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Abstract 
 

Vat-photopolymerization (VP)-based 3D printing has emerged as a high-throughput 3D 

printing method, offering high-resolution fabrication of complex geometries. While biocompatible 

resins, hydrogels, and elastomers have been successfully developed for VP printing, there remains 

a lack of suitable biomaterials that can fulfill the necessary requirements for some specific 

applications. Polyethylene glycol diacrylate (PEGDA) has gained attention as an alternative 

material to polydimethylsiloxane (PDMS). Multiple groups have developed PEGDA-250 

formulations capable of 3D printing microfluidic channels as small as 20 µm2. However, the 

current formulations lack certain characteristics necessary for some microfluidic and organ-on-a-

chip (OoC) applications. For example, these formulations are hydrophobic or only mildly wettable 

(>65°), which falls outside the optimal hydrophilicity range for microfluidic capillaric circuits 

(CCs). Additionally, PEGDA-250 does not provide sufficient cell attachment, and due to its low 

molecular weight, it has low gas permeability. In addition, PEGDA-250 is a rigid and non-

degradable material that may not be suitable for some tissue engineering (TE) applications that 

require mechanical properties similar to soft tissues. 

Citrate-based elastomers have garnered considerable attention due to their biocompatibility, 

and degradability. One promising citrate-based biomaterial is poly(octamethylene maleate 

(anhydride) citrate) (POMaC) elastomer, which is a photo-curable elastomer and has been used as 

a key component of implantable sensors and TE. However, the current fabrication methods for 

POMaC involve multiple photolithography steps that hinder its use. 3D printing could provide an 

alternative solution to these limitations. 
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This dissertation focuses on the development of biocompatible formulations suitable for 

VP 3D printing of OoC and microfluidic CCs. To address the limitations of current materials, 

novel inks were developed based on PEGDA-250 and POMaC, both of which demonstrated 

enhanced properties suitable for various biomedical applications. This dissertation first presents 

the development of a hydrophilic ink through co-polymerization of PEGDA-250 monomer with 

hydrophilic crosslinkers. Using the developed ink, digital manufacturing (DM) of monolithic, fully 

functional, and intrinsically hydrophilic CCs was achieved. 3D printing supports advances in 

capillary valve design, embedded conduits with circular cross-sections that prevent bubble 

trapping, as well as interwoven circuit architectures used for immunoassays. Additionally, external 

paper capillary pumps are replaced with an integrated 3D printed gyroid structure, realizing fully 

functional, monolithic CCs. Next, a novel biocompatible, nanoporous ink formulation was 

developed using a non-reactive PEG as porogen to increase the nanoporosity of 3D-pritned parts. 

3D-printed nanoporous substrates seeded with endothelial cells lead to fourfold coverage 

compared to nonporous ones. Finally, we introduced a tumor-on-a-chip model comprising a 3D 

printed microporous gyroid scaffold for growing stromal cells in 3D around a central opening filled 

with hydrogel and a cancer cell spheroid. 

Finally, an ink for 3D VP 3D printing based on biodegradable, elastic POMaC that matches 

tissue softness (<1000 kPa) was developed for TE applications. Moreover, it was 3D printed not 

only using DLP printers (~$15K), but using low-cost LCD 3D printers (~300$) into complex 

gyroid scaffolds with features as small as 80 µm. To demonstrate biocompatibility, we cultured 

endothelial cells on the 3D printed scaffolds, and also confirmed biodegradability in vitro. The 

POMaC ink enables assembly-free DM of this material, and with the use of low-cost 3D printers 

could greatly facilitate the rapid prototyping of devices for OOC and TE. 
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This dissertation has contributed to the development of novel 3D printable photocurable 

inks for TE and microfluidic applications. Through the use of VP 3D printing method, this work 

has achieved improved functionality and tunability in biocompatible inks, paving the way for the 

development of more functional microfluidic and OoC devices. While progress has been made in 

addressing the current limitations of formulations for microfluidics and OoC applications, further 

optimization is still required to achieve sub-hundred micron embedded microfluidic channels using 

an LCD 3D printer. Future work includes designing inks with a tunable porosity from nano to 

micro range and using multi-material 3D printing approach, to create more functional 

heterogeneous objects using developed inks.  
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Résumé 
 

L'impression 3D par photopolymérisation en cuve (VP) s'est imposée comme une méthode 

d'impression 3D à haut rendement, offrant une fabrication à haute résolution de géométries 

complexes. Bien que des résines biocompatibles, des hydrogels et des élastomères aient été 

développés avec succès pour l'impression par photopolymérisation en cuve, il n'existe toujours pas 

de biomatériaux appropriés pouvant répondre aux exigences de certaines applications spécifiques. 

Le diacrylate de polyéthylène glycol (PEGDA) a attiré l'attention en tant que matériau alternatif 

au polydiméthylsiloxane (PDMS). Plusieurs groupes ont développé des formulations de PEGDA-

250 capables d'imprimer en 3D des canaux microfluidiques aussi petits que 20 µm2. Toutefois, les 

formulations actuelles ne présentent pas certaines caractéristiques nécessaires à certaines 

applications microfluidiques et d'organes sur puce (OoC). Par exemple, ces formulations sont 

hydrophobes ou seulement légèrement mouillables (>65°), ce qui est en dehors de la plage 

d'hydrophilie optimale pour les circuits capillaires microfluidiques (CC). En outre, le PEGDA-250 

ne permet pas une fixation suffisante des cellules et, en raison de son faible poids moléculaire, il 

présente une très faible perméabilité aux gaz. En outre, le PEGDA-250 est un matériau rigide et 

non dégradable qui peut ne pas convenir à certaines applications d'ingénierie tissulaire (TE) qui 

nécessitent des propriétés mécaniques similaires à celles des tissus mous et une dégradation lente. 

Les élastomères à base de citrate ont fait l'objet d'une attention considérable ces dernières 

années en raison de leur biocompatibilité et de leur dégradabilité. Un biomatériau prometteur à 

base de citrate est l'élastomère poly(octaméthylène maléate (anhydride) citrate) (POMaC), qui est 

un élastomère photodurcissable et qui a été utilisé avec succès comme composant clé de capteurs 

implantables et de TE. Cependant, les méthodes actuelles de fabrication du POMaC impliquent de 
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multiples étapes de photolithographie qui entravent son utilisation. L'impression 3D pourrait 

apporter une solution alternative à ces limitations. 

Cette thèse se concentre sur le développement de formulations biocompatibles adaptées à 

l'impression 3D de POMaC et de CC microfluidiques. Pour répondre aux limites des matériaux 

actuels, de nouvelles encres ont été développées à base de PEGDA-250 et de POMaC, qui ont 

toutes deux démontré des propriétés améliorées convenant à diverses applications biomédicales. 

Cette thèse présente tout d'abord le développement d'une encre hydrophile à base de PEGDA par 

copolymérisation du monomère avec des réticulants hydrophiles. En utilisant l'encre développée, 

la fabrication numérique (DM) de CC monolithiques, entièrement fonctionnels et intrinsèquement 

hydrophiles a été réalisée. L'impression 3D permet des avancées dans la conception de valves 

capillaires, de conduits intégrés avec des sections transversales circulaires qui empêchent le 

piégeage des bulles, ainsi que d'architectures de circuits entrelacés utilisés pour les 

immunodosages. En outre, les pompes capillaires externes en papier sont remplacées par une 

structure gyroïde intégrée imprimée en 3D, ce qui permet de réaliser des CC monolithiques 

entièrement fonctionnels. En outre, une nouvelle formulation d'encre biocompatible et 

nanoporeuse a été mise au point en utilisant un PEG non réactif comme porogène. Les substrats 

nanoporeux imprimés en 3D et ensemencés de cellules endothéliales ont permis de quadrupler la 

couverture par rapport aux substrats non poreux. En outre, l'encre a été utilisée pour développer 

une plateforme OOC pour la co-culture de sphéroïdes avec des cellules de soutien. 

Une encre à base de POMaC, qui contrairement au PEGDA-250 est biodégradable, est 

élastique et correspond à la souplesse des tissus (<1000 kPa) a été développée pour les applications 

TE. De plus, nous introduisons l'utilisation d'imprimantes 3D LCD à très faible coût (<300$) et 

démontrons leur potentiel en fabriquant des échafaudages en POMaC aussi petits que 80 µm ainsi 
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que des structures gyroïdes complexes. Pour démontrer la biocompatibilité, nous avons cultivé des 

cellules endothéliales sur les échafaudages imprimés en 3D et confirmé la biodégradabilité in vitro. 

L'encre POMaC permet une DM sans assemblage de ce matériau, et avec l'utilisation 

d'imprimantes 3D à faible coût, elle pourrait grandement faciliter le prototypage rapide de 

dispositifs pour l'OOC et la TE. 

Cette thèse a contribué au développement de nouvelles encres photocurables imprimables 

en 3D pour les applications TE et microfluidiques. Grâce à l'utilisation de la méthode d'impression 

3D VP, ce travail a permis d'améliorer la fonctionnalité et l'accordabilité des encres biocompatibles, 

ouvrant ainsi la voie au développement de dispositifs microfluidiques et OOC plus fonctionnels. 

Bien que des progrès aient été réalisés dans la résolution des limites actuelles des formulations 

pour les applications microfluidiques et OOC, une optimisation supplémentaire est encore 

nécessaire pour obtenir des canaux microfluidiques intégrés de moins de cent microns à l'aide 

d'une imprimante 3D LCD. Les travaux futurs comprennent la conception d'encres avec une 

porosité accordable de la plage nano à micro et la combinaison d'encres avec une approche 

d'impression 3D multi-matériaux, afin de créer des objets hétérogènes plus fonctionnels. 
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Preface and Contribution of Authors 
 

In accordance with the "Guidelines for Thesis Preparation," this thesis is organized as a 

collection of manuscripts written by the candidate in collaboration with co-authors. Chapter 1 

presents a general introduction to the thesis topic and outlines its scope. Chapter 2 serves as an 

introduction to multi-material bioprinting methods and their applications. Chapter 3 updates the 

content of Chapter 2, incorporating recent references and information relevant to the PhD thesis. 

Chapters 4, 5, and 6 detail the obtained results, which include the fabrication of monolithic CCs 

using VP 3D printing and hydrophilic ink (Chapter 4), the development of porous PEGDA-based 

ink for OoC applications (Chapter 5), and the development of an ink based on POMaC for VP 3D 

printing (Chapter 6). Chapter 7 offers an in-depth and comprehensive scholarly discussion of all 

the findings from the thesis. The concluding chapter provides a summary of the thesis contributions, 

highlights their significance, and explores potential directions for future work. 

In this dissertation, I explored the development of biocompatible formulations for VP 3D 

printing of OoC and microfluidic CCs. Novel inks based on PEGDA-250 and POMaC were 

developed, demonstrating enhanced properties for various biomedical applications. A hydrophilic 

PEGDA-based ink was created, enabling digital manufacturing of monolithic, fully functional, and 

intrinsically hydrophilic CCs. In addition, a novel biocompatible, nanoporous ink formulation was 

developed using a non-reactive PEG as porogen. 3D-printed nanoporous substrates seeded with 

endothelial cells lead to fourfold coverage compared to nonporous ones. Furthermore, a POMaC-

based ink was developed for tissue engineering applications. The use of low-cost LCD 3D printers 

demonstrated the potential for rapid prototyping of devices for OoC and tissue engineering, with 

scaffolds as small as 80 µm and complex gyroid structures.  
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Chapter 1 

1. Chapter 1: Introduction 
 

Vat photopolymerization (VP), also known as stereolithography (SLA), is an additive 

manufacturing (AM) technology that creates three-dimensional objects by curing liquid 

photopolymer resins layer by layer using a light source, typically ultraviolet (UV) or visible light1. 

Although VP 3D printing enables high-throughput fabrication of intricate geometries with high 

resolution, there is still a need for suitable photocurable materials that meet specific application 

requirements, such as hydrophilicity and biocompatibility in resins, hydrogels, and elastomers. 

Polydimethylsiloxane (PDMS) is a prevalent material for fabricating microfluidic and 

organ-on-a-chip (OoC) devices due to its biocompatibility, transparency, and oxygen 

permeability2. While some groups have attempted to 3D print PDMS, it remains challenging to 

print embedded channels with dimensions smaller than 100 microns3–6. Additionally, PDMS 

absorbs small hydrophobic molecules, leading to inaccurate drug toxicity and efficacy 

assessments7. Polyethylene glycol diacrylate (PEGDA) has emerged as a promising alternative to 

PDMS for microfluidic and OoC applications8–12. However, current PEGDA-250 formulations 

exhibit limitations, such as suboptimal hydrophilicity and insufficient cell attachment. To 

overcome these limitations, hydrophilic formulations compatible with high-resolution 3D printing 

techniques like VP printing are needed, as well as resins that promote cell attachment, 

biocompatibility, and nanoporosity. PEGDA-250's rigidity and non-degradability may also restrict 

its use in tissue engineering applications. 
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Citrate-based elastomers like poly(octamethylene maleate (anhydride) citrate) (POMaC) 

offer biocompatibility, degradability, and tunable mechanical properties, making them attractive 

for biomaterial applications13–15. Although current POMaC fabrication methods involve multiple 

photolithography steps, 3D printing could provide an alternative solution. However, existing 

POMaC formulations face challenges in 3D printing intricate structures due to slow reactions and 

high viscosity. These limitations can be addressed by developing novel PEGDA-250 and POMaC 

inks for VP 3D printing in OoC and microfluidic applications. These enhanced formulations could 

improve properties suitable for various biomedical applications, paving the way for future 

advancements in the field.  

1.1 Scope of the thesis 

The aim of my thesis is to develop novel 3D printable photocurable inks based on PEGDA-

250 and POMaC for OoC and microfluidic applications. Through the use of VP 3D printing 

method, this work improves functionality and tunability of these materials, paving the way for the 

development of more functional microfluidic and OOC devices. 

In Chapter 2, we delve into the realm of bioprinting, a sub-discipline within the rapidly 

evolving field of biofabrication, which focuses on the fabrication of functional biomimetic 

constructs. Various three-dimensional bioprinting techniques have been adapted to print cell-laden 

bioinks; however, single-material bioprinting techniques often struggle to reproduce the intricate 

compositions and diversity found in native tissues. As an emerging approach, multi-material 

bioprinting allows for the creation of heterogeneous, multi-cellular constructs that more accurately 

replicate their host microenvironments compared to single-material methods. In this chapter, we 

provide a brief overview of bioprinting modalities, discuss their adaptation for multi-material 

bioprinting, and analyze the advantages and challenges associated with both custom-designed and 
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commercially available technologies. We present a perspective on how multi-material bioprinting 

unlocks new opportunities in tissue engineering, tissue model engineering, therapeutics 

development, and personalized medicine. This chapter serves as a foundation for understanding 

the advancements and potential of multi-material bioprinting techniques in the broader context of 

biofabrication and its applications. 

In Chapter 3, I concentrate on reviewing capillary microfluidics, DM, and photocurable 

bioinks for VP 3D printing, with a particular emphasis on synthetic inks such as PEGDA and 

POMaC. This chapter aims to fill the gaps in background knowledge not addressed in the previous 

chapter and provides a solid foundation for the forthcoming sections of the thesis.  

In Chapter 4, we introduce the digital manufacturing (DM) of monolithic, fully functional, 

and intrinsically hydrophilic CCs. We employ light engine additive manufacturing to 3D print CCs 

using a PEGDA ink co-polymerized with acrylic acid crosslinkers, optimized for printability and 

hydrophilicity. We present a new, robust capillary valve design and embedded conduits with 

circular cross-sections that prevent bubble trapping. We also demonstrate complex interwoven 

circuit architectures, particularly for use in immunoassays. Furthermore, we eliminate the need for 

external paper capillary pumps by incorporating an integrated 3D printed gyroid structure, 

realizing fully functional, monolithic CCs. Consequently, a computer-aided design file can be 

transformed into a CC using light engine 3D printing within a few minutes. This development 

paves the way for low-cost, distributed DM of fully functional, ready-to-use microfluidic systems. 

This chapter showcases the innovative use of digital manufacturing techniques to overcome 

current limitations in microfluidic capillaric circuit fabrication and applications. 

In Chapter 5, we introduce a novel PEGDA ink that is biocompatible and nanoporous 

thanks to the incorporation of a non-reactive porogen. We assess the material's cytotoxicity on 
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various cell lines and examine its influence on cell attachment. Our findings reveal that 3D-printed 

nanoporous substrates, when seeded with endothelial cells, result in a fourfold increase in coverage 

compared to nonporous counterparts. Furthermore, we showcase the practical application of this 

material by employing it to create an OoC platform suitable for sustaining long-term co-culture 

for up to 14 days. 

In Chapter 6, we present POMaC formulations tailored for light-based 3D printing using 

cost-effective liquid-crystal display printers, enabling the fabrication of complex 3D structures 

with 80 µm resolution and adjustable mechanical properties. To date, only simple, low-resolution 

structures have been achieved via photolithography processes using POMaC, a biocompatible, 

biodegradable, and soft elastomer that is photocurable and theoretically suitable for VP 3D printing. 

We demonstrate the creation of optically transparent submillimeter structures, including intricate 

gyroids, using a budget-friendly desktop 3D printer (< USD 300). Additionally, we employ an 

optimized POMaC formulation to 3D print constructs with mechanical properties similar to 

skeletal and heart muscle tissues. We also demonstrate the usability of 3D-printed POMaC 

substrates for mammalian cell culture. This POMaC ink facilitates assembly-free, automated DM 

of biodegradable materials, paving the way for rapid prototyping in organ-on-chip and tissue 

engineering platforms. 

In Chapter 7, I will provide an in-depth and comprehensive scholarly discussion of all the 

findings from our research on utilizing VP 3D printing for various photocurable formulations and 

their applications. Through the development of suitable polymers, we showcase how the potential 

of materials like POMaC and PEGDA, as well as technologies such as capillary microfluidics and 

organ-on-a-chip, can be expanded, building on the results presented in previous chapters. This 
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chapter synthesizes our discoveries, providing an overarching understanding of the advancements 

made within the field. 

In Chapter 8, I conclude by summarizing the contributions of this thesis to science. In 

addition, we discuss the limitations of presented methods and formulations as well potential future 

work avenues that could address those limitations. 
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Chapter 2 

2. Chapter 2: Emerging Technologies in Multi‐material 

Bioprinting 
 

This chapter is based on: Emerging technologies in multi‐material bioprinting, Ravanbakhsh*, 

H., Karamzadeh*, V., Bao*, G., Mongeau, L., Juncker, D., & Zhang, Y. S., Advanced Materials 

33 (49) (2021): 2104730. 

2.1 Abstract 

Bioprinting, within the emerging field of biofabrication, aims at the fabrication of functional 

biomimetic constructs. Different three-dimensional bioprinting techniques have been adapted to 

bioprint cell-laden bioinks. However, single-material bioprinting techniques oftentimes fail to 

reproduce the complex compositions and diversity of native tissues. Multi-material bioprinting as 

an emerging approach enables the fabrication of heterogeneous multi-cellular constructs that 

replicate their host microenvironments better than single-material approaches. Here, we briefly 

review bioprinting modalities, discuss how they are being adapted to multi-material bioprinting, 

as well as analyze their advantages and challenges, encompassing both custom-designed and 

commercially available technologies. The review offers a perspective of how multi-material 

bioprinting opens up new opportunities for tissue engineering, tissue model engineering, 

therapeutics development, and personalized medicine. 

 

Keywords: biofabrication; 3D printing; bioprinting; multi-material; commercial bioprinters 
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2.2 Introduction to bioprinting modalities 

Three-dimensional (3D) printing refers to the fabrication of constructs from a digital 3D model 

in a layer-wise1 or volumetric2 programmed manner. The flexibility, versatility, and functionality 

of 3D printing enable the fabrication of exquisite and intricate structures3–5 with details as small 

as hundreds of nanometers6. Here we focus on one sub-category of 3D printing, designated 3D 

bioprinting7,8, in which a combination of cells, growth factors, or biomaterials (i.e., bioink9) may 

be used as the printing material for additive manufacturing of biological constructs10. As part of 

the rapidly evolving field of biofabrication, 3D bioprinting is being explored for a broad range of 

applications within tissue engineering11,12, regenerative medicine13, organ-specific tissues14, 

patient-specific grafts15, tissue model engineering16, and drug screening17. The most frequently 

used technologies for 3D bioprinting include nozzle-based and laser/light-based techniques. 

Extrusion18 and inkjet19 are arguably the most common modalities of nozzle-based bioprinting at 

the moment, while laser-induced forward transfer (LIFT)20 and vat-photopolymerization21 are the 

two frequently used for laser/light-based 3D bioprinting22. 

Extrusion bioprinting involves fabrication on a bioprinting platform using bioinks extruded 

from one or several nozzle(s) (Figure 2.1A). The extrusion process may be pressure-controlled, 

with the bioink entrained by means of pneumatic actuation, or flow rate-controlled with the bioink 

forced by mechanical impulses through syringes23. Solidification of the bioprinted structures as 

they are delivered is obtained through physical, chemical, or photo-crosslinking24. Extrusion 

bioprinting is relatively inexpensive, straightforward, and convenient.  It has been embodied, for 

example, within handheld and portable devices25–29. But such convenience must be traded off 

against significant challenges. Nozzle extrusion necessarily entails a high level of shear stress near 

the fluidic channel walls. Excessive shear, particularly in high-viscosity bioinks, jeopardizes cell 
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viability30. High-resolution bioprinting often requires small-diameter nozzles.  The greater shear 

required imposes a limit on bioink flow rate and throughput. This problem may be addressed 

through the use of printable shear-thinning biomaterials31, for which the viscosity decreases under 

shear stress. But shear-thinning bioink materials that meet all design requirements are often 

difficult to find. Further notable challenges of extrusion methods include difficulties in finding 

stable in situ crosslinking methods for non-shear-thinning bioinks, as well as low printing 

resolution32 in relation to other methods, and complications in the fabrication of free-standing 

constructs33,34. These shortcomings have spurred many enhancements, notably co-axial/core-shell 

bioprinting35, described in Section 2.4.1.3, and embedded bioprinting36, in Section 2.4.13. 

Inkjet bioprinting (Figure 2.1B), similar to home/office inkjet printing, delivers small droplets 

of bioink to a substrate and can produce high-resolution voxelated constructs37. Unlike the 

extrusion method where shear-thinning bioinks with a broad range of viscosities can be used, inkjet 

bioprinters are mainly designed to work with low-viscosity bioinks38. The deposition of 

droplets/voxels is controlled either by thermal, piezoelectric, or electromagnetic actuation39,40. 

Short thermal pulses within the printhead result in gasification of the bioink, and the subsequent 

pressure increase causes the ejection of droplets. Piezoelectric actuators impart acceleration to the 

bioink to trigger controlled droplet ejection. Electromagnetic inkjet bioprinters use solenoid-

actuated valves within the nozzle to regulate the extrusion of droplets41. Inkjet approaches are 

faster than extrusion. Yet, they are typically not suited for the fabrication of thick structures, and 

not used as broadly for multi-material bioprinting. The printability of bioinks for inkjet bioprinters 

is usually determined by the Ohnesorge number, 𝑂ℎ = 𝜇/√𝜌𝜎𝑅 , where µ is the viscosity, ρ is the 

density, σ is the surface tension, and R is the characteristic length scale for the flow, which can be 

taken as the radius of the orifice of the printing nozzle42. This dimensionless number represents 
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the ratio of viscous forces to inertia and surface tension. A material with an Ohnesorge number 

between 0.1 to 1 is usually deemed printable via the inkjet method42. For a given bioink 

composition, the ejected droplet size is mainly determined by nozzle dimensions. The printing 

speed mainly depends on the frequency of the pulsated heating or piezoelectric motion. Inkjet 

printing speed and droplet size are therefore controlled independently. 

 

Figure 2.1. Schematic showing the different bioprinting modalities. A) Extrusion. B) Inkjet. C) LIFT. 

D) Vat-photopolymerization. 

In LIFT bioprinting (Figure 2.1C), the bioink is initially deposited as a thin layer on the bottom 

of a substrate, termed the donor layer. Upon irradiation of the donor layer surface with a pulsed 

laser, droplets are created and transferred onto the receiver plate in a voxelated fashion20. The LIFT 

method is both highly accurate and fast. A range of bioinks is available for LIFT20, despite 
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restrictions in viscosity (values should fall between 1 to 300 mPa s) and crosslinking 

mechanisms22,43. At the time of this review, LIFT is not suitable for the high-throughput fabrication 

of multi-material or multi-cellular constructs44. It is not often used for high-aspect-ratio constructs. 

In vat-photopolymerization bioprinting (Figure 2.1D), the fabrication process involves the 

selective exposure of liquid photocurable bioink in a vat to ultraviolet (UV), visible, or near-

infrared (NIR) light45–48. Three light-patterning methods have mainly been used for vat-

photopolymerization: (i) one single programmed laser beam, such as in conventional 

stereolithography (SLA); (ii) digital light processing (DLP); or (iii) two-photon polymerization 

(TPP). The programmed pattern in the precursor vat is illuminated by the laser beam and solidifies. 

Once each layer is crosslinked, the build platform moves to a neighboring position to allow the 

fabrication of the next layer. 

Other commonly used vat-photopolymerization bioprinting methods include DLP and 

conventional SLA.  These methods are able to fabricate constructs with details only of a few tens 

of micrometers49. In the DLP method, the projected light is usually masked using an array of 

mirrors termed the digital micromirror device (DMD). This allows the simultaneous illumination 

of one entire layer. Pixels are either exposed or blocked to obtain the desired shape outline. Other 

devices scan a laser beam along the horizontal axis to rapidly solidify the bioink across each 

plane50,51. The speed of DLP bioprinting is greater than that of conventional SLA or TPP as it is 

not limited by layer geometrical complexity (XY area), but rather by layer thickness and exposure 

time.  However, the accuracy of DLP is limited by the pixel size of the projected image. Thus, the 

printed surface area must be traded off against the level of detail along the horizontal axes (XY). 

Light intensities in DLP-based 3D bioprinting are often lower than that in other vat-

photopolymerization printers. Nevertheless, some high-resolution DLP light engines deliver light 
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energy densities within the same range as SLA laser beams (>100 mW/cm2) and solidify bioinks 

within hundreds of milliseconds. In these two methods, the XY resolution is primarily determined 

by the projected pixel or laser beam spot size, bioink reaction kinetics, and the diffusion of free 

radicals52. The vertical resolution is mainly dictated by the light penetration depth, itself a function 

of the absorbance/scattering of the ink, and the layer thickness53. Both SLA and DLP technologies 

can generate bioconstructs with high cell densities (>2×107 cell/mL)54–56. Limitations include 

phototoxicity, UV-triggered mutations, photoinitiator toxicity, and insufficient choice of 

photocurable bioinks. 

 

Figure 2.2. Comparison of different bioprinting methods. A) Cell viability versus minimum feature size. 

In nozzle-based techniques, the excessive shear stress applied to the cells significantly decreases the cell 

viability, whereas in light/lased-based methods, the overall cell viability is higher. The light/laser-based 

methods are also more capable of generating well-defined constructs with higher resolutions. B) Printing 

speed versus minimum feature size. Despite its simplicity, the extrusion method is generally the slowest 

modality among the four primary bioprinting techniques. Inkjet and vat-photopolymerization are the two 

fastest methods, and LIFT is considered a medium-speed method32,38,43,49,57–61. 
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The use of TPP for 3D bioprinting has been less common due to lower cell viability, 

insufficient throughput for bioprinting of large constructs, and a limited number of efficient 

biocompatible water-soluble photoinitiators62. Most TPP 3D bioprinters are based on femtosecond 

lasers operating in the NIR wavelength range. They enable the fabrication of 3D microstructures 

with submicron details63. Due to the operational mechanism of TPP, high-throughput 3D 

bioprinting of cell-laden hydrogels requires a high-speed scanning system64. In TPP, the spatial 

resolution is largely dictated by the laser irradiation intensity (~TW/cm2) and exposure time, which 

primarily depends on the initiating efficiency of TPP photoinitiators65,66. 

The performances of these four primary bioprinting modalities according to feature size, cell 

viability, and printing speed are shown in Figure 2.2. As mentioned before, nozzle-based 

techniques, especially the extrusion-based method, deliver a relatively lower average cell viability 

rate. Viscosity of a bioink, which depends on the molecular weight and concentration of the 

dissolved polymers, also plays an important role in the efficacy of the bioprinting methods. 

Particularly for extrusion bioprinting, structures with high fidelity can be bioprinted when viscous 

bioinks with high yield strengths are utilized, although oftentimes they would still go through 

another crosslinking step post-bioprinting42. However, higher viscosity values usually induce 

higher shear stresses and lower cell viability67. This trade-off needs to be considered when live 

cells are used in a biofabrication process. If viscous bioinks are adopted in conventional extrusion 

bioprinting, the cell viability declines due to the high shear stresses. In the inkjet technique, low-

viscosity bioinks are used with high cell viability, but additional polymerization is almost always 

needed to yield a crosslinked construct with a high yield strength that resists the deformation due 

to gravity68.  Recently, an acoustic droplet ejection approach has been employed in conjunction 

with the inkjet printing to reduce shear stress on the bioink69. In embedded bioprinting, where low-
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viscosity bioinks are also employable, higher cell viability and smaller feature sizes can be 

achieved. As a result, the ranges of cell viability and feature sizes for the extrusion method are 

considerably larger than those of the other methods (Figure 2.2A). Laser/light-based methods, i.e., 

LIFT and vat-photopolymerization, generally yield high cell viability values as well as better 

bioprinting resolutions and faster bioprinting speeds47,49. 

Bioprinter selection must consider the limitations of the intrinsic printing mechanism. Printing 

speed and detail resolution are shown for various techniques in Figure 2.2B. No modality is 

absolutely preferable over other methods in terms of printing speed. In general, extrusion 

bioprinting is slower, while inkjet and vat-photopolymerization technologies provide faster 

fabrication paces43. The range of bioink viscosities available for extrusion bioprinters is greater 

than that for inkjet bioprinters70. The lower viscosities in inkjet bioprinting yield higher flow rates 

and thus increased printing speeds. For nozzle-based techniques, the printing speed considerably 

affects detail resolution71, unless it is increased through the addition of multiple nozzles. According 

to the Hagen–Poiseuille law72, nozzle diameter, nozzle length, bioink viscosity, and bioink flow 

rate affect detail resolution in extrusion bioprinting. In newly developed volumetric 3D 

bioprinting2 and xolography73, the resolution does not necessarily affect the printing speed. 

Inspired by cell patterning74 and cell packing approaches75, recent efforts have been devoted to 

exploiting acoustic and ultra-sound impulses to organize and pattern cells within printed layers76,77. 

Overall, the selection of bioprinting technology depends on the targeted application and the 

required detail resolution. Although printing speed, cell viability, and resolution are important, 

other key features, such as flexibility, accessibility, operability, and cost-effectiveness, should also 

all be considered. These aspects are discussed in Section 6. 
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Figure 2.3. Classification of multi-material bioprinting technologies. 

The capability of fabricating multi-cellular/multi-material constructs is of paramount 

significance as the native human tissues and organs possess heterogenous cellular and extracellular 

structures. Recently, tremendous attempts have been made to design multi-material bioprinters, 

encompassing a broad range of technologies, from open-source desktop platforms78 to standalone 

commercial bioprinters79. Several surveys have been published with discussions on multi-material 

additive manufacturing80,81. However, these reviews have devoted scant attention to the multi-

material printing of cell-laden bioinks, i.e., bioprinting. Other reviews with a focus on biomedical 

applications of 3D printing3,82,83 have brief discussions on multi-material methods, principally 

emphasizing the material design rather than its technology. Other recently published reviews 

describe microfluidics-assisted bioprinting44. Extrusion-based multi-material bioprinting has been 

hailed as one of the main applications of microfluidic systems84. But the salient evolution of multi-

material bioprinting both in nozzle-based and laser/light-enabled technologies over the last few 



16 

 

years, along with the upsurge of available multi-material commercial bioprinters, entails the need 

to recapitulate the recent advances. 

Herein, we classify (Figure 2.3) and summarize the state-of-the-art multi-material bioprinting 

approaches mostly developed over the past 5 years. Recent advances in multi-material bioprinting 

are critically discussed, broken down along the four dominant technologies presented above. A 

section on applications of multi-material bioprinting is included. Commercial multi-material 

bioprinters are presented as they are key for translation to clinical applications. Perspectives on 

opportunities for future discoveries conclude the review. 

2.3 Multi-material bioprinting concept 

Multi-material bioprinters are generally better-suited than conventional bioprinters for the 

fabrication of constructs that mimic the heterocellular structures of native tissues85–87, enabling for 

example the incorporation of graded composition and properties or environmental adaptations88–

90. The versatility added to biofabrication methods via the development of multi-material 

bioprinting has already led to improved sacrificial supports91, multi-functional systems92, 

vascularized structures93, customizable tissues and organs94, and advanced spatiotemporal 

control95. 

At the onset, it is useful to clarify some important definitions. Multi-component bioink refers 

to mixtures of two or more different biomaterials making up one single-phase homogenous 

bioink96,97. Once properly crosslinked, such bioinks may yield multi-network or single-network 

structures. Composite bioinks are, specifically, multi-phase materials composed of two or more 

immiscible components98. The most common types of composite bioinks are fabricated through 

the incorporation of nanoparticles/nanofibers in hydrogel matrices99–101. Composite bioinks may 

have isotropic or anisotropic properties, depending on the spatial distribution and orientation of 
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the additives97. Multi-material 3D bioprinting designates the sequential/simultaneous bioprinting 

of two or more (bio)inks in a programmed manner to achieve region-specific features and 

performances. Accordingly, each (bio)ink may be single-/multi-component, single-phase, or 

composite. 

As for conventional bioprinting, various advanced materials have been developed for multi-

material modalities to achieve either superior properties, proper crosslinking, or better 

biomimicry102. Many are hydrogel polymers in view of their intrinsic characteristics, such as 

hydrated microenvironment, facilitated crosslinking mechanisms, cytocompatibility, printability, 

and vast rheological properties over different temperatures. Chemically modified bioinks, e.g., 

methacrylated polymers103,104, are widely employed since they offer precisely controllable 

crosslinking regimes105. The polymer molecular weight and concentration significantly affect 

bioink performance106. The gelation mechanism of a hydrogels is a critical factor in multi-material 

bioprinting, where multiple bioinks are to be crosslinked in a compliant manner. Physically and 

chemically crosslinked hydrogels follow different gelation regimes107. Special attention should be, 

therefore, devoted to bioinks with different crosslinking mechanisms when concomitantly 

employed in multi-material bioprinting. Composite biomaterials, as described above, are another 

category of advanced materials that have been developed and used in multi-material bioprinting. 

One of the main advantages of composite bioinks is their enhanced printability and functionality. 

The reader is referred to our previous review for more details about composite bioinks97. 

Due to the employment of multiple materials, interactions at the interfaces of materials must 

be considered. A strong interfacial adhesion can improve the toughness and fatigue-resistance of 

bioprinted constructs108. Different bioprinted parts are commonly bonded by using materials that 

can be crosslinked via the same covalent or ionic crosslinkers109. Other methods employing 
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supramolecular forces such as guest-host interactions have also been explored110. But, it is 

challenging to bond hydrogels to materials from a different family, especially elastomers and 

thermoplastics, in a multi-material (bio)printing process. Recent advances in hydrogel adhesives 

shed light on new ways to design material interfaces in bioprinting. For example, hydrogels and 

elastomers can be strongly bonded by using free-radical polymerizations111, topological 

adhesion112, bridging polymers113, or catechol chemistry114. Thermoplastics can also be 

functionalized with certain specific functional groups to allow hydrogel bonding115. However, it is 

to be emphasized that most existing hydrogel adhesion strategies suffer from cytocompatibility 

issue, and the cytotoxicity are dose-dependent. Cell-friendly strategies, such as bio-orthogonal 

click chemistry116, could be a potential remedy. While this review is focused on multi-material 

bioprinting technology, the reader is referred to reviews covering the design and applications of 

hydrogel adhesion elsewhere117–119. 

2.4 Multi-material bioprinting technologies 

Over recent years, four types of bioprinting technologies have been exploited to fabricate 

multi-material products. Multi-material bioprinting has grown from the use of rather cumbersome 

tools to a well-integrated and automated process. In this section, the latest efforts for advancing 

the field of multi-material bioprinting are reported with a focus on technology. Broader studies 

about 3D printing are at times included when they have the potential to be adapted for 3D 

bioprinting. 

2.4.1  Extrusion bioprinting 

Extrusion bioprinting is the most popular method for multi-material bioprinting3. Many 

innovative concepts have been demonstrated for the fabrication of multi-material constructs. In 

multi-material extrusion bioprinters, the printhead comprises cartridges (reservoirs), mixers, 

tubing, and nozzles. Nozzle delivery may be divided into single-nozzle120 and multi-nozzle121 
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technologies. Conventional single- and multi-nozzle technologies are among the most prevalent, 

accessible, and easy-to-implement technologies. In single-nozzle bioprinters, there is essentially 

one printhead consisting of only one nozzle. Different concentrations of bioinks may be 

sequentially extruded or mixed within the printhead. The use of only one nozzle for multiple 

materials requires the same working temperature for all the (bio)inks, which is not always feasible. 

More importantly, single-nozzle delivery increases the risk for cross-contamination. Multi-nozzle 

bioprinters have one or multiple printheads, each of which is equipped with one or several nozzles. 

Simultaneous delivery through several nozzles tends to increase fabrication speed. Co-axial 

nozzles122–124 enable the fabrication of multi-layer/core-shell constructs through the simultaneous 

and concentrically collocated extrusion of different bioinks. These are often needed for bioinks 

with rapid crosslinking mechanisms, e.g. those based on or containing alginate. Embedded 

bioprinting125 is helpful for making freeform structures that are difficult to fabricate using classic 

extrusion methods, or for using low-viscosity bioinks that are not compatible with other extrusion-

based methods. Co-axial and embedded bioprinting techniques can be potentially used with either 

single-nozzle and multi-nozzle bioprinters. 

2.4.1.1 Single-nozzle bioprinting technology 

Extrusion of different bioinks through one single nozzle remains the baseline for multi-material 

bioprinting. Multi-reservoir systems and mixers are the two most common related modalities. In 

the former, several reservoirs of bioinks are connected to the nozzle within the printhead (Figure 

2.4A-D). The multi-material construct is fabricated following sequential or simultaneous 

activation of multiple reservoirs, resulting in the alteration of the feed. This method is well-

illustrated by a pneumatically controlled bioprinter consisting of seven reservoirs126. This 

bioprinter may be used with a broad range of bioinks, including shear-thinning and conductive 

biomaterials. Its solenoid valve technology enables precise bioink flow control and rapid switch 
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between bioinks. As for most extrusion techniques, with the exception of embedded bioprinting, 

the smallest feature size is limited to around 100-200 μm. The nozzles’ inner surface properties 

may also affect the switching rate between bioinks. For example, Cameron et al. used a readily 

available single-nozzle printhead mounted on a commercial bioprinter (Figure 2.4E, F)127 to show 

that switching between bioinks is faster when a hydrophobic coating, e.g., silicone, is used for the 

nozzles’ inner channels. Much work is needed to further explore the influence of nozzle coatings 

on the effectiveness of multi-material bioprinting and the viability of encapsulated cells. 

Microfluidic devices facilitate switching between bioinks when following a multi-reservoir 

approach84,123,128,129. Since the flow of bioinks in microchannels is often laminar (i.e., with a low 

Reynolds number), microfluidic devices work as switches that deliver bioinks sequentially with 

minimal mixing. Switching rate, however, is limited by the system’s compressibility 130. Longer 

transient periods tend to reduce the sharpness of the edges in the printed structures. 
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Figure 2.4. Single-nozzle multi-material bioprinting technologies. A, B) Schematic illustration of the 

multi-reservoir technique. Each cartridge is actuated using a separate pneumatic valve. C, D) Optical image 

of the valves and the printhead setup. Reproduced with permission.126 Copyright 2017, Wiley-VCH. E, F) 

Schematic configuration of a multi-material single-nozzle printhead assembled on a commercial 3D 

bioprinter, and its photograph. Adapted under the terms of the CC-BY Creative Commons Attribution 4.0 

International license (https://creativecommons.org/licenses/by/4.0).127 Copyright 2020, The Authors, 

published by Multidisciplinary Digital Publishing Institute. 

While implementing the multi-reservoir system is simple, this method is not functional for 

systematically fabricating constructs with continuous gradient properties. Various mixers have 
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been used to overcome this shortcoming by blending two or more bioinks in different 

concentrations to facilitate multi-material printing130/bioprinting131 jobs. The mixers are divided 

into two general categories; active and passive132. Active mixers, such as the so-called “on-the-fly” 

designs133, consist of either a motor-driven impeller or an acoustic source (Figure 2.5A, B)134, in 

which the mixing capacity can be finely controlled through changing the input power. The active 

mixers have been studied using computational models to anticipate the mixing capabilities135,136. 

Passive mixers operate by introducing turbulent cross-stream flows using geometrical 

discontinuities or sharp edges within the microchannels (Figure 2.5C)137. An important problem 

with passive mixers is the limited capability of mixing bioinks on small scales. The solution to this 

problem is employing microfluidic mixers, a popular category of passive mixers commonly used 

in multi-material bioprinters. Bioink volumes as small as 10-9 to 10-18 L can be properly mixed in 

a controlled manner using microfluidic mixers44. The mechanism of mixing in such devices is 

based on transitioning the flow of bioink from laminar to turbulent (i.e., high Reynolds 

numbers)129,137,138. The reader is referred to another recent review for a more comprehensive 

insight into microfluidics-based 3D bioprinting44. 

Passive mixers are generally easier to integrate and more biocompatible as they induce less 

shear stress to the encapsulated cells139. However, it is impossible to tune the mixing capacity of 

passive mixers without changing the input bioinks’ flow rates133. Changing the flow rates, on the 

other hand, may adversely affect the bioprinting quality. Furthermore, the mixing capacity of 

microfluidic devices highly depends on the viscosity of the bioink, as well as the length, diameter, 

and geometry of the microchannels. The small-scale mixing issue mentioned above becomes more 

serious when viscous bioinks are employed. In such situations, the mixing capacity significantly 

declines. Kenics static mixers (KSM) were recently used to facilitate the continuous chaotic 
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printing of multi-material structures (Figure 2.5D-H)140. Using this technology, multi-lamellar 

fibers with a well-defined internal microarchitecture were created by exploiting the mixing 

capacity of chaotic flows (Figure 2.5E), which importantly were highly predictable. These fibers 

can be used to bioprint defined multi-material structures featuring large interfacial areas. This 

KSM technology is growing fast141,142 to overcome the limitations of mixing viscous bioinks in 

passive microfluidic mixers. 
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Figure 2.5. Different types of mixers used for multi-material bioprinting. A, B) Photograph and 

schematic of an impeller-based active mixer used for blending two bioinks. Reproduced with permission.133 

Copyright 2015, The Authors, published by National Academy of Sciences. C) Schematic design of a 

passive microfluidic mixer. Reproduced with permission.137 Copyright 2019, Institute of Physics. D) 

Continuous chaotic printing experimental setup. E) Cross-section of the multi-lamellar printed fiber. Scale 
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bar: 250 µm. F) Schematic of the experimental design for the chaotic printing of two inks using a KSM and 

a syringe pump. G) Side views of KSM at two different angles. H) Illustration of flow splitting action in a 

six-element KSM with a diameter of D. The distance between lamellae is shown by δ. Reproduced under 

the terms of the CC-BY Creative Commons Attribution 4.0 International license 

(https://creativecommons.org/licenses/by/4.0).140 Copyright 2020, The Authors, published by Institute of 

Physics. 

2.4.1.2 Multi-nozzle bioprinting technology 

One drawback of the single-nozzle technology is the risk of cross-contamination as the 

(bio)inks flow in one nozzle. Multi-nozzle multi-material bioprinters are utilized to resolve this 

shortcoming and increase the throughput. In such technology, one or more printheads with an array 

of nozzles are implemented for delivering various bioinks143. Compared to single-nozzle 

bioprinters, more complex features at a faster pace and a larger build volume can be fabricated 

when multi-nozzle technology is employed. Depending on the design complexity, each of the 

bioinks can flow through one nozzle or every nozzle. In the latter case, a more meticulous design 

of microfluidic channels is essential to ensure synchronized delivery of the bioinks to the 

bioprinting platform. A basic method in which each nozzle is dedicated to only one bioink was 

demonstrated in 2014144. In this work, four nozzles were mounted on separate printheads, each 

independently controlled along the Z-axis. Heterogenous 3D constructs with interpenetrating 

vasculature were successfully bioprinted, taking advantage of the fugitive properties of Pluronic 

F-127. In 2016, a multi-nozzle printer, named integrated tissue–organ printer (ITOP), with the 

capability of printing four different materials, including two bioinks, was proposed145. As shown 

in Figure 2.6A, this single-printhead multi-dispensing module consisted of four microscale 

nozzles connected to separate repositories and air pressure controllers. The researchers could 

successfully bioprint different organ models such as ear cartilage, skeletal muscle, and mandible 

bone with the aid of polycaprolactone (PCL) as the supporting material (Figure 2.6B) and Pluronic 
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F-127 as the sacrificial compartment. While elegant, the designed bioprinter is not able to fast-

switch between the bioinks. The prolonged transient period results in a lower sharpness in the 

edges and hinders the construction of intricate multi-material tissue models. 

 

Figure 2.6. Multi-nozzle multi-material 3D printing technologies. A) The Integrated tissue-organ printer 

setup consisting of four separate nozzles. B) Schematic of 3D-printed basic pattern with multiple bioinks 

and the supporting PCL ink. Reproduced with permission.145 Copyright 2016, Springer Nature. C) Optical 

images of top and side views of multi-nozzle printheads with various types of inks. D) Generating voxelated 

multi-material filaments at an increasing switching frequency, where only one of the nozzles is shown. E) 

Comparing the effect of subcritical and supercritical pressures in the occurrence of backflow. F) The effect 
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of using asymmetric microfluidic channels on the maximum flow of the active channel (Qf
max), where only 

one of the nozzles is shown. Reproduced with permission.146 Copyright 2019, Springer Nature. 

Pneumatic actuators are reliable instruments to achieve fast switching between the inks126,146. 

Recently, Lewis and colleagues built a multi-material multi-nozzle 3D printer (Figure 2.6C), 

which was actuated through a series of pneumatic solenoids, enabling fast switching between the 

inks (up to 50 Hz)146. In this design, a maximum of eight different materials could flow in the 

nozzles by means of a microfluidic system. They used pressure-driven flows in merging 

microfluidic channels to achieve seamless switching between the inks (Figure 2.6D). One 

common concern with the advanced multi-nozzle designs that may negatively influence the 

operation of the 3D printer is the backflow from the active channel to the static channels due to 

the higher pressure at the junction of the channel. Pressures below the maximum critical pressure 

values for the active channel (Pcr) were used to successfully prevent the backflow into the static 

channels (Figure 2.6E). Also, it was reported that increasing the channel length for lower-viscosity 

inks and using asymmetric configurations could effectively mitigate the backflow (Figure 2.6F). 

Although these conclusions are derived for general multi-material 3D printing, the same concept 

can be potentially expanded to multi-material 3D bioprinters, with consideration of the presence 

of the cells. 

2.4.1.3 Co-axial bioprinting technology 

Co-axial nozzle (Figure 2.7A) is a mechanism for bioprinting multi-material core-shell 

structures123,124,147,148, such as vascular constructs149, heterogenous microfibers150, and tumor 

models151. This technique enables the user to fabricate hollow structures with compositional and 

geometrical complexities. Co-axial nozzles are specifically suitable for bioinks that rapidly 

crosslink upon mixing with the crosslinker. Alginate is the most popular hydrogel used in co-axial 

bioprinters in conjunction with calcium chloride (CaCl2) as the physical crosslinker. For example, 
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a handheld co-axial system of extrusion was developed to print multi-material structures, which 

resembled the brain’s cortical tissue26. Gellan gum and the proper crosslinkers (calcium and 

magnesium ions) were used to print the multi-material brain-like structures through this co-axial 

configuration. While convenient, this method has certain limitations in resolution, accuracy, 

reproducibility, and production rate, which are attributed to the lack of full automation. By 

reconfiguring the nozzles in the co-axial design, multi-layered tubular tissues can be fabricated. 

This configuration was achieved by concentrically placing three nozzles with different diameters 

inside each other and simultaneously bioprinting a mixture of alginate, gelatin methacryloyl 

(GelMA), and eight-arm poly(ethylene glycol) (PEG)-acrylate with a tripentaerythritol core 

(PEGOA)152. As shown in Figure 2.7B, CaCl2 was used in the inner nozzle to ionically crosslink 

the bioink. The double-layer tubular construct was subsequently crosslinked again by UV light to 

form a stable structure. Using this design, the users can continuously alter the shape, size, and the 
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number of layers in a single step without changing the nozzle. These circumferentially multi-

layered constructs can be used as human cannular tissue models. 

 

Figure 2.7. Co-axial multi-material bioprinting technologies. A) Custom-designed multi-layered co-

axial nozzles with various diameters. Reproduced under the terms of the CC-BY Creative Commons 

Attribution 4.0 International license (https://creativecommons.org/licenses/by/4.0).153 Copyright 2017, The 
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Authors, published by Springer Nature. B) Schematic illustration of multi-material bioprinting of a tubular 

tissue using a blend of PEG and PEGOA in GelMA/alginate as the bioink. Reproduced with permission.152 

Copyright 2018, Wiley-VCH. C) Using microfluidic systems to achieve a crosslinked Janus flow pattern 

of multiple cell-laden bioinks via a co-axial nozzle. Reproduced with permission.85 Copyright 2017, 

Elsevier. D) A multi-scale fluidic system used for biofabricating vessel-like structures made of alginate. E) 

Multi-scale perfusable vessel-like constructs, (a) Samples of single-layer and double-layer constructs, (b, 

c) Photographs of the single-layer construct, (d, e) Photographs of the double-layer construct, (f) Scanning 

electron microscopy of the longitudinal section. F) Bioprinted multi-cellular vessel-like structures (red: 

L929, green: MOVAS, and orange: HUVEC). Reproduced with permission.154 Copyright 2017, American 

Chemical Society. 

Microfluidic printheads can be coupled with co-axial extruders to add more versatility to the 

bioprinters. Costantini et al. used this technology to achieve a Janus flow pattern of mouse 

myoblast (C2C12) and fibroblast (BALB/3T3) cell-laden bioinks in the printhead (Figure 2.7C)85. 

The compartmentalized bioprinted structure was used to study how fibroblasts could expedite the 

myogenic differentiation. Microfluidic printheads in conjunction with co-axial nozzles are also 

beneficial in fabricating more complicated configurations, such as multi-compartmental fibers155. 

Furthermore, by implementing an innovative approach with the aid of co-axial nozzles, a 

configuration of multi-scale fluidic systems (i.e., macrochannels and microchannels) for 

fabricating multi-level vascularized tissue constructs was proposed154. As depicted in Figure 2.7D, 

two co-axial nozzles were used to bioprint two types of cell-laden alginate bioinks (with fibroblasts 

and smooth muscle cells) along a rotating rod. The inner nozzles contained CaCl2 as the crosslinker. 

After bioprinting, the rod was removed, and the double-layer spiral construct was soaked in the 

CaCl2 bath so that the outer surface was fully crosslinked. Collagen solution was then injected in 

the macrochannel to enhance the adhesion of endothelial cells, which were seeded to resemble the 

vascular network. The method was used to fabricate single- and multi-layer vessel-like constructs 

(Figure 2.7E). Also, multi-cellular vessel-like structures containing mouse fibroblasts (L-929), 
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mouse vascular smooth muscle cells (MOVSMCs), and human umbilical vein endothelial cells 

(HUVECs) were successfully fabricated (Figure 2.7F). In the fabrication process, the constructs 

should be manually translocated between each step to receive proper crosslinking. As a result, the 

main drawback of this method is the increased risk of contamination. One possible improvement 

to such technology is automating the system and eliminating the manual translocation of the 

construct. 
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Figure 2.8. Fabrication of multi-material microfibers. A) Schematic illustration of the co-axial nozzle 

for the fabrication of GelMA microfibers based on the co-flow rope-coil effect. B) Two-step sequential 

crosslinking of the microfibers. By changing the setup and adjusting the flow rates, microfibers with 
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different morphologies were obtained: C, D, E) Janus structures, F, G, H) multi-layer patterns, and I, J, K) 

paractic configurations. Reproduced with permission.156 Copyright 2018, Wiley-VCH. 

The liquid rope-coil effect has been recently exploited as an excellent method for creating 

multi-material constructs157,158. Using this approach, Shao et al. employed co-axial multi-material 

bioprinting to fabricate GelMA microfibers with various morphologies156. Non-viscous GelMA 

was surrounded by viscous alginate in the nozzle, forming a laminar co-axial flow. The nozzle was 

connected to a transparent tube to provide enough room for a sequential crosslinking process 

(Figure 2.8A, B). As the first step of crosslinking, the co-axial flow was exposed to the UV light, 

which fully solidified the GelMA compartment, resulting in the formation of GelMA microfibers 

flowing inside alginate. The second step of crosslinking was subjecting the sheath layer to CaCl2. 

Once alginate rapidly solidified, the velocity of the GelMA compartment dominated, and the 

microfibers began to coil inside the alginate matrix. By adjusting the flow rates of GelMA and 

alginate solutions, the nozzle diameters, and the concentration of the GelMA phase, a variety of 

microfiber shapes was achieved. A similar methodology was used with different cell-laden 

hydrogels as the core bioinks to achieve multi-compartmental microfibers (Figure 2.8C-K). Using 

HUVEC-laden GelMA as the core bioink in the co-axial configuration proved that endothelial 

cells could migrate towards the border of GelMA coils after 12 days of culture. Other types of cells 

can be used through similar co-culture systems to study the effect of microfiber shape on the 

interaction between the cells. 

2.4.1.4 Embedded bioprinting technology 

In the embedded printing approach, the hydrogel (bio)ink, which is not printable via 

conventional 3D printing techniques, is extruded into a liquid-like or gel-like bath that supports 

the fidelity of the printed structure. Besides the ability to fabricate freeform constructs, embedded 

printing is very effective for printing extremely low-viscosity inks through employing the aqueous 
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two-phase system (ATPS)159,160. One of the earliest works using the concept of embedded printing 

was reported in 2011161. Therein, fugitive ink filaments were printed in a photocurable hydrogel 

bath to form omnidirectional patterns, e.g., vascularized constructs. Later on, in 2015, an upsurge 

in the field of embedded bioprinting occurred by three concurrent papers. The guest-host 

complexes were exploited to print structures within self-healing support hydrogels through 

supramolecular assembly162. The other approach employed granular hydrogels as the supporting 

bath to create large-aspect-ratio 3D structures163. A freeform reversible embedding of suspended 

hydrogels (FRESH) method, which relied on the supporting bath’s thermoreversible properties, 

was also reported in the same year164. Very high resolutions, down to 20 µm, have been achieved 

for acellular inks using the upgraded versions of the embedded printing technique165. This capacity 

is attributed to the compatibility of the embedded printing method with low-viscosity inks and the 

presence of a supporting matrix, which enhances the fidelity of the printed structures. 

Since the embedded bioprinting job is performed inside a supporting bath, the rheological and 

mechanical properties of this substrate should be precisely controlled. In addition to the importance 

of the nozzle’s inner diameter, which is also critical in conventional extrusion-based bioprinting, 

the nozzle tip’s outer diameter is a crucial factor determining the bioprinting fidelity. A needle 

with a large outer diameter may disturb an excessive amount of hydrogel in the bath and preclude 

its recovery, which eventually results in bubble-formation or lower resolution. The nozzle’s 

rigidity is also critical considering that nozzles with low stiffness may bend or break while moving 

inside the viscous hydrogel bath125. Embedded bioprinting can work with lower ranges of viscosity 

values for the bioinks comparing to other extrusion modalities. However, the existence of the 

supporting bath in embedded bioprinting sets practical limits on the bioink flow rate and the nozzle 

displacement. Particularly, since the nozzle’s fast movement may agitate the supporting bath and 
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damage the bioprinted structure, the average printing speed is generally lower than other extrusion 

methods. 

As for multi-material embedded bioprinting, we employed a multi-nozzle technology to 

perform embedded multi-material bioprinting in a Pluronic F-127 bath125. A set of 27G needles 

were bundled together and placed in metal-tube supports in a telescopic fashion so that the needles 

do not fail during printing. This multi-material bioprinter could print cell-laden structures with an 

acceptable switching rate between the materials. One impediment in this design is the limitation 

in the number of clustered needles, which restricts the versatility of the multi-material bioprinting. 

Therein, alginate with different colors was used to illustrate the feasibility of multi-material 

bioprinting. However, using materials with diverse rheological properties entails a custom design 

for each of the nozzles, which makes the multi-material embedded bioprinting a cumbersome job. 

The thermosensitive rheological properties of the supporting bath should also be precisely 

designed so that different bioinks can be properly embedded. These complications also made the 

embedded bioprinting technology a challenging technique for fabricating multi-material constructs. 

Although significant advancements have been reported in the embedded bioprinting method165, 

this technique is in the early stages of development, and more effort is needed to foster its 

maturation for multi-material bioprinting. 

2.4.2  Inkjet bioprinting 

Inkjet bioprinters are perhaps the most affordable type of bioprinter and can be easily modified 

from commercially available two-dimensional (2D) ink-based paper-printers at a low cost166. 

However, the pricings for commercially available inkjet bioprinters are generally more expensive 

than extrusion or vat-photopolymerization bioprinters. One advantage of inkjet bioprinting is that 

it can obtain higher printing resolutions (up to 50-75 µm) compared to extrusion-based 
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bioprinters38, as already mentioned. While the droplet size is usually predetermined by the printing 

nozzle and the viscosity of the bioink used, the resolution can be changed by the movement speed 

between the nozzle and the stage, bioink surface energy (contact angle between the droplet and the 

substrate), and the polymerization speed post-printing. For bioinks with higher viscosities (greater 

than 1,000 mPa s), stronger jetting mechanisms, such as highly localized acoustic pressure, can be 

utilized to reach ~100-µm resolution167. The multi-material inkjet bioprinters can rapidly and 

precisely deposit multiple bioinks to form heterogeneous constructs with gradient properties by 

spatially varying the droplet sizes of biomaterials, cells, and growth factors168. Another feature of 

the inkjet technology is that it works with bioinks with low viscosities on the order of 10 mPa s 70. 

Unlike single-nozzle bioprinters, multi-material inkjet bioprinters usually do not share printheads 

(i.e., each material has its own nozzle)169. Therefore, there is limited chance for cross-

contamination during the bioink switches. 

Multi-material inkjet bioprinting technology has been long-explored for building tissues and 

their models. Some pioneer works can be traced back to as early as 2003, where organic molecules 

and aggregates have been shown to be able to patten onto solid supports and form stable and 

functional cellular assemblies170,171. A fairly complex printhead design, such as a 3-by-3 parallel 

nozzle array, was demonstrated to be a feasible way to create heterogeneous engineered tissues. 

The high-precision dispensing ability is especially beneficial for drug screening and development40. 

It has been demonstrated that this technology can dispense different compounds into 384-well 

plates for high-throughput tests, such as biochemical assay, cell-based reporter-gene assay, and 

cytotoxicity assay, with clean and reproducible results172. 

One main limitation of this technology is the difficulty in fabricating cellular constructs with 

clinically relevant sizes. This is caused by the fact that the mechanical strengths of compatible 
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bioinks are generally low prior to necessary crosslinking, which limits the maximum building 

heights of the printed constructs38. Due to this reason, constructs with high aspect ratios are also 

difficult to fabricate. Efforts have been made to overcome those challenges. For example, an inkjet 

bioprinting platform printed a silk fibrin/alginate bioink on a motorized stage173. When the bioink 

was collected on the stage, it gradually moved the bioprinted construct into a cell-friendly 

crosslinker bath while the fabrication continued for the part which was still out of the crosslinker 

solution. This method offers high cell viability (evidenced by greater than a 6-fold increase in 

metabolic activity) and high-aspect-ratio shapes (height-to-width ratio greater than 1). Other 

limitations of inkjet bioprinters include the incompatibility of bioinks with high cell densities 

(greater than 1×106 cells/mL) due to viscosity issues and relatively low printing fidelity compared 

to the vat-photopolymerization method38. For more technical and translational aspects of inkjet 

bioprinting, we refer the readers to other excellent reviews41,68,174. 

2.4.3  LIFT bioprinting 

Although the LIFT technology was invented in the 1980s175, it has rarely been applied for the 

fabrication of complex multi-cellular and multi-material constructs. Specific printing parameters 

associated with each cell-laden hydrogel comprise one of the greatest challenges of the LIFT 

method that limit its use in multi-material bioprinting176. Koch et al. designed a multi-material 

LIFT bioprinter using a carrier for transferring different cells coated on the donor slides (Figure 

2.9A)177,178. They deposited human skin cell lines and mesenchymal stem cells (MSCs) with high 

survival rates177. Fabien Guillemot, the founder of Poietis (France), proposed a high-resolution 

positioning platform, allowing the exchange of up to six different donors using a carousel holder179. 

Therein, different cell types could be switched on demand using a motorized system to fabricate 

multi-cellular structures (Figure 2.9B). This bioprinter was applied for 3D assembly and 

patterning of multiple cells and biomaterials. However, due to the complexities of the LIFT method 
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regarding the required high precision and calibration, the exchange process can affect critical 

parameters associated with jet-initiation in the deposition procedure. A method that allows well-

controlled spatial micropatterning of cell-laden beads has recently been developed. Using this 

method, multi-cellular embryoid bodies and tumor spheroids were produced with precise control 

over the size and shape of the beads (Figure 2.9C-E)180. This method is only limited to self-

aggregating and self-assembling cells. Further improvement is needed in the development of 

affordable and accessible LIFT bioprinters for the fabrication of heterogeneous structures. 

 

Figure 2.9. LIFT multi-material bioprinting. A) Multi-component LIFT bioprinting using rapid 

replacement of donor-slides by a carrier (scale bars = 500 mm). Reproduced with permission.178 Copyright 

2012, Wiley-VCH. B) High-resolution ribbon switching system based on a carousel holder with a loading 

capacity of five different ribbons. Reproduced with permission.181 Copyright 2010, Elsevier. C-E) 

Illustration of multi-cellular LIFT mechanism. Reproduced with permission.180 Copyright 2019, Elsevier. 

C) alginate bead-deposition; D) conversion of microbeads into a core-shell structure; E) aggregate-

formation. 
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2.4.4  Vat-photopolymerization bioprinting 

The past decade has seen increasingly rapid advances in vat-photopolymerization 3D printing, 

including microstereolithography that enables micron-scale features182,183, continuous liquid 

interface production (CLIP) commercialized by Carbon enabling 100 times faster printing 

compared to conventional vat-photopolymerization 3D printing184, volumetric 3D printing 

inspired by computed tomography185,186, and more recently, xolography 3D printing based on 

using photoswitchable photoinitiators187. However, the majority of existing studies have focused 

on single-material 3D bioprinting. When compared with other bioprinting methods, the 

development of multi-material vat-photopolymerization-based 3D bioprinters is still relatively 

challenging and limited. Different strategies have been applied to overcome this problem, 

including using multi-vat, sequential injection, sequential deposition, and multi-wavelength. 

2.4.4.1 Multi-vat-photopolymerization 

The most common multi-material vat-photopolymerization 3D-printing method is based on 

using a system that automatically alters the resin vat. Choi et al. developed a system with multiple 

resin containers on a top-down DLP exposure with an automated rotating vat-carousel 

mechanism188. The use of cleaning solutions to wash the uncured resin turned out to be damaging 

for features smaller than ~300 μm188. Similarly, composite structures as small as 30 µm with shape-

memory hydrogels were 3D-printed using a downward exposure (Figure 2.10A, B)189. However, 

top-down exposure is not considered an efficient and cost-effective method for bioprinting since 

the resin vat must be completely filled with cell-laden hydrogels. Zhou et al. reported a multi-

material 3D printer based on the bottom-up exposure method with a rotating resin container system. 

To minimize cross-contamination, two different cleaning steps, including rough cleaning using 

two soft brushes and fine cleaning using ultrasonication along with a dryer, were 

implemented190,191. Likewise, an osteochondral composite scaffold was fabricated using an 
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efficient washing step with two sponges and consequently sub-merging the printed layer in a 

cleaning medium192. In the same way, Grix et al. developed a liver model with vascular networks 

for organ-on-a-chip applications193. Photopolymerizable degradable PEG-bis-(acryloyloxy acetate) 

(PEG-bis-AA) and cell-laden GelMA hydrogel-precursor (cell density of ~1×108 cell/mL) were 

3D-bioprinted and lumens, as small as 200 µm, were formed by degradation of the PEG-bis-AA 

hydrogel after 3 days in culture (Figure 2.10C-F). The 3D-bioprinted liver model showed a higher 

albumin and gene expressions compared to monolayer controls over 14 days of the post-

bioprinting period. The multi-step washing process in these methods significantly increased the 

fabrication time and might damage the bioprinted parts especially when they are made of soft 

hydrogels. In addition, several labs fabricated multi-component structures by manually changing 

the resin vat for different applications, such as fabrication of a porous membrane within a 

microfluidic device and soft hydrogel-based actuators194–196. 
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Figure 2.10. Multi-vat photopolymerization. A) Automated material-exchange process based on a top-

down exposure system enabled the fabrication of shape memory structures. B) A multi-component thermo-

sensitive construct. Reproduced under the terms of the CC-BY Creative Commons Attribution 4.0 

International license (https://creativecommons.org/licenses/by/4.0).189 Copyright 2016, The Authors, 

published by Springer Nature. C) Schematic illustration of a multi-vat multi-material bioprinter based on 

the bottom-up DLP approach. D-F) Vasculature networks 3D-bioprinted with degradable PEG within cell-

laden GelMA hydrogel. Reproduced under the terms of the CC-BY Creative Commons Attribution 4.0 

International license (https://creativecommons.org/licenses/by/4.0).193  Copyright 2018, The Authors, 

published by Multidisciplinary Digital Publishing Institute. 

2.4.4.2 Sequential injection 

The sequential injection of different (bio)inks is another common multi-material 

photopolymerization approach to minimize bioink usage. This method was initially introduced by 

Chen and colleagues, who developed a method based on the delivery of pre-hydrogel solutions 

into the gap between a hydrophobic glass and a servo-stage that enabled fabrication of 

heterogeneous scaffolds with features as small as 50 µm. In this top-down DLP 3D printing 
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mechanism, rapid biomaterial-exchange with minimal material consumption was achieved by 

injection of 10 µL of a pre-hydrogel solution. Since the inlet of the monomer was placed within 

the servo stage, this method could only be used for the fabrication of lattice structures such as 

honeycomb and woodpile microstructures that allow efficient cleaning with free transfer of solvent 

within the structure. Recently, Han et al. addressed this limitation by placing multiple ink inlets 

equipped with precise control valves on the side of the servo stage197. Complex structures with 

features as small as 100 μm were 3D-printed using this method (Figure 2.11A-E). To achieve an 

efficient cleaning step with minimal cross-contamination, prolonged pumping time is required, 

which eventually increases swelling, material-consumption, and printing time that are not desirable 

for bioprinting. 

 

Figure 2.11. Sequential injection multi-material vat-photopolymerization approaches. A) Schematic 

illustration of dynamic fluidic control-based multi-material 3D printer. B-E) Multi-component structures: 

(B) two-component tensegrity structure with high aspect ratio beams, (C) Taiji symbol, (D) two-component 
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bilayer micro-capillary structure, and (E) three-component helix structure. Reproduced with permission.197 

Copyright 2019, Elsevier. F) Schematic illustration of the DLP-based bioprinter based on the sequential 

injection of different bioinks into a microfluidic chamber. G) the four-step bioprinting process inside the 

microfluidic chip. H) multi-component constructs: a two-component GelMA structure (left) and a three-

component star-shaped pyramid (right). I) A tendon-to-bone model bioprinted with this approach with 

different cell-laden GelMA hydrogels. Reproduced with permission.198 Copyright 2018, Wiley-VCH. 

Alternatively, a multi-material DLP 3D bioprinter was developed based on the sequential 

delivery of up to four hydrogels into a custom-designed microfluidic chamber (Figure 2.11F-H)198. 

The material-exchange was performed by flushing the microchannel with phosphate-buffered 

saline (PBS) to wash out the previous bioink. In addition to pneumatic valves for sequential 

delivery of different bioinks, we implemented an elastomeric polydimethylsiloxane (PDMS) 

membrane within the microfluidic chip allowing in-chip depth control for constructing 3D objects 

(Figure 2.11G-H). This method was exploited to bioprint multi-component structures using three 

hydrogels in 20 seconds, which is significantly faster than other multi-material vat-

photopolymerization methods. The same technique was successfully employed for the fabrication 

of multi-cellular structures such as a tumor angiogenesis model and a tendon-to-bone insertion 

model (Figure 2.11I). Satisfactory proliferation and metabolic activities were achieved on day 1 

and day 7 after bioprinting. The chance of dehydration during the bioprinting process is 

significantly lower for this method since the printing is happening in a closed chamber. The main 

drawback of this method is that the remaining hydrogel precursors in the chamber (~125 µL) will 

be discarded during the washing step. Furthermore, the printing area is limited to the closed 

microfluidic chamber space that restricts the height on the Z-axis. In addition to the 

aforementioned methods, human induced pluripotent stem cell (iPSC)-derived cardiomyocytes 

and hepatic progenitor cells (hiPSC-HPCs) were 3D-bioprinted by manually pipetting of cell-

material solutions between the gap51,199. The bioprinting process consists of printing iPSC-derived 
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cells followed by washing extra prepolymer solution with PBS and patterning of supporting cells 

that fill in the empty space of the pattern. After 7 days, high maturity marker expressions were 

observed in 3D-bioprinted multi-cellular liver and cardiac models. 

2.4.4.3 Sequential deposition 

Another approach in multi-material vat-photopolymerization is the sequential deposition of 

different precursors, in which no closed chamber is needed for delivering the materials. Wang et 

al. developed a bottom-up DLP exposure-based multi-material 3D printer by sequentially 

depositing different material droplets onto a rotating wheel200. Using this technique, multi-material 

structures with negative thermal expansion were successfully fabricated. This method, however, 

suffers from two main drawbacks in multi-material 3D printing, including the increased risk of 

contamination and prolonged fabrication time (~6 hours for a structure with a volume of 220 mm3). 

More recently, the same group developed a novel minimal-waste material-exchange process using 

an air jet to remove residual resin attached to the previous layer201. They concluded that this 

method is 58% faster than existing methods that are based on cleaning solutions. However, in the 

case of resin contamination, the hydrophobic layer must be washed. This step, which is only 

functional for resins with relatively low viscosities, may disrupt the printing process. In addition, 

the air jet might dehydrate the printed layer and lead to unexpected deformation of the layer. 

Recently, the same method has been applied for 3D printing of complex hybrid structures 

consisting of a covalently bonded elastomer, a rigid polymer, and soft hydrogels (Figure 2.12A-

E)111. Miller’s group also developed a 3D bioprinter using a very similar approach capable of 

utilizing up to four bioinks at a time in a semi-automated way (Figure 2.12F-H)202. Using this 

approach, several multimaterial architectures, such as structures consisting of acellular and cellular 

domains, were bioprinted with a high cell density (2×107 cells/mL) in a GelMA bioink. This 

method requires manual washing and drying of the printing platform during the material-exchange 



45 

 

process, which significantly increases the fabrication time and could lead to reduced cell viability. 

Another limitation of their technology is the inability to fabricate large constructs since this method 

is based on the deposition of material droplets. Hohnholz et al. used a top-down exposure system 

equipped with an aerosol jet mechanism to sequentially deposit different resins203. In this approach, 

various compositions of different materials from one layer to another layer are attainable using the 

aerosol jet. Due to the complexity of the system and the use of a laser beam instead of a DLP 

projector, the fabrication time is longer than other multi-material vat-photopolymerization 3D 

printing methods. Furthermore, by employing the SLA and fused-deposition modeling (FDM) 

methods, a hybrid 3D printing method was proposed for the fabrication of multi-material scaffolds 

with soft hydrogels and rigid scaffolds204. 
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Figure 2.12. Sequential deposition in vat-photopolymerization 3D printing technology. A) High-

Efficiency multi-material 3D printer based on the sequential deposition of different liquid puddles. B) 

Hydrogel composite reinforced by rigid polymer structure. C) Composite structure under tensile test. D) 

Printed multi-material structure consisting of rigid polymer, elastomer, and PEG-diacrylate (PEGDA) 

hydrogel. E) High stretchability of the printed structure. Reproduced under the terms of the CC-BY Creative 

Commons Attribution 4.0 International license (https://creativecommons.org/licenses/by/4.0).111 Copyright 

2021, The Authors, published by American Association for the Advancement of Science. F) Schematic 

illustration of a multi-material stereolithography bioprinter. G) Printed structure with four different bioinks. 

H)  Heterogeneous construct with an embedded vessel. Reproduced under the terms of the CC-BY Creative 

Commons Attribution 4.0 International license (https://creativecommons.org/licenses/by/4.0).202 Copyright 

2021, The Authors, published by Springer Nature. 
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2.4.4.4 Multi-wavelength photopolymerization 

In addition to the above-mentioned approaches that are based on different material-exchange 

mechanisms, more recently, a continuous multi-material technique was introduced based on 

selective polymerization of ink components using a multi-wavelength strategy205. The 

photocurable ink consisted of acrylate and epoxy monomers with their corresponding 

photoinitiators with different absorption spectrums. This allowed independent polymerization of 

various photocurable monomers using different photoinitiators and wavelengths. A soft hydrogel 

could be achieved by exposing the ink to blue light, whereas a stiff material can be printed under 

short-wavelength (UV) irradiation (Figure 2.13A-B). This strategy enabled the 3D printing of 

multi-material structures containing soft hydrogels along with hard solid epoxide networks 

(Figure 2.13C-D). Therefore, spatial heterogeneity in 3D-printed parts can be achieved by 

exposing the resin to different wavelengths (365 and 450 nm) to tailor the mechanical properties 

of the structure205,206. However, due to the toxicity of epoxide monomers, the application of this 

method is still only limited to non-biological applications. Further investigation in developing 

biocompatible formulation is, therefore, needed to implement this method for bioprinting. 

The printing rate in multi-material vat-photopolymerization is mainly dependent on the model 

complexity, material-switching, and washing process. 3D printing of structures in which each layer 

consists of multiple materials is more laborious. The fastest material-exchange rate that has been 

reported is based on the sequential deposition of inks on a glass plate with the air-jet cleaning 

process that takes around 3 s207. Using this method, structures with different materials side-by-side 

within the same layer could be 3D-printed with a fabrication time ~2.2 times longer than single-

material 3D printing201. In methods based on sequential injection, bioinks could be washed within 

5-20 s by the subsequent flow of PBS198. These methods are more suitable for 3D bioprinting due 

to using PBS for cleaning that avoids unwanted dehydration of the printed layers. Ink-replacement 
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rate must be optimized based on the maximum air jet pressure and flow rate of the washing buffer 

that would not damage the printed layers. 

 

Figure 2.13. Multi-wavelength photopolymerization approach. A) Schematic illustration of the multi-

wavelength 3D-printing setup. B) multi-component photoresin consisting of acrylate and epoxy monomers. 

C) Design of a two-component sea star construct. D) Swelling actuation of the 3D-printed part with soft 

hydrogels and stiff hydrophobic networks. Scale bars = 25 mm. Reproduced under the terms of the CC-BY 

Creative Commons Attribution 4.0 International license (https://creativecommons.org/licenses/by/4.0).205 

Copyright 2019, the Authors, published by Springer Nature. 

Although outstanding advances in the field of multi-material vat-photopolymerization have 

been reported, several significant challenges for vat-photopolymerization bioprinting of 

biomimetic tissue constructs remain. The incapability for continuous printing of hydrogels with 

clinically relevant dimensions and the inability to fabricate multi-material complex constructs with 

high efficiency and accuracy are among the major concerns189,191,195,204,208–210. The main challenge 

in using multiple polymers during the polymerization process is cross-contamination while 

switching between the different bioinks. The washing step might lead to deformation and 
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dehydration of 3D-bioprinted constructs during the bioprinting process that could limit the 

application of this method in fabricating small-scale constructs. 

In general, multi-vat photopolymerization is more suitable for fabricating organ-sized objects 

in comparison to other methods since the bioprinting area is not restricted by the material-exchange 

mechanisms. In contrast, methods based on sequential injections and deposition are more efficient 

in terms of material-switching, cleaning process, and bioink-consumption. Washing and material-

exchange mechanisms are time-consuming and complex steps in all vat-polymerization methods 

other than multi-wavelength photopolymerization that would elongate the fabrication time for 

multi-material constructs. This could also affect the cell viability and lead to dehydration of 3D-

bioprinted parts. Although many of the aforementioned techniques are used for 3D printing, they 

can be implemented readily in 3D bioprinting by using biocompatible photocurable bioinks. The 

reader may refer to other reviews on vat-photopolymerization 3D printing for more technical 

aspects47,65,211,212. 

2.5 Commercial multi-material bioprinters 

The arrival of commercially available 3D bioprinters has enabled access to these technologies 

for many more research laboratories and industrial utilities. The bioprinting market is expected to 

reach a value of approximately 4.1 billion US dollars by 2026213. There are numerous commercial 

bioprinters in the market based on different technologies. Commercial bioprinters were initially 

prohibitively expensive and not accessible to most academic research facilities, making their use 

largely exclusive to the industry. However, many companies recently have addressed the unmet 

need for accessible 3D bioprinters by producing modular and affordable bioprinters. Since 

commercial bioprinters play an important role in the advancement of multi-material bioprinting 
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technologies, we devoted this section to introducing a number of commercial multi-material 3D 

bioprinters. 

2.5.1  Extrusion bioprinters 

Due to the affordability and simplicity of the extrusion-based bioprinting method, most 

commercial bioprinters are based on this technology with the highest market share213. 

EnvisionTEC, a globally leading 3D printing company, developed the first commercial bioprinter 

in 2000. The 3D-Bioplotter was initially invented by Mulhapt’s group at the University of Freiburg 

and then commercialized by EnvisionTEC214. Since then, several research laboratories around the 

world have employed the extrusion bioprinting approach for tissue engineering and other fields of 

biomedical engineering. Another extrusion-based multi-material bioprinter, NovoGen MMX, was 

developed by Organovo in 2009 and could deliver cells and hydrogels using two syringes79,215. 

However, this company does not market its bioprinter anymore; instead, it only sells this bioprinter 

mostly to pharmaceutical companies for drug screening79. Other than the two pioneering extrusion-

based bioprinters, 3D-Bioplotter and NovoGen MMX, many companies have developed 

bioprinters based on different extrusion bioprinting methods. Several companies such as Allevi, 

Aether, CELLINK, and REGEMAT use value adds-on to provide more affordable and accessible 

3D bioprinters. Allevi and CELLINK, arguably two of the largest bioprinter-providers, have 

developed several extrusion-based bioprinters with different specifications and price ranges. Allevi 

3 bioprinter has three extruders with precise temperature control from 4 °C to 160 °C enabling 

bioprinting a wide range of bioinks. CELLINK BIO X6 bioprinter consists of six printheads that 

allow fast and versatile multi-material bioprinting. Aether, another hybrid multi-material 

bioprinter, is capable of depositing twenty-four materials at a time using eight syringe extruders, 

two heated nozzles and fourteen droplet jet extruders. Aspect Biosystems, a Canadian bioprinter 

company, has also developed a microfluidic bioprinter based on its patented Lab-on-a-Printer 
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(LOP) microfluidic technology138. Biological fibers can be deposited with varied diameters by 

changing the flow rate in the flow-focusing LOP co-axial method. Similar to Organovo, Aspect 

Biosystem only provides its bioprinters based on partnership programs. In addition to the 

conventional extrusion-based bioprinters, a scaffold-free bioprinter, based on the Kenzen method, 

was created by Nakayama at Saga University and commercialized by Cyfuse Biomedical. This 

approach is capable of 3D assembling and positioning of different spheroids as building blocks of 

biological constructs using an array of 160-µm-thick stainless-steel microneedles216,217. Revotek 

is another scaffold-free bioprinter based on a proprietary technology named Biosynsphere which 

makes it suitable for fabrication of scaffold-free vascular structures. Blood vessels with iPSC-

laden bioinks were successfully 3D-bioprinted using this technology and implanted into rhesus 

monkeys218. Furthermore, the BioassemblyBot (Advanced Solutions), a six-axis bioprinter, 

employs a robotic arm for the deposition of different materials in 3D space, enabling multi-material 

bioprinting219. 

2.5.2  Inkjet bioprinters 

In comparison with commercial extrusion-based bioprinters, the number of available inkjet 

bioprinters on the market is very limited. The RASTRUM 3D inkjet desktop bioprinter by Inventia 

is equipped with an inbuilt laminar flow hood with a deposition capability of droplets as small as 

5 nL. This multi-material bioprinter can rapidly print up to eight different droplets of cells and 

matrix components simultaneously in a reproducible way220. Ricoh, a Japanese imaging and 

electronics company, has developed a new inkjet head for precise and gentle deposition of different 

cell types. Ricoh has also partnered with Elixirgen Scientific, a pioneer company in high-speed 

production of iPSCs, in drug screening and precise positioning of multiple disease-specific iPSC 

lines221. The Jetlab printer, manufactured by MicroFab Technologies, is a high-precision industrial 

drop-on-demand piezoelectric inkjet printer with a large printing area. This 3D printer is capable 
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of microdispensing up to four different materials simultaneously. Since this 3D printer is not 

specifically designed for bioprinting, prior optimization on the viscosities of bioinks and 

dispensing parameters is essential to eliminate nozzle clogging during cell-laden bioprinting. 

Another inkjet 3D bioprinter is CellJet, which was developed based on the Digilab inkjet 

technology. Using sixteen independent channels, this technology ensures high cell viabilities 

(~95%) through non-invasive dispensing of droplets ranging from 20 nL to 4 µL by preventing 

cells from the adverse impact of shear forces. In addition, the bioprinter software enables full 

control over dispensing parameters such as the inkjet speed and the height, which are quite critical 

for viscous bioinks and delicate cells. This 3D bioprinter can be placed in most biological safety 

cabinets222,223. There is still an unmet need for commercially available, affordable, and on-the-

bench inkjet 3D bioprinters. 

2.5.3  LIFT bioprinters 

Despite the complexity of the LIFT technology, it has been successfully commercialized. 

NGB-RTM is the first commercially available LIFT 3D bioprinter that has been developed. This 

3D hybrid bioprinter uses the laser-assisted bioprinting (LAB) technology along with multiple 

dispensers, allowing fabrication of heterocellular patterns with a single-cell resolution57,224,225. 

Besides, Poietis partnered with large cosmetic and pharmaceutical companies such as L’Oréal and 

BASF to assess the efficacy and toxicity of cosmetic products and drug candidates using 3D-

bioprinted tissue models, such as hair follicles and human skin226. Precise Bio, a North Carolina-

based company, is another leading company in LIFT bioprinting. It achieved the first 

transplantation of a 3D-bioprinted cornea graft into an animal using its innovative laser-assisted 

four-dimensional (4D) biofabrication technology. This technology allows the fabrication of 

complex tissues with single-cell resolution and spatial accuracy with high cell viability (>95%)227. 
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2.5.4  Vat-photopolymerization bioprinters 

Even though vat-photopolymerization is among the high-resolution and cost-effective 3D 

bioprinting methods, there are only a few commercially available multi-material bioprinters. To 

the best of our knowledge, Cellbricks is the only commercially available multi-material bioprinter 

based on vat-photopolymerization. This bioprinter employs rapid material-exchange using 

multiple vats for bioprinting of heterogeneous constructs with 10-µm accuracy193,228. Most of the 

SLA 3D printers can also be used for bioprinting cell-laden hydrogels. For example, the 

EnvisionTech 3D printer has been widely used in research labs for bioprinting jobs229,230. Lumen 

X, another commercial SLA 3D bioprinter, was developed by Miller’s group and commercialized 

by CELLINK231. StemakerTM bioprinter (Allegro 3D) is also a DLP-based 3D bioprinter that is 

capable of direct printing in multi-well plates. In addition, EFL’s DLP bioprinter has been used 

for fabrication of nerve guidance conduits using GelMA hydrogels232. Although these bioprinters 

are not capable of performing multi-material 3D bioprinting jobs, heterogeneous structures can be 

successfully 3D-bioprinted by manually altering the resin container. The readers may refer to 

Table 1 for a list of commercial most common multi-material bioprinters and selected applications 

of them that have been reported in the literature. 

 

Table 2-1. List of commercial most common multi-material bioprinters and selected applications 

Bioprinter Company Technology Selected 

Applications 

3D NovoGen Organovo (USA) Extrusion Liver model, kidney 

model, intestinal 
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model, vascular 

constructs233–237 

3D-Bioplotter EnvisionTEC 

(Germany) 

Extrusion  Tendon-to-bone 

model, adipose tissue 

model238,239 

3D Discovery™ Evolution, 

BioFactory™ 

regenHU 

(Switzerland) 

Extrusion (capable of 

using electrospinning 

and melt 

electrowriting 

technology) 

Bone-regeneration, 

perfusable cardiac 

patches, meniscus, 

skin240–243 

Aether 1 Aether (USA) Extrusion (capable of 

depositing twenty-

four materials at a 

time) 

Superficial skin 

cancer therapy244 

Allevi 1, 2, 3 3D Systems (USA) Extrusion (with 

precise temperature 

control from 4 °C to 

160 °C)   

Angiogenesis and 

vascularization 

model245,246, Liver 

model247, 3D cell 

culture247 

BAT Series nScrypt (USA) Extrusion Spheroid-

manufacturing248, 

knee cartilage249 

BIO X, BIO X6, INKREDIBLE CELLINK (USA) Extrusion 

(compatible with 

Vascularized skin 

graft250, bone and 
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various modular 

printheads) 

nerve tissues251, 

corneal stroma252 

BioAssemblyBot Advanced Solutions 

Life Sciences (USA) 

Extrusion (six-axis 

printhead with a 

robotic arm)  

Vocal fold tissue, 

tumor modeling253 

Bio-Architect®-Pro, WS, x, 

Sparrow 

REGENOVO 

(China) 

Extrusion Cartilage254, sweat 

gland254, skin255, 

neuronal tissue256 

BioScaffolder GeSiM (Germany) Extrusion Multi-cellular tumor 

spheroid257,258 

BRINTER 1 BRINTER (Finland) Extrusion  - 

Fabion 1, 2 3D Bioprinting 

Solutions (Russia) 

Extrusion 

(compatible with 

various modular 

printheads) 

Vascularized thyroid 

gland construct259,260 

FELiX BIOPRINTER FELIXprinters (The 

Netherlands) 

Extrusion Bioprinting of human 

iPSCs261 

FLUX-1 Frontier Bio (USA) Extrusion - 

Genesis™ I and II, Reactor™, 

Octopus™, BioFDM™ 

3D Biotechnologies 

Solutions (USA) 

Extrusion - 

MedPrin MedPrin (China) Extrusion Lung cancer model262, 

brain tumor model263, 

artificial dura mater264 

PCPrinter BC Particle Cloud 

(China) 

Extrusion Bone265 
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REG4LIFE, BIO V1 Regemat 3D (Spain) Extrusion 

(compatible with 

various modular 

printheads) 

Articular cartilage266 

Revotek Sichuan Revotek 

(China) 

Extrusion (scaffold-

free 3D bioprinting of 

vascular structures)  

Blood vessels267,268  

ROKIT INVIVO Rokit (South Korea) Extrusion (with built-

in cell incubator) 

Cartilage-

regeneration269, 

vascularized tumor 

model149,270 

RX1 Aspect Biosystems 

(Canada) 

Extrusion (Based on 

Lab-on-a-Printer 

(LOP) microfluidic 

technology) 

Glioblastoma tumor 

model271, neuronal 

tissue272, brain tissue 

model273, contractile 

smooth muscle 

tissue274 

SUNP BIOMAKER SunP Biotech 

International (USA) 

Extrusion Cancer model275, 

liver276 

T&R Biofab T&R Biofab (South 

Korea) 

Extrusion Pre-vascularized 

cardiac patch23, 

superficial knee 

cartilage and 

subchondral bone277, 
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organoid-

manufacturing278 

WeBio WeBio (Argentina) Extrusion Cartilage 

regeneration279 

Autodrop Microdrop Inkjet 
 

RASTRUM™ Inventia (Australia) Inkjet Production of multi-

cellular spheroids280 

CellJet Digilab (USA) Inkjet Bioprinting of human 

MSCs281 

Hp D300e Hewlett-Packard 

(USA) 

Inkjet Skin model282 

Cellbricks Cellbricks GmbH 

(Germany) 

Vat-

photopolymerization 

Liver model193 

NGB-R Poietis (France) LIFT MSC-patterning283, 

skin model 

Precise Bio Precise Bio (USA) LIFT Ophthalmology284 

Regenova, S-PIKE Cyfuse Biomedical 

(Japan) 

Scaffold-

free bioprinting 

Liver tissue model285, 

glioblastoma invasion 

model286 

 

2.6 Applications of multi-material bioprinting 

2.6.1  Tissue fabrication 

The current accomplishment in the bioprinting field has opened new arenas for regenerative 

medicine, tissue modeling, and beyond. However, many existing developments, especially at the 

beginning of bioprinting technology, have been limited to the creation of monocellular and 
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homogeneous environments. In contrast, human tissues are multi-cellular constructs with 

hierarchical structures. They are mechanically anisotropic and intrinsically heterogeneous. It is 

challenging, or even unrealistic, to use one single material to analog all human tissues. Therefore, 

advances in materials science and innovations in multi-material bioprinting technologies are 

critically needed towards the fabrication of more biomimetic tissue and organ constructs. 

Multi-material dispensing systems, such as co-axial and microfluidic nozzles, can offer 

simultaneous deposition of different bioinks to build complex constructs. For example, the co-

axial nozzle has been employed to engineer 3D brain-like structures using bioinks comprising 

peptide-modified gellan gum with primary cortical neurons109. The co-extrusion of low-viscosity 

bioink and crosslinker enabled by the co-axial nozzle allowed the bioprinted filaments to have the 

mechanical strength to fabricate laminated brain-like structures with a high aspect ratio. In such 

multi-material constructs, the precise arrangement of material concentration, cell distribution, and 

height gradients among different layers are important to resemble tissues with layered architectures. 

Besides the ability to recreate the structural complexity of various tissues, another salient 

feature of multi-material technologies is their potential to improve the printing speed (mainly for 

extrusion-based bioprinters, see Section 2.4.1 for details). Because most existing extrusion 

bioprinting tasks happen in the ambient environment, the viability of encapsulated cells may be 

decremented due to the exposure to room temperature and low humidity for a prolonged period. 

Such a consideration is critical for fabricating large-scale cellular constructs, especially when the 

direct ink-writing (DIW) methods are used. Therefore, it is preferred to complete the bioprinting 

tasks in a quick manner. A co-axial printhead has been designed to fabricate complex liver tissue 

models with a compartmentalized arrangement similar to hepatic lobule structures through single-

filament writing87. The highly customized design of the nozzle allowed the co-extrusion of 
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hepatocellular cells, endothelial cells, and a lumen at the same time (Figure 2.14A-C). Without 

employing this multi-material single-nozzle design, bioprinting such a construct would have been 

a cumbersome job as each compartment of the hepatic lobule would have to be bioprinted 

separately using a single-material printhead. The technology enabled the buildup of multi-scale 

functional, heterogeneous, and multi-cellular hepatic structures in a facile and rapid fashion. Other 

tissue-engineering applications are also achievable with adjustment to the co-axial nozzle design. 

So far, single-nozzle technologies have been demonstrated to accommodate the co-extrusion 

of several different bioinks at the same time126. It has been shown that human dermal fibroblasts, 

human hepatocellular cells, MSCs, and HUVECs could be hierarchically assembled and co-

cultured using such a system to form complex tissues. Microfluidic nozzles can also be used in 

conjunction with co-axial nozzles to fabricate filaments with compartments containing different 

bioinks. An example of using such a hybrid nozzle is the printing of PEG-fibrinogen/alginate 

bioinks85. The alginate content of this compartmented bioink was ionically crosslinked by a 

crosslinker solution from the co-axial nozzle, therefore enabling the DIW ability of the low-

viscosity bioink. The printed constructs were further stabilized by UV irradiation to initiate free-

radical polymerization of the PEG content before the removal of alginate with 

ethylenediaminetetraacetic acid (EDTA). The co-cultured constructs showed a proper spread of 

C2C12 and highly aligned long-range multi-nucleated myotubes, with abundant and functional 

expressions of myosin heavy chain and laminin85. The better recapitulation of the whole muscle 

histoarchitecture in vitro and in vivo by bioprinted multi-cellular hydrogels compared to cast-

hydrogels also revealed the advantages of the multi-material bioprinting technology. 
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Figure 2.14. Extrusion-based multi-material bioprinting for tissue-fabrication. (A) Schematic 

illustration of multi-material extrusion printhead design for hepatic lobule printing. (B) Left: 

Immunostaining of CD31 (green) and f-actin (red) for the bioprinted epithelial cells. Nuclei were 

counterstained in blue; right: Live (green) and dead (red) staining showing morphological changes and 

viability. (C) Immunostaining of CD31 (red), albumin (green), and MRP2 (green) for the bioprinted hepatic 

lobule with hepatocellular cells. Nuclei were counterstained in blue. Reproduced with permission.87 

Copyright 2020, Wiley-VCH. (D) Schematic showing the multi-material bioprinting setup for dual-cell 

MTU constructs fabrication. (E) Tensile behavior of the bioprinted MTU with both soft and rigid regions. 

(F) Fluorescence image showing bioprinted MTU after 7-day culture (green: DiO-labeled C2C12 cells; red: 

DiI-labeled NIH/3T3 cells). (G) Differential expression between the two cell types at the interface region 

(depicted by the dotted line) is observed. Reproduced with permission.287 Copyright 2015, Institute of 

Physics. (H) Schematic of dual-material FRESH printing using collagen ink and a high-concentration cell 

ink. (I) Micrograph of FRESH-printed multi-component ventricle. (J) Side view of FRESH-printed 

ventricle stained with calcium-sensitive dye showing uniform cell distribution. (K) Calcium mapping of the 
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subregion [yellow box in (J)] showing spontaneous, directional calcium wave propagation. Reproduced 

with permission.165 Copyright 2015, American Association for the Advancement of Science. 

Bioprinters equipped with multiple dispensing modules are helpful in fabricating multiple 

materials with different processing conditions. For instance, (bio)inks that require different 

printing temperatures and pressures can be loaded into separate extruders and be printed 

individually at their own desirable conditions. This is particularly useful when fabricating 

materials with dissimilar natures, such as thermoplastics and hydrogels. Printing such 

combinations is important to provide mechanical resemblance while maintaining cellular support. 

The muscle-tendon unit (MTU), for example, possesses regional differences in cell types and 

mechanical properties287. Muscle is predominately composed of elastic fibrous myofibers, while 

the tendon is stiff and rich in collagen fibers. It is traditionally challenging to mimic such distinctly 

different environments with a single material system. However, bioprinters with multi-material 

dispensing capacities can integrate the two parts seamlessly. A study bioprinted an MTU construct 

with thermoplastic polyurethane (PU)/C2C12 myoblasts-laden bioink and PCL/NIH-3T3 

fibroblasts-laden bioink to mimic the muscle and tendon parts, respectively. The bioprinted MTU 

comprised of both soft and stiff sides, similar to the real tissue. The excellent viability, highly 

aligned cell morphologies, and increased MTU-associated gene expressions showed the potential 

of this multi-material bioprinting strategy for the reconstructions of complex tissues (Figure 

2.14D-G). 

Multi-nozzle bioprinting can also enable the direct writing of bioinks that do not comply with 

suitable rheological properties for bioprinting. One example is decellularized ECM (dECM)-

derived bioinks. They have been proved to provide an optimized microenvironment leading to the 

growth of cells for specific tissues288. However, they are usually too weak (i.e., low yield stresses) 



62 

 

to withstand their weight during fabrication, resulting in poor spatial resolution. An exemplary 

printing method for providing stable structural support to soft biomaterials is to dispense the low-

viscosity bioinks within a stiff printed construct. The bioprinting of dECM bioinks within printed 

PCL structures has been demonstrated to greatly improve printing fidelity288. Similarly, a study 

employed cell-laden hydrogels, PCL, and Pluronic F-127 to fabricate human-scale tissue 

constructs, such as ear, bone, and muscle289. PCL and sacrificial Pluronic F-127 ensured the 

stability of the bioprinted structures during and after the fabrication, respectively. The cell-laden 

hydrogels were found to secrete the corresponding ECM with demonstrated long-term 

functionalities. 

Multi-material bioprinting has been implemented in embedded bioprinting as well. As 

mentioned before, embedded bioprinting allows the deposition of multiple bioinks within a 

supportive liquid reservoir. The freeform modeling ability and the compatibility with low-viscosity 

bioink-writing comply well with the trend of multi-cellular whole-organ fabrication. Cells and 

microtissues can also be bioprinted directly through this method290. A multi-material bioprinting 

system comprising a collagen ink, a cell-only bioink, and a gelatin-based supporting bath displayed 

the potential to recreate cardiac ventricles and tri-leaflet valves with high resolution165. The 

bioprinted ventricles containing human cardiomyocytes exhibited synchronized contractions and 

directional action potential propagation, recapitulating the structural, mechanical, and biological 

properties of native cardiac tissues (Figure 2.14H-K). Another study employed embedded 

bioprinting to bioprint decellularized cardiac bioinks291. The fabricated multi-material, thick, 

vascularized, and perfusable cardiac patches recapitulated the structural, immunological, and 

anatomical properties similar to those of human hearts. Cell viability could be well-preserved 

owing to the mild and all-liquid environment of the supporting reservoirs. This cell-friendly feature 
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is important for time-consuming multi-material fabrication on a whole-organ scale. Other novel 

functions such as the erasing of existing filaments by withdrawing the extruded bioinks also offer 

flexibility to correct errors during a complicated tissue-construction task36. 

2.6.2  Vascularization 

Most tissues in the human body require vessels and microvasculature systems to supply oxygen 

and nutrients and to remove wastes. Although biocompatible hydrogels have been shown to 

support cellular activities, their pore sizes are typically on the nanometer scale and incapable of 

enabling sufficient mass transfer when the thickness of the scaffolds is greater than ~800-1,000 

µm166. Vascularization is critical to ensure the survival and functions of thick scaffolds but is a 

major challenge in the fabrication process at the same time. The precise positioning of biomaterials 

opens the opportunities for creating controllable, repeatable, and freeform modeling of engineered 

vascular channels. An intuitive strategy is to leave spacings between printed filaments as open 

pores or channels. Such spacings have been proven to effectively support cell survival in relatively 

large constructs292. However, the open pores and channels generated using this strategy may not 

be reliable. For instance, the swelling, shrinkage, and degradation of printed hydrogels can be 

significantly affected, or the construct may become structurally unstable, which may clog the 

spacings. The ECM deposition inside scaffolds by cells can also deteriorate the channels293. 

Multi-material bioprinting can be employed for fabricating physiologically relevant 

vasculature through co-printing of hydrogel and sacrificial materials. This strategy relies on the 

removal of sacrificial channels within the bioprinted hydrogels after the scaffold fabrication. 

Pluronic F-127 is a thermosensitive ink often used as the sacrificial material294. This thixotropic 

material has an excellent shear-thinning property favoring the extrusion bioprinting process but 

resumes high yield stress quickly when shear stress is removed so that the printing fidelity is 
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preserved. Cell-laden hydrogels can be bioprinted or cast surrounding the sacrificial channels. 

Pluronic F-127 is subjected to phase-transition and becomes hydrophilic when the temperature is 

lowered and therefore can be flushed away at 4 ℃ or lower, resulting in multi-cellular and 

heterogeneous vascularized tissue constructs294. HUVECs can be seeded to the channels to provide 

long-term perfusion stability. Using this approach, multi-material bioprinting was employed to 

fabricate vascularized scaffolds with a large thickness (>1 cm)295. These constructs have been 

demonstrated to support long-term cell survival for over 45 days295. Programmable cellular 

heterogeneity and in situ development of MSCs within the bioprinted vascularized scaffolds have 

also been shown to recapitulate physiologically relevant features. 

Other thermosensitive biopolymers have also been explored in conjunction with multi-material 

bioprinting technologies to create vascularized constructs. Studies on the co-printing of matrix 

bioinks and gelatin-based sacrificial inks have provided a vascularization solution296. Both matrix 

and sacrificial inks can be printed adjacent with no spacing needed to establish void-free multi-

material structures. The matrix phases can be crosslinked during fabrication, while the sacrificial 

ink can be removed through mild triggers, such as temperature change. The embedded endothelial 

cells can then be released from the sacrificial bioink to functionalize the channels with a confluent 

endothelial layer. Such an approach avoids structural collapse and instability during the fabrication 

of mechanically weak materials (Figure 2.15A-B). A similar idea has also been explored on the 

co-extrusion of collagen and gelatin bioinks, in which HUVEC-laden gelatin was used to print 

sacrificial vascular channels297,298. The functional vascular channels with perfused open lumens 

were capable of supporting cell viability in scaffolds up to 5-mm-thick. Such a strategy enabled 

by multi-material bioprinting shows great potential to investigate fundamental mechanisms of 

vascular functions and maturation under physiological flow conditions. 
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Figure 2.15. Vascularization strategies with multi-material bioprinting. (A) Schematic of the void-free 

3D bioprinting process, where a biocompatible templating bioink (green) and a matrix bioink (yellow) are 

printed side-by-side, followed by photo-crosslinking of the matrix phase and 37 °C incubation to release 

the templating phase. Preloading endothelial cells in the templating bioink allows in situ endothelialization 

of the channels. (B) The widespread formation of endothelialized channels after 7 days of culture. 

Reproduced under the terms of the CC-BY Creative Commons Attribution 4.0 International license 

(https://creativecommons.org/licenses/by/4.0).296 Copyright 2020, The Authors, published by Wiley-VCH. 

(C) Schematic showing the multi-material bioprinting of vascularized constructs with sacrificial materials. 

(D) A bioprinted vascularized cardiac patch. (E) Transplantation of the printed patch in between two layers 

of rat omentum. Dashed, white line highlights the borders of the patch. (F-G) Sarcomeric actinin (red) and 

nuclei (blue) staining of sections from the explanted patch. Reproduced under the terms of the CC-BY 

Creative Commons Attribution 4.0 International license (https://creativecommons.org/licenses/by/4.0).291 

Copyright 2019, The Authors, published by Wiley-VCH. (H) A concentration-gradient model comprising 
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PEGDA and GelMA hydrogels generated by multi-vat-photopolymerization bioprinting. (I) Photographs 

showing retrieved implants with evidence of vascularization within VEGF-laden constructs. Reproduced 

with permission.198 Copyright 2018, Wiley-VCH. 

Embedded multi-material printing of sacrificial channels has been utilized to vascularize thick 

scaffolds with biomimetic vasculature structures161. A study printed sacrificial gelatin channels 

inside a supporting matrix composed of patient-specific iPSC-derived spheroids14. The rapid 

building of perfusable vascularized constructs with high cell density (~1×108 cells/mL) enabled 

patient- and organ-specific tissues at the therapeutic scales. A similar approach was also adopted 

to bioprint vascularized cardiac patches291. Endothelial cells maintained high viability after 

bioprinting and formed physically robust vessels after gelatin channel removal. The functionality 

of the vascularized patches was evaluated by transplanting to rat omentum. The cells inside the 

patches exhibited elongated and aligned morphology with massive striation, which indicated 

functional contractility potential (Figure 2.15C-G). 

Multi-material bioprinting through co-axial nozzles is another prominent advancement 

towards the reconstructions of vasculatures. This type of printing nozzle accommodates the interior 

flow of the crosslinker solution surrounded by the exterior flow of (bio)inks, leading to the 

formation of hollow microchannels that are perfusable. Sodium alginate and CaCl2 ionic 

crosslinker are one of the most common combinations. Engineered vessels made of other materials, 

such as GelMA, hyaluronic acid (HA), cellulose, and dECM, have also been explored using this 

method in conjunction with their associated crosslinking mechanisms299–301. Circumferential 

multi-layered tubular tissues can be created with multi-channel multi-material co-axial bioprinters. 

For example, cannular urothelial tissue constructs containing human urothelial cells and human 

bladder smooth muscle cells, or cannular blood vessels containing HUVECs and human vascular 
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smooth muscle cells, have been bioprinted with such a system152. The bioprinted cannular tissues 

were perfusable with the cell culture medium to promote the growth and proliferation of the 

embedded cells. 

Multi-vat-photopolymerization, as a fast and high-resolution multi-material bioprinting 

modality, has been explored to (bio)print the vasculature. As a result of its superlative resolution, 

this method is favorable for bioprinting minuscule vasculatures. Through sequential changing of 

(bio)inks with and without endothelial cells, prevascularized tissues with complex 3D 

microarchitectures can be created. A study using anastomosis between grafted prevascularized 

bioprinted constructs and the host vasculature showed the formation of functional vasculature 

within the engineered tissues302. Heterogeneous PEGDA and GelMA constructs printed by a 

microfluidics-enabled multi-material vat-photopolymerization bioprinter have also been tested for 

their neovascularization potential in a rat model. The presence of vascular endothelial growth 

factor (VEGF) in the bioprinted constructs led to more blood vessel-formation in the implants 

compared to those without VEGF (Figure 2.15H, I)198. In terms of the technology itself, the 

relative ease to scale up in multi-vat-photopolymerization can potentially lead to the creation of 

large-scale vascularized constructs for tissue repair or even organ transplantations. Gene 

expression could also be patterned through tuning the channel network architecture, medium 

temperature, and flow directions, which expands the capacity to regulate cellular development and 

regeneration through vascularization303. However, it should be noted that the generation of bioink 

wastes associated with vat-photopolymerization may increase the costs and therefore limit the 

scalability. 
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2.6.3  Organ-on-a-chip (OoC) models 

OoC is a type of microfluidics-based cell culture platform recreating the key elements of 

biological tissues304–306. In the past decade, various OoCs have been developed to mimic different 

human organs for fundamental biological studies, tissue/disease modeling, and drug screening307–

311. Traditional OoC fabrications involve a steep learning curve and time-consuming manual 

operations, which hinder their adoption to biomedical research labs. However, the flexible and 

automated bioprinting technology can bring more user-friendly fabrication approaches to 

researchers with rapid prototyping capability. To this end, multi-material bioprinting facilitates the 

construction of functional OoC models with hierarchical architectures and spatial heterogeneity. 

OoC models often require the arrangement of multiple cell types and ECM-mimicking 

materials in a spatially defined fashion to resemble the physiological environment of individual 

organs. One advantage of OoC model fabrications using multi-material bioprinting is the design 

freedom offered by this technology. Cell types, amounts, and spatial arrangements can be 

controlled with relative ease. The 3D environments provided by the bioprinted constructs, usually 

composed of polymeric hydrogel networks, have been shown to yield more realistic cellular 

behavior such as spreading and migration compared to locally 2D cultures in most conventional 

OoCs. For example, a multi-cellular liver OoC model containing hepatocytes and endothelial cells 

has been developed (Figure 2.16A-C)312. The co-culture of these two cell types showed 

significantly enhanced liver functions, such as higher values of urea and albumin secretions. The 

OoC model can also be bioprinted in conjunction with conventional 3D printing to yield a complete 

OoC device to further improve the fabrication and research efficiencies312. 
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Figure 2.16. OOC and tumor modeling with multi-material bioprinting. (A) Schematic illustration of 

the 3D bioprinting technology for the OOC applications. (B) Digital image showing a bioprinted liver chip. 

(C) Various configurations of cells and biomaterials within the printed chips. Reproduced under the terms 

of the CC-BY Creative Commons Attribution 3.0 International license 

(https://creativecommons.org/licenses/by/3.0).312 Copyright 2016, Royal Society of Chemistry. (D) 

Schematics showing precisely controlled multiple-cell patterning in microfluidic chips by inkjet printing 
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and the detection of drug metabolism and diffusion. Reproduced with permission.313. Copyright 2016, 

Royal Society of Chemistry. (E) Multi-vat-photopolymerization bioprinting of hydrogel-based hepatic 

construct. (F) Gene expression profiles and albumin and urea secretion levels of HPCs from 2D, 3D single-

cellular, and 3D multi-cellular cell cultures. Reproduced with permission.51. Copyright 2016, The Authors, 

published by National Academy of Sciences. (G) A 3D-bioprinted in vitro tumor model mimicking 

metastatic dissemination. (H) Plots and micrographs of the population of disseminated A549 lung cancer 

cells detected in the collection chamber versus time. Reproduced with permission.314 Copyright 2019, 

Wiley-VCH. 

Multi-material bioprinting can assist microfluidic devices with patterning cellular constructs 

for high(er)-throughput detection and screening315. A study utilized a multi-material inkjet 

bioprinter to dispense cell-laden alginate hydrogels to form precisely distributed cell arrays in a 

microfluidic chip (Figure 2.16D)313. Hepatocellular carcinoma (HepG2) and glioblastoma tumor 

(U251) cells were co-patterned for drug metabolism and diffusion tests under a biomimetic 

environment. The efficacy enabled by multi-cellular bioprinting of the cell arrays can significantly 

reduce the extent of laborious experimental work from fabricating multiple conventional 

microfluidic devices. In addition to cell-laden hydrogels, the array can also be composed of cell 

spheroids. The response of multi-cellular OoC models could be comparable to the corresponding 

animal model, which confirmed the utility of this technology for biological testing and potentially 

facilitate drug development316. With the aid of multi-material bioprinting technologies, the ability 

to recapitulate human physiology and disease states can potentially exceed the animal models and 

offer more accurate therapeutic prediction317. Multi-material bioprinters with hybrid modules have 

the potential to further streamline the fabrication steps and decrease costs (both material- and 

financial-wise). An exemplar is a structurally heterogeneous skin model/device bioprinted with a 

combination of extrusion and inkjet modules318. Reductions of 50-fold in cost and 10-fold in 
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culture medium-consumption were achieved compared to traditional cell culture platforms. Such 

migration from traditional cell culture platforms to bioprinted microdevices has great socio-

economical implications and could potentially decrease the amount of time and cost for 

technological translations in a greener way. 

Sophisticated miniature biological constructs have also been developed with the assistance of 

multi-material vat-photopolymerization bioprinting. For example, human-derived hiPSC-HPCs, 

adipose-derived stem cells, and HUVECs have been demonstrated to pattern into microscale 

hexagonal architecture, representing the building unit of the hepatic tissue (Figure 2.16E). 

Multiple folds of increases in the morphological organization, higher liver-specific gene-

expression levels, increased metabolic product-secretion, and enhanced cytochrome P450-

induction were observed from constructs created by multi-material bioprinting (Figure 2.16F). 

The vascularized hepatic model showed both phenotypic and functional enhancements, which is 

essential for building personalized platforms for in vitro drug screening and disease studies319. A 

similar liver spheroid model with perfusable intrinsic channels has been established with multi-

material vat-photopolymerization bioprinting193. The strengthened metabolism and gene 

expressions compared to 2D culture models support long-term drug screening for pharmaceutical 

developments. 

2.6.4  Tumor modeling 

Tumors are dynamic 3D ECM networks consisting of stromal, immune, and vascular cells320. 

It is challenging for 2D tumor models to recapitulate these multi-cellular, highly heterogeneous 

microenvironments, which yield non-physiological cellular behavior, such as altered gene 

expressions, cell-cell interactions, and drug responses, among others321. Multi-material bioprinting 

can mimic the complicated 3D microenvironments of tumors and therefore has the potential to 
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create better biomimetic tumor models compared to traditional methods151,322. For instance, an in 

vitro cervical tumor model comprising Hela cells and gelatin/alginate/fibrinogen promoted cell 

proliferation, matrix metallopeptidase (MMP)-expressions, and chemoresistance when compared 

with 2D planar models323. Therefore, multi-material bioprinting is becoming a standard approach 

to recapitulating the multi-cellular, hierarchically architectured, and dynamic microenvironments 

of tumors. 

Bioprinted heterogeneous tumor models enable the study of the dynamic tumor progression 

process. For instance, a few recent studies on triple-negative breast cancer cells are focused on the 

development of multi-cellular tumor spheroids composed of MDA-MB-231 triple-negative breast 

cancer cells and IMR-90 cancer-associated fibroblasts with the aid of multi-material 

bioprinting257,258. The flexibility of multi-material bioprinting allowed convenient construction of 

different tumor microenvironments that involved different bioink compositions, matrix elasticities, 

and MDA-MB-231 initial cell densities. The developed 3D models were robust and suitable for 

long-term cultures and probed various parameters of the initial cancer model environment in 

regulating breast tumor progression and metastasis. 3D-bioprinted mini-brains containing two 

types of bioinks have also been developed to study the crosstalk between glioblastoma cells and 

glioma-associated macrophages (GAMs)324. The two types of cells were found to actively interact 

with each other, resulting in changes in macrophage phenotype and cancer progression and 

invasiveness. Such clinically relevant models are important to improve the understanding of tumor 

biology for evaluating novel cancer therapeutics. Other types of multi-material bioprinting, such 

as co-axial technology and DLP-based bioprinting, have also been used for tumor modeling. In a 

study, self-assembled multi-cellular heterogeneous brain tumor fibers were fabricated with co-

axially printed alginate/gelatin hydrogels as the external shell and cell suspension containing 
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fibrinogen as the core153. This biomimetic design improved viability, proliferation, and tumor-

stromal interactions, which was benefited from the recapitulation of the dynamic tumor 

microenvironment using multi-material bioprinters. Other configurations, such as GelMA/alginate 

(core/sheath), have also been investigated for tumor modeling122.  In another study, glioblastoma 

models consisting of a distinct tumor, acellular ECM, and/or endothelial regions were built using 

a DLP-based bioprinter325.  The stiffness of different regions corresponding to glioblastoma stroma, 

healthy or pathological brain parenchyma, and brain capillaries was tuned to recapitulate the 

biochemical and biophysical heterogeneity of the glioblastoma microenvironment. While the 

enhancement of hypoxia, stemness, endothelial protruding morphology, and angiogenic potentials 

related to malignant phenotypes was observed in stiff models, rapid proliferation and expansion of 

cells with the classical phenotype occurred in soft models. In a similar way,  glioblastoma 

microenvironments containing patient-derived glioblastoma stem cells (GSCs), macrophages, 

astrocytes, and neural stem cells (NSCs) in an HA-based hydrogel were 3D-bioprinted to 

investigate the growth of GSCs with or without macrophages326.  The presence of macrophages 

yielded transcriptional profiles that were closer to those of patient-derived glioblastoma tissues. 

The collective findings from these studies suggest that building biomimetic and controllable 3D 

tumor models can be realized by leveraging the precise spatial programming of matrices and cells 

with multi-material bioprinting. 

Creating biomimetic in vitro 3D tumor models is critical for anticancer drug screening and 

development327. The spatiotemporal control of signaling molecular gradients enabled by multi-

material bioprinting has been employed to modulate cellular behaviors of tumors at a local level 

(Figure 2.16G, H)314. Vascularized tumor models were created to mimic cancer invasion, 

intravasation, and angiogenesis. The flexibility to add functional materials and precise placement 
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of different combinations of tumor-relevant cells and hydrogels enabled programmable tumor 

microenvironments, which potentially could provide insights to identify the fundamental problems 

in preclinical settings314. Another study proposed a bioprinted tumor-on-a-chip device with co-

axially bioprinted blood/lymphatic vessel pair to recapitulate the different levels of drug transport 

profile328. This unique design demonstrated the capacity of simulating the complex transport 

mechanisms of certain pharmaceutical compounds inside tumors and exhibited great potential to 

improve cancer drug screening accuracy. 

2.6.5  Organoids 

Organoids are miniature and simplified model organs derived from self-organization and 

differentiation of pluripotent stem cells or progenitor cells isolated from tissues. They recapitulate 

similar gene/protein expressions, metabolic functions, and microscale architectures of the native 

organs329. Owing to the remarkable resemblance, they show significant advantages over some 

traditional 2D and 3D culture platforms to serve as model tissues and organs for cell therapy, drug 

screening, and disease modeling330,331. Despite much progress in the field, organoids formed with 

manual techniques face problems such as low throughput and high variability, which hinder the 

translatability of organoids329,332. Besides, the size of organoids is typically restricted on a 

millimeter-scale due to the lack of nutrient supply, which results in a necrotic inner core when the 

organoid grows large329. This size-limitation precludes the culture of physiologically relevant 

scales to be used as implantable medicines. 

Automated 3D bioprinting techniques have demonstrated outstanding promise to fabricate 

conformable, scalable, and reproducible organoids in a higher-throughput manner333. In a typical 

procedure for bioprinting organoids, concentrated cell suspension solutions or pastes are dispensed 

to a location, either on a well plate or within a biochemical- and biophysical-mimicking niche 
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(such as collagen and Matrigel). The cell numbers and the dispensed locations can be precisely 

controlled, which can drastically improve the reproducibility of bioprinted organoids. A pioneer 

work has shown that kidney organoids can be bioprinted within 6- and 96-well plates with high 

throughput and low individual variation332. Such a reproducibility favors the accuracy of drug 

screening, such as the toxicity screening of doxorubicin and aminoglycoside, compared to the 

unrepeatable results for organoids from manual culture. Conformation of the organoids can also 

be controlled by spatially define the location of dispensed cells, which enables the easy 

programming of the organoid maturation. Furthermore, dispensing different cell densities and 

geometries can alter the spontaneous cellular self-organization into mesoscopic organoids. 

Spatiotemporal modulation of morphogenesis of mesenchymal aggregates, intestinal organoids, 

and vascular organoids was proven successful334. Organoids with centimeter-scales were achieved 

by bioprinting the stem cells in their permissive environments, which hold promise in fabricating 

physiologically relevant organs for implantable regenerative medicines. Multi-material bioprinting, 

in principle, can in addition, expand the functionality and integration of various bioprintable 

organoids within a single system. 

Despite several transformative studies mentioned above, the use of bioprinting for organoid-

fabrication is still in its infancy. Currently, organoid-bioprinting heavily relies on mechanically 

actuated extrusion techniques, such as syringe pumps, due to their excellent volume control 

capability. The employed bioinks are also often comprised of low-viscosity cell-only suspensions 

or pastes. Pneumatically actuated extrusion bioprinters are intrinsically not suitable to promise 

repeatability due to their incapability in flow rate control, which is associated with the 

inconsistency in the cell number. Another intrinsic limitation that hinders the adoption of 

bioprinting organoids is the high costs of stem cell expansion. Bioprinting organoids often requires 
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the cell density to reach 1×107 cells/mL. To compromise the limited number of cells in practice, 

specialized hardware, such as gas-tight low-volume syringes (~10-102 μL) and small nozzles (10-

102 μm), are often needed to accommodate the limited volumes of the bioinks. Treatments for the 

prevention of drying and cell adhesion to the printing nozzle are also important to ensure successful 

bioprinting. To accommodate the process for organoid-fabrication, development in bioprinting 

hardware and accessories that are easy to control flow rate and with low ink-consumption is a 

critical mission. Meanwhile, other bioprinting techniques such as robotic microtissue assembly 

(the Kenzan method) show potentials in precisely placing spheroids to form complicated biological 

constructs, which could also be explored for the assembly of organoids335–337. 

2.7 Conclusions and perspectives 

Multi-material bioprinters outperform their single-material counterparts in fabricating 

heterogenous/multi-cellular tissue constructs. Developments in the technology of multi-material 

bioprinters were discussed, and different modalities were compared. Each of the four primary 

bioprinting technologies has its own advantages and disadvantages. In Figure 2.17, we further 

compared these technologies in three aspects: bioprinter basics, cost-effectiveness, and 

functionality. Due to their simplicity and prevalence, nozzle-based techniques provide the basics 

of a bioprinter in a more cost-effective manner. However, in terms of functionality, the laser/light-

based technologies, i.e., LIFT and vat-photopolymerization, are likely more advantageous. 
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Figure 2.17. Comparison of the four primary bioprinting technologies in different aspects. Features 

are ranked in four levels, with the outer level presenting the highest score. 

Regarding the bioprinter basics, extrusion and inkjet bioprinters are very flexible to be 

upgraded for bioprinting of more than a single material. There are, however, complications for 

accommodating this feature in laser/light-based technologies, although not impossible. Another 

advantage of multi-material nozzle-based techniques is the relatively high material-switching 

speed, which is missing in laser/light-based methods. LIFT and vat-photopolymerization are 

excellent in terms of printing speed; however, their building volumes and user-friendliness cannot 

compete with the extrusion method, at least at this stage of development. In general, nozzle-based 
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modalities are more commercially available, which results in a lower price for their hardware and 

consumable parts. Furthermore, the minimal bioink usage due to the intrinsic nature of nozzle-

based techniques and the abundance of compatible bioinks make this technique a cost-efficient 

and accessible method. In the functionality spider chart of Figure 2.17, it is evident that there is 

still room for enhancing the resolution and cell viability of the extrusion technique. Laser/light-

based methods deliver excellent resolutions and cell viabilities. Specifically, the most suitable 

approach for printing multi-scale vascular structures is perhaps vat-photopolymerization. A critical 

drawback of the current multi-material vat-photopolymerization techniques is the risk of cross-

contamination as well as swelling or dehydration during the printing process, which could be a 

potential direction for future endeavors. The washing buffer during the material-exchange process 

could lead to deformation of the construct and would affect the 3D-bioprinting resolution, 

especially for organ-sized constructs. In addition, vascular networks with a physiological 

dimension have not yet been 3D-bioprinted and studied using cell-laden hydrogels. Fabrication of 

such constructs is more challenging due to the absorption of light by cells that could affect the 

penetration depth depending on the cell density and type as well as wavelength of the light source. 

As illustrated in Figure 2.18, several improvements are envisioned to overcome the current 

limitations. One challenge faced by most existing multi-material bioprinting technologies is to 

scale up the printing volume to clinically relevant sizes within a reasonable fabrication time. For 

instance, with a typical extrusion-based bioprinter, it can take hours to even days to create an entire 

multi-cellular organ structure with a decent resolution. Such a long fabrication process keeps the 

cells away from physiological conditions and significantly decreases the cell viability in the 

fabricated cell-laden constructs. Although this issue can be potentially remedied with a 3D-

bioprinting setup within a temperature-, humidity-, and CO2-controlled environment, such 
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attempts would inevitably increase the equipment and fabrication costs and hinder the accessibility 

of the technology. Maintaining the physiological temperature during a fabrication process might 

also be incompatible with some thermosensitive materials, such as gelatin and collagen.  Speeding 

up the biofabrication process, therefore, still seems to be the most feasible and economical pathway 

at the current stage. Embedded bioprinting can possibly alleviate this concern for mid-sized organs 

to some extent since cells stay in a humidified environment. Yet, bioprinted full-sized organs with 

high cell viability have not been reported so far with embedded bioprinting. Other designs such as 

multi-nozzle printheads have also been explored146, but they are mainly suitable for creating 

repeating patterns. 

Large-scale bioprinting has higher chances to introduce defects, such as bubbles and voids. 

The involvement of multiple materials further impedes the quality control for layer-by-layer 

methods, leading to a low success rate for production. Such complications are mainly due to the 

relatively unstable properties of soft bioinks. Although the defects are difficult to avoid or predict, 

they are usually easy to detect during the printing process. Machine-learning approaches have been 

recently employed to enhance the printing quality338. By introducing artificial intelligence (AI), 

bioprinting on dynamically moving substrates, such as breathing lungs, has been successfully 

demonstrated339–341. With the assistance of AI in conjunction with computer vision, substrate 

height, printing pressure, or writing speed can be dynamically adjusted to correct the defects and 

errors, yielding better printing quality342. 



80 

 

 

Figure 2.18. Future perspective of potential improvements in multi-material bioprinting. 

Although several multi-material vat-photopolymerization methods have been developed, one 

of the remaining challenges is fabricating large constructs while not compromising printing 

resolution and speed. The advent of DLP light engines with a higher number of pixels and 3D 

printers with a dynamic projector could increase the throughput without reducing the print speed 

or resolution. The throughput of the TPP method can be enhanced by using multiple beams as well 

as developing highly efficient water-soluble TPP photoinitiators. In addition, further improvement 

is needed in the rapid bioink-exchange process with minimal bioink cross-contamination and high 

cleaning efficiency. The LIFT bioprinting method also requires further development to make it 

more accessible and affordable to fabricate multi-cellular constructs. 

Hardware aside, the capacity of multi-material bioprinting can be further broadened through 

the use of advanced material concepts, such as self-assembling materials343. For instance, a self-
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assembled collagen-fibrin hydrogel has been shown to improve mechanical strength and 

stretchability while providing a better ECM-mimetic structure for cell alignment344 or growth345. 

Self-assembling chitosan bioinks have been shown to generate cell-sized pores within the scaffolds. 

Their stiffness and viscoelasticity can be modulated over a wide range by controlling the strength 

of supramolecular interactions346. The delivery of bioinks within a Bingham fluid material could 

enable the freeform fabrication of constructs with geometrical details that are not easily achievable 

using DIW162,347. The combination of a top-down bioprinting approach and bottom-up material 

self-assembly is desirable to maximize mechanical, structural, and biological functions. 

Application-wise, multi-material bioprinting may be employed to further improve the current 

single-material designs through the use of sacrificial inks. For instance, in a co-axial configuration, 

where the researchers used HUVEC-laden GelMA as the core and cell-free alginate as the shell, a 

lumen structure formed around the core fiber156, as explained in Section 2.4.1.3. However, the 

microfibers were not hollow, and they cannot essentially resemble a vessel-like structure. Tubular 

vessel-like constructs may be fabricated using a sacrificial material as the core ink299. Generally, 

the fabrication of vascularized constructs can be fostered by effectively exploiting multi-material 

bioprinting of bioinks and sacrificial inks. Another unique perspective in bioprinting is integrating 

multi-material technologies in 4D bioprinting, a method to use stimuli-responsive materials as the 

bioink348–350. Multi-material bioprinters can accommodate the use of multiple smart bioinks to 

fabricate multi-functional stimuli-responsive constructs. 

The accessibility of commercial multi-material bioprinters has motivated many researchers 

from different fields to leverage this technology for desirable tissue engineering applications 

without spending time and resources on the production of bioprinters. Previously, multi-material 

technologies were mostly limited to biomedical engineering labs with essential engineering 
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backgrounds for its development. Most commercial bioprinters are based on the extrusion 

technique due to its accessibility, affordability, and easy-to-use platform. There is still an unmet 

need for commercial multi-material LIFT and vat-photopolymerization bioprinters to make these 

technologies accessible and available to more research labs, where they can be used for cutting-

edge applications. The cost barrier and the complexity of the LIFT bioprinting method are the main 

challenges in commercializing this method. 

Looking into the future, we envision hybrid bioprinters comprising multi-material modules to 

be developed. With the aid of various parallel modules, different tissue parts can be fabricated and 

assembled to form a complete and functional whole-size organ. An exploratory 3D printer 

combining an aerosol jet head, a photonic cure head, extrusion modules, and inkjet heads has been 

recently reported to create complex structures with high precision351. Hybrid bioprinters 

comprising molten material-extrusion and DLP/SLA modules have also been used to print soft 

hydrogels and thermoplastics simultaneously352. Such a combination is favorable to fabricate cell-

laden constructs with gradients and high mechanical strength. Acoustic-based technologies have 

recently been utilized for the spatial assembly and patterning of cells or organoids into complex 

microtissues353–355.  Ultrasound acoustic waves could potentially be used as a contact-free and cell-

friendly approach to align multi-cellular 3D constructs within layers to recapitulate the intrinsic 

microarchitectural organization of many native tissues. For instance, hybrid bioprinters capable of 

preferentially organize cellular arrays within bioprinted constructs have pioneered the integration 

of acoustophoresis with nozzle-based bioprinting methods356,357. Other works such as manual358 or 

robotic337 mini-tissue assemblies also prove the feasibility of modular tissue fabrication. 

Significant advances in multi-material bioprinting technologies have been achieved over the 

last two decades. However, synergetic efforts on developing bioprinting techniques, bioinks, and 
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gantries are still needed to realize the full potential of these technologies. This review focused on 

the technologies developed for multi-material bioprinting and provided a comprehensive overview 

of their design, standard techniques, commercialization progress, and biomedical applications. 

Multi-disciplinary research and collaborations between academic research and industries will be 

crucial to bringing this technology into clinical use. 
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Chapter 3 

3. Chapter 3: Introduction update 
 

3.1 Microfluidics 

Microfluidics is a rapidly growing interdisciplinary field that focuses on manipulating and 

controlling fluids at sub-millimeter scales in microfabricated devices. The discipline is now well-

established, with numerous advancements focused on utilizing microfluidics in biomedical 

research and point-of-care diagnostics1,2. Microfluidic devices can be classified into two main 

categories based on their liquid actuation mechanisms: actively-powered systems that require 

external power sources for liquid manipulation, and self-powered systems that rely solely on forces 

defined by the geometry and material properties of the microfluidic device for liquid manipulation. 

Actively-powered microfluidic devices, which include pneumatic, centrifugal, 

electroosmotic, and acoustic methods, offer precise control over fluid flow. These devices often 

necessitate peripheral equipment and lab facilities, making them more akin to "lab-around-a-chip" 

devices rather than "lab-on-a-chip" devices, and subsequently limiting their point-of-need 

applications. Pneumatic actuation uses air and vacuum lines for precise liquid manipulation in 

microchannels3. It offers robust flow control but relies on connections, limiting point-of-care use. 

Centrifugal microfluidics, also known as lab-on-a-disk, leverages spinning disk-shaped devices at 

high speeds to generate centrifugal forces for fluid handling4,5. While it is disposable and mass-

producible, the motor/ spinner size restricts its portability. Electroosmotic actuation applies electric 

fields to generate flow within microfabricated channels, allowing for high-precision flow control; 
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however, its operation is sensitive to changes in buffer composition and surface properties, and the 

requirement for high-voltage power supplies restricts its application6. Acoustic actuation employs 

acoustic fields for fluid manipulation, offering contactless, non-invasive, and precise control, 

though its applicability in remote settings may be limited due to the need for complex equipment7. 

Although actively-powered microfluidic devices provide versatility and precision, their reliance 

on peripheral equipment and lab facilities restricts their use in point-of-care or minimally 

instrumented operation. On the other hand, self-powered microfluidic devices, such as capillary-

driven or capillary microfluidics, leverage capillary effects for fluid flow control without the need 

for external power sources8,9. Due to their low cost, disposability, and potential for automation, 

they hold great promise for advancing point-of-care diagnostics and other biomedical applications. 

By addressing the limitations of "lab-around-a-chip" devices, capillary-driven microfluidics can 

provide more accessible and portable solutions for a wide range of applications. 

3.2 Microchannel-Based Capillary Microfluidics 

Capillary microfluidics, a subfield of microfluidics, relies on surface tension effects to 

manipulate liquids without the need for external peripherals or power supplies. Microchannel-

based capillary microfluidics is a versatile platform for developing innovative lab-on-a-chip 

systems by precisely designing and engineering microchannels for self-powered fluid control. 

Capillaric circuits (CCs) are advanced capillary microfluidic devices that make use of capillary 

forces to perform complex flow-control operations9. CCs are assembled from individual capillaric 

elements to program multistep processes with minimal user-dependent steps9,10. Unlike pressure-

driven microfluidics that require peripherals, connections, and computers for automation, CCs can 

autonomously perform various liquid handling algorithms step-by-step. This makes CCs a 

versatile platform for developing autonomous and pre-programmed sequential delivery of different 
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liquids on a single chip. This capability allows CCs to serve as a versatile platform for developing 

autonomous and pre-programmed sequential delivery of different liquids on a single chip, making 

them particularly attractive for applications requiring minimal user intervention. 

 

Figure 3.1. Microfluidic chain reaction (MCR) and the capillary domino valve (CDV). A) Serial (i), 

branching (ii), and timed, cascaded (iii) MCRs. (b) A 3D-printed CC chip with embedded CDVs. A CDV 

consists of a bottom RBV, top RBV, and an air channel. (c) The schematic representation of the CC shown 

in panel b11. Copyright 2022 Springer Nature Limited. 

To further improve capillary microfluidics functionality, ongoing research is dedicated to 

introducing new elements that enhance the performance of CCs. For instance, recently, our lab 

introduced a novel concept called microfluidic chain reaction (MCR) for executing autonomous 

liquid handling algorithms by structurally programming capillary flow events in a CC. MCR 

operates on the principle that the activation of one event occurs only after the completion of the 

preceding event11 (Figure 3.1). This is achieved through a specific capillaric element known as 
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the capillary domino valve (CDV). In essence, a CDV consists of two retention burst valves (RBVs) 

located at the top and bottom, connected by an air link. When the bottom RBV drains, it terminates 

the ongoing capillary flow event and exposes the top RBV to atmospheric pressure, initiating the 

subsequent capillary flow event. Using MCR, Yafia et al. showed automated sequential release of 

300 aliquots across 3D-printed connected chips. 

To fabricate molds and replicate polymeric CCs devices, silicon wafers and cleanroom 

techniques were initially used9. While this approach offers high-resolution fabrication and works 

well for a limited set of biocompatible materials in a lab setting, the cost, time, design, and post-

processing assembly and functionalization constraints have restricted the applications of CCs.  

 

Figure 3.2. CCs fabricated using 3D printing. A) Fabrication of CCs based on 3D-pritned mold12. (i) 3D-

printed mold of the CC, (ii) PDMS replica with transparent cover. Copyright 2016, Royal Society of 

Chemistry. B) Mold-less fabrication of CCs13. (i) design of the chip in a computer-aided design software, 

(ii) DLP-based 3D printing of open channels, (iii) rinsing with isopropanol (IPA) to remove uncured resin, 

(iv) drying the chip, (v) post-UV curing for 1 min, (vi) plasma treatment for surface functionalization, (vii) 

sealing the chip with a hydrophobic tape. Copyright 2023, Royal Society of Chemistry. 

In recent years, additive manufacturing has garnered increasing attention as a means of 

integrating 3D digital designs and automated fabrication to address the limitations of conventional 

fabrication processes and improve efficiency14. Specifically, 3D printing reduces the resources and 

skills required to fabricate microfluidic devices, including CCs, enabling the dissemination of 
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microfluidic technology quickly. In one of our previous studies, we demonstrated the feasibility 

of using a benchtop DLP-based 3D printer to quickly and inexpensively manufacture reliable 

circuits by replicating Polydimethylsiloxane (PDMS) from 3D-printed molds12 (Figure 3.2A). 

With 3D-printed molds, multi-sized height features could be fabricated in one run, addressing one 

of the key challenges in the classical photolithography method, where each different depth requires 

a new processing step and precise layer alignment. However, even with these advancements, 

designs are still limited to two-dimensional planar microchannels, and additional assembly steps 

and surface modifications are necessary to tune the wettability of channels and make CCs 

functional. 

Our recent works took a step further in making the fabrication procedure of CCs easier, 

faster, and achievable for users with minimal fabrication skills11,13. We demonstrated the mold-

less fabrication of capillaric circuits by sealing 3D-printed and plasma-treated open and planar 

capillaric elements with a hydrophobic plain cover (Figure 3.2B). This mold-less method 

significantly reduces the prototyping time and cost of CCs, enabling the quick execution of 

multiple rounds of iterations for the early stages of CCs designs. Although recent advancements 

in mold-less fabrication methods have made CCs prototyping easier, faster, and achievable for 

users with minimal fabrication skills, the need for surface modification, post-print assembly, and 

planar 2D design restrictions continue to be significant barriers to designing geometrically 

complex CCs and fabricating them in non-technical settings. 

3.3 Digital Manufacturing Approaches for Microfluidic Applications 

Digital manufacturing (DM), an emerging paradigm in the field of engineering and 

fabrication, has revolutionized the way we design, manufacture, and assemble products15. It 

encompasses a broad range of computer-based technologies, such as 3D printing, computer 
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numerical control (CNC) machining, and laser-based manufacturing techniques, that enable rapid, 

precise, controlled, and customizable production of complex components. One of the most notable 

aspects of DM is the ability to print objects in a manner similar to printing a document from a PDF 

file. In this case, instead of a 2D document, a 3D design file is used to directly produce physical 

objects through 3D printing. Over the last few years, the rapid technological progress, low capital 

costs, and minimal skill requirements associated with DM have resulted in its widespread adoption 

across various sectors16. In the context of microfluidics, digital manufacturing has the potential to 

overcome the limitations of traditional clean room microfabrication and replication methods by 

employing both subtractive and additive processes, such as micromilling, laser cutting, and 3D 

printing. 

The integration of DM techniques into microfluidics offers numerous advantages, 

including rapid and cost-effective prototyping, which allows researchers to iterate, optimize, and 

share their designs quickly, democratizing microfluidics and streamlining the development 

process14. Moreover, DM can facilitate the production of intricate structures that would otherwise 

be challenging or impossible to create using traditional fabrication techniques like soft lithography 

or injection molding.  

However, several challenges hinder the full realization of DM's potential in the 

microfluidics field. For instance, most microfluidic systems require peripherals that can be costly 

and bulky, limiting their wider adoption and the number of users who could benefit. These active 

microfluidic systems often consist of a chip actuated by peripherals using a computer program. 

Additionally, many microfluidic systems are too complex for digital manufacturing, either 

requiring a multitude of different materials or relying on microscopic features that are too small 

for typical additive and subtractive manufacturing processes. One promising approach to 
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circumventing the challenges associated with peripherals in microfluidics is capillary 

microfluidics, which can operate without requiring any bulky peripherals by utilizing capillary 

phenomena dictated by the geometry and surface chemistry of microchannels to control fluid flow. 

By utilizing digital design files, researchers and manufacturers can easily share, modify, 

and collaborate on capillary microfluidic device designs. These files can then be sent to a 3D 

printer or other DM equipment to rapidly produce the devices, thus eliminating the need for 

complex and expensive traditional fabrication methods. This process not only reduces the time and 

cost associated with microfluidic device development but also fosters open-source collaboration 

and innovation within the field. Moreover, the accessibility of DM enables researchers and 

industries with limited resources to engage in the development and production of microfluidic 

devices. By leveraging the power of 3D printing, DM reduces the barriers to entry and encourages 

the widespread adoption of microfluidic technologies across various sectors. For more information 

on digital manufacturing of microfluidic devices, readers are referred to the published review paper 

titled 'Digital manufacturing for microfluidics' by Naderi et al.14. 

3.4 Overview of photocurable biocompatible inks for VP 

While the photoinitiator also contributes to the reduction of light penetration depth, the 

photoabsorber has a more significant influence in this regard. Therefore, the photoabsorber has 

been added specifically to control and reduce the penetration depth of light. Biomaterials 

compatible with SLA 3D printing method are materials functionalized with acrylate, methacrylate, 

alkyne, and acrylamide groups, including hyaluronic acid-methacrylate, gelatin-methacrylate, 

polyethylene glycol diacrylate (PEGDA), polyethylene glycol dimethacrylate (PEGDMA), and 

polyethylene glycol diacrylamide. 
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VP printing in biomedical science has been made possible due to significant progress in 

development of photocurable biomaterials. Implants, biomedical and microfluidics devices can be 

fabricated using resins and elastomers, while photocrosslinkable hydrogels can encapsulate cells, 

and being used for bioprinting. To create implantable devices, some recent commercially available 

resins can meet the necessary requirements for printability, mechanical strength, and 

biocompatibility. Biodegradable polymers, such as poly (octamethylene maleate [anhydride] 

citrate) (POMaC), poly(ε-caprolactone) (PCL) and poly(α-hydroxy acids), have been utilized for 

clinical and tissue engineering applications17–19. By using acrylated trimethylene glycol (TMG) or 

poly(ethylene glycol) (PEG) as the linker, acrylate-endcapped poly(ε-caprolactone-co-

trimethylene carbonate) resins have been developed for use in VP 3D printing. This method has 

been successful in producing microneedles20. In addition, there are newly available commercial 

resins in the market, including those offered by Formlabs and 3D Systems21. These resins are 

classified as biocompatible, falling under categories I to IIa, and are suitable for use in dental 

applications, surgical, and implant parts for a limited duration. 

Although biocompatible resins, hydrogels and elastomer inks have been successfully 

developed for VP printing, there remains a lack of suitable biomaterials that can fulfill the 

necessary requirements for both biological and mechanical compatibility and printability. This has 

limited the applicability of VP printing for biomedical applications. 

3.4.1 Synthetic photocurable inks 

3.4.1.1 Poly(ethylene glycol) diacrylate (PEGDA) 

In tissue engineering and pharmaceutical applications, PEG is a commonly used biomaterial 

due to its biocompatibility and hydrophilicity. Incorporating acrylate or methacrylate groups into 

PEG is advantageous since it makes photocurable. The properties of PEGDA vary depending on 

its molecular weight (Mw). For example, networks formed with an Mw of 8000 Da or less do not 
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allow the diffusion of myoglobin. However, PEGDA with an Mw of 20,000 Da or higher permits 

the transport of larger proteins such as ovoalbumin with an Mw of up to 45,000 Da22–24. In addition, 

the lower molecular weight PEGDA exhibited a better printability due to it lower viscosity and 

faster reaction. 

Miller group has utilized PEGDA with an Mw of 6000 Da and 3400 Da as well as food dye as 

a photoabsorber in the fabrication of intricate volumetric structures using DLP printing, such as a 

noncellular vascularized alveolar unit capable of ventilation(Figure 3.3A-B)24,25. Nonetheless, 

certain factors, such as its nondegradability and solubility, as well as its lack of binding sites for 

cells, limit the suitability of PEGDA for use in bioprinting in certain circumstances. In addition, it 

is possible to modify PEGDA to simulate the components of the extracellular matrix (ECM) and 

improve cell adhesion. As an example, RGDS has been used as a modification to PEGDA, as it is 

a cell-adhesive peptide that specifically interacts with integrin receptors on the surface of cells26. 

This allows for the creation of ECM-like hydrogels which significantly improve cell adhesion and 

biocompatibility. 
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Figure 3.3 Examples of VP 3D-printed constructs using PEGDA. A) Entangled vascular networks 3D-

printed with PEGDA with molecular weight 6000,  food dye as the photoabsorber. B) 3D printed alveolar 

model during ventilation24. Copyright 2019, The American Association for the Advancement of Science 

Publishing. C) 3D-printed microfluidic channels using PEGDA-258 and ITX photoabsorber. D) High 

resolution and high aspect ration channels with a 1 pixel wide and 1 mm height27.  Copyright 2019 WILEY-

VCH Verlag GmbH & Co. KGaA, Weinhei. E) 3D model and microscope image of membrane valve-based 

diluter 3D-printed with PEGDA-258 and NPS photoabsorber28. Copyright 2021 Springer Nature Limited. 

G) 3D-printed 18 μm height channels with a layer thickness of 6 μm using 3% NPS29. Copyright The Royal 

Society of Chemistry 2017. 

PEGDA at a low molecular weight has caught the attention of researchers searching for 

alternative materials to PDMS that are more amenable to manufacturing microfluidic devices. 

PEGDA-258 is transparent, biocompatible, and impermeable to water due to its low molecular 
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weight30,31. Furthermore, it can be modified to introduce functionalities that make it more 

amenable to biological applications. To make it more suitable for 3D printing microfluidic devices, 

the resin mixture is combined with a photoinitiator, such as BAPO, and a photoabsorber, such as 

isopropyl thioxanthone (ITX) or 2-nitrophenyl phenyl sulfide (NPS), to reduce the penetration 

depth of light27,29. The Folch group has demonstrated the ability to 3D-print microchannels with a 

cross-section of one-pixel-wide and 1-mm-tall using PEG-DA-258 with ITX photoabsorber, while 

the Nordin group has printed microchannels with a smaller cross-section using NPS photoabsorber 

due to using a 3D printer with a smaller pixel size (Figure 3.3C-G). Compared to ITX, NPS is a 

photoabsorber that is more toxic to cells. Samples printed with NPS require thorough washing 

before they can be used in cell culture applications32. PEGDA-258 is not only easier and less 

expensive to manufacture than PDMS but also more beneficial in applications that require drug 

testing14. While PEGDA is highly printable and biocompatible, it lacks the oxygen permeability 

that PDMS possesses. 

3.4.1.2 Poly(vinyl alcohol) (PVA) 

The use of PVA has been reported as a suitable bioink in the development of cartilage and 

bone tissue engineering. PVA methacrylate, also known as PVA-MA, exhibits excellent 

biocompatibility, hydrophilicity, adjustable mechanical properties and modifiable functional 

groups, giving rise to modifications with methacrylates and tyramines33,34. VP printing of tissue-

like constructs with high resolutions has been made possible using PVA-MA, either alone or in 

combination with GelMA, through a visible light illumination. Tissue-like constructs printed with 

a combination of PVA-MA and GelMA have shown potential for the development of osteogenic 

and chondrogenic tissues, as well as for the growth of endothelial cells on their surfaces35. 

Nevertheless, unmodified synthetic materials usually lag behind natural polymers in terms of 
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bioactivity (as they commonly lack innate cell binding sites) and their ability to properly support 

cell differentiation. To overcome this limitation, studies often apply specific modifications, such 

as incorporation of adhesive motifs (e.g. RGD) which promote the cell-instructive capability of 

synthetic materials36. To replicate the externally controllable remodelling or degradation of natural 

materials, proteinase-sensitive crosslinkers have also been integrated into synthetic scaffolds37. 

This suggests that PVA-MA/GelMA could be a promising bioink for VP-based bioprinting. 

3.4.1.3 Poly(octamethylene maleate (anhydride) citrate) (POMaC) 

Printable materials with high elasticity and stretchability are not only useful for tissue 

engineering applications, but also, for example, for microfluidic chips, and soft robotic systems. 

POMaC is a citric acid-based and biodegradable elastomer that can be used for scaffold 

fabrication38 (Figure 3.4C). This material is a photo-curable elastomer that allows for fast 

fabrication under mild conditions. It degrades through hydrolysis reactions in aqueous solutions 

and is synthesized from non-toxic monomers. POMaC is a biodegradable, soft, and elastic material 

that can be adjusted to mimic the mechanical properties of a wide range of soft biological tissues, 

making it of great interest18,39. POMaC has recently been successfully used as a crucial component 

of implantable pressure/strain sensors for tendons and pulse sensors for blood vessels, chosen and 

validated for its biocompatibility, biodegradability, and mechanical properties40–42. In a recent 

study on the development of a pressure sensor for orthopedic tendon applications, Boutry et al. 

studied the biodegradability and resistance of POMaC to cycling stress(Figure 3.4B)41. They 

defined the required material properties for POMaC as a packaging layer of the overall sensor 

device, which included a low tensile modulus to prevent the restriction of motion or the healing 

process of the injured tendon and the ability to resist deformation (to avoid breaking) upon repeated 

physiological stress. These properties were essential to facilitate the necessary rehabilitation 
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exercises of the injured individual. Due to their limited printability, POMaC has not been readily 

used for the manufacturing of complex and intricate structures. 

 

Figure 3.4. Various applications of POMaC. A) Angiochip, a scaffold that supports the culture of cells 

on a mechanically tunable matrix (POMaC) that incorporates a perfusable, branched microchannel network 

coated with endothelial cells. Scale bars 1 mm (left) and 400 µm (right)43. Copyright 2016, the Authors, 

published by Springer Nature. B) A stretchable, biodegradable tendon strain and pressure sensor; POMaC 

was used as a packaging material, coming in direct contact with host tissue42. Copyright 2018, the Authors, 

published by Springer Nature. C) A cultivation platform for the generation of cardiac microtissues to model 

disease. POMaC wires are placed perpendicularly to the microtissues, which attach onto the POMaC wires; 
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the displacement of the wires upon contraction of the microtissues can be monitored to deduct the force 

dynamics of the microtissues in various conditions44. Copyright 2018, the Authors, published by Cell Press. 

3.5 Tumor-on-a-chip models  

As 3D tumor models closely mimic tumor behavior with high precision and are considered 

ethical and safe, they are ideal for testing drugs before moving onto clinical trials45. Tumor 

spheroids are highly suitable for high-throughput generation and assaying, and closely replicate 

the in vivo tumor microenvironment46,47. Microfluidics technology allows the inclusion of 

perfusable vasculature, making it an effective tool for drug screening to study the interactions 

between tumors and blood vessels48,49. 

Chen group utilized a sequential ink delivery approach with DLP technology to create a 

biomimetic tri-regional model of glioblastoma multiforme (GBM) using multiple bioinks in 

sequence50. This model was made up of a tumor region, an acellular extracellular matrix (ECM) 

region, and an endothelial region with stiffness patterns designed to mimic the Glioblastoma (GBM), 

brain parenchyma, and surrounding capillaries (Figure 3.5A-B). To achieve regionally varied 

biophysical properties, the GBM tumor region was printed using different concentrations of 

HAMA and GelMA. The two ECM formulations with different stiffnesses were designed to 

replicate the conditions of healthy brain tissue or GBM-remodeled stroma. Results showed that 

cell proliferation and expansion were increased in the soft ECM, while the stiff model promoted 

malignant phenotypes such as hypoxia, stemness, and angiogenic potential (Figure 3.5C-D). This 

study demonstrated that the VP bioprinting platform allowed for the fabrication of GBM models 

with mechanical heterogeneity in a rapid, flexible, and reproducible manner, which could 

potentially be used as a system for patient-specific GBM modeling and drug screening. 
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Hu et al. recently developed a chip design for evaluating the efficacy of anticancer drugs using 

a perfusable, vascularized tumor spheroid-on-a-chip model (Figure 3.5E-F)51. The chip included 

a chamber with a depth of 700 μm containing human HUVECs to allow for the development of a 

thicker layer of vessels with a distinct morphology, while the side channels containing fibroblasts 

enhanced vascular maturation. They utilized the PHD inhibitor DMOG to prevent the degradation 

of normal blood vessels while enhancing the effectiveness of the anticancer drugs paclitaxel and 

cisplatin in human esophageal carcinoma spheroids. This platform can be used for functional drug 

evaluation to improve chemotherapy treatments, with potential clinical translation in personalized 

medicine. The study highlights the need for further research to understand the molecular 

mechanisms underlying the effects of DMOG. 
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Figure 3.5 OoC devices. A-B) 3D-bioprinted Glioblastoma models with locally varied mechanical 

properties50. A) The VP 3D printing approach. B) the model dimensions and stiffness of each region in the 

3D-printed model. Copyright 2021, Wiley-VCH. C) Bright field images of 3D printed models with stiff 

and soft environment. D) Comparing the 3D tumor-only stiff condition with the 3D tumor-only soft 

condition. E-F) Vascularized Tumor Spheroid-on-a-Chip Model. E) Schematic of the vascularized tumor 

spheroid-on-a-chip. F) Fluorescence images display a representative cryosection that demonstrates the 

vascularization of a tumor spheroid following 10 days of culture51. Copyright 2022, American Chemical 

Society. 

3.6 Conclusion 

In conclusion, in this chapter, we focused on reviewing capillary microfluidics, DM, and 

photocurable bioinks for vat-photopolymerization, specifically synthetic ink, including PEGDA 

and POMaC. This chapter aims to fill the gaps in background knowledge not addressed in the 

previous chapter and provides a foundation for the forthcoming sections of the thesis. This chapter 
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serves as a foundation for the subsequent sections of the thesis, which will delve deeper into the 

topics covered and contribute to advancing the field of biofabrication. 
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Chapter 4 

4. Chapter 4: Digital Manufacturing of Functional Ready-to-Use 

Microfluidic Systems 
 

4.1 Preface 

Our research group recently developed multiple capillary microfluidic systems using 3D 

printing of open channels for automating an ELISA-on-a-chip for COVID19 antibody and antigen 

assays, and for the first microfluidic thrombin generation assay based on microfluidic chain 

reaction (MCR). Capillary flow depends on controlled hydrophilicity, which previously required 

a plasma chamber for post-processing. Here we introduce a new hydrophilic ink formulation, for 

simplifying the fabrication process. These advances open the door for distributed and digital 

manufacturing of functional microfluidic CCs and systems by anyone, anywhere, anytime. 

This chapter is a manuscript of a research article under review in the journal of Advanced 

Materials: “Digital Manufacturing of Functional Ready-to-Use Microfluidic Systems”, V. 

Karamzadeh*, A. Sohrabi*, M. Shen, and D. Juncker. 
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4.2 Abstract 

Digital manufacturing (DM) strives for the seamless manufacture of a functional device 

from a digital file. DM holds great potential for microfluidics, but requirements for embedded 

conduits and high resolution beyond the capability of common manufacturing equipment, and 

microfluidic systems’ dependence on peripherals (e.g. connections, power supply, computer), have 

limited its adoption. Microfluidic capillaric circuits (CCs) are structurally-encoded, self-contained 

microfluidic systems that operate and self-fill thanks to precisely tailored hydrophilicity. CCs were 

heretofore hydrophilized in a plasma chamber, but which only produces transient hydrophilicity, 

lacks reproducibility, and limits CC design to open surface channels sealed with a tape. Here we 

introduce the additive DM of monolithic, fully functional and intrinsically hydrophilic CCs. CCs 

were 3D printed with commonly available light engine-based 3D printers using 

polyethylene(glycol)diacrylate-based ink co-polymerized with hydrophilic acrylic acid 

crosslinkers and optimized for hydrophilicity and printability. A new, robust capillary valve design 

and embedded conduits with circular cross-sections that prevent bubble trapping are presented, 

and complex interwoven circuit architectures created, and their use illustrated with an 

immunoassay. Finally, the need for external paper capillary pumps is eliminated by directly 

embedding the capillary pump in the chip as a porous gyroid structure, realizing fully functional, 

monolithic CCs. Thence, a computer-aided design file can be made into a CC by commonly 

available 3D printers in less than 30 minutes enabling low-cost, distributed, DM of fully functional 

ready-to-use microfluidic systems.   

Keywords: Hydrophilic ink, 3D Printing, Capillaric Circuits, diagnostics, functional microfluidics, 

digital manufacturing     
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4.3 Introduction  

Digital manufacturing (DM) implies the largely automated, computer-centric fabrication 

of customizable products from a digital file to a final product. Widespread adoption of DM requires 

both widely available manufacturing equipment, and designs that can be directly manufactured by 

these equipment. Microfluidic systems have traditionally been made by clean room 

microfabrication and replication methods1, but the adoption of classical and emerging subtractive 

and additive manufacturing processes for microfluidics fabrication makes it a candidate for DM.2 

Subtractive processes include CNC milling3 and laser cutting4 while additive processes include 3D 

printing using filament-based printing5,6 and light-based photopolymerization7–9 have become 

popular over the last few years owing to rapid technological progress, low capital costs, and low 

skill requirements10. In particular, application-specific microfluidic chips would benefit from on-

demand and on-the-fly design and manufacturing. DM could drive a broader adoption of 

microfluidics if one could print functional microfluidic systems similar to the way one can print 

out a digital text and art, such as this manuscript, on one’s own printer at the office or at home in 

a matter of minutes.  

There are several challenges that prevent the rapid adoption of DM for microfluidics. 

Firstly, most microfluidic systems are computer controlled, and require peripherals that can be 

costly and bulky, and are application specific, and are thus not universally available. This 

requirement doubly impacts the adoption of DM because it is conditional on users pre-owning 

peripheral control systems and will limit the use of DM to making microfluidic chips. Moreover, 

the very use of computers and peripherals means that what is commonly referred to as active 

microfluidics11 is in actuality based on generic, passive chips that can be used for a variety of 

microfluidic applications by reprogramming the computer without the need for physically 
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reconfiguring the chip itself. As mass production of generic chips is cheaper than DM, it remains 

advantageous relative to DM. Secondly, many microfluidic systems cannot be made via DM 

because DM-compatible manufacturing processes lack versatility. Indeed, if the chip architecture 

is very complex, or the chips require special materials, or different materials, or if they require 

microscopic features, or a combination of both microscopic and macroscopic features, or special 

surface chemical properties, then they may not be compatible with current DM processes.  

Capillary microfluidics can operate without requiring any bulky peripherals by making use 

of capillary phenomena defined by the geometry and surface chemistry of microchannels to control 

fluid flow12,13. Additive manufacturing of monolithic, functional capillary microfluidics using a 

porous material with different powders of variable hydrophilicity to create microfluidic ‘channels’ 

was recently demonstrated using a customized binder jet 3D printer14. However, powder printing 

and this design were dependent on a custom printer design, thus preventing broader adoption. 

Stereolithography and digital light processor (DLP) have become widely available, and over the 

last few years, multiple groups15,16 have developed systems and processes for making microfluidic 

devices with high resolution and advanced functionality. Polyethylene(glycol)diacrylate (PEGDA) 

with a molecular weight of 258 (PEGDA-258) has emerged as a popular material for additive 3D 

printing of microfluidics devices17,18. Whereas the initial use of PEGDA was making ‘active’ 

microfluidics that use passive chips dependent on peripherals,17,18 more recently, DLP printing has 

been used to make so-called capillaric circuits (CCs)12,19.  

CCs are capillary microfluidics assembled from individual capillaric elements that 

structurally encode liquid handling algorithms. An initial study using replica molded CCs from  

DLP printed molds established the feasibility DLP printing despite a lower resolution than clean 

room fabricated CCs20, and alleviated initials concerns on whether capillary flow functions such 
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as filling and flow stop could be realized.20 More recently, application-specific CCs were directly 

printed on-demand and used to execute structurally pre-programmed liquid handling algorithms 

with as many as several hundred operations, thanks to the microfluidic chain reaction (MCR), and 

for applications in various assays.12,19,21 CCs operate thanks to precisely controlled hydrophilicity 

with a water contact angle between ~30-60º to meet the dual requirements of self-filling by 

capillary flow, and flow stoppage at capillary stop valves (SVs)21. Currently, 3D printed CCs 

require plasma post-processing for achieving the required hydrophilicity, which necessitates a 

plasma chamber, an equipment that is not readily available12. Moreover, this post-processing 

entails two additional limitations: hydrophilicity is fleeting and prevents CC storage and field 

usage, and only open, surface channels can be plasma activated, and hence CCs are printed as open 

surface structures enclosed with a hydrophobic cover – hydrophobicity is indeed required to 

preserve SV function. The cover also needs to be cut-out for sample delivery. In short, there 

remained multiple impediments that prevented direct DM of CCs.  

Here, we introduce a modified PEGDA-258 ink that is intrinsically hydrophilic for DM of 

monolithic, fully functional CCs with embedded conduits. We further introduce new designs for 

SVs and non-rectangular cross-sections that both improve functionality and reliability of 3D-

printed CCs. CCs with embedded interwoven conduits were used for serial delivery of reagents 

using the MCR and capillary retention burst valves (RBVs)22, and validated their use in 

immunoassays using SARS-CoV-2 protein. Finally, capillary pumps made from high-resolution, 

mathematically-generated geometries were directly integrated into the CCs, circumventing the 

need for external paper pumps. Thanks to these advances, fully functional CCs were printed within 

a few minutes on a commercial DLP 3D printer, paving the way for distributed DM of functional 

microfluidic systems. 
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Figure 4.1 Digital manufacturing (DM) of functional capillaric circuits (CCs) using an intrinsically 

hydrophilic ink (CCInk). (a) 1) Additive manufacturing of a CCs from a digital design file using a light 

engine and layer-by-layer vat photopolymerization (VP). 2) Removal of uncured CCInk under a stream of 

compressed air (<1 min). 3) Functional CC loaded with reagents and primed to execute the structurally 

encoded (i.e. pre-programmed) capillary flow events following the addition of the triggering solution. (b) 

Hydrophilic CCInk composition including polyethyleneglycol diacrylate (PEGDA-258) monomer, acrylic 

acid additive to tune hydrophilicity, a photoinitiator (TPO) and a photoabsorber (ITX). 

4.4 Results and Discussions 

Figure 4.1 illustrates the streamlined, rapid DM of monolithic CCs with an intrinsically 

hydrophilic, photopatternable ink (CCInk) comprising four main constituents, namely a monomer 

(PEGDA-258), a photoinitiator (diphenyl(2,4,6-trimethylbenzoyl) phosphine oxide, TPO), a 

photoabsorber (isopropylthioxanthone, ITX), and a hydrophilic agent and cross-linker (acrylic acid, 

AA). 
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4.4.1 Formulation and characterization of CCInk  

CCs made of native PEGDA-258 have a contact angle of ~65°, which albeit considered 

hydrophilic, is too hydrophobic for reliable self-filling of microchannels by aqueous solutions, 

especially in the presence of hydrophobic cover. While it is also possible to plasma treat PEGDA-

258 and increase hydrophilicity the surface gradually returns to its original, low hydrophilicity 

state over the course of 4h (Figure S1, Supporting Information).  

To permanently increase the hydrophilicity of CCs towards supporting reliable self-filling, 

we incorporated  acrylic acid (AA) and methacrylic acid (MA) into the PEGDA ink23,2424. AA and 

MA both have a vinyl group and can thus be co-polymerized with PEGDA by photopolymerization.  

The acidic groups of AA and MA can form hydrogen bonds with water, and thus lower the contact 

angle and increase hydrophilicity.23,24 We reasoned that by adjusting the ratio of PEGDA:Additive, 

the hydrophilicity could be adjusted to fall within the optimal range for autonomous, structurally 

encoded flow operations by CCs. 
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Figure 4.2. Photocurable ink design, optimization, and 3D printability (a) Static water contact angle 

for PEGDA-258 with different AA and MA concentrations (b) Toluidine blue assay (TBO) quantification 

of carboxyl group density on 3D-printed samples. (c) serial contact angle measurements over a period 

of >16 weeks illustrating surface stability (the dashed line shows the linear trend of the average WCA). (d) 

Penetration depth characterization of the hydrophilic formulation with different co-monomer 

concentrations. (e)  3D printed stacked microchannels separated with 25 µm membranes (white arrow) 

using a formulation with 10% AA. (f) (i) embedded rectangular channels, and (ii) 3D printed membrane 

with single layer roof membrane (white arrow) using a formulation with 10% AA. Scale bar: 100 µm. 

The contact angle of water on 3D printed parts as function of the percentage of AA and 

MA was measured. Figure 4.2a shows that it can be lowered to ~35° for 10% or higher additive 

concentrations. We tested higher concentrations of additives, but we observed no further changes 

in the contact angle while printing resolution was compromised as additive-additive cross-linking 

competes with additive-PEGDA cross-linking (results not shown). Toluidine blue is an acidophilic 

dye that reversibly binds to acidic molecules in a pH-dependent manner and was previously used 

to characterize carboxyl groups. We utilized toluidine blue assay (TBO) to quantify the density of 
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carboxyl groups in 3D printed structures (Figure 4.2b). The density of COOH as a function of AA 

and AM concentration in the ink shows saturation once the concentration reaches 10%. Based on 

these results, CCInk was formulated with 10% of AA because a contact angle of 35° meets the 

opposing requirement of self-filling by capillary flow and of halting it at a SV To evaluate the 

potential for storage of CCs made with CCInk, we assessed the long-term stability of CCInk by 

measuring the contact angle with water over time on 3D printed chips storted at room temperature 

over a period of 16 weeks, Figure 4.2c. We found the contact angle to be stable throughout, thus 

confirming the possibility of printing CCs, and use them at a later time.  

The photoabsorber and ink exhibit high efficiency at a wavelength of 385 nm, which 

matches the UV spectrum of 385 nm DLP light engines (Figure 4.S2a, Supporting Information). 

The ink's absorbance remains unaffected by variations in AA and MA concentrations (Figure 

4.S2b, Supporting Information). The manufacture of embedded conduits and thin bottom and 

ceiling walls depends on controlling the cross-linking depth and adsorption of UV light.  The cross-

linking depth was determined by applying uncured CCInk to a glass slide and exposing it to various 

light intensities shined through the glass. Upon removal of uncured ink, the thickness of cured ink 

can be measured, Figure 4.2d.  As expected, an increase in additive concentration leads to a 

reduced cross-linking depth. Furthermore, according to the penetration depth results, PEGDA-AA 

required a lower exposure time for solidification than PEGDA-AM due to more effective cross-

linking between AA and PEGDA. The reduced cross-linking in formulations with higher 

concentrations of AA and MA could be attributed to the lower molarity of acrylate groups, as the 

absorbance of the ink remains unaffected by variations in AA and MA concentrations. Hence, 

CCInk was formulated with PEGDA-AA and is the one used in the subsequent sections.  
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While the resolution of an open channel mainly depends on the projected pixel size in X 

and Y, embedded channels must also consider light penetration across the cross-linked membrane 

closing the channel and inadvertent crosslinking of entrapped ink immediately above it in Z. The 

ability to 3D print small embedded channels is crucial for fabrication of functional CCs. In addition, 

we demonstrated the printing of stacked embedded microchannels with 25 µm roof membranes, 

using a formulation with 10% AA (Figure 4.2e). Our ability to 3D print small embedded circular 

and rectangular channels would enable the seamless fabrication of capillarics.    

4.4.2 Embedded Stop Valve Optimization  

In order to develop functional fully 3D-printed CCs, the functionality and reliability of 

trigger valves (TV) and  SV that are critical to confine liquids to conduits and reservoirs in the 

circuits needs to be reconsidered21. Previous CCs were printed as open channels at the surface of 

the chip and were sealed with a hydrophobic cover forming the ceiling. In this scenario, the 3 

hydrophilic side walls of the conduit ensured self-filling by capillary force, while the hydrophobic 

ceiling was needed for stoppage of the incoming liquid at SVs and TVs. In contrast, when the 

conduits are embedded within the CCInK, the channel ceiling in the closed channel is hydrophilic 

as well, thus jeopardizing the functionality of the valves, and of the entire circuit. Consequently, 

it was necessary to characterize and optimize SV designs before developing complex CCs. In the 

conventional SV/TV, the flow within conduits experiences abrupt geometrical changes at the 

capillary valve only on three sides (bottom, left, and right), and the leakage from the top is 

controlled by having a fairly hydrophobic top surface (sealing cover). Hence, the meniscus is 

pinned at the SV outlet edge. Thanks to embedded channels, in the face-centric TV/SV design, the 

flow could be pinned at valves by having a sudden change on all sides (including the top surface) 

by designing valves at the middle of the second (orthogonal) microchannel (main channel). In this 

fashion, the flow will stop at the SV/TV even if the ceiling is hydrophilic by controlling the 
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expansion angle from the top, which is not attainable in conventional designs. In this design, the 

vertical gap plays a significant role in the valve performance, so having a sufficient vertical gap is 

necessary to hold liquids in reservoirs robustly for a longer time20. Error! Reference source not f

ound.4.3a compares the two TV designs 3D-printed with CCInk.  In the case of conventional 

design, both valves (top and side SVs) burst from the top side immediately after loading, and the 

liquid started spilling to the main channel and the capillary domino valves (CDVs)12. However, 

the face-centric valves could hold the liquid for a long time without leakage. The possibility of 3D 

printing embedded capillaric valves allows for controlling the expansion angle (90° or even more) 

on each side of valves and creating stronger and more robust TVs/SVs.  

3D printing enables the construction of vertical channels that are not possible or challenging 

to fabricate using conventional techniques, allowing to development of vertical SVs/TVs from top 

or bottom. Figure 4.3b further shows a vertical SV connecting the reservoir to the main channel 

from the top; in MCRs, the conduit connecting the reservoir to the main channel was called a 

functional connection owing to the multiplicity of functions it fulfils.12 The vertical valve held 

liquid in the reservoir for 20 min without leakage and was insensitive to gravity effects. The 

functionality of the conventional and face-centric SVs was also verified by studying capillary 

filling within functional connections using the level-set method and COMSOL simulation. As 

shown in Figure 4.3a, the conventional valve failed to stop the flow right after capillary-filling, 

and the flow spread to the top surface of the expansion chamber, while embedded valve stopped 

the flow without leakage under the same boundary conditions.     

To further characterize the performance of the face-centric SVs, a pressure pump was used 

to measure bursting pressure at SVs of different sizes. Embedded valves with conduits with 

different square cross-section areas (from 100 to 1000 µm) were designed and 3D-printed for the 
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burst pressure test, as shown in Figure 4.3c. Each SV was connected to a positive pressure line at 

the inlet and another line at the outlet to provide an adjustable pressure difference between the 

upstream and downstream of each SV. The pressure difference was gradually increased by 

applying a positive inlet pressure until the meniscus bursts on the sides of the SV. As shown in 

Figure 4.3c, the bursting pressure value decreased from ~1200 Pa for the smallest SV to ~350 Pa 

for the largest tested SV with a size of 1 mm. This suggests that face-centric SVs can withstand a 

higher pressure  than conventional SVs (with a hydrophobic top surface) that were tested in our 

previous study12.  Using finite element modelling, the bursting pressure at face-centric SVs with 

different cross-section areas was simulated and the highest pressure that could be rested by the SV 

calculated, finding a good concordance between experiments and theory.  

As a proof-of-concept,  a monolithic CC with embedded conduits, a two-layered CC with a 

MCR with nine capillary flow events, five on top and four on the bottom layers was manufactured 

(Figure 4.3d, Video S1, Supporting Information). The 5th reservoir in the top fluidic network is 

connected to the 6th reservoir in the bottom network through a CDV, while the main conduit also 

bridges the two layers. Upon drainage of the reservoirs in the top layer, the ones in the bottom 

layer were drained. Manufacturing embedded channels could help integrate more conduits within 

the working footprint of the 3D printer. Vertical connections could add to the pressure head due to 

gravity, and interfere with capillary valve functionality, however as the height was low, functional 

CCs could be readily made.  
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Figure 4.3.  Redesigned and improved capillary stop valves. (a) FEM-based simulation of capillary flow 

reaching a conventional SV with continuous ceiling (0° angle and 3 surfaces with 90° angle relative to flow 

direction) and of a face-centric SV (four 90° angles). For a CCInk with a water contact angle ~ 35-40°, 

conventional SV/TV fail immediately while face-centric ones stop the liquid. (b) Experimental 

characterization of (I) conventional, and face-centric SV/TV intersecting the other conduit (II) laterally or 

(III) from the top; only face centric SV/TV could stop the liquid flow (arrows show the flow direction) (c) 

Comparison between simulation and experimental burst pressure for face-centric SV/TV with different 

square cross-section areas (from 100 to 1000 µm side) versus fitted values derived from a numerical model. 

(d) 3D printed two-layered CCs with face-centric elements for sequentially draining of 9 reservoirs using 

MCR (See Video S1, Supporting Information). 

4.4.3 3D printing of CCs with embedded conduits with circular cross-sections. 

Microfluidic conduits with square and rectangular cross-sections are commonly used as they 

are easy to manufacture using standard microfabrication methods and 3D printing. However, for 

liquids where the contact angle falls < 45°, edge flow in the corners arises. Hence liquid filaments 
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can reach an exit and clog it, thus trapping bubbles. This situation can arise in CCs when using 

low surface tension solutions, such as buffers including surfactants that are used in assays to 

prevent non-specific binding. When using a solution containing 0.1 % surfactant, with a water 

contact angle of 25° with photocured CCInk, we observed corner flow and bubble trapping, Figure 

4.4a. Therefore, we explored the possibility of printing conduits with circular cross-sections using 

VP 3D printing while considering the limited resolution of the 3D printer. To improve circularity 

and minimize artifacts, we utilized anti-aliasing techniques and a low layer thickness of 20 µm. 

Following optimization, we were able to successfully 3D print circular channels with diameters as 

small as 160 µm (representing a slight trade-off in diameter compared to rectangular conduits, 

which were 108×100 µm², Figure 4.4b. A serpentine conduit with circular cross-section with 

varying diameter was also filled with a low surface tension solution, and successfully averted 

bubble trapping, Figure 4.4c. A functional CC with three reservoirs with circular cross-sections 

each connected to    RBVs21,22  with a different threshold was manufactured, Figure 4.4d. Each of 

the reservoirs was connected to the main conduit via a 200 µm diameter conduit, and upon filling 

and actuation, the three reservoirs were drained according to the pre-programmed sequence 

encoded by the RBV thresholds (Videos S2-S3, Supporting Information). 
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Figure 4.4. Monolithic 3D printed CCs with embedded conduits with circular cross-sections. (a) Flow 

of low surface tension liquid (0.1% Tween 20 in Mili-Q water) in a conduit with a rectangular cross-section 

is accompanied by edge flow and air bubble trapping. (b) cross-section of embedded circular conduits – 

scale bar is 100 µm. (c) Same liquid in a circular conduit without edge flow and without bubble trapping. 

(d) 3D printed CC with circular cross-sections and face-centric SVs/TVs filled with dyed solutions in 3 

reservoirs with 4 RBVs with different bursting thresholds for sequential delivery (See Videos S2-S3, 

Supporting Information). 

4.4.4 Immunoassay with a 3D-Printed CC with embedded conduits  

To demonstrate the power and compatibility of our 3D printing technique, a proof-of-

concept ELISA assay was developed to detect SARS-CoV-2 antibodies. ELISAs require a 

sequence of steps to amplify the readout signal enzymatically. The designed ELISA protocol for 
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the colorimetric detection of COVID-19 antibodies consists of three steps. First, the biotinylated 

antibody (sample) flows over the test zone where we already deposited the Nucleocapsid protein. 

Second, poly-HRP streptavidin flows over the test zone. Finally, the substrate flows over the test 

zone to chemically react with poly-HRP and generate a brown precipice visible to the naked eye 

(Figure 4.5a). We performed the ELISA assay manually (off-chip) to optimize the volume and 

concentration of reagents.  

After optimizing capillaric elements and the assay, we designed and 3D-printed a 

monolithic CC microfluidic device to translate the manual ELISA assay into an autonomous 

multistep assay, in which sample and reagents are controlled and released sequentially to follow 

the assay protocol. This design includes three 3D reservoirs, one on the top layer and two on the 

bottom layer, to deliver the sample and reagents sequentially to the end of the main channel. The 

device is pre-programmed by designing 3D RBVs upstream of each reservoir, and all three are 

connected to the main channel through embedded functional connections (3D trigger valves) at 

their downstream to release the assay components sequentially. CCInk and 3D printing enable the 

manufacturing of compact devices by designing freeform capillaric elements and channels in three 

dimensions. Taking advantage of this characteristic, two layers of channels were designed and 

fabricated in this particular design, as shown in Figure 4.5a. A lateral flow module is connected 

to the end of the main channel. The module comprises a nitrocellulose membrane (test zone) 

sandwiched between two capillary pumps to ensure the flow throughout the assay. Before running 

the chip, the functionality of capillaric valves and sequential delivery were verified using dyed 

solutions, as shown in Figure 4.5b. All three reservoirs are first filled, and solutions are stopped 

into the functional connections. Then the assay starts by adding buffer into the main channel. The 

flow in each reservoir resumes when the functional connections are triggered by the trigger buffer 
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in the main channel.  Upon contact with the trigger buffer, solutions in reservoirs are released into 

the main channel and wicked sequentially through the main channel. Error! Reference source not f

ound.b shows the sequential steps when the main channel is filled and connected to a paper pump 

(Video S4, Supporting Information). The blue solution (sample) in the top layer is released first, 

followed by releasing green and red solutions representing poly-HRP streptavidin and substrate, 

respectively, in the bottom layer. The CAD design of the fluidic network shows how channels 

were connected in 3D. Using a series of chips and samples at six different concentrations (0 to 

10000 ng/ml) with three replicates of COVID-19 antibody in buffer, we established a binding 

curve. The assay results appeared as a line, which was scanned to quantify the signal, Figure 4.5c.   

 

Figure 4.5. An autonomous assay using a 3D-printed monolithic CC. (a) A 3D-printed chip to deliver 

samples and reagents sequentially to the test zone where nucleocapsid protein (NP) is already spotted on 

the nitrocellulose membrane (NM) to complete the assay workflow. The assay includes three steps; 

biotinylated rabbit-anti NP (150 µl), Streptavidin-HRP (40 µl), and substrate (DAB, 50 µl) to produce 

colorimetric signals. (b) Sequential and pre-programmed release of colored solutions triggered by 
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connecting the paper pump (Video S4, Supporting Information). (c) Assay results and the binding curve 

obtained by imaging the test zone with a scanner (fitted with a 4-paramater regression, 3 replicates for each 

point). 

4.4.5 Full Additive Manufacturing of CC with Gyroid Capillaric Pump (GCP) 

Using 3D Printing and CCInK, we manufactured fully functional circuits without the need 

for a paper pump. We adopted a gyroid25–27 based on triply periodic minimal surfaces (TPMS) as 

the capillary pump (GCP) (Figure 4.6a).  The comparative high-resolution of the DLP printers 

enabled us to make embedded small features and form a capillary pump embedded integrated into 

the CC. The capillary pump is an essential functional unit of CCs that needs to meet opposing 

requirements, namely providing a sufficiently high capillary pressure to suck the liquid into the 

pump, and provide a sufficiently large reservoir for liquids (serving also as the waste), while also 

not significantly adding to the flow resistance of the circuits. These requirements were thus often 

met by paper pumps, but which need to be clamped onto the CC. 2D capillary pumps have been 

made previously, notably by microfabrication, but the volumetric capacity was limited by the 2D 

geometry. 3D capillary pumps have not been widely explored, in part because the small feature 

size needed for high capillary pressure and the high open ration were difficult to achieve.  

A Gyroid is an infinitely connected TPMS with high and regular porosity, high surface-to-

volume ratio, and low flow resistance, which are advantageous for a capillary pump positioned at 

the outlet of a CC and designed to provide a negative pressure irrespective of the pumped volume. 

Gyroid units of varying sizes, ranging from 700 µm to 2800 µm can be designed using 

mathematical models to control the porosity and hydraulic diameter to encode the desired capillary 

pressure (Figure 4.6a). The hydraulic diameter (Dh) for a gyroid structure can be determined using 

the equation Dh = 4V/P, where V represents the unit cell volume, and P is the wetted perimeter of 

the fluid path. This equation provides a measure of the effective cross-sectional area for fluid flow 
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through a channel or pore in the structure, and P and V can be obtained through mathematical 

models. Gyroid structures provide a large volume for draining liquids due to their high porosity. 

Using our hydrophilic ink, we 3D printed 5×5 mm2 columns of microstructures with different 

gyroid sizes and densities to evaluate the capillary rise. As shown in Figure 4.6b, the capillary rise 

increased by increasing the gyroid density and reducing the hydraulic diameter (Video S5, 

Supporting Information). The correlation between the capillary rise and hydraulic diameters of 

gyroid columns is consistent with Jurin's law, which states that the height of a liquid column is 

inversely proportional to the tube diameter (Figure 4.6c). To show the potential of gyroids as a 

capillary pump to develop fully functional circuits, we designed, and 3D printed a capillary device 

consisting of MCR and GCP and successfully achieved sequential delivery of three reagents 

(Figure 4.6d, Videos S6-S7, Supporting Information). The size of the GCP was 15.5 × 14 × 2.3 

mm3, with a porosity of 62 %, and a volumetric capacity of 310 µL. Whereas the capillary pressure 

of GCP remains comparatively weak relative to paper, which has much smaller pore size, our 

results show that the GCP, coupled with a capillary circuit, could be used to run the sequential 

delivery of 3 reagents.  Future improvements in resolution will allow making GCPs with higher 

capillary pressure, while modulation of pore size could be used to tune pressure continuously. 
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Figure 4.6. Gyroid capillary pump (GCP). (a) 3D image of a Gyroid unit cell and top view cross-sections 

at different planes. Columns of microstructures containing gyroid can be designed to achieve different 

capillary rise and density. (b) Capillary pressure and capillary rise increase with smaller gyroid and smaller 

hydraulic diameter. See supplementary Video S5 (c) Graph of the inverse of hydraulic diameter of the GCP 

versus the height of capillary rise reveals a linear relationship. (d) 3D-printed of functional, ready-to-use 

CC including GCP and MCR for sequential delivery of solutions in reservoir shown in operation (Video 

S6, Supporting Information). 

4.5 Conclusions and future works 

We have introduced DM of functional microfluidic systems as monolithic CCs with 

embedded conduits thanks to the hydrophilic CCInk made of PEGDA-250 with AA, and that can 

be 3D printed using common DLP 3D printers. We improved CC reliability and functionality 

thanks to a new SV/TV design, conduits with circular cross-sections, and embedded GCPs. The 

functionality of these CCs was demonstrated with a series of multilayer CCs with sequential 
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delivery by RBV and MCRs, and an immunoassay. Functional CCs can be created by anyone with 

a DLP printer with a projected pixel size ≲ 50 µm, thus enabling distributed DM thanks to the 

wide availability and low cost of 3D printers, and the ready-to-use quality of CCs. We foresee that 

the comparative ease-of-use and low maintenance of DLP printers will facilitate DM of 

microfluidic as it circumvents the need of advanced skills in neither manufacturing nor 

microfluidics, given that designs could simply be downloaded from an online repository (e.g. 

www.printables.com/@JunckerLab_743461), while making it affordable with material costs < 1 

US$ per chip (depending on volume) thanks to the low cost of CCInk. We hope that the advances 

reported here will spur DM of microfluidics and lead to a broader adoption and exploration of 

microfluidics and CCs in particular, and help catalyse new ideas and applications in synthesis, 

analysis, assays, and diagnostics and that they will be shared as ‘3D apps’ that can be downloaded 

from online repositories. 

4.6 Material and Methods 

CCInk ink Formulation and Preparation 

The photocurable inks in  this study were made of the monomer poly (ethylene glycol) 

diacrylate (PEGDA, MW258, no. 475629; Sigma Aldrich), the crosslinkers acrylic acid AA, no. 

147230; Sigma Aldrich) and methacrylic acid (MA, no. 155721; Sigma Aldrich), the photoinitiator 

diphenyl(2,4,6-trimethylbenzoyl) phosphine oxide (TPO, no. 415952; Sigma Aldrich) (0.5 w/w) 

and the photoabsorber 2-isopropylthioxanthone (ITX, no. TCI0678; VWR International) (0.8 w/w). 

AA and MA concentration were varied towards identifying the optimal concentrations.  The 

CCInks was prepared by mixing the above-mentioned components using the optimal concentration 

for 30 min. All inks were stored in amber glass bottles after preparation. 

3D printing Microfluidic Devices  
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All capillaric devices were designed in AutoCAD (Autodesk), exported as “STL” files, and 

3D-printed with two different DLP-based 3D printers with 385 nm LED light source, the Asiga 

MAX X27 (GV Canada Inc., Canada), and Miicraft Prime 110 (Creative CADworks, Concord, 

Canada) with a projected pixel size of 27 µm and 40 µm, respectively. Unless otherwise noted, all 

CCs reported in this work are printed with a layer thickness of 20 µm and an exposure time of 950 

ms at a light intensity of 5 mW/cm2. Immediately after printing, to remove unpolymerized ink and 

clean channels, closed channels were rinsed with isopropanol (Fisher Scientific, Saint-Laurent, 

Quebec, Canada), and dried under a stream of pressurized nitrogen gas.  

Contact angle measurements 

2-3 µl of DI water was placed on the top surface of 3D-printed samples and imaged using 

a Panasonic Lumix DMC-GH3K. The side view images were imported to ImageJ ver. 1.53 (public 

domain software, NIH, Bethesda, MD, USA) to measure the static contact angle using the contact 

angle plugin. All measurements were performed on freshly UV-cured samples after cleaning and 

drying 3D-printed samples. To measure contact angle on plasma-treated surfaces, the above 

measurements were performed immediately after treating samples for 15 s at 100% power in a 

plasma chamber (E50 plasma chamber, Plasma Etch, Carson City, USA). 

Penetration depth and absorbance measurements  

To modulate the surface hydrophilicity properties by adjusting the contact angle, the ink 

formulation was mixed with different amounts of AA and MA ranging from 5% (w/w) up to 15% 

(w/w). In order to measure the effect of crosslinker on the penetration depth of light, a drop of the 

formulation was placed on a glass slide and exposed to different exposure times at a light intensity 

of 5 mW/cm2. After rinsing uncured ink with 70% ethanol, we measured the thickness of patterned 

regions using a stylus profilometer (DektakXT, Bruker Co.). Absorbance measurements of the ink 
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were performed by triplicate using a NanoDrop@ND-1000 (NanoDrop Technologies, Wilmington, 

DE, USA. 

FTIR, NMR, and XPS 

FT-IR and HR-NMR were used to characterize the polymerization reactions by monitoring 

the transition of functional groups such as carboxyl. The HR-XPS has confirmed the presence of 

the COOH group in the ink with AA.  

Toluidine blue assay to quantify functional groups  

Toluidine blue assay (TBO)28 was used to quantify the density of carboxyl groups of 

PEGDA co-polymerized with different acrylic and methacrylic acid concentrations.  Square-

shaped samples (10×10×2 mm3) were 3D printed and washed with IPA before using for the assay. 

PEGDA samples without hydrophilic co-monomers were fabricated under the same conditions and 

used as controls. To carry out the TBO assay, three samples of each concentration were incubated 

in 2 mL of a solution containing 1 mM toluidine blue (no. 89640; Sigma Aldrich) in PBS at pH 10 

at room temperature on an orbital shaker set at 150 rpm (no. 57018-754VWR; VWR International, 

Brisbane, CA). After 48 h, samples were rinsed frequently with PBS at pH 10 to remove 

unbounded dye for 1 day. The samples were then immersed in 2.5 mL of 50% vol. glacial acetic 

acid in Milli-Q water for 3 h. Finally, NanoDrop@ND-1000 spectrophotometer was used to 

measure the absorbance at 633 nm to quantify the density of TBO. 

COMSOL Simulation     

To measure the bursting pressure at SVs, COMOSL Multiphysics v.5.5 (COMSOL AB, 

Stockholm, Sweden) was used to simulate two-phase capillary flow within embedded channels 

using the level set method. A free tetrahedral mesh with “fine” size was applied for each simulation. 

Atmospheric pressure was set for the outlet, and the inlet static pressure was gradually varied (with 
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50 Pa increments) to determine the pressure of stop valve failure. The contact angle on the  channel 

walls and the interface thickness were set 40° and 8×10-8 m, respectively. Each simulation was 

performed with a time period of 0-0.002 s with a time step of 2.5 ×10-5 s. 

Testing capillaric devices  

Printed chips were pre-loaded with dyed solutions (2% food dye in Milli-Q water) and 

connected to filter papers (Whatman CF4, Cytiva, Marlborough, Massachusetts, USA) serving as 

the paper capillary pump for conducting experiments, except when embedded 3D printed capillary 

pumps were used. A solution with low surface tension (2% food dye and 0.1%Tween 20 in Milli-

Q water) was used to evaluate edge flow and bubble trapping in conduits with either rectangular 

or cir circular conduits, presented in Figure 4.4.    

Covid-19 assay test on nitrocellulose membranes  

Nitrocellulose lateral flow membranes (vivid™ 120, no. VIV1202503R; Pall Corporation, 

Port Washington, USA) were cut into 5.2×12 mm2 rectangles using a Silhouette Portrait cutter 

(Silhouette, Lindon, USA).  SARS-CoV-2 nucleocapsid protein was purchased from Sino 

Biological, Inc. (no.40588-V08B; Beijing, China) and deposited at the concentration of 1.25 

mg/ml as previously described12,19 on the membranes using a programmable inkjet spotter 

(sciFLEXARRAYER SX, Scienion, Berlin, Germany). Before running the assay, the strips were 

immersed in a blocking buffer (1% BSA and 0.05% Tween 20) for one hour on an orbital shaker 

(no. 57018-754VWR; VWR International, Brisbane, CA) set at 150 rpm and thereafter dried 

overnight at 4° Celsius. The sample solutions were prepared by spiking biotinylated SARS-CoV-

2 N protein rabbit monoclonal antibody (no. 40143-R004-B; Sino Biological, Inc.; Beijing, China) 

in buffer solution (0.1% BSA and 0.05% Tween 20 in PBS) at the concentrations of 0, 1, 10, 100, 

1000 and 10000 ng/ml. Streptavidin poly-HRP (Pierce, no. 21140; ThermoFisher; Ottawa, Canada) 
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solutions were prepared in the buffer solution with a concentration of 5 µg/mL. SIGMAFAST™ 

DAB tablets (no.  D4293-50SET; Sigma Aldrich; Oakville, Canada) were dissolved in Milli-Q 

water to prepare substrate solution. The membrane strips were connected to a glass fiber conjugate 

pad (G041 SureWick, Millipore Sigma, Oakville, Ontario, Canada) on one end and were 

sandwiched between three absorbent pads (Electrophoresis and Blotting Paper, Grade 320, 

Ahlstrom-Munksjo Chromatography, Helsinki, Finland) serving as the capillary pump at the other 

end. Absorbent pads were clamped with a paper clip.  

Image Analysis 

Nitrocellulose strips were removed from the chip after the assay completion, dried at room 

temperature, and scanned at 600 DPI (Epson Perfection V600). The images were then imported in 

Image-J ver. 1.53 (public domain software, W. Rasband, National Institutes of Health, Maryland, 

USA) to measure the grey value at the test line and top and bottom backgrounds located 1.5 mm 

below and above the test line. The signal intensity for each strip was calculated by subtracting the 

average background (of top and bottom) from the grey value at the test line. After that, the average 

signal intensity of the negative controls (0 ng/ml) was subtracted from the signal intensity, plotted 

and fitted to generate the normalized standard curve.  

Bursting pressure characterization  

To evaluate the bursting pressure at face-centric SVs, modules with different cross-

sectional areas were 3D printed. Each module consists of an embedded SV connected to an 

expansion chamber. A conical inlet/outlet was designed, and 3D printed for each SV for tubing 

connections and avoiding bubble formation. The modules were connected to a pressure pump 

(MFCS-4C) from both ends and Fluiwell package (Fluigent) with reservoirs containing 2% food 

dye in Milli-Q water. Once the SV was capillary-filled, MAESFLO v.3.3.1 software (Fluigent) 
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was used to control positive or negative pressure to calculate the burst pressures of the SV with 

increments of 10 Pa.  

Videos and image stacking  

Videos and images of 3D-printed chips were taken using a Panasonic Lumix DMC-GH3K 

and Sony α7R III. For focus stacking, Imaging Edge Desktop (Sony Imaging Products & Solutions 

Inc., Japan) was used to take the sequence of images on different focal planes. Then, CombineZP 

(available at https://combinezp.software.informer.com/) was used to process the images. Micro-

computed tomography (Micro-CT) was performed using Skyscan 1172 (Bruker, Kontich, Belgium) 

at pixel size of 5 μm, and used to confirm the dimensions of embedded channels.   

4.7 Supplementary Information 

4.7.1 Supplementary Videos 

 

Video S1. Multilayer Microfluidic Chain Reaction (MCR) 

Video S2. CC with circular channels 

Video S3. Micro-CT of CC with circular channels  

Video S4. Autonomous assay using a 3D-printed monolithic CC 

Video S5. Capillary rise in gyroid columns 

Video S6. CC with GCP and MCR 

Video S7. Micro-CT of CC with GCP and MCR 
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4.7.2 Supplementary Figures 

 

Figure 4.S4.7. Water static contact angle on plasma-treated 3D printed samples over time. The contact 

angle changes by approximately 20º over a period of 4 h. 

 

Figure 4.S4.8. Impact of additives on ink absorption at 385 nm illumination wavelength of DLP 

projector. (a) Absorption of CCInk at 385 nm for different CCInks with varying additive concentrations. 

(b) Absorption of CCInk at 385 nm. Crosslinker concentration does not affect the light absorption of the 

ink. This is due to low absorption of AA and MA compared to PI and PA. 
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Figure 4.S4.9. Previous fabrication method for capillary microfluidic devices. 1) 3D printing of open 

channels. 2) Removal of uncured ink. 3) Plasma-treating of the chip. Hydrophilization of CCs using a 

plasma chamber results in transient hydrophilicity, lacks reproducibility, and limits the design of CCs to 

open surface channels that are sealed with tape. 4) Sealing the chip with a hydrophobic transparent tape. 

5) Loading the chip. 

 

 

 



152 

 

 

Figure 4.S4.10. X-ray photoelectron spectroscopy (XPS) measurement on the samples with and 

without AA. The results showed a presence of approximately 5.1% carboxylic acid (COOH) group in the 

samples with 5% AA, while samples without AA only exhibited approximately 1.4% COOH. 
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Chapter 5 

5. Chapter 5: Nanoporous PEGDA ink for High-Resolution 

Additive Manufacturing of Scaffolds for Organ-on-a-Chip 
 

5.1 Preface 

 

In the previous chapter, we introduced the hydrophilic ink for 3D printing of functional 

capillary microfluidic devices. Although the formulations demonstrated their efficacy for high-

resolution 3D printing, they are still not suitable for 3D cell culture and organ-on-a-chip 

applications that require porosity and adequate cell attachment. In this manuscript, we try to 

address this limitation by developing a porous ink based on PEGDA. We evaluate the material's 

cytotoxicity on various cell lines and characterizes its effect on cell attachment. In comparison to 

nonporous wells, cell coverage for Human umbilical vein endothelial cells (HUVEC) increased 

fourfold in porous wells, with even higher coverage observed for Human foetal lung (IMR-90), 

indicating enhanced cell attachment. These cell lines were chosen due to their wide range of 

applications, as well as their sensitivity to toxicity. We also demonstrate the practical application 

of this material by utilizing it to develop an OoC. 

This chapter is a manuscript of a research article intended for submission: “Nanoporous 

PEGDA ink for High-Resolution Additive Manufacturing of Scaffolds for Organ-on-a-Chip”, V. 

Karamzadeh, M. Shen, F. Lussier, and D. Juncker. 
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5.2 Abstract 

Organ-on-a-chip (OoC) systems, prominent in drug discovery and personalized medicine, 

are typically made of polydimethylsiloxane (PDMS). However, PDMS faces challenges in 

replicating complex geometries, as it is made by replica molding and can only replicate surface 

structures, limiting its potential for physiologically relevant 3D OoC models. In contrast, 3D 

printing allows for easier production of complex structures. Poly(ethylene glycol) diacrylate 

(PEGDA-250) has been adopted for light-engine based 3D printing and microfluidic device 

manufacturing due to its ease of fabrication, resistance to small molecule absorption, and 

indications of biocompatibility. Here, we introduce a constitutively nanoporous PEGDA ink 

formed by including a porogen that is removed following photopolymerization. Using this ink, 

complex microstructures and membranes as thin   as 27 µm were 3D-printed. With increasing 

porogen concentration in the ink, 3D-printed constructs with increasing porosity and diffusion 

rates could be made all while preserving printing resolution.  We conducted systematic 

cytotoxicity studies following ISO standards for four different cell lines (IMR-90, MDA-MB-231, 

293T, and HUVEC), providing a more comprehensive assessment of biocompatibility than 

previous studies. Viability greater than 80% was achieved, and nanoporous substrates showed 

fourfold coverage by endothelial cells compared to nonporous ones. Finally, we introduce a tumor-

on-a-chip model comprising a 3D printed microporous gyroid scaffold for growing stromal cells 

in 3D around a central opening filled with hydrogel and a cancer cell spheroid. Following co-

culture over 14 days, cell proliferation and endothelial sprouting within the spheroid were observed. 

The nanoporous PEGDA ink is a promising biomaterial for high-resolution 3D printing for making 

new constructs for cell culture and OoC models thanks to its printability, biocompatibility, cell 

adhesion, and porosity. 
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5.3 Introduction  

Organ-on-a-chip (OoC) systems have emerged as a promising alternative in-vitro tool in 

various fields, including drug discovery, physiological monitoring, and personalized medicine 1–3. 

These systems utilize microfluidics and tissue engineering to replicate the structure and function 

of human organs4. Leveraging 3D cell culture and microfluidics, OoC platforms have become an 

alternative to both in-vitro 2D culture—due to their increased biological relevance—and in-vivo 

animal testing, owing to their more controllable and reproducible nature. OoCs comprise 

microfluidic channels designed for 3D cell culture, with polydimethylsiloxane (PDMS) being most 

commonly used to house OoC4,5. However, PDMS has limitations, including the potential to 

absorb small hydrophobic molecules, which can result in inaccurate assessments of drug toxicity 

and efficacy6. Additionally, it can be challenging to fabricate complex structures with PDMS 

because it is made by replica molding and can only replicate surface structures, while for example 

3D printing allows for easier production of complex 3D structures7. Thus, researchers are 

exploring alternative natural and synthetic materials to enhance OoC capabilities. 

The cost-effectiveness and versatility of 3D printing have made it an attractive approach 

for fabricating OoC platforms8–11. Compared to classical microfabrication methods, the cost per 

device does not increase with increasing complexity or batch size, making it easier to customize 

the design. Moreover, the technical knowledge required to operate 3D printers can be acquired 

quickly and easily than most other manufacturing methods due to the largely automated nature of 

the process12. However, the 3D printing methods faces a trade-off between build volume and voxel 

resolution and print time, and cannot produce large polymer structures with geometrical features 

at the sub-micrometer scale, such as the ones present micro- and nanoporous materials.  
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Recent studies have addressed this challenge by using different approaches such as  salt 

porogen leaching13,14, aqueous two-phase emulsion15, and polymerization-induced phase 

separation16,17. The salt porogen leaching method is limited to creating micropore sizes due to the 

salt particle size, while two-phase emulsion requires careful optimization to ensure the immiscible 

phases remain uniform throughout the printing process. Polymerization-induced phase separation, 

on the other hand, is better suited for DLP 3D printing, as it utilizes a stable miscible porogen in 

the ink and can create complex nanoporous structures with tunable porosity and interconnected 

nanopore. While these approaches have been used for different applications, it has not been applied 

for microfluidics, where nanoporosity with high printability and resolution is desirable. Moreover, 

most of these techniques necessitate post-processing with expensive instruments, such as 

supercritical drying16,17. For example, Dong et al. demonstrated a method that combines vat-

photopolymerization (VP) 3D printing of 2-Hydroxyethyl methacrylate (HEMA) monomer and 

polymerization-induced phase separation to create 3D objects with nanoporosity by removing 

cyclohexanol and 1-decanol porogens17. The 3D-printed nanoporous structures showed improved 

cell attachment compared to non-porous ones. However, this method has limitations when it comes 

to OoC applications. For instance, the high concentration of photoinitiator (PI) (4%) in the HEMA-

based formulations can be harmful to more sensitive cells, and HEMA-based formulations may 

not be stable in water. In contrast to HEMA-based formulations, polyethylene glycol diacrylate 

(PEGDA) with a molecular weight lower than 300 offers several advantages, such as improved 

biocompatibility, stability in water, and printability due to improved reaction kinetic18,19. These 

properties make PEGDA more suitable for OoC applications. 

Poly(ethylene glycol) (PEG) is a biocompatible and hydrophilic biomaterial that finds wide 

use in tissue engineering and pharmaceutical applications17. By incorporating acrylate or 
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methacrylate functional groups, PEG becomes photocurable, and suitable for VP 3D printing. 

PEGDA, with a low molecular weight, has gained significant attention as an alternative material 

to PDMS for manufacturing microfluidic devices where its properties depend on its molecular 

weight (MW). For instance, PEGDA with a MW of 500~6000 Da is used as hydrogel due to its 

high-water content and porosity, while low-MW PEGDA crosslinks into rigid plastics. The Miller 

group has demonstrated the use of PEGDA with an MW of 6000 Da and 3400 Da, and food dye 

as a photoabsorber (PA) in VP 3D printing, to fabricate intricate structures, such as an acellular 

vascularized alveolar unit capable of ventilation20,21. Low-MW PEGDA is transparent, 

biocompatible, impermeable to water, and can be modified to introduce functionalities that make 

it more suitable for biological applications. Compared to PDMS, PEGDA-250 is easier and less 

expensive to manufacture and exhibits innate resistance to absorption of small molecules, making 

it more desirable for drug testing applications22. However, low-MW PEGDA has limitations 

including low permeability and low cell attachment compared to PDMS18. Nonetheless, low-MW 

PEGDA has shown great potential for high-resolution 3D printing, particularly for microfluidic 

devices. 

To enable high-resolution 3D printing of biomicrofluidic devices, several groups have 

developed formulations based on PEGDA-250 as the monomer and phenylbis(2,4,6-

trimethylbenzoyl) phosphineoxide (BAPO) as the photoinitiator (PI)19,23–26. The Folch group has 

demonstrated the ability to 3D-print microchannels with a cross-section of 27 µm wide and 1-mm-

tall using low-MW PEGDA with Isopropylthioxanthone (ITX) PA. Conversely, Nordin’s group 

has printed microchannels with a smaller cross-section of 18 × 20 μm2 using 2-nitrophenyl phenyl 

sulfide (NPS) PA23,26. However, current formulations require 24 h washing and plasma treatment 

to achieve biocompatibility and cell attachment18,23. Furthermore, although it is crucial to evaluate 
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cytotoxicity using ISO standards, only one study performed cytotoxicity assessment using these 

standards for the EA.hy926 cell line18. Therefore, there is an unmet need for a biocompatible 

PEGDA ink with inherent nanoporosity suitable for nutrient exchange, high biocompatibility, and 

suitable cell attachment. 

Here, we present a novel biocompatible PEGDA bioink with inherent nanoporosity 

(hereafter referred to as P-PEGDA) achieved through the use of a non-reactive PEG porogen. 

Furthermore, we conducted a thorough evaluation of the material's cytotoxicity on various cell 

lines and characterized the effect of the porogen on cell attachment. We then utilized the P-PEGDA 

ink to develop an innovative OoC platform featuring three levels of microchannels and a gyroid 

scaffold, which enabled long-term co-culture up to 14 days, 3D cell migration, proliferation, and 

endothelial sprouting within the spheroid. Our findings indicate that the developed porous PEGDA 

ink is a promising biomaterial for high-resolution VP 3D printing of OoC devices. 

5.4 Results 

5.4.1 Characterization and Design Criteria for P-PEGDA ink 

Current inks for VP 3D printing mainly rely on a monomer and a PI, which results in 

nonporous structures. In this study, we present a novel ink formulation that includes a hydrophilic 

PEGDA monomer and a porogen solvent, offering a solution to this limitation. By simply washing 

the 3D printed object with water, the porogen can be easily removed, leaving behind nanoporous 

structures (Figure 5.1a). Our approach is faster, more cost-effective, and simpler compared to 

previously reported methods that depend on supercritical drying to remove the porogen in a 

controlled way16. This approach enables the printing of high-resolution microstructures with 

nanoporosity, making it suitable for use in OoC devices. 
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The PEGDA-based ink suitable for OoC application had to meet the following criteria: (a) 

3D printable with high resolution, (b) having high transparency suitable for high-resolution 

fluorescence microscopy, (c) being biocompatible and suitable for long-term cell culture, and (d) 

having sufficient cell attachment. Based on these criteria, we developed an ink consisting of 

PEGDA-250 as the hydrophilic monomer, PEG-200 as the porogen, TPO as the PI, and ITX as the 

PA (Figure 5.1b). These criteria are essential to ensure that the formulation could be used 

effectively for fabrication of complex OoC devices. 

 

Figure 5.1. Schematic of the 3D printing process and the ink composition. (a) The fabrication process 

starts with 3D printing of an object to achieve microporosity, followed by washing steps to leach out the 

PEG porogen to form nanopores. The black areas in the images indicate the porosity of the structures. (b) 

P-PEGDA ink composition including PEGDA-250 monomer, PEG-200 porogen, TPO PI TPO and ITX PA. 

We included PEG-200 as a porogen in our formulation, which is crucial for creating a porous 

structure. PEG-200 was chosen as the porogen for its ability to dissolve in hydrophilic monomers 

and easily diffuse out of the cured structure, leaving behind pores. It is also non-toxic, FDA-
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approved, and has been widely used in biomedical applications26,27. The rationale behind using a 

porogen is to create a porous structure which can allow for oxygen exchange and facilitate removal 

of toxic and unreacted components in 3D printed structures. In our case, PEG-200 was found to 

be compatible with the PEGDA-250 and the PI, making it a suitable choice for making nanoporous 

inks and improving cell attachment. 

The choice of PI for our PEGDA-based formulation for OoC applications requires careful 

consideration of several factors, including adequate absorbance at 385 nm, low cytotoxicity, and 

compatibility with the monomer. After narrowing down the options to lithium phenyl-2,4,6-

trimethyl benzoyl phosphinate (LAP), BAPO, and diphenyl(2,4,6-trimethylbenzoyl)phosphine 

oxide (TPO), we chose TPO as the optimal PI for several reasons. Firstly, TPO is highly soluble 

in PEGDA-250 and has shown low cytotoxicity compared to BAPO28,29, meeting the requirements 

of our formulation. Although LAP has the lowest cytotoxicity, it has very low solubility in 

PEGDA-250. Secondly, TPO has a maximum absorption at 380 nm, but with a wavelength 

window extending to up to 425 nm making it suitable for VP 3D printing, which is the most 

commonly used wavelength. Lastly, we observed that 3D-printed samples using TPO as the PI 

exhibited less yellowing compared to samples printed with BAPO, resulting in 3D-printed 

structures more suitable for fluorescence microscopy. Overall, the use of TPO as the photoinitiator 

in our ink formulation satisfies the necessary criteria for our OoC application and provides optimal 

performance.  

In order to achieve high-resolution 3D printing with the P-PEGDA ink, a PA was necessary 

to improve the vertical resolution and prevent clogging of conduits caused by uncontrolled light 

penetration and scattering. ITX was chosen as the PA due to its high efficiency at 385 nm, which 

is the optimal wavelength for our printing process. Additionally, ITX has been previously used 
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with PEGDA-250 for high-resolution 3D printing and has very low cytotoxicity, making it suitable 

for tissue engineering applications22. In addition, compared to other PAs such as NPS, ITX is less 

cytotoxic and yellowish. Therefore, the use of ITX in our ink formulation helps to meet the 

necessary criteria for our OoC application, including 3D printability with high resolution, high 

transparency for fluorescence microscopy, and cytocompatibility. 

In addition, In VP 3D printing, the resolution of embedded features in the Z direction is 

mainly dictated by the depth of light penetration into the ink. Characterization of the light 

penetration depth of the ink is crucial to optimize the printing parameters such as layer exposure 

time and layer thickness. We measured the penetration depth of light for different porogen 

concentrations at various exposure times to optimize the printing parameters for high accuracy in 

the Z direction. As shown in Figure 5.2c, the addition of PEG porogen increased the penetration 

depth. PEG porogen may act as a plasticizer, which can increase the mobility of the polymer chains 

in the material, leading to a more open and less dense network structure. This also contributes to 

the reduction of light scattering and the increase in the penetration depth of light. 

The high-resolution printing capability of our ink enabled us to achieve excellent printability 

and accuracy, producing complex and precise geometries such as torus knots that would be 

difficult to achieve with other fabrication methods. Torus knots are constructed mathematically by 

taking a circle in the torus and moving it around the torus in a certain way. The resulting knot is 

defined by two integers (p,q), which determine its overall geometry. The values of p and q indicate 

the number of times the knot winds around the minor and major axis of the torus, respectively. 

Using P-PEGDA (10%), we were able to successfully 3D print a grammy knot with a diameter of 

300 µm, a (3,13)-torus knot with a diameter of 240 µm, and two-(2,5)-torus knots passing each 

other with a diameter of 340 µm (Figure 5.2a). Moreover, we demonstrated the versatility of our 
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ink by 3D printing objects like gyroid (Figure 5.2d), using P-PEGDA with different porogen 

concentrations. The transparency of P-PEGDA ink is maintained for concentrations of 0% and 10% 

porogen; however, it decreases for concentrations above 10% (Figure 5.2e). This reduction in 

transparency can be attributed to the increased presence of pores within the material, which results 

from higher porogen concentrations. As the number of pores rises, light scattering within the 

material becomes more pronounced, leading to a decrease in transparency. These findings suggest 

that a 10% porogen concentration is optimized for applications requiring both fluorescence 

microscopy and porosity.  

 

Figure 5.2. 3D printability of P-PEGDA ink. (a) 3D printed complex and intricate models with 10% 

porogen: (i) two-(2,5)-torus knots passing each other with a diameter of 340 µm, (ii) (3,13)-torus knot with 

a diameter of 240 µm, (iii) grammy knot with a diameter of 300 µm. (b) 3D printed stacked microchannels 

separated with 27-µm-thick membranes (indicated by white arrow). Scale bar: 2 mm. (c) Penetration depth 

characterization of P-PEGDA with different concentrations of porogen. Representative of three 

independent experiments (N = 3). The error bar represents standard deviation. (d) 3D-printed gyroid with 
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a dimension of 5 mm3 at different porogen concentrations. (e) 3D printed 3D squares at different porogen 

concentrations. Higher porogen concentrations result in decreased transparency of the 3D printed parts.  

Additionally, the ability to 3D print monolithic and embedded microchannels is crucial for 

microfluidic and OoC applications. These microchannels serve as the fundamental building blocks 

for complex OoC devices.  To demonstrate the printability of our ink, we characterized the 3D 

printing resolution by 3D printing a stack of channels separated with a thin 27 µm membrane, 

using a formulation containing 10% porogen (Figure 5.2b). The successful printing of these 

intricate structures, membranes and microfluidic channels shows the potential of the P-PEGDA 

ink for high-resolution 3D printing of complex microstructures for applications such as OoC 

devices.  

5.4.2 Effect of porogen concentration on material properties     

To visualize the pores formed in the 3D-printed object, the printed samples were immersed 

in water to leach out the porogen and create voids within the structure. We performed a quantitative 

analysis of the pore size distribution using image analysis to evaluate the pore size dependency in 

the 3D printed parts to porogen concentration. We varied the concentration of PEG porogen in the 

ink to evaluate its effect on pore size distribution. We measured 40 individual pores from scanning 

electron microscope (SEM) images and analyzed the pore size distribution. We found that the pore 

size distribution was narrow for lower porogen concentrations but became broader at higher 

concentrations which might be related to the increasing diffusion of porogen during the printing 

process (Figure 5.3c-d). Additionally, the average pore size increased from 5 nm to 30nm for a 

porogen concentration of 30% compared to the nonporous samples. This observation is consistent 

with previous studies that have shown that higher porogen concentrations can lead to larger pore 

sizes in 3D-printed structures14. As the PEG concentration increases, the porogen-to-monomer 

ratio also increases, resulting in larger pore sizes. 
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To investigate the effect of porogen concentration on weight loss in our formulations, we 

fabricated 3D-printed disks with varying porogen concentrations and measured their weight 

immediately after printing. Following crosslinking, the disks were submerged in water for 48 h to 

ensure complete removal of the porogens, and then dried and weighed again to determine weight 

loss. Our findings indicate that weight loss increased as porogen concentration increased, with 

disks containing 30% porogen experiencing a mass loss percentage of 26%, while those with 0% 

porogen only lost 2% of their initial weight (Figure 5.3b). This trend is due to the greater amount 

of porogen available for removal during incubation in water in disks with higher porogen 

concentrations. 

By incorporating a porogen into PEGDA, which is inherently hydrophilic before 

crosslinking, and subsequently removing it through washing after polymerization, a more 

hydrophilic material with a reduced contact angle is obtained (Figure 5.3a). The porogen's 

addition creates pores within the material, increasing its surface area and disrupting the matrix 

structure, potentially providing additional sites for water molecule interaction. This process may 

lead to a rise in hydrophilic sites, resulting in enhanced hydrophilicity of the material. Furthermore, 

the porogen's low molecular weight could contribute to the disruption of the PEGDA matrix, 

yielding a more disordered and less dense network. This factor may also play a role in increasing 

the material's hydrophilicity and reducing its contact angle (CA). The contact angle decreased from 

67° CA for the nonporous objects to 29° CA for the objects 3D printed with 30% porogen.  

In addition to the SEM analysis, we also carried out a diffusion test utilizing 3D-printed rods 

to investigate diffusion of small molecules through the P-PEGDA structure. We washed the 

samples for 24 h to remove the porogen. Samples were then immersed in a solution of 10 μM 

fluorescein in pH 7.4 phosphate buffer saline, and fluorescence images were acquired by confocal 
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microscopy near the middle height of the polymeric rod. By probing a single plane far from both 

the top and bottom parts of the pillar, negligeable diffusion from fluorescein molecule is expected 

for the probed time. Hence, the increase in fluorescence results from radial diffusion of fluorescein 

molecules. Our results show that the addition of porogen increase diffusivity of fluorescein 

(Figure 5.3e), demonstrating the presence of interconnected nanopores networks in the 3D-printed 

structures. This experiment provided complementary information to the SEM analysis and 

confirmed the material's porosity, which is crucial for various biomedical applications such as OoC 

and tissue engineering. 
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Figure 5.3. Characterization of P-PEGDA ink for different concentrations of PEG porogen. (a) SEM 

images show the porosity at different porogen concentrations. (b) Pore size distribution in the 3D-printed 

parts with P-PEGDA at different concentrations of porogen. Insert shows the average for size for different 

concentrations. In each case 40 random pores were analyzed. (c) mass loss of P-PEGDA after 48 h of 

incubation in DI water. (d) Static water contact angle for P-PEGDA for different porogen concentrations. 
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(e) diffusion of fluorescein (340 g/mol) through the 3D printed objects with different porogen 

concentrations. The error bar represents standard deviation. 

5.4.3 Cytocompatibility  

To further demonstrate the advantages of our P-PEGDA ink, we evaluated its cytotoxicity 

based on two ISO standards, namely ISO 10993-12:2009 and ISO 10993-5:200930. The former 

standard involves incubating the cell media with the 3D-printed object and then culturing cells 

using the media, while the latter is more sensitive and based on direct co-culture of 3D-printed 

parts with the cells. ISO 10993-12:2009 provides guidance on the determination of the potential 

for a medical device to cause skin irritation, while ISO 10993-5:2009 provides guidance on the 

determination of the potential for a medical device to cause cytotoxicity. We selected several cell 

types, including IMR, MDA-MB-231, 293T, and HUVEC, for a cytotoxicity assay. The 

PrestoBlue assay was used to evaluate cell viability. 

We investigated the impact of washing time and the ITX PA on the biocompatibility of 3D-

printed objects for 293T cell line. Unreacted components during the printing process may affect 

the biocompatibility of the printed parts, but our results showed that washing with 70% ETOH 

after printing can enhance biocompatibility. We found that the cell viability for the printed objects 

was initially lower than 70% without washing but increased significantly after 12 h of washing 

(Figure 5.4c). The addition of 0.8% ITX did not negatively affect cell viability, as the samples 

with and without ITX showed similar increases in cell viability after washing. These results 

suggest that a 12 h washing period is sufficient to ensure biocompatibility of 3D-printed objects. 
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Figure 5.4. Cytotoxicity and cell attachment on P-PEGDA ink. (a) Fluorescence images of cells (IMR-

90, 293T, HUVEC, and MDA-MB-231) following 48 h of culture in a well-plate in the presence of 3D-

printed samples washed in 70% EtOH for 12 h or 24 h. (b) Cell viability for various cell types for 3D-

printed disks with different washing time, assessed by incubation with cell media (ISO 10993-12) and direct 
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co-culture with the cells (ISO 10993-5). The line in (b) and (c) represents the minimum viability in 

accordance with the standards. (c) Cell viability of 293T cells analyzed using the ISO 10993-5 standard 

protocol for P-PEGDA ink with and without ITX PA, as a function of wash time. The results show low 

toxicity of the PA and enhanced biocompatibility for washed samples. (d) Cell attachment for HUVEC 

cells cultured on 3D-printed wells with P-PEGDA at different porogen concentrations.  (e) Cell coverage 

per projected area on plasma-treated polystyrene (tissue culture plastic) and 3D-printed wells with different 

porogen concentrations for HUVEC and MDA-MB-231 cell lines. Representative of three independent 

experiments (N = 3). The error bar represents standard deviation.  

In addition, we tested the biocompatibility of the formulation by evaluating the cell viability 

for four different cell lines based on two different standards, ISO 10993-12:2009 and ISO 10993-

5:2009. Our results showed that a 24 h washing period can achieve a cell viability of 80% for all 

cell lines, which meets the minimum requirement (>70%) of both standards (Figure 5.4a-b). For 

example, the cell viability of HUVEC after 24 h was 90% for the ISO 10993-5:2009 standard. 

Moreover, we found that the cell viability was generally higher for the ISO 10993-12:2009 

standard than the ISO 10993-5:2009 standard. It is important to note that the washing step is crucial 

in removing any unreacted components that may be present in the 3D-pritned part, as this can 

affect cell viability. The optimal washing time may vary depending on the application; for instance, 

a microfluidic device designed for a short assay may require little to no washing, while working 

with more sensitive cell types like induced pluripotent stem cells (iPSC) may require elongated 

washing time. These findings confirm that the material is suitable for OoC applications, as it 

demonstrates high biocompatibility across multiple cell lines and meets the required standards for 

cell viability.  

PEGDA ink has garnered significant attention in biomicrofluidics and OoC applications due 

to its 3D printability and biocompatibility. However, existing PEGDA inks lack both cell 

attachment and nanoporosity. Thus, prior research endeavored to enhance cell attachment on 
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nonporous 3D printed PEGDA samples by employing plasma treatment, which necessitates the 

utilization of costly instrumentation17. Additionally, this approach may prove ineffective for 

internal structures that remain unexposed to plasma. In this study, we demonstrate that introducing 

nanoporosity to 3D printed scaffolds with porous-PEGDA formulation promotes cell attachment 

compared to nonporous PEGDA scaffolds. Previous studies have also shown that scaffolds with 

nanoporosity enhance cell attachment significantly16. 

To assess cell attachment, we fabricated microwells using both P-PEGDA and nonporous 

PEGDA via 3D printing, and then seeded fluorescently labeled HUVEC or MDA-MB-231 cells 

into the microwells. Cell attachment behaviors within each microwell were visualized using 

fluorescence microscopy after 24 h, and cell coverage was quantified via Image analysis. The 

results showed that for HUVEC cells, coverage in P-PEGDA containing 10% and 20% porogen 

was significantly better than the non-porous PEGDA formulation (Figure 5.4d). In fact, we 

observed cell coverage in P-PEGDA (10%) similar to that observed for plasma-treated polystyrene 

(tissue culture plastic), the gold standard material for 2D cell culture. We observed a similar trend 

in MDA-MB-231 cells, where a fifty-fold increase in cell attachment was observed in P-PEGDA 

(10%) microwells (Figure 5.4e). Consequently, 3D scaffolds with inherent nanoporosity 

demonstrate promising potential for OoC applications involving 3D cell culture. The increased 

cell adhesion on nanoporous scaffolds can be attributed to several factors. First, the nanoporous 

scaffolds provide a larger surface area for cells to adhere31. Second, the nanoporous topography 

can enhance cell anchorage, by allowing more filopodia to attach firmly to the surface32. 

5.4.4 OoC application 

To demonstrate the potential of the developed porous ink, we developed an OoC platform 

using a formulation containing 10% porogen. The formulation with 10% porogen exhibited 
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superior cell attachment and transparency, making it suitable for OoC applications where both cell 

attachment and transparency are critical.  

Conventional OoCs with capillary stop valves (CSVs) primarily employ 2D microfluidic 

designs that restrict cell interactions to a single plane or height34–37. CSVs38 are integrated into 

these designs to provide better control over fluid flow and compartmentalization, allowing for 

localized and precise manipulation of the cellular microenvironment. However, this limitation in 

dimensionality leads to an inability to accurately mimic the complex 3D environment found in 

native tissues and organs, as cells in-vivo interact with their surroundings in all three dimensions. 

The 2D context in these classical OoC designs can limit cellular behavior, function, and response 

to stimuli. Moreover, conventional OoC devices only allow for exposure to side channel cell types 

through single-level channels, which may not accurately represent the spatial organization and cell 

interactions found in the microenvironment.  

We developed a novel OoC system to investigate cancer and stromal cell interactions. To 

achieve this, we designed a microfluidic device with three levels of microchannels that confine the 

cancer spheroid in the middle chamber at different heights, allowing for exposure to more stromal 

cells (Figure 5.5a-c). The scaffold is connected to the central channel via 30 microfluidic CSVs 

with diameter of 250 µm.  Note that the CSVs operate in both central and radial flow directions as 

shown in Figure 5.5d-e. In our work the first operation was to seed the gyroid scaffold with the 

edges forming peripheral stop valve with hydrogel prepolymers containing stromal cells, allowing 

it to gel and thereby immobilizing the cells on the scaffold. Next, the cancer spheroid was seeded 

in the central chamber. Thanks to the CSVs, either the spheroid chamber or the scaffold peripheral 

to the spheroid chamber may be seeded with hydrogels in any given order, without unwanted 

solutions overflowing into the other compartments (Figure 5.5d-e). Furthermore, the 3D CSV 
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layout with the gyroid scaffold was thus covered with cells along the Z axis, that could freely 

migrate in 3D up to a height of 500 μm.  

 

Figure 5.5 OoC device featuring CSVs and a Gyroid Scaffold. (a-b) Schematic representation of the 

device layout, including two reservoirs connected to a central gyroid scaffold, and three-level CSVs.  (b) 

Isotropic view of the 3D OoC device cross-section. (c) (i) Top view of the OoC device filled with food dye, 

demonstrating the functionality of the stop valves. (ii) Zoomed-in view of (i), highlighting the functionality 

of stop valves. (iii) showing the presence of stromal cells halted at the CSV (white arrows) (scale bar: 200 

µm). (d-e) Illustration of the bidirectional functionality of CSVs during the seeding process. 

We were able to 3D print 45 OoC chips in a single print run, demonstrating the high 

throughput of our approach. Our design represents a significant improvement over conventional 

spheroid-on-a-chip devices that only allow for exposure to side channel cell type through channels 
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at a single level. Additionally, we utilized a gyroid scaffold to culture the stromal cells, providing 

a highly porous and interconnected structure. Gyroids have been studied as scaffolds for tissue 

engineering and regenerative medicine due to their unique shape and high surface-to-volume 

ratio39,40. The interconnected nature of the gyroid scaffold may also allow for cell migration and 

tissue integration, promoting tissue regeneration41,42. Our design rationale was based on the 

importance of spatial organization and the need for more physiologically relevant 3D culture 

systems. We successfully improved the design of tumor-on-a-chip devices by incorporating 

complex structures, such as a gyroid scaffold and CSVs at three different heights to increase the 

exposure of the cancer spheroid to stromal cells (Figure 5.6a-b), using the P-PEGDA ink. Our 

approach maintained a high level of biocompatibility while enabling the fabrication of complex 

models that better mimic in-vivo conditions.  

We first evaluated the long-term co-culturing performance of the device by seeding 

tdTomato+ MDA-MB-231 spheroids in the middle chamber with GFP+ IMR-90 in the gyroid 

chamber. Media replenishment was performed bi-daily, and we conducted live-cell confocal 

imaging on day 1, day 8, and day 14 (end-point). Throughout the entire time-course, both MDA-

MB-231 and IMR-90 maintained their physiological morphology inside the device (Figure 5.6a). 

Moreover, at day 8, we observed bi-directional migration of both cell lines, where multiple IMR-

90 cells migrated into the spheroid chamber at various heights, and vice versa (Figure 5.6b). As 

shown in the confocal image at day 14, both cell types continued to migrate towards each other. 

To further evaluate the utility of our OoC using a more sensitive cell type, we co-cultured 

GFP+ MDA-MB-231 spheroids with mCherry+ HUVEC cells in the gyroid chamber. The co-

culture was maintained for up to 12 days, and confocal images were taken at the endpoint. Similar 

to our previous co-culture setup, both HUVEC and MDA-MB-231 maintained their physiological 
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morphology throughout the time-course. We observed bi-directional migration of both cell types, 

with HUVEC forming vessels surrounding the shell of the cancer spheroid (white arrow), and 

integration of the cancer spheroid into the vasculature (yellow arrow) (Figure 5.6d-f). Furthermore, 

the chemokine CXCL12 has been associated with the promotion of directional cell migration. In 

our co-culture setup, we observed an elevated level of CXCL12 throughout the entire experimental 

time course, with the exception of the endpoint (Figure 5.6c). This heightened CXCL12 signal 

appears to correlate with the observed cell migration, suggesting a chemotactic role. Interestingly, 

as the cells came into proximity at the endpoint, the CXCL12 signal diminished, possibly 

indicating that the chemotactic requirement was reduced upon successful cell interaction. Based 

on these findings, we conclude that our organ-on-a-chip model is suitable for long-term 3D cell 

interactions. 
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Figure 5.6 Co-culture of cancer and stromal cells in the OoC device. (a) 3D confocal microscopy images 

of tdTomato+ MDA-MB-231 spheroid co-cultured with GFP+ IMR-90 cells at different time points in the 

OoC platform. (b) Depth color map for the height range of 400 µm showing bi-directional migration of 

cells. (c) CXCL12 secretion under different culture conditions, showing increased concentration for OoC 

co-culture that induce cell migration. 3 biological repeats and 20 technical repeats were done for each 

condition and time course. (d-f) Confocal microscopy images of MDA-MB-231 breast cancer cells spheroid 

co-cultured with HUVEC cells, demonstrating vessel formation and integration of the cancer spheroid into 

the vasculature (white and yellow arrows, respectively) 

5.5 Discussion and Conclusion 

In this study, we have successfully developed a high-resolution nanoporous PEGDA ink 

for fabricating OoC devices using VP 3D printing method. 3D printing is growing rapidly 

technology and contributing to advancing tissue engineering by facilitating the production of 
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intricate and complex microstructures that are challenging to produce using conventional methods. 

While previous PEGDA inks show great potential for VP 3D printing, modifications are often 

necessary to make them suitable for OoC applications. Moreover, although achieving submicron 

porosity is critical for TE applications, it remains challenging to 3D print macroscopic structures 

with nanoporosity due to the tradeoff between printing resolution and footprint. P-PEGDA 

addressed these challenges and enabled the printing of intricate structures with an average pore 

size from 5 nm and 30 nm, controllable by varying the concentration of the porogen. With the 

capability to 3D print membranes as thin as 27 µm, our approach facilitated the fabrication of 

complex structures with fine details. We confirmed the porosity of the material using fluorescein 

diffusion tests, and systematic cytotoxicity studies following ISO standards for four different cell 

lines demonstrated high biocompatibility, with viability greater than 80% achieved. Moreover, the 

nanoporous substrates showed a fourfold increase in coverage by endothelial cells and a 50-fold 

increase for MDA-MB-231 cells compared to nonporous substrates, indicating strong cell 

attachment and improved cell interaction for successful in-vitro studies. 

By leveraging the design flexibility of 3D printing, we introduced a tumor-on-a-chip model 

comprising a 3D printed microporous gyroid scaffold for growing stromal cells in 3D around a 

central opening filled with hydrogel and a cancer cell spheroid. The OoC platform supported long-

term cell interaction, bidirectional migration of both cell types, and the potential for vascularization, 

both in 3D across the height of the scaffold. These accomplishments address the limitations of 

traditional PEGDA inks and 2D OoC devices. Our 3D OoC model, integrated with vascularization, 

provides a more physiologically relevant microenvironment for cell interactions compared to 

traditional 2D models. However, some challenges remain, such as ensuring reproducible cell 
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seeding in 3D, which is an avenue for potential improvement. Additionally, connecting the 

developed OoC to a recirculating system could further enhance the biomimetic nature of the model.  

The development of our high-resolution nanoporous PEGDA ink has implications for the 

advancement of tissue models, drug discovery, and regenerative medicine. With this material, 

researchers can print structures with submicron porosity, allowing for the creation of more 

biomimetic scaffolds. In conclusion, our study demonstrates significant advancements in 

overcoming the limitations of traditional PEGDA inks in terms of cell attachment and nanoporosity.  

The development of this novel biomaterial for 3D printing and tissue engineering paves the way 

for more accurate and physiologically relevant in-vitro studies. 

5.6 Materials and Methods 

3D printing 

All objects were designed in SolidWorks® computer aided drafting software, exported as 

“STL” files, and 3D-printed with Miicraft Prime 110 (Creative CADworks, Concord, Canada) 

with a projected pixel size of 40 µm. All objects reported in this work are printed with a layer 

thickness of 20 µm. Immediately after printing, to remove unpolymerized ink and clean channels, 

closed channels were vacuumed, washed with isopropanol (Fisher Scientific, Saint-Laurent, 

Quebec, Canada) several times using a syringe, and dried under a stream of pressurized nitrogen 

gas. 

P-PEGDA Formulation and Preparation 

Inks in this study consist of the monomer, poly (ethylene glycol) diacrylate (PEGDA, 

MW250, Sigma), the poly (ethylene glycol) (PEG, MW200, sigma) porogen, the photoinitiator, 

TPO (0.5 w/w) and the photoabsorber, ITX (0.8 w/w).  The P-PEGDA was prepared by mixing 
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the above-mentioned components at the desired concentration for 30 min. All inks are stored in 

amber glass bottles after preparation. 

Videos and image stacking 

Videos and images were taken using a Panasonic Lumix DMC-GH3K and Sony α7R III. 

For focus stacking, Imaging Edge Desktop (Sony) was used to take the sequence of images on 

different focal planes. Then, CombineZP was used to process the images. Imaging at the 

microscale was done on an inspection microscope (Nikon Eclipse LV100ND) at 5x magnification. 

Some images were taken with a stereo microscope (Leica SMZ-8) fitted with a digital camera 

(Lumix GH3 DSLR, Panasonic). 

Penetration depth measurements  

In order to measure the effect of porogen on the penetration depth of light, a drop of the 

formulation was placed on a glass slide and exposed to different exposure times at a light intensity 

of 5 mW/cm2. After rinsing uncured ink with 70% ethanol, we measured the thickness of patterned 

regions using a stylus profilometer (DektakXT, Bruker Co.). Absorbance measurements of the P-

PEGDA were performed by triplicate using a NanoDrop (ND-1000). 

Contact angle measurements 

A volume of 2-3 µl DI water was placed on the top surface of 3D-printed samples and 

imaged using a Panasonic Lumix DMC-GH3K. The side view images were imported to Image-J 

to measure the static contact angle using the contact angle plugin.  

 SEM 

The Hitachi SU-8230 SEM was used to characterize the pore structure of the 3D printed 

objects at an operating voltage of 3 kV. Before the SEM measurements, the samples were washed, 
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dried, and then coated with a 4 nm thick platinum layer. Pore sizes were measured from the cross-

sectional SEM images by measuring 40 random pores in ImageJ. 

Mass loss 

Disk-shaped samples with a diameter of 8 mm and a thickness of 3 mm were 3D-printed. 

All the samples were weighed after printing. The samples were then soaked in 1x PBS and shaken 

on an orbital shaker for 48 h. Afterward, the samples were removed from the PBS and weighed to 

determine the mass loss.             

 Data analysis 

The error bars displayed in the figures represent the standard deviation. GraphPad Prism 9 

was used for data analysis. 

Cytotoxicity Testing 

The cytocompatibility assays were performed in compliance with International 

Organization for Standardization (ISO) standards for the development of medical devices. Cells 

were seeded in a 24-well plate at a seeding density of 10k per well. Immediately after cell seeding, 

post-treated disks were placed directly on top of the cell layer. As controls, cell-only wells was 

also seeded with the same cell density. Quantitative cell viability measurements via PrestoBlue™ 

(Thermofisher, USA) were taken every 24h for a time course of three days. Microscopy images 

were taken daily using a Ti2 inverted microscope and analyzed using NIS-Element (Nikon, Japan). 

Three biological replicates were done for each of the three above-mentioned conditions. For the 

PrestoBlue™ cell viability assay measurement, two technical replicates were performed for each 

biological repeat. 
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Diffusion assay 

Permeability of the P-PEGDA ink was evaluated by confocal fluorescence microscope. 

Posts of 500 μm diameter and 5 mm height  were 3D printed and immobilized into an observation 

chamber. The pinhole of the confocal microscope was set to1.2 Airy Unit and a single plane at 

around 200 μm above the base of the post was imaged. Then, a 1 μM Fluorescein isothiocyanate 

(FITC) solution in miliQ was introduced within the chamber, and fluorescence images were 

acquired every minute, while keeping the shutter off in between measurements to prevent 

photobleaching of the dye. By imaging a section away from the based and the top of the 3D-printed 

posts, the radial diffusion of FITC in the P-PEGDA is expected to account for increasing 

fluorescence intensity during the time of the experiment. Images were analyzed by a cutom matlab 

script, where the center of the post was automatically detected via the MatLab function 

imfindcircle. A circular mask was generated and separated into 9 distinct sectors. These sectors 

were individually applied onto the fluorescence images acquired in time to assess the homogeneity 

of the radial diffusion of FITC within the post. A second integration mask was generated to 

measure the fluorescence intensity outside the post and used to normalize the fluorescence 

intensity and account for photobleaching. In analogous to fluorescence recovery after 

photobleaching experiment (FRAP), and due to the radial diffusion of fluorescent molecule into a 

circular non-fluorescent material, a non-linear least-square function was fitted to the normalized 

intensity. The fit-function was f(t)=A(1-exp⁡(-λt) )+ x_o where A and λ are fit parameters and 

x0¬ the initial fluorescence intensity into the post. 
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Chapter 6 

6. Chapter 6: High-Resolution Additive Manufacturing of a 

Biodegradable Elastomer with a Low-Cost LCD 3D printer 
 

6.1 Preface 

In the last two chapters, we presented two different formulations based on PEGDA for 

microfluidics and OoC applications. While the porous-PEGDA formulation is suitable for many 

OoC applications, numerous platforms for OoC and tissue engineering require the mechanical 

properties of soft tissues. Furthermore, in these works, the objects were 3D printed with a DLP-

based 3D printer, which is less accessible compared to LCD 3D printers. In this chapter, we 

introduce POMaC formulations for VP 3D printing using very low-cost LCD printers and 

demonstrate the ability to create complex 3D structures with 80 µm resolution and tunable 

mechanical properties. With the POMaC ink, automated digital manufacturing of this 

biodegradable material becomes assembly-free. This feature should simplify the prototyping of 

devices for organ-on-chip platforms, soft robotics, flexible electronics, and sensors, among other 

applications. 

This chapter is a manuscript of a research article intended for submission: “High-

Resolution Additive Manufacturing of a Biodegradable Elastomer with an Ultra Low-Cost LCD 

3D printer”, V. Karamzadeh, M. Shen, H. Ravanbakhsh, A. Sohrabi, M. Radisic, and D. Juncker. 
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6.2 Abstract 

The Artificial organs and organs-on-a-chip are of great clinical and scientific interest and 

have recently been made by additive manufacturing, but depend on, and benefit from, 

biocompatible, biodegradable, and soft materials. Poly(octamethylene maleate (anhydride) citrate 

(POMaC) meets these criteria and has gained popularity, and as in principle, it can be photocured 

and is amenable to vat-photopolymerization (VP) 3D printing, but only low-resolution structures 

have been produced so fa. Here, we introduce a VP-POMaC ink and demonstrate 3D printing of 

high resolution (80 µm) and complex 3D structures using low-cost (~US$300) liquid-crystal 

display (LCD) printers. The ink includes POMaC, a diluent and porogen additive to reduce 

viscosity within the range of VP, and a crosslinker to speed up reaction kinetics. The mechanical 

properties of the cured ink were tuned to match the elastic moduli of different tissues simply by 

varying the porogen concentration. The biocompatibility was assessed by cell culture which 

yielded 80% viability and the potential for tissue engineering illustrated with a 3D printed gyroid 

seeded with cells. VP-POMaC and low-cost LCD printers make the additive manufacturing of 

high resolution, elastomeric, and biodegradable constructs widely accessible, paving the way for 

a myriad of applications in tissue engineering, implants, organ-on-a-chip, wearables, and soft 

robotics. 

Keywords: 3D Printing, Elastomers, Tissue engineering, Additive manufacturing, 

Biomaterials, Photopolymerization 

6.3 Introduction 

Organ-on-a-chip platforms integrate microfabrication, tissue engineering, and 

microfluidics fundamentals to recapitulate relevant aspects of complex living organs in-vitro, 

including microarchitecture, microenvironment, functions of organs, and dynamic cell-to-cell 
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interaction1,2. Organ-on-a-chip engineering could revolutionize new compound screening, and 

biomarker discovery and, lead to the development of organ-specific drug screening systems3. 

Fabrication of organs-on-a-chip devices in a biomimetic manner requires great care to achieve 

tissue-like physiology in-vitro. These biofabrication techniques tend to be complex and labor-

intensive, and they often require cleanroom facilities which lead to limited growth in the field of 

organ-on-a-chip. In response to these limitations, 3D printing using bioinks has become an 

increasingly popular alternative4. 

3D printing offers many advantages over conventional biofabrication processes for 

scaffold fabrication, including the ability to create 3D structures with predefined design and 

fabrication of complex 3D tissue constructs similar to biological systems in an automated, rapid 

and cost-effective manner5,6. Hydrogels are undoubtedly the most utilized biomaterials for 3D 

printing and 3D bioprinting due to their properties such as porosity, high water content and 

biocompatibility suitable for live cells7. Conventional hydrogels suffer from poor mechanical 

properties, uncontrollable degradability, and structural stability8. Furthermore, to prevent 

shrinkage and disintegration of the 3D-printed scaffolds, hydrogels must be kept hydrated during 

and after 3D printing. Additionally, 3D printing must be done in a wet environment to avoid 

dehydration and shrinkage of the 3D-printed layers. 

Driven by the growing need for advanced materials in emerging technologies, research on 

novel biodegradable elastic polymers has increased, with synthetic, biodegradable elastomeric 

biopolymers9,10 emerging as promising alternatives to hydrogels due to their tunable and stable 

mechanical and chemical properties, making them suitable for mimicking a wide range of soft 

biological tissues11. Citrate-based biomaterials have received considerable attention in the last few 

years due to their biocompatibility, degradability, and flexible designability12–14. One of the 
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promising citrate-based biomaterials is poly(octamethylene maleate (anhydride) citrate) (POMaC) 

elastomer which is a photo-curable elastomer allowing fast fabrication under mild conditions, 

degrades through hydrolysis reactions in aqueous solutions, and is synthesized from non-toxic 

monomers15. In addition to photocrosslinking of POMaC via the alkene moieties, it can be also 

thermally crosslinked via easter formation15. POMaC has also been successfully used as a key 

component of implantable pressure/strain sensors for tendons and tissue engineering, selected and 

proven for its biocompatibility, biodegradability, and mechanical properties. For example, Zhang 

et al. previously developed an angiogenesis assist device that enabled the merging of two 

seemingly opposing criteria: permeability and mechanical stability of the vasculature, in a 

microfabricated polymer-based scaffold for organ-on-a-chip engineering16. However, the 

assembly of the polymer structures involves multiple cumbersome photolithography steps and 

manual layer-by-layer assembly that hinder the use of POMaC for tissue engineering applications. 

Photolithography and 3D stamping technology are expensive, lengthy, and involve multistep 

procedures. 3D printing could provide an alternative solution to such limitations, however, 

elastomers are particularly challenging to 3D print due to their high viscosity, softness, and slow 

crosslinking kinetics compared to most common polymers and hydrogels17. 

To circumvent some of these challenges, 3D printing by extrusion of POMaC followed by 

photocuring has been explored as an alternative to direct photopatterning; however the high 

viscosity (>5000 cP) severely limits speed and resolution18,19. Radisic and colleagues developed a 

coaxial extrusion-based 3D printing of tubular POMaC microstructures with a Pluronic bath18. 

Poly(ethylene glycol) dimethyl ether (PEGDME) was mixed with POMaC to reduce viscosity and 

introduce porosity. Thanks to this approach, a variety of perfusable tubes with an inner diameter 
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of 500 µm and a wall thickness of 50 µm could be printed at much higher speed. However, this 

method cannot be used for non-tubular structures. 

In an alternative strategy, Wales et al. used Poly(ethylene glycol) diacrylate (PEGDA) with 

a molecular weight of 700 Da as a copolymer crosslinker with POMaC to improve photoreaction 

kinetics19. POMaC could thus be 3D printed into simple shapes such as rings with a maximal 

spatial resolution of ~ 1 mm, which is inadequate for many applications. Additionally, PEGDA 

had a significant effect on the degradability and mechanical properties of POMaC, which may 

limit its usefulness in tissue engineering applications. As a result, there is a need for 3D printing 

of high-resolution and more complex structures made with POMaC. 

Vat photopolymerization (VP) 3D printing is an agglomerative term that encompasses a 

variety of 3D photopolymerization printing methods, such as stereolithography (SLA) within the 

vat, which have collectively gained popularity in recent years. These techniques include high-end, 

expensive 2-photon photopolymerization systems costing > US$500K, widely used digital light 

processing (DLP, also called stereolithography) systems that typically cost between US$5,000 and 

US$15,000 with resolutions of up to 2560 × 1600 (~4M) pixels, and direct laser writers that offer 

slightly lower resolution and lower throughput but at a somewhat reduced cost of around $2000. 

Most printers are available as light engines with wavelengths of 405 nm, as well as 385 nm and 

365 nm, which are often preferred due to the greater availability of inks, higher energy, and 

increased photo-crosslinking efficiency. More recently, liquid crystal display (LCD) 3D printers 

have become available at a very low cost of US$300, offering a resolution of 4K (3840 × 2160, ~ 

8M pixel) and, for slightly more expensive models, 8K (7680 × 4320, ~33M pixels), significantly 

outperforming more costly DLP printers while only being available with 405 nm illumination. 
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LCD 3D printers have only recently been adopted and explored for research application20–22, but 

have not been reported for printing of biomaterials. 

Herein, we further analyze the challenges that prevented VP 3D printing of POMaC. We 

then formulate a POMaC ink (VP-POMaC) incorporating cross-linkers, photoabsorbers (PA), 

diluent, and porogens suitable for printing at a resolution tens-of-micrometers using very low-cost 

LCD 3D printers. The mechanical properties of prepolymer and polymerized VP-POMaC are 

characterized, including viscosity, hydrolytic degradation, compatibility of 3D printed constructs 

for 3D cell culture. Additionally, we fabricate complex POMaC constructs that were previously 

unattainable using conventional methods.  

 

Figure 6.1 Schematic of the synthesizing and 3D printing process via LCD VP 3D printing. (a) 

POMAC prepolymer was synthesized by mixing three different monomers (citric acid, 1,8-octanediol, and 

maleic anhydride) at 140◦C for 4 h under N2 purge. (b) the VP-POMaC ink composition. (c) The fabrication 

process starts with LCD 3D printing of an object to achieve microporosity, followed by washing steps to 

remove the porogen to form nanoporosity. 
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6.4 Results 

6.4.1 Characterization and Design Criteria for VP 3D printable POMaC 

VP 3D printing of POMaC was challenging because of its low reaction kinetics and its high 

viscosity (>5000 cP), which, make it difficult to produce high-resolution structures, limit printing 

speed, and the ability to drain uncured ink from the prints, which collectively preclude its use for 

VP 3D printing.  Indeed, slower reaction rate can lead to decreased resolution because of increased 

diffusion of the reactants.23 Furthermore, it has been reported that a viscosity higher than 3000 cP 

is not suitable for VP 3D printing, as it would translate to an impractical vat-recoating period 

between layers of more than 1 min24. Additionally, the elasticity and comparatively low 

mechanical resilience of POMaC can cause damage to the 3D printed structure due to layer 

separation force. 

In order to 3D print POMaC with an LCD VP 3D printer, we developed the VP-POMaC 

formulation depicted in Figure 6.1 that meets the following criteria. (a) photocrosslinkable with 

high efficiency at the wavelength of 405 nm available in LCD VP 3D printers, (b) high absorbance 

at the same wavelength, (c) improved reaction kinetic compared to POMaC, (d) a lower viscosity 

to facilitate VP 3D printing and draining the uncured ink from microscale features, and (e) suitable 

biocompatibility for 3D cell culture. These criteria are important to ensure that VP-POMaC could 

be used effectively with an LCD 3D printer, and that the resulting 3D-printed structures would 

have the desired properties for tissue engineering applications.  

A photoinitiator (PI) is required for VP 3D printing and for our purposes needs to be 

biocompatible, soluble in POMaC, and high absorption at 405 nm. Irgacure 2959 is commonly 

used as photoinitiator and was used with POMaC, but it has low absorption at wavelengths higher 

than 375 nm, making it unsuitable for use with 405 nm light. The requirement for sufficient 
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absorbance at 405 nm and low cytotoxicity narrowed down the available photoinitiator options to 

lithium phenyl-2,4,6-trimethyl benzoyl phosphinate (LAP), 2,4,6-trimethylbenzoyl)-

phenylphosphine oxide (BAPO), and diphenyl (2,4,6 trimethylbenzoyl)phosphine oxide (TPO). 

LAP has the lowest cytotoxicity among these options, but it is not soluble in POMaC. Compared 

to BAPO, which is one of the most commonly used photoinitiators in VP 3D printing, TPO is less 

cytotoxic and has a less yellow color25,26. We thus used TPO, a type 1 photoinitiator that is readily 

soluble in POMaC at a high concentration (5% w/w). TPO has an absorption wavelength range of 

380-425 nm, with a maximum absorption around 380 nm27. While not perfectly matched to the 

405 nm light of commercially available 3D LCD printers, it nonetheless remains adequate for 

efficient polymerization of the POMaC ink. To improve the vertical resolution and prevent 

clogging of embedded conduits by uncontrolled light penetration through and scattering on cross-

linked structures, a photoadsorber is required. We added isopropyl thioxanthone (ITX) as a 

photoabsorber as it exhibits very low cytotoxicity, and is suitable for tissue engineering 

applications26,28. 

Methacrylated/acrylated crosslinkers have been widely employed for free-radical-based 

polymerization in photosensitive inks. Trimethylolpropane triacrylate (TMPTA) has gained 

poularity as crosslinker due to its biocompatibility and the three double-bonds in its chemical 

structure, which increase the rate of double bonds in the ink and help to improve the reaction 

kinetics29. To facilitate free-radical-based polymerization of VP POMaC ink, we added 1% (w/w) 

of TMPTA  (912 MW) and found that the gelation time was reduced from 11 s to 7 s . Importantly, 

TMPTA does not significantly change the mechanical properties of POMaC, so the 3D-printed 

material retains its desired mechanical behavior even after TMPTA has been added. 
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The high viscosity of POMaC is an obstacle to 3D printing, and needs to be reduced by 

either heating in the vat30,31 or by adding a diluent (i.e., a thinner as is used in paint or polish) to 

the ink32,33. Heating POMaC during the polymerization process could affect its stability and 

reactivity due to its dual crosslinking characteristic. The diluent is thus the preferred approach but 

it must be non-reactive and not participate in the crosslinking reaction, while it must leach out after 

polymerization. For example, reactive diluents such as PEGDA700 help reduce viscosity19, but 

they participate in the crosslinking reaction. Prior works have shown that non-reactive diluents 

such as PEGDME could also enhance nutrient and oxygen exchange by forming nanopores into 

POMaC polymer scaffolds11,34. This allows for the production of 3D-printed parts with 

nanoporosity, which can be beneficial for tissue engineering applications. Hence, we explored the 

possibility of incorporating polyethylene glycol (PEG) with a molecular weight of 400 a miscible 

non-reactive material into the ink solution with the expectation that it would reduce viscosity, 

could be readily leached out after 3D printing thanks to its low molecular weight, and that it would 

also act as a porogen. PEG is less viscous and expected to be less toxic than PEGDME, which has 

an ether group. Indeed, PEG is also FDA-approved, water-soluble, and non-toxic and has been 

used in numerous biomedical and pharmaceutical applications.  

By incorporating all the components introduced so far, we developed an optimized ink, 

VP-POMaC, which was composed of POMaC as the monomer, PEG400 as the porogen and 

diluent, TMPTA as the crosslinker, TPO as the photoinitiator, and ITX as the PA. We successfully 

3D-printed transparent elastomeric microfeatures using VP-POMaC (Figure 2). The final 

construct is obtained after incubating it overnight in 70% ethanol to remove the porogen and 

unreacted ink components, turning the parts from translucent when freshly printed to their final 

transparent state.  
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Figure 6.2. 3D constructs made by VP-POMaC ink illustrating its printability. (a) Side view of an 

array of 3D-printed open channels with different dimensions. (b) Top-view microscopy image of 3D-

printed open channels as small as 100 µm. (c) Top-view microscopy image of 3D-printed features as small 

as 80 µm (white arrow). (d) Isometric view of 3D-printed complex gyroid structures with different 

dimensions. Objects in (a-c) were 3D-printed using 40% porogen, while the objects in (d) were 3D-printed 

using 50% porogen. 

The LCD 3D printer used in this study has a footprint of 143 × 90 mm2 with a projected 

pixel size of 35 × 35 µm2 and 2.5 mw/cm2 power intensity. The printing parameters were 

optimized for producing detailed prints on a footprint approximating the one of a 96-well plate 

within a few minutes. While DLP-based 3D printers offer sharper pixel edge resolution and higher 

light intensity, LCD 3D printers are more affordable, have more pixels, and larger printing area. 

VP-POMaC is also compatible with DLP printers, and 3D structures were printed with shorter 

exposure times thanks to the higher light intensity of these printers (Figure 6.S1, Supporting 

Information). VP relies on a low adhesion membrane to minimize print failure, and fluorinated 

ethylene propylene (FEP) membranes are commonly used. Here, to further reduce the separation 

force, we used a perfluoroalkoxy (PFA) membrane that has a higher tensile strength. This allowed 

the printed layers to detach more easily and minimized the risk of damaging small features during 

printing. The layer thickness of 20 µm, in conjunction with a layer exposure time of 50 s, facilitates 

the production of a smooth surface finish with minimal layer artifacts. After separation in each 
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layer, the resting time of 2 s ensured complete ink recoating during the 3D printing process. 

Furthermore, the retraction speed was set at a low value of 80 mm/min to reduce the separation 

force that is proportional to the speed. 

In VP 3D printing, the effective Z resolution for overhanging structures is mainly dictated 

by the penetration depth of light and the reaction kinetics of the ink. The light penetration in the 

ink can be characterized by measuring the thickness of polymerized ink for different exposure 

times (Figure 5.S2, Supporting Information). Although the exposure time required for curing 

each layer was reduced from 120 s to 50 s by adding TMPTA, it is still relatively long compared 

to commonly used non-elastomeric inks. This longer exposure time can lead to the diffusion of 

free radicals, which can affect the XY resolution of the 3D-printed structures. We evaluated the 

3D printing resolution by printing open channels separated by 500 µm gaps with widths ranging 

from 50 µm to 500 µm in steps of 50 µm. The 50 µm channel was blocked, and the smallest 

successful 3D-printed channel was measured to be 110 µm, as shown in Figure 2a-b. The blockage 

of the 50 µm channel may have been caused by the scattering of light, the diffusion of free radicals 

generated during the reaction, or both. Previous research has investigated the potential impact of 

reactant diffusion and light scattering on the loss of resolution that is commonly observed in VP 

3D printing35,36. Additionally, we successfully 3D-printed positive surface features with 

dimensions as small as 80 µm (Figure 5.2c, Figure 5.S3, Supporting Information). By using the 

VP-POMaC with 50% porogen and optimized exposure time in our 3D printing process, we 

successfully fabricated complex structures such as the gyroid with features as small as 100 µm 

(Figure 2d). The gyroid illustrates the capabilities of VP-POMaC and LCD printers for making 

elastic objects with nanoporosity and intricate microscale geometries that cannot be made by 

extrusion-based 3D printing or molding of POMaC. 
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6.4.2 Effect of porogen on printability, and on mechanical properties of VP-POMaC 

Ink 

 

Figure 6.3. Effect of porogen on the mechanical properties of photocured POMaC. (a) Compression 

and final storage modulus for VP-POMaC with different concentrations of PEG porogen. (b) Young’s 

modulus and ultimate tensile stress for VP-POMaC with different concentrations of porogen. (c) 

Representative stress–strain curves of samples 3D-printed with VP-POMaC prepared with various 
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concentrations of PEG. (d) Viscosity for different concentrations of PEG porogen. Error bars represent 

standard deviations. Representative of three independent experiments (N = 3). (e). Images of a 3D-printed 

gyroid before, while under load, and after recovery.  

We investigated the effect of porogen concentration on the mechanical properties of VP-

POMaC using photorheology, compression, and tensile testing. It should be noted that due to the 

high viscosity of POMaC at concentrations lower than 20% of porogen, preparing samples for 

tensile testing was challenging, as the elevated viscosity made it difficult to 3D print the material. 

In contrast, photorheology is compatible with high-viscosity materials, and compression tests 

necessitate only small disc samples, which can be feasibly produced. As a result, tensile testing 

was only conducted for porogen concentrations within the 20-50% range, while photorheology 

and compression testing were conducted for concentrations of 0-50%. Unexpectedly, VP-POMaC 

with increasing porogen exhibited increasing compression (max. 790 kPa), storage (max. 16.42 

kPa), and Young’s modulus (max. 543 kPa) with maximal values found for the maximum porogen 

concentration of 50% tested in this study. Both compression and photorheology tests confirmed 

that formulations with a higher concentration of porogen had a higher modulus (Figure 6.3a). 

Specifically, the compression modulus increased from 80 kPa to 790 kPa as the porogen 

concentration increased from 0% to 50%. Tensile testing exhibited a similar trend (Figure 6.3b). 

Additionally, we observed that increasing the porogen concentration resulted in a more brittle 

material (Figure 6.3c and Figure 6.S4, Supporting Information). Our findings are in agreement 

with previously reported results on the effect of porogen concentration on the mechanical 

properties of elastomers37.  

Here, the porogen is primarily utilized as a viscosity-reducing agent to enhance printability. 

By introducing 50% PEG porogen, the viscosity of POMaC can be reduced from 10136 cP to 282 

cP. (Figure 6.3d). We found PEG concentrations of 40% and 50% to be optimal for printing as 
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the reduced viscosity both facilitates that back-and-forth movement of the build plate and the post-

printing cleaning, which involves the rinsing and drainage of residual ink, while it also leads to 

faster photoreaction kinetics. 

The increased rigidity within increasing porogen observed in 3D-printed samples may be 

attributed to several factors. The decreased viscosity of VP-POMaC at higher porogen 

concentrations may enhance reaction speed due to improved mobility of reactive species. This 

increased mobility can lead to a higher probability of encounters between reactive species, 

resulting in a faster curing reaction and ultimately forming a more densely crosslinked network. 

Moreover, material shrinkage resulting from porogen removal after curing could contribute to an 

increase in the density of the polymer network. This observation is in agreement with the 

photorheology and swelling results presented in the subsequent sections. In-depth investigations, 

beyond the scope of this paper could offer additional insights into the underlying factors 

responsible for the observed increase in rigidity. In this study, we focused on the effects of porogen 

concentrations ranging from 0% to 50% on the mechanical properties of the VP-POMaC. It should 

be noted that this study did not investigate porogen concentrations higher than 50%; future 

research could explore the impact of higher porogen concentrations on the material's properties.  

Our findings indicate that the mechanical properties of the VP-POMaC material can be 

tailored by adjusting the porogen concentration to potentially suit various tissue engineering 

applications. The storage modulus values, ranging from 2.94 kPa to 16.42 kPa with increasing 

porogen concentration from 0% to 50%, encompass the desired range for tissues such as skeletal 

and heart muscle tissues (6-25 kPa)39–41. However, it is higher than the range for brain tissue (0.1-

1 kPa)42 and liver tissue (0.5-3 kPa)43.   
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6.4.3 Effect of porogen on the crosslinking rate of VP-POMaC 

To investigate the impact of PEG porogen and TMPTA on POMaC's gelation time, we 

conducted photorheology tests to measure the storage modulus (G') and loss modulus (G'') during 

UV light exposure. The gelation time was determined by the point at which G' crossed over G'', 

indicating the material's transition from a gel to a solid state. Before crosslinking induced by UV 

light (<15 s), the G' and G'' values were stable (Figure 6.4a). The addition of 1% TMPTA 

significantly reduced the gelation time from 11 s to 7 s in the photorheometer, illustrating the 

influence of low concentrations of the TMPTA crosslinker with three double bonds on reaction 

kinetics. This has notable benefits for 3D printing, where rapid polymer crosslinking during 

printing is desirable. The effect of porogen concentration on the crosslinking rate of the polymer 

is also considerable, as illustrated in Figure 6.4b. Increasing the porogen content exhibited a clear 

acceleration in crosslinking rate. This may be attributed to the significantly lower viscosity of the 

VP-POMaC ink at higher porogen concentrations (Figure 6.3d), which enables greater potential 

for increased free radical diffusion coefficient, resulting in a more pronounced impact on the 

crosslinking rate. The same underlying mechanism could explain the correlation observed between 

mechanical properties and porogen concentration.  
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Figure 6.4. Crosslinking rate, gelation time of POMaC and VP-POMaC. (a) time sweep photorheology 

measurements of POMaC and VP-POMaC ink both with 40% porogen. The addition of TMPTA in the VP-

POMAC ink formulation resulted in a decrease in gelation time from 11 s to 7 s as compared to the ink 

formulation without TMPTA. (b) Gelation time under UV illumination for different concentrations of 

porogen. The gelation time is reduced when the concentration of porogen is increased. 

6.4.4 In vitro swelling and degradation  

Biocompatible inks with low swelling/ shrinkage ratios (<50%) are favorable for tissue 

engineering and wound healing applications44 as a low swelling ratio is essential for maintaining 

the architecture and fidelity of 3D-printed microstructures under physiological conditions. The 

swelling behavior of VP-POMaC inks was characterized by incubating them in PBS for up to 7 d. 

As shown in Figure 6.5a, the shrinkage increased for samples with higher concentrations of 

porogen. This could be ascribed to the higher porosity of samples with porogen which leads to 

higher water uptake.  Notably, the shrinkage for all concentrations remained below 25%, indicating 

a low level that is suitable for tissue engineering applications. 

Biodegradability is essential for tissue-engineered scaffolds, and the rate of degradation 

requires to match the tissue formation rate, to finally replace the regenerated tissue. Hence, the 

long-term performance of scaffolds in-vivo is strongly dependent on the degradation rate. The 
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polymer molecular structure and composition have a critical impact on the degradation rate. The 

ester bonds in the POMaC backbone are hydrolytically degradable, and depending on their relative 

content, they mediate controlled degradation rates37,44. When exposed to physiological conditions, 

POMaC degrades via surface erosion, a process that sequentially breaks the ester bonds between 

monomers. 

 

Figure 6.5. In-vitro swelling and degradation of VP-POMaC. (a) Swelling ratio over a week in PBS 

solution. (b) mass loss of VP-POMaC disks without porogen and with 40% porogen in PBS solution at 

37°C over 60 days and (c) accelerated mass loss in 0.25M NaOH solution Representative of three 
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independent experiments (N = 3). (d) hydrolytic degradation via surface erosion of 3D printed woodpile 

structure with 40% porogen over time in 0.25 M NaOH solution (See Video S2, Supporting Information). 

To investigate the in-vitro degradation of VP-POMaC, we fabricated disks via 3D printing 

and incubated them in phosphate-buffered saline (PBS) buffer (pH 7.4) and 1M NaOH at 37° C. 

As shown in Figure 6.5b, the samples containing 40% porogen experienced significant weight 

loss in PBS compared to pure VP-POMaC. The rate of degradation significantly slowed down 

after day 1, and samples with PEG porogen exhibited 50% mass loss after 60 days. The initial 

mass loss (~10%) is associated with soluble low molecular weight chains in the polymer, while 

the additional mass loss in the porous VP-POMaC samples is due to the leaching of water-soluble 

PEG porogen. 

Polymers that contain ester linkages, such as POMaC, are more susceptible to hydrolytic 

degradation in the presence of NaOH (sodium hydroxide) which hydrolyses the ester groups and 

can speed up degradation. We investigated the accelerated degradation of POMaC at a 

concentration of 0.25 M sodium NaOH solution. 3D-printed structures were immersed in 0.25 M 

NaOH solution at room temperature with no agitation. The VP-POMaC samples completely 

degraded and dissolved after 3 h in an aqueous base solution (Figure 6.5c, Supplementary Video 

S2). Figure 6.5d shows the dissolution as time progresses. Most of photocurable inks are derived 

from acrylates and epoxides that are difficult to degrade once crosslinked. 3D printable materials 

such as POMaC can address the concerns about pollution issue for VP inks that are of increasing 

concern as 3D printing becomes more widely adopted.  

6.4.5 Cytocompatibility and 3D cell culture 

POMaC has been widely used for cell-based applications which require a high level of 

biocompatibility. As unreacted POMAC ink components remain in the 3D-printed part and are 

cytotoxic, extensive post-printing washing is needed to eliminate all unreacted residues prior to 
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cell culture. The washing step is also necessary for the pore formation via extraction of the porogen 

component. To achieve optimal biocompatibility and porosity, 3D-printed POMaC samples were 

washed with PBS and 70% EtOH for at least 48 h to remove any residual porogen and unreacted 

ink components. Throughout the washing process, we alternated the wash buffer between PBS and 

70% EtOH every 12 h to best utilize POMAC’s distinct swelling behavior in each buffer. 

VP-POMaC was tested for cytocompatibility using the human lung fibroblast cell line 

(IMR-90) and human umbilical vein endothelial cells (HUVEC). The cell lines were chosen for 

their wide usage in research, as well as for their intolerance of sub-optimal culturing conditions. 

The cytocompatibility assays were performed in compliance with International Organization for 

Standardization (ISO) standards (10993-5:2009) for the development of medical devices. 

According to ISO 10993-5:2009 standard, the 3D-printed POMaC samples were post-treated with 

the above-mentioned washing process and directly co-cultured with our model cell lines in a 96-

wellplate. In addition to a cell-only control condition, a previously developed POMaC 

formulation34 was used as a cytocompatibility benchmark. Microscopy images and quantitative 

cell viability measurements via PrestoBlue™ were taken every 24 h for a time course of 3 days. 

As shown in Figure 6.6a-d, we observed that HUVECs and IMR-90 co-cultured with VP-POMaC 

or the benchmark POMaC formulation were morphologically indistinguishable compared to the 

cell-only control condition. Furthermore, the quantified cell viability (normalized to cell-only 

control) showed excellent biocompatibility (>80% for all time points) of both VP-POMaC and the 

benchmark POMaC formulation. 

In addition, we cultured HUVEC cells on a 3D-printed cylindrical lattice gyroid structure 

as a demonstration of cell-populated 3D-printed POMaC structures for prospective tissue 

engineering applications. The scaffold was designed with voids with a minimum diameter of 200 
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µm. To enable cell attachment, the 3D-printed VP-POMaC structure was incubated in cell culture 

media supplemented with 40 µg/mL collagen I overnight at 4℃. The morphological 

characterization shows a satisfactory cellular adhesion to the scaffold, as illustrated in Figure 6.6d-

f.  In 3D culture, cells were found to proliferate throughout the entire scaffold for pore sizes 

between 200-400 µm. The scaffold exhibits autofluorescence in the green channel, which aids in 

visualization of its topography and of cell attachment. In summary, VP-POMaC ink shows good 

biocompatibility, cell adhesion and proliferation, making it a promising candidate for various 

tissue engineering applications.  

 

Figure 6.6. 3D cell culture on VP-POMaC scaffold. (a) Fluorescence images of GFP labelled IMR-90 

human lung fibroblast cells following 48 h culture in a wellplate in presence of VP-POMaC. (b) IMR-90 

cell viability when cultured with VP-POMaC or POMaC for up to 3 d. (c) Fluorescence image of mCherry-
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labelled HUVEC cells following 48 h in a wellplate in the presence of VP-POMaC. (d) HUVEC Cell 

viability for 3 d. (e-f) 3D confocal microscopy images of HUVEC cells (red) cultured and adhered on an 

autofluorescent cylindrical gyroid scaffold (green) along with close-up images (h-i) A close-view of 

cultured HUVEC cells (red) reveals cellular proliferation on the scaffold (green). 

6.5 Discussion and Conclusion 

3D printing has transformed tissue engineering, offering unprecedented freedom in 

designing and fabricating intricate microstructures that are challenging to create using traditional 

fabrication methods. The use of elastic, biodegradable materials is desirable for many tissue 

engineering applications, and POMaC has emerged as a candidate material but has been difficult 

to shape by 3D printing. Here, we introduced VP-POMaC and the use of DLP and low-cost LCD 

printers for the fabrication of complex scaffolds that were unattainable with previous fabrication 

methods for POMaC. 

This presents a notable breakthrough in the 3D printing of POMaC, achieving a resolution 

down to tens of microns with the smallest feature printed at 80 µm. The optimized exposure time 

of 30 s to 50 s per 20 μm layer constitutes a major improvement over the 4 min crosslinking time 

(per layer) required in previously reported manual stamping processes, which also entailed labor-

intensive manual alignment and multiple masks for each scaffold, ultimately extending the total 

scaffold fabrication time to a day. The DM process for POMaC 3D printing is largely automated, 

eliminating the need for expensive equipment and manual labor while also enabling faster design 

iteration. In addition to the faster fabrication time, using this approach allows for the fabrication 

of more complex scaffolds, such as gyroid structures that were previously impossible to create. 

These complex scaffolds can be utilized in various tissue engineering and organ-on-a-chip (OoC) 

applications that demand precise designs. 
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By reducing the gelation time from 11 s to 7 s as measured by photorheology, adding a 

crosslinker with three double bonds, and decreasing the viscosity using PEG porogen, we 

successfully adapted POMaC for VP printing on the low-cost LCD  3D printer. The resulting 

POMaC constructs exhibit high biocompatibility (>80% cell viability) with fibroblast and 

endothelial cells. Their mechanical properties can be tailored to suit specific tissue engineering 

needs with a range of storage moduli (2.94-16.4 kPa) and compression moduli (79.3 - 790 kPa) 

suitable for various applications, such as skeletal and heart muscle tissues. This controllability of 

mechanical properties offers the potential to create biomaterials that more accurately recapitulate 

the tissue-specific biomechanical microenvironments, thereby enhancing the prospective efficacy 

of tissue engineering approaches. Additionally, this flexibility in the mechanical profile of the 

material broadens its application spectrum in non-biomedical fields. Moreover, compatibility with 

both DLP and low-cost 3D LCD printers (available for under $300) will open up new opportunities 

for VP-POMaC, tissue engineering, and VP printing,  

Future work will be needed to investigate the effect of PEG porogen on the pore size, 

resolve the low printability at lower porogen concentrations, and validate or improve the bioink 

for high-resolution 3D printing down to the sub-ten-micrometer scale necessary for reproducing 

small embedded vasculature networks that correspond to the size range of capillaries. Beyond 

tissue engineering, the 3D-printed POMaC constructs also hold promise for use in wearables, soft 

robotics and possibly flexible electronics thanks to its biocompatibility and tunable elastomeric 

properties. Hence, the convenient and rapid fabrication of biodegradable, biocompatible, and 

elastic microstructured POMaC constructs using an affordable LCD 3D printer creates a wealth of 

opportunities not just for tissue engineering, implants, and organ-on-a-chip, but also for wearables 

and soft robotics. 
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6.6 Materials and Methods 

3D printing 

All objects were designed in SolidWorks, exported as “STL” files, and 3D-printed with a 

ELEGOO Mars 3 LCD 3D printer (ELEGOO, China) with a 35 µm pixel size and 4K monochrome 

LCD. All objects reported in this work are printed with a layer thickness of 20 µm and an exposure 

time of 50 s at a light intensity of 2.2 mW/cm2. Immediately after printing, to remove 

unpolymerized ink, objects were washed with 70% EtOH (Fisher Scientific, Saint-Laurent, 

Quebec, Canada) several times, and dried under a stream of pressurized nitrogen gas. Then, the 

objects were immersed in 70% PBS for 48 h to remove the residual ink and porogen. 

Synthesis of POMaC 

Poly(octamethylene maleate (anhydride) citrate) (POMaC) was synthesized as described 

previously46. Briefly, maleic anhydride, citric acid, and 1,8-octanediol were mixed in a two-necked 

round bottom flask at a 2:3:5 molar ratio and melted at 160 ℃ under nitrogen purge, and the 

mixture was stirred for 2 h. The resultant prepolymer was then dissolved in 10 ml 1,6-dioxane and 

purified through drop-wise precipitation in deionized distilled water. Then the collected polymer 

was concentrated and dried under airflow for two days and stored at 4℃. Following drying, the 

prepolymer was analyzed using FT-IR spectroscopy (Figure 6.S8, Supporting Information), and 

the obtained data was consistent with the spectra reported in prior studies15,19. 

Formulation of VP-POMaC ink 

Purified POMaC was mixed with a PEG (no. 202398; Sigma-Aldrich), which is miscible 

with both POMaC and water and has a low molecular weight, allowing it to be leached out after 

crosslinking of the polymer. Different concentrations of PEG, spanning from 10% (w/w) to 50% 
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(w/w), were used to quantify the effect of porogen on the mechanical, and reaction kinetic 

characteristics of the ink. TMPTA (no. 412198; Sigma-Aldrich) at a concentration of 1% (w/w) 

was added to the ink to decrease the onset time by providing more acrylate groups.  

The PI, TPO (no. 415952; Sigma Aldrich), was mixed with the POMaC/PEG solution at a 

2 % (w/w) concentration, after preliminary experiments were conducted to identify a concentration 

that produced prints of adequate resolution (i.e., lower concentrations did not consistently produce 

prints with satisfactory resolution, while higher concentrations did not necessarily cause any 

improvement). To assist in mixing the PI into the solution, the solution was heated on a hot plate 

at 60-90 °C for 2-5 min and then mixed for 30-120 min, depending on the progress of mixing. The 

other component of the ink was a PA, ITX (no. TCI0678; VWR International) was mixed with the 

ink at a concentration of 0.8% (w/w). 

Videos and image stacking 

Videos and images were captured using a Panasonic Lumix DMC-GH3K and Sony α7R 

III. Focus stacking was performed using Imaging Edge Desktop (Sony Imaging Products & 

Solutions Inc., Japan) to obtain a sequence of images at various focal planes. The images were 

then processed using CombineZP (available at https://combinezp.software.informer.com/). 

Microscale imaging was conducted on a Nikon Eclipse LV100ND inspection microscope at 5x 

magnification. Some images were captured using a Leica SMZ-8 stereo microscope equipped with 

a Lumix GH3 DSLR digital camera from Panasonic. 

Photorheology 

A Discovery HR-2 rheometer (TA-Instruments, DE, USA) was used in conjunction with 

the ultra-violet (UV) accessories to investigate the effect of porogen, and TMPTA on the storage 
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and loss moduli and the gelation time of the ink. A volume of 200 μL was added on the bottom 

plate of the rheometer and a time sweep test was performed while the sample was exposed to UV 

radiation for 45 s. The UV light intensity was set at 20 mW.cm-2. The time sweep test was 

conducted at room temperature using a torsional frequency of 1 Hz and torsional strain of 1%. The 

experiment was performed for different study groups and the storage and loss moduli was recorded 

to find the onset time as well as the gelation time, i.e., the intersection of the loss and storage 

moduli curves. 

Compression and tensile test 

Disk-shaped samples were 3D-printed with a diameter of 10mm. The samples were then 

washed in 70% EtOH (Fisher Scientific, Saint-Laurent, Quebec, Canada) for 48 h before the 

compression test. A dynamic mechanical analyzer (DMA, Q800 TA-Instruments, DE, USA) was 

employed to quantify the compression modulus of the crosslinked samples. Tensile testing was 

carried out using an Instron 3360 electronic universal testing machine (Instron corporation, MA, 

USA). 

Swelling/shrinkage 

Disk-shaped samples were prepared similarly to samples for compression tests. All the 

samples were weighted after crosslinking. The samples were then soaked in PBS 1x and shaken 

over an orbital shaker for certain time periods up to 3 weeks. At each time point, the samples were 

removed from PBS, weighed, and resoaked in PBS for the next time point. The solution was 

changed at every time point to avoid saturation. 

In-vitro degradation 
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Three disk-shaped samples, each with a diameter of 8 mm and a thickness of 3 mm, were 

fabricated for performing degradation in PBS 1x and 1M NaOH at 37°C. After crosslinking, the 

samples were frozen at -80°C for 24 h and then lyophilized for 72 h using a ModulyoD 5L freeze 

dryer (Thermo Fisher Scientific) at 290 ± 10 μbar and room temperature. The samples were then 

weighed and soaked in PBS 1x or 1M NaOH for different time periods up to 8 weeks and 3 h, 

respectively. At each timepoint, a set of samples was collected, and the media was changed for 

other samples. At the final point, all samples were frozen, lyophilized, and weighed to find the 

remaining weight fraction. 

Penetration depth measurements  

In order to measure the penetration depth of light, a drop of the formulation was placed on 

a glass slide and exposed to different exposure times at a light intensity of 2.2 mW/cm2. After 

rinsing uncured ink with 70% EtOH, we measured the thickness of patterned regions using a stylus 

profilometer (DektakXT, Bruker Co.).  

Cell culture 

The normal human fibroblast cell line IMR-90 (ATCC CCL-186) expressing the 

fluorescent protein GFP was cultured in Dulbecco's Modified Eagle Medium (Gibco, USA) 

containing 4.5 g/L D-glucose, 4.5 g/L L-glutamine, and 110 mg/mL sodium pyruvate. The media 

was further supplemented with 10% FBS and 1% penicillin-streptomycin (Gibco, USA). All cell 

lines were incubated at 37ºC with 5% CO2 supplementation. Human umbilical vein endothelial 

cells (HUVEC) expressing the fluorescent protein mCherry were kindly provided by Dr. Arnold 

Hayer of McGill University46. HUVEC cells were cultured in EGM-2 media (Lonza, USA). The 

cells were grown and passaged according to ATCC's recommendations. 
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Cytotoxicity Testing 

The cytocompatibility assays were performed in compliance with International 

Organization for Standardization (ISO) standards (10993-5:2009) for the development of medical 

devices. POMaC disks with a thickness of 800 µm were made by UV curing 150 μL of VP-POMaC 

ink in a PDMS-coated 24-well plate. The disks washed for at least 72 h in PBS and EtOH to leach 

out any unreacted ink, as well as the porogen. IMR-90 cells were seeded in a 24-well plate at a 

seeding density of 10k per well. Immediately after cell seeding, post-treated POMaC disks were 

placed directly on top of the cell layer. As controls, cell-only wells, as well as cells co-cultured the 

literature POMaC formulation were seeded with the same cell density. Quantitative cell viability 

measurements via PrestoBlue™ (Thermofisher, USA) were taken every 24 h for a time course of 

three days. Microscopy images were taken daily using a Ti2 inverted microscope and analyzed 

using NIS-Element (Nikon, Japan). Three biological replicates were done for each of the three 

above-mentioned conditions. For the PrestoBlue™ cell viability assay measurement, two technical 

replicates were performed for each biological repeat. 

3D Co-culture of POMaC and HUVEC 

3D-printed POMaC structures were post-treated as described above. Additionally, they 

were incubated in cell culture media supplemented with 40 µg/mL collagen I overnight at 4 degrees 

Celsius to enable cell attachment to the surface of the structure. Trypsinized HUVEC cells were 

washed once in PBS, resuspended in EGM-2 media at a concentration of 1x106 cells/mL, and 

supplemented with 10% growth factor reduced Matrigel® (Corning, USA). HUVECs were seeded 

in droplets onto the air-dried POMaC structure and incubated in the cell culture incubator for 1 h 

to allow cell attachment. Afterward, the POMaC structure was flipped upside-down, and the 

seeding was repeated for the opposite side. Finally, the co-culture was carefully transferred into 



213 

 

an ultra-low attachment 96-well microplate (Corning, USA) and cultured in EGM-2 media for at 

least 24 h prior to confocal imaging. 

Fourier Transform Infrared (FT-IR) 

To evaluate the synthesizing process, FTIR (Thermo-Scientific Nicolet 6700, Waltham, 

MA, USA) was conducted on the prepolymer and VP-POMaC (Figure 6.S8, Supporting 

Information). 

Data analysis 

The error bars displayed in the figures represent the standard deviation. GraphPad Prism 9 

was used for data analysis. 

 

6.7 Supplementary Information 

6.7.1 Supplementary Videos 

 

Video S1. Flexible gyroid structure 

A flexible gyroid structure 3D-printed with VP-POMaC (40%) under load without a change in 

the shape. 

Video S2. VP-POMaC degradation in NaOH 

Rapid degradation of VP-POMaC at different NaOH concentrations 
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6.7.2 Supplementary Figures 

 

Figure 6.S6.7. Penetration depth characterization of the VP-POMaC with 40% PEG porogen. 

 

 

Figure 6.S6.8. 3D-printed Angiochip scaffold with open channels. 
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Figure 6.S6.9. Swelling behaviour of VP-POMaC over 21 days in PBS. 

 

Figure 6.S.6.10. Ulitimate tensile stress (UTS) and maximum strain of VP-POMaC with different 

concentrations of porogen 
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Figure 6.S6.11. Effect of TMPTA on the gelation time 

 

Figure 6.S6.12. FTIR charecterization of POMaC. (a) FTIR spectra of POMaC prepolymer. (b) FTIR 

spectra of VP-POMaC film. FTIR analysis verified the presence of various functional groups in the pre-

polymer. FT-IR analysis of crosslinked VP-POMaC films reveals a decrease in the peak positioned at 1647 

cm−1, attributed to the vinyl group from maleic anhydride. 

 

Table 6-1. 3D printing parameters of VP-POMaC 
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Layer 

thickness (mm) 

Base layer 

exposure time 

(s) 

layer exposure 

time (s) 

Rest time 

after 

retract (s) 

Lifting 

distance 

(mm) 

Retract speed 

(mm/min) 

0.020 120 30-50 2 5 80 
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Chapter 7 

7. Chapter 7: Comprehensive Scholarly Discussion of All the 

Findings 
 

7.1 Introduction 

In this chapter, we will provide an in-depth and comprehensive scholarly discussion of all 

the findings from our research on utilizing VP 3D printing for various biocompatible formulations 

and their applications. By formulating suitable polymers, the capabilities of materials such as 

POMaC and PEGDA and technologies such as capillary microfluidics and organ-on-a-chip can be 

broadened, as demonstrated in the preceding chapters. 

With the advent of low-cost LCD 3D printers, VP 3D printing has become increasingly 

popular, offering high-throughput capabilities and enabling the fabrication of complex geometries 

with high resolution. The advantages of VP printing over other 3D printing methods like fused 

deposition modeling (FDM) and selective laser sintering (SLS) are evident in its versatility, 

resolution and faster printing speeds1,2. The high resolution of VP printers is largely determined 

by the size of the projected pixels and the layer thickness in the vertical direction. However, factors 

such as ink viscosity, composition, and curing properties also contribute to the final print resolution 

and the overall quality of the printed structures. Biocompatible inks for VP 3D printing typically 

contain one or more monomer materials, a photoinitiator, and a photoabsorber that controls the 

depth of light penetration. This ensures precise spatial control over the polymerization process, 

leading to accurate and reproducible structures. Materials functionalized with acrylate, 

methacrylate, alkyne, and acrylamide groups are compatible with VP 3D printing, including 
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biomaterials such as hyaluronic acid-methacrylate, gelatin-methacrylate, and PEGDA, among 

others3–5. These materials provide opportunities to create biocompatible and tunable structures that 

can be tailored to specific applications. Although biocompatible resins, hydrogels, and elastomers 

have been successfully developed for VP printing, there remains a need for suitable biomaterials 

that meet specific application requirements, such as mechanical strength, biodegradability, and cell 

adhesion properties. These warrant continued research and development in this area, both in terms 

of material science and the optimization of printing process. 

In this chapter, we will delve into the themes that emerged from our research, including 

the challenges we encountered and the solutions we developed to address them. We will discuss 

the impact of our findings on the broader scientific community and how our work contributes to 

the growing body of knowledge surrounding VP 3D printing and biocompatible materials. We will 

also acknowledge the limitations of our study and propose future directions for developing 

biocompatible formulations. Our findings ultimately demonstrate the potential of VP 3D printing 

as a valuable tool for fabricating complex and biocompatible structures for tissue engineering, 

biomicrofluidics, and other biomedical applications. By reflecting on our research in this chapter, 

we aim to provide a thorough understanding of the current state of the field and inspire further 

advancements in VP 3D printing technology and biocompatible materials. 

7.2 Statement of the problem 

PEGDA has emerged as a promising alternative material to PDMS in microfluidic and OoC 

applications. Several research groups have developed PEGDA-250 formulations capable of 3D 

printing microfluidic channels as small as 20 µm2 6–9. However, the current formulations have 

limitations that must be addressed to enable broader applications. One of the key challenges is 

optimizing the hydrophilicity of PEGDA-250 formulations. While they are transparent, 
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biocompatible, and impermeable to water, they are typically hydrophobic or only mildly wettable 

(>65°), which falls outside the optimal hydrophilicity range for microfluidic CCs. To address this 

issue, post-print surface modification is necessary to obtain hydrophilic surfaces that provide 

sufficient capillary pressure for self-powered filling and drainage. Although plasma oxidation and 

silane treatment are common methods for surface modification of CC channels, they require 

expensive and non-accessible equipment and have low surface coating stability, which limits their 

applicability in non-technical settings. Thus, there is a need for the development of hydrophilic 

formulations that can be printed with high resolution using versatile 3D printing techniques, such 

as VP printing. The formulations should possess the required hydrophilic properties and be stable 

enough to avoid the need for additional post-processing steps. Such a formulation would enable 

the use of CCs for point-of-care testing applications, which require low-cost and easily accessible 

manufacturing tools.  

 

Figure 7.1. A summary of the inks developed in this dissertation. CCInk, P-PEGDA, and VP-POMaC 

are all compatible with VP 3D printing for the fabrication of CCs, OoC, and TE devices. 

Another limitation of PEGDA-250 is that it does not provide sufficient cell attachment, 

which can hinder the usage of this material for 3D cell culture within the microfluidic channels. 

To improve cell attachment, additional post-treatment is required. This can involve the use of 

adhesion promoters or surface modifications to enhance the biocompatibility of PEGDA-250 
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formulations10. However, these processes are time consuming and require special equipment. 

Additionally, due to its low MW, it has very low gas permeability, which can limit gas exchange 

between the culture environment and the surrounding air. Thus, the development of a 

biocompatible PEGDA-based ink with improved cell attachment, high biocompatibility, and 

nanoporosity is crucial for various biomedical applications, including tissue engineering and drug 

discovery. Furthermore, PEGDA-250 is a rigid and non-degradable material, which may limit its 

suitability for some tissue engineering applications that require mechanical properties similar to 

soft tissues and slow degradation. 

Citrate-based elastomers have gained significant attention in the field of biomaterials due 

to their biocompatibility, degradability, and tunable mechanical properties. One promising citrate-

based biomaterial is POMaC elastomer, which is a photo-curable elastomer and has been 

successfully used as a key component of implantable sensors and TE. Although the current 

fabrication methods for POMaC involve multiple photolithography steps, 3D printing could 

provide an alternative solution to these limitations. Although several attempts using extrusion-

based 3D printing have been made to 3D print POMaC, it is still a challenge to 3D print complex 

and intricate structures due to its slow reaction as well as high viscosity (>5000 cP). Therefore, 

there is a need to develop a POMaC formulation that is suitable for the VP 3D printing of OoC 

platforms with complex designs, while maintaining the desirable properties of it, such as its 

biocompatibility, degradability, and tunable mechanical properties. This dissertation focuses on 

the development of biocompatible formualtions suitable for VP 3D printing of OoC and 

microfluidic CCs. To address the limitations of current materials, novel inks were developed based 

on PEGDA-250 and POMaC, both of which demonstrated enhanced properties suitable for various 

biomedical applications (Figure 7.1). 
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7.3 Summary of proposed solutions, findings, and their limitations 

This dissertation first presents the development of a hydrophilic PEGDA-based ink through 

co-polymerization of the monomer with hydrophilic crosslinkers. While native PEGDA-based 

CCs are considered hydrophilic, their contact angle of ~65° is too hydrophobic for aqueous 

solutions to self-fill. Although plasma treatment can increase hydrophilicity, it has been observed 

that 3D printed PEGDA-250 reverts to low hydrophilicity within 4 hours after plasma treatment. 

By incorporating hydrophilic crosslinkers, AA and MA, into the PEGDA monomer, the wetting 

behavior of the material improved significantly. The contact angle could be adjusted based on the 

percentage of the additive, with a 10% AA CCInk resulting in a contact angle of 35°, which meets 

the requirements for self-filling and valve-stopping capillary flow. 

To evaluate the long-term stability of CCs fabricated using the developed CCInk, we 

conducted a 16-week stability assessment by measuring the contact angle with water over time on 

3D printed chips stored at room temperature. Our results revealed that the contact angle remained 

stable throughout the duration of the experiment, which confirms that it is feasible to print CCs 

and store them for later use. This long-term stability is a valuable property for point-of-care devices 

and other applications that require reliable performance over extended periods. Utilizing 3D 

printing for embedded capillary valves allows for the regulation of expansion angles on either side 

of the valves, exceeding the traditional limit of 90 degrees and enabling the production of stronger 

TVs and SVs. A two-layered CC, consisting of a microfluidic chain reaction (MCR) with a total 

of nine capillary flow events—five on the top and four on the bottom layers—was fabricated to 

demonstrate the feasibility of a monolithic CC with embedded conduits. In addition, we explored 

the possibility of printing conduits with circular cross-sections while taking into account the 

limited resolution of the 3D printer. To improve circularity and minimize artifacts, we utilized 



226 

 

anti-aliasing and a low layer thickness of 20 µm. Following optimization, we were able to 

successfully 3D print circular channels with diameters as small as 160 µm. 

 

Figure 7.2. Comparison of previous fabrication methods for capillary microfluidic devices and the 

presented method in this thesis. (a) The conventional method involves multiple steps, including 3D 

printing of open channels, washing the chip, functionalizing the chip, sealing the chip with hydrophobic 

tape, and finally running the chip. (b) DM of CCs reduces fabrication time by minimizing post-processing 

time. Additionally, this approach allows for the fabrication of more intricate designs with long-term 

hydrophilicity. 

In order to demonstrate the power and compatibility of our 3D printing technique, a proof-

of-concept ELISA was developed to detect SARS-CoV2 antibodies by using a 3D printed 

interwoven circuit architecture. Additionally, external paper capillary pumps were replaced with 

an integrated 3D printed gyroid structure, realizing fully functional, monolithic CCs. We adopted 

a gyroid based on TPMS as the capillary pump. 

The use of DM has the potential to lower the barriers associated with developing complex 

microfluidic chips, making them more accessible for distributed manufacturing. Compared to the 

previous fabrication method for CCs, which involved 3D printing open channels, followed by 
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temporary functionalization of the chip using a plasma machine, and then sealing the chip using a 

hydrophobic layer, the DM of CCs can significantly reduce the fabrication time and increase 

functionality by providing long-term hydrophilicity, the ability to have embedded 3D designs, and 

compatibility with low-cost 3D printers (Figure 7.2). This approach is especially beneficial for 

individuals with limited skills in microfluidics or manufacturing, as they can easily download a 

design and 3D print it at a low cost due to the affordable CCInk. This method significantly reduces 

the fabrication and design iteration time from a few hours to less than an hour. Its long-term 

hydrophilicity also makes it suitable and accessible for point-of-care devices where expensive 

equipment, such as plasma machines, is not available. As a result, various labs can utilize CC as a 

useful tool. However, improvements can be made. For instance, optimizing CCInk for 

compatibility with low-cost LCD 3D printers could broaden CC use. One GCP limitation is the 

weakening of capillary pressure as it drains, which could be addressed by designing a GCP with a 

gradient size. More robust GCPs could be 3D-printed using higher-resolution printers. Software 

generating STL files for CCs would make them accessible to users without design expertise. Other 

areas of improvement include eliminating pipetting steps, implementing automated actuation 

systems, and the capability to 3D-print hydrophilic and hydrophobic materials simultaneously, 

enabling the design of more complex capillary elements. 

In VP 3D printing processes, inks typically consist of a monomer and a PI, resulting in non-porous 

structures. In Chapter 5, a novel formulation was proposed to address this limitation by 

incorporating a hydrophilic PEGDA monomer and a PEG-based porogen solvent. This approach 

enables the fabrication of high-resolution microstructures with nanoporosity, making the material 

suitable for OOC devices. The method offers advantages over previously reported techniques 

relying on supercritical drying, such as being faster, simpler, and more cost-effective. 
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The formulation employed PEG-200 as a porogen, which is essential for generating porous 

structures. PEG-200 was selected due to its capacity to dissolve in hydrophilic monomers and 

readily diffuse out of the cured structure, leaving behind pores. The printability of the ink was 

assessed by 3D printing complex objects, including gyroid structures and a stack of channels 

separated by a thin 27 µm membrane. Incorporating a porogen into PEGDA, which is inherently 

hydrophilic before crosslinking, and subsequently removing it through washing after 

polymerization, yielded a more hydrophilic material with a reduced contact angle. Lower porogen 

concentrations resulted in a narrow pore size distribution, while higher concentrations produced a 

broader distribution. Moreover, the average pore size increased from 5 nm to 30 nm when 

comparing a 30% porogen concentration to nonporous samples. 

Experimental results demonstrated that a 24-hour washing period achieves 80% cell viability for 

all tested cell lines, meeting the minimum requirements of ISO 10993-12 and ISO 10993-5:2009 

standards. In comparison to nonporous wells, cell coverage for HUVEC increased fourfold in 

porous wells, with even higher coverage observed for IMR, indicating enhanced cell attachment. 

HUVEC cell attachment to the scaffolds was similar to the cell culture plate control, suggesting 

that scaffolds with nanoporosity hold significant potential for 3D cell culture in OOC applications. 

To showcase the capabilities of the developed porous ink, an OOC platform was designed using a 

formulation containing 10% porogen. This composition offered improved attachment and 

transparency, making it suitable for OoC applications requiring both properties. A gyroid scaffold 

was utilized for culturing endothelial cells, providing a highly porous and interconnected structure 

that mimics the in vivo extracellular matrix. Proteomics analysis revealed increased extracellular 

matrix degradation, evidenced by the elevated secretion of MMPs by cancer cells. This study 
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confirms the potential of the developed P-PEGDA ink as a biomaterial for high-resolution VP 3D 

printing of OoC devices. 

Despite the ink's promising performance in OoC and 3D culture applications, there is room for 

further improvement. The use of porogens with different MWs could modulate material porosity, 

expanding the range of nanopore sizes in 3D printed constructs. Investigating the impact of 

porogen composition on the mechanical properties of 3D printed components may provide 

valuable insights. The integration of an active pumping system or a gravity-driven pump into the 

OoC platform could facilitate dynamic fluid flow around cells. Future research might also explore 

oxygen permeability in 3D printed parts with varying porogen concentrations. Employing FITC-

dextran with different MWs would enable a more in-depth evaluation of the material's porosity. 

Additionally, examining cell culture within embedded channels of 3D printed parts using both 

porous and non-porous inks could elucidate the influence of porosity on hypoxia. 

In Chapter 6, we addressed the challenges impeding the VP 3D printing of POMaC and overcame 

them by formulating a POMaC ink containing cross-linkers, PAs, and porogens. We developed a 

POMaC-based ink that is biodegradable and elastic (<1000 kPa), making it suitable for TE 

applications. By adding 1% (w/w) of TMPTA (912 MW), we enhanced the free-radical-based 

polymerization of VP POMaC ink, reducing the gelation time by 4 seconds. Our approach employs 

ultra-low-cost LCD 3D printers (<$300) to fabricate elastic objects with nanoporosity and intricate 

geometries, such as gyroids with features as small as 80 µm, which are difficult to produce using 

molding or other extrusion-based 3D printing methods previously reported for POMaC. 

We found that modulating the porogen concentration effectively adjusted the mechanical 

properties of 3D-printed parts, making this approach useful for applications requiring specific 

mechanical characteristics. The addition of 1% TMPTA considerably reduced the gelation time 
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from 11 s to 7 s, demonstrating the significant impact of low concentrations of the TMPTA 

crosslinker on reaction kinetics. Our biocompatibility tests revealed that HUVECs and IMR-90 

co-cultured with VP-POMaC or the benchmark POMaC formulation were morphologically 

indistinguishable from the cell-only control condition, and both VP-POMaC and the benchmark 

POMaC formulation exhibited excellent cell viability (>80% for all time points). To demonstrate 

biocompatibility, we cultured endothelial cells on the 3D-printed cylindrical lattice gyroid scaffold 

and confirmed biodegradability in vitro. The POMaC ink enables assembly-free digital 

manufacturing of this material, and with the use of low-cost 3D printers, it could greatly facilitate 

the rapid prototyping of devices for OoC and TE applications. 

The 3D printing of POMaC showed the potential to significantly reduce the fabrication time of 

POMaC scaffolds from days to hours, providing a faster design iteration time. In addition to the 

faster fabrication time, using this approach allows for the printing of more complex structures that 

were previously impossible to create. The traditional fabrication method for POMaC required a 

clean room facility and expensive masks, as well as requiring multiple manual steps. In contrast, 

the DM process for POMaC 3D printing is largely automated, eliminating the need for expensive 

equipment and manual labor (Figure 7.3). Although the VP-POMaC ink has substantially 

streamlined and automated the 3D printing process of this material for TE and OoC devices, there 

remains room for further advancements. The degradation rate of POMaC can be modulated by 

incorporating non-degradable crosslinkers, thereby allowing for adjustments in degradability 

based on specific applications. Moreover, this study examined porogen concentrations up to 50%; 

the effects of employing higher porogen concentrations on printability and mechanical properties 

warrant additional investigation. It would also be valuable to elucidate why 3D printed parts with 

elevated porogen concentrations exhibit increased rigidity. 
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Figure 7.3. Conventional fabrication method for POMaC vs. VP-3D printing of POMaC. (a) The 

conventional approach involves multiple manual alignment and stamping steps. (b) With VP-3D printing 

of POMaC, models can be fabricated directly using a CAD file and a 3D printer, eliminating the need for 

expensive instruments. 

Although the utilization of LCD 3D printers renders the technology more accessible to research 

laboratories, these printers are constrained by 405 nm LEDs. Given the ink's higher absorption at 

385 nm, an enhanced resolution may be attainable through the use of advanced projectors with 385 

nm light sources and smaller pixel sizes. This would facilitate the 3D printing of higher-resolution 
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features and the fabrication of embedded channels. Furthermore, implementing a heated vat could 

enable printing at elevated temperatures, where the ink exhibits reduced viscosity, potentially 

leading to improved resolution. Additionally, the application of porogens with higher molecular 

weights might result in increased pore size. By addressing these improvements in future studies, 

the applications of the VP-POMaC ink can be expanded. 

7.4 Discussion and conclusion 

In conclusion, this thesis presented three photocurable polymers for VP 3D printing, 

specifically tailored for tissue engineering, microfluidics, and OoC applications. The first project 

introduced the development of the hydrophilic CCInk for DM of CCs, which demonstrated the 

ability to produce complex structures with high precision while maintaining hydrophilicity. The 

CCInk have the potential to spur further development in various applications, such as point-of-

care testing, microfluidics, and TE. This is largely due to the biocompatible nature of PEGDA, 

which makes it an ideal material for these types of applications.  

The second approach focused on the formulation of a novel porous ink for VP 3D printing, 

which enabled the creation of high-resolution microstructures with nanoporosity. This ink 

exhibited promising results in terms of biocompatibility and potential use in OoC devices. The 

third approach overcame the challenges of VP 3D printing of POMaC by formulating a ink 

containing cross-linkers, PA, and porogens. This enabled the fabrication of elastic objects with 

nanoporosity and intricate geometries using low-cost LCD 3D printers. 

One of the key advantages of the VP 3D printing, is the combination of affordability, 

versatility, scalability, functionality, and accessibility (Figure 7.4). By utilizing low-cost LCD 3D 

printers, the technology becomes more accessible to research laboratories with limited budgets, 

allowing for rapid prototyping and production of devices for TE, microfluidics, and OoC 



233 

 

applications. Additionally, the versatility of the developed inks enables the creation of complex 

structures with varying mechanical properties and porosities, catering to a wide range of 

applications. Scalability is another important aspect of the VP 3D printing approach, as the process 

can be easily adapted for large-scale production or scaled down for more intricate, high-resolution 

structures depending on the print process. The functionality of the developed biomaterials has been 

demonstrated through their biocompatibility, tunable hydrophilicity, and potential use in various 

biological models and devices. Furthermore, the accessibility of the materials and VP 3D printing 

ensures that researchers from various backgrounds can adopt and adapt these methods for their 

specific needs. 

 

Figure 7.4. Summary of the broader impact of the current work. Key advantages of VP 3D printing 

include a combination of affordability, versatility, scalability, functionality, and accessibility. 

Despite the success of these approaches, several opportunities for improvement and future 

research were identified. For the CCInk, examining different cross-linking strategies, and 

evaluating the long-term stability of the printed structures could lead to further advancements. In 

the case of the porous ink, investigating the effects of porogens with different MWs, and exploring 
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compatibility of the ink with LCD 3D printers are potential avenues for further development. For 

the VP-POMaC ink, modulating the degradation rate, examining higher porogen concentrations, 

and employing advanced projectors with 385 nm light sources and smaller pixel sizes could lead 

to enhanced performance and broader applications. 

By addressing the identified limitations and building upon the achievements presented in 

this chapter, this work has the potential to pave the way for the development of more functional 

microfluidic and OoC devices. Future work includes designing inks with a tunable porosity from 

nano to micro range and combining inks with a multi-material 3D printing approach, to create 

more functional heterogeneous objects. Overall, the novel biomaterials and VP 3D printing method 

hold significant promise for the advancement of TE, microfluidics, and OoC research, enabling 

the creation of increasingly complex biological models and devices. 
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Chapter 8 

8. Chapter 8: Conclusions and Outlook 

8.1 Summary of scientific contributions 

In this dissertation, we developed biocompatible formulations suitable for VP 3D printing 

of OOC and microfluidic CCs. To address the limitations of current materials, novel inks based on 

low-MW PEGDA and POMaC were designed, both of which demonstrated enhanced properties 

appropriate for various biomedical applications. Before this work, DM of CCs and POMaC 

scaffolds was not achievable due to the reliance on manual and non-automated processes. In this 

thesis, we introduced DM for monolithic, fully functional, and intrinsically hydrophilic 

microfluidic CCs. By employing light engine additive manufacturing, CCs were 3D printed using 

a PEGDA ink co-polymerized with AA crosslinker optimized for printability and hydrophilicity. 

This 3D printing approach supports advances in capillary valve design, embedded conduits with 

circular cross-sections that prevent bubble trapping, and interwoven circuit architectures used for 

immunoassays. Moreover, external paper capillary pumps were replaced with an integrated 3D 

printed gyroid structure, realizing fully functional, monolithic CCs. As a result, a computer-aided 

design file of a CC can be transformed into a CC by light engine 3D printing within a few minutes, 

paving the way for low-cost, distributed DM of fully functional, ready-to-use microfluidic systems. 

Furthermore, we developed a novel biocompatible PEGDA ink with nanoporosity by 

utilizing a non-reactive porogen. We thoroughly assessed the material's cytotoxicity on various 

cell lines and characterized the impact of the porogen on cell attachment. We then demonstrated 

the application of porous P-PEGDA ink in developing an OoC platform for long term 3D culture. 



237 

 

Our findings suggest that the developed P-PEGDA is a promising biomaterial for high-resolution 

VP 3D printing of OOC devices. 

Lastly, we introduced a method that significantly simplifies and automates the fabrication 

of a citrate-based biopolymer, POMaC, with high resolution using a 3D LCD printer. With an 

affordable desktop 3D printer (less than $300), we demonstrated the capability to create optically 

transparent submillimeter structures and complex structures such as gyroids. The optimized 

exposure time of 50 s per 20 μm layer constitutes a major improvement over the 4 min crosslinking 

time (per layer) required in previously reported manual stamping processes which also entailed 

labor-intensive manual alignment and multiple masks for each scaffold, ultimately extending the 

total scaffold fabrication time to a day. Employing this approach, we 3D cultured endothelial cells 

on a 3D printed gyroid scaffold. The POMaC ink enables assembly-free, automated digital 

manufacturing of this biodegradable material, which is expected to facilitate the prototyping of 

devices for organ-on-chip platforms, soft robotics, flexible electronics, and sensors, among other 

applications. The work presented in this thesis has contributed to the development of novel 3D 

printable photocurable inks for TE, OoC, and microfluidic applications. As a result of the 

developed inks and DM, for the first time, complex designs for POMaC scaffolds and monolithic 

CCs were 3D printed using commercial and low-cost VP 3D printers in less than 1 hour.  

8.2 Recommendations for future directions 

Utilizing the VP 3D printing method, this research has achieved enhanced functionality 

and tunability in biocompatible inks, paving the way for the development of more functional 

microfluidic and OoC devices. Nevertheless, further studies could improve upon the presented 

work in several ways and expand the use of DM for TE and microfluidics applications. 
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8.2.1 Development of open-source inks for low-cost LCD 3D printers 

In Chapter 4, we demonstrated that complex designs can be 3D printed with a DLP-based 

3D printer. Our preliminary result shows that the same designs can be printed using an LCD 3D 

printer by scaling up the design by 60%. However, 3D printing smaller embedded channels is not 

achievable using the current CCInk. Future work in the development of CCInk for low-cost LCD 

3D printers should focus on several key areas to improve the performance and accessibility of the 

technology for capillary microfluidics. Further optimization of the CCInk formulation could 

enable the use of lower-cost LCD 3D printers while maintaining or improving print quality and 

functionality, possibly by investigating alternative PAs or other additives to enhance print 

resolution. For instance, we used ITX PA in the CCInk, which is highly efficient at 385 nm but 

has lower absorption at 405 nm, leading to an increase in the penetration depth of light and a loss 

of Z resolution. A screening of different PAs that are more effective at the 405 nm wavelength of 

LCD 3D printers can be conducted. One issue with these PAs is that they usually reduce the 

transparency of 3D printed parts, affecting their imaging and functionality. Using dyes that can 

provide sufficient absorption during printing and can be leached out afterward would be highly 

beneficial. Recent studies have shown that suitable dyes, such as Tartazine1, Ponceau 4R2, and 

Orasol orange dye3, have high absorption at 405 nm and can improve the resolution in VP 3D 

printing4. In addition, the advent of LCD 3D printers with an emission wavelength of 385 nm could 

solve this problem in the future. Another challenge is the lower intensity of LCD 3D printers 

compared to DLP 3D printers, which leads to longer exposure times and slower reaction kinetics. 

This can be addressed by using crosslinkers with multiple acrylate groups to increase molarity of 

double bonds5,6. 
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It's important to note the differences in power output of LCD 3D printers when compared 

to DLP printers. The power of LCD 3D printers typically reaches up to 3.5 mW/cm2, while DLP 

printers can emit light intensities up to 100 mW/cm2. This significant difference in power can 

impact the printing speed and resolution, with DLP printers generally allowing for faster 

crosslinking times due to their higher power output. 

However, as demonstrated in Chapter 6, even with the lower power intensity of LCD 3D 

printers, the efficiency of the printing process can be significantly enhanced by adjusting the 

formulation of the photopolymer resin. In particular, the introduction of crosslinkers such as 

Pentaerythritol triacrylate (PETA) and trimethylolpropane triacrylate (TMPTA) into the resin 

formulation can boost the reaction kinetics, leading to a reduction in crosslinking time. The 

inclusion of these crosslinkers enables the attainment of rapid crosslinking even at the relatively 

low light intensity provided by the LCD 3D printer. This compensates for its lower power output, 

making it possible to achieve high-resolution printing using an LCD printer. 

Additionally, exploring new material combinations or modifications to the current CCInk 

formulation could result in improved biocompatibility, which would broaden the range of 

applications for CCInk in TE and microfluidic devices. For instance, utilizing biocompatible ink, 

CCs could be designed to facilitate automated cell staining for streamlined cell analysis workflows 

with minimized manual handling, or engineered for targeted growth factor delivery in OoC 

platforms, promoting improved biomimetic conditions. Currently, AA affects biocompatibility and 

cell adhesion, limiting its application for TE and OoC. In Chapter 5, we showed that the contact 

angle can also be modulated by the incorporation of PEG porogens. Further investigation can be 

done on the P-PEGDA ink for its use in CCs. The advantage of P-PEGDA ink is its enhanced 

biocompatibility and cell adhesion compared to CCInk. 
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Research into scaling up the production of CCs would be necessary to facilitate larger-

scale manufacturing and development, potentially for point-of-care applications, by possibly 

improving post-processing techniques or using LCD 3D printers with 8K resolution. Encouraging 

open-source development of formulations and 3D printing parameters, as well as developing inks 

with off-the-shelf components, could accelerate the adoption of the technology and foster 

collaboration within the microfluidics research community, helping to refine and expand the 

applications of CCInk. By addressing these potential avenues for future work, the development of 

CCInk for low-cost LCD 3D printers could have a significant impact on the accessibility, 

affordability, and functionality of advanced microfluidic and TE devices. 

8.2.2 Making CCs more user-friendly 

 

To make CCs more user-friendly and suitable for point-of-care applications, future work 

should focus on several key areas. First, minimizing the number of pipetting steps is crucial. This 

can be achieved by delivering antibodies in the channels and drying them on the chip for later 

reconstitution by sample addition. Including mixers along the flow path of the CC would enable 

rapid, uniform, and efficient reagent reconstitution, ensuring even distribution and delivery of 

reagents. 

Additionally, designing CCs with pre-dried reagents that only require the addition of the 

sample, which could also serve as a wash buffer, would simplify the assay process. Recent studies 

have shown the uniform reconstitution of dried reagents in CCs7,8. For assays that require 

additional liquid delivery steps, integrating blisters filled with liquid onto the CC could provide a 

convenient solution. Using 3D printing, features that are compatible with commercial blisters can 

be added to CCs. Lancing structures within the CC could be used to pierce the blisters and dispense 

liquids as needed. 
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Second, integrating on-chip aliquoting/overflow structures for accurate sample volume 

metering would make device operation more user-friendly. This has been done previously for CCs 

3D printed with open channels, but it has not been implemented for closed-channel designs9. By 

leveraging 3D printing, gyroid capillary pumps can be used for draining excess liquid. Furthermore, 

incorporating user-friendly features such as visual indicators, intuitive instructions, or easy-to-

handle designs would enhance the overall usability of the CC, particularly for non-expert users. 

By addressing these potential avenues for future work, making CCs more user-friendly would have 

a significant impact on the accessibility, affordability, and functionality of advanced microfluidic 

and point-of-care devices. 

8.2.3 Improved functionality of CCs 

 

Future work in improving the functionality of CCs should focus on several key areas, 

utilizing advanced 3D printing techniques and materials to enhance the capabilities of capillary 

microfluidic devices. First, integrating gyroid capillary pumps with a gradient size could provide 

constant negative pressure, ensuring precise control over fluid flow and enabling more complex 

assays. Other TPMS structures, such as Schwarz-P and Neovius, can also be tested as potential 

capillary pumps10,11. 

Second, the use of multi-material 3D printing could enable the fabrication of CCs with 

hydrophilic and hydrophobic areas, providing greater control over fluid movement and enabling 

the manipulation of specific fluidics within the device. This could lead to more advanced and 

highly customizable CCs, tailored to specific applications and requirements, and facilitate the 

development of new components. Hydrophobic ink, such as hexanediol diacrylate/lauryl acrylate 

(HDDA/LA) resin12, forms a solid polymer that is sufficiently hydrophobic, can be used. Ameloot 

group recently demonstrated the development of CCs with distinct hydrophilic and hydrophobic 
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areas using multi-material 3D printing, creating functional stop valves13. However, their 3D 

printing method is based on binder jetting, which is costly, and the material development requires 

special equipment. In addition to traditional multi-material VP 3D printing methods based on vat 

exchange, a newer approach called the two-wavelength strategy can be used14,15. This technique 

involves using two different wavelengths of light to initiate and control polymerization, enabling 

the simultaneous printing of materials with distinct properties. By having hydrophilic and 

hydrophobic monomers, local hydrophilicity can be achieved using this approach. Furthermore, 

by utilizing this approach, it would be possible to create CCs with highly integrated and diverse 

features, such as the incorporation of responsive or stimuli-sensitive materials for advanced control 

and sensing capabilities. 

Another avenue for future work could involve the integration of sensing elements within 

the CCs, such as electrochemical or optical sensors. This would enable real-time monitoring and 

analysis of assays, potentially providing faster results and enhancing the overall functionality of 

the device. Integrating such sensors could also pave the way for the development of smart, self-

contained point-of-care CCs that can perform complex assays autonomously and provide 

immediate feedback to the user. 

8.2.4 Development of software to automatically generate STL files 

 

Future work should also focus on the development of specialized software that can 

automatically generate STL files for CCs and OoC, streamlining the design and fabrication process 

for microfluidic devices. Currently, designing complex microfluidic systems requires significant 

manual effort and expertise in CAD software. Automating this process would not only save time 

and resources, but also enable researchers and practitioners with limited experience in 3D design 

to create customized CCs for their specific needs. 
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One potential approach to this challenge is to develop a software platform that can take 

user-defined parameters, such as the desired geometry, dimensions, volume, and features of the 

model, and automatically generate the corresponding STL file. This could involve the 

implementation of parametric design principles and algorithms that can rapidly generate optimized 

and customizable designs based on user input. Such a platform could integrate pre-defined 

microfluidic elements (e.g., mixers, valves, and pumps) that can be easily incorporated into the 

final design, further simplifying the design process for users. Furthermore, incorporating machine 

learning algorithms within the software could enable the automated optimization of CC designs 

based on user-defined performance criteria. Machine learning and deep learning have recently 

been employed in 3D printing to optimize the printing process and predict mechanical properties 

and cell viability16–20. This would allow the software to learn from previous designs and 

simulations, iteratively refining the design parameters to achieve optimal performance. 

Another potential approach to achieving this goal is to leverage existing parametric design 

software, such as nTopology, Surface Evolver which generate models based on user-defined inputs. 

nTopology has been used in multiple recent studies to generate complex designs that are hard to 

achieve using traditional CAD software21–23. By incorporating specific design rules and constraints 

related to CCs, the software could be customized to generate STL files for capillary microfluidic 

devices automatically. This would enable users to create custom designs by simply inputting their 

desired specifications, such as channel dimensions, capillary pump structures, and volume of 

reagents. Another aspect to consider is the integration of simulation tools within the software 

platform to enable users to virtually test and optimize the performance of their designs before 

fabrication. By making the software open-source, researchers can contribute to the development 

of the platform, sharing their expertise and experience to improve and expand its capabilities. 
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In summary, the development of specialized software to automatically generate STL files 

for CCs has the potential to significantly accelerate the design and fabrication of microfluidic 

devices, making them more accessible and enabling researchers and practitioners to create highly 

customized CCs tailored to their specific needs. 

8.2.5 Improved functionality of OoC platform 

 

Future research on improving the functionality of the organ-on-a-chip (OoC) platform 

could focus on several aspects. One such avenue for potential improvement is ensuring 

reproducible and uniform cell seeding within the 3D structures. This can be achieved by optimizing 

the cell seeding process and refining the microfluidic designs to facilitate consistent and uniform 

distribution of cells throughout the platform. Furthermore, the incorporation of a recirculating 

system into the OoC platform would better mimic native physiology by providing a continuous 

flow of nutrients, oxygen, and growth factors to the cells, thereby simulating the in vivo 

environment more closely. The use of gravity-driven pumps can be employed to establish a simple 

and low-cost circulation system, minimizing the need for external equipment and facilitating the 

long-term maintenance of cell cultures. 

In the current platform, we used a regular gyroid structure, which may contribute to less 

uniform seeding and flow around the middle chamber. However, implementing a circular gyroid 

structure around the middle chamber could address these issues by providing a more organized 

scaffold for cell attachment and growth. The circular design would ensure an even distribution of 

cells and promote a more consistent flow of nutrients around the central chamber, resulting in a 

more physiologically relevant environment. Reducing the size of the gyroid structures within the 

OoC platform can also contribute to a more realistic tissue environment. Smaller gyroids offer a 

higher surface area for cell attachment and allow for more intricate tissue architectures to form. In 



245 

 

the case of VP-POMaC, we demonstrated the successful culturing of HUVEC cells on complex 

scaffolds. In the future, scaffolds 3D printed with VP-POMaC could be employed for 

vascularization studies, where multiple cell types can be cultured, and their interactions can be 

investigated. 

 

8.2.6 Degradation rate modulation of VP-POMaC 

 

Future work should also focus on modulating the degradation rate of VP-POMaC 

elastomers. Controlling the degradation rate is essential for achieving desired application-specific 

performance characteristics, such as scaffold lifetimes for TE applications and device performance 

for wearable devices. The challenge is to achieve this modulation without significantly altering the 

mechanical properties of the elastomer. 

Several approaches can be considered for modulating the degradation rate of VP-POMaC 

elastomers. First, altering the composition by changing the ratio of different components in the 

polymer blend, such as incorporating more or fewer hydrolytically degradable polymers or using 

different polymer types, can influence the degradation rate. Initial studies on POMaC showed that 

the properties of the polymer can be tuned by changing the molar ratio of compositions at the time 

of synthesis24. Additionally, the degradation rate can be influenced by the crosslinking density of 

the polymer network, with a higher crosslinking density typically resulting in slower degradation, 

while lower crosslinking density leads to faster degradation25. Furthermore, the degradation rate 

can be affected by using polymers with varying MWs. Lower molecular weight polymers generally 

degrade faster than those with higher molecular weights26. Another factor that can influence the 

degradation rate is the porosity of the material. Higher porosity allows for faster penetration of 

water, enzymes, or other degradation agents, resulting in a faster degradation rate. 
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By systematically investigating these approaches, researchers can develop a 

comprehensive understanding of the interplay between the degradation rate, mechanical properties, 

and other factors, such as porosity, crosslinking density, and polymer composition for VP-POMaC. 

This will enable the development of VP-POMaC elastomers with tailored degradation rates 

suitable for various TE and OoC applications. 

 

8.2.7 Higher resolution 3D printing of POMaC 

 

In Future work should focus on enhancing the resolution of 3D-printed POMaC structures, 

particularly for applications in microfluidics where the fabrication of small channels remains a 

challenge. Based on the findings in Chapter 6, several strategies can be explored to improve 

resolution in POMaC 3D printing. 

One approach involves employing a 3D printer with an emission wavelength closer to the 

absorbance peak of VP-POMaC (385 nm). The photoinitiator has a high absorbance at this 

wavelength, leading to reduced exposure times and diminished diffusion of free radicals, which 

can adversely impact resolution. Additionally, the ITX photoabsorber is more effective at 385 nm, 

resulting in less light penetration through the material. Another strategy to enhance resolution is 

to utilize digital light processing (DLP)-based 3D printers with a smaller projected pixel size, 

which can offer several advantages over LCD-based systems. DLP printers are known for their 

uniform illumination and smaller pixel sizes, which can further augment resolution. By employing 

DLP printers with a 385 nm emission wavelength, the resolution of POMaC structures can be 

improved. 

In addition to printer technology, material selection and optimization play a crucial role in 

achieving higher resolution. The Radisic group has developed novel citrate-based materials, such 
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as PICO, which possess lower viscosities than POMaC27,28. These materials could potentially 

replace POMaC in future applications, provided that they undergo further optimization to ensure 

compatibility with high-resolution 3D printing processes. Moreover, to facilitate the fabrication of 

small microfluidic channels, future work can investigate the development of POMaC formulations 

with lower viscosity. This would make it easier to remove unreacted polymer after printing, 

ultimately enhancing the achievable resolution. In summary, future work should concentrate on 

improving the resolution of 3D-printed POMaC structures by investigating alternative printer 

technologies, and material formulations.  

8.2.8 Modulation of Pore Size from Nanometer to Micrometer Range 

 

In Chapter 5 and Chapter 6, we successfully demonstrated 3D printing of microstructures 

with nanoporosity using both VP-POMaC and P-PEGDA inks. To further optimize these materials 

for diverse applications, future work should aim to modulate porosity over a broader range, 

spanning from nanometers to micrometers. This could be achieved by investigating various 

porogens with different MWs and concentrations and incorporating different crosslinkers, which 

may also influence pore size. 

For example, previous research has shown that micrometer-scale pore sizes can be 

achieved using polyethylene oxide (PEO) with a molecular weight of 300 kDa29. Additionally, a 

recent study demonstrated that pore sizes between 500 nm and 1 µm can be obtained by utilizing 

1-decanol as a porogen30. Investigating a wider range of porogens and crosslinkers could 

significantly enhance the customization of pore sizes in 3D-printed microstructures. Furthermore, 

future work should focus on expanding the range of achievable pore sizes and optimizing the 

combinations of porogens, crosslinkers, and printing parameters. By doing so, it would be possible 
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to fabricate 3D-printed microstructures with tailored porosity suitable for tissue engineering, drug 

delivery, and OoC.  

8.3 Closing remarks 

As the start of this PhD project, the fabrication of CCs relied on manual post-printing steps 

and expensive equipment. Moreover, PEGDA-based inks were not suitable for OoC applications, 

and the production of POMaC scaffolds was fully manual and extremely time-consuming. The 

work presented in this dissertation outlines a path toward truly DM of CCs, PEGDA-based OoC 

devices, and POMaC scaffolds by leveraging VP 3D-printing technology and the developed novel 

inks. Through the utilization of the VP 3D printing method, this research has successfully 

enhanced the functionality and tunability of biocompatible inks, setting the stage for the 

development of more advanced and versatile microfluidic and OoC devices. This progress marks 

a significant step forward in the field, opening up new possibilities for the rapid and customized 

fabrication of microfluidic and tissue engineering platform based on POMaC and PEGDA 

biomaterials. 
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