both in vitro 

and in vivo. Similarly, Giraldo-Gomez et al. investigated a rapid  
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Figure 7. (A) Schematic illustration of decellularizing a tissue to mimic the morphology 
of a native tissue. (B) Haematoxylin and Eosin stained section of a porcine aorta (a) 
before decellularization, (b) after SDS treatment and (c) after supercritical CO2 

treatment [134]. Scale bar represents 50 µm. 

decellularization process of a porcine trachea with guanidine, trypsin and  

ultrasounds [132]. Besides the architecture, also some essential ECM 

components, such as collagen type II and glycosaminoglycans, were 

preserved after the decellularization process. The decellularized scaffolds 

were recellularized with human adipose-derived mesenchymal stem cells and 

implanted in mice and checked for their immunogenicity. The results showed 

that although there was a presence of the inflammatory cytokine tumor 

necrosis factor alpha (TNF-α), this was also shown in the sham control group 

and in both groups the concentration decreased over time. In addition, some 

cells in the scaffold showed early differentiation towards chondrocytes by the 

presence of SRY-Box Transcription Factor 9 (SOX9) after 15 days of 

implantation. Even though the study used low concentrations, it is known that 

trypsin can cause ECM degradation [133]. Casali et al. proposed a different 

method where supercritical CO2 was used in combination with sodium dodecyl 
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sulfate (SDS) for the decellularization of porcine aortas [134] (Figure 7). 

Whereas other methods mainly use harsh chemicals or physical treatments, 

supercritical CO2 is relatively inert as the results showed that the combination 

with SDS resulted in a similar morphology as the native tissue, but without the 

presence of cells. However, the method still has to be optimized and tested in 

vivo to check whether it is biologically comparable to other methods. Besides 

animal or human organs, also decellularized plants are potential candidates 

for skeletal muscle tissue as studied by Cheng et al. [135]. During this study, 

several fruits and vegetables were decellularized and their morphology was 

evaluated with scanning electron microscopy (SEM). As final candidate, 

scaffolds produced from green onion were chosen, since the resulting 

decellularized structure presented highly aligned pores similar to those of the 

skeletal muscle tissue. Once seeded with human skeletal muscle cells, these 

aligned in the direction of the pores. Even though the availability and costs of 

green onions or any other vegetable is better compared to human or animal 

tissue, their use is somewhat limited to certain tissues and for now only limited 

to just a few cell layers thick tissue. Furthermore, the degradation of the 

cellulose present in vegetables pose a foreseeable problem due to the 

absence of cellulase in the human body.  

 

Since there is almost no better way to exactly mimic a tissue morphologically 

than through the use of a decellularized tissue, researchers have tried for over 

25 years to use this method to mimic the native tissue morphology [136]. 

However, some issues such as removal of chemical remnants in the 

decellularization process [137] and the immunogenic response that could be 

elicited by the presence of DNA, collagen type VI or galactose-α-1,3-galactose 

(α-Gal) [138], remain unsolved challenges. In addition, there is a trade-off 

where either valuable ECM components are lost or unwanted components, 

such as DNA, remain in the tissue after processing [139]. To summarize, using 

decellularized tissue for morphological biomimicry is a viable strategy when 

current techniques are unable to replicate the morphology of the tissue.  
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3.4 Templating 
Another way to morphologically mimic a scaffold is by using a template for 

cells to grow in. These templating techniques have been the main strategy in 

creating conduits for nerve regeneration or vasculature [140, 141]. Especially 

in recent years smaller and more complex microstructures were developed 

[142, 143]. For example, Jenkins et al. described how a conduit with 

microchannels was created by electrospinning a blend of poly(serinol 

hexamethylene urea) and PCL onto sucrose fibers using a dual 

electrospinning setup [144]. The resulting fibers contained highly aligned 

microchannels of less than 500 µm, which had a similar morphology to a nerve 

and showed to stimulate neurite growth and extension by the presence of ß-

III tubulin staining throughout the microchannels. A similar approach of using 

sugar as a template was performed by Wu et al., where sugar fibers were 

winded around a mandrel and dissolved afterwards to create circumferential 

oriented microchannels envisioning a vascular graft [145] (Figure 8). The size 

of the circumferentially aligned channels was approximately 56 µm and much 

like the native situation the seeded vascular smooth muscle cells showed a 

circumferential alignment. A different approach performed by Huling et al. was 

to make a negative template of the whole kidney vasculature [146]. This was 

done by injecting a rat kidney with PCL. After solidification, the renal tissue 

was digested leaving the PCL vasculature cast behind. That cast was coated 

in collagen and then washed with acetone to remove PCL leaving a hollow 

collagen microvascularized scaffold behind. SEM analysis showed the 

preservation of the delicate and complex structures, such as the glomerulus 

ultrastructure. The seeded cells inside the cast formed a uniform and complete 

monolayer in the channels. Gershlak et al. showed that templates for 

vasculature can also be made from spinach leaves, since it shares a similar 

branching structure [147]. Perfusion tests within the leave template showed 

that the vascular network remained intact and seeded human umbilical vein 

endothelial cells (HUVECs) were able to populate the network. The use of 

spinach leaves is a simple and cheap solution that could easily be up-scaled 



Chapter 2 

39 

 

for mass production to create templates, although plant vasculature does not 

have a venous system like mammalians do, which might present a drawback 

of such solution. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 8. (A) Creating a template that mimics the architecture of a tissue. (B) Resulting 
sugar fibers after being winded around a mandrel and the resulting scaffold after 
dissolving the sugar fibers [145]. Scale bar represents 1 mm in the overview images 
and 200 µm in the close-up images.  

Depending on what sacrificial material or solvent is used, there is always the 

chance that remnants of the template remain that can be cytotoxic or impartial 

dissolution that can block the template itself from being washed away from the 

scaffold [148, 149]. In addition, the majority of the published studies that use 

templating techniques are somewhat limited to the complex shapes that they 

can achieve, resulting in channels that run parallel or simple vascular network 

structures, which do not contain any micro capillaries [123, 150]. On the other 

hand, complex structures such as the kidney vasculature have been made 

through templating, showing the possibility to achieve this complexity [146]. 
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Nonetheless, using templates to morphologically mimic organs remains a 

valuable and often pursued strategy. 

 

4. Biological biomimicry 
Many organs have a specific biological microenvironment. Examples are the 

low oxygen tension in cartilage [151], the electric conductivity of the 

atrioventricular bundle in the heart [152], the high blood pressure of the 

glomerular capsule in the kidney [153], or the presence of high amounts of 

growth factors in the bone marrow [154]. This natural environment for each of 

these organs is vital for their functioning. Therefore, it has also been a topic 

of many studies trying to replicate that specific biological environment. 

Strategies to obtain biological mimicry can range from improving cellular 

attachment by mimicking cellular anchoring points [155], conditioning the 

scaffold by placing it in a more naturally mimicking environment [156], adding 

growth factors in order to promote rapid growth and maturation of the tissue 

[157], or using decellularized organs as a base material for creating scaffolds 

[158].  

 

4.1 Improving cellular attachment 
The lack of cell attachment can have a great influence on the success of a 

scaffold [159]. High cell adhesion determines the initial amount of cells that 

attach right after seeding and has also a strong influence in the longer term 

when cell-seeded scaffolds are subjected to dynamic culturing conditions 

[160, 161]. Therefore, several studies aimed at increasing the cell attachment 

properties of scaffolds through various methods. Tsai et al. covalently 

crosslinked chitosan, a natural polymer known for its lack in cell attachment, 

through azide photocrosslinking to an Arginine, Glycine, and Aspartate (RGD) 

cell-binding peptide sequence for bone tissue engineering [162]. This resulted 

in an improved amount of cells attached from day 1, which led to increased 

calcium deposition after 14 days in culture. Another method studied by Kao et 
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al. used a polydopamine (PDA) coated PLA scaffold for bone tissue 

engineering [163]. The results showed that higher concentrations of PDA 

coating on the scaffold improved adipose derived stem cell attachment and 

stimulated proliferation. Besides the increased attachment, PDA coated 

membranes also stimulated angiogenesis as shown by the increased 

expression of angiogenesis related proteins angiopoietin-1 and von 

Willebrand factor. Instead of chemical treatments, plasma surface treatment 

can also be used to increase cell attachment as shown by Wang et al. [164]. 

PLA scaffolds were treated with cold atmospheric plasma for bone 

regeneration, resulting in improved cellular attachment. Atomic force 

microscopy analysis showed that the plasma treatment had an influence on 

the roughness of the fibers and that the contact angle decreased based on 

the duration of plasma exposure. A low contact angle indicates that the 

surface is hydrophilic. The hydrophilic surface in turn improved the MSC 

attachment. However, the contact angle increased from 25° at day 0 to 40° at 

day 10 as compared to 70° of the untreated scaffolds, indicating that the effect 

of plasma treatment decreases over time. A different approach without altering 

the structure or surface of the scaffold to increase the cell attachment was 

described by Cámara-Torres et al. [120] (Figure 9). Media density and 

viscosity were changed to counteract the gravitational force to which the cells 

are subjected when seeding on PEOT/PBT scaffolds. The results showed that 

the seeding efficiency was higher and a homogenous cell distribution 

throughout the scaffolds was obtained when either density or viscosity was 

changed compared to the conventional seeding method. This initial 

improvement in seeding efficiency led to increased mineralization in 

osteogenic differentiation conditions, suggesting a specific role of cell density 

in differentiation mechanisms. 
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Figure 9. (A) Schematic illustration of different seeding methods to improve seeding 
efficiency. (B) Fluorescent staining of cells in the bottom sides (top) and cross sections 
(bottom) of the scaffolds seeded with a conventional method (CS), with dextran to 
match the viscosity (MS-Dextran) or with Ficoll to match the density (MS-Ficoll-Pq) 
[120]. Scale bar represents 1mm. 
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Adding RGD peptides to scaffolds is known to have a beneficial biological 

effect in terms of cell adhesion and differentiation, it is also observed that the 

addition of RGD could decrease the mechanical properties [165]. Wang et al. 

even observed that spacing RGD-motifs too tightly together at 37 nm can 

actually decrease proliferation, but increasing this spacing to 87 nm increased 

growth rate [166]. In summary, controlling the attachment of cells to a scaffold 

is important for the success of a tissue engineered graft and a valuable 

parameter for biologically mimicry. 

 

4.2 Mimicking the cellular niche biophysical properties 
Conventional culturing methods rely on mono culturing in a static manner on 

polystyrene plates with a steady supply of nutrients and oxygen. However, 

many organs are dynamic and have a specific biophysical environment 

specific to their function, which greatly differ from the stiff and flat environment 

offered by conventional culture plates. Examples comprise: i) an air-liquid 

interface characteristic of the lungs to control carbon dioxide and oxygen 

exchange from the inhaled air [167]; ii) the necessity to apply a load to bone, 

which is otherwise remodeled [168]; iii) the critical need for oxygen in the 

kidney with specifically the proximal tubule cells requiring large amounts of 

oxygen in order to facilitate sodium transport [169], to mention a few. 

Therefore, some studies aim at mimicking a specific local biophysical 

environment to maturate their scaffolds. For example, Munir et al. compared 

adipose-derived stromal cells cultured under 21% O2 or 5% O2 and confirmed 

that a reduced oxygen tension mimicking native cartilage conditions increased 

the deposition of cartilage specific markers such as SOX9 and collagen type 

II [170]. Besides, also the hypertrophic cartilage marker collagen type X 

decreased, indicating that the formed cartilage in reduced oxygen conditions 

is neither fibrocartilage nor hypertrophic. Doryab et al. mimicked the natural 

lung environment in multiple ways [171] (Figure 10). During the study, 

epithelial cells were cultured on top of a PCL gelatin membrane, which was 

lifted to create an air-liquid interface. The resulting membrane was then 
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stretched to mimic also the natural condition in the lung. The results showed 

that under dynamic physiological culturing the formation of cell-cell tight 

junctions was increased compared to static culture conditions, as shown by 

the presence of Zonula occludens-1 (ZO-1). Stretching the samples beyond 

physiological conditions led to a decrease in tight junction formation, as well 

as an increase in apoptosis because of a lower cell number after stimulation. 

A different study performed by Pennings et al. used a custom-made bioreactor 

to mature a bioengineered vascular graft [172]. The results showed that under 

dynamic culturing conditions the endothelial cells had a higher expression of 

the endothelial markers vascular endothelial cadherin (VE-cadherin) and 

cluster of differentiation 31 (CD31). Shear stress-induced genes 

cyclooxygenase-2 (COX-2) and Krüppel-like Factor 2 (KLF2) were also highly 

expressed when subjected to flow. A recent study, however, showed that 

dynamically overstimulating scaffolds increased the expression of 

inflammatory markers [173]. Takeda et al, dynamically stimulated cartilage 

cells in a collagen hydrogel, which was entrapped in a collagen sponge, and 

found that inflammatory and cartilage matrix-degrading enzymes ADAM 

Metallopeptidase With Thrombospondin Type 1 Motif 4 (ADAMTS4), 

Interleukin 1 (IL-1) and matrix metalloproteinase-3 (MMP3) were upregulated 

when the cyclic load was at a physiological load of 40 kPa or 10% deformation 

as compared to the no loading or only 20 kPa loading. In addition, reactive 

oxygen species accumulation was observed when samples were dynamically 

loaded. When the antioxidant pyrrolidine dithiocarbamate (PDTC) was 

administered during mechanical loading, the upregulation of ADAMTS4 and 

IL-1 receptor was no longer observed, thus partially compensating for the 

overloading conditions. 
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Figure 10. (A) Schematic illustration of mimicking the natural environment of a lung by 
stretching the scaffold and using an air-liquid interface to further maturate the cells. (B) 
ZO-1 expression in respiratory epithelial cells in (left) static condition, (middle) cyclic 
stretch at 21% strain and (right) cyclic stretch at 35% strain [171]. Scale bar represents 
20 µm. 

Mimicking a complex environment of a tissue is not an easy task, since 

multiple elements could play a role in the environment. For example, in 

articular cartilage a complex anisotropic loading plays an important role 

besides low oxygen tension and different osmolarity of the local 

microenvironment [174] [175]. In vascular networks, the blood flow through 

the vessel lumen is regulated dynamically by the autonomic nervous system 

to contract or dilate [176]. Mimicking the local biophysical conditions and 

properties of the microenvironment of a tissue plays a key role in biological 

biomimicry and can help further tissue maturation.  
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4.3 Growth factors 
Growth factors are important in the natural regeneration process and are 

therefore widely used in regenerative medicine [177]. The general use for 

these growth factors is to enhance the natural healing process or to stimulate 

the differentiation of cells towards the targeted tissue (or organ) of interest. 

For example, Li et al. used nerve growth factor (NGF) to promote peripheral 

nerve regeneration [178]. Heparin was used to load NGF in chitosan scaffolds, 

resulting in an increase in initial Schwann cell attachment and proliferation 

after 5 days of culture. In addition, the number of neurites formed by the 

Schwann cells was increased in the presence of NGF. Instead of using 

heparin to load growth factors via electrostatic interactions, Park et al. 

chemically immobilized a Bone morphogenetic protein 2 (BMP-2) mimetic 

peptide in a click-crosslinked hyaluronic hydrogel [179] (Figure 11). The 

bioactivity of the biomimetic BMP-2 peptide showed similar results to BMP-2 

supplemented medium condition, as seen by ALP and bone specific markers 

osteonectin and osteocalcin expression. Because of the chemical 

immobilization, the release of BMP-2 was more controlled over a longer period 

of time instead of an initial burst release. This in turn led to a more effective 

osteogenic differentiation. A different strategy was applied by Rezaii et al., 

who used curcumin nanoparticles incorporated in collagen-chitosan scaffolds 

to regulate the release of Transforming growth factor beta 1 (TGF-β1) and 

Smad7 for wound healing [180]. TGF-β1 is known to enhance extracellular 

matrix production and Smad7 is an inhibitor of the TGF-β family. The results 

of the in vivo study showed that with the addition of the curcumin 

nanoparticles, the mRNA expression of TGF-β1 and Smad7 were upregulated 

after 3 days. This upregulation was no longer observed after 15 days and the 

wound area was significantly reduced. TGF-β1 expression is known to 

decrease when the wound is closed, indicating that the particles decreased 

the duration of wound closing [181].   
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The addition of growth factors to promote regeneration is not valid for all 

cases. This was shown by Pan et al. by blocking a growth factor receptor to 

promote meniscus fibrocartilage formation [182]. During the study, an 

epidermal growth factor receptor (EGFR) inhibitor was injected in vivo at the 

implantation site of a collagen type I scaffold. After 16 weeks, the scaffolds 

injected with the EGFR inhibitor showed a similar matrix to that of a healthy 

meniscus, as observed from Safranin-O staining for GAG production. In 

addition, there was more collagen type II expression in the scaffolds with 

EGFR inhibitor and had a lower Mankin’s score, which is used to grade 

osteoarthritis.  

 

Growth factors are vital in normal tissue morphogenesis and function, which 

makes adding them an interesting approach for biological biomimicry. 

However, uncontrolled or prolonged release of growth factors are associated 

with multiple forms of cancer [183-185]. Another issue is that simply adding 

the growth factors to a scaffold in vivo would result in a systemic response. 

Therefore, growth factors controlled release or immobilization is needed in 

designing bioactive scaffolds [186]. Even though the addition and release 

profile of growth factors to a scaffold is complex to control, it remains a viable 

strategy for biological biomimicry. 

 

4.4 Decellularized tissue for hydrogels 
Unlike the previously discussed use of decellularized ECM to mimic the tissue 

morphology, in this section decellularized ECM is discussed as bulk material 

for hydrogels and bioinks to mimic the biological microenvironment. For 

example, Seo et al. exploited a supercritical CO2 ethanol (EtOH) treatment to 

decellularize heart tissue, which was then combined with collagen type I and 

used as an injectable hydrogel [187]. As comparison for the supercritical CO2 

EtOH, a common SDS Triton X-100 detergent based method was used. Both 

methods proved to remove the DNA, but hematoxylin and eosin staining 

showed that the supercritical CO2 EtOH treatment was better at retaining the 
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collagen bundles of the native tissue. GAG and Collagen contents were better 

preserved, in addition to retaining Fibroblast growth factors (FGF), vascular 

endothelial growth factor B (VEGF-B) and platelet factors. The decellularized 

ECM was able to form a gel. Finally, subcutaneous injection for 3 days showed 

that the supercritical CO2 EtOH treated gels improved neovascularization as 

compared to the detergent based gels. Another study by Lewis et al. used 

decellularized liver ECM to create hydrogels for bile duct regeneration [188]. 

The results showed that increasing the concentration of decellularized liver 

ECM also increased the stiffness of the gels from less than 50 Pa at a 

concentration of 2 mg/mL to just below 1000 Pa at 20 mg/mL. Cholangiocytes 

cultured in the 2 mg/mL gels showed the highest amount of 

branchingstructures, thus indicating that the soft hydrogels allowed the 

infiltration and migration of cells, in turn resulting in better tissue 

morphogenesis. A lower concentration, however, could not be obtained due 

to the mechanical stability of the gel. In addition, the cholangiocytes were 

capable of forming complex duct formations after 7 days of culture. A different 

approach performed by Toprakhisar et al, was to use decellularized tendon to  

form a bioink for bioprinting [189]. The decellularization process proved to be 

successful in removing 97% of the DNA. The decellularized ECM was 

composed mostly out of collagen type I, whereas other proteins such as 

fibromodulin and prolargin at much smaller concentrations. In addition, during 

the decellularization process the collagen band patterns remained intact and 

could be used as a bioink for bioprinting. An additional bioprinting approach 

done by Ali et al. used decellularized kidney that was photo-crosslinkable 

[190] (Figure 12). The decellularized kidney ECM was chemically modified 

through a methacrylate reaction that allowed the ECM to crosslink under 

ultraviolet light exposure. The results showed that growth factors such as 

BMP-7, epidermal growth factor (EGF), NGF-1 and TGF-β1 remained active 

even after methacrylation. The results showed that the bioink was able to 

create a 16-layered scaffold that did not dissolve after 7 days unlike the 

unmethacrylated decellularized ECM, which dissolved within 1 day after 
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printing. Even after 2 weeks of culture bioprinted primary human kidney cells 

maintained their tubular marker Aquaporin-1 (AQP1).   

 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

Figure 11. (A) Schematic of using a mimetic protein that attaches to a hydrogel. Adding 
growth factors to boost the growth of a newly implanted scaffold. (B) ALP staining 
during the osteogenic differentiation of stem cells (left) in culture medium (control) or 
osteogenic medium containing BMP-2 or biomimetic BMP-2 (BP) and Osteonectin 
expression (right) [179]. Scale bar represents 500 µm. 

Using decellularized tissue as hydrogels or bioinks to recreate the targeted 

tissue biological microenvironment is a topic that many researchers pursue 

[191-193]. However, as mentioned earlier, some challenges need still to be 
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tackled when using decellularized ECM, such as the removal of chemical 

remnants and the immunogenic response and the possible loss of valuable 

ECM components [137-139]. In addition, the ECM of various tissues is highly 

complex, organized and anisotropic, which when pulverized and blended to 

make an homogenous hydrogel will most likely lose this organization [194-

196]. Summarizing, using decellularized tissue as bulk material is a valuable 

strategy to biologically mimic the complex cellular microenvironment, though 

an exquisite balance between retaining the ECM structural properties and 

bioactivity is needed. 

 
Figure 12. Using decellularized ECM as base material for scaffolds to mimic the 
natural environment. (B) Histological sections of a native porcine kidney before and 
after the decellularization process (left) and the scaffold printed with the ECM based 
bioink (right) [190]. Scale bar represents 200 µm. 

 

 

 



Chapter 2 

51 

 

5. Future outlook 

This review provides an overview of the biomimicry strategies used in tissue 

engineering. Three main categories on which biomimicry criteria are pursued 

when designing scaffolds for tissue regeneration: mechanical, morphological 

and biological biomimicry. Each of these categories are important on their own 

and understanding how to mimic one aspect can give valuable insights on 

successfully regenerating a tissue. It is important to note that these 

subdivisions are not mutually exclusive to each other. Certain strategies or 

changing a single parameter can influence multiple forms of biomimicry. For 

example, the mechanical properties are influenced by changing the bulk 

material. Likewise, a different biological response would be implicitly expected 

[197]. Another example comes from decellularized tissues where the 

morphology is retained, but can also trigger a biological response due to 

growth factors or ECM components left after the decellularization process 

[132].  

 

Strategies for mechanical biomimicry have undergone a lot of development 

over the last years. New materials have been created or modified to alter the 

mechanical properties [198, 199], the geometrical complexity of the scaffolds 

have been increased [200] and complex mechanical behavior has been 

introduced and studied [201, 202]. Future development for mechanical 

biomimicry should focus, in our opinion, on four subjects that when combined 

could create a successful mechanically mimicking scaffold. First, new 

materials should be developed and characterized, thus leading to expanding 

the palette of potential candidates for scaffold fabrication. The second focus 

point is the development of new biofabrication techniques that allow the 

creation of higher resolution scaffolds and more complex designs. In line with 

this, thirdly the role of scaffold design with respect to the mechanical 

properties of the scaffold should be studied more in depth and correlated to 

the biological effects that are observed. Finally, researchers should focus on 
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what happens to the mechanical properties of the scaffolds, and consequently 

of the biological constructs, over time. The scaffold will be remodeled over 

time and little is known of what happens to the mechanical properties after 

longer periods of in vivo culture and post in vivo implantation. Combining this 

knowledge could ultimately lead to the development of scaffolds that are 

tailored to the specific patient needs with a combination between the 

biomaterial used and the structural design that mimics the mechanical 

properties of the native tissue. 

 

Also morphological biomimicry has undergone a lot of advances in terms of 

morphology [203, 204], improved decellularization protocols [205], better 

templating techniques [150], improved biofabrication techniques such as 

single cell bioprinting that can accurately deposit single cells [206]. This could 

lead to the fabrication of small tissues mimicking the cellular organization of 

the native tissue. Future developments could look into how to create large-

scale biological constructs, specifically on how to vascularize and innervate 

them with the final goal of improving tissue integration and homeostasis after 

implantation. Many of the currently fabricated scaffolds, and hence biological 

constructs, are made on small scale. This brings a potential problem since the 

vascularization of small scaffolds is often neglected and not needed, although 

for clinically relevant defects it is the main requirement for success. Working 

out these obstacles would prove beneficial in creating a morphologically 

mimicking scaffold. 

 

Many of the strategies that focus on biological biomimicry have improved, 

such as providing alternatives to static cultures [207, 208], improved 

understanding of the dynamic environment [209, 210] and enhancing cell 

scaffold interactions [211, 212]. Future development for biological mimicry 

should be focused on the dynamic culturing of scaffolds to standardize testing 

conditions. Further developments on bioreactors to make them more readily 

available at affordable costs should aid in creating a standardized dynamic 
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culture protocol for each tissue. Cell-material interactions should be further 

studied to increase the level of communication between synthetic and 

biological matters in order to reach a better functionality of the engineered 

tissue. In relation to decellularized ECM, it will be also important to achieve 

decellularization protocols able to avoid an immune response while keeping 

the ECM components. Solving these issues all together could aid in the 

fabrication of a scaffold that biologically mimics the native environment. 

 

A future roadmap for the development of a fully biomimicking scaffold should 

not just focus on a single aspect of biomimicry. A more holistic approach 

towards biomimicry should be already conceived from the material 

development stage. We should also focus on how to get the morphology right, 

how to create a scaffold that is on scale of the native tissue, taking into 

consideration the multiscale properties of the targeted tissue, and how to 

tackle vascularization and innervation. In addition, to further mature and 

minimize the gap between in vitro and in vivo, the dynamicity of the local 

cellular environment should be recreated in vitro as close as possible to that 

of the native tissue. It is important to note that a lot of progress has been made 

in the development of a biomimicking scaffold and certain strategies are 

already at the preclinical evaluation stage in several animal models [213, 214].  

 

A contradicting question arises whether how important it is to create a scaffold 

that fully mimics all aspects which after implantation are remodeled over time, 

or in other words how close should a scaffold mimic a tissue to achieve an 

optimal repair after implanted. If we learn from autologous tissue transplants, 

such as the reconstruction of the pharynx of cervical esophagus using the 

jejunum with success rates between 80 and 90% [215]. Though, the epithelial 

cells of the jejunum have a different function [216] and the general morphology 

is different [217, 218]. A similar example is transplanting the saphenous vein 

for arterial reconstruction, it seems that only a resemblance is needed [219]. 

Yet, the saphenous vein has weaker mechanical properties compared to an 
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artery [220], has a thinner tunica media layer and not a smooth tunica intima 

[221] and the pressure and flow under physiological conditions is much lower 

[222], which account for a 58% survival rate in patients 5 years post-

implantation. Despite the tremendous advances achieved so far, there is still 

a lot of room for improvement. One of these improvements could be a graft or 

scaffold that better mimics the original tissue. This was also shown in a 

coronary artery bypass graft [223]. In this study the replacement of the 

coronary artery with the radial artery had an improved outcome over the 

saphenous vein as revealed by the meta analyses, indicating that it is 

important to mimic the original tissue as close as possible for the best 

outcome.  

 

6. Conclusion 
Mimicking only one aspect of biomimicry proofs to be a challenge, whether it 

is to obtain the correct mechanical properties for a mechanically complex 

tissue such as bone [224], mimicking the exact structure and organization of 

a liver [225], or replicating the complex kidney environment for each kidney 

cell type [226]. To fully mimic all these aspects presents an outstanding 

challenge unattainable with our current knowledge. However, over the years 

research on biomimicry has improved from the early reports from Otto Schmitt 

in 1957 to biologically mimic the electrical action of a nerve [227] to complex 

hydrogel yarns that align cells, mimicking the native architecture of tendons 

[228]. For regenerative medicine, biomimicry is important in order to 

manufacture a fully functioning tissue or organ. Whenever a strategy 

successfully employs mechanical, morphological and biological biomimicry, a 

fully functioning regenerated tissue should be expected. 
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Abstract 
The goal of tissue engineering and regenerative medicine (TERM) is to repair 

damaged organs or tissue, thus restoring functionality and biological activity. 

As the recreation of this complex environment is highly tissue dependent, 

strategies aiming at creating a biological construct that could mimic this 

environment, including the extracellular matrix architecture, are highly 

desired. While biofabrication technologies have been able to mimic tissue 

organization, the majority of biofabrication approaches present a woodpile or 

honeycomb structure design regardless of the final tissue application. This 

woodpile filling pattern is a result of a slicing software that generates lines of 

machine language called G-code. Ultimately the G-code dictates how the 

scaffold is built up. Expanding upon such simple architectures would enable a 

higher degree of biomimicry that can be tailored to the specific needs of a 

targeted tissue. This study focused on creating a methodology to create 

complex printing patterns based on fractal designs, Penrose tilings and 

Cartesian coordinate equations. In addition, the effects of different loading 

regimes within each design were tested and explored to replicate potential 

suturing positions within the scaffolds. Seven different patterns in multiple 

configurations and loading regimes were tested. The mechanical properties of 

the fabricated scaffolds ranged from flexible patterns with a Young’s modulus 
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of 1 MPa suitable for skin tissue engineering to stiff patterns with a Young’s 

modulus of 100 MPa suitable for bone tissue engineering. In addition, the 

results showed that different loading regimes can have a major influence on 

the stress-strain curve of the architected scaffolds as well as on the 

morphology of the scaffolds during mechanical stimulation. These results 

highlight that with simple G-code editing, it is possible to create a whole variety 

of new patterns for multiple applications such as skin, heart, tendon and bone.  

 

1. Introduction 
The ultimate goal of tissue engineering and regenerative medicine (TERM) is 

to restore the function of a damaged or diseased organ [1]. In order to achieve 

this goal, a combination of cells, biocompatible materials or biochemical cues 

is typically applied to create a tissue substitute. Many researchers have 

attempted to recreate the microenvironment of a tissue or organ by tweaking 

materials to mimic the mechanical properties of the targeted native tissues [2, 

3] or by designing three-dimensional (3D) scaffolds that could offer suitable 

supports to cells with appropriate mechanical properties by varying, for 

instance, their architecture [4]. Examples comprise tendon, skin, muscle or 

interfacial tissues, among others [5-7]. However, biomimetic constructs 

remain a challenge due to the biological, physicochemical, and mechanical 

complexity and various structural differences between tissues and organs of 

our body [8, 9]. Specifically, the mechanical properties can vary significantly 

from soft and flexible tissues, such as skin, to stiff tissues, such as bone [10, 

11]. Therefore the scaffold design should be tailored to the specific 

application. It is known that having a mismatch in mechanical properties often 

leads to graft failure [12, 13]. In addition, cells sense and are influenced by 

mechanical cues, which might actively steer tissue regeneration by providing 

dynamic mechanical loading [14]. The mechanical cues of the scaffolds are 

also influenced by the design [15]. In addition, these scaffolds have to be 

transplanted in vivo, the majority of which by sutures [16], which in turn can 
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also have an influence on the loading regime on the scaffolds [17]. Therefore, 

creating a scaffold that has the right mechanical properties and gives the 

correct mechanical cues to stimulate cell activity is essential in TERM.  

 

Many biofabrication technologies able to create complex scaffolds are 

available. One such is fused deposition modeling (FDM), a technique within 

the additive manufacturing (AM) pool of technologies that has existed for 

decades and is widely used in TERM [18-20]. The basic principle of FDM is 

that a material is extruded through a nozzle and deposited in the form of fibres 

on a collecting plate [21]. The first step in the manufacturing of a three-

dimensional (3D) object is to generate a 3D model using computer-aided 

design (CAD) software [22]. This model is then processed in a slicing software 

that converts the 3D object into layers with outer boundaries [23]. These outer 

boundaries will limit the filling pattern generated for each layer, in which the 

default and sometimes only option is the continuous meandering of parallel 

lines. When stacked with a rotation of 90 degrees, these lines result in a 

woodpile structure. All filling patterns calculated for each layer are then 

converted into G-code, which is the machine language for most FDM systems 

[24]. The majority of the G-code is a list of numerical coordinates that the tool 

head will follow line by line and is similar for every system [25]. This limited 

pattern generation restricts the freedom required to replicate the different 

morphologies present in each tissue [26-28]. It is known that cells react to 

different scaffold architectures and respective mechanical behaviour, which 

stresses the need for the creation of complex patterns capable of mimicking 

the aimed tissue architecture and of influencing cell activity while new tissue 

is formed [29, 30]. Hence, the fabrication of scaffolds with more complex 

designs able to better mimic the biomechanical microenvironment of our 

tissues remains limited. Recent advances made it possible to both print fibres 

of less than 100 µm [31] and use different collecting surfaces [32, 33]. The 

technique allows the freedom to print almost any kind of pattern that is 

available. Yet, the majority of studies for the fabrication of scaffolds in TERM 



Chapter 3 

73 

 

utilizes a woodpile or honeycomb design based on parallel meandering lines 

stacked in a different angle per layer regardless of the final application [3, 34]. 

 

As a promising alternative, scaffold architecture can be modulated by editing 

the G-code of the chosen AM system, where more complex shapes with 

different morphology and mechanical properties could be fabricated [35]. The 

possibility to create more complex patterns requires the development of 

custom computational scripts to generate ad-hoc deposition or filling patterns. 

The resulting patterns can be generated through multiple methods such as 

creating space-filling fractals using the Lindenmayer system (e.g. Hilbert's 

curve, Moore's curve, Peano's curves, Sierpiński's curve and Gosper curves), 

alternative tilling methods such as the Penrose tilling or Cartesian coordinate 

equations. Each of these could potentially replicate natural patterns observed 

in several tissues in the body, such as the fractal organization of bone [36], 

the concentric circle patterns of intervertebral discs [37], the spiral 

organization of the muscle bands in the myocardium [38, 39] or the sine-wave 

collagen fibril bundles of the tendon [40]. 

 

The Lindenmayer system or L-system is often used to generate fractal-based 

scaffolds [41]. The L-system generates a string of letters that can be converted 

into a set of commands for a moving object to follow. By communicating the 

current position of that moving object, the Cartesian coordinates can be 

extracted to generate a printing pathway. Another method is to convert the 

Ammann bars formed when lines are drawn on tiles, all connecting in sets of 

parallel lines in order to create the correct tiling. Amman bars of any tiling set, 

such as Penrose tiling, can be converted into G-code [42]. A final method is 

by knowing the Cartesian coordinate equations to generate both X and Y 

coordinates [43]. Successful examples to generate these structures are 

spirals, circles and sine waves [44].  
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The aim of the study was to develop a simple methodology that could be 

largely adopted to generate more complex printing patterns using the 

aforementioned methods. The final printed patterns were characterised by 

morphology and mechanical properties. A finite element model was used to 

simulate the stress distribution through the designed scaffolds. Finally, the 

effect of different loading regimes was tested to replicate potential suturing 

positions within the scaffolds. We found that all designs were printable, with 

the 0-90 woodpile design having the highest Young’s modulus and the Gosper 

curve the lowest with a factor 100. Together, our observations argue that a 

whole new series of patterns can be created using the methods described in 

this study. 

 

2.  Materials and methods 
2.1 Scaffold Fabrication 

Poly(ε-caprolactone) (PCL) (Mn 45.000, Sigma-Aldrich, USA) was used to 

fabricate scaffolds via FDM using a Bioscaffolder (SysENG, Germany). 

Briefly, pellets of PCL were placed in a stainless-steel syringe and heated to 

110 °C. Nitrogen with 4 bar of pressure was used to force the molten polymer 

to the extrusion screw, which was set at a constant rotation speed of 45 rpm. 

A 25G nozzle (260 µm internal diameter) was used for extrusion. The layer 

thickness and speed was kept constant at 180 µm and 400 mm/min, 

respectively. Gripping extensions were printed on all the scaffolds for 

mechanical analyses. 

 

2.2 Fractal-based scaffold design 
A script was written in Rhino 7 Grasshopper (Rhino 7, Version 7.22) that 

produces fractal patterns using an L-system. The variables, axiom, production 

rules, fractal generation, rotation of each layer and the number of layers could 

be varied in the script. The parameters for each design depended on the 

fractal (Figure 1). The scripts gave as output a set of polylines that were 
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converted using a second script into G-code that was compatible with the 

printer. In total, five different fractal designs were used to print six different 

scaffolds, as the Hilbert curve can be stacked in two different configurations. 

As a reference, a 0-90 woodpile structure was printed, where each 

meandering layer is rotated at a 90° angle. The fiber distance was set at 800 

µm for both the fractals and 0-90 woodpile structure. 

  
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 1. Overview of the design parameters of the 5 fractal-based scaffolds.  
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2.3 Penrose tiling pattern design 
The Penrose kite and dart tilling pattern with predefined Ammann bars were 

created (Figure 2A) using a Grasshopper written script. The Ammann bars on 

each individual kite and dart tile have to be connected in order to form an 

infinite Penrose tiling pattern. The Ammann bars that are generated form 

parallel lines with five different slopes. A set of Ammann bars from the same 

layer with the same slope was highlighted and connected with each other 

creating a meander with a different pattern of fiber spacing between each 

other. There are numerous variations of spacing patterns but for this study 

only three were selected and studied. The spacing ratio between the long (L) 

and short (S) spacing was equal to the golden ratio (φ ≈ 1.62). A pentagonal 

outline was projected around the fibers as boundary condition. Five layers of 

each design were printed, stacked on top of each other, rotated 72° between 

each subsequent layer. Three different versions were created, denoted by L 

or S spacing between fibers, and tested (Figure 2B–D).  

 

2.4 Cartesian coordinate scaffold design 
Cartesian coordinate equations were used to generate a spiral (Eq. 1 and 2) 

using a Python 3.7 script, with r being a multiplier for the radius of the spiral 

and φ the angle that the spiral makes. Each spiral was then rotated 45° until 

eight spiral arms were generated (Figure 3). Finally, a fiber was generated to 

connect the spiral arms for mechanical stability. These connections were 

made after every defined iterations of both X and Y coordinates of the spiral. 

A small number of iterations results into an abundance of supporting fibers 

and thus a loss of porosity while a large number of iterations translates in 

fewer supporting fibers and thus a loss of support for the next layers. In this 

example, 30 connections were chosen to maintain porosity while still providing 

a support for the next layers. 
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Figure 2. Schematic overview of the generation of the Penrose tilling pattern with long 
(L) and short (S) spacing between the fibers of each layer (A). (B–D) Three different 
designs of Penrose tiling, LLSLSSSS (B), LLSSSLSS (C), SSLLSSSL (D), with the 
single layer design showing the distances between fibers on the left and a rendered 
version of the full scaffolds on the right. 
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Figure 3. Generation of the spiral pattern using Cartesian coordinate equations. On 
the left panel a single spiral arm, the middle panel 8 arms of the spiral and the right 
panel the full scaffold with connecting fibers. 

 
Equation 1. 𝑋 = 𝑟 𝑐𝑜𝑠 (𝜑) 
Equation 2. 𝑌 = 𝑟 𝑠𝑖𝑛 (𝜑) 

 

2.5 Scaffold characterization 
Stereomicroscopy (SMZ25, Nikon instruments) with a dark field illuminator 

(Nikon instruments) was used to analyse the manufactured scaffolds. In 

addition, the fibre diameter was measured and the morphology of the scaffolds 

was assessed (Table 1). The data from the fibre measurements were used to 

generate an equivalent 3D model of the scaffold to calculate the bulk volume. 

The volume of the scaffolds was calculated by measuring the weight and using 

the density of PCL. The porosity of the scaffolds was calculated by subtracting 

the volume of the scaffolds from the bulk volume.  

 

2.6 Mechanical characterization 
Mechanical characterization was performed on a mechanical tester 

(ElectroForce, TA instruments) with a 45 N load cell (ElectroForce). Custom-

made clamps were used to match the shape of the scaffolds during tensile 

test. These custom clamps were fabricated using a milling machine (Roland 

SRM-20) using polycarbonate. Parafilm® M (Heathrow Scientific) was used 
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at the clamps to prevent slippage during the test. Due to the various lengths 

of the designs, each tensile test was performed up to a total of 100% strain or 

until failure with a rate of 1% strain per second. The tensile tests were 

recorded with a camera (DMC-G3, Panasonic, The Netherlands) with a 

macro-lens (Panagor 90mm f2.8, Komine, Japan). Images and videos were 

analysed using ImageJ (Version 1.52p, NIH) and Adobe Premiere Pro 

(Version 12.0, Premiere Pro CC 2018). The obtained force displacement 

values from the mechanical tester were converted to stress and strain. The 

Young’s modulus was defined as the linear part of the stress-strain curve. The 

yield strain and strength were calculated where the stress-strain curve were 

no longer elastic. The resilience was defined as the area under the curve until 

the yield point and the ultimate strength was set at the maximum force failure. 

The ultimate strain was calculated at the failure point and the toughness was 

defined as the area under the curve until this failure point. If the scaffolds did 

not fully break before 100% strain, then these values were not calculated.  

 

2.7 Finite element modelling 
3D CAD models were generated with Rhino 7 based on the G-code. The CAD 

models were imported in a finite element model software (COMSOL 

Multiphysics, Version 6.0). The model was fixed at one extremity of the 

scaffold and at the opposite extremity was strained up to 100%, and 

simulations were performed in steps of 5% strain. The von Mises stress were 

plotted along with the displacement. 

 

2.8 Statistics 
Statistical analyses was performed with GraphPad Prism 8.1.2. Significant 

differences were tested using an ANOVA test with a Tukey post-hoc test. The 

tests were considered significant when p<0.05. 
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3.  Results 

3.1 Scaffold design and printing 
Seven different designs were printed (Figure 1–3). Briefly, the scaffolds were 

fabricated through FDM using a nozzle of 260 µm in diameter with PCL as 

printing material. The morphology of each scaffold design was assessed 

(Table 1), which showed that they all had similar porosity.  

 

3.2 Tensile testing 
Additional gripping extensions were printed at the edges of the scaffolds for 

tensile tests. The position of the clamps were varied within the scaffold to 

simulate different loading regimes and assess whether the location made a 

difference in mechanical behaviour. The mechanical assessment was 

performed in the X or Y plane of the scaffold.  

 

3.1 0-90 Woodpile structure 
The woodpile design has been the main design by many studies that use any 

FDM system [45-47], likely because it is either the default or the only design 

in many of the slicing software available. In addition, from a fabrication point 

of view, it is also one of the simpler design to create as the straight fibres are 

the longest with the fewest turns possible per layer. This feature is important 

as some materials require more time for a constant flow rate directly after 

deposition [48, 49]. The main parameter that can be adjusted within this 

design is that the angle of each layer is changed [50]. Each layer of the 

woodpile structure is generated by creating a set of parallel lines with equal 

distance between them. The layers are stacked and rotated from each other 

by a given angle and repeated until the full scaffold is fabricated. This study 

focussed on the woodpile design that was created by rotating each 

subsequent layer by 90° (0–90 woodpile). As expected, stereomicroscopy 

images revealed that the square shaped pores were all equal in size  
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throughout the scaffold (0.29 ± 0.01 mm2) (Figure 4A). The fibre diameter was  

consistent through the scaffold at 266.4 ± 7.0 µm and the porosity was 73.3 ±  

0.1%. Three different sets of gripping extensions were fabricated; (1) over the 

entire length of the scaffold (full), (2) at the centre of the scaffold (inner) and 

(3) at the edge of the scaffold (outer). The mechanical data revealed that the 

Young’s modulus, yield strain, yield strength and resilience were significantly 

higher with the full clamps (Figure 4B, Table 1). The scaffolds with the inner 

and outer gripping broke at the clamping sites, while the other scaffold areas 

remained intact. This observation was also confirmed by the finite element 

  
 

 

 

 

 

 

 

 

 

 

 

 

 
Figure 4. 0-90 woodpile design. Stereomicroscopy image of the 0-90 woodpile design 
(A). Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test 
(C). Finite element model with the left panels the unstimulated scaffold, the middle 
panel and right panel the displacement and von Mises stress respectively and 10% 
strain (D). Scale bar represents 500 µm. 
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model where the edges and the centre of the scaffolds showed no stress in 

the inner and outer clamped scaffolds, respectively (Figure 4D). This trend is 

most likely due to the stress being focused at the gripping positions and limited 

fusion area between the gripper and the scaffold. The shape of the pores 

deformed from square to rectangular with increasing strain, which was 

especially noticeable in the scaffolds with the full clamp. 

 
Table 1. Mechanical properties of the 0-90 woodpile structure with various clamping 
positions. Values represent average ± standard deviation. * Statistical significance 
p<0.05 compared to the other two conditions. + No standard deviation available as this 
is based on a single sample.  

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilien
ce 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

0-90 
woodpil
e 

Full 131.5 ± 
11.3* 

0.030 ± 
0.011 

3.3 ± 
0.6* 

0.047 ± 
0.018* 

No 
failure 

No failure 

Inner 75.9 ± 
2.9 

0.019 ± 
0.005 

1.6 ± 
0.1 

0.019 ± 
0.002 

0.49 ± 
0.22 

1.34 ± 
0.76 

Outer 80.1 ± 
5.0 

0.014 ± 
0.001 

1.6 ± 
0.1 

0.019 ± 
0.001 

0.58+ 1.58+ 

 

The 0-90 woodpile design was also one of the stiffer designs tested as the 

fibres were fully stretched and directed parallel to the applied strain. Other 

studies also revealed that the 0-90 woodpile structure display a stiff pattern 

[50, 51]. These studies, however, often performed compression tests in the Z 

direction. 

 

 3.2 Fractal-based scaffolds 
The printing pathway for space-filling, fractal-based scaffolds was generated 

through an L-system, which uses a simple set of rules to generate a fractal 

design, and depending on the rules, the base fractal changes. In this study, 

Grasshopper was used to generate the printing fillings. Other software such 

as Python could also be used to generate strings of text using an L-system 

[52]. 
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3.2.1 Hilbert 90 
The Hilbert curve is the most commonly used space-filling fractal [53]. In this 

study, a 3rd generation Hilbert curve was used and each layer was stacked at 

a 90° angle. Analysing the morphology of the scaffolds revealed that the pore 

sizes were not equal throughout the scaffolds (Figure 5A). Four large 

rectangular pores were located at the edges of the scaffolds and faced 

towards the centre (0.20 ±0.02 mm2) while a three by three grid of small pores 

were located at the corners (0.05 ±0.04 mm2). Fibre diameter throughout the 

scaffolds was 293.8 ± 39.4 µm and the porosity was 73.8 ± 0.6%. The stress 

strain curves revealed that the samples with a full grip and an outer grip were 

similar, while the inner grip extension was different with an additional inflection 

point at around 0.02 strain (Figure 5B). For this case, the fibres present in the 

middle of the scaffolds failed primarily followed by the ones farther from the 

centre of the scaffolds as shown in the time-lapsed snapshots (Figure 5C). 

This observation was further confirmed by the modelling as the middle fibres 

take up most of the von Mises stresses (Figure 5D). Samples with an inner 

grip extension also showed significantly lower Young's modulus and yield 

strength as well as lower (but not significant) resilience (Table 2). The yield 

strain between the different conditions was similar. 
 

Table 2. Mechanical properties of the Hilbert 90 design with various gripping positions. 

Values represent average ± standard deviation. * Statistical significance p<0.05. 

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Hilbert 
90 

Full 113.3 ± 
3.9* 

0.017 ± 
0.001 

2.3 ± 
0.1 

0.027 ± 
0.001 

No 
failure 

No failure 

Inner 69.8 ± 
1.3 

0.015 ± 
0.004 

1.4 ± 
0.1* 

0.017 ± 
0.001 

No 
failure 

No failure 

Outer 89.4 ± 
14.1 

0.021 ± 
0.008 

2.2 ± 
0.3 

0.031 ± 
0.011 

No 
failure 

No failure 
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Figure 5. Hilbert 90. Stereomicroscopy image of the Hilbert 90 design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 10% strain 
(D). Scale bar represents 500 µm. 

3.2.2 Hilbert 180 
The Hilbert curve with a layer rotation of 180 degrees can be mounted in the 

X direction (Hilbert 180X) and Y direction (Hilbert 180Y). The X and Y direction 

both had the same architecture with a long stretching pore (2.05 ± 0.12 mm2) 

right through the middle of the scaffolds dividing the scaffolds in half and 

another set of large pores (1.03 ± 0.08 mm2) that separate those halves in 

quarters (0.11 ± 0.02 mm2), effectively creating three different pore types 

(Figure 6A and E). The porosity for both configurations was 75.1 ± 0.7% with 
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an average fibre diameter of 287.4 ± 64.7 µm. Even though the morphology 

was the same between the Hilbert 180X and 180Y, the outer grips for the 180X 

and the inner grip for the 180Y samples created a rotation in each of the 

quadrants (Figure 6D and G). This rotation was most likely caused by the fact 

that the gripping position was not in the same line as the fibres that connected 

the halves of the scaffolds. This effect was not present when the gripping 

position was in line with the connecting fibres. This resulted in the 180X 

gripped clamped and the 180Y outer gripped samples to have similar 

mechanical properties as the full gripped versions. The full gripping position 

for both configurations had almost identical mechanical properties. An 

explanation could be that the total amount of fibres that contribute to the load 

was identical, highlighting that this is a key parameter for the mechanical 

properties within a scaffold. The stress strain curves of the Hilbert 180X design 

revealed that the outer clamped samples were substantially different from the 

inner and full clamps. For the Hilbert 180Y scaffolds, those with an inner 

gripping position had an additional inflection point in the stress-strain curves, 

right at the point where the large pore in the middle started to open up (Figure 

6G). For both Hilbert 180X outer and 180Y inner samples, the Young’s 

modulus and yield strength were significantly lower compared to their 

respective other clamped samples (Table 3). Resilience for 180X outer grips 

was also significantly lower. The simulations also revealed that the quadrants 

started to rotate in the 180X outer clamped samples, mitigating the von Mises 

stresses (Figure 6D). The finite element model also indicated that the 180Y 

scaffolds with inner gripping had an improved stress distribution with the 

lowest von Mises stress (Figure 6H). 
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Figure 6. Hilbert 180 design. Stereomicroscopy image of the Hilbert 180X design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 10% strain 
(D). Stereomicroscopy image of the Hilbert 180Y design (E). Representative stress-
strain curve (F). Time-lapsed snapshots of the tensile test (G). Finite element model 
with the left panels the unstimulated scaffold, the middle panel and right panel the 
displacement and von Mises stress respectively and 10% strain (H). Scale bar 
represents 500 µm. 
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Table 3. Mechanical properties of the Hilbert 180X and 180Y design with various 
gripping positions. Values represent average ± standard deviation. * Statistical 
significance p<0.05. 

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Hilbert 
180X 

Full 54.0 ± 
1.3 

0.016 ± 
0.002 

1.1 ± 
0.0 

0.014 ± 
0.001 

No 
failure 

No failure 

Inner 54.3 ± 
1.5 

0.013 ± 
0.001 

1.1 ± 
0.0 

0.014 ± 
0.001 

No 
failure 

No failure 

Outer 10.1 ± 
1.4* 

0.018 ± 
0.003 

0.2 ± 
0.1* 

0.003 ± 
0.001* 

No 
failure 

No failure 

Hilbert 
180Y 

Full 54.6 ± 
1.3 

0.016 ± 
0.002 

1.2 ± 
0.0 

0.014 ± 
0.001 

No 
failure 

No failure 

Inner 30.1 ± 
0.8* 

0.019 ± 
0.004 

0.8 ± 
0.1* 

0.010 ± 
0.002 

No 
failure 

No failure 

Outer 40.2 ± 
12.1 

0.016 ± 
0.001 

1.1 ± 
0.1 

0.010 ± 
0.003 

No 
failure 

No failure 

 

3.2.3 Moore curve 
The Moore curve is a different variant of the Hilbert curve with the start and 

end point at different positions [54]. Unlike the Hilbert curve, the Moore curve 

can only be stacked at an angle of 90° while still maintaining side porosity as 

the 180° stacking resulted in scaffolds with identical layers. Here, we 

investigated a 2nd generation Moore curve. The morphology of the Moore 

curve scaffolds revealed that there were large pores in the shape of a cross 

through the middle of the scaffolds (1.95 ± 0.10 mm2) (Figure 7A). The edges 

and the middle of the scaffolds had small pores (0.23 ± 0.04 mm2) that were 

separated by a ring of larger pores (2.09 ± 0.08 mm2). The average fibre 

diameter was 246.5 ± 34.7 µm and the porosity was 75.0 ± 0.1%. The stress 

strain curves showed that the full gripping position had a steeper slope 

compared to the inner and outer gripped conditions (Figure 7B). The Young’s 

modulus, yield strength and resilience were significantly higher in the full 

gripped samples (Table 4). Interestingly, the fibres failed in different places 

depending on the gripping position (Figure 7C and Figure S1): fibres that 

connected the top and bottom halves of the scaffolds failed in the full gripping 

condition, whereas only the outer and middle fibres failed with the outer and 

inner grippers, respectively. This observation was confirmed by modelling as 
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the stress was distributed across all the connecting fibres with the full gripping 

position while it was focused in outer and middle fibres for the outer and inner 

gripping position, respectively. 

 

 

 

 

 

 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

  
 

 

 

 

 

 

 

 

 

 
Figure 7. Moore design. Stereomicroscopy image of the Moore design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 10% strain 
(D). Scale bar represents 500 µm. 

3.2.4 Peano curve 
The Peano curve is the first known space-filling fractal and has a similar origin 

as the Hilbert curve [54]. A second-generation Peano curve was investigated 

in this study. The morphology of the scaffolds showed that the Peano curve 

can be divided in nine segments (Figure 8A). Each segment consists of a 

square of four small pores (0.62 ± 0.03 mm2) that were separated by larger 
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pores (4.29 ± 0.42 mm2). The average fibre diameter was 254.0 ± 22.1 µm 

and the porosity was 74.7 ± 0.3%. The stress-strain curves revealed that the 

full and outer gripped samples were similar in mechanical properties except 

the samples with the outer grips failed at a lower strain (Figure 8B). The inner 

gripped samples showed significantly lower Young’s modulus, yield strength 

and resilience but significantly higher yield strain (Table 5). All samples 

 

Table 4. Mechanical properties of the Moore design with various gripping positions. 
Values represent average ± standard deviation. * Statistical significance p<0.05. 

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Moore Full 100.9 ± 
5.3* 

0.018 ± 
0.001 

2.1 ± 
0.1* 

0.025 ± 
0.001* 

No 
failure 

No failure 

Inner 65.9 ± 
3.8 

0.014 ± 
0.002 

1.4 ± 
0.1 

0.016 ± 
0.001 

No 
failure 

No failure 

Outer 73.3 ± 
2.1 

0.014 ± 
0.003 

1.5 ± 
0.0 

0.018 ± 
0.000 

No 
failure 

No failure 

 

showed a rotating middle segment with increasing applied strain (Figure 8C). 

This rotation was also confirmed by modelling, where also some of the larger 

pores opened (Figure 8D). The modelling also revealed that the inner gripped 

samples had a lower von Mises stress compared to the other conditions. This 

could be an explanation for the lower Young’s modulus and the higher yield 

strain in this condition. In another study, the orientation of the curve in a Peano 

curve was reported to influence the mechanical properties of the resulting 

polymer scaffold [55]. However, since the layers in our study were stacked at 

a 90° angle, the morphology of the scaffolds in both X and Y direction were 

similar. It is possible to stack the scaffold at 180° and get a difference in 

morphology in the X and Y direction, but this design results in a scaffold with 

identical layers and no side porosity.  
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Figure 8. Peano design. Stereomicroscopy image of the Peano design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 10% strain 
(D). Scale bar represents 500 µm. 

 
Table 5. Mechanical properties of the Peano design with various Gripping positions. 
Values represent average ± standard deviation. * Statistical significance p<0.05. 
+Based on 2 samples out of 5.  

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Peano Full 79.0 ± 
2.1 

0.034 ± 
0.002 

3.0 ± 
0.2 

0.058 ± 
0.006 

0.41 ± 
0.05+ 

0.48 ± 
0.04+ 

Inner 26.2 ± 
5.0* 

0.045 ± 
0.001* 

1.1 ± 
0.2* 

0.027 ± 
0.007* 

0.77 ± 
0.18 

1.08 ± 
0.31 

Outer 81.0 ± 
3.3 

0.035 ± 
0.002 

3.1 ± 
0.1 

0.060 ± 
0.004 

0.72 ± 
0.12+ 

1.11 ± 
0.11+ 
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3.2.5 Sierpiński arrowhead 
The Sierpiński arrowhead is a space-filling fractal with the outer contour of the 

curve resembling an isosceles triangle [56]. A fourth-generation Sierpiński 

arrowhead curve was used with each stacked layer rotated at 120°. The 

stereomicroscopy images revealed that the resulted triangular fractal 

scaffolds could be divided in 4 smaller triangles with the middle triangle being 

an open pore (8.66 ± 0.14 mm2) (Figure 9A). This division could be continued 

for each triangle until the smallest pores were reached (0.17 ± 0.05 mm2). The 

fibre diameter was 243.8 ± 11.2 µm and the porosity was 81.4 ± 0.7%. The 

stress-strain curves revealed that there was a difference in mechanical 

properties depending on the gripping position (Figure 9B and Table 6). This 

was a general observation with all of the tested designs. Both the Young’s 

modulus and yield strength were significantly higher in the scaffolds with inner 

gripped positions while the yield strain was significantly lower. Whereas the 

inner grippers caused one of the bases of the triangle to protrude, the outer 

grippers caused the whole shape to extend. The finite element model 

confirmed this observation and showed that the stress distribution was 

different between scaffolds with different gripping positions. The scaffolds with 

inner grippers caused a higher stress in the two upper triangles while the 

bottom triangle was unaffected. The scaffolds with outer grippers focussed the 

stress on the thinnest section between the triangles.  

 
Table 6. Mechanical properties of the Sierpiński arrowhead design with various 
gripping positions. Values represent average ± standard deviation. * Statistical 
significance p<0.05. +No standard deviation available as this is based on a single 
sample. 

Scaffold Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilien
ce 
(N·mm−2) 

Ultimat
e Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Sierpińs
ki 

Inner 68.2 ± 
10.6* 

0.033 ± 
0.001* 

2.4 ± 
0.4* 

0.044 ± 
0.009 

No 
failure 

No failure 

Outer 24.2 ± 
11.9 

0.052 ± 
0.017 

1.2 ± 
0.4 

0.032 ± 
0.014 

0.89+ 2.12+ 
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Figure 9. Sierpiński arrowhead design. Stereomicroscopy image of the Sierpiński 
arrowhead design (A). Representative stress-strain curve (B). Time-lapsed snapshots 
of the tensile test (C). Finite element model with the left panels the unstimulated 
scaffold, the middle panel and right panel the displacement and von Mises stress 
respectively and 10% strain (D). Scale bar represents 500 µm.   
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3.2.6 Gosper curve 
The Gosper space filling fractal is a curve that can be divided into 7 hexagons 

with one at the centre being completely surrounded by six other hexagons 

[57]. In this study a third-generation Gosper curve with each layer stacked at 

120° was investigated. The Gosper curve could not be stacked at a 60° 

rotation as this resulted in large overhanging parts, which could not be 

manufactured without a supporting material. The layers of the scaffolds were 

almost identical except for three lines that can be drawn from the centre 

hexagon to three outer hexagons of the scaffolds. Consequently, the scaffolds 

only had side porosity within those specific hexagons. The average fibre 

diameter was 277.8 ± 20.1 µm and the porosity was 78.9 ± 0.2%. The grippers 

for the scaffolds were set at two different places; (1) at the edge of the 

hexagons where there was side porosity (inner), and (2) at the edge of the 

hexagons where there was no side porosity (outer). The stress strain curves 

revealed that the scaffolds with the inner grippers had a much steeper slope 

(Figure 10B). The Young’s modulus, yield strength and resilience were 

significantly higher in the inner gripped samples, while the yield strain was 

significantly lower (Table 7). The inner gripped scaffolds unfolded and 

expanded in the orthogonal direction with increasing strain (Figure 10C). Only 

two segments of the outer gripped samples expanded. This observation was 

confirmed by the modelling where the displacement was focused in only a 

single segment of the scaffolds (Figure 10D). The stress distribution between 

the samples was also different as the von Mises stress on the outer gripped 

samples was lower compared to the inner gripped samples.  
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Figure 10. Gosper design. Stereomicroscopy image of the Gosper design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 25% strain. 
(D). Scale bar represents 500 µm. 
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Table 7. Mechanical properties of the Gosper design with various gripping positions. 
Values represent average ± standard deviation. * Statistical significance p<0.05. 

Scaffol
d 

Grippin
g 
positio
n 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughne
ss 
(N·mm−2) 

Gosper Inner 8.9 ± 
1.2 

0.474 ± 
0.041 

3.7 ± 
0.4 

0.724 ± 
0.165 

0.52 ± 
0.07 

0.92 ± 
0.17 

Outer 1.4 ± 
0.4* 

0.243 ± 
0.068* 

0.2 ± 
0.1* 

0.029 ± 
0.015* 

No 
failure 

No failure 

 

3.3 Penrose tiling 
The Penrose tiling is an infinite pattern that is generated by two different tiles 

containing predefined Ammann bars [58]. The only condition for tiling the 

pattern is that the Ammann bars are always connected because it is 

impossible to create an infinite pattern without this connection. The Ammann 

bars that are generated form parallel lines with five different slopes. The gaps 

between the lines with the same slope can be short or long. Observing a finite 

area of the infinite pattern reveals that the ratio of short and long gaps between 

lines approaches the golden ratio. A random set of these lines was taken and 

connected together to form a layer. Each layer was rotated 72° until five layers 

were created. The names of the scaffolds was based on the sequence of long 

and short gaps between the fibres and three different patterns were tested 

(LLSLSSSS, LLSSSLSS and SSLLSSSL). The morphology between the 

LLSLSSSS, LLSSSLSS and SSLLSSSL design was different even though the 

theoretical porosity was nearly the same (76.6 ± 0.3%, 74.9 ± 0.4% and 74.5 

± 0.1% respectively) (Figure 11A). The average fibre diameter for LLSLSSSS, 

LLSSSLSS and SSLLSSSL was 252.6 ± 22.6 µm, 257.3 ± 22.9 µm and 262.9 

± 26.6 µm respectively. If the short gaps were in the centre of the sequence, 

the final scaffolds had a denser core and vice versa. The stress-strain curves 

were nearly identical with the SSLLSSSL samples having a significantly lower 

Young’s modulus, yield strength and resilience (Figure 11B and Table 8), 

which can be explained an open edge that contributes only partially to the 

mechanical properties. In addition, the finite element model revealed that the 

maximum von Mises stress in this particular sample was higher while the other 
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two were similar (Figure 11D). The other two variations had a nearly identical 

Young’s modulus, yield strength, yield strain and resilience (Table 8) while 

having a different morphology (Figure 11A). 

 
 

 

  

 

 
 
 
 
 

 

Figure 11. 
Penrose tilling 

design. 
Stereomicroscopy 

image of three 
different Penrose 
tilling designs, 

LLSLSSS, 
LLSSSLSS and 
SSLLSSSL (A). 

Representative 
stress-strain curve 
(B). Time-lapsed 
snapshots of the 
tensile test (C). 
Finite element 
model with the left 
panels the 

unstimulated 
scaffold, the 
middle panel and 
right panel the 
displacement and 
von Mises stress 
respectively and 
10% strain (D). 
Scale bar 
represents 500 
µm. 
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Table 8. Mechanical properties of three different variations of the Penrose tilling design 
with various clamping positions. Values represent average ± standard deviation. * 
Statistical significance p<0.05. +Based on 2 out of 5 samples. =Based on 3 out of 5 
samples. 

Scaffold Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/m
m) 

Yield 
strengt
h 
(MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/m
m) 

Toughnes
s 
(N·mm−2) 

LLSLSSS
S 

105.9 ± 
6.1 

0.045 ± 
0.001 

5.3 ± 
0.3 

0.134 ± 
0.007 

No 
Failure 

No failure 

LLSSSLS
S 

106.7 ± 
2.8 

0.044 ± 
0.003 

5.3 ± 
0.2 

0.129 ± 
0.012 

0.40 ± 
0.06+ 

0.96 ± 
0.12+ 

SSLLSSS
L 

94.9 ± 
4.1* 

0.044 ± 
0.001 

4.6 ± 
0.2* 

0.111 ± 
0.006* 

0.44 ± 
0.23= 

1.34 ± 
0.43= 

 

3.4 Cartesian-based spirals 
The spiral architecture was generated through Cartesian coordinate equations 

(Equation 1 and 2). The spiral generated here was an Archimedean spiral. 

Each arm of the spiral was rotated 45° until eight arms were generated. 

Afterwards, a layer of connecting fibres was printed for mechanical stability. 

The stereomicroscopy images revealed that the distance between the arms of 

the spirals remained similar (Figure 12A). In addition, there were four different 

pore sizes detected; the smallest pores (0.97 ± 0.06 mm2) at the centre of the 

spiral, intermediate sized pores (2.18 ± 0.13 mm2) that were directly 

connected, another set of slightly larger pores (3.29 ± 0.11 mm2) connecting 

the previous set and finally the largest at the edges of the scaffold (4.45 ± 0.27 

mm2). The average fibre diameter was 264.9 ± 31.0 µm and the porosity was 

82.9 ± 0.6%. The mechanical data revealed that the Young’s modulus was 

only 3.0 ± 0.2 MPa and the yield strength was very low at 0.25 ± 0.11 MPa, 

compared to the previously tested designs. The yield strain, however, was 

higher compared to any of the other designs at 0.08 ± 0.04 mm/mm. The outer 

segments close to the clamps expanded upon higher strain while the 

segments in the middle contracted (Figure 12C). The scaffold broke at the 

connecting fibre layer. The finite element model also confirmed this 

observation (Figure 12D). In addition, the model showed that the highest von 
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Mises stress was noted in the connecting fibre layer, which also coincides with 

the breaking point during the mechanical test. 

 

 

  
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 12. Spiral design. Stereomicroscopy image of the Spiral design (A). 
Representative stress-strain curve (B). Time-lapsed snapshots of the tensile test (C). 
Finite element model with the left panels the unstimulated scaffold, the middle panel 
and right panel the displacement and von Mises stress respectively and 15% strain 
(D). Scale bar represents 500 µm. 
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Table 9. Mechanical properties of the spiral design with various clamping positions. 
Values represent average ± standard deviation. * Statistical significance p<0.05. 
+Based on 3 out of 5 samples. 

Scaffol
d 

Young’
s 
modulu
s (MPa) 

Yield 
strain 
(mm/mm
) 

Yield 
strengt
h (MPa) 

Resilienc
e 
(N·mm−2) 

Ultimate 
Strain 
(mm/mm
) 

Toughnes
s 
(N·mm−2) 

Spiral 3.0 ± 0.2 0.08 ± 
0.04 

0.25 ± 
0.11 

0.012 ± 
0.010 

0.91 ± 
0.03+ 

1.09 ± 
0.16+ 

 

3.5 Young’s modulus and apparent density 
Comparing the Young’s modulus and apparent density from all of the tested 

designs revealed that in general a higher density, calculated by measuring 

both the weight and volume of the scaffold, correlated to a higher Young’s 

modulus (Figure 13), as the 0-90 woodpile design has both the highest 

Young’s modulus and apparent density. In addition, the spiral scaffolds, which 

had the lowest apparent density, also had one of the lowest Young’s modulus 

with only the Gosper curve having a lower Young’s modulus. This trend was 

also observed in other studies where scaffolds with different porosities were 

compared [59, 60].  

 

  
Figure 13. Apparent density plotted against the calculated Young's modulus of all the 
tested designs.  



Scaffolds with atypical space-filling curves for tissue engineering 
 

100 

 

4.  Discussion  

Scaffold architecture is of paramount importance for the mechanical and 

biological outcome during tissue or organ regeneration. In this study, a broad 

range of space-filling curves and other filling patterns were manufactured with 

custom-generated G-codes, to obtain a variety of scaffolds with architectures 

inspired by biomimicry principles. The scaffolds obtained presented a similar 

porosity (Table 1) but showed different mechanical behaviour that spans from 

very flexible patterns such as the Gosper curve to stiff and dense patterns 

such as the Penrose tiling. These patterns can therefore expand the palette 

of possible biomechanical applications of an otherwise stiff polymer such as 

PCL.  

 

The scripts generated allow the creation of G-codes, which generally have a 

simple syntax that includes coordinate points and machine instructions such 

as the extrusion control for the FDM systems. The majority of the lines consists 

of X, Y and Z coordinates that are universal with the exception being the start 

and final commands. The creation of coordinate points to manufacture 

complex printing fillings is generally limited in the printer software that is 

commercially available. Free software such as Python, Notepad or even the 

macros function within FIJI can potentially be used to generate a list of 

coordinates that can be drawn from a simple image. If combined with the 

specific printer commands, then a fully functional printing pathway can be 

created.  

 

One limitation for custom G-code creation is that certain designs cannot be 

fabricated. Examples of these designs are cases where the printing pathway 

goes through previously deposited fibres or if multiple layers are added, the 

pattern needs a solid support underneath it to prevent sagging. To overcome 

the first problem, classical FDM could be replaced by a robotic arm that can 

avoid potential collisions with the printed objects, something that a traditional 
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FDM system cannot execute due to its layer-by-layer principle [61]. To 

address the second problem, selecting a material that quenches fast enough 

after leaving the nozzle [62] can prevent sagging, circumventing the need for 

a support. Some careful considerations have to be made when using fractal 

patterns as stacking them in different orientations could hinder the folding or 

unfolding capabilities of the scaffolds. This hindrance is due to the fact that 

the second layer will lock certain parts of the previously deposited layer, which 

was observed in all fractal patterns but clearly evident in the Gosper curve. 

 

The loading regime or the interface position with the surrounding tissue 

(simplified with the gripping position) of the scaffolds mattered, as was shown 

by the results of this study. When tensile tests were performed, all of the 

samples that had similar morphologies but received different loading regimes 

showed variation in stress-strain curves or morphology during the test. 

Although the type of grippers can influence the stress-strain curve [63, 64], 

none of the studies reported that applying a partial load could have an 

influence. The loading regime is of importance especially considering that 

these scaffolds have to be sutured when implanted. Suturing solid polymer 

scaffolds could prove difficult as the needle has to go through the pores of the 

scaffolds [16]. Both a high amount of suture material and suture slack could 

hinder healing [65, 66], therefore a scaffold should be tightly sutured at 

specific (minimal) locations, resulting in the scaffold being loaded in certain 

regimes. Having a partially loaded scaffold can give skewed results, such as 

failing at the clamping site (e.g., representing suturing points with surrounding 

tissue) of the scaffold as was shown by the 0-90 woodpile design in both the 

inner and outer clamped positions. Therefore it is required to have reinforced 

suturing points in order to avoid these possible skewed results. Our results 

also showed that different loading regimes can have a significant effect on the 

stress-strain curve or morphology during the test as was shown by the Hilbert 

180X, Peano and Gosper curves.  
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Our mechanical data were generated under a controlled in vitro testing 

environment, which differs from the in vivo loading of a scaffold [67]. 

Furthermore, the scaffolds in this study were only tested in tension and in the 

X and Y direction, which has an influence on the mechanical properties. 

Therefore, replicating these studies with different mechanical loading 

patterns, different tests, and in different directions could give valuable insight 

about how these scaffolds behave mechanically in vivo. In addition, these 

scaffolds should be cultured with cells to provide a dynamic environment since 

cells are known to respond differently to mechanical stimuli [68]. These 

scaffolds in combination with hMSCs could be used to study the effect of 

mechanical stimulation and different pore sizes on cell differentiation, 

decoupling mechanical from architecture and chemical properties [50]. Future 

studies could aim at investigating whether mechanically stimulating a scaffold 

with different loading regimes could have an effect on cell fate. For example, 

the stress distribution within the Moore curve with the inner loading regime 

was focused on the middle section of the scaffolds, while the outer edges of 

the scaffolds were unaffected. This scaffold could be used to study the effect 

of local stress on cells as this is known to alter cellular behaviour [69]. In 

addition, this design could be interesting to study the effect of porosity and cell 

growth [70] as increasing the generation of the Moore curves results in rings 

of alternating high and low porosity. 

 

The variation in mechanical behaviour from our designs can be deployed to 

generate appropriate scaffolds for targeted tissue engineering applications. 

For example, the stiff and dense characteristic of 0-90 woodpile design makes 

it a potential candidate for load-bearing tissues such as bone and articular 

cartilage [50, 71]. The Hilbert curve scaffolds, with the same Young’s modulus 

and a similar apparent density, could be a suitable alternative to the 0-90 

woodpile design for softer tissues such as cartilage or tendon [72, 73]. Gosper 

curve showed a Young’s modulus two orders of magnitude lower compared 

to the 0-90 woodpile structure, most likely due to limited interconnections 
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between fibres. This low interconnectivity from the Gosper curve allowed it to 

unfold and resulted in greater flexibility. Thus, the Gosper curve could be used 

to study contractile effects of certain cell types such as smooth muscle cells 

[74, 75]. The spiral and the Peano curve, with a lower Young’s modulus and 

a higher yield strain, could be suitable for more flexible tissues such as the 

skin [76].   

 

It was also noted that the tensile strength of the Hilbert curve pattern was 

lower compared to the 0-90 woodpile structure. However, a direct comparison 

with other studies was not possible as the Hilbert curve was not rotated for 

every layer, which could have an influence on the mechanical properties. The 

Young’s modulus was lower in the Peano and Hilbert 180X and Y curve 

compared to the 0-90 woodpile design, while the yield strain was higher.  

 

Penrose tiling, with different spacing order between fibres per layer, could be 

used to create a porosity gradient in scaffolds. Other studies also attempted 

to create a gradient in porosity by changing the fibre distance for each layer 

[77]. However, this resulted in a gradient in the Z direction of the scaffolds and 

not radial porosity. An approach to achieve a radial gradient is to fabricate 

multiple toroidal shaped scaffolds with different fibre spacing and fit them into 

each other [78]. However, the mechanical properties were lower due to the 

discontinuity of the different parts of the scaffolds. Even though the 

morphology of the scaffolds varied, the mechanical properties were similar. 

This is unlike the other patterns that were measured in this study and it could 

be useful to study and decouple the influence of morphology on a scaffold 

from the mechanical properties.  

 

Spiral patterns have already been used in other studies [79, 80]. However, 

often a sheet of a single material is made and then rolled up to form a spiral, 

which was previously not done using FDM. Another approach using DLP is to 

print a spiral pattern in the Z-direction creating a tubular structure [81]. 
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Although a good approach to create a tubular structure, porous non-tubular 

structures cannot be constructed with this method. In addition, this was done 

using an FDM system which has a wider range of materials available to use. 

We showcased here that it is possible by adding a second layer that connects 

the arms of each spiral. Cartesian equations are not only limited to spiral 

patterns. Other patterns can be created once the equations are known for both 

the X and Y coordinate. The most simple one is a circle, but other more 

complex curves such as sinusoidal waves have already been achieved [43].  

 

The number of patterns available to print is infinite. Other space-filling fractals 

not explored here and variations thereof [55, 82] could be designed, printed 

and systematically characterised, as we did here. These patterns could be 

used to study cell contractility or cellular growth. Additionally, they could be 

used to study cellular behaviour during mechanical stimulation [83]. For TERM 

applications, we recommend that the target tissue characteristics be taken into 

account when fabricating a specific pattern. 

 

5. Conclusion 
This study provides an overview of the complex patterns that can potentially 

be generated in G-code for any extrusion-based AM system. The patterns 

studied here were characterized morphologically, mechanically and through 

finite element modelling. In addition, this study showed that the scaffold 

loading regime can have a significant difference in mechanical properties. The 

library of patterns showcased here could serve as a guideline for other 

researchers to use more complex and relevant patterns in their scaffold 

design.  
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Figure S1. Time-lapsed snapshots of the tensile test. Scale bar represents 500 µm. 
Red arrows indicate points of failure.  
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Abstract 
The main function of articular cartilage is to provide a low friction surface and 

protect the underlying subchondral bone. The extracellular matrix composition 

of articular cartilage mainly consists of glycosaminoglycans and collagen type 

II, specifically the collagen type II fibers have an arch-like organization that 

can be mimicked with segments of a hypotrochoidal curve. In this study, a 

script was developed that allowed the fabrication of scaffolds with a 

hypotrochoidal design. This design was investigated and compared to a 

regular 0-90 woodpile design. The mechanical analyses revealed that the 

hypotrochoidal design had a lower component Young’s modulus while the 

toughness and strain at yield were higher compared to the woodpile design. 

Fatigue tests showed that the hypotrochoidal design lost more energy per 

cycle due to the damping effect of the unique microarchitecture. In addition, 
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data from cell culture under dynamic stimulation demonstrated that the 

collagen type II deposition was improved and collagen type X reduced in the 

hypotrochoidal design. Finally, Alcian blue staining revealed that the areas 

where the stress was higher during the stimulation produced more 

glycosaminoglycans. Our results highlight a new and simple scaffold design 

based on hypotrochoidal curves that could be used for cartilage tissue 

engineering. 

 

1. Introduction 
Articular cartilage is an avascular tissue that is located in the joints.[1] The 

main function of cartilage is to protect the underlying subchondral bone from 

compressive loads and to provide a low-friction surface.[2] Injury or damage 

to cartilage can hamper this function and could lead to osteoarthritis.[3] 

Unfortunately, articular cartilage has a poor regenerative capacity due to the 

avascular and scarce cell density nature within the tissue.[4] Chondrocytes 

are the main cell population in articular cartilage and are responsible for 

synthesizing the extracellular matrix (ECM).[5] The ECM of articular cartilage 

mainly consists of collagen type II, aggrecan and other proteoglycans.[6] The 

organization of the ECM is important in cartilage, specifically the collagen type 

II fibers have a particular organization which helps to improve the mechanical 

properties.[7] Cartilage is characterized by three distinct zones; (1) the 

superficial zone which has collagen fibers oriented parallel to the surface, (2) 

the intermediate zone where there is no predominant orientation and (3) the 

deep zone which shows a high orientation with fibers perpendicular to the 

underlying bone.[8, 9] Each of these zones have a different composition in 

ECM and cell density,[10] which contributes to the unique properties of 

articular cartilage. 
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The organization of the collagen type II fibers could be mathematically 

described with arches or arch-like structures. A hypotrochoid is one of type of 

curve that could be used to describe an arch-like structure. This geometric 

curve that is generated by tracing a point that is linked to a smaller circle, 

which is rolling inside a larger circle.[11, 12] The hypotrochoidal curve is used 

to describe in a simplified way the satellite orbits around a planet in a solar 

system[13] and can be drawn using a tool called Spirograph.[14] The 

hypotrochoid is characterized by a closed outer surface with the outer shape 

being round in most cases. Depending on the parameters used, the 

hypotrochoidal curve can have a dense outer part with lines running parallel 

to the circle. These parallel lines, in combination with a more porous inner core 

with lines that run perpendicular to the surface of the circle, make it an 

interesting geometry that can be used to mimic cartilage ECM architecture. 

The generated arch-like structure resembles the collagen type II organization, 

especially if a segment on the top of the curve is taken. In addition, the 

complex arch-like structure should be able to distribute the forces through the 

whole scaffold more evenly.[15, 16] 

 

Additive manufacturing (AM) techniques such as fused deposition modeling 

(FDM) and bioprinting have been widely used to fabricate scaffolds for 

cartilage regeneration.[17, 18] The main advantage of AM techniques is the 

possibility to tailor the design and porosity of the scaffold.[19] Many scaffold 

fabrication approaches focus on matching the mechanical properties of native 

cartilage with a common strategy of changing geometry or by adding materials 

to the scaffold.[20, 21] While techniques such as FDM do pose the ability to 

produce complex shapes, in most cases a woodpile design is used where 

each layer is a composition of parallel running lines stacked in different angles 

with each layer.[22] Some efforts have been made to introduce complexity in 

the design, such as introducing gradients by increasing the spacing between 

the fibers in each layer[23, 24] or using different periodic infilling patterns.[25] 

However, none of these studies take a biomimicking approach from both a 
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morphological and a mechanical point of view in the design of the scaffold. 

This could both be achieved by using a hypotrochoidal design.  

 

In this study, we propose a new strategy to fabricate additive manufactured 

scaffolds with a hypotrochoidal pore network architecture. The mechanical 

properties of several hypotrochoidal designs were compared to a classical 0-

90 woodpile structure. To reduce the influence of material properties 

Polycaprolactone (PCL) as inert biomaterial was chosen to study the effect of 

the architecture. In addition, a finite element model was used to simulate the 

stress distribution through the scaffold. Finally, the effect of the hypotrochoidal 

design on cellular behavior was studied in both static and dynamic culture 

conditions.  

 

2. Results 
2.1 Scaffold fabrication and morphology 

The nomenclature and fabrication parameters are shown in figure 1. Briefly, 

the full hypotrochoid was sectioned by boundaries to mimic the collagen type 

II alignment. The scaffolds were fabricated through FDM after digital 

sectioning. The final scaffolds were divided in three distinct zones based on 

literature, deep (25%), middle (55%) and superficial zone (20%) 

(supplementary information, Figure S1).[26] For the hypotrochoidal designs, 

parameters R, d and the boundaries were kept the same while r varied 

between 0.17 and 0.68. As control a 0-90 design was compared to the 

hypotrochoidal designs. 
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Figure 1. Nomenclature of the hypotrochoidal scaffold (A). Section of the 
hypotrochoidal scaffold (B). Different zones of the hypotrochoidal scaffold representing 
the different zones in articular cartilage, the fiber diameter in the scaffold is in the 
micron range while the bundles of collagen fibers is in the sub-micron range (C). 
Rendered images of the three tested designs with different r values (D). 

As seen from both stereomicroscopy and micro-CT images the hypotrochoidal 

designs were successfully fabricated (Figure 2). The hypotrochoidal scaffolds 

had a curved top surface due to the way a hypotrochoid was generated. The 

meandering layers between the hypotrochoidal layers served as a support 

during the fabrication process. Signs of fiber collapse were noted in the 

designs that were more porous, due to the lack of support for the fabricated  
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Table 1. Volumetric micro-CT data of the different tested designs. Each condition 
contained n=3 samples. Values represent average ± standard deviation.  

 

fiber that had to span in air multiple millimeters (Figure S2). The pores in all  

of the tested designs were interconnected. In the hypotrochoidal design, a  

gradient in pore size was observed with the smallest pores in the superficial 

zone and the largest pores in the deep zone. The volumetric analyses 

revealed that the solid scaffold volume of the hypotrochoidal design increased 

from 40.0 ± 0.4 mm3 to 65.0 ± 2.4 mm3 with a lower r value (r=0.68 and r=0.17 

respectively) (table 1). A similar observation was made with the available 

surface area, increasing from 636.8 ± 14.5 mm2 to 919.3 ± 79.7 mm2 in the 

r=0.68 and r=0.17 samples respectively while the surface area to volume ratio 

remained similar between the hypotrochoidal conditions. The 0-90 structure 

was similar in volume to the r=0.68 scaffold (42.4 ± 1.2 mm3 and 40.0 ± 0.4 

mm3 respectively) while having a higher surface area (722.0 ± 40.3 mm2 and 

636.8 ± 14.5 mm2 respectively). The 0-90 structure, however, showed a higher 

surface area to volume ratio compared to the hypotrochoidal designs. The 

curvature of the different designs was shown in table 1 with minimal 

differences in radius between the scaffolds. The curvature for the 0-90 

structure was set equal to the r=0.17 design.  

 

2.2 Mechanical testing and Finite element modeling 
The mechanical properties of the hypotrochoidal designs were tested via 

compression and fatigue tests. CAD models of the scaffolds were also 

imported in finite element software and a compression test was simulated. 

The compression tests revealed that the Young’s modulus in the 0-90 

Sample Scaffold 
Volume 
(mm3) 

Surface area 
(mm2) 

Surface 
area/ Volume 
(1/mm) 

Superficial 
zone radius 
(mm) 

r=0.68 40.0 ± 0.4 636.8 ± 14.5 15.9 ± 0.5 13.32 
r=0.34 61.9 ± 3.1 804.7 ± 114.8 16.3 ± 1.3 13.66 
r=0.17 65.0 ± 2.4 919.3 ± 79.7 14.2 ± 1.3 13.83 
0-90  42.4 ± 1.2 722.0 ± 40.3 17.0 ± 0.5 13.83 
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structure was significantly higher compared to the r=0.17 hypotrochoidal 

designs (21.0 ± 1.8 MPa and 14.1 ± 1.8 MPa, respectively) (Figure 3A). In 

addition, the increase in r caused a decrease in Young’s modulus from 14.1 ± 

1.8 MPa to 1.4 ± 0.1 MPa for r=0.17 and r=0.68 samples respectively. The 

differences in yield strain between hypotrochoidal designs was small ranging 

from 7.9 ± 0.0% and 11.0 ± 2.6% strain in the r=0.34 and r=0.68 respectively 

(figure 3B). The yield strain in the 0-90 design was significantly lower at 4.2 ± 

0.4% compared to the hypotrochoidal designs. The yield strength in the 

 

 

 
Figure 2. Overview of the tested designs. (A) Stereomicroscopy images of the frontal 
view of the tested designs. (B) The micro-CT images of the scaffolds, the frontal view 
in the left panels and the perspective view in the right panels. Scale bar represents 500 
µm. 
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hypotrochoidal designs decreased significantly with the increase in r from 36.9 

± 2.2 N to 5.9 ± 2.6 N (Figure 3C). The 0-90 design had a yield strength that 

was significantly different, between the r=0.17 and r=0.34 design (21.8 ± 3.6 

N, 36.9 ± 2.2 N and 10.9 ± 0.6 N respectively). The toughness in the r=0.17 

was significantly higher at 0.035 ± 0.001 N·mm2 compared to the other tested 

design at 0.008 ± 0.002 N·mm2, 0.011 ± 0.001 N·mm2 and 0.006 ± 0.004 

N·mm2 for the 0-90, r=0.34 and r=0.68 design respectively (Figure 3D). The 

stress strain curves showed that the stress in 0-90 structure after the yield 

point decreased, while in all of the hypotrochoidal designs kept increasing 

(Figure 3E). Time lapsed snapshots showed that near the yield point 0-90 

structure buckled in the middle of the scaffold and the square pore shape 

became rhomboidal (Figure 3F, supplemental video S1). However, the 

hypotrochoidal designs did not show this behavior. Instead, the top pores 

collapsed while the bottom pores remained intact, even far beyond the yield 

point (Figure S3). This was also confirmed during the compression test and 

micro-CT analyses where the 0-90 structure buckled in the top half of the 

scaffold, while the hypotrochoidal designs collapsed inward (Figure S4). Even 

at 25% strain the bottom part of the hypotrochoidal scaffolds showed 

interconnected pores (Figure S5).  

 

A finite element model simulated up to 10% strain on the scaffolds with 

increments of 2% was performed. The model revealed that the vertical fibers 

in the 0-90 design endured the highest von Mises stress while the horizontal 

fibers were unaffected (Figure S6). The displacement in the scaffold was 

evenly distributed from the bottom to the top of the scaffold. The stress 

distribution in the hypotrochoidal designs was improved compared to the 0-90 

design, where the arches distribute the stress throughout the scaffolds and 

even in the meandering layer there was an increase in von Mises stresses. 

The highest stress was found in the superficial part of the scaffold (Figure S6). 
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Figure 3. Compression test of the investigated designs: (A) Young’s modulus, (B) yield 
strain, (C) yield strength, (D) toughness, (E) representative stress strain curve, and (F) 
time-lapsed snapshots during the compression test. Each condition contained n=5 
samples and values represent average ± standard deviation. Statistical significance: * 
p<0.05, ** p<0.01, *** p<0.005, **** p<0.0001. 
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Based on the results from the compression test, a fatigue test of 100 cycles 

at 1 Hz with a fixed 2.5% strain was performed. The data from the fatigue test 

showed that the hysteresis loop was the steepest in the 0-90 design compared 

to the hypotrochoidal designs (Figure 4A). The percentage energy lost per 

cycle, however, was significantly higher in the r=0.34 and the r=0.68 design 

compared to r=0.17 and 0-90 design (4.7 ± 0.5%, 6.0 ± 0.5% and 3.8 ± 0.5% 

respectively) (Figure 4B). The peak force in all of the samples decreased by 

a small amount in the initial cycles and stabilized after that initial decrease 

(Figure 6C). The average peak force in the 0-90 structure was the highest 

stabilizing around 12N while in the r=0.68 it was the lowest at around 2N.  

 

2.3 Dynamic cell culture 
Cell culture experiments were performed on the r=0.17 design and the 0-90 

woodpile structure to assess the cellular behavior on the hypotrochoidal 

design. Initially the r=0.34 design was tested, however after 28 days of static 

culture the scaffolds’ pores remained open, resulting in low GAG synthesis 

(Figure S7), despite cell proliferation and good adhesion (Figure S8). 

Therefore, r=0.17 design was chosen since the pore size of the r=0.34 and 

the r=0.68 design were too large and would likely not be closed by sufficient 

regenerated tissue after the culture period. The fraction of the pore volume 

based on the micro-CT data in both the 0-90 woodpile structure and the r=0.17 

design was similar for each zone (Figure 5A, Table S1). The scaffolds were 

seeded with ATDC5 cells and some of the scaffolds were transferred to a 

bioreactor after 7 days. A day 1 DNA quantification was done to asses if the 

scaffolds contained similar amount of cells. A dynamic culture was performed 

by applying a mechanical stimulation for 2 hours every day at 1Hz and 2.5% 

strain until 28 days. The DNA in the samples was normalized against the pore 

volume. There was no difference found between the amount of DNA found at 

day 1 between the 0-90 woodpile and r=0.17 design (13.5 ± 1.3 ng and 12.7 
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Figure 4. Fatigue test data with a frequency of 1 Hz until a strain of 2.5%. (A) 
Hysteresis loop of a single cycle during the fatigue test. (B) Average energy lost per 
cycle during the fatigue test. (C) Average peak force of each cycle. Each condition 
contained n=5 samples and values represent average ± standard deviation. Statistical 
significance: * p<0.05, ** p<0.01, *** p<0.005, **** p<0.0001. 

± 1.2 ng respectively). A division was made based on the fraction of the pore 

volume found in each zone with the assumption that the cells were equally 

distributed throughout the scaffold (Figure S9). The dynamic stimulation 

increased the DNA per pore volume in the r=0.17 samples from 4.6 ± 1.0 

µg/mm3 to 5.9 ± 0.4 µg/mm3 respectively while there was a slight decrease 

observed in the 0-90 woodpile design from 6.2 ± 1.3 µg/mm3 to 5.8 ± 0.8 

µg/mm3 (Figure 5B). Between the tested designs it was noted that the DNA 

per pore volume was approximately similar. The GAG/DNA per pore volume 

remained similar in all of the tested conditions (Figure 5C). Dynamic 

stimulation did increase the collagen/DNA per pore volume in the 0-90 

woodpile design (15.6 ± 2.2 ng/µg/mm3 and 16.7 ± 0.8 ng/µg/mm3 

respectively), while in the r=0.17 design it remained similar. Comparable 
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values were observed if the values were corrected by the available surface 

area instead of the pore volume (Figure S10). 

 

Alcian blue staining revealed that there was GAG deposition through the entire 

scaffold in all of the conditions (Figure 6). More pores in the 0-90 woodpile 

static condition seemed to be open compared to the dynamically stimulated 

samples. The intensity of the staining however was stronger in the static 

samples. The majority of the pores in r=0.17 hypotrochoidal design were open 

in both the static and dynamic samples, except for the smaller pores that were 

mainly located in the superficial zone of the scaffold. The r=0.17 dynamically 

stimulated samples showed darker areas with more GAG deposition that 

correlated with areas that should have received less stress during the culture 

located in the deep zone of the scaffold.  

 
 

 

 

 

 

 

 

 

 

 

 

 
Figure 5. DNA, GAG and collagen analyses of the tested scaffolds after 28 days of 
culture. (A) Volumetric analyses of the pore volume as a fraction of the total volume. 
(B) DNA content normalized against the pore volume. (C) GAG per DNA content 
normalized against the pore volume. (D) Collagen per DNA content normalized against 
the pore volume. Each condition contained n=3 samples and values represent average 
± standard deviation. 
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Fluorescent images from the dynamic culture revealed a reduced collagen 

type X expression in the hypotrochoidal scaffolds compared to the 0-90 

woodpile design (Figure 7). Combining the experimental data with the 

computational data from the finite element model revealed that in both 

scaffolds design the areas where there was more von Mises stress the amount 

of collagen type X expression was higher. Interestingly, in the hypotrochoidal 

design higher collagen type II expression was observed in the areas where 

the von Mises stress was increased, whereas there was almost no collagen 

type II expression in the 0-90 woodpile design. In the static conditions there 

was no collagen type II expression observed (Figure S11). The expression of 

collagen type X was comparable throughout the scaffold.  

 

3. Discussion 
In this study, a scaffold was created from a hypotrochoidal deposition pattern. 

The morphology of the hypotrochoidal scaffold resembled that of the collagen 

fiber architecture in articular cartilage.[8] In addition, micro-CT analyses 

revealed that the hypotrochoidal scaffold had a fully interconnected pore 

network, which is necessary to have a proper access to nutrients.[27] The 

mechanical tests showed that the hypotrochoidal design had a lower Young’s 

modulus while having a significantly higher yield strain and higher toughness. 

In addition, the finite element model demonstrated that the stress distribution 

was improved with the hypotrochoidal design compared to the 0-90 woodpile 

structure. Further mechanical analysis from the fatigue test revealed that the 

hypotrochoidal design dissipated more energy per compression cycle. Finally, 

the dynamic culture demonstrated that the hypotrochoidal design had 

improved collagen type II deposition. Hence, the hypotrochoidal design could 

potentially be used for cartilage tissue regeneration. 
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Figure 6. Alcian blue staining of the tested scaffold after 28 days of culture. The left 
panels show a stained scaffold and in the right panels a close up of selected areas. A 
finite element model with the von Mises stress as a reference in the dynamic samples. 
(A) 0-90 woodpile design after static culture. (B) 0-90 woodpile design after dynamic 
culture. (C) r=0.17 hypotrochoidal design after static culture. (D) r=0.17 hypotrochoidal 
design after dynamic culture. Scale bar in the left panels represents 1 mm; in the close 
up panels 200 µm. 
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Figure 7. Cells after 28 days in dynamic culture. On top of the panel an overview image 
of the scaffold with the finite element model as reference. The left panel set with orange 
boundaries an area with a high amount of von Mises stress and the right panel set with 
blue boundaries an area with a low amount of von Mises stress. (A) 0-90 woodpile 
design. (B) r=0.17 hypotrochoidal design. Scale bars represent 500 µm in the overview 
panel and 200 µm in the close up.  
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The micro-CT analysis revealed that there was a pore gradient in the 

hypotrochoidal design, where the smallest pores resided in the top part of the 

scaffold and the largest pores in the bottom. This gradient can be beneficial 

since the structure of articular cartilage is heterogeneous, resulting in different 

regions of cartilage having a different range in mechanical properties.[10] Due 

to how a hypotrochoid is generated, the superficial zone of the scaffold always 

has a curved surface. The surface of healthy articular cartilage, however, is 

not perfectly round and is almost flat.[28] A solution to this could be to have R 

at least a factor 1000 bigger compared to r. This is also evident from equation 

3 when R becomes so much larger the radius of the zone increases. This 

would approximate a flat surface while still creating a hypotrochoidal design. 

The hypotrochoidal design consists of parameters r, R and d. These 

parameters have no constrains and therefore give an infinite amount of 

possible hypotrochoidal designs. A programmed macro-function can offer the 

possibility to simulate what kind of final hypotrochoidal design is generated 

with the given parameters. Another option to investigate could be to edit the 

formula to generate a different hypotrochoidal pattern. An example of this 

could be to add another sine function within the equation for the Y-coordinate 

to create a concave surface that could be useful for other type of cartilages, 

for example similar to the meniscus.[29] The chondrocytes in the superficial 

zone are responsible for the synthesis of superficial zone protein and 

hyaluronan that acts as a lubricant.[30] Due to the “circular” design of the 

hypotrochoid, it creates fibers along the superficial surface, which in turn could 

decrease the friction when sliding against the other joint. Yet, as the 

hypotrochoidal curve is a closed curve, the hypotrochoidal design always lead 

to a non-porous surface. Therefore, adding a single layer of a woodpile 

structure could be a strategy to introduce some porosity in the surface, which 

may facilitate the migration of cells to the surface of the scaffold to secrete 

superficial zone protein. In addition, mechanical stimulation improved 

hyaluronan synthesis which could further decrease the friction in the 
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scaffold.[31] As the relatively rough surface of PCL filaments could affect the 

lubricity of the scaffold.  

 

It was noted that the surface area to volume ratio in the hypotrochoidal design 

was lower compared to the 0-90 woodpile structure. An explanation for this 

could be that the fibers in the 0-90 design have the least amount of overlap in 

fibers due to a fiber angle of 90°, while the fiber angle in the hypotrochoidal 

design vary with every fiber. Having a lower surface area to volume ratio could 

interfere with transportation of nutrients and vasculature.[32] However, for 

cartilage this could be less important since it is avascular and relies on 

nutrients through diffusion.[33] 

 

The mechanical properties for a tissue such as cartilage are important.[34] 

The Young’s modulus of articular cartilage ranges from 10.6 – 18.6 MPa in 

the ankle joint to 5,5 – 11.8 MPa in the knee.[35] Specifically the r=0.17 design 

resulted within this range with an average of 14.1 MPa while the 0-90 woodpile 

design was slightly above the maximum range with 21 MPa. Even though the 

0-90 woodpile structure is stiffer, it can absorb less energy before permanently 

deforming as was shown by the compression test. The contribution of the 

arches in the hypotrochoidal design could be the reason why the 0-90 

woodpile design is less tough and stiffer. The arch architecture of the 

hypotrochoidal design can distribute the force through the scaffolds, as was 

shown in the finite element models. Similar findings from Chen et al. showed 

that a pillar design caused a higher stress more focused on the pillars 

compared to an octet design with more curved features.[36] The arch 

architecture in the hypotrochoidal design also showed that the collapse 

behavior was different. While the vertical fibers in the 0-90 woodpile structure 

buckled, the hypotrochoidal scaffold collapsed gradually, with the superficial 

zone collapsing before the deeper zone. Similar to articular cartilage, after 

impact the superficial zone is the first zone to receive permanent damage.[37] 

Besides compressive forces, articular cartilage is also subjected to shear 
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forces.[38] The hypotrochoidal design could prove beneficial as it is known 

that arches can distribute the shear forces through the entire structure.[39] 

Another observation that was made is that the energy lost per cycle in the 

fatigue test was higher in the r=0.34 and r=0.68 hypotrochoidal design 

compared to the 0-90 woodpile structure, indicating that having less arches in 

the scaffold resulted in a higher energy loss. It is reported that articular 

cartilage behaves as an elastic material during hysteresis, with a relative 

energy loss of 28%.[40] The same study also found that a higher energy loss 

is also linked to cartilage damage. All the tested designs were below 10% 

energy loss, which is well below the relative energy loss in articular cartilage. 

This value can change however, depending on the magnitude of the strain 

applied.[41, 42] A 2.5% strain for the dynamic culture was chosen based on 

the yield strain the 0-90 woodpile design had. The physiological relevant strain 

for articular cartilage in humans is 10% or more [43], which is what could be 

achieved with the r=0.68 design. Other options to improve this could involve 

changing the material or further exploring other hypotrochoidal designs.  

 

GAG content is important for cartilage as it retains the water in the cartilage 

that can act as a lubricant.[44, 45] Our results showed that the GAG content 

per DNA remained similar in all of the conditions. It is important to note that 

the GAG content from the biochemical assay is performed on the entire 

scaffold, averaging the results from all the zones. This is rather a technical 

limitation of extracting the tissue on such a small scale without accidently 

removing parts of or adding unwanted parts of interest. The division of the 

zones was based on the micro-CT analyses with the assumption that the cells 

were distributed equally through the scaffolds. However, it could be that local 

areas that experienced more stress can contain higher amounts of GAG. This 

was demonstrated by histological analysis where certain areas were darker 

for Alcian Blue staining, thus possibly containing more GAGs. Specifically in 

the deeper zone of the hypotrochoidal scaffold, the intensity of the Alcian blue 

staining was higher. This correlates with a native hyaline cartilage tissue 
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where GAG content is higher in the deeper zone compared to the middle and 

superficial zone,[10, 46] Possibly due to GAG content being linked to 

improved mechanical properties and its deposition increased during 

mechanical loading.[47] Similar observations could be made for collagen 

content quantification, as also the collagen content is different for each zone 

with the highest amount of collagen found in the superficial surface.[5] The 

total collagen content was increased with the dynamic stimulation in the 0-90 

woodpile structure. While the dynamic stimulation had no effect on the 

hypotrochoidal design. Examining immunostaining, however, revealed that 

the collagen that was deposited in the 0-90 woodpile design was collagen type 

X, which is a known hypertrophic marker.[48] ATDC5 cells are known to be 

hypertrophic and deposit collagen type X.[49] A study by Shukunami et al. 

shows that collagen type X deposition starts after 21 days in 2D.[50] In this 

study, the collagen type X deposition was primarily deposited in the areas 

where the von Mises stress was the highest according to the finite element 

model. The fibers within the samples that were unstimulated had a lower 

collagen type X deposition. Another method to decrease the amount of 

collagen type X is to use inhibitors such as parathyroid hormone [51] or using 

other polymers that showed to reduce hypertrophic differentiation [52, 53], the 

latter could also enhance collagen type II production. Finally, cells that are not 

intrinsically hypertrophic, such as human mesenchymal stem cells (hMSCs), 

could serve as an alternative to reduce collagen type X[54], providing also a 

better route towards clinical applications. Interestingly, collagen type II 

expression was increased in the hypotrochoidal design, specifically in the 

areas where the von Mises stress were high. The von Mises stress in the 

hypotrochoidal design were not as high as in the 0-90 structure indicating that 

collagen type II deposition can be enhanced by modulating the von Mises 

stress. Another method to increase collagen type II deposition for this study is 

to extend the dynamic stimulation until 4 weeks, as was shown with primary 

chondrocytes.[55] Culturing the scaffolds under a lower oxygen concentration 

in combination with the dynamic stimulation could be an additional step that 
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might be considered in future studies, since a lower oxygen concentration is 

known to improve collagen type II expression.[56, 57] An alternative would be 

to change the cell type that is known to produce more collagen type II such as 

primary chondrocytes or mesenchymal stem cells. [58] Finally, design the not 

limited to a certain material. Other less inert materials could be explored 

following this design.  

 

Generally, bundles of collagen fibers have a diameter ranging from 0.7 to 5 

µm.[59, 60] The diameter of the fibers produced in this study are two orders 

of magnitude bigger. Therefore, mimicking the collagen fiber arrangement 

could prove challenging with a technique such as FDM. However, the 

hypotrochoidal design could serve as a blueprint for collagen fiber deposition 

as collagen is synthesized intra-cellular and assembled extracellular into fibrils 

by chondrocytes.[61] The cells that attach to the fibers of the scaffold could 

start secreting pro-collagen and assemble it into collagen fibrils following the 

hypotrochoidal pattern. An alternative is to embed chondrocytes in a hydrogel 

within the hypotrochoidal design. This better represents the natural 

environment of chondrocytes.[62] Other techniques such as single cell 

acoustic patterning already allow cells to be arranged in a way that mimics the 

deep zone of cartilage.[63] The combination of cell patterning and having a 

template for the cells to follow could be worth exploring. The manufacturing of 

hypotrochoidal design scaffolds is not limited to FDM systems. Since the 

equations to generate X and Y coordinates are known, any system that uses 

an XY gantry could fabricate hypotrochoidal designs. Some alternative 

methods to produce these scaffolds might be with bioprinting or melt 

electrowriting systems (Figure S12). Specifically with melt electrowriting 

smaller fiber diameter can be obtained reaching the diameter of the collagen 

fiber bundles.[64] The hypotrochoidal design could potentially be used for 

other tissues where a gradient occurs such as long bones,[65] due to the 

empty inner circle in the hypotrochoid that resembles the medullary cavity and 

the dense outer structure resembling the compact bone (Figure S12).[66] Our 
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findings indicate that the hypotrochoidal design outperformed the 0-90 

woodpile design both mechanically and biologically. However, it would be 

interesting to determine in future studies if this effect endures in vivo.  

 

4. Conclusion 

Here, we showcased a hypotrochoidal design for cartilage tissue engineering. 

Such scaffolds mimic the morphological architecture of collagen fibers in 

articular cartilage, despite being still an order of magnitude larger than native 

collagen. It was shown that the hypotrochoidal design had an improved 

toughness compared to a 0-90 woodpile design. In addition, the stress 

distribution in the hypotrochoidal was improved due to the arched architecture 

that was introduced. The dynamic culture showed that the collagen deposition 

was improved and the hypotrochoidal design showed synthesis of collagen 

type II deposition in the specific areas of the scaffolds with a higher amount of 

stress.  

 

5. Materials and methods 
5.1 Scaffold fabrication 

Poly(ε-caprolactone) (PCL) (Mn 45.000, Sigma-Aldrich,USA) was used to 

fabricated scaffolds via FDM using a Bioscaffolder (SysENG, Germany). 

Briefly, pellets of PCL were placed in a stainless steel syringe and heated up 

to 110 °C. A pressure of 4 bar was used to force the molten polymer to the 

extrusion screw, which was set at a constant rotational speed of 45 rpm. A 

25G nozzle (260 µm internal diameter) was used for extrusion. The layer 

thickness and speed was kept constant at 180 µm and 400 mm/min, 

respectively. 

 

A custom written python script (Python Software Foundation, Version 3.7.0) 

was developed to generate the deposition pattern for extrusion. Using a 

hypotrochoidal function both X and Y coordinates were calculated (Equation 



Chapter 4 

133 

 

1 and Equation 2 respectively). R = the radius of the large circle, r = the radius 

of the rolling circle and d = the distance between the center of the rolling circle 

and the point which is traced. Afterwards, cut off values were set to mark the 

boundaries of the scaffold. The hypotrochoidal scaffold followed the equation 

R = 10 and d = 4 with cutoff values between -5 and 5 in the X and bigger than 

8 in the Y direction. As a variable parameter for the mechanical 

characterization, r was changed between 0.17 and 0.68. After each 

hypotrochoidal layer, two meandering layers that matched the outline of the 

scaffold were deposited with a fixed strand distance of 800 µm. The radius of 

this surface can be calculated with R = the radius of the large circle, r = the 

radius of the rolling circle and d = the distance between the center of the rolling 

circle and the point which is traced (Equation 3). As control, the hypotrochoidal 

layer was replaced with a meandering woodpile layer of similar tool pathway 

length but with a 90° rotation between layers (0-90). The final scaffolds were 

10 mm wide, 3 mm deep and 6 mm high at the top of the superficial zone. 

 

Equation 1 X(θ) = (𝑅 − 𝑟) cos θ + d cos (
𝑅−𝑟

𝑟
𝜃) 

Equation 2 Y(θ) = (𝑅 − 𝑟) sin θ + d sin (
𝑅−𝑟

𝑟
𝜃) 

Equation 3 Superficial zone radius = (R −  𝑟) + d 
 

5.2 Scaffold characterization 
Scaffold geometry and architecture was characterized by Stereomicroscopy 

(SMZ25, Nikon instruments) with a dark field illuminator (Nikon instruments). 

MicroCT was used to qualitatively and quantitatively investigate the 3D 

structure, volume and available surface area. The obtained micrographs were 

reconstructed using Nrecon software (Version 1.7.1.6., Bruker MicroCT). The 

scanning parameters were set as follows: 2452x1640 camera resolution, 6.5 

µm pixel size, source voltage and current of 50 kV and 130 µA respectively, 

0.2 degree rotation step and 4 averaged frames. Pore shape was visualised 

using Ctvox (Version 3.3.0r1403, Bruker MicroCT) software and the 

quantitative data was analysed through Ctan software (1.18.4.0+, Bruker 



Hypotrochoidal scaffolds for cartilage regeneration 
 

134 

 

MicroCT). The scaffold was divided in three different sections based on the 

three zones found in articular cartilage,[26] the deep, middle and superficial 

zone set at 25%, 55% and 20% of the scaffold, respectively. The fraction of 

the pore volume in each zone was derived from Equation 4. 

 

Equation 4 𝑃𝑜𝑟𝑒 𝑣𝑜𝑙𝑢𝑚𝑒 𝑓𝑟𝑎𝑐𝑡𝑖𝑜𝑛 = (1 −
𝑉𝑆𝑜𝑙𝑖𝑑(𝑧𝑜𝑛𝑒)

𝑉𝑡𝑜𝑡𝑎𝑙
) ∗ 100% 

 

Where Vsolid(zone) from each zone was obtained from the micro-CT analysis. 

Vtotal was calculated based on an equivalent solid block that was generated 

with computer-assisted design (CAD) (Rhino 6, Robert McNeel Associates, 

Version 6.19) with the dimension of the full scaffold. Moreover, for samples 0-

90 and 0-17 the total volume of pore space (for the superficial, middle, and 

deep zone) was obtained by the manual selection of the region of interest 

(ROI) using CTAn software (version 1.18.4.0+, Bruker, Kontich, Belgium). 

However, these results should be carefully considered since the manual 

selection might include errors. 

 

5.3 Mechanical characterization 
A custom designed adapter made of aluminum was used with a matching 

curvature of the scaffolds to maintain full contact area of the surface during 

mechanical testing (ElectroForce 3230, TA instruments, USA). Compression 

tests were performed using a 45 N load cell (ElectroForce) and the 

compression rate was set at 1% strain/s with a limit to 30%. A camera (DMC-

G3, Panasonic) with macro lens (Panagor 90mm f2.8, Komine) was used for 

video acquisition during the compression test to observe the deformation. The 

Young’s Modulus was calculated from the linear part of the stress strain 

curves. A pre-load of 1 Newton was applied before the mechanical test was 

initiated. The yield strain and strength were determined from the yield point 

that was set at the intersection between the stress-strain curve and the linear 

line drawn from the Young’s modulus with a 0.2% offset. The toughness of the 

scaffold was calculated as the area under the stress/strain curve up until the 
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yield point. The maximum strain for the fatigue test was set at 2.5% based on 

the data obtained from the compression test. During that test 100 cycles were 

performed with a frequency of 1Hz. A single cycle of the hysteresis curve was 

plotted and the amount of energy lost per cycle was calculated as the 

difference in area under the curve between the loading and unloading part of 

the hysteresis. This was normalized against the total amount of energy to 

correct for differences between the scaffold designs.  

 

5.4 Finite element modeling  
A custom written script in Rhino grasshopper was used to convert the G-code 

of the hypotrochoidal design from the printer into a 3D CAD model. The CAD 

files of the tested designs were imported in finite element modeling software 

(COMSOL Multiphysics, COMSOL B.V. Version 6.0). The model was fixed at 

the bottom part and a concave fixture was made in the software to match the 

curvature of the scaffold. The radius of this curvature was based on equation 

3. The contacts between the scaffolds and the fixture were fixated and a 

boundary condition was set to constrain the scaffold from falling forward 

during the simulation. A strain of 10% was simulated in steps of 2% and the 

Von Mises stress along with the displacement were plotted.  

 

5.5 Cell culture 
ATDC5 (RIKEN cell bank), a teratocarcinoma derived chondrogenic cell line, 

was used to test the effect of the hypotrochoidal design on cells. Cells were 

trypsinized before reaching 80% confluence and 75.000 cells were seeded 

per scaffold. The cells were brought to a concentration of 2,500,000 cells / ml 

and a 30 µl cell suspension was dropped on the side of the scaffold. After 2 

hours the scaffold was flipped and after a total of 4 hours of attachment, the 

scaffolds were transferred into Dulbecco's Modified Eagle Medium: nutrient 

mixture F-12 (DMEM-F12) (Sigma-Aldrich) expansion media supplemented 

with 5% fetal bovine serum (FBS) (Sigma-Aldrich) and 1% Penicillin 

Streptomycin (Thermo Fisher Scientific). After 1 day, the media was switched 
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to differentiation media, which consisted of DMEM-F12 supplemented with 5% 

FBS, 1% Insuline, Transferin, sodium and Selenite (ITS) (Thermo Fisher 

Scientific), and 1% Penicillin Streptomycin. After 7 days, some of the scaffolds 

were transferred to a custom made bioreactor for dynamic stimulation. The 

bioreactor was powered by a DC-motor that was powered externally by a 

power supply. The DC-motor rotated a camshaft with a wedge shape cam at 

the end. The cam pushed a block that compresses the scaffold. The strain 

applied on the scaffold was determined by the shape of the cam. The 

stimulation was performed for 2 hours per day at 1Hz and 2.5% strain. The 

scaffolds were kept for a total of 28 days with media changes every other day.  

 

5.6 Microscopy and cell analysis 
Scaffolds were harvested after 28 days and used to analyze DNA, 

glycosaminoglycans (GAG) and collagen content or fixated for histological 

evaluation. A plate reader (CLARIOstar, BMG labtech) was used to quantify 

the biochemical assays. Scaffolds that were used for quantification were 

freeze/thawed 3 times before being submerged in 1 mg/ml proteinase K 

Tris/EDTA buffer solution. Samples were freeze/thawed again for three times 

after an overnight incubation at 56 °C in proteinase K solution. A part of the 

lysate solution was used to analyze DNA content through a DNA analysis kit 

(CyQUANT™ Cell Proliferation Assay Kit, Thermo Fischer Scientific) 

according to the manufacturer’s protocol. The samples were excited at 480 

nm and emission was measured at 520 nm. The amount of DNA present in 

the sample was calculated from a known bacteriophage λ DNA standard. 

Another part of the solution was used to perform a GAG assay with 1,9-

dimethylmethylene blue (DMMB) (Sigma-Aldrich) dye. The absorbance was 

measured both at 525 nm and 595 nm. The amount of GAGs in the sample 

was calculated by the difference in absorbance from both wavelengths and 

compared to a known chondroitin sulfate standard. The final part portion of 

the lysate was used to quantify the collagen content according to a 

hydroxyproline assay (Sigma-Aldrich). The absorbance was measured at 570 
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nm and the collagen content in the sample was determined from a 

hydroxyproline standard. 

 

The scaffolds used for microscopy were fixed with 4% Paraformaldehyde 

(PFA) (VWR) for 1 hour and subsequently placed in PBS until further 

processing. Cells were stained with 1/250 dilution (0.23 µg/ml) DAPI (Sigma-

Aldrich), 1/200 (0.5 µM) Phalloidin (Thermo Fisher Scientific), 1/400 dilution 

Collagen type II (Anti-Collagen type II, ab34712, Abcam) and 1/200 dilution 

Collagen type X (Anti-Collagen type X, ab49945, Abcam). The scaffolds were 

stained with an Alcian blue staining (Sigma-Aldrich) with a Nuclear red 

counterstaining (Sigma-Aldrich) to check the presence of GAGs. Fluorescent 

images were taken (Nikon Eclipse Ti-e) and the bright field images were 

acquired with the stereomicroscope (SMZ25, Nikon instruments).  

 

5.7 Statistics 
Statistical analyses were performed with GraphPad Prism 8.1.2. Significant 

differences were tested using an ANOVA test with a Dunnett multiple 

comparisons test and a student’s t-test to compare among two groups. The 

tests were considered significant when p<0.05.  
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Supplementary material 
 
 

Table S1. Volumetric micro-CT data of the r=0.17 and 0-90 design. Each condition 
contained n=3 samples. Values represent average ± standard deviation. 

Sample Pore volume full 
scaffold (mm3)  

Pore volume 
superficial 
zone (mm3) 

Pore volume 
middle zone 
(mm3) 

Pore 
volume 
deep zone 
(mm3) 

r=0.17 109.2 ± 7.7 10.9 ± 2.3 69.0 ± 4.6 31.6 ± 4.7 
0-90 125.0 ± 2.7 16.5 ± 0.7 76.0 ± 1.5 32.5 ± 0.8 

 

 
 

 
Figure S1. Division of the different scaffold designs into the three zones. The deep 
zone in blue, middle zone in yellow and superficial zone in red. Scale bar represents 
500 µm. 
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Figure S2. Fiber collapse in the r=0.68 hypotrochoidal design. Top panel displays the 
frontal view, the bottom left panel top view and the bottom right panel the cross 
sectional view. The red arrow indicates the collapse of the fiber. The scale bar 
represents 2 mm.  
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Figure S3. Time-lapsed snapshots during the compression test of the different tested 
designs.  
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Figure S4. Micro-CT in combination with a compression test on the different tested 
designs. Images were taken at 15%, 20% and 25% strain. Panels from the bottom 
three rows are superimposed. Scale bar represents 500 µm. 
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Figure S5. Micro-CT images after a compression test at 25% strain. Left panels reveal 
the cross-sections from different planes and the right panels reveal the 3D assembly 
of each plane. (A) r=0.17 design, (B) r=0.34 design and (C) the r=0.68 design. 
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Figure S6. Finite element model of a compression test of the different designs, (A) the 
0-90, (B) r=0.17, (C) r=0.34 and (D) r=0.68 design. The bottom fixture was fixed while 
a displacement of 0.6 mm was simulated on the curved top fixture (10% strain). The 
left hand panel show the von Mises stress and the right hand panel show the 
displacement.  
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Figure S7. Cells after 28 days in static culture stained by methylene blue. (A) 0-90 
woodpile design after 1 day of culture. (B) 0-90 woodpile design after 28 days of 
culture. (C) r=0.34 design after 1 day of culture. (D) r-0.34 design after 28 days of 
culture. (E) DNA quantification of 0-90 and r=0.34 designs over 28 days of culture; and 
GAG quantification after 7 (F) and 28 (G) days. Scale bar represents 1 mm. 
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Figure S8. Cell adhesion on 0-90 and hypotrochoidal scaffolds in basic (expansion) 
and differentiation media, quantified by phalloidin (green) and DAPI (blue) staining. 
Scale bar: represents 500 µm. 
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Figure S9. Pore distribution for the 0-90 woodpile (A,B) and r=0.17 hypotrochoidal 
design (C,D). Representative images from micro-CT showing the porosity in the 3 
zones: in red the pores of the superficial zone, in yellow the pores from the middle zone 
and in magenta the pores of the deep zone (A,C). Pore distribution as a percent of 
pore volume in different range intervals for the 3 zones: red- the superficial zone, 
yellow-the middle zone and purple –the deep zone (B,D). 
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Figure S10. DNA, GAG and collagen analyses of the tested scaffolds after 28 days of 
culture. (A) Micro-CT analyses of the surface area in fraction of the surface area. (B) 
DNA content normalized against the surface area. (C) GAG per DNA content 
normalized against the surface area. (D) Collagen per DNA content normalized against 
the pore surface area. Each condition contained n=3 samples and values represent 
average ± standard deviation. 
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Figure S11. Cells after 28 days in static culture. On top of the panel an overview image 
of the scaffold. The bottom panel sets represent different areas in the scaffold. (A) 0-
90 woodpile design. (B) r=0.17 hypotrochoidal design. Scale bars represent 500 µm in 
the overview panel and 200 µm in the close up. 
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Figure S12. Hypotrochoidal designs fabricated with various techniques and printers. 
From left to right, Melt electrowritting, Bioprinting and Fused deposition modeling. With 
PCL Mn 45,000 as material for the melt electrowritten and fused deposition modeling 
scaffolds and Xanthan gum (7% w/v) as material for the bioprinted scaffolds. Scale bar 
represents 1000 µm. 
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Abstract 
Many tubular tissues such as blood vessels and trachea can suffer long-

segmental defects through trauma and disease. With current limitations in the 

use of autologous grafts, the need for a synthetic substitute is of continuous 

interest as possible alternatives. Fabrication of these tubular organs is 

commonly done with techniques such as electrospinning and melt 

electrowriting using a rotational collector. Current additive manufacturing (AM) 

systems do not commonly implement the use of a rotational axis, which limits 

their application for the fabrication of tubular scaffolds. In this study, a four 

axis extrusion-based AM system similar to fused deposition modelling (FDM) 

has been developed to create tubular hollow scaffolds. A rectangular and a 

diamond pore design were further investigated for mechanical 

characterization, as a standard and a biomimicry pore geometry respectively. 

We demonstrated that in the radial compression mode the diamond pore 

design had a higher Young’s modulus (19,8 ± 0,7 MPa compared to 2,8 ± 0,5 
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MPa), while in the longitudinal tensile mode the rectangular pore design had 

a higher Young’s modulus (5,8 ± 0,2 MPa compared to 0,1 ± 0,01 MPa). Three 

point bending analyses revealed that the diamond pore design is more 

resistant to luminal collapse compared to the rectangular design. This data 

showed that a wide range of mechanical properties can be obtained with the 

four axis extrusion-based system. Furthermore, with this technique a full 

control over scaffold design and geometry can be achieved, which has not 

been reported with other techniques. This flexibility can allow the 

manufacturing of scaffolds for diverse tubular tissue regeneration applications 

by designing suitable deposition patterns to match their mechanical pre-

requisites. 

 

1. Introduction 
Peripheral and coronary vascular substitutes have been increasing in demand 

[1]. Due to trauma and diseases, long-segmental defects are generated and 

a remedy is required. With larger diameter (6> mm) vasculature, if the defect 

becomes too large for end-to-end anastomosis a replacement in the form of 

clinical grade woven polyethylene terephthalate is used [2-4]. The main 

limitation with using polyethylene terephthalate is calcification that can occur 

in long term implantation cases, Mehta et al. [4] reported that after 87 months 

of implantation 68% of the patients showed evidence of calcification. In the 

smaller diameter grafts autologous tissue is harvested which is restricted by 

the limited availability of the tissue and require a second surgical site [5]. Due 

to these limitations, scaffold fabrication technologies may offer a promising 

alternative for creating tubular scaffolds as a template for tissue regeneration. 

 

Currently most vascular scaffold fabrication techniques rely on methods such 

as electrospinning and melt electrowriting [6-8]. The main advantage of these 

methods is the fiber diameter size which can range from tens of nanometers 

to tens of micrometers [9]. The disadvantage of these technologies is that it is 
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still difficult to create longitudinal porosity and the mechanical properties of the 

scaffolds produced are often weak, and therefore more prone to luminal 

collapse when implanted in vivo [10-12]. In addition the scaffold itself can also 

get damaged during implantation when not carefully handled [13]. On the 

other hand, having a stiff scaffold can also cause mechanical mismatch and 

will also lead to graft failure [14]. Using a different material, changing design 

or fabrication technique could help to improve the mechanical properties and 

reduce the probability of collapse and mechanical mismatch [15, 16].  

 

Techniques in AM such as fused deposition modeling (FDM), bioplotting and 

other extrusion based techniques are suitable for increasing the mechanical 

integrity of a scaffold by manufacturing fibres with hundreds of micrometers 

[17]. The main limitation in creating a tubular construct with current extrusion 

based setups is the designs and geometries that can be manufactured, since 

for these overhanging and hollow structures a support material is required 

[18]. This limitation is mainly caused by the fact that most systems use a layer-

by-layer fabrication approach by subsequently depositing fibers to form an 

infill of each layer within the object contour and this process is repeated until 

the full 3D object is obtained. This deposition normally occurs in a flat 

substrate that moves in relation to the printhead in the X-Y plane and Z 

direction [19]. The implementation of a fourth axis allows the possibility to 

create more complex tubular scaffold designs such as been described in the 

field of prosthetic implants [20, 21]. Other groups focusing on biomedical 

research have implemented a fourth axis in their FDM system [22], however 

often without a communication between the rotational axis and the main 

system, which results in the creation of only helical designs [17, 23, 24]. In 

addition to that, tubular scaffolds are generally not completely characterized 

and understood for their mechanical properties and behaviour for axial, radial 

and bending deformations. 
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The aim of this study was to show an extrusion-based AM technique similar 

to FDM with a synchronized fourth rotational axis that allows the fabrication of 

complex tubular geometries. In addition, the role of geometry in scaffold 

design on mechanical properties such as radial compression, tensile strength 

and three point bending was further studied.  
 

2. Methods 
2.1 Four axis extrusion based system 

A Roland EGX-360 with fully controllable fourth axis was adapted by replacing 

the engraving head with a custom-made heated pressure-driven dispensing 

cartridge. This cartridge made of stainless steel is encased in a heating 

aluminium block with an electrical resistance of 150 W and 240V controlled by 

a proportional, integral derivative (PID) unit (PID500MH-1000, Tempatron, 

UK). The PID was set at 110 °C and the cartridge containing poly(ε-

caprolactone) (PCL, Mn =45,000 g mol-1, Sigma-Aldrich, USA) was loaded in 

the heating block. The polymer was kept for 15 min to ensure complete molten 

state and extruded with pressure of 5 bar. An electromagnetic pressure valve 

was used to control of deposition. The molten PCL was extruded through a 

260 micron nozzle diameter (25G needle). The polymer was deposited on a 

rotating stainless steel mandrel with a 2 mm diameter which was attached to 

the 4th axis and controlled by the printer.  

 

2.2 Scaffold fabrication 
All scaffolds were manufactured with a travel speed of the extruder set at 2 

mm/s and the distance between nozzle and the stainless steel mandrel was 

set at 200 µm. The total scaffold length in all tested cases was kept constant 

at 18 mm with an inner diameter of 2 mm. Two different scripts were written 

in Python 3.6 to control the printhead movements to form the diamond and the 

rectangular designed patterns. Within the Phyton script developed for the 

rectangular pattern features such as the number of rings and struts can be 
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varied. Rectangular pore scaffolds were labelled according to the amount of 

rings (R) and struts (S) in the scaffolds, for instance 6R9S contains 6 rings 

and 9 struts. The distance between the rings was equally divided over the 

whole length of the scaffold. The struts were also equally divided over the total 

perimeter of the scaffold. In the diamond pore design the pitch of the diamond 

and the amount of helices can be defined were the space between each 

starting helix was equally divided along the perimeter. The total amount of 

complete helix turns in the diamond pore scaffolds is based on the total 

amount of helices multiplied by the rotations per helix. The diamond pore 

scaffolds were labelled according to the amount of helices (H) and the pitch 

(P) of the diamond, for instance 4H4,5P contains 4 helices with a pitch of 4,5 

mm. One additional script was written for the Hilbert curve as an example to 

show the complexity of the fabricated structures that can be achieved. The 

mandrel for this case had a diameter of 12 mm and the scaffold was a 4th 

generation Hilbert Curve.  

 

2.3 Scaffold characterization 
Stereomicroscope (SMZ25, Nikon instruments, U.S.A.) and scanning electron 

microscopy (SEM, XL-30, Philips, The Netherlands) were used to visualize 

the scaffold structure. The diameter of the filaments was measured on the 

SEM micrographs from three fibres on three different scaffolds. MicroCT was 

used to qualitatively and quantitatively investigate the 3D structure. The 

obtained micrographs were reconstructed using Nrecon software (Version 

1.7.1.6.,Bruker MicroCT). Pore shape was visualised using Ctvox (Version 

3.3.0r1403, Bruker MicroCT) software and the volume of the scaffold (and all 

other quantitaive data) was analysed through Ctan software (1.18.4.0+, 

Bruker MicroCT). The porosity of the scaffolds was derived from Equation 1. 

 
Equation 1. (1 − 𝑉𝑠𝑜𝑙𝑖𝑑/𝑉𝑡𝑜𝑡𝑎𝑙) ∗ 100% 
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 Where Vsolid is obtained from the Micro-CT analysis and Vtotal is calculated 

from an equivalent tube generated with computer assisted design (CAD) 

software (Rhino 6, Version 6.24, Robert McNeel & Associates) with the length 

and wall thickness of each scaffold. 

 

2.4 Mechanical characterization 
Mechanical characterization was performed on a mechanical tester 

(ElectroForce, TA instruments, U.S.A.). Compression tests were performed in 

the radial direction between two stainless steel plates at a strain rate of 1% 

per second. Tensile tests were performed on the scaffolds by inserting a 

similar diameter stainless steel rod in the part of the lumen of the scaffold were 

the clamps attached. A gap of 10 mm was set between the top and the bottom 

clamp and the tensile test was performed at a rate of 0.1 mm/s. In addition, 

tensile tests were performed using micro-CT scanner (SkyScan 1272, 

Bruker,Belgium) provided with material testing stage 2 (MTS 2) which allow 

the sample to be subjected to a load until a final deformation of the sample is 

reached. Subsequently to perform a scanning step which allow to observe the 

changes appeared in the microstructure of the tested scaffold. The 

deformation was observed in steps and set to 0, 2, 4, 6 and 8 mm, at each 

step a delay of 3 minutes before scanning was set to avoid any movement 

artifacts during the scan. The strain rate during micro-CT was set to 11 µm 

per second. Three-point bending was performed to assess whether the 

designs can bend without lumen collapse. The scaffolds were placed on two 

V-shaped supports with a gap distance of 10 mm. A rounded probe set in the 

center of the gap was used to deform the samples at a fixed rate of 1% strain 

per second. The whole test was captured with a camera (DMC-G3, 

Panasonic, The Netherlands) with a macro-lens (Panagor 90mm f2.8, 

Komine, Japan), images and videos were analyzed using ImageJ (Version 

1.52p, NIH) and Adobe Premiere Pro (Version 12.0, Premiere Pro CC 2018).  
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2.5 Finite element modeling 
COMSOL multiphysics (Version 5.2, Comsol B.V., the Netherlands) was used 

to simulate the scaffolds from the micro-CT, a 3D model of the 4H4,5P 

diamond pore design and the 6R9S design was recreated. During the 

simulation one end of the scaffold was fixed while on the other end a tensile 

deformation of 8 mm was simulated in steps of 0,8 mm.  

 

2.6 Statistics 
Statistical analyses were performed with GraphPad Prism 8.1.2. Significant 

differences were tested using a student’s t-test and were considered 

significant when p<0.05. 

 

3. Results and discussion 
A schematic overview of the fabrication process is shown in Figure 1A, a 

picture of the setup is shown in Figure S1. Briefly, a four axis extrusion based 

heating printhead containing a reservoir was used to deposit molten polymer 

on top of a controlled rotating mandrel. This technique is compatible with 

thermoplastic biomaterials. As a proof-of-concept, PCL was used for the 

fabrication of all scaffolds in this study.   

 

Figure 1B shows an example of the variety of designs that can be produced 

with the four axis extrusion-based system. Additionally, the control in all 

directions is shown in Video 1. Previous works have investigated the 

implementation of a fourth axis in AM for creating helical structures [23-25]. 

The advantage of our method is that the fourth rotational axis is synchronized 

with the X-Y and Z axis and therefore the toolpath can be directly coded which 

allows high precision in scaffold design and the ability to fabricate more 

complex designs (Figure S2). Future optimization studies will aim at 

decreasing the fiber size below 100 µm [26].  
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Figure 1. Fourth axis extrusion-based system. (A) Schematic overview of the 
fabrication process. (B) Examples of possible designs that can be manufactured with 
the fourth axis FDM system. (C) Rectangular pore design with rings and struts that can 
be introduced. (D) Diamond pore design with the amount of helices and rotations that 
can be varied in the design. 

In this study two different designs were chosen, a rectangular pore design 

where filament rings and struts are created, and the amount in each of them 

can be varied (Figure 1C), which represents a standard pore design. The 

second design is a multiple diamond pore were the amount of helices or the 

pitch per helix can be varied (Figure 1D) which represents a more biomimicry 

pore design. 

 

Five different variations of the rectangular pore design were successfully 

created and shown in Figure 2A. With the decreasing amount of rings, the 

distance between each rings is increased. Similarly, with the decreasing 

amount of struts the distance between each struts increased. In addition, the 

fibres in all the samples showed proper fusion, which is beneficial for the 

mechanical properties. Table 1 and 2 show the results obtained from micro-

CT and SEM. The weight of the scaffold correlated with the porosity, by 

increasing the weight of the scaffold, the porosity decreases and the available 
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surface area increases. A variation in fiber size was observed between the 

rectangular pore designs, ranging from 341 ± 24 µm in the 5R9S sample to 

370 ± 28 µm in the 6R7S sample (Table 1). A certain level of thickness 

heterogeneity was observed in micro-CT, which was in good correlation with 

similar features noticed in the diamond pore designs (Figure S3). An overview 

of the tested conditions for both scaffold types is depicted in Figure 2. In the 

diamond pore scaffolds, the pitch (9 mm, 6 mm and 4.5 mm) was varied while 

keeping 4 helices. Other two cases were also investigated by testing a 9 mm 

and 4.5 mm pitch with 8 and 2 helices respectively. The same as with the 

rectangular pore design was also observed in the diamond design, with 

increasing amount of weight in the scaffold there is a decreased porosity and 

an increased available surface area (Table 2).  

 
Table 1. Variations of the rectangular pore design. 

 

Arteries are subjected to external pressures from surrounding tissues. Luminal 

collapse occurs whenever the external pressure becomes higher than the 

internal lumen pressure [27]. Therefore, radial compression tests were 

performed to assess the mechanical properties of the different designs. The 

data of the rectangular pore designs revealed that with increasing amount of 

rings in the scaffold the Young’s modulus increased significantly (Figure 3A), 

while increasing the amount of struts in the scaffold seemed to make no 

significant difference (Figure 3B). This indicates that the rings in the scaffolds 

are load bearing in radial compression while struts make no significant 

difference. In the case of the diamond design with higher number of helix turns 

Sample 6R5S 6R7S 6R9S 5R9S 4R9S 
Ring (Nr.) 6 6 6 5 4 
Strut (Nr.) 5 7 9 9 9 
Weight (mg) 14.7 ± 0.3 17.3 ± 0.5 18.2 ± 0.4 17.5 ± 0.7 17.2 ± 0.4 
Fiber diameter 
(µm) 

343 ± 17 370 ± 28 352 ± 29 341 ± 24 359 ± 34 

Porosity (%) 69.7 58.2 50.8 55.7 53.8 
Surface area 
(mm2) 

141.2 239.3 247.2 218.2 210.1 
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the Young’s modulus increased significantly (Figure 3C). When the helices 

and the pitch were varied a different trend was observed (Figure 3D), the 

4H4.5P design had a significantly higher Young’s modulus (19,8 ± 0,7 MPa) 

compared to the 8H9P and 2H2.25P (13.5 ± 2.2 MPa and 6.1 ± 0.1 MPa 

respectively). A possible explanation for this behaviour is that with a decrease 

 
Figure 2. Overview of the tested designs. (A) The rectangular pore design with varying 
amount of rings and struts in the scaffold. (B) The diamond design with varying amount 
of helices and rotations per diamond in the scaffold. Scale bar represents 1 mm. 
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Table 2. Variations of the diamond pore design. 

Sample 4H9P 4H6P 4H4.5P 8H9P 2H2.25P 
Pitch (mm) 9 6 4.5 9 2.25 
Helix (Nr.) 4 4 4 8 2 
Complete 
helix turn (Nr.) 

8 12 16 16 16 

Weight (mg) 9.3 ± 0.3 13.7 ± 
0.3 

17.3 ± 0.6 18.3 ± 
0.3 

17.3 ± 0.4 

Fiber size 
(µm) 

328 ± 25 343 ± 27 365 ± 31 343 ± 29 363 ± 34 

Porosity (%) 88.4 82.8 73.5 76.4 76.4 
Surface area 
(mm2) 

58.4 84.6 111.9 112.4 104.2 

 

in pitch in the diamond design there are more filaments that support the load 

in the radial direction. In addition, the angle of those filament becomes more 

parallel to the load that is applied [25]. Comparing the rectangular pore design 

with the diamond design the main differences in radial compression is that the 

diamond design has a higher range in Young’s modulus (9.8 ± 1.5 – 19.8 ± 

0.7 MPa for the diamond and 2.8 ± 0.5 – 5.2 ± 0.2 MPa for the rectangular 

pore). Langewouters et al. found that human finger arteries collapse whenever 

the transmural pressure becomes less than 20 mmHg (2.7 KPa) [28]. The 

yield strength of the rectangular pore design ranges from 0.55 ± 0.09 MPa to 

0.67 ± 0.17 MPa and 0.88 ± 0.18 MPa to 2.56 ± 0.17 MPa (Figure S4). 

Indicating that in this case both the diamond and the rectangular pore designs 

are more than capable of preventing luminal collapse. 

 

Implants for hollow organs or end-to-end anastomosis are attached through 

suturing both ends together [29-31]. During their lifespan, these implants have 

to withstand tensile stress generated from tissue movements and the sutures 

which hold them in place [32], therefore longitudinal tensile properties of both 

designs were assessed. With the rectangular pore design an increasing 

amount struts introduced in the scaffold resulted in a significant increase in 

Young’s modulus was observed (Figure 4A), while varying the amount of rings  



Chapter 5 

167 

 

 

 
Figure 3. Radial compression test with a strain rate of 1% per second. (A) Young’s 
modulus in the rectangular pore design with increasing amount of rings and the same 
amount of struts. (B) Young’s modulus in the rectangular pore design with increasing 
amount of struts and the same amount rings. (C) Young’s modulus in the diamond 
design with the same amount of helices and increasing amount of rotations. (D) 
Young’s modulus in the diamond design with increasing amount of helices and 
rotations and the same amount of total rotations. Statistical significance: * p<0.05, ** 
p<0.01, **** p<0.0001. 

in the design did not make a difference (Figure 4B).This behaviour was also 

confirmed with the finite element tensile model of the scaffold showing that the 

struts in the scaffold are load bearing while the number of rings play a minor 

role in longitudinal tensile (Figure 5A). In addition, micro-CT data revealed the 

deformation during a tensile test (Figure 6). The size of the lumen remained 

similar during the test, which was also confirmed by the finite element model. 

Another observation revealed inconsistencies in fiber diameter in the strut 

fibers indicating stretching of the fiber during the manufacturing process 

(Figure S3). During the manufacturing process if the filaments are deposited 

too high from the collector, then there is a chance of delamination. Conversely, 

a small printing distance between the nozzle and the mandrel leads to 
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inaccuracies of the final construct because of polymer accumulation around 

the nozzle [33]. The diamond design on the other hand revealed that there 

was no significant difference with decreasing the pitch of the scaffold (Figure 

4C). Increasing the amount of helices in the scaffold resulted in a significant 

increase in Young’s modulus (Figure 4D). This might be explained by the fact 

that by increasing the amount of helices there is an increased amount of 

filaments and filament intersections that contribute to the Young’s modulus of 

the whole scaffold in the longitudinal direction. The finite element model of the 

diamond design showed that the stress distributed more on the crossing areas 

between two helices of the scaffold (Figure 5B). In addition, the model showed 

that with increasing strain the size of the lumen decreased in the diamond 

design, which was also observed with micro-CT analysis under mechanical 

testing (Figure 7). During the tensile test with micro-CT the samples were 

subjected up to 40% strain. At 40% strain the lumen in all samples except 

2H2.25P was substantially reduced and in the case of 4H9P nearly occluded. 

Though in the physiological conditions the stretch in arteries in normal 

conditions has been reported to be up to 10% [34]. The range of Young’s 

modulus of the diamond design was between 0.06 ± 0.01 MPa and 1.36 ± 

0.24 MPa for the 2H2.25P and 8H9P design respectively. Comparing this to 

other similar work on helical structures showed that the value’s fall in the same 

order of magnitude [35, 36], which is within the range compared to the native 

human carotid artery (0.20 ± 0.06 MPa) [37]. Furthermore a change in the 

material could bring these values in the same range as Jeong and Hollister 

[38] demonstrated by testing PCL, Poly (Glycerol-co-Sebacate) and Poly 

(Octanediol-co-Citrate) scaffolds of the same shape. Alternatively, changing 

design from helical to a rectangular pore shape, the tensile modulus can be 

increased by an order of magnitude with similar amount of material (Table 1). 

In general, the rectangular pore design has a higher Young’s modulus in 

tensile when compared to the diamond design (5.8 ± 0.2 MPa – 8.6 ± 0.5 MPa 

and 0.1 ± 0.01 MPa – 1.3 ± 0.2 MPa respectively). 
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Figure 4. Longitudinal tensile tests with a strain rate of 1% per second. (A) Young’s 
modulus in the rectangular pore design with increasing amount of rings and the same 
amount of struts. (B) Young’s modulus in the rectangular pore design with increasing 
amount of struts and the same amount rings. (C) Young’s modulus in the diamond 
design with the same amount of helices and increasing amount of rotations. (D) 
Young’s modulus in the diamond design with increasing amount of helices and 
rotations and the same amount of total rotations. Statistical significance: *** p<0.001, 
**** p<0.0001. 

To assess if the scaffolds were flexible enough to bend without the lumen 

collapsing a three-point bending was performed and captured using a camera 

(Video 2 and 3). Images of the video of the lumen size at 40% deformation 

were made and plotted in Figure 8. Analysis revealed that for the rectangular 

pore design the lumen size remained significantly higher with increasing 

amount of rings in the design (Figure 8A). The positioning of the scaffold had 

a significant influence on the retention of the lumen size. When the probe was 

centered between two rings the lumen collapsed while if the probe was 

centered on top of a ring then the lumen remained open (Figure S5). With 
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Figure 5. Finite element model of a tensile test in both designs. One end of the scaffold 
was fixated while a 40% tensile displacement applied. (A) The model for the 
rectangular pore sample with 6 rings and 9 struts, on the left side a side view and on 
the right side a top view of the scaffold. (B) The model for the diamond design with 4 
helices and 4 rotations, on the left side a side view and on the right side a top view of 
the scaffold. Scale bar = 2mm 



Chapter 5 

171 

 

 
Figure 6. Micro-CT in combination with longitudinal tensile test data on the rectangular 
pore design. Images were taken at 0, 2, 4, 6 and 8 mm of strain. Scale bar = 500 µm 

 

 
Figure 7. Micro-CT in combination with longitudinal tensile test data on the diamond 
pore design. Images were taken at 0, 2, 4, 6 and 8 mm of strain. Scale bar = 500 µm 
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decreasing the amount of rings in a design the distance between them 

increases, therefore the center of the strut would have less support in the 

radial direction. This explains the fact that with a decreased amount of rings 

the lumen tend to collapse more. In addition, when having the same amount 

of rings in the scaffold while reducing the amount of struts revealed no 

significant difference between the samples (Figure 8B). Comparing the pitch 

in the diamond design revealed that with a 9 mm pitch per diamond, a 

significant decrease in lumen size was observed while for a decrease in pitch 

there was no significant difference (Figure 8C). Data from Figure 8D showed 

that the lumen size decreases significantly with increasing amount of helices 

and pitch. Three point bending for hollow tubular structures is not reported 

often in literature [25]. One limitation of the currently applied method is that it 

does not calculate the actual lumen size but rather the lumen with the size of 

luminal wall. In general, the diamond designs have a bigger lumen size 

compared to the rectangular pore design, indicating that the diamond designs 

are more resistant to luminal collapse during bending. Therefore, relatively 

flexible tubular organs such as the carotid artery would benefit from a more 

helical design rather than a rectangular pore design [39]. 

 

The right compliance for vasculature is important in order to ensure its proper 

function and maintain graft patency [14, 40, 41]. Future studies will aim at 

matching the compliance of the carotid artery by using the different 

geometrical designs on the scaffold. For the designs studied here, the 

hypothesis is that the compliance in the rectangular pore designs might be 

higher due to the rings present that cannot expand any further without 

deforming, while the diamond design in general can expand in the radial 

direction to some extent. The lumen of the scaffold should be completely 

covered, since the scaffolds are too porous to let a liquid flow through.  
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Figure 8. Image analyses of the lumen at 40% strain during three point bending. (A) 
The rectangular pore design with increasing amount of rings and the same amount of 
struts. (B) The rectangular pore design with increasing amount of struts and the same 
amount rings. (C) The diamond design with the same amount of helices and increasing 
amount of rotations. (D) The diamond design with increasing amount of helices and 
rotations and the same amount of total rotations. *p<0.05, ** p<0.01, *** p<0.001. 

A balance needs to be made of having a porous structure while maintaining 

mechanical properties [42, 43]. Having a highly porous scaffold often means 

the mechanical properties are weak and vice versa often results in no room 

for cells to populate the scaffold or risk of mechanical mismatch [44, 45]. In 

bulk form PCL has a tensile modulus of 363.4 ± 71.6 MPa and a compression 

modulus of 297.8 ± 7.1 MPa [46]. Here, we highlighted a method to 

superimpose a range of different mechanical properties for PCL in bulk form 

that can even decrease the modulus by a factor 1000 in both tensile and 

compression for both designs. Furthermore, we showed that by having a more 

porous design such as the helical design the radial compression modulus was 

often higher to that of the rectangular pore designs. However, on the other 

hand the tensile modulus was lower in the case of the helical design. 

Depending on the final application, an appropriate design can be made with 

this system to tailor the mechanical needs of the scaffold. 



Controllable four axis extrusion based additive manufacturing system 
for vascular tissue regeneration 
 

174 

 

The main function of vasculature is transport of nutrients and waste disposal, 

having barrier vital to fulfil that function [47]. A challenge remains to create a 

barrier function while maintaining porosity with this system. However, a barrier 

function can be manufactured by combining this with other techniques such 

as electrospinning [48, 49]. The main problem is that often these barriers are 

difficult to handle due to collapse or weak mechanical properties [10, 11]. 

Future studies can aim at combining the techniques in making vasculature 

with a barrier function that can be handled and with matching mechanical 

properties. 

 

In this study, the main aim was to create scaffolds for small diameter vessels 

such as the carotid or coronary artery. The tensile properties of these small 

diameter vessels are within the range of the diamond pore design (Table 3) 

[37, 50]. For larger vessels such as the aorta the tensile properties are higher 

in the range of 2.6 MPa ± 0.3 MPa [51]. The data from this study suggests that 

the addition of more helices in the diamond pore design could increase the 

Young’s modulus to that of the human aorta. In addition to small and larger 

diameter vessels, this technique can also be applied to other applications such 

as the trachea, intestinal system, urogenital system and long bones [52-54]. 

The mechanical properties of the small intestine for example are within the 

range the diamond pore design scaffolds [55]. In addition, data from the three 

point bending test also suggests that this design is capable of bending without 

a luminal collapse, which is beneficial for the tortuous duodenum. For stiffer 

tissues such as the trachea and the ureter the rectangular pore design is more 

suitable since the Young’s modulus is within the required properties [56, 57]. 

Especially when considering that the rings from the rectangular pore design 

biomimics the tracheal cartilage rings [58, 59]. The mechanical properties of 

cortical bone are currently stiffer from the designs that were explored here 

[60]. Multiple layers to the tubular scaffold can be a further strategy to increase 

the tensile modulus while still maintaining interconnectivity and longitudinal 
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porosity, which is still not possible to create using other techniques such as 

melt electrowriting [12].  

 
Table 3. Tensile properties of various tubular organs and scaffolds. 

Type of tissue Young’s Modulus tensile 
Carotid artery 0.7 ± 0.1 MPa [37] 
Coronary artery 1.5 ± 0.2 MPa [50] 
Aorta 2.6 ± 0.3 MPa [51] 
Trachea 13.6 ± 1.5 MPa [56] 
Small intestine 0.7 ± 0.2 MPa [55] 
Ureter 9.0 ± 1.2 MPa [57] 
Cortical bone 18.6 ± 3.5 GPa [60] 
Diamond pore design 0.1 ± 0.0 MPa to 1.3 ± 0.2 MPa 
Rectangular pore design 5.8 ± 0.2 MPa to 8.6 ± 0.5 MPa 

 
4. Conclusion  

In conclusion, we showed a four axis fiber extrusion-based AM technique with 

full control over design and geometry. Two different designs were chosen and 

studied further, the rectangular pore and the diamond design. Radial 

compression data revealed that in general the diamond design had a higher 

Young’s modulus compared to the rectangular pore design. The tensile tests 

showed that the rectangular pore shape had a higher Young’s modulus, in 

addition to that the lumen size of the diamond reduced with increased strain. 

Finally analyses from the three-point bending revealed the rectangular pore 

design is more prone to luminal collapse when bend. With this technique 

systematic changes in design can be made to alter the mechanical properties 

for the targeted organ. 
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Supplementary material 

 
Figure S1. Overview of the printer and indicated parts. 

 

 
Figure S2. Fourth generation Hilbert curve scaffold printed on a 12 mm mandrel. Scale 
bar represents 1 mm.  
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Figure S3. Micro-CT image of the 6R5S scaffold at 0 mm displacement with 
inconsistencies in fiber diameter indicated by the red circles. 

 
Figure S4. Radial compression test with a strain rate of 1% per second (A) 
Representative stress strain curves of the rectangular pore design. (B) Yield strength 
of rectangular pore design. (C) Representative stress strain curves of the diamond 
pore design. (D) Yield strength of the diamond pore design. 
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Figure S5. Three point bending at 40% deformation on the 5R9S design. (A) Three 
point bending at 40% deformation on the 5R9S design when the probe is centred on 
top of the ring. (B) Three point bending at 40% deformation on the 5R9S design when 
the probe is centred between two rings. (C) Difference in luminal diameter at 40% 
deformation during three point bending on the 5R9S design. 
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Abstract 

Elastin is the main component of arteries and is responsible for their high 

elastic high strain capacity. The biomechanics of biological tissues typically 

display a stress-strain curve characterized by a sigmoidal shape that has an 

initial region with low stress and high strain. Studies aimed at mimicking such 

biomechanical behaviour focused on improving the synthesis of elastin or 

replicating elastin behaviour. However, this proves to be a continuous 

challenge. Alternatively, the design of the scaffold could potentially mimic the 

sigmoidal stress-strain curve of an artery. Hence, the aim of this study was to 

replicate the stress-strain curve of a carotid artery using a tailorable 

corrugated design. The results showed that the corrugated design unfolded 

during extension without generating significant stress and displayed a 

sigmoidal stress-strain curve that could be controlled depending on the 

corrugation features. Editing the amount of fibres resulted in a different 

Young’s modulus, while parameters such as the amplitude of the fibres and 

the amount of repeating units influenced the initial non-linear region of the 

stress-strain curve. In addition, scaffolds made of poly(ε-caprolactone) (PCL) 
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and Poly(ethylene oxide terephthalate)/poly(butylene terephthalate 

(PEOT/PBT) were compared to determine the applicability of our design 

principles to different biodegradable polymers that normally do not have the 

same biomechanical behavior of soft tissues like arteries. Finally, the 

corrugated design was compared to both porcine and caprine carotid arteries. 

The results highlight that the corrugated design could serve as a biomimicry 

approach for vascular grafts. In addition, the optimized designs had a similar 

stress-strain curve within the physiological range as porcine arteries. 

 

1. Introduction 
Materials such as metals [1] and polymers [2], with a high elastic strain are of 

interest in many studies focusing on stent design, vascular and tissue 

engineering. High elastic strain can also naturally occur in certain proteins 

such as elastin and resilin [3, 4]. These elastic materials often show a stress-

strain curve that is characterized with a sigmoidal shape, which has an initial 

region with a low stress and high strain [5]. Especially in blood vessels, 

elasticity is important, as it improves the pumping efficiency of the heart [6]. 

The overall wall thickness of each vessel varies throughout the body in order 

to facilitate the fluctuations in blood pressure. Each type corresponds to a 

unique structural composition of cell types, elastin and collagen that 

cumulatively define the unique stress/strain behavior of a vessel [7]. Together, 

this complex microenvironment is capable of withstanding physiological 

compliance ranging between 3-12% / 100mmHg with minimal energy loss [8]. 

Specifically, elastin has a pivotal role in elasticity in vivo [9], whereas too little 

elastin content can result in arterial stiffening [10]. The amount of elastin 

dictates the shape of the stress-strain curve. In general, arteries or veins that 

have less elastin content have flattened stress-strain curves and a higher 

Young’s modulus [11, 12]. The initial part of the stress-strain curve within 

arteries is mainly elastin dominated and allows for a significant strain to occur 

on the artery whilst subjecting the tissue to minimal amounts of stress. This 
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region is consistent with the loading mechanics of elastin fibers and mainly 

serves to support physiological pressures [7, 13]. Whereas the elastin region 

has a low Young’s moduli in the 0.2-0.6 MPa range, this range increases 

tenfold as the upturning region is reached and stress becomes collagen 

dominated (2-6 MPa) [13]. Mimicking the sigmoidal stress-strain curve with 

synthetic scaffolds proves to be challenging. 

 

There are mainly two ways to obtain a sigmoidal shaped stress-strain curve. 

First, this is usually achieved with the inherent material properties, for example 

a dynamic hydrogel network with reversible crosslinks [14]. Another examples 

is from elastin itself that disentangles when stretched [15]. Even though this 

macromolecular disentanglement behavior is found in vivo, mimicking the 

complex assembly of elastin into elastic fibers proves to be challenging as well 

[16]. Another way to obtain a sigmoidal stress-strain curve is through design 

of the pore architecture of a scaffold, even with materials that inherently do 

not have any elastic behavior [17]. A method to mimic the elastin behavior can 

be achieved, for example, through a mesh of small diameter fibers that can 

disentangle before the individual fibers are stretched [18]. A different method 

for larger diameter fibers can be seen in many stent designs that can extend 

through fibers bending [19]. Many of these stents show some degree of 

flexibility, yet they are made of alloys such as cobalt-chrome or nickel-titanium 

[20]. The bulk properties of these materials display no sigmoidal stress-strain 

curve and an ultimate tensile strength in the Giga Pascal range, far too stiff for 

vascular grafts [21, 22]. Polymeric stents on the other hand use materials that 

have improved bulk properties [23, 24]. Additional benefits are that these can 

be made out of biodegradable polymers [25] and can be functionalized with 

anti-coagulants to reduce thrombosis and lower the risk of graft rejection [26, 

27]. Certain polymeric stent designs are also able to compress and extend in 

radius, allowing them to be deployed using balloon catheters [28, 29]. Finally, 

the difficulty of manufacturing polymeric stents has decreased in recent years 

[30]. 
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Additive manufacturing can be used to fabricate these complicated designs 

with high precision [31]. Specifically, manufacturing techniques that have a 

cylindrical collecting surface such as fused deposition modeling [23] and melt 

electrowriting [32] are of great interest to produce tubular structures. The 

combination of these techniques and a design that is minimalistic could result 

in a scaffold that offers tunable elastic like features. This in turn could 

potentially mimic the characteristic non-linear mechanical behavior of a major 

artery [33]. FDM-based methodologies also show high potential in on-demand 

printing of vascular grafts through the large range of usable materials and 

freedom in design orientation [34]. Although effective and highly customizable, 

the complex tubular design of the vasculature is often difficult to print and may 

therefore fall short in mechanical rigidity [23, 35].  
 

Hence, the aim of this study is to develop a new method to create corrugated 

tubular scaffolds and investigate the influence of the scaffolds’ architecture on 

the mechanical properties. This design could potentially be used for vascular 

tissue engineering. The correct replication of many of the mechanical 

properties such as compliance, diameter range, graft size and Young’s 

modulus can have highly beneficial effects on the long-term patency of 

synthetic grafts. Finally, the mechanical behavior of the designs where 

compared to carotid arteries.  

 

2. Materials and methods 
2.1 Scaffold fabrication 

A four-axis extrusion based system was used, as previously described, to 

fabricate the scaffolds [23]. Briefly, polymer pellets were loaded in a cartridge 

and heated until the polymer melted. Afterwards, the polymer melt was 

extruded through a 260 micron diameter nozzle (25G encapsulation needle, 

DL technology) using pressure and deposited on a 4 mm diameter stainless 

steel mandrel. For poly(ε-caprolactone) (PCL, Mn =45,000 g mol-1, Sigma-
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Aldrich) the temperature was set at 110 °C, and extruded at a pressure of 4 

bar. Poly(ethylene oxide terephthalate)/poly(butylene terephthalate 

(PEOT/PBT), comprising 1000 g/mol average molecular weight PEO and a 

PEOT:PBT weight ratio of 70:30, was heated until 175 °C , and extruded at a 

pressure of 5 bar. 

 

2.2 Scaffold design 
A script was written in Python 3.7 (64-bit) to create the corrugated pattern with 

both adjustable and fixed parameters. The fixed parameters used throughout 

the study were the length of each segment (5mm), the printing speed of 1,5 

mm/s and the total amount of segments per scaffold (set at 4). The adjustable 

parameters consisted of changes in the amplitude, strut fiber quantity and the 

frequency of repeating units within one segment (Figure 1A). Each segment 

was closed with a ring at both ends. The scaffolds were labelled according to 

the maximum amplitude of the fiber in degrees (AM), the amount of units per 

fiber (U) and the amount of fibers per segment (F). For instance, AM100U2F7 

has a maximum amplitude of 100°, with 2 units per fiber and contains 7 fibers 

per segment. Scaffold designs were visualized in 3D-models using the 

Rhinoceros 6.0 modelling software and a custom written grasshopper® 

graphical plugin. To visualize the damage upon stretching during the luminal 

fiber recovery test, a complementary microfiber lumen was created on the 

inner side of the corrugated scaffolds following previously established 

methodologies [36]. Briefly, the lumen was fabricated through melt spinning 

using an external DC motor with a fixed rotational speed of ~1100RPM. Fiber 

extrusion was set at similar parameters of the skeletal support structure whilst 

moving over the longitudinal (X) axis at 1mm/s, hereby forming a tubular 

lumen on which the remainder of the scaffold was printed.  

 

2.3 Scaffold characterization 
A stereomicroscope (SMZ25, Nikon instruments) with a dark field illuminator 

(Nikon instruments) was used to visualize the scaffold structure. The diameter 
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of the filaments, the angle of the fibres and the distance between each fibre 

were measured with the stereomicroscope. Visualization of the microfiber 

structures was performed through Scanning Electron Microscopy (JOEL JSM-

IT SEM). Samples were fixed using JOEL adhesive carbon tape and sputter 

coated in gold (SC7620, Quorum), followed by SEM imaging with an SED 

accelerating voltage of 10-20kV (WD. 12-14mm, Mag. 25x-30x). The 

microfiber resilience to uniaxial strain was quantified using the FIJI open-

source imaging software by measuring pore volume expressed in percentage 

of deformed luminal surface (%) on the varying degrees of uniaxial scaffold 

strain. 

 

2.4 Mechanical testing 
Mechanical characterization was performed on a mechanical tester 

(ElectroForce, TA instruments) with a 45 Newton load cell (4.5kg/cm2, 

Electroforce). Tensile tests were performed in the longitudinal direction. A 4 

mm diameter stainless steel rod was partially inserted on both sides of the 

scaffold so that one segment on each end was covered. After mounting the 

stainless steel rods, parafilm (Heathrow Scientific) was wrapped around the 

segment to prevent slippage during the tensile test. The samples were 

uniaxially stretched at a rate of 1% strain per second up to a total displacement 

of 400% or until break. The loading and unloading cycles were performed until 

110% strain with a strain rate of 10% per second for 10 cycles. Both tensile 

and load and unloading tests were captured with a camera (DMC-G3, 

Panasonic) with a macro-lens (Panagor 90mm f2.8, Komine). Images and 

videos were analyzed using ImageJ (Version 1.52p, NIH) and Adobe Premiere 

Pro (Version 12.0, Premiere Pro CC 2018).  

The obtained force displacement values from the mechanical tester were 

converted to stress and strain. The yield strength was obtained as the 

maximum force value before rupture. The Young’s modulus was calculated as 

the slope in the linear part of the stress-strain curve before plastic deformation. 

The yield strain was calculated as the point when the plastic deformation 
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started. The toughness was calculated as the area under the stress-strain 

curve until plastic deformation. The toe region of the samples were calculated 

using three different methods. A schematic representation is shown in figure 

1B. The first one was described by Freed et al. and defined as the initial linear 

part of the curve [37]. This was immediately followed up by a heel region, 

which is the non-linear transition zone between the toe region and linear 

elastic region. The second method was described by Vegas et al. as the 

nonlinear high compliance region of the stress strain curve that ends right 

before the start of the linear elastic region [38]. This method did not include a 

heel region. Finally Chandrashekar et al. calculated the toe region by 

approximating both the toe and linear regions as straight lines and calculate 

the intersection point between these two straight lines [39]. The luminal fiber 

recovery test under physiological strain were performed using similar settings 

as the tensile test. The testing limits were set at 10% strain, which represents 

values within physiological strain or 100% strain, which represents definite 

strain. The samples were carefully removed and snap-frozen in liquid nitrogen. 

An untested sample (0% strain) was used as control. 

 

2.5 Finite element modeling 
COMSOL multiphysics (Version 6.0, Comsol B.V.) was used to simulate the 

tensile test of the scaffolds. A 3D computer assisted design (CAD) model of 

the scaffolds was made using a custom written plug-in for Rhino Grasshopper 

(Rhino 6, Version 6.24, Robert McNeel & Associates) that converts the 

programmed X-Y-Z and Axial movements into a 3D model. During the tensile 

simulation one of the ends was fixed while the other end a 5 mm displacement, 

the equivalent to 100% strain was simulated in steps of 0.5 mm.  
 

2.6 Carotid artery preparation 
Both porcine and caprine arteries were kindly donated from the Central Animal 

Testing Facility (CPV) in Maastricht, right after animal sacrifice of other animal 

studies where arteries were not involved. Leftover carotid arteries were 
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excised from the animals and kept in PBS. The arteries were prepared for 

tensile analyses by cutting them in pieces of approximately 15 mm in length. 

Caprine (n=2) and porcine (n=6) arteries were obtained and further divided in 

6 and 16 pieces for tensile testing respectively. The inner diameter and 

thickness of the wall was measured using a caliper. Comparable to the 

developed scaffolds, the arterial samples were fixed around stainless steel 

rods (2.5 mm initial axial displacement) and put under a controlled strain until 

tissue rupture occurred. 

 

2.7 Incremental fatigue analysis 
The in-vivo patency of a scaffold can be determined by its resilience to fatigue 

under physiological conditions and is tested by subjecting the sample to 

continuous cycles of natural strain. In this study, the cyclic resilience was 

quantified using mechanical loading of scaffolds at continuously increasing 

levels of strain. To induce incremental fatigue, software commands were set 

up to induce a sinusoidal waveform displacement (Maximum Displacement -

5/5mm), administering a 10% uniaxial strain. Each sample was subjected to a 

total of 100 cycles at a speed of 1Hz (60 cycles/minute) representative of a 

physiological heartbeat in resting state following previously conducted 

research by Chapman et al. [40] After successive exposure to 100 cycles, the 

waveform strain was raised by 10% for a further 100 cycles, which was 

repeated until sample failure or a total displacement of 100% was reached. 

Fatigue test data was processed in material stress (σ, N/mm2) over fatigue 

cycles (cycles/time). 

 

2.8 Statistical analyses 
Statistical analyses were performed with GraphPad Prism 8.1.2. Datasets 

were grouped according to sample design from which the population mean (μ) 

and standard deviations (SD) were calculated. Significant differences were 

tested using a student’s t-test and were considered significant when p < 0.05. 

Statistical analyses for grouped datasets were assessed using 2-way analysis 
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of variance (ANOVA) with multiple comparison (mixed model), followed by 

either Tukey honestly significant difference (HSD) or Šidák correction post-

hoc analysis to confirm significance between variables. 

 

3. Results 
The nomenclature used to classify the scaffolds developed herein is shown in 

figure 1. Briefly, scaffolds were fabricated with a four axis extrusion based 

system in a corrugated pattern. In this study, various parameters in the pattern 

were changed to investigate the influence on the mechanical properties. 

 

3.1 The effect of amplitude variation on the mechanical 
properties 
Various PCL scaffolds with different amplitudes were fabricated. The amount 

of repeating units per segment and fibers were kept constant at 2 and 7 

respectively (U2F7). Table 1 shows the fiber size and angle between the 

samples. There was a minor variation observed in fiber size between the 

samples ranging from 434 µm up to 508 µm in the AM0 and AM150 

respectively. In addition, the angle of the fiber between the units decreased 

with the increase in amplitude. Figure 2A depicts an overview of the samples.  

 
Table 1. Overview of the tested corrugated patterns with varying amplitude. 

Sample AM0 AM100 AM150 AM200 
Fiber size (µm) 434 ± 20 501 ± 25 508 ± 30 439 ± 23 
Fiber angle (°) N/A 55.7 ± 0.9 63.2 ± 1.1 70.0 ± 1.0 
Toe region method 1 
(strain %) 

N/A 29.9 ± 6.0 40.1 ± 7.8 69.1 ± 6.3 

Toe region method 2 
(strain %) 

N/A 78.6 ± 1.0 127.3 ± 10.2 182.1 ± 5.5 

Toe region method 3 
(strain %) 

N/A 63.1 ± 2.8 103.7 ± 3.7 158.7 ± 9.7 

 

Analyses of the stress-strain curves revealed that the increase in amplitude 

caused an extension in the non-linear region (Figure 2B). The Young’s 

modulus decreased significantly with the introduction of the corrugated pattern 
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from 1043.0 ± 42.1 KPa to 100.7 ± 13.8 KPa in the AM0 and AM150 samples 

respectively. However, with the corrugated pattern the Young’s modulus 

remained similar (Figure 2C). In addition, the yield strength of the scaffold 

decreased significantly from 13.2 ± 0.8 N to 8.0 ± 1.3 N in the AM0 and AM200 

samples respectively (Figure 2D). While the yield strain increased significantly 

from 20.7 ± 2.2% to 225.2 ± 19.8% strain in the AM0 and AM200 samples 

respectively (Figure 2E). The toughness seemed to increase from 189.3 ± 

30.4 N*mm2 to 556.2 ± 95.9 N*mm2 in the AM0 and AM200 samples 

respectively (Figure 2F). 

 

Comparing the three different methods for calculating the toe region revealed 

that method 1 gave the smallest toe region, method 3 an intermediate and 

method 2 the largest toe region. In all three methods, the toe region increased 

with the increasing amplitude. Interesting to note was that the samples in the 

first part of the nonlinear region twisted to the inside and constricted the lumen 

of the scaffold while it widened again in the second part of the nonlinear region 

(Figure S1, Video S1). This constricting effect was more evident with an 

increase in amplitude. Finite element modelling showed this similar effect 

(Figure 3). The corrugated pattern caused a better stress distribution when 

stretched compared to a scaffold with straight fibers. In addition, it was noted 

that in the corrugated pattern the stress builds up at the edges of the fiber 

rather than the middle of the fiber. The results also showed that it was 

impossible to increase the strain up to 100% in the AM0 samples without 

breaking the samples. 

 

3.2 The effect of multiple repeating units on the 
mechanical properties 
Various PCL scaffolds with different amount of repeating units were printed as 

shown in figure 4A. The amplitude was reduced with increasing amount of 

repeating units to keep the non-linear part similar between designs. The 
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Figure 1. Corrugated scaffold pattern. (A) Nomenclature of the corrugated pattern with 
the AM100U2F7 as example. (B) Example stress-strain curve with the different 
methods to calculate the toe region.  
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amount of fibers per segment was kept constant at seven (F7). Table 2 shows 

an overview of the tested parameters. The fiber size between designs were 

similar with the smallest fiber diameter in the AM133U3 samples and the 

largest fiber in the AM80U5 fiber at 471 and 499 µm respectively. The fiber 

angle also remained similar even though the amplitude in every fiber of each 

sample was different. The representative stress-strain curves showed that 

there was an additional inflection point observed with the increasing amount 

of repeating units (Figure 4B). This overall resulted in a flattening of the stress-

strain curve. After a closer inspection on the video data, it was observed that 

this initial inflection points corresponded to the corners of the fibers in the units 

tearing up while extending (Figure S2). After 40% strain, when the AM80U5 

kept stretching until the fibers broke at around 210% strain. Figure 4C shows 

that the Young’s modulus decreased with the increasing amount of units 

repeating per segment from 128.1 KPa to 54.9 KPa at 2 and 5 units per fiber 

respectively. Whereas the other values such as the yield strength, yield strain 

and the toughness remained similar between the designs, assuming that the 

yield point was reached right before the scaffold broke. The calculation for the 

toe region using method 1 showed that the toe region increased with the 

amount of units per fibers from 74.6% to 83.8%. 
 

However, the second method showed an opposite trend with the largest toe 

region at 180.8% in AM200U2 samples and the smallest at 161.7% in the 

AM133U3 samples. The toe region for both the AM100U4 and AM80U5 

samples could not be calculated, since the stress-strain curve was no longer 

sigmoidal shaped. To validate whether the scaffolds were operating in the 

elastic region, multiple loading and unloading cycles were performed until 

110% strain. Figure 5A showed full recovery of the AM200U2 while the 

AM80U5 samples did not recover while the corners showed signs of tearing 

upon extension until 110% strain (Figure5B). This resulted in the scaffold 

buckling after the unloading cycle at 0%.   
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Figure 2. Overview and mechanical analyses of the corrugated pattern with varying 
amplitude. (A) Stereomicroscopy images of the tested scaffolds. (B) Representative 
stress-strain curve of the tested designs. (C) Young’s modulus, (D) Yield strength, (E) 
Yield strain, and (F) Toughness of the tested designs. Each condition contained n=5. 
Scale bar represents 5 mm. **** p<0.0001. 
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Figure 3. Finite element model of a tensile test with the AM0U2F7 and the AM200U2F7 
design compared to the mechanical test. One end was fixated while the other end was 
displaced 5 mm (100% strain). (A) AM0U2F7 model, in the left side the unstimulated 
scaffold. The middle and right side show the scaffold after 100% strain displayed as 
displacement and von Mises stress respectively. (B) AM200U2F7 model, in the left 
side the unstimulated scaffold. The middle and right side show the scaffold after 100% 
strain displayed as displacement and von Mises stress respectively. (C) tensile test of 
the AM0U2F7 and AM200U2F7 samples until break or until 100% displacement 
respectively. Scale bar represents 4 mm.  
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Table 2. Overview of the tested corrugated patterns with varying units and amplitude. 
*Toe region is calculated after the initial inflection point. 

Sample AM200U2 AM133U3 AM100U4 AM80U5 
Fiber size (µm) 485 ± 16 471 ± 17 487 ± 21 499 ± 26 
Fiber angle (°) 68.5 ± 1.6 68.9 ± 1.4 70.4 ± 1.4 69.9 ± 1.0 
Toe region 
method 1* (%) 

74.6 ± 8.9 83.8 ± 5.2 Unable to 
calculate 

Unable to 
calculate 

Toe region 
method 2 (%) 

180.8 ± 8.8 161.7 ± 9.0 Unable to 
calculate  

Unable to 
calculate 

Toe region 
method 3 (%) 

174.7 ± 11.6 142.4 ± 
24.5 

Unable to 
calculate 

Unable to 
calculate 

 

Finite element modeling showed that by increasing the amount of units per 

fiber also increased the amount of stress buildup, specifically at the edges of 

the fibers (Figure 6). The model also showed that the lumen constriction was 

less with the increasing amount of units per fiber, which was also observed in 

the mechanical test (Figure S3, Video S2). 
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Figure 4. Overview and mechanical analyses of the corrugated pattern with varying 
amount of units and amplitude. (A) Stereomicroscopy images of the tested scaffolds. 
(B) Representative stress-strain curve, (C) Young’s modulus, (D) Yield strength, (E) 
Yield strain, and (F) Toughness of the tested designs. Each condition contained n=5. 
Scale bar represents 5 mm. ** p<0.01, **** p<0.0001. 
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Figure 5. Loading and unloading cycles of the AM200U2 (A) and AM80U5 (B) designs. 
The top panel depicts the scaffolds at various strains during the first loading cycle. The 
bottom panel shows the stress strain curve during the cycle with in black the first cycle 
and in red the second loading and unloading cycle.  
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Figure 6. Finite element model of a tensile test on the corrugated designs with varying 
units and amplitude. One end was fixated while the other end was displaced 5 mm 
(100% strain). Upper panel are the unstimulated samples. Middle panel are the 
samples after stimulation shown in displacement. Lower panel are the samples after 
stimulation shown in von Mises stress.  
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3.3 The effect of material choice and the mechanical 
properties 
Scaffolds of the same design as previously discussed with the changing 

amplitude and constant unit and fiber amount of 2 and 7, respectively, were 

fabricated with PEOT/PBT. These conditions had the best sigmoidal shaped 

stress-strain curve. Both materials have different bulk properties with PCL 

being stiffer compared to PEOT/PBT (86.1 ± 7.4 MPa and 16.9 ± 0.4 MPa 

respectively). This is reflected in the stress-strain curves as in all the tested 

conditions the PCL scaffolds have a higher Young’s modulus, Yield strength 

and toughness. However, the shape of the stress-strain curve remained 

similar regardless of the material. The stress-strain curve did not contain any 

initial non-linear region in the AM0 designs. While the corrugated pattern did 

contain an extended non-linear region that increased with the increase in 

amplitude. The calculations of the toe region revealed that there was a notable 

difference between the PEOT/PBT and PCL samples using method 1. The toe 

region in the AM100 design was 14.4% and 29.9%; in the AM200 design 40.1 

and 69.1% for PCL and PEOT/PBT respectively. The differences between the 

other methods were less notable. The yield strain seemed mainly influenced 

by the design of the scaffold rather than the material, with both materials 

having similar yield strains throughout all the different designs.  

 

3.4 Microfiber lumen 
An intraluminal microfiber layer was added to three PCL and PEOT/PBT 

scaffold types: AM0U0 (control), AM100U4 and AM200U2 (N=5 per 

condition). All scaffold types were exposed to a uniaxial strain of either 0% 

(control), 10% (within physiological strain) or 100% (definite strain) after which 

they were snap-frozen, sectioned and visualized using SEM. The luminal 

fibers were measured at an average width of 43 ± 5μm for all scaffolds. 

Visually, both PCL and PEOT/PBT scaffolds displayed no major distortion at 

10% strain compared to their respective controls (Figure8A). In contrast, while 
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PCL scaffolds exposed to 100% strain showed significant plastic deformation 

of both luminal fibers as well as the skeletal support structure, PEOT/PBT 

scaffolds displayed only minor dilation of the intraluminal space without major 

dysregulation of the structure or inherent damage to the individual fibers. 

 
Table 3. Overview of the tested PCL and PEOT/PBT corrugated patterns with 
varying amplitude. 

Sample PEOT/PB
T AM0 

PCL 
AM0 

PEOT/PBT 
AM100 

PCL 
AM100 

PEOT/PBT 
AM200 

PCL 
AM200 

Fiber size 
(µm) 

517 ± 14 434 ± 
20 

479 ± 20 508 ± 
30 

524 ± 17 439 ± 
23 

Fiber 
angle (°) 

N/A N/A 54.6 ± 1.5 55.7 ± 
0.9 

68.9 ± 1.4 70.0 ± 
1.0 

Toe 
region 
method 1 
(strain %) 

N/A N/A 14.4 ± 4.0 29.9 ± 
6.0 

40.1 ± 12.0 69.1 ± 
6.3 

Toe 
region 
method 2 
(strain %) 

N/A N/A 78.4 ± 8.8 78.6 ± 
1.0 

204.7 ± 9.9 182.1 ± 
5.5 

Toe 
region 
method 3 
(strain %) 

N/A N/A 54.7 ± 8.0 63.1 ± 
2.8 

182.8 ± 9.6 158.7 ± 
9.7 

 
Figure 8B-C display the luminal deformation per uniaxial deformation of PCL 

and PEOT/PBT scaffolds. The intraluminal deformation within the PCL 

scaffolds was 4.6 ± 1.8% at 0% strain and 5.8 ± 1.1% at 10% strain, showing 

a limited overall increase compared to 15.8 ± 0.9% deformation when 

subjected to 100% strain. The increase in strain was expected to result in an 

increase in the total area of deformation. The exact amount of deformation 

however, does not necessarily follow a linear trend, since the scaffold is 

capable of elastic recovery at lower strain values. This was indicated by the 

negligible difference in deformation between the control and 10% strain (4.6 ± 

1.8% and 5.8 ± 1.1% respectively). When comparing the deformation of PCL 

to PEOT/PBT (Figure 8C), interesting differences were found specifically in  
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Figure 7. Comparison between PCL and PEOT/PBT corrugated patterns with varying 
amplitude. (A) Representative stress-strain curve, (B) Young’s modulus, (C) Yield 
strength, (D) Yield strain, and (E) Toughness of the tested designs. Each condition 
contained n=5. *** p<0.001, **** p<0.0001. 
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the designs subjected to 100% strain. Although significant differences were 

found between 0-10% and 100% strain deformation, no structural damage of 

the microfiber lumen was observed in the SEM visualization of PEOT/PBT 

scaffolds, which did occur in PCL-based scaffolds at 100% deformation 

(Figure 8A). The quantified luminal deformation area at 100% also decreased 

in PEOT/PBT compared to PCL in all design conditions.  

 

Comparing the variation between design structures, clear differences were 

found between the overall deformed area of the control (AM0) and the two 

optimized corrugated scaffold designs (AM100, AM200). Larger deformation 

was noticed in all strain areas of the control (AM0) compared to AM100 and 

AM200, although it must be noted that this may have occurred due to the 

skeletal structure being quantified as filled area in the threshold analysis.  

 

3.5 Comparison of the corrugated design and primary 
animal tissue 
The designs with the largest amplitude (AM200U2) from both PCL and 

PEOT/PBT were compared to porcine and caprine carotid arteries. Table 4 

shows an overview of the carotid arteries tested. The inner diameter between 

goat and pig carotid arteries was 2.8 ± 0.4 mm and 2.3 ± 0.4 mm, respectively. 

 

The wall thickness in the porcine samples was thicker compared to the caprine 

samples (1.0 ± 0.1 mm and 0.4 ± 0.1 mm respectively) The tested scaffolds 

had a comparable wall thickness as the caprine samples. The tensile test 

revealed that the both the caprine and porcine carotid artery had an initial 

linear region followed by an increase in slope at higher strain that extended 

beyond any of the tested designs (Figure 9B) However, when focusing on the 

initial 20% of the stress-strain curve, all the samples overlap except for the 

AM200 design made of PCL. The Young’s modulus of the PCL samples was 

significantly different compared to both the caprine and porcine arteries (128.1 

± 13.0 KPa, 35.3 ± 14.0 KPa and 23.1 ± 6.7 KPa respectively).  
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Figure 8. Visualization and quantification of luminal microfiber resilience to strain. A) 
SEM microscopy of PCL and PEOT/PBT scaffolds after subjection to either 0%, 10% 
or 100% strain (Scale: 500µm). B-C) Luminal deformation expressed in special 
deformation between fibers (%) for PCL and PEOT/PBT at either 0%, 10% or 100% 
strain. Each condition contained n=5. *** p<0.001, **** p<0.0001. 

 
Table 4. Overview of the tested carotid arteries. 

Animal source Inner diameter 
(mm) 

Wall thickness 
(mm) 

Amount of 
arteries 

Goat 2.8 ± 0.4 0.4 ± 0.1 2 
Pig  2.3 ± 0.4 1.0 ± 0.1 6 

 

3.6 Cyclic fatigue analysis 
To evaluate the resistance to continuous, fluctuating stresses, the scaffolds 

were exposed to an incremental fatigue model, where a continuous increase 

in strain was applied to assess the resilience to fatigue. The cyclic stress-
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strain response for most of the fatigue life can be satisfactorily described by 

the cyclic stress-strain curve of the material under physiological conditions 

[41]. Under natural conditions, the inflation-extension rate of the carotid artery 

determines the physiological axial strain and typically have a natural strain 

rate of ~10% in human carotid arteries, whilst for porcine carotids this was 

estimated around 50% [42]. Figure 10A shows a single block of 100 cycles at 

10% strain deformation where, for the first number of cycles, scaffolds 

displayed stress saturation and further stabilization over the remaining cycles. 

Figure 10B displays the incremental fatigue cycle as the induced stress (σ, 

MPa) over the number of waveform cycles as a factor of time. Each loading 

block is indicated by a 10% increase in strain (ε +10%) causing a subsequent 

increase in the peak stress. Neither the PCL nor PEOT/PBT control designs 

(AM0U0) were able to withstand a cyclic strain rate of over 10% (100 cycles, 

ε=10%). The PCL samples displayed a sharp decline in stress, indicating 

continuous plastic deformation of the sample and eventual material failure at 

45 and 85 cycles. Interestingly, PEOT/PBT AM0U0 scaffolds were able to 

recover in the first waveform block (ε=10%, T=100), but showed a gradual 

decrease in stress over the four following blocks, eventually failing at 444 

cycles (ε=50%, T=444). All tested corrugated designs were able to stabilize in 

stress values up to the maximally tested strain rate of ε=100%. PCL AM100U4 

scaffolds did display an overall higher stress compared to AM200U2 and all 

PEOT/PBT corrugated scaffolds (PCL AM100U4: 2.5 ± 0.2 MPa compared to 

PCL AM200U2: 1.1 ± 0.3 MPa; PEOT/PBT AM100U4: 0.6 ± 0.2 MPa and 

PEOT/PBT AM200U2: 0.2 ± 0.1 MPa respectively). 

 

As a follow up, stress/strain values that have showed stabilization in stress 

during each block were plotted in a cyclic stress-strain (CSS) curve (Figure 

10C) [43]. Permanent plastic deformation of a sample was confirmed through 

either full failure of the samples (PCL AM0U0, PEOT/PBT AM0U0) or by a 

decrease in overall stress whilst increasing stretch (PCL AM100U4). All other 
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Figure 9. Comparison between the corrugated pattern and carotid arteries from 
porcine and caprine. (A) Young’s modulus and (B) representative stress-strain curve 
the physiological strain range is highlighted and the insert in the top right corner 
represents the physiological range. Each condition contained n=5 for the polymer 
samples, n= 6 for the caprine samples and n = 16 for the porcine samples. **** 
p<0.0001. 
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samples showed proper recovery up to the maximally tested rate of ε=100%. 

Furthermore, the physiological stretch ranges of both human and porcine 

carotid arteries (Human ε=20%, Porcine ε=50%) were compared to the fatigue 

values and displayed in green (Figure 10C). All design models except for PCL 

AM0U0 were able to meet or exceed the maximal human passive strain rate 

(ε>10%). Additionally, both PCL and PEOT/PBT designs with corrugated 

patterns exceeded the porcine models with regards to strain rate (ε>50%).  

 
Figure. 10. Representative incremental fatigue plots of various corrugated designs 
(N=5). A) Single waveform fatigue cycle displaying stress stabilization of the scaffolds. 
Data is plotted as the peak stress (MPa) over each cycle (1hz, 60 cycles/minute). B) 
Total incremental fatigue graph. The peak stress of each cycle was plotted. Scaffolds 
were exposed to a total of 1000 cycles with a 10% increase in strain per 100 cycles. 
Fatigue propagation occurs whenever a sample is not able to recover from an increase 
in strain. C) CSS curve of the incremental fatigue model. Physiological strain ranges 
of both human and porcine carotid arteries are displayed in green. 
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4. Discussion 

This study highlighted the use of a corrugated pattern and the influence of 

different design parameters on the mechanical properties of tubular scaffolds. 

The effect of the corrugated pattern was shown in the stress-strain curves 

where the non-linear region was significantly extended by the introduction of 

the pattern. This also introduced a sigmoidal behavior represented by the J-

shaped stress/strain relationship as observed in natural vessels [44]. By 

varying the length of the amplitude, it was shown that the non-linear region 

and the yield strain could be controlled. An additional step can be taken to 

change the mechanical properties by introducing multiple units per segment 

of the corrugated pattern. This led to a decreased Young’s modulus while the 

other parameters such as the yield strength, yield strain and the toughness 

remained similar. The corrugated pattern was fabricated out of different 

materials to explore the effect of material properties. It was shown that 

changing the material did not affect the yield strain and the length of the non-

linear region. However, other properties such as the Young’s modulus, 

toughness and yield strength were affected. Finally, the design with the 

longest non-linear region was compared to pig and goat carotid arteries. While 

the non-linear region in the native carotid arteries was larger compared to the 

tested designs, the initial part of the stress-strain curve was similar, thus 

demonstrating that the corrugated pattern could have potential for flexible and 

extendable tubular organs such as arteries.  

 

The stress-strain curves in the corrugated samples were considerably 

different compared to the AM0 samples that had a straight fiber arrangement. 

The Young’s modulus of the straight fiber samples was significantly higher, 

while the differences between the other samples remained similar. This is also 

confirmed by modelling, where the von Mises stress were a ten-fold higher 

compared to the samples with the longest amplitude. In addition, the yield 

strain of the designs was increased with the corrugated pattern. While the 
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yield strain of a straight PCL fiber was 21%, this was increased tenfold up to 

225% strain in the samples with the largest amplitude. Fleischer et al. showed 

in a similar study that curled spring-like electrospun PCL fibers also had a 

decreased Young’s modulus and increased yield strain compared to straight 

fibers [45]. The only difference is that the corrugated design extended the non-

linear region while the curled spring-like fibers did not show an extended non-

linear region. A different study performed by Hochleitner et al. showed that 

sinusoidal shaped melt electrowritten poly(L-lactide-co-e-caprolactone-co-

acryloyl carbonate) fibers had a decreased Young’s modulus and a sigmoidal 

stress strain curve [46], which was explained as the unfolding of the sinusoidal 

meanders giving rise to a non-linear behavior. This was also shown in this 

study with the corrugated pattern that can unfold to become a straight fiber 

before the plastic deformation starts. However, not all spring-like structures 

show this initial non-linear region. Chen et al. revealed that a wave pattern 

can be created after electrospinning PEOT/PBT on a Polylactic acid 

thermoshrinkable film [47]. The introduced wave patterns did only have an 

initial non-linear region of 1% strain. The yield strain in the wave patterns, 

however, was 100% or greater in all of the tested conditions.  

 

Further increasing the amplitude in the corrugated pattern would result in the 

fusion of the fibers due to the limited space between the fibers. To avoid this, 

the amount of repeating units was increased while correcting for the 

amplitude. Increasing the amount of repeating units resulted in more space 

between the fibers, allowing to potentially further increase the amplitude. 

Another benefit of increasing the amount of units was that there was less 

constriction of the lumen, as shown by the mechanical tests (Figure S2). This 

was also confirmed by the finite element model, where less constriction was 

observed when increasing the amount of units. Specifically, scaffolds with only 

2 repeating units showed almost a full constriction at 100% strain, while the 

other scaffolds showed barely any constriction at the same amount of strain. 

The constriction in the lumen is undesirable especially for vascular 
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applications where it could cause hypertension [48]. Yet, the constriction in 

the samples was noticeable at strain values higher than 20% strain, which is 

still beyond what is physiologically relevant [42]. This constrictive behavior, 

however, can be found in other tubular organs such as sphincters [49, 50]. An 

interesting approach could be to combine this structural scaffold design 

approach with a technique that covers the lumen of the scaffold to investigate 

the constrictive behavior [36], as the corrugated pattern were too porous to 

withhold liquid. 

 

Another mechanical consideration to note was that increasing the amount of 

units caused an additional inflection point in the stress strain curve. Most likely 

this was caused by the corners of the fiber that acted as a hinge and started 

to tear resulting in a buckling effect after the unloading cycle. These hinges in 

the scaffold correlate with the areas where the von Mises stresses were the 

highest. The results from the finite element model also revealed that the stress 

increased with the amount of units per segment. Specifically, the samples with 

the largest amount of units per segment were torn as they unfolded. Once the 

hinges were torn, the slope of the stress-strain curve decreased, indicating 

that the biggest contributor of stress was the resistance caused by the 

unfolding of the hinges. After this additional inflection point the main 

contributor of stress were the fibers that were pulled during the tensile test 

until the scaffold broke completely. Another reason why the samples with the 

longest amplitude and the smallest amount of units did not show this initial 

inflection point is that these require more force to bend the shorter fibers with 

an equivalent fiber diameter [51]. The obtained stress-strain curve showed 

two different yield points, the first one that represents the hinges tearing but 

fibers in the scaffold still remain connected. The second yield point is where 

the fibers of the scaffolds start to tear and rupture of the scaffold soon follows 

after. Future studies could investigate if this tearing effect could be avoided by 

using a sinusoidal pattern instead of a corrugated pattern. As the generated 

fibers from the sinusoidal pattern should not have sharp corners that could act 
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as a hinge. Other studies have conducted similar investigations using 

sinusoidal patterns and did not observe tearing at the corners of the scaffolds; 

however, the mechanical testing was performed radially instead of 

longitudinally [28, 52]. 

 

The different methods of calculating the toe region were compared here. The 

Freed method, which ends after the initial linear region and includes a heel 

region [37]. In comparison to the other two methods described herein, this 

method consistently exhibits the smallest toe region.. The reason being that 

the heel region, which is still considered a toe region by both the Vegas and 

Chandrashekar methods, is included in this. The endpoint of this heel region 

is the end point of the toe region used in the Vegas method. This method ends 

at the start of the linear elastic region [38]. Of all the methods described here 

the Vegas method has consistently the largest toe region and from a practical 

point of view it is also a simpler method that could still be used to calculate 

samples with a very small toe region. The Chandrashekar method uses the 

tangents of the two trend lines [39]. This method gave a toe region that was 

between the Freed and Vegas method, however it can be challenging to 

calculate the toe region if the region is small and if the initial part of the stress-

strain curve is not linear (Figure S4). It is important to consider that these 

methods have originally been developed to assess the material properties and 

not structural properties of scaffolds. Specifically, scaffolds that have 

complicated designs make calculating mechanical properties more complex 

[53, 54]. Therefore, it is recommended to supplement the mechanical tests 

with additional observations, such as videos during the tensile test, to better 

understand the complex mechanical behavior of the scaffolds. 

 

Fabricating the scaffolds with different materials resulted in stress-strain 

curves that followed a similar trend. The mechanical properties of the scaffolds 

are based on a combination of material properties and structural design [23, 

55]. Scaffolds were fabricated with different materials to differentiate between 
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design and material properties. The stress-strain curves of both the PCL and 

PEOT/PBT scaffolds followed a similar trend. For example, the Young’s 

modulus, toughness and yield strength were more influenced by the 

mechanical properties rather than the design, with these parameters having 

at least a 5-fold difference between the PCL and PEOT/PBT scaffolds 

throughout the tested designs. Interestingly, the difference in yield strain was 

nearly the same in both PCL and PEOT/PBT samples except at larger 

amplitudes, indicating that the corrugated design had a greater influence on 

the yield strain than the material properties.  

 

The reasoning behind an internal microfiber lumen was based on previous 

literature, in which microfiber lumens and meshes are able to provide 

improved endothelial cell adhesion, proliferation, uniformly distributed cell 

alignment and overall compliance of the graft [56-58]. Additionally, results 

from our previous study on these melt-spun microfiber scaffolds revealed a 

successful circumferential alignment of smooth muscle cells within the lumen 

when co-cultured with vascular endothelial cells [36, 59].  

 

Within this study, the mechanical extent of luminal resilience under strain was 

further quantified, where no major structural deformation was found at passive 

physiological strain. Furthermore, the source material also appears to affect 

the total deformation at higher levels of strain, where a clear significant 

difference was found in total deformation of PCL scaffolds, whilst this was less 

apparent in PEOT/PBT scaffolds. These observations propose that the 

flexibility of PEOT/PBT serves as a major contributing factor in upholding fiber 

arrangement and preventing luminal collapse. The results support the 

hypothesis that the formation of a microfiber lumen is sufficiently resilient to 

the natural 20% strain of the human vasculature, only displaying deformation 

when high levels of strain (ε>=100%) are exerted upon the scaffolds. 
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The carotid arteries from both pigs and goats had a long toe region of up to 

200% strain. The main differences between the corrugated design and the 

carotid arteries was that there was almost no stress generated with the 

increasing strain before the linear region. Whereas the corrugated design did 

generate stress even with a more flexible material such as PEOT/PBT. In the 

corrugated design there was a sharp drop when the scaffolds ruptured while 

the arteries had a more gradual decline in stress. This could be the result of 

the artery consisting of multiple components such as collagen and elastin, 

each with their own yield points [60]. Comparing the toe region between the 

corrugated design and the arteries revealed that the toe region was smaller in 

the corrugated design. The applied strain that is required to reach that toe 

region is, however, far beyond the physiological situation of around 10% [42]. 

Focusing on the initial 20% strain it was noted that the corrugated PEOT/PBT 

samples with the largest amplitude has a similar stress-strain curve to that of 

both a pig and goat carotid artery, indicating that they could be used as a 

biomimicking artificial graft alternative for vascular tissue engineering. 

 

Exposure to continuous homeostatic strain can positively affect the shape and 

orientation of vascular cell types, increase proliferation rate, migration 

behavior and synthesis of contractile and regulatory proteins [61]. The proper 

reproduction of natural mechanical behavior in scaffolds is therefore not only 

critical for proper tissue arrangement, but may also contribute to the formation 

and proper alignment of extracellular protein sheets such as the internal 

elastic lamina or the adventitial type I and III collagen bundles [62]. For this 

reason, all optimized corrugated scaffolds were assessed for their compliance 

to continuous incremental strain for their resilience to continuous exposure to 

mechanical stressors representative of the passive forces occurring in a live 

host.  

 

As discussed in the results section, all designs exceeded the maximum 

human passive strain (ε=20%). The radial strain rates in healthy humans often 
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falls even lower than this benchmark, where the strain per pulse was found to 

average out around 2.81 ± 0.91% [63]. Additionally, the passive carotid strain 

of the used porcine arteries was higher at ε=50%, which is also easily matched 

by all optimized corrugated scaffolds [42, 64]. Interestingly, none of the control 

samples (AM0U0) were able to meet these passive strain values, with PCL 

failing at a 10% strain rate and PEOT/PBT at 20%, indicating that the 

corrugated design of the scaffold has a significant influence on the overall 

resilience to continuous strain. Three out of the four optimized TEVGs also 

showed proper recovery up to the maximally tested rate of 100% (PCL 

AM200U2, PEOT/PBT AM200U2, PEOT/PBT AM100U4), with only PCL 

AM100U4 showing permanent plastic deformation in the CSS curve at 90% 

(Figure 10C). Studies on the average stress on the intact human carotid wall 

established the average stress in a range between 0.16 ± 0.04 MPa and 0.9 

± 0.25 MPa, which also corresponds with the ranges of the previously 

mentioned corrugated designs [65]. 

 

Elastin is the key component for elastic behavior in the human body. It is found 

in many organs such as the lungs [66], skin [67], tendons [68] and vasculature 

[69]. Together with as many as 30 other proteins, it forms a complex elastic 

fiber [9]. The presence of these elastic fibers allows these tissues to expand 

or stretch without too much force required at low strain. Similarly, the 

corrugated pattern presented here also requires little force to stretch. 

However, the way it stretches is different compared to elastin. Whereas elastin 

forms a network of elastic fibers that can extend and recoil and the stretch is 

uniform throughout the tissue [70]; the corrugated pattern extends only locally 

at the bending points as shown in the models. Nonetheless, it is known that 

elastin synthesis only occurs at the embryonic development with no de novo 

elastin production in adults [71, 72]. In combination with the complex structure 

of elastic fibers, this makes the corrugated pattern an easier off-the shelf 

approach for potential vascular tissue engineering.  
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5. Conclusion 
We demonstrated a corrugated pattern with a tunable non-linear elastic 

region. Varying the amplitude of the corrugated pattern led to an increase in 

yield strain up to 200% compared to 15% without the pattern. The shape of 

the stress-strain curve became sigmoidal with the introduction of the 

corrugated pattern mimicking major arteries. Increasing the amount of 

repeating units led to an additional inflection point in the stress-strain curves 

generating two different yield points. In addition, mechanical data showed the 

corrugated pattern had a bigger influence on the yield strain than the material 

properties. Finally, the corrugated pattern was compared to different carotid 

arteries and revealed that the stress-strain curves were similar and had similar 

mechanical properties. These results highlight how the corrugated patterns 

studied here could be used as a biomechanical biomimicry approach in the 

fabrication of a vascular grafts. 
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Supplementary Information 

  
Figure S1. Video images from tensile test with a strain rate of 1% per second of 4 
different designs. Video stopped after sample fracture. Scale bar represents 4 mm.  

  
Figure S2. Tensile test of the AM80U5 sample at various strains. Red circle indicate 
the fiber tearing. Scale bar represents 4 mm.  
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Figure S3. Luminal deformation of different designs at 125% strain. Scale bar 
represents 2 mm. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

 

Figure S4. Different methods for calculating the toe region of a representative AM80U5 
design stress-strain curve. (A) Method 1 for calculating the toe region displayed in two 
different scenarios. In scenario 1 the trend line is taken from the start of the stress-
strain curve. In scenario 2 the trend line is taken from the second linear part of the 
stress-strain curve (B) Method 2 for calculating the toe region. (C) Method 3 for 
calculating the toe region. 
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Abstract 
Smooth muscle cells play a pivotal role in maintaining blood pressure and 

remodeling of the extracellular matrix. These cells have a characteristic 

spindle shape and are aligned in the radial direction to aid in the constriction 

of any artery. Tissue engineered grafts have the potential to recreate this 

alignment and offer a viable alternative to the non-resorbable or autologous 

grafts. Specifically, with melt spinning small diameter fibers can be created 

that can align circumferentially on the scaffolds. In this study, a set of simplified 

equations were formulated to predict the final fiber parameters. Smooth 

muscle cell alignment was monitored on the fabricated scaffolds. Finally, a co-

culture of smooth muscle cells in direct contact with endothelial cells was 

performed to assess the influence of the smooth muscle cell alignment on the 

morphology of the endothelial cells. The results show that the equations were 

able to accurately predict the fiber diameter, distance and angle. Primary 

vascular smooth muscle cells aligned according to the fiber direction 
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mimicking the native orientation. The co-culture with endothelial cells showed 

that the aligned smooth muscle cells did not have an influence on the 

morphology of the endothelial cells. In conclusion, we formulated a series of 

equations that can predict the fiber parameters during melt spinning. 

Furthermore, the method described here can create a vascular graft with 

smooth muscle cells aligned circumferentially that morphologically mimics the 

native orientation.  

 

1. Introduction 
Long-segmental vascular replacements due to bypass grafting or 

hemodialysis procedures are in clinical demand [1]. Gold standard treatment 

consists of an autologous graft. However, these grafts have restrictions such 

as limited donor availability, an additional surgical procedure, lower 

mechanical properties, and potential site morbidity [2]. Therefore, synthetic 

substitutes in the form of clinical grade woven polyethylene terephthalate are 

being used in the clinic [3]. Nevertheless, smaller diameter grafts (< 6 mm) 

cannot be replaced by these synthetic substitutes as a result of calcification 

issues [4], intimal hyperplasia [5] and acute thrombosis [6]. Due to this 

limitation, fabrication techniques capable of producing smaller diameter grafts 

may offer a viable alternative. 

 

Electrospinning is one of the fabrication techniques frequently used to create 

small diameter vascular substitutes [7, 8]. With this technique small diameter 

fibers of less than 10 µm can be deposited, which helps creating a barrier 

layer necessary to generate a luminal coverage of cells [9]. Further 

developments led to the possibility to align the fibers along the circumference 

of the tubular vascular scaffold, which aids in the alignment of the cells through 

contact guidance and substrate curvature [10, 11]. This radial alignment of 

smooth muscle cells mimics the native disposition in the tunica media of any 

artery [12]. The main population of the tunica media consist of smooth muscle 



Fabrication of a mimetic vascular graft using melt spinning with 
tailorable fibre parameters 
 

228 

 

cells. These cells have a pivotal role in maintaining blood pressure and 

remodeling of the extracellular matrix (ECM) [13]. Smooth muscle cells have 

a spindle shaped morphology that assists in the constriction of the artery [14]. 

However, smooth muscle cells can also adopt a more pancake-like 

morphology and possess a higher proliferative capacity. This phenotype has 

lost important contractile markers such as α-SMA and smoothelin, which 

stresses the importance to maintain a spindle-shaped morphology [15].  

 

Even though electrospinning is capable of producing aligned small diameter 

fibers for tubular scaffolds, full control and prediction over the final outcome is 

somewhat limited. Especially with solution electrospinning (SES), where a 

whole range of controllable parameters such as the applied voltage, the 

nozzle-to-ground setup, the used solvent and solvent concentration have an 

influence on the outcome of the fiber morphology [16]. In turn, these 

parameters are also influenced by other factors that are less controllable, such 

as the humidity during spinning and electrostatic buildup from the deposited 

fibers [17, 18]. Melt electrowriting (MEW) is more controllable, but still 

influenced by electrostatic buildup and changes in the electric field [19]. 

 

Melt spinning allows the possibility to create thin fibers around a mandrel 

without the need for an electric field by melting a polymer and depositing it 

directly on a spinning mandrel [20, 21]. The resulting fibers are highly aligned 

and reproducible with little variations in fiber dimensions. Recent advances in 

the technique led to the fabrication of core-shell fibers with enhanced 

mechanical properties [22]. Without the need of an electric field, the 

controllable and uncontrollable parameters of the manufacturing process are 

no longer a limitation. Consequently, it could be summed up in simplified 

equations to predict the fiber parameters in terms of fiber dimensions, angle 

of the fibers and resulting spacing. This could result in a more reproducible 

barrier layer. Much like SES, these microfibers require a mechanical support. 
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A four axis melt extrusion based system could provide this support by creating 

larger macrofibers around the smaller microfibers [23].  

 

The aim of the study was to further develop a spinning technique that is able 

to align smooth muscle cells in a small diameter vascular graft. In addition, 

simplified mathematical equations were formulated, based on the obtained 

results to predict the fiber diameter, distance between fibers and deposition 

angle. Primary smooth muscle cells were cultured on the scaffolds to assess 

whether the cells would morphologically mimic the tunica media of an artery. 

Finally, a co-culture with endothelial cells was done to assess whether the 

aligned primary smooth muscle cells influenced the morphology of the 

endothelial cells. 

 

2. Materials and methods 
2.1 Melt spinning method  

A four-axis melt extrusion-based system was used, as described before, to 

fabricate the scaffolds [23]. Briefly, a cartridge containing poly(ε-caprolactone) 

(PCL, Mn =45,000 g mol-1, Sigma-Aldrich) was loaded in the heating cartridge. 

The temperature was set at 130°C and extruded at a pressure of 5 bar through 

a 260 micron diameter nozzle (25G encapsulation needle, DL technology). A 

DC-motor (Unimat 12 Volt DC) with a maximum rotation of 20,000 RPM with 

a gear ratio of 6:1 and a collet grip was placed inside the four axis printer. The 

DC-motor was powered through a power-supply (Voltcraft LPS1153, Conrad) 

to control the RPM. The RPM of the mandrel was measured at various 

voltages using a stroboscope tachometer (Voltcraft DT-10L, Conrad). Data 

obtained from the tachometer was used to set up an equation to convert the 

voltage applied to RPM (Equation 1). 

 

Equation 1 𝑅𝑃𝑀(𝑀𝑎𝑛𝑑𝑟𝑒𝑙) = 226 ∗ 𝑉𝑜𝑙𝑡𝑎𝑔𝑒 − 296 
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A 2 mm diameter stainless steel mandrel was attached to the collet of the DC-

motor. The distance between the nozzle of the four-axis extrusion based 

system and the mandrel was set at 1 cm. A low current was applied to start 

the rotation of the mandrel; while it was rotating the pressure of the four axis 

system was turned on. Once the polymer started to wrap around the mandrel, 

the RPM was increased to a set value ranging between 800 and 2400 RPM. 

A script was written to move the printhead of the four axis in the X-axis at a 

set speed between 1 and 30 mm/s with an excess length of 30 mm to 

compensate for the initial fiber deposition to settle. The extruder of the four-

axis melt extrusion-based system moved while the mandrel was rotating. This 

created a single layer of aligned microfibers each time the extruder moved 

along the direction of the mandrel. 

 

2.2 Scaffold fabrication  
Once a thin layer of closely packed circumferentially aligned microfibers was 

created the mandrel was removed from the DC-motor and transferred to the 

collet of the four-axis extrusion based system to fabricate the macrofibers. 

There, the same script as described before was used to fabricate a diamond 

pore scaffold with 4 helices and a pitch of 4.5 mm to mimic the mechanical 

properties of a carotid artery [23]. Excess microfibers where cut with a scalpel 

blade and the total length of the scaffold was 10 mm for the morphological 

characterization and 20 mm in length for cell culture. The scaffolds used for 

mechanical characterization and cell culture were manufactured with 1300 

RPM, with an extruder speed of 1 mm/s and 2 layers of fibers. This resulted 

in a scaffold with the smallest microfiber diameter and a small gap between 

each microfiber. 

 

2.3 Scaffold characterization 

Stereomicroscopy (SMZ25, Nikon instruments) was used to assess the 

morphology of the scaffold. The scaffolds were gold sputtered (SC7620, 

Quorum Technologies) before analyzed with scanning electron microscopy 
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(SEM, XL-30, Philips) to visualize and measure the fiber diameter, distance 

between the fiber and the angle of the deposited fibers. 

 

2.4 Mechanical characterization 
Mechanical characterization was performed on a mechanical tester 

(ElectroForce, TA instruments) with a 45 N load cell (ElectroForce). Tensile 

tests were performed in the longitudinal direction. A 5 mm long and 2 mm 

diameter stainless steel rod was inserted at the end of both sides of the 

scaffold. After the stainless steel rods were inserted, Parafilm® M (Heathrow 

Scientific) was wrapped around the part of the scaffold that contained the 

stainless steel mandrel to prevent slippage during the test. The samples were 

mounted in titanium clamps and stretched at a rate of 1% strain per second 

up to a total strain of 40% or until break. Scaffolds were sutured with 

polypropylene (Prolene monofil 5-0, Ethicon) at both ends of the scaffold for 

the suture retention test. The sutures were wrapped in Parafilm® M to prevent 

slippage and afterwards mounted using titanium clamps in the mechanical 

tester. The scaffolds were stretched at a rate of 1% strain per second up to a 

total of 40% or until break. Both the tensile and the suture retention test were 

captured with a camera (DMC-G3, Panasonic, The Netherlands) with a 

macro-lens (Panagor 90mm f2.8, Komine, Japan). Images and videos were 

analyzed using ImageJ (Version 1.52p, NIH) and Adobe Premiere Pro 

(Version 12.0, Premiere Pro CC 2018). The obtained force displacement 

values from the mechanical tester were converted to stress and strain. The 

Young’s modulus was calculated as the slope in the linear part of the stress 

strain curve. 

 

2.5 Cell culture  
A10 (rat aortic smooth muscle cells) were used in the preliminary experiments 

to quantify the DNA content and seeding efficiency (Figure S1A-B). The A10 

cells were cultured in DMEM (Sigma-Aldrich) supplemented with 10% fetal 

bovine serum (FBS) (Sigma-Aldrich). A10 cells were substituted for primary 
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smooth muscle cells (isolated from human aortas and kindly provided by Prof. 

Schurgers from the Department of Biochemistry at Maastricht University) after 

the seeding protocol was optimized. The primary vascular smooth muscle 

cells were cultured in DMEM, supplemented with 10% heat inactivated FBS. 

Human umbilical vein endothelial cells (HUVEC) (Thermo Fisher Scientific 

Inc.) were used as a source for endothelial cells. HUVECs were cultured in 

EGM-2 media (PromoCell).  

 

2.6 Cell culture experiments 
The luminal side of the scaffolds was coated using a protocol adapted from 

Gamboa-Martínez et al. [24]. Briefly, a solution of 20 mg/ml fibrinogen (Sigma-

Aldrich) in tris-buffered saline (TBS) solution was injected in the lumen of the 

scaffolds. After 1 minute, the solution was removed using Whatman filter 

paper and a solution of 0.3 Units/ml thrombin (Sigma-Aldrich) with 20 mM 

CaCl2 in TBS was added in the lumen. The thrombin solution was removed 

after 1 minute and the scaffolds were kept overnight in an oven at 37°C. The 

volume of fibrin and thrombin solution depends on the size of the scaffold and 

was calculated according to Equation 2 and rounded down to avoid liquid 

spilling over the scaffold. The scaffolds were disinfected with 70% ethanol for 

30 minutes and dried under the laminar flow hood.  

 

Equation 2 𝑉𝑜𝑙𝑢𝑚𝑒 =  𝜋 ∗ 𝑟𝑎𝑑𝑖𝑢𝑠2 ∗ 𝑙𝑒𝑛𝑔𝑡ℎ 𝑠𝑐𝑎𝑓𝑓𝑜𝑙𝑑 
 

The luminal surface area was calculated in Equation 3 assuming the surface 

of the scaffold is smooth. The seeding density was based on a trial experiment 

using A10. The same volume used to coat the scaffolds was used to seed the 

cells in the lumen of the scaffolds (Equation 2). The cells were trypsinized 

(Thermo Fisher Scientific Inc., USA) from the culture flasks and brought to a 

concentration of 100,000 cells/cm2. 
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Equation 3 𝐿𝑢𝑚𝑖𝑛𝑎𝑙 𝑠𝑢𝑟𝑓𝑎𝑐𝑒 𝑎𝑟𝑒𝑎 =  2𝜋 ∗  𝑟𝑎𝑑𝑖𝑢𝑠 ∗ 𝑙𝑒𝑛𝑔𝑡ℎ 𝑠𝑐𝑎𝑓𝑓𝑜𝑙𝑑 
 

The scaffolds were transferred to a 0.65 ml microcentrifuge tube (Figure S2) 

for seeding to avoid cell sedimentation and attachment to one side of the 

scaffold. This Eppendorf was placed sideways in an empty pipette tip box and 

rotated 90 degrees every 15 minutes for 3 hours. After the 3 hours the 

scaffolds were transferred into an empty 12-well plate filled with 2 ml of media 

and was replaced every other day afterwards. For the coculture after 2 days 

the scaffolds were transferred to a 0.65 ml Eppendorf and a similar seeding 

procedure was performed for 3 hours with HUVECs with a seeding density of 

100,000 cells/cm2. After the seeding of the HUVECs was done, the media was 

changed to EGM-2 for the rest of the culture period. 

 

2.7 Fluorescent microscopy and cell analysis 
Cells were stained with 0.23 µg/ml DAPI (Sigma-Aldrich) and 0.5 µM 

Phalloidin (Thermo Fisher Scientific Inc.) for the alignment quantification. 

Fluorescent images were taken (Nikon Eclipse Ti-e) and the quantification 

done with a plugin for FIJI (OrentationJ) [25], which was based on the direction 

of the F-actin fibers stained by Phalloidin. For the coculture experiments the 

images were taken using confocal microscopy (Leica TCS SP8) and the cells 

were additionally stained against 2.5 µg/ml CD31 (Anti-CD31, Ab24590, 

Abcam) and 0.59 µg/ml alpha smooth muscle actin (Anti alpha smooth muscle 

actin, ab124964, Abcam) to visualize endothelial cells and the smooth muscle 

cells respectively. DNA quantification was performed using a cell proliferation 

assay according to the manufacturer’s protocol (CyQUANT® Cell Proliferation 

Assay, Thermo Fisher Scientific Inc.). Nitric oxide (NO) production was 

measured using a nitrate nitrite fluorometric assay according to the 

manufacturer’s protocol (nitrate nitrite fluorometric assay kit, Cayman 

Chemical). 
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2.8 Statistics 
Statistical analyses were performed with GraphPad Prism 8.1.2. Significant 

differences were tested using an ANOVA test with a Šídák multiple 

comparisons test and were considered significant when p<0.05. All the values 

represented are in average ± standard deviation. 

 

3. Results 
3.1 Scaffold fabrication and characterization 

A schematic overview of the fabrication process is shown in Figure 1A and 

1B. Briefly, the molten polymer was deposited on top of a rotating mandrel 

capable of reaching speeds of 2400 RPM at maximum voltage, which resulted 

in an aligned thin layer of fibers (Figure 1C-F). After this process the mandrel 

was moved to the four axis system and a mechanical support based on a 

helical design to mimic the mechanical properties of an artery was printed 

around the thin layer of fibers. 

 

 

 

 

 

 

 

 

 

 
Figure. 1. Fabrication process of a vascular construct. (A) Schematic overview of the 
fabrication of the luminal support. (B) Schematic overview of the fabrication of the 
mechanical support. (C) Macroscopic image of the scaffold. SEM images from different 
perspectives. (D) Side view of the scaffold. (E) Top view of the scaffold. (F) Luminal 
view of the scaffold. Scale bar represents 500 µm. 
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Figure. 2. Schematic overview of the parameters used to fabricate and describe the 
microfibers. 

An overview of the fabrication parameters is shown in Figure 2. Various thin 

fiber scaffolds were fabricated by changing the RPM of the rotating mandrel 

(Figure 3A-B), the translational speed of the extruder and the amount of layers 

deposited on the mandrel. With a fixed translational speed of 1 mm/s, the RPM 

of the mandrel controlled the distance between the fiber. We observed that 

beyond 1400 RPM the fiber deposition became irregular and tend to break 

resulting in uneven distribution of polymer deposition and high variability in 

fiber distance (Figure S3A). The distances ranged from 70.2 µm ± 3.6 µm at 

800 RPM to 34.0 µm ± 18.9 µm at 2400 RPM (Figure 2C). The theoretical 

distance between each fiber from center to center can be calculated with a 

known translational speed in mm/min and rotational speed in RPM (Equation 

4). There was only a minor difference between the theoretical values and the 

actual measured values up until 1400 RPM.  



Fabrication of a mimetic vascular graft using melt spinning with 
tailorable fibre parameters 
 

236 

 

Equation 4 𝐹𝑖𝑏𝑒𝑟 𝑑𝑖𝑠𝑡𝑎𝑛𝑐𝑒 =
𝑡𝑟𝑎𝑛𝑠𝑙𝑎𝑡𝑖𝑜𝑛𝑎𝑙 𝑠𝑝𝑒𝑒𝑑

𝑅𝑃𝑀 (𝑀𝑎𝑛𝑑𝑟𝑒𝑙)
 

 

A correlation was observed between the angle at which the fiber is oriented, 

the circumference dimension of the mandrel and the distance between each 

fiber (Figure 3D). The faster the extruder traveled, the bigger the angle of the 

fiber was, ranging from 0.38° ± 0.24° at 1 mm/s to 15.67° ± 1.30° at the 

maximum speed of 30 mm/s with 1400 RPM. An equation was set up where 

the angle of the fiber (𝜃) can be calculated after knowing the circumference of 

the mandrel (C) and the distance of the fibers (Equation 5). The differences 

between the theoretical values and the actual values were negligible until 

1400 RPM. At faster traveling speed (> 2000 RPM), the difference between 

theoretical and the measured values became more noticeable.  

 

Equation 5 𝐹𝑖𝑏𝑒𝑟 𝜃 =  tan−1(
𝐶

𝐷𝑖𝑠𝑡𝑎𝑛𝑐𝑒 𝑓𝑖𝑏𝑒𝑟
) 

 

A trend between the diameter of the luminal support fibers and the RPM of the 

mandrel was observed. The diameter of the fibers decreased at faster RPM 

ranging from 55.6 µm ± 2.8 µm to 34.7 µm ± 30.6 µm at speeds of 800 RPM 

and 2400 RPM respectively (Figure 3E). As mentioned earlier, beyond 1400 

RPM the fiber deposition became irregular and tended to break. The 

theoretical fiber diameter can be calculated by knowing the polymer volume 

being extruded (V) in mm3 per minute and the total length of the fiber being 

deposited in mm per minute (Equation 6). Similar to the values for the fiber 

distance, the theoretical values were comparable to the actual values until 

1400 RPM. At faster RPM (> 2000 RPM) the difference became more 

apparent.  
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Figure. 3. Parameters influencing the fibers of the luminal support. (A) Side view of a 
scaffold created at 1400 RPM with an extruder speed of 1 mm/s. (B) Luminal view of 
a scaffold created at 1400 RPM with an extruder speed of 1 mm/s. (C) Fiber distance 
measured from the center of each fiber at increasing rotational speed. (D) The angle 
of the fiber at increasing translational speed. (E) Fiber diameter at increasing rotational 
speed. (F) Wall thickness at multiple layers. Each condition contained n=5 with 6 
measured fibers each. Scale bar represents 500 µm. * p<0.05, ** p<0.005, *** 
p<0.0005, **** p<0.0001. 
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Equation 6 𝐹𝑖𝑏𝑒𝑟 ∅ = 2 ∗  √
𝑉 (𝑒𝑥𝑡𝑟𝑢𝑑𝑒𝑑 𝑝𝑒𝑟 𝑚𝑖𝑛𝑢𝑡𝑒)

𝑅𝑃𝑀(𝑚𝑎𝑛𝑑𝑟𝑒𝑙)∗𝐶∗𝑡𝑟𝑎𝑛𝑠𝑙𝑎𝑡𝑖𝑜𝑛𝑎𝑙 𝑠𝑝𝑒𝑒𝑑
 

 

The thickness of the fiber wall depended on how many layers of fibers were 

deposited by the printhead each time it traversed over the whole length of the 

mandrel. The results showed that the thickness ranged from a single layer at 

38.0 µm ± 4.4 µm up to 8 layers at 220.1 µm ± 85.1 µm, the thickness was 

directly correlated to the amount of times the extruder deposited a new layer 

(Figure 3D). The wall thickness can be expressed in an equation knowing the 

fiber diameter and total amount of layers deposited (Equation 7). With the 

increasing amount of layers, the size of the wall became irregular resulting in 

a notable difference with the theoretical values (Figure S3B). 

 

Equation 7 𝐹𝑖𝑏𝑒𝑟 𝑤𝑎𝑙𝑙 𝑡ℎ𝑖𝑐𝑘𝑛𝑒𝑠𝑠 = 𝑓𝑖𝑏𝑒𝑟 ∅ ∗ 𝑙𝑎𝑦𝑒𝑟𝑠 𝑑𝑒𝑝𝑜𝑠𝑖𝑡𝑒𝑑 
 

3.2 Mechanical properties of the scaffold 
The effect of the luminal support on the mechanical properties was 

investigated via tensile testing of constructs with and without the small melt 

spun fibers. Scaffolds for the mechanical characterization were produced 

based on the previous results and equations. We selected the following 

parameters for further testing; 1300 RPM, with an extruder speed of 1 mm/s 

and 2 layers of fibers. The aim was to have a scaffold with the smallest 

diameter microfiber that also had a gap between each microfiber to facilitate 

cellular communication. The tensile test revealed that the luminal support 

significantly increases the Young’s modulus from 1.4 ± 0.1 MPa to 5.6 ± 1.4 

MPa, the test also showed some defects at larger strains (Figure 4A-B). In 

addition, the shape of the stress-strain curve was also different with an 

inflection point that was more pronounced compared to without lumen (Figure 

4C). The suture retention test showed that the scaffolds with luminal support 

were able to hold the sutures without tearing through the mechanical support 

(Figure 4D). Similar to the tensile test it was shown that defects in the luminal 

support start to appear at higher strain. This was further quantified by video 
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analyses and showed that especially after 15% strain all of the tested samples 

showed a visible defects in the lumen (Figure 4E). 

 

3.3 Smooth muscle cell alignment and coculture 

Similar scaffolds as in the previous section have been produced for the cell 

experiments. A trial experiment was performed using A10 cells to determine 

the optimal seeding density (Figure S1B). The results showed that a seeding 

density of 100,000 cells/cm2 resulted in a similar amount of DNA after both 4 

hours and 3 days as compared to the 400,000 cells/ cm2 leading to a higher 

seeding efficiency. After these initial trial tests, the A10 cells were replaced 

with primary human smooth muscle cells. Primary smooth muscle cells were 

seeded on the scaffolds and their alignment was observed for 2 days post-

seeding. The alignment was assessed by evaluating the F-actin fibers using 

the orientationJ plugin from FIJI. The results showed that 4 hours post-

seeding, there was no clear alignment towards the direction of the fibers. The 

cells imaged after 4 hours had a round morphology (Figure 5A). After 1 day of 

culture there was a peak observed around the direction of the fibers. In 

addition, the morphology changed from round to spindle shaped in the 

direction of the fibers (Figure 5B). This observation became more apparent at 

2 days post-seeding and the cells formed a confluent layer on the luminal side 

of the scaffold (Figure 5C).  

 

The inner layer of an artery is lined with endothelial cells. HUVECs were 

seeded in the lumen of the scaffold after 2 days to mimic this situation. The 

total culture time was 14 days and the morphology was assessed through 

microscopy. After 7 days of culture both the presence of HUVECs and smooth 

muscle cells was observed as indicated by the positive staining for CD31 and 

alpha smooth muscle actin, respectively (Figure 6). The smooth muscle cells 

maintained a confluent layer directly attached to the luminal side of the fibers 

(Figure 6A). In addition, smooth muscle cells settled between the fibers of the 
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Figure. 4. Mechanical characterization of the scaffold with and without luminal support. 
(A) Time-lapsed snapshots during the tensile test of the tested scaffolds. (B) Young’s 
modulus and (C) representative stress-strain curve of the tested scaffolds. (D) Video 
snapshots during the suture retention test of the tested scaffolds. (E) Amount of visible 
defects in the luminal support during the suture retention test. Each condition contained 
n=5 samples. Scale bar represents 2 mm. *** p<0.0005 

scaffold indicating that the wall was still permeable enough to facilitate cell 

migration (Figure 6B). The morphology of the smooth muscle cells remained 

the same with an alignment in the direction of the fibers. The HUVECs directly 
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on top of the smooth muscle cells formed a monolayer, indicated by the 

presence of CD31 throughout the lumen of the scaffold (Figure 6C). In 

addition, HUVECs displayed no particular alignment and displayed a 

cobblestone morphology. Similar results were shown at day 14 (Figure 7A), 

where the smooth muscle cells retained their spindle shaped morphology in 

between the fibers of the scaffold (Figure 7B). The endothelial cells on the 

luminal side of the scaffold formed a monolayer as seen by the presence of 

CD31 and showed a cobblestone morphology (Figure 7C). The production of 

NO increased after day 3 of culture and after 7 days remained stable until day 

14 (Figure S5).  

 

4. Discussion 
This study highlighted the ability to create a tubular scaffold with a luminal 

support through melt spinning for cells to attach. This in turn caused the 

smooth muscle cells to align in the circumference of the scaffold mimicking 

the tunica media of an artery. The theoretical fiber diameter, distance and 

angle can be calculated through the equations set up in this study since melt 

spinning relies on a few controllable parameters, making this approach 

reproducible and predictable for other researchers. The cultured vascular 

smooth muscle cells covered the luminal wall after 2 days of culture and 

aligned according to the direction of the fibers for the duration of the culture 

period, indicating that this technique is capable of creating a scaffold that aids 

in the alignment of cells. The morphology of both cell types after coculture in 

the scaffolds mimicked the native conditions, having a cobblestone and 

spindle shaped morphology for endothelial cells and smooth muscle cells 

respectively, despite being in direct contact with each other. This 

demonstrates that this technique is able to create a morphologically mimicking 

small diameter vascular graft. 
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Figure. 5. Smooth muscle cell alignment over time on the scaffolds. (A) Aligned pixels 
and representative image 4 hours post-seeding. (B) Aligned pixels and representative 
image 1 day post-seeding. (C) Aligned pixels and representative image 2 days post-
seeding. Each colored line in the graphs represent one region of interest per sample 
n=6. Scale bar represents 50 µm. 
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Figure. 6. Coculture of primary smooth muscle cells and HUVECs after 7 days of 
culture. (A) Overview image at lower magnification. (B) Image of the smooth muscle 
cells in the wall of the scaffold. (C) Image of both cell types in the lumen of the scaffold. 
Scale bar represents 500 µm in panel A and 100 µm in panel B and C. 
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Figure. 7. Coculture of primary smooth muscle cells and HUVECs after 14 days of 
culture. (A) Overview image at lower magnification. (B) Image of the smooth muscle 
cells in the wall of the scaffold. (C) Image of both cell types in the lumen of the scaffold. 
Scale bar represents 500 µm in panel A and 100 µm in panel B and C. 
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Smooth muscle cell alignment is vital for a functioning artery, their morphology 

helps the cells in their contractile function [26]. Creating a template that mimics 

this morphology can improve the final function of a constructed artery. 

Therefore prior work to create a luminal support layer focused on either using 

MEW or SES [27, 28]. A thin mesh can be created with SES, which allows 

certain alignment. However, there is still a significant part of the fibers that do 

not follow the same circumferential alignment especially at small diameter 

grafts [29]. In addition, the mesh that is created is often dense and is difficult 

for cells to penetrate through [30]. This might not be beneficial since there is 

interaction between the inner and outer layers of an artery [31]. Moreover, the 

mechanical properties of a SES mesh are often too weak to carry its own 

weight. Therefore, SES is often combined with MEW [10]. With MEW, the 

alignment of the fibers is improved, although the fibers stacking next to each 

other is limited due to the electric repulsion [32]. This makes melt spinning a 

viable option to create a supporting lumen with aligned small diameter fibers. 

Further development, such as using different materials and optimization of the 

fabrication process could reduce the diameter of the fibers. A different 

possibility to explore is the effect of fiber stacking in different configurations or 

surfaces on cellular and mechanical behavior. 

 

The equations that are formulated in this study have shown to accurately 

predict the actual values for the scaffold. The initial parameters that are 

required such as the mandrel size, volume extruded per minute and RPM of 

the mandrel can easily be obtained. In addition, the equations themselves are 

relatively simple to solve. However, one of the limitations of the calculations 

presented here is that there is no theoretical limit to the fiber diameter. Our 

data shows that with PCL (Mn 45,000) the limit for stable fibers is around 35 

µm with 1400 RPM. A higher RPM would result in the fiber becoming unstable 

and depositing unevenly which also reduces the accuracy of the equations. 

Further investigations using different materials could give insight to what role 

the mechanical properties of the bulk material play in the minimum microfiber 
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diameter limit. Another limitation is that the calculations presented here are 

simplified. The equation to obtain the fiber diameter is overestimated due the 

assumption that the circumference is equal to the mandrel size. In practice, 

the final diameter should be equal to the diameter of the mandrel plus the 

produced fiber. However including this into the formula would result into a 

differential equation that is more difficult to solve. Furthermore, the increase 

in circumference is negligible due to the large size of the mandrel compared 

to the produced microfibers. 

 

The stacking of multiple layers on the scaffold resulted in a less accurate 

prediction of the wall thickness. This can be explained by a sagging effect 

when there is no support underneath the deposited fiber resulting in a collapse 

of the fibers. This effect is also seen with other techniques such as melt 

extrusion and MEW and can be solved by reducing the distance between the 

fibers [33, 34]. The objective is to keep some degree of porosity between the 

fibers that facilitates cell migration. This is essential not only to create the 

adventitia layer of a blood vessel, but also to communicate between the three 

layers of an artery [35, 36]. 

 

The addition of the luminal support had a significant influence in the Young’s 

modulus of the scaffold. This makes the scaffold with a luminal support stiffer 

than a healthy human carotid artery [37]. A cytocompatible material that is less 

stiff could result in a lower Young’s modulus that matches the native tissue. 

The alternative is to study the effect of the angle of the fiber on the mechanical 

properties. This in combination with the a different material could bring the 

mechanical properties in the right range to avoid any mechanical mismatch 

[38]. The rings on the mechanical support made the suturing of the scaffolds 

more accessible. In addition, the thick fibers prevented the suture from tearing 

through the entire wall of the scaffolds when pulled in the retention test. Visible 

defects were noted in the scaffolds at strains bigger than 10%. All of the 

scaffolds showed defects after 15% strain. This could cause ruptures when 
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implanting the scaffolds and result in disturbed flow and risk of thrombosis 

[39]. However it is important to note that most of the defects happen at strain 

values that are beyond what is physiologically relevant [40]. A key point of 

vascular grafts is the ability to withstand arterial pressure [41]. A method to 

measure this ability in scaffolds is through a burst pressure test [42]. However 

one of the requirements is that the sample is hermetically sealed. With our 

scaffold geometry, we chose not to investigate this due the small gaps present 

between the fibers as a result of the fabrication process Therefore, studies 

that used electrospun meshes or other semipermeable grafts use a balloon 

catheter or other non-permeable membrane on the luminal side of the scaffold 

[43, 44]. The catheter however, also prevents the ability to detect small defects 

in a scaffold that could either tear open when pressurized and result in an 

overestimation in burst pressure [45].  

 

Smooth muscle cells can be divided in two different phenotypes, a synthetic 

type that has a flat and pancake shaped morphology that deposits ECM, and 

a contractile type that is spindle-shaped and contains more contractile 

filaments [46]. The cells observed after 2 days of culture shared a similar 

morphology of the contractile phenotype [14]. Moreover, after 2 days of culture 

the smooth muscle cells showed a similar alignment as to the native vascular 

environment [47]. Albeit at a decreased presence of α-smooth muscle actin. 

Cell alignment has been well studied and similar results showed that having 

small fiber diameter improves alignment [48]. In addition, the spacing between 

the fibers that is created causes the cells to align through contact guidance 

[48, 49]. Other studies demonstrated the possibility to keep this alignment for 

at least 7 days in culture [10]. Our results on the other hand showed that this 

can be extended to at least 14 days of culture with multiple cell layers. Smooth 

muscle cells are known to lose their α-smooth muscle actin when there is a 

lack of mechanical stimuli [50]. This could explain why the presence of α-

smooth muscle actin seemed to decrease and did not follow a similar 

alignment as the F-actin after 14 days. Another aspect to note is that the 
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amount of cell layers presented here does not compare to the native situation 

where the tunica media of a coronary artery is around 200 µm [51]. Images 

taken from the adventitial side of the scaffold revealed that the cells after 7 

days are migrated through the scaffold and were starting to form a monolayer 

(Figure S4). Future studies could aim at adding multiple layers in combination 

with longer culture periods to mimic the thickness of the tunica media.  

 

A coculture not only represents the physiological situation better, but can also 

improve the α-smooth muscle actin organization [52]. Other studies have 

performed cocultures on scaffolds, however these cells had a physical barrier 

between them and direct cell-cell contact was limited [10, 53, 54]. Facilitating 

direct cell-cell contact between the two cell types is vital for the inhibition of 

chronic inflammation of the endothelial cells and the differentiation of smooth 

muscle cells from undifferentiated mesenchymal cells [55-58]. In this study, 

the endothelial cells were seeded directly on top of the cultured smooth 

muscle cells to improve the direct cell-cell contact in the scaffold. This was 

reflected by the increase in NO production after the start of the coculture 

(Figure S5). NO is a vasodilating agent that is released by the endothelial cells 

and acts on the smooth muscle cells [59]. However, the observed increase 

was stabilized after 7 days. A possible explanation is that in this study the 

scaffolds were cultured statically, whereas NO synthesis is known to be 

increased upon shear stress and could be stimulated when the scaffolds are 

cultured under flow conditions [60].  

 

The culture time for smooth muscle cells and when to introduce the endothelial 

cells are important. In our study, we showed that after 2 days of culture the 

smooth muscle cells populated the entire luminal wall of the scaffold. This was 

one of the requirements before seeding the endothelial cells. A study by 

Williams et al. showed that the duration of the smooth muscle cell culture 

should be increased for a uniform distribution of the cells [61]. In addition, 

smooth muscle cells showed a more contractile phenotype over long-term 
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coculture periods. However, ECM deposition and smooth muscle cell 

proliferation is reduced when the endothelial cells are introduced at an early 

time point. For this study, the duration of 2 days might be too early for smooth 

muscle cells to deposit enough ECM for firm attachment. This could result in 

the detachment of the cells after longer culture periods, especially when 

subjected to flow [62]. This effect was sporadically observed in some of the 

samples even under static conditions after 14 days (Figure S6).  

 

Interesting to note is that the endothelial cells did not align to the direction of 

the fibers, unlike smooth muscle cells directly underneath them. The 

morphology of the endothelial cells remained a cobblestone shaped. Other 

research showed that endothelial cells do align in the direction of small fibers 

[63]. An explanation for this could be that the smooth muscle cells filled up the 

gaps between the fibers after the first two days of culture. The filled up gaps 

results in the smoothening of the luminal wall (Figure 8). This is confirmed by 

the fact that between the fibers the cells stain positive for α-smooth muscle 

actin while negative for CD31. Another observation is that the method of 

seeding the smooth muscle cells before the endothelial cells does not reflect 

the native regeneration process [64]. The scaffolds are coated with fibrin on 

the luminal side, however this coating is thin enough for cells to pass through 

as shown in the results (Figure 6, Figure S4). If there was a thicker coating, 

this could act as a barrier for both the endothelial and smooth muscle cells to 

migrate through, giving them both the opportunity to populate the area 

between the fibers and luminal side respectively. Future studies could 

investigate whether the thickness of the fibrin coating and the simultaneously 

seeding of both cell types would still result in a similar alignment.  

 

Although we have shown here that combining melt spinning with 4-axis 

additive manufacturing leads to the fabrication of a scaffold able to direct cell 

alignment, future research could investigate other biomaterials. This could 

give insight to the minimal fiber diameter possible with this technique and the 
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influence of the material properties, which can also be beneficial for smooth 

muscle cells, known to dedifferentiate towards a macrophage like phenotype 

when cultured on stiff materials [65]. In addition, the elastic behavior of an 

artery can be recreated with other polymers [66, 67]. This emphasizes the 

need to explore this technique with different materials. Furthermore, these 

scaffolds should also be validated under dynamic culture conditions, which 

was shown to improve the outcome of the engineered vascular tissue [68]. 

Future studies can aim at the fabrication of the adventitia layer, which is often 

overlooked though vitally important [69, 70]. 

 

 
Figure. 8. Proposed explanation of the smooth muscle cell alignment and the rounded 
endothelial cell morphology.  
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5. Conclusion  

In conclusion, we demonstrated a melt spinning technique that is capable of 

both supporting and aligning smooth muscle cells. The dimensions of the 

produced fibers can be accurately predicted through the equations set up in 

this study. Using the equations described here as a template for other more 

complex fabrication techniques can help understand the parameters that 

influence the microfiber dimensions of a scaffold. Aligned deposited 

microfibers helped align the smooth muscle cells. In addition, cell alignment 

was maintained after 14 days of culture even in direct contact with endothelial 

cells. Finally, the alignment of the smooth muscle cells did not influence 

alignment of the endothelial cells. With this technique a predictable mesh of 

highly aligned fibers can be created that can aid in the development of a 

coronary artery graft. 
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Supplementary material 

 

 

Figure S1. A10 optimization experiments after 3 days of culture following different 
seeding densities. (A) DNA quantification after 3 days of culture. (B) Seeding efficiency 
after 4 hours post seeding. Each condition contained n=5 samples. 

 
Figure S2. Seeding method for the vascular grafts. (A) Images of a scaffold in an 
Eppendorf and an empty P-1000 pipette tip-box for seeding. (B) Procedure of turning 
the pipette tip-box with the scaffold every 15 minutes.  
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Figure S3. SEM images of the luminal support. (A) Cross section of the luminal wall 
created at 2000 and 2400 RPM. (B) Cross section of the luminal wall with 1 layer and 
8 layers. Scale bar represents 500 µm for panel A and 100 µm for panel B.  
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Figure S4. Coculture of primary smooth muscle cells and HUVECs after 7 days of 
culture. Images were taken from the adventitial side of the scaffold. Scale bar represent 
50 µm. 
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Figure S5. NO release in the culture medium from the coculture. Each condition 
contained n=3 samples.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
Figure S6. Coculture of primary smooth muscle cells and HUVECs after 14 days of 
culture. White box indicate the detachment of the endothelial cell layer. Scale bar 
represents 500 µm.  
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The work presented in this thesis aimed at designing and creating 3D 

scaffolds with alternative patterns defining pore architecture. These scaffolds 

could be fabricated through fused deposition modeling (FDM) and were 

studied for cartilage and cardiovascular regenerative medicine applications, 

but could potentially be used for a multitude of other applications as well. 

Hereafter, I discuss the results of the thesis divided into 6 main topics: 1) the 

ultimate goal of biomimicry, 2) picking the right pattern, 3) mimicking collagen 

type II organization, 4) FDM produced hollow tubular scaffolds, 5) mimicking 

the mechanical properties of an artery, and 6) from mechanical to combined 

mechanical-morphological mimicry. Finally, a perspective on how this 

knowledge could be used in the future to design more complex and 

biomimicking scaffolds for regenerative medicine (RM) application is provided.  

 

The ultimate goal of biomimicry 
The ultimate goal in RM is to replace or repair damaged tissues with a new 

engineered or endogenously developed tissue equivalent [1]. The mimicking 

approach that researchers use for this purpose is called biomimicry [2]. 

However, biomimicry is often a broadly used term and does not specify which 

aspect of the tissue the researcher aims at replicating. Therefore, Chapter 2 

clarifies the different strategies that tissue engineers may follow when 

developing a new RM strategy and divides biomimicry into mechanical, 

morphological and biological biomimicry. In this chapter, we also discussed 

what can be done to improve biomimicry of scaffolds. The focus of mechanical 

biomimicry is to obtain mechanical properties similar to those of the target 

tissue. This can be obtained through various methods, such as choosing the 

right material, varying the scaffold design, changing the crosslinkers or using 

fillers to create composite materials. Morphological biomimicry aims at 

creating scaffolds that are morphologically similar to the native counterpart. 

The strategies applied here can vary from mimicking the interfaces between 

tissues, to recreating similar porosity, size and shape, using decellularized 

tissue or through templating techniques. Biological biomimicry aims at 
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recreating the biological environment that is found in the specific targeted 

tissue. Methods to obtain this can range from mimicking cellular anchoring 

points, to conditioning scaffolds by placing them in a more mimicking 

environment such as tissue-specific biomechanical loading regimes during 

culture [3], adding growth factors to promote rapid growth or using 

decellularized tissues as a base material for creating scaffolds.  

 

The findings in this review identified that studies often focused on a single 

aspect of biomimicry while neglecting other aspects. Examples were studies 

that focused on matching mechanical properties, but studied the biological 

response of the fabricated scaffolds to a limited extent [4]. Similarly, the 

morphology of a tissue was exactly replicated by the scaffold design strategy, 

but with weaker mechanical properties [5]. In-vivo research has shown that 

scaffolds can have negative results for mechanical [6], morphological [7] or 

biological [8] reasons even though the studies did mimic one of the other 

aspects. This indicates that every aspect of biomimicry is important and none 

should be neglected. In addition, a single change made in the scaffold can 

influence multiple aspects of biomimicry: for example, changing the bulk 

material will not only change the mechanical properties, but also the cell-

material interactions [9]. The first steps in a biomimicry strategy should already 

be taken in the material development stage. This should include studying both 

mechanical and biological response of a material. Chapter 2 could serve as 

an example of this strategy where a library of patterns was screened for their 

mechanical properties. Afterwards, the right morphology, which is scalable for 

larger clinically relevant constructs and can steer vascularization and 

innervation processes, has to be chosen. To further close the gap between in 

vitro and in vivo, the dynamic environment of the tissue should be recreated 

as close as possible in vitro. 

  

 

 



General discussion 

264 

 

Picking the right pattern  
One of the most commonly used techniques to fabricate 3D printed scaffolds 

in RM is FDM. This technique extrudes molten polymers through a nozzle that 

solidifies upon extrusion. It is suitable for personalized medicine as 3D data 

from medical imaging techniques can be converted into a 3D model and 

fabricated into a scaffold [10]. However, the limitation is that the infill pattern 

of these 3D models is often a meandering set of lines. As discussed in 

Chapter 2, the differences between tissues can be enormous and using a 

single design might not be the best for all of the applications. Therefore, 

Chapter 3 was focused on showcasing a methodology for creating alternative 

patterns for RM applications. Among different possibilities to create alternative 

scaffolds’ pore architecture patterns, we used three different methods aiming 

at increasing the degree of biomimicry of the resulting scaffolds: 1) space 

filling fractal based patterns, which are generated through an L-system; 2) 

Tiling based patterns, which are generated by having a set of tiles that create 

a pattern on a plane; 3) Cartesian based scaffolds, which are generated 

through Cartesian coordinate equations. In addition, the effect of different 

loading regimes on the scaffolds was studied to replicate the potential suturing 

positions for the scaffold. 

 

The results from Chapter 3 revealed the possibility to create a variety of 

different patterns. The material for all of these patterns was the same, yet the 

differences in Young’s modulus between the scaffolds could vary two orders 

of magnitude, which is roughly the difference between cortical bone [11] and 

tracheal cartilage [12]. The loading regimes represents potential suturing 

positions as the majority of the scaffolds are fixated through sutures [13]. Even 

within the same design, major influences in mechanical properties were 

observed with a different loading regime. Therefore, the design matters as 

much as the loading regimes on a scaffold. This also highlights that a 

recommendation for what is the most suitable pattern is dependent on the final 

application. In addition, this also emphasizes that a suitable pattern can 
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potentially be tailored for a specific tissue. For softer tissues that require high 

deformations, such as skin [14], a more open design that has poorly 

interconnected fibers such as the Gosper curve could be more suitable. Rigid 

patterns such as the woodpile design or the Penrose tiling with well-connected 

fibers could be more suitable for stiffer tissues such as bone [15]. Other 

patterns with more unique mechanical properties such as the Peano curve 

could serve to understand what happens to the cells on the scaffolds locally 

when subjected to mechanical stress. Previous work mainly focused on two 

different approaches. The first one involves investigating infill patterns either 

by varying the infill density [16] or changing the angle of each layer [17]. The 

infill pattern is not fundamentally altered by these parameters, as they are 

default settings from the software generating the pattern. In addition, the 

differences in mechanical properties within these tested designs is less than 

2-fold. Making this approach more suitable in the final stages of scaffold 

design where only small changes in mechanical properties are required. The 

second approach is to use a different infill pattern altogether. Other studies 

have investigated other infill patterns and showcased that they are able to 

create density gradients using sinusoidal patterns [18] or radial gradients 

using fractal trees [19]. However, the variety of patterns presented in Chapter 
3 is unique to this study. The ability to create more versatile scaffold designs 

allows other researchers to use materials that were previously deemed 

unsuitable due to a mismatch in mechanical properties [20]. The study 

highlights that no advanced software or skill in mathematics is required to 

create new patterns. This could inspire other researchers to explore the infinite 

amount of designs available instead of reusing the same woodpile pattern [21, 

22]. In addition, the resulting scaffold could be more biomimicking, for example 

by implementing fractal patterns, as some studies have attempted to achieve 

biomimicry through scaffold design [18, 23]. 
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Mimicking collagen type II organization 
Articular cartilage is an avascular tissue, which provides a low friction surface 

to protect the underlying subchondral bone. The extracellular matrix (ECM) 

composition of articular cartilage mainly consists of collagen type II and 

glycosaminoglycans. Articular cartilage is characterized by three distinct 

zones with each of them having a different composition in ECM and cell 

density [24]. The organization of collagen type II fibers could be 

mathematically described with an arch-like structure. Hence, one of the main 

objectives of Chapter 4 was to implement the methodology developed in 

Chapter 3 and use a hypotrochoidal curve to define scaffolds that mimics this 

arch-like orientation of collagen type II. Our hypothesis was that the 

hypotrochoidal scaffold design would not only mimic morphologically, but also 

mechanically articular cartilage. Consequently, this should result in a better 

biological biomimicry as well. These designed scaffolds were assessed 

mechanically and biologically in both static and dynamic culture conditions.  

 

The findings from Chapter 4 revealed that the hypotrochoidal design could be 

successfully printed. The amount of arches introduced in the scaffold can be 

varied by changing the input parameters in the mathematical equations 

defining the hypotrochoidal design. The Young’s modulus was significantly 

lower, while the Yield strength and strain and the toughness were significantly 

higher in the hypotrochoidal design compared to woodpile patterns. The 

mechanical properties of the hypotrochoidal design (14.1MPa) was within the 

range of native cartilage tissue (10.6 - 18.6 MPa) [25]. In addition, multiphysics 

modeling showed that the stress was equally distributed throughout the 

hypotrochoidal scaffolds. This was reflected in the dynamic cultured 

conditions where the hypotrochoidal samples had an improved collagen type 

II deposition, specifically in the areas that were correlated with less stress in 

the scaffolds, thus indicating that the hypotrochoidal scaffold design is 

superior compared to the woodpile structure for cartilage regeneration. Most 

studies that use FDM scaffolds for cartilage regeneration still use a woodpile 
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design [26-28]. Therefore the hypotrochoidal design can be a major 

improvement for cartilage regeneration because this design is easy to 

implement and can be shared with other labs. 

 

Another study that focus on the design part of the scaffold also showcased 

that geometry is a key parameter for cell differentiation [29]. Evidence from 

literature demonstrated that cells respond to their microenvironment via 

mechanotransduction [30]. A recent review has demonstrated that scaffold 

geometry or design can have a significant influence on mechanotransduction, 

as the scaffold provides physical stimuli to the cells [31]. In addition, this is a 

prime example, which was highlighted in Chapter 2, demonstrating that the 

design can make the difference. Even with a material such as PCL, which is 

generally regarded as too stiff for cartilage regeneration [32]. The ATDC5 cells 

that were used in this study are known to be hypertrophic [33] showing that it 

might be possible to revert the phenotype to a hyaline phenotype only through 

design. 

 

FDM produced tubular hollow scaffolds 
Traditional FDM systems are limited in creating structures that are not planar, 

due to the use of a flat collecting plate combined with a conventional layer-by-

layer fabrication approach [34]. Therefore, Chapter 5 is focused on 

introducing a fourth axis in a classical FDM system that replaces the flat 

collecting surface with a controllable cylindrical one. This allows the fabrication 

of more complicated structures that are not possible with “classical” FDM 

systems. A diamond and a rectangular pore design that could not be 

fabricated with the classical systems were mechanically characterized and 

compared with each other and to native tissues, such as the coronary and 

carotid artery, trachea and small intestine.  

 

The results showed that both patterns could be successfully printed in the four 

axis system. The diamond pore design had a lower Young’s modulus, which 
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was comparable to a carotid artery [35]. On the other hand, the rectangular 

pore design was stiffer and had a comparable Young’s modulus to tracheal 

tissue [12]. Three point bending tests revealed that the lumen remained open 

in the diamond pore design. This chapter highlights that a completely new set 

of patterns can be created for tubular hollow tissues. Even within the 

cardiovascular network the range in mechanical properties is significant 

ranging from a saphenous vein at 0.1 MPa [36] to 2.6 MPa in the aorta [37]. 

Either different materials or designs have to be used to capture this range in 

mechanical properties. The four axis system allows the user to change both 

these parameters. Even though the majority of the materials have been 

characterized, the designs for these tubular patterns have not been explored 

yet. With minor alterations, the methods described in Chapter 3 can 

potentially be used to create a whole new array of patterns for the four axis 

system.  

 

Mimicking the mechanical properties of an artery 
The stress-strain curve of a small diameter artery has unique elastic properties 

[38]. The curve follows a sigmoidal shape that has an initial region, which has 

a low stress and high strain. This elasticity improves the pumping efficiency of 

the heart. Mimicking this behavior requires the starting material to be elastic 

[39] or the scaffold design to mimic elastic-like behavior. In Chapter 6, a 

corrugated pattern is explored that has elastic-like behavior to mimic the 

mechanical behavior of small diameter arteries. Various versions of the 

corrugated patterns were compared with porcine carotid arteries. 

 

The data revealed that a sigmoidal stress-strain curve could be obtained 

through the corrugated design. Thanks to the parametric approach, the design 

and consequently the stress-strain behavior can be tuned. Which is something 

that only has been achieved with wavy and tangled electrospun fibers using 

polycaprolactone as material [40]. Although the entire stress-strain curve of a 

porcine carotid artery could not be matched with the corrugated design, the 
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initial 20% of strain, which is the physiological range, was nearly identical. This 

suggested that even with a stiff material such as polycaprolactone elastic-like 

properties can be introduced on the scaffold macrostructural level. In addition, 

it was showcased here that in certain cases the scaffold’s architecture has a 

larger influence on mechanical properties compared to the material. Other 

studies have demonstrated that varying the scaffold architecture influences 

the mechanical properties [41]. However, there was limited control over the 

entire stress-strain curve. 

 

From mechanical mimicry to combined morphological 
mimicry 
The tunica media of any small diameter artery contains smooth muscle cells 

that are radially aligned [42]. This specific morphology enhances the 

contractility of arteries. Placing a highly aligned mesh of thin fibers should 

trigger smooth muscle cells to align in that direction through contact guidance 

[43]. Chapter 7 explored how a thin fiber mesh could be created through melt 

spinning. Melt spinning is a technique that creates a highly aligned mesh of 

thin fibers by depositing a molten polymer on a fast rotating mandrel. 

Equations were set up to predict the fiber dimensions during melt spinning. 

The effect of these thin fibers on cell morphology was measured to mimic the 

tunica media by adding smooth muscle cells in the walls of the scaffold. In 

addition, a co-culture with endothelial cells was performed to create a barrier 

function and to mimic the tunica intima of a carotid artery.  

 

The findings from Chapter 7 revealed that the equations formulated in this 

study were accurate to predict the fiber dimensions. This could serve as an 

alternative to melt electrowriting as the fibers that are produced are within the 

same order of magnitude, but the process was more predictable [44]. In 

addition, the process was compatible with any thermoplastics. This could be 

further studied with other materials that either improve mechanical properties 

or are functionalized to improve cell adhesion [45]. Furthermore, the melt 
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spinning technique produced a highly aligned mesh where smooth muscle 

cells aligned within 2 days of culture. The co-culture revealed that the 

alignment of the smooth muscle cells did not influence the alignment of the 

endothelial cells even though there was direct contact with the cells. The direct 

contact is important as it stimulates the smooth muscle cells to produce 

fibrillary fibronectin, which improves endothelial cell adhesion [46]. The effect 

of direct cell contact has been broadly studied in other fields of medicine, 

however it is not widely applied within cardiovascular RM [47].This study 

showcased the possibility to have this direct contact between the different cell 

types. In addition, the results of this study demonstrate that with melt spinning 

a predictable mesh of highly aligned fibers can be created that can aid in the 

development of a coronary artery graft. The equations presented in Chapter 
7 can be beneficial for other researchers that use melt spinning to accurately 

predict the fiber geometry [48, 49]. Other more complex biofabrication 

techniques such as melt electrowriting and solution electrospinning could 

potentially also benefit from these equations as this method could be applied 

to help understand the parameters that influence the fabrication process [50-

53].  

 

Future Perspectives 
As discussed in Chapter 2, there is a broad variability between tissue 

properties. Therefore, using a single pattern and resulting periodic scaffold for 

all of the different tissues of our body is not logical. The tissue should be 

investigated before a final pattern and scaffold architecture can be chosen. 

Some tissues have complex mechanical behavior [54] that could potentially 

be replicated with a pattern. The amount of patterns that can be designed are 

limitless and some of the methods to generate such patterns have been used 

in Chapter 3. These generated patterns are simplified and can be used 

without the need for a background in programming, mathematics or 

engineering. Similarly, the possibility to draw an own custom pattern and 

convert it directly to G-code is today also available with the same approach. 
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The creation of custom-designed patterns can also be used to mimic cell 

alignment or certain ECM components in a tissue, as demonstrated in 

Chapter 7. Chapter 4 showed a combination of the two previously mentioned 

approaches, where the collagen type II organization was mimicked using a 

hypotrochoidal design, but the scaffolds designed with these patterns had also 

improved mechanical properties. This chapter can serve as a blueprint of how 

to investigate and apply a new pattern for a specific tissue. Some potential 

tissue that could be investigated are the fractal organization of bone [55], the 

type I and type II collagen organization of the annulus fibroses [56] or the 

muscle band organization in the myocardium (Figure 1) [57].  

 

The four axis FDM system from in Chapter 5 revealed that a whole new set 

of patterns can be produced that previously were not possible to create with a 

regular FDM system. There is no limit to the number of tubular patterns that 

can be made using this additional axis, and Chapters 5 and 6 only highlight 

a small subset of possible tubular patterns; the vast majority is yet 

undiscovered. These patterns can be based on the same principles as 

described in Chapter 3. Future development in an FDM system with a robotic 

arm, which can replicate multiple degrees of freedom similar to the human 

arm, will allow a broad set of patterns that previously were not possible to 

create with Cartesian controlled systems [61, 62]. While this approach offers 

“endless” pattern possibilities, a better understanding of the printing materials 

melt rheology is required to exploit printing without a support, as the material 

solidification needs to occur directly after extrusion [63]. Another future 

direction could couple medical imaging data with patient specific requirements 

to create a personalized scaffold pattern. Finite element models can already 

convert medical imaging data into a model [64] and future development could 

also include scaffolds with unique patterns in this model. 
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Figure 1. Potential tissues were new patterns can be applied. The mineral organization 
of bone (top panel), the collagen type I and II organization of the annulus fibroses 
(middle panel). The muscle band organization of the myocardium, left part an 
anatomical specimen and the right part a cartoon version (bottom panel). Images were 
adapted from Reznikov et al. [58], Gruber et al. [59] and Kocica et al. [60].  
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The four axis FDM system from Chapter 5 is able to produce tubular 

structures for the regeneration of cardiovascular scaffolds, which we have 

further explored in both Chapters 6 and 7. However, the four-axis system is 

not limited to only cardiovascular scaffolds. Some examples that could be 

replicated with this system are the C-shaped rings found in the trachea [65], 

the circular folds in the lumen of the small intestine [66] using a corrugated 

design similar to the one described in Chapter 6, the folded star-shaped 

lumen of the urethra [67] or the density gradient found in the cross section of 

long-bones [68]. 

 

Bulk material properties are often one of the main reason to pick an ideal 

material to make a scaffold for tissue regeneration. PCL is known to be a stiff 

polymer, especially for soft tissues such as cartilage and vascular tissue [69, 

70], yet a common biodegradable polymer used in many studies for its 

processing stability and biocompatibility. However, Chapter 6 proved that 

even materials that have been regarded as non-elastic can have elastic-like 

behavior through scaffold design. Another example is showecased in Chapter 
3, where we were able to achieve a 100 fold difference between the Young’s 

modulus in the fabricated scaffolds even when the fibers of these designs 

have the same diameter and the material is identical. Therefore, having a 

focus on the bulk properties can make researchers forget that a material could 

be suitable given the right scaffold design. It would be possible that multiple 

materials are suitable for a single application. However, the design of the 

scaffolds is dependent on both the final application and the chosen material. 

Future studies should also elucidate if cell-material interactions known to 

occur at bulk level are altered by such different architecture-dependent 

mechanical behavior. For example, PCL is known to show calcification 

initiation in vascular grafts [71, 72]. Yet, it would be amusing to evaluate if 

such calcification onset could be abated by biomimicked architecture-

dependent mechanical properties.  
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It is well known that the choice of a material has an influence on cellular 

response [73]. The surface roughness [74], the ability to interact with the 

material [75] or substrate rigidity [76] can be triggered by this response. 

However, the impact of dynamic load on the cells and materials remains 

poorly understood. Especially dynamic loading conditions can have a major 

effect on cell behavior [3]. This was already explored in the different loading 

regimes in Chapter 3, where certain patterns that have similar porosity, such 

as the Hilbert curve and the 0-90 woodpile design, have uniquely different 

mechanical properties. These differences could translate to a different 

outcome in cellular behavior when culturing under mechanical stimulation [77]. 

This was also observed in Chapter 4, where differences in collagen type II 

deposition was only found in the hypotrochoidal design. Future studies could 

explore or include dynamic loading during cell culture to study cellular 

behavior. Previous studies that have been published, but did not involve 

dynamic loading with cells, could have a different outcome. This is showcased 

in Chapter 4 where the static culture condition did not show differences in cell 

behavior. Other examples of dynamic loading can exploit fluid flow mimicking 

the physiological conditions. Example of these are the pulsatile flow that 

arteries and veins are continuously subjected to. The scaffolds produced in 

Chapter 7 could be ideal candidates to evaluate whether the cell morphology 

is retained during pulsatile flow perfusion. Although this would allow relevant 

validation in vitro prior to pre-clinical translation, most of the commercially 

available bioreactors cannot mimic such physiological conditions. This will 

require a constant evolution not only of the scaffolds, but also of the in vitro 

culturing conditions to emulate the in vivo scenario as close as possible. In 

doing so, one would expect to shorten eventually the research and 

development needed to bring these solutions to the patient.  
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There is a shortage of tissues and organs for transplantation. Patients who 

have not received a heart transplant after 5 years on the waiting list have a 

survival rate of 40% [1]. This has led to a need to create tissues within a lab 

and was the foundation of regenerative medicine (RM). The global RM market 

size reached 22.24 billion dollar in 2022 and is expected to grow until 125.54 

billion dollar in 2030, according to a market analyses report by Precedence 

Research [2]. The majority of cell therapy studies performed their research in 

2D before RM became a specialization within medicine. RM promoted the 

investigations and creation of 3D tissues and substrates to grow cells. These 

substrates are better known as scaffolds. Several fabrication techniques have 

been applied within RM to construct 3D scaffolds. Specifically, additive 

manufacturing techniques such as fused deposition modeling (FDM) are 

commonly used in RM for this purpose. Recently, implants fabricated with 

FDM or FDM-derived technologies have been used for critical bone defects 

and articular cartilage [3][4]. Therefore, further improvements in additive 

manufacturing technologies can bring additional benefits to the entire RM 

community and ultimately to the patient.  

 

The findings in Chapter 3 provide a setup to create a library of patterns for 

other researchers to use. This could allow to design and engineer tissue 

specific patterns that can be used for scaffold fabrication aiming at mimicking 

a broad range of tissues. These patterns could also be used to guide cells to 

mimic specific tissue functions. One of the examples from Chapter 4 revealed 

that using a hypotrochoidal design improved not only the mechanical, but also 

the biological outcome when envisioning scaffolds for cartilage regeneration. 

The only difference between the conditions was the design of the scaffold, 

thus highlighting how with the design of tailored scaffold structural properties 

it is possible to influence cell activity and tissue formation by architected 

biomaterials. Therefore, frequently studied biomaterials can offer additional 

enhanced tissue regeneration when appropriately combined with advanced 

architectures. The work in Chapter 4 can serve as a biomimetic approach 



Societal impact 

283 

 

blueprint for the research community. Future work could lead to a workflow 

that starts with a tissue of interest to then test a selection of patterns to assess 

the best outcome, for instance to determine which load is required for the 

targeted tissue of interest (e.g. bone, articular cartilage), and use the 

conceptual framework here developed to match loading with the 

correspondent architecture pattern. The next step in this endeavor is to fine-

tune the chosen pattern to the patients’ needs. As every patient provides a 

different biomechanical and tissue architecture signature, this strategy has the 

potential to contribute to personalized medicine. The required scaffolds can 

be fabricated based on medical imaging techniques and manufactured using 

an appropriate pattern that matches the mechanical and biological 

requirements. 

 

Designing and validating a pattern for a specific tissue is potentially time-

consuming. However, once the design is finalized it can be easily shared 

without rewriting the entire source code besides some printer specific 

commands. The universality of G-code allows the code to be transferred to 

almost any additive manufacturing equipment. This was highlighted in 

Chapter 4, where the code to create a hypotrochoidal pattern was used with 

FDM, bioprinting and melt electrowriting (MEW). As G-codes can be shared 

and transferred digitally, the proposed approach can be easily transferred to 

any printing facility. This is beneficial, since the production of a personalized 

scaffold can be done locally while specialized personnel can design the 

scaffolds centrally, making additive manufacturing a more cost effective 

process for the improvement of RM therapies, especially when applied on a 

global scale. 

 

In 2019 insurance companies in the Netherlands had to pay for the 

cardiovascular-, urogenital, intestinal- and respiratory- system a combined 

19.8 billion Euro, which translates to 1,142 Euro per inhabitant [5]. This does 

not reveal to total cost of these healthcare sectors, as not everything is 
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covered by the insurance, but any relieve for this economic burden is 

welcome. Currently, FDM systems are not able to reach these healthcare 

sectors, as tubular structures are impossible to create with classical FDM 

techniques. Therefore, Chapter 5 focused on creating a system that is 

capable of creating scaffolds for these healthcare sectors and potentially 

reducing the costs. The freedom of the system allows the user to create a 

variety of different patterns with different mechanical properties that could 

mimic various tubular tissues.  

 

Chapter 6 highlighted that it is possible to mimic the elastic properties of a 

coronary artery using a stiff material such as PCL [6]. This finding can have 

broader implications for material sciences and RM, as some materials are not 

deemed suitable due to their bulk material properties. Chapter 6 contributed 

to the increasing know-how over architected materials, showing an example 

in the vascular field where mechanical properties of scaffolds can be tunable 

by varying the scaffolds’ architecture, independently from the bulk properties 

of the selected biomaterials.  

 

Chapter 7 demonstrates how a complex process such as melt spinning can 

be simplified to make it understandable for everyday users. As a consequence 

of this simplification, melt spinning can be more broadly adopted within the 

biofabrication community without necessarily applying electrostatic fields as 

in the case of melt electrowriting (MEW). In addition, the formulated equations 

in this chapter are universal and improve the reproducibility by already 

predicting what the fiber outcome will be. Also, this approach will help 

researchers by providing more control over the fabrication technique and 

reducing the time needed to optimize processing parameters, which can 

require a substantial amount of wasted material during optimization [7]. The 

developed parametric mathematical method can be applied to other more 

complicated techniques such as MEW, further increasing the standardization 

of scaffold fabrication within the RM field. 
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A future outlook on the impact of this thesis is already briefly discussed in 

Chapter 2, where I postulated that research should focus more on multiple 

aspects of biomimicry. Instead of focusing on a single pattern, Chapter 3 and 
Chapter 5 highlighted the importance to further investigate the role of 

architected material patterns, which can be easily available to manufacture. 

The expansion of such patterns can inspire fellow researchers to use them to 

discover new fundamental biological processes that can be triggered by more 

unconventional scaffolds’ structural properties. The path from bench to 

bedside for scaffolds should also include defining a pattern for production, as 

shown in Chapter 4. More studies are required before these scaffolds will 

become available in the clinic, which shall aim at investigating the effect of, in 

this case, the hypotrochoidal architecture in vivo.  
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Summary 
Every tissue in the human body is composed of a unique mixture of cells and 

extracellular matrix (ECM) components. A mixture, which is specifically 

arranged and is often related to the function of the tissue. The ultimate goal of 

tissue engineering is to replace damaged or diseases tissues with engineered 

biological analogues that can restore their original functionality until the tissue 

would be again fully recovered. Researchers are trying to imitate or recreate 

a tissue through a process defined as biomimicry or “the imitation of life and 

nature”. The term biomimicry itself is still rather vague as it is broadly used in 

tissue engineering and regenerative medicine, since it does not specify what 

exactly is being mimicked. Therefore, Chapter 2 is focused on what 

biomimicry encompasses within the scope of regenerative medicine. This 

chapter first describes that biomimicry can be used in three different forms: 

mechanical biomimicry, morphological biomimicry and biological biomimicry. 

Using current biofabrication techniques, this chapter explores how each form 

of biomimicry is achieved within regenerative medicine. One of these 

commonly used biofabrication techniques is fused deposition modeling 

(FDM). This technique is an extrusion-based technique that allows a material 

to be extruded through a nozzle in a molten form that solidifies directly after 

extrusion to form a filament. With FDM, any 3D design is possible to recreate, 

but only limited infill patterns can be generated with current software. This 

thesis aimed at investigating alternative patterns that can be fabricated 

through extrusion-based techniques, taking FDM as a testbed. These patterns 

were used to create scaffolds with enhanced biomimicry, which were further 

explored for different tissue engineering applications, namely vascular and 

skeletal regeneration. A methodology to generate patterns was established to 

create a foundation of patterns to investigate in Chapter 3. By expanding the 

available patterns to use, this chapter makes unconventional patterns more 

accessible and easier to understand. These patterns are based on various 

mathematical curves. The results revealed that the differences in Young’s 
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modulus between the patterns can have a factor of 100 using the same 

material. In addition, the study found that the mechanical behavior of the 

scaffolds was significantly changed when a different loading regime was 

applied. One of the patterns that was further investigated in Chapter 4 is 

based on the hypotrochoidal curve. This curve mimics the organization of 

collagen type II bundles in articular cartilage. Here, we investigated the 

mechanical properties of the scaffolds designed with the hypotrochoidal 

pattern compared to a classical woodpile 0-90 scaffold design. We studied 

what was the influence of the scaffold architecture on collagen type II 

deposition when cultured in static and dynamic conditions. The research 

showed that the hypotrochoidal pattern had improved mechanical properties 

over the conventional 0-90 woodpile structure. In addition, it revealed an 

improved collagen type II deposition and reduced type X collagen when 

cultured in dynamic conditions, indicating that the hypotrochoidal pattern could 

be better used for cartilage regeneration. 

 

An additional application investigated in this thesis was vascular regeneration. 

In spite of many efforts, scaffolds used for vascular regeneration still do not 

correspond to the vessel's biomechanics or its structural design. The reason 

for this is that there is a limitation in creating hollow tubular structures using 

traditional FDM platforms. This is caused by the lack of support during 

fabrication and the possibility to crash into previously deposited filaments. 

Chapter 5 introduces a solution to this by replacing the flat collecting surface 

of the traditional FDM system and introducing a cylindrical 4th axis, which is 

controllable. A variety of new patterns for tubular scaffolds could be created 

using this system for the regeneration of hollow tubular tissues such as blood 

vessels. This chapter showcases the technology and compares two different 

patterns, which cannot be created using a traditional FDM platform. The 

results showed that small variations within the patterns can be made to 

change the mechanical behavior. These pattern changes can be used to 

mimic the mechanical properties for a targeted tissue. Tissues such as large 
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diameter arteries have unique mechanical properties. The stress-strain curve 

of a carotid artery can be described with a sigmoidal shape when tensile forces 

are applied. Chapter 6 is focused on using a corrugated pattern to mimic the 

stress-strain curve of large arteries. The corrugations within the pattern 

allowed the scaffold to extend during tensile testing before the stress 

increased mimicking the mechanical behavior of a large artery. This behavior 

could be controlled by varying the corrugation amount. It was found that the 

stress-strain curves and mechanical properties of the corrugated patterns 

were similar to those of carotid arteries. The downside of the patterns that 

were used is that the gaps between the fibers is too big to fully populate with 

cells and to maintain a barrier function. To solve this limitation, a technique 

that is further explored in Chapter 7 is called melt spinning. With melt spinning 

a thin fiber is being drawn around a mandrel to create highly aligned fibers in 

the circumferential direction. The resulting fibers mimic the orientation of the 

tunica media of an artery. This study used melt spinning in combination with 

the four axis FDM described in Chapter 5 to create a scaffold that had 

mechanical biomimicry from the large supporting fibers, but also 

morphological biomimicry from the melt spun fibers. The results showed that 

the process of melt spinning was reliable enough, hence could be described 

with equations predicting the fiber outcome. The process could be controlled 

to such an extent that gaps just small enough for cells to pass through could 

be created facilitating cells growth while still maintaining a barrier function 

when seeded with cells. The co-culture with endothelial and smooth muscle 

cells revealed that the endothelial cells had a cobblestone morphology forming 

a barrier in the luminal side of the scaffold and the smooth muscle cells 

populated directly underneath between the melt spun fibers. 

 

In Chapter 8, all the above results are discussed and placed into a state-of-

the-art context, in addition to providing future perspectives. In Chapter 9, we 

conclude by reviewing the scientific and societal impact of the research 

presented in this thesis. 
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Samenvatting 
Elk weefsel in het menselijk lichaam is opgebouwd uit een unieke mix van 

cellen en extracellulaire matrix (ECM) componenten. Een mengsel dat 

specifiek gerangschikt is en vaak gerelateerd is aan de functie van het 

weefsel. Het ultieme doel van tissue engineering is om beschadigde of zieke 

weefsels te vervangen door gefabriceerde biologische analogen die hun 

oorspronkelijke functionaliteit kunnen genezen tot het weefsel weer volledig 

hersteld is. Onderzoekers proberen menselijk weefsel te imiteren of te 

recreëren door middel van een proces dat wordt gedefinieerd als biomimicry 

of "de imitatie van het leven en de natuur". De term biomimicry zelf is nog 

steeds vrij vaag, aangezien het breed gebruikt wordt in tissue engineering en 

regeneratieve geneeskunde, omdat het niet specificeert wat er precies wordt 

nagebootst.  

 

Daarom is Hoofdstuk 2 gericht op wat biomimicry inhoudt binnen de 

regeneratieve geneeskunde. Dit hoofdstuk beschrijft dat biomimicry in drie 

verschillende vormen kan worden gebruikt: mechanische biomimicry, 

morfologische biomimicry en biologische biomimicry. Aan de hand van de 

huidige biofabricage technieken onderzoekt dit hoofdstuk hoe elke vorm van 

biomimicry wordt bereikt binnen de regeneratieve geneeskunde. Een van 

deze veelgebruikte biofabricagetechnieken is fused deposition modeling 

(FDM). Deze techniek is gebaseerd op extrusie, waarbij een materiaal door 

een spuitmond wordt geëxtrudeerd in een gesmolten vorm die direct na 

extrusie stolt tot een filament. Met FDM is elk 3D ontwerp na te maken, maar 

met de huidige software kunnen slechts beperkte invulpatronen worden 

gegenereerd. Dit proefschrift was gericht op het onderzoeken van alternatieve 

patronen die gemaakt kunnen worden door middel van extrusietechnieken, 

met FDM als proefbank. Deze patronen werden gebruikt om scaffolds te 

maken met verbeterde biomimicry, die verder werden onderzocht voor 

verschillende tissue engineering toepassingen, namelijk vasculaire en 
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skeletregeneratie. In Hoofdstuk 3 een methodologie om patronen te 

genereren werd ontwikkeld om een grondslag van patronen te creëren om te 

onderzoeken. Door de beschikbare patronen uit te breiden, maakt dit 

hoofdstuk onconventionele patronen toegankelijker en begrijpelijker. Deze 

patronen zijn gebaseerd op verschillende wiskundige curven. De resultaten 

onthulden dat de verschillen in Young's modulus tussen de patronen een 

factor 100 kunnen hebben bij gebruik van hetzelfde materiaal. Bovendien 

bleek uit het onderzoek dat het mechanische gedrag van de scaffolds 

significant veranderde wanneer een ander belastingregime werd toegepast. 

Een van de patronen die verder werd onderzocht in Hoofdstuk 4 is gebaseerd 

op de hypotrochoïdale curve. Deze curve bootst de organisatie van collageen 

type II bundels in gewrichtskraakbeen na. Hier onderzochten we de 

mechanische eigenschappen van de scaffolds ontworpen met het 

hypotrochoïdale patroon in vergelijking met een klassiek 0-90 houtstapel 

scaffold ontwerp. We onderzochten wat de invloed was van de architectuur 

van de scaffold op de depositie van collageen type II bij het kweken in 

statische en dynamische omstandigheden. Het onderzoek toonde aan dat het 

hypotrochoïdale patroon betere mechanische eigenschappen had dan de 

conventionele 0-90 houtstapelstructuur. Daarnaast toonde het onderzoek een 

verbeterde collageen type II afzetting en een verminderd type X collageen bij 

het kweken in dynamische omstandigheden, wat aangeeft dat het 

hypotrochoïdale patroon beter gebruikt zou kunnen worden voor 

kraakbeenregeneratie. 

 

Een andere toepassing die in dit proefschrift werd onderzocht was vasculaire 

regeneratie. Ondanks vele inspanningen komen de scaffolds die gebruikt 

worden voor vasculaire regeneratie nog steeds niet overeen met de 

biomechanica of het structurele ontwerp van het bloedvat. De reden hiervoor 

is dat er een beperking is bij het maken van holle buisstructuren met 

traditionele FDM platvormen. Dit wordt veroorzaakt door het gebrek aan 

ondersteuning tijdens de fabricage en de mogelijkheid om tegen eerder 
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gedeponeerde filamenten aan te botsen. Hoofdstuk 5 introduceert een 

oplossing hiervoor door het vlakke opvangoppervlak van het traditionele FDM-

systeem te vervangen door een cilindrische 4e as, die controleerbaar is. Met 

dit systeem kunnen verschillende nieuwe patronen voor buisvormige scaffolds 

worden gemaakt voor de regeneratie van hol buisvormig weefsel zoals 

bloedvaten. Dit hoofdstuk laat de technologie zien en vergelijkt twee 

verschillende patronen, die niet gemaakt kunnen worden met een traditioneel 

FDM platvorm. De resultaten toonden aan dat kleine variaties binnen de 

patronen gemaakt kunnen worden om het mechanische gedrag te 

veranderen. Deze patroonveranderingen kunnen worden gebruikt om de 

mechanische eigenschappen van een weefsel na te bootsen. Weefsels zoals 

slagaders met een grote diameter hebben unieke mechanische 

eigenschappen. De spanning-rek curve van een halsslagader kan beschreven 

worden met een sigmoïdale vorm wanneer trekkrachten worden uitgeoefend. 

Hoofdstuk 6 richt zich op het gebruik van een gegolfd patroon om de 

spanning-rek curve van grote slagaders na te bootsen. Door de golven in het 

patroon kon de scaffold zich tijdens trektesten uitstrekken voordat de 

spanning toenam, waardoor het mechanische gedrag van een grote slagader 

werd nagebootst. Dit gedrag kon worden gecontroleerd door de hoeveelheid 

golven te variëren. Het bleek dat de spanning-rek curves en mechanische 

eigenschappen van de gegolfde patronen vergelijkbaar waren met die van 

halsslagaders. Het nadeel van de gebruikte patronen is dat de openingen 

tussen de vezels te groot zijn om ze volledig te vullen met cellen en een 

barrièrefunctie te behouden. Om deze beperking op te lossen, wordt een 

techniek gebruikt die verder wordt onderzocht in Hoofdstuk 7: melt spinning. 

Bij meltspinning wordt een dunne vezel door een naald getrokken om sterk 

uitgelijnde vezels in de omtrekrichting te creëren. De resulterende vezels 

bootsen de oriëntatie van de tunica media van een slagader na. In dit 

onderzoek werd meltspinning gebruikt in combinatie met FDM met vier assen, 

zoals beschreven in Hoofdstuk 5, om een scaffold te maken met 

mechanische biomimicry van de grote ondersteunende vezels, maar ook 
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morfologische biomimicry van de meltspun vezels. De resultaten toonden aan 

dat het meltspin proces betrouwbaar genoeg was en dus beschreven kon 

worden met vergelijkingen die de vezeluitkomst voorspelden. Het proces kon 

zo gecontroleerd worden dat er openingen ontstonden die net klein genoeg 

waren om cellen door te laten, waardoor cellen konden groeien terwijl de 

barrièrefunctie behouden bleef als er cellen in werden geplaatst. De co-cultuur 

met endotheelcellen en gladde spiercellen liet zien dat de endotheelcellen een 

keienmorfologie hadden die een barrière vormde in de luminale zijde van de 

scaffold en dat de gladde spiercellen zich direct eronder bevonden tussen de 

uitgelijnde vezels. 

 

In Hoofdstuk 8 worden alle bovenstaande resultaten besproken en in een 

state-of-the-art context geplaatst en worden toekomstperspectieven geboden. 

In Hoofdstuk 9 sluiten we af met een overzicht van de wetenschappelijke en 

maatschappelijke impact van het in dit proefschrift gepresenteerde 

onderzoek. 
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