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ABSTRACT

Vascular diseases, such as atherosclerosis and thrombosis, are the leading cause of
morbidity and mortality worldwide. Despite major advancements to develop therapeutic
interventions, the pathophysiology as it applies to humans is largely unclear and
treatments limited. Thus, there is a critical need to increase our understanding of
vascular physiology and assess emerging interventions in order to accelerate therapeutic
development. Here, we designed a three-dimensional (3D) bioprinted vascular tissue
platform that recapitulates both the multicellular constituents and tissue architecture
innate to human vessels. Specifically, we introduced a new class of nanoengineered,
hydrogel-based bioinks to fabricate anatomically accurate (10 mm diameter, 1 cm long),
multicellular vessels with high printability, structural stability, and cytocompatibility.
This approach permits for long-term co-culture of vascular smooth muscle cells
(VSMCs) and endothelial cells (ECs), providing the opportunity to model vessel
function and pathophysiology. To validate the ability of this platform to accurately
reflect and model the onset of vascular thromboinflammation, 3D printed vessels were
treated with the cytokine tumor necrosis factor-o (TNF-a), disrupting vascular EC
barrier function. In the presence of a confluent lumen without TNF-a stimulation, no
clotting was observed upon blood perfusion. However in cytokine-treated vessels, a
dose-dependent response in clotting formation was observed. Furthermore, a
significantly altered clotting phenomena was observed in EC-VSMC co-cultures relative
to independent cell culture, suggesting
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cellular cross-talk and communication within the 3D printed model. Overall, these studies
demonstrate the ability of 3D bioprinted vessels to recapitulate human in vivo
pathophysiology, thus illustrating the essential coupling between biology, engineering,

and material science, impacting preclinical research studies.
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NOMENCLATURE

3D three-dimensional

VSMCs vascular smooth muscle cells
ECs endothelial cells

TNF- o tumor necrosis factor-a

OCT optical coherence tomography

RTg-PCR real-time quantitative reverse transcription polymerase chain reaction
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2D two-dimensional

VWF von Willebrand factor

LPS lipopolysaccharide

PDMS polydimethylsiloxane

Epi epinephrine

CCH carbachol

hiPSC human-induced pluripotent stem cells
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1. INTRODUCTION"

1.1 Introduction to Emerging Trends in Multiscale Modeling of VVascular
Pathophysiology: Organ-on-a-chip and 3D Printing

Vascular diseases, such as atherosclerosis, aneurysms, peripheral artery disease, and
thrombosis, are the leading cause of morbidity and mortality worldwide, accounting for
over 17 million deaths per year. (1) Despite major advancements to develop therapeutic
interventions, the pathophysiology as it applies to humans is still largely unclear and
treatments limited. If the status quo remains, the number of deaths is projected to reach
epidemic proportions by 2030 (>23.6 million). (1) Thus, there is a crucial need to increase
our understanding of vascular pathophysiology and assess emerging interventions to

accelerate therapeutic development.

In order to model vascular pathophysiology and the influence of various factors (e.g. drug,
toxins, biological agents), animal models and cell culture techniques are the current gold
standard. The aim of these systems is to recapitulate the biological functions from the

subcellular level to the whole organ and has contributed immensely to our current

“ Reprinted with permission from “Gold K.A.; Gaharwar A.K.; Jain A. Emerging Trends
in Multiscale Modeling of Vascular Pathophysiology: Organ-on-a-chip and 3D Printing.
Biomaterials, vol. 196, pp. 2-17,2019.” Copyright 2019 Elsevier.
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understanding of vascular diseases and potential treatments. However, animal models and
cell culture techniques do not adequately mimic human in vivo microenvironments at these
multilevel scales (Figure 1-1A). Moreover, these systems do not permit for dissectible
analysis of cell signaling mechanisms, therefore limiting their translational potential.
Consequently, there is an unmet need to introduce a more predictable vascular disease
model. In order to accomplish this, modeling approaches that evaluate molecular, cellular,
tissue, and organ level variables are required for a systematic and robust assessment of

mechanisms and therapeutic interventions in blood vessels.

In this review, our focus is on recent advances in multiscale modeling of vascular
pathophysiology. First, the need for modeling vascular physiology of healthy and diseased
tissues will be briefly discussed, followed by a critical evaluation of animal models and in
vitro culture systems. Then we will discuss the potential of organs-on-a-chip and three-
dimensional (3D) printing as more predictive modalities, each having distinct advantages
and limitations. For example, the organ-on-a-chip technology is able to form tissue-tissue
interfaces and combine physiological flow conditions in a variety of disease and organ
models. However, these systems often contain a rectangular cross-sectional area,
compared to round blood vessels. Alternatively, 3D printing can produce anatomically
accurate vascular anatomy, including bifurcations and curvatures of vascular networks.
However, 3D printed constructs are often difficult to integrate optical imaging techniques

due to their large size. Nevertheless, the unique aspects of organs-on-a-chip and 3D
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printing techniques are making them increasingly popular tools to understand the
pathophysiology and function of patient-specific vascular diseases (Figure 1-1B). This is
supported by an increased number of publications over time pertaining to organ-on-a-chip
and 3D printing vascular disease models (according to 1SI Web of Science, July 2018)
(Figure 1-1C). Due to recent advances in the field of biomaterials, microfabrication, and
additive manufacturing, we predict that these emerging in vitro vascular disease models
will advance basic science and serve as a translational platform to design novel

therapeutics and repurpose existing drugs.
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Figure 1- 1 Existing and emerging multiscale models of vascular diseases. A) Schematic
illustrating the model systems used to replicate the organization of the body. As the scale increases
from subcellular components to the whole body, the modeling modalities increase in complexity
and decrease in the biochemical tools available to assess the model. B) The human vascular system
can be modeled using the standard in vivo rodent model (smaller cross-sectional area), organ-on-
chip technology (rectangular cross-sectional area), and 3D bioprinting (mimics the innate human
vascular system). C) Number of publications related to “vascular models” over the past 12 years,
with search keywords “3D Printing or Additive Manufacturing or 3D Bioprinting and Vascular
Model” and “Organ-on-Chip or Microphysiological System or Tissue Chip and Vascular Model”
according to ISl Web of Science (Data obtained in July 2018).

1.2 Need for Modeling Vascular Systems and Pathophysiology
The vascular system is the largest organ in the body, which controls the transport of fluid
to and from tissues. The vessels within the circulatory system form a multilayered

architecture composed of endothelial cells (ECs), vascular smooth muscle cells (VSMCs),
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fibroblasts, and extracellular matrix (ECM). The innermost, or intima layer, contains a
confluent layer of ECs that align with the direction of fluid flow. This layer serves as an
active, selectively permeable barrier between the vessel wall and circulating fluids. (2)
The tunica media, or middle layer, is predominately composed of VSMCs arranged
circumferentially around the intima layer, providing structural stability and contractility
to control blood flow. (2, 3) VSMCs deposit collagen bundles around interconnected
layered elastin networks, accounting for a majority of arterial mechanical properties. (4)
The combination of elastin and collagen provide non-linear elasticity to the vessel wall.
(5, 6) The outer layer, or adventitia, is composed of fibroblasts and loose connective tissue,
serving as an anchor for the vessel. (7) Together, this lamellar structure maintains several

biological functions of the blood vessel, such as regulation, extravasation, or intravasation.

(8)

Vascular diseases result from changes in both structure and function of the blood vessel.
For example, arteries may undergo structural changes due to degenerative conditions,
infection, or inflammation, causing disturbed blood flow. (9) This compromised flow
results in an activated endothelium. (Figure 1-2) (10) For example, once the endothelium
becomes activated in atherosclerosis, monocytes and leukocytes are recruited and
inflammatory cytokines are secreted. (11) Prothrombotic mediators are also released,
encouraging platelet activation and VSMC proliferation. (11, 12) Overall, these functional
changes initiate geometrical modifications to the vessel, growing lesions that radially push

towards the lumen, decreasing the vascular diameter, causing arterial hardening (6, 9, 10),



and recruiting collagen fibers within the medial layer to support the vessel wall. (13, 14)
Therefore, the dynamic complexity associated with human vascular diseases, specifically
the vascular wall, is extremely difficult to fully recapitulate. However, vascular disease
modeling is essential to aid in the development of a cohesive understanding of disease
progression and ultimately, find immediate interventions. A predictable and translatable
model should include the cross-talk between essential cellular and tissue components,
specifically ECs, VSMCs, ECM, and blood constituents. The components needed and

models used sets the stage for the biological problem to be solved.
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Figure 1- 2 Complex composition of an artery. A) Basic anatomy of a healthy, human arterial
blood vessel, containing the intima, tunica media, and adventitia layer. B) Illustration of the
complex pathophysiological development and progression of vascular disease causing a structural
and functional change in arteries.

1.3 Animal Models

Animal models have been extensively used to develop of our current understanding of
vascular diseases and treatment strategies. A major advantage of these systems is their
ability to provide an integrated, multi-organ response to a diverse range of experimental
variables (for example, environmental factors, diet, drugs and toxins). Specifically, these
models contain multi-cellular and dynamic tissue environments, thus eliciting a whole-

body response that can be measured and utilized to predict a human response to match the



pre-clinical stage of scientific discovery. For example, animal models have contributed
immensely in the discovery of lipid-binding proteins, lipid-transfer proteins, cholesterol
transporters, and enzymatic pathways in vascular disease genesis and progression. (15,
16) The mechanistic insight gained from animal models has aided in the development of
interventions such as, tissue plasminogen activator to eliminate blood clots, several
antiplatelet/anticoagulants to reduce the likelihood of blood clot formation, and ion-

channel blockers to regulate muscle contraction/arrhythmias. (17-19)

While several animal species are utilized, rodent models are most frequently used due to
ease of genetic manipulation, breeding, maintenance, cost, and time frame. (20, 21)
Contemporary molecular and genetic manipulations, such as the creation of
hypercholesterolemia apolipoprotein E gene and low-density lipoprotein receptor
knockout has humanized mouse models, thus enabling the study of inhibitors on vascular
diseases and atherosclerosis with higher precision. (19, 22) Nevertheless, rodents exhibit
several characteristics that differ from humans, limiting their ability to model human
physiology and innate disease development. For example, lesion disruption and
lipoprotein content is not identical between humans and mice. (23) Vessel sizes, blood
composition, and biophysical properties exhibited by rodents can be vastly different from
humans, thus providing poor predictive value to disease outcomes. Given such large
discrepancies between these two species, large animal studies are often required even if

rodent models are used.



Large animal models (i.e. porcine, rabbits, baboons, non-human primates), being closer in
anatomy and genetic composition to humans, are used in advanced preclinical trials to
model complex signaling pathways of vascular diseases and drug responses. The large
size of these animals provides an increased tissue availability for histological analysis and
facilitates non-invasive measurements, such as measuring vascular hemodynamics. (24)
In addition, these models provide a more accurate representation of human metabolism
and vascular anatomy (heart size and coronary circulation). (22) Therefore, large animal
models have, thus far, predominately contributed to the drug discovery process in vascular
diseases. (23, 25) However, large animals cannot easily undergo genetic modifications,
thus diminishing their translational potential. (26) Furthermore, it is extremely difficult to
dissect specific signaling pathways and analyze tissue-tissue or cell-cell interactions
independent of other environmental factors. To overcome the anatomical and
physiological limitations of rodent and large animal models, non-human primates serve as
ideal candidates, closely reflecting the innate biological processes within human vascular
systems. Non-human primates (i.e. chimpanzees, baboons) are phylogenetically closest
to humans, having analogous diet, metabolism, and development of vascular disease as
they age. (27-29) However, use of non-human primates contain significant ethical
restrictions and pose as a threat to maintaining biodiversity, therefore limiting their clinical

practice. (27)



In summary, animal models are able to provide full cellular compositions and complexities
observed in human blood vessels, making them an indispensable tool for vascular disease
modeling. However, the results obtained from animal models can be difficult to
extrapolate, interpret, and do not always relate to human pathophysiology, limiting the
translation potential of these models. (Table 1-1) As a result, bioengineered in vitro
approaches, containing human-derived living cells within relevant microenvironments

complement animal models and perhaps, even remove their need in the future.
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Table 1-1. Advantages and limitations of animal models of vascular diseases.

Rodent Models

Large Animal Models

Non-human Primates

+ Ease of genetic
manipulation, breeding,
costs and time frame

+ Close to human anatomy (i.e.
hear size and coronary
circulation)

+ Close to human genetic

+ Phylogenetically closest to
humans (i.e. analogous
diet, metabolism)

+ Develop vascular disease

— No expression of
cholesteryl ester transfer
protein

— Inability and infrequency
of plaque rupture and
thrombosis

tissues/cells for experimental
response

— Inability and infrequency of
plaque rupture and thrombosis

&g composition (i.e. lipoprotein with age
g metabolism, enzymatic activity, | + Close to human genetic
2 + Circulating volumes reflect lipoprotein metabolism,
similar volumes to humans enzymatic activity,
+ Increased tissue availability cholesterol distribution)
+ Facilitates in collection of non- | + Increased tissue
invasive measurements availability
+ Facilitates in collection of
non-invasive
measurements
— Compromised lesion — Restrictions on genetic — Significant restrictions due
development manipulations to mimic human to ethical concerns
— Varied anatomy physiology — Threat to maintain
” e L
& | — Diverse lipoprotein pret, — Require long-term
S | ranges humans experimentation
3 — Difficult to isolate relevant

1.4 In Vitro Models

While animal models provide a top-down modeling approach, in vitro techniques offer a

bottom-up approach to model complex pathophysiology of vascular disease. (30) As a

result, in vitro models allow for the examination of specific cellular and molecular

signaling events under defined chemical and mechanical conditions, thus making them an

easily tunable system with reduced complexity. In vitro models can be static cultures of
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cells or include complex dynamic conditions, mimicking the in vivo environment more
closely. However, both approaches have advantages and limitations, specifically

depending upon the purpose of the application.

1.4.1 Static In Vitro Culture Systems

Since endothelial cells (ECs) line the walls of all blood vessels and are central contributors
to vascular function, most in vitro models analyze vascular diseases with EC monolayers.
(31-39) Static well-plate systems with EC monoculture are simple to use and can be
multiplexed. As a result, these systems have become the gold standard to understand
endothelial biology (40), responses to internal or external environment changes (41-47),

and for high throughput screening applications (17, 48).

Nevertheless, blood vessels are multicellular organs, containing external layers of
VSMC:s, fibroblasts, epithelial cells, and embedded ECM. Several cadherin and integrin
interactions occur within this lamellar structure that regulate cell behavior. (7, 17, 49-52)
For example, ECs within the intima layer interact with VSMCs in the media layer. This
interaction controls the upregulation of inflammatory cytokine expression (i.e. interleukin-
8, IL-8, and monocyte chemotactic protein-1, MCP-1) and platelet-derived growth factor
(PDGF), while inhibiting collagen and fibroblast growth factors. (50) These cell-cell and
cell-ECM interactions are critical for maintenance of proper blood vessel function. In
order to achieve these EC-SMC cadherin interactions, various static co-culture systems

have been utilized. (48, 53-55) Co-culturing ECs and SMCs have shown mutual physical
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interactions that impact cell morphology, proliferation rate, and protein synthesis through

the excretion of diffusible mediators. (48, 53, 55)

Despite frequent use, monoculture or co-culture well-plate systems cannot recapitulate the
dynamic intercellular and organ-level signaling experienced by blood vessels. This is
mainly due to changes from a natural 3D tissue environment to 2D tissue culture, where
the cells become exposed to a significantly altered microenvironment (e.g. surface
stiffness, biochemical composition, local cell density). (56) As a result, these static
systems can also alter cell phenotype, thus reducing the predictive power of these systems.
(14, 56) For example, SMCs lose contractile proteins upon culture, rendering them
incapable to modulate vascular tone. (50) Furthermore, static cultures cannot incorporate
shear-dependent cell and tissue responses. For example, when the lumen is subjected to
pulsatile blood flow, ECs respond through shear-sensitive ligands and integrins
communicating with other regions of the vessel that respond to these signals. ECs respond
to changes in shear by secreting or metabolizing vasoactive substances, such as nitric
oxide and/or endothelin-1, inhibiting or exciting SMC growth, vasoconstriction, or
vasodilation. These perturbations are impossible to mimic in 2D culture assays and

therefore, flow-based culture systems are required to undertake such investigations.

1.4.2 Dynamic In Vitro Culture Systems
In order to integrate mechanical forces into in vitro cell culture systems, parallel plate or

two-dimensional perfusion flow chambers have been extensively used. (57, 58)
13



Traditional flow chambers are hollow conduits that provide a means to expose EC
monolayers to fluidic forces on the millimeter scale, thus making it possible for the
assessment of biophysical alterations involved in vascular disease. (59-61) However, due
to the large volume of the conduit, these techniques consume large amounts of medium,
bioactive factors, and cells. Moreover, these macroscale devices do not represent the
micro-physiological environment of smaller blood vessels, such as arterioles or capillaries.
Recently, advances in microfabrication techniques have enabled rapid manufacturing of
micron-scale flow chambers, termed microfluidic devices. These devices provide a
reproducible and low-consumption platform to more precisely control biological
conditions and the dynamic fluid environment relevant to arterial blood vessels and
vascular diseases. (62, 63) A salient feature of microfluidic devices is that they allow
quantitative assessment of hematological and microvascular processes of vascular disease.
For example, a broad range of velocities that exists in the vascular system - ranging from
0.3 m/s in the aorta to 0.1 pum/s in vascular branches at the capillary level (64) - can be
applied within microfluidic devices, thus enabling assessment of diverse shear-dependent
signaling within the endothelium. In addition, flow perfusion provides a mechanism to
continuously transport and distribute soluble factors, permitting for long-term cell culture
and providing a resource to model physical influences on cells (such as the rolling,
decelerations, and arrests of blood-components with the endothelium). (65) Overall,
microfluidic methods have been shown to study whole-cell responses, rather than
individual mechano-receptors. (66, 67) A major advantage of this platform is its ability to

include parenchymal cells and ECM, enabling for a method to model the complex
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epithelial-endothelial-blood signaling that occurs in vascular diseases, thus functioning as

organs-on-a-chip or micro-physiological systems.

1.5 Emerging Approaches

From existing animal models and in vitro systems, a major hurdle in vascular science and
the drug discovery process is the inability of these techniques to reliably predict
therapeutic targets and toxicities applicable to humans. As a result, major successes in pre-
clinical trials have resulted in failures when translating to human clinical trials. A key
reason for this problem is the inability of current modeling systems to recapitulate organ-
level architectures and functions critical to the assessment of drugs, toxins and chemicals
at a disease- and patient-specific level in humans. Therefore, there is a necessity for new
disease models to emerge. With the advent of easy microfabrication methods, automated
instrumentation, new biocompatible materials, stem cell differentiation to defined cell
lineages, and molecular tools, microfluidic organ-on-a-chip devices and 3D printing have
spurred new innovation and shown strong potential to address this unmet challenge. These
emerging approaches provide a unique solution by increasing the translational potential of
these platforms to model human physiology and decreasing the mechanistic complexity
associated with the experimental outputs. For example, microfluidic organ-on-a-chip
devices can provide biological insight into pathophysiology by providing direct access via
microscopy, biosensors, and genomic screening. In contrast, 3D printing can be used to
fabricate a patient specific vascular disease model by recapitulating the structural and

functional aspects of native tissues.
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1.5.1 Organ-On-A-Chip
Recently, a new class of microfluidic devices, known as organ-on-a-chip or micro-
physiological systems, has emerged and shown to recapitulate 3D tissue architectures and
physiological flow conditions in a variety of disease and organ models. These systems
have recreated the microenvironment of lung, liver, gut, kidney, skin, intestine and many
other organs (56, 68-73), where cadherin interactions, tissue-tissue communication, and
mechanical stimulation of fluids can be controlled in a physiologically-relevant manner
that is not currently possible with animal models or classic in vitro systems. Organ-on-a-
chip is broadly defined as the minimum assembly of cells in a microenvironment that
mimics an organ-level function of a human. Importantly, this platform can include the
endothelium, complex blood flow (such as patterns observed in stenosis or aneurisms),
and the inclusion of mechanical forces that govern endothelial activation. (Figure 1-3A)
This offers enormous potential to model vascular disease mechanisms with higher

specificity and accuracy not offered with conventional techniques. (Table 1-2)
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Figure 1- 3 Vascular organ-on-a-chip models. A) Illustration depicting the cellular
communication and dynamic environment within a multi-chamber organ-on-a-chip. B) Schematic
depicting a hemostasis organ-on-a-chip device, top left. Exposure of blood flow within the
microfluidic channel permits for determination of clotting time and the high throughput potential
of organ-on-a-chip devices. Scanning electron micrographs of blood clot formation within the
device, bottom, illustrating fibrin networks with red blood cells (3 left images) and activated
platelets (2 images at right) (72) © 2016 Nature Communications. C) Confocal image of
GFP/DAPI/CD31 biomarkers from endothelial cell monolayer inside microchannel, depicting
cellular interactions. (Top — Scale bar 250 pum; G — Scale bar 50 um; H, I, J, and K — Scale bar 250
um) (74) © 2014 Lab on Chip.
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Table 1-2. Bioen

ineered vascular disease models using organ-on-a-chip technology.

at a flow rate of 0.29
mL min‘, yielding a
shear rate of ~ 1,000
S—l

mimic stenotic and healthy blood
vessel architecture; 15 minutes of
blood perfusion revealed induced
thrombosis down-stream and at
the stenotic regions whereas
healthy geometries showed no
platelet adhesion

. Cell Blood flow .
Material Type(s) conditions Experiment Ref.
PDMS Mouse Perfusion inlet was Artery segments were reversibly | Yasotharan
olfactory subjected to 45 loaded onto device; verified et al.(68)
harvested mmHg and the outlet | cellular arrangement of artery in
arterial at atmospheric chip by staining SMC nuclei,
segments pressure. actin, and voltage gated calcium
channels; vessel constriction was
reduced by 50% after incubating
with calcium-blocker nifedipine
PDMS coated HUVECs Parallel Stenotic chambers demonstrated Westein et
with microchannels with | enhanced platelet aggregation in al.(75)
VWEF/fibrinogen one-side stenosis of | 60 — 80% occlusion over a range
20, 30, 40, 60, or 80 | of input wall shear rates; flow
percent lumen increases EC VWEF secretion in
reduction; human stenotic outlet, causing platelet
blood was perfused aggregation and post-stenotic
at 1,000 stinput wall | thrombus formation
shear rates
Gelatin-Agarose | HUVECs, Physiologically Stiffer IPNs (~50 kPa) resulted in | Qui et
IPN HDMVECs, | relevant stiffness ~ increased permeability compared | al.(76)
HLMVECs | 20 kPa (stiffness of to soft devices (~5 kPa);
healthy arteries Extracellular haem (haemolytic
between 1 and 35 by-product) induces delayed and
kPa); Flow velocity | reversible EC permeability (dose-
in smallest channels | dependent manner)
setto ~2.8 mm st
(corresponding to a
wall shear stress ~8.8
dynes cm?)
PDMS and hBMSCs, No profusion Inflammatory factors (LPS, Alimperti
collagen hFs, mentioned thrombin, and TNFa) etal. (77)
HUVECs, compromises EC barrier function;
HASMCs Simultaneous inhibition of
Racland activation of RhoA
induced loss of HASMC exposure
to HUVECs and reduced barrier
function; CRISPR-mediated
knockout of N-cadherin in
HASMC:s led to loss of barrier
function and over expression in
N-cadherin (validated in mouse)
PDMS coated HUVECs Perfused human SLA printed miniaturized Costa et
with collagen citrated whole blood | vascular structures that closely al.(78)
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Table 1-2. Continued.

cyclic strain of 5 —
8% to mimic
stretching and
relaxation of the
channels; flow in EC
chamber produced a
wall shear stress of 1
- 15PA

two chambers lead to prolonged
viability of cells that exhibited
physiological morphology and
organization through cell-cell
contact;

. Cell Blood flow .
Material Type(s) conditions Experiment Ref.
PDMS Resistance Harvested arteries Developed a microfluidic Gunther et
arteries were fixed at platform to assess resistance al.(79)
isolated periphery and artery structure and function;
from wile subjected to external | fully automated acquisition of up
type CD1 pressure of 45 to ten does-response sequences of
mice or mmHg above intact mouse mesenteric artery
CD1 mice atmosphere (aligned | segments; Exposure of
expressing artery); Disk of phenylephrine or acetylcholine
Tie2-GFP sapphire uniformly yield dose-response relationship
transgene in | distributed heat identical to human response
ECs generated by
thermoelectric
heater; Flow in
channels between 0 —
4 mL h?
PDMS HUVECs, Citrated human Performed guantitative analysis of | Jain et
HMVEC blood was perfused organ-level contributions to al.(80)
to obtain a wall shear | inflammation-induced
rate of 750 sec™? (~ thrombosis; LPS endotoxin
10 dynes cm directly stimulates intravascular
stress); for platelet- thrombosis by activated alveolar
endothelial epithelium; analyzed inhibition of
dynamics, higher EC activation and thrombosis due
wall shear rate was to PAR=1 antagonist
used (750 sect; ~30
dynes cm stress)
Fibronectin iPSC, Bulk elastic modulus | Micropatterned gelatin hydrogels | Janna et
crosslinked NRVMs of ca 50 — 100 kPa; using laser-etching to obtain al.(81)
gelatin lower concentrations | surface grooves and pillar
obtained modulus structures with a resolution of 15
between 1 and 15 pum; verified structural
kPa organization, contractile function,
and long-term viability compared
to manually patterned gelatin
substrates
PDMS HAECs and | Vacuum side Culture of SMCs and EC with a Engeland
HASMCs channels induce porous membrane separating the et al.(82)

19




Recent studies have shown that atherothrombotic processes and platelet aggregation can
be modeled with the organ-on-a-chip platform. (70, 75, 83) In one study, a microfluidic
device containing a parallel array of stenosed micro-vessels was able to form platelet and
fibrin-rich blood clots downstream of stenosis, as observed in vivo. (72) This device was
then applied to predict anticoagulant and antiplatelet drug responses in patients on
extracorporeal devices. (Figure 1-3B) Another in vitro study, applying a similar geometry,
validated that cell-secreted von Willebrand Factor (VWF) further exacerbates platelet
recruitment and adhesion post-stenosis, similar to in vivo conditions. (31) Furthermore,
another microfluidic study (vessel-on-a-chip) lined with living or chemically fixed human
endothelium was demonstrated to modulate hemostasis and thrombosis under arterial
flow, thus serving as a potential diagnostic lab-on-a-chip device. (70, 74) (Figure 1-3C)
More recently, this vessel-on-a-chip system was able to predict toxicity of a drug
compound that failed clinical trials, but did not produce the same vascular side effects in
primate studies. (84) Also, this organ-on-a-chip platform has provided more mechanistic
understanding of vascular biology. For example, a recent work with microfluidic channels
showed that proteins RhoA, Racl, and N-cadherin regulate vascular permeability and
barrier function. (85) Furthermore, immune cell interactions have also been assessed in
these systems, demonstrating the role of inflammatory cells, such as neutrophils and T-

cells, in endothelial activation and consequent thrombosis formation. (86-88)

More complex diseases, such as cancer, infectious diseases, and genetic disorders (e.g.,

sickle cell disease), compromise the vascular system in patients and often instigate fatal
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strokes. Tissue- and cell-level signaling may constitute feedback between multiple organs
that regulate the vascular function. For example, in cancer tumor cells release
inflammatory factors that result in vascular dysfunction. (38) Similarly, in pneumonia and
other respiratory disorders, the alveolar epithelium may secrete factors that lead to platelet
recruitment and thrombosis. (39) Organ-on-a-chip technology has been deployed to
dissect tissue-tissue and drug-tissue interactions for systematic analysis of such vascular
diseases. Recently, a model of lung thrombosis supported tissue-level functional design
by showing co-culture of human primary alveolar and an endothelial lumen in adjacent
microfluidic conduits, separated by thin, porous membrane. (26) After the introduction of
lipopolysaccharide (LPS) in the epithelial channel followed by whole blood perfusion
through this device, a thrombus formed within the luminal channel, accurately reflecting
upon in vivo observations. Further, an endothelium-specific therapeutic effect of
antithrombotic compounds was identified with this system, which was not observed with
traditional animal models. These developments in vascular micro-physiological systems
are highly promising and provide major opportunities to investigate biological function
with microscopic technigques, measure variables using biosensors, and quantify outputs

using analytical algorithms and genomic screenings.

However, there are still limitations in the current microfluidic designs that restrict the
extent to which vascular disease pathophysiology can be reconstituted. Virtually most
published literature on organ-on-a-chip technology is based on the use of

polydimethylsiloxane (PDMS) for fabrication. The process of fabrication with PDMS,
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called soft lithography, is simple and adoptable to most lab environments. With soft
lithography, multi-chamber microfluidic devices separated by thin film membranes to
support tissue co-cultures can be designed with high fidelity. PDMS is also biocompatible,
transparent, and permeable to gases, making it very suitable for cell culture. However, a
major drawback of PDMS is that the material adsorbs small hydrophobic molecules,
therefore making it very difficult to assess pharmacokinetics of drugs and toxins. For
example, if the drug is absorbed by the PDMS, then its net concentration is lower, and
potential therapeutic effect or toxicity might be underestimated. Thermoplastic materials
are potential alternatives that have been used to make microfluidic chips, but they often
auto-fluoresce during imaging, do not permit for oxygen diffusion (making it harder for
cells to survive for long durations) and can be very expensive for a high-throughput
setting. Another potential limitation is that organ-on-a-chip models are subsets of the
whole living organ. For example, the blood vessel-on-a-chip models published so far lack
connective tissue containing fibroblasts between the epithelium and endothelium, which
may regulate vascular homeostasis and pathogenesis. In addition, pericytes or SMCs may
need to be integrated under the endothelium for a complete biological output from these
models. This is not necessarily a drawback because with this approach, scientists can
design the simplest model required to solve a biological problem and add additional cell
types until the required combination is achieved for solving the problem of interest. For
example, blood flow in arteries is pulsatile and would be a very interesting addition to
vascular organ-on-a-chip technologies in the future. Yet, a major hurdle that still exists is

the phenotype expressed by the cells used in these model systems. Specifically, cells
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within these systems may not present the phenotype native to the local environment of the
disease or patient anatomy, and therefore, standardization of cell-lines and growth
protocols is necessary (30, 89, 90). In addition, given the planar and thin (<1 mm in
thickness) cellular arrangement, modeling drug-tissue interactions may be inaccurate and
require careful scaling up due to varied drug pharmacokinetics and pharmacodynamics
(35, 56, 91-94). Also, organ-on-a-chip models may not always include the same cellular
arrangements as observed in vivo. They are often designed as overlaying or side-by-side
rectangular channels which make them unable to recapitulate the exact flow inside a
cylindrical blood vessel. This may also alter endothelial function and affect the
contractility-related mechanisms of cells. Finally, despite promising use of organ-on-a-
chip, these models may not be appropriate to model the macroscale organ biology, for
example, aorta or veins and therefore, different tools may be needed for such

investigations.

1.5.2 3D Printing
Given vascular diseases often originate in blood vessels with complex geometries, additive
manufacturing, such as 3D printing (including 3D bioprinting), offers a vital tool to
recapitulate a diseased anatomy. 3D printing is a fabrication technique used to mimic the
anatomical complexity of native tissues via a bottom-up approach by depositing polymeric
or cell-laden hydrogel based inks in a layer-by-layer fashion. (95, 96) (Figure 1-4A) The
use of 3D printing to fabricate intricate geometries, such as bifurcations and curvatures,

provides a comprehensive understanding and functional evaluation of patient-specific
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vascular disease symptoms. (97, 98) (Table 1-3) Recent advancements in 3D printing
technology have resulted in the development of complex, anatomical structures,
motivating its use in a variety of biomedical applications such as tissue modeling (99-
101), pharmacological assessment of therapeutics (contractions of vascular wall in
response to serotonin (102), endothelin-1 (102-104), prostaglandin F.a (102), polyphenols
from red wine (105, 106), and histamine (107)), and disease pathophysiology

(neovascularization (108), EC permeability (109, 110), and hemodynamics (111, 112)).
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A) Patient-Specific 3D Tissue Engineered Model

CT-scan 3D Model Computer code

Wash
(recovered)
: Baseline Epi Wash CCH
Sacrificial Cellladen  PCL Carbachol
hydrogel  hydrogel (CCH)

15

E) Picrosirius Red Masson Trichrome

Von Kossa

Native IVC

Figure 1- 4 Vascular 3D printed models. A) Schematic demonstrating the process of fabricating
a patient-specific complex geometry using the layer-by-layer 3D printing process. B) A bioink
utilizing Nanoengineered lonic-Covalent Entanglements (NICE) improves the hydrogel’s
printability, producing stiff and elastomeric constructs that are physiologically relevant at
modeling macroscale organ biology (113) © 2018 ACS Applied Materials & Interfaces. C) 3D
printing of 3-component cardiac tissue to demonstrate the feasibility of modeling cardiac tissue
drug response. The printed cardiac tissue increased in beating frequency (beats per minute; BPM)
and amplitude, compared to the baseline, when exposed to epinephrine (Epi). However, once
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removed, washed, established baseline, and then exposed to Carbachol (CCH), the opposite effect
was noted (114) © 2018 Acta Biomaterialia. D) Schematic of the manufacturing process used to
produce hydrogel printed microchannels that aid in cellular alignment, mimicking the arrangement
observed in vivo (115) © 2018 Biofabrication. E) Collagen (Picrosirius Red and Masson
Trichrome) and elastin (Hart) deposition of a native inferior vena cava (IVC) compared to a 3D
printed tissue engineered vascular graft (TEVG) after 6 months. No signs of ectopic calcification
were demonstrated (Von Kossa) (116) © 2017 The Journal of Thoracic and Cardiovascular
Surgery. F) Graphic representation of the use of 3D printing to form microchannels via template
micro-molding, permitting for the use of dynamic co-culture within a printed construct (74) ©
2014 Lab on chip.

Table 1-3. Bioengineered vascular disease models usin

3D printing technology.

permit for printing of high
fidelity constructs; Lower
weight percent of bioink
had increased linear
elasticity behavior, higher
weight percent bioink
exhibited nonlinear tensile
stress-strain behavior

valve to mimic the anatomic and
axisymmetric geometries

Material Cell Type(s) | Mechanical Conditions Experimental Specifications Ref.
GelMA for HUVEC:s, Reynolds number lower Sacrifical bioprinting produced Zhang
bulk hDFs than 0.5 for flow rates hDF encapsulated in GeIMA with | et
material and between 0.6 and 3 mL h* | microchannels (washed out al.(83)
Pluronic F- (laminar flow); main pluronic) devices lined with a
123 for velocities in main channel | confluent layer of HUVECS;
sacrificial between 0.19 and 0.54 mm | profusion of blood formed
microchanne s’%; burst pressure: ~0.16 | thrombi that was exposed to
Is + 0.08 kPa; Compression tissue plasmin activator and

moduli varied between0.8 | subsequent dissolution of non-
kPa to 0.65 kPa fibrotic clots; hDF were able to
migrate into the clot and
deposited collagen over time
Nanosilicate | MC 3T3 Addition of nanosilicates Utilized a ionic and covalent Chimen
s, GelMA, Preosteoblas | to the network induces a network stabilized by eet
kappa- ts Herschel-Bulkley fluidic nanosilicates to produce high al.(113)
carrageenan behavior, promoting a fidelity printed constructs;
shear thinning profile with | performed rheological modeling
a power law index of 0.55 | to determine optimal parameters
for printing
PEGDA, PAVIC Alginate was incorporated | 3D printing and photo- Hockad
Alginate into bioink to increase crosslinking technique to ay et
precursor viscosity to construct heterogeneous aortic al.(117)
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Table 1-3. Continued.

1

HEPG2/C3A cells

Material Cell Type(s) | Mechanical Conditions Experimental Specifications Ref.
Alginate, Mouse Construct exhibited a 3D printing of multi-level fluidic | Gao et
Collagen fibroblasts, linear stress-strain profile | channels deposited in a layer al.(118)
mouse with an ultimate strength fashion to replicate the hollow,
SMCs, and increases with increasing lamellar vascular structure;
HUVECs alginate concentration demonstrated modeling potential
(0.049 MPa to 0.139 using mechanical and chemical
MPa); After 5 days of stimulation with a circulation
culture, the ultimate flow system, an arterial surgery
tensile strength decreased | simulator, and cell co-culture
further to 0.105 MPa
Bioink: CM Printed at 18C with a 3D bioprinted organized and Wang et
Fibrin pneumatic pressure of 100 | functional cardiac tissue; printed al.(114)
composites kPa and a speed of 100 constructs elicited physiological
Sacrificial mm/min; intrinsic force responses to cardiac drugs to alter
ink: Gelatin, generated within printed beating frequency and
glycerol, construct was 1.5 mN contractility forces
and
hyaluronic
acid
PGA-co- Obtained Burst pressure: 11,685 + Created a patient-specific Fukunis
PLCL through 11,506 mmHg (post- nanofiber vascular graft hi et
implantation | implant), 6,167 + 5,627 combining electrospinning and al.(116)
mmHg (preoperative); 3D Printing; implanted in sheep,
Compliance: 4.0% + 1.5% | demonstrating no aneurysm
(preoperative), 2.3% * formation or ectopic calcification;
0.46% (post-implant) explanation revealed complete
resorption of grafts, SMC
organization, ECM deposition,
endothelialization, and and
similar mechanical properties to
native vasculature
PEGDA and | HUVECs, Viscous bioink (Reynolds | Stereolithography-based, multi- Amir et
GelMA NIH/3T3 number ~ 10 — 100) material bioprinting platform for al.(108)
Fibroblasts permits for smooth heterogeneous hydrogel
transitions between constructs; Constructs loaded
bioinks; Printing with VEGF were assessed for its
resolution ~ 20 — 30 um neovascularization potential
GelMA and | HepG2/C3A | Youngs modulus of Sacrificial bioprinting technique Massa
agarose cells GelMA ~12.1 + 1.1 kPa; produced hollow microchannels; et
(encapsulate | pore size of GelMA ~ HUVEC layer delayed al.(109)
d); HUVECs | 143.2 + 6.4 um; perfusion | permeability of biomolecules and
(seeded) was conducted at 50 pL h™ | showed increased viability of
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A vital yet limiting component of the 3D printing design and implementation is the
selection of materials, or bioinks. The materials used serve as an artificial ECM composed
of natural, synthetic, or their combination to reproduce tissue microenvironments and
permit for cellular functions observed in native ECM. Natural polymers encompass
materials derived from natural sources, such as ECM constituents (e.g. collagen, elastin,
and fibrin) or polysaccharide-based biomaterials (e.g. alginate, chitosan). (119-121) These
materials often contain cell-adhesive domains, driving cell connection, migration, and
proliferation. However, natural polymers often contain significant batch-to-batch
variability as well as lack control over both the chemical and physical properties. To
overcome the variability of natural polymers, synthetic polymers with desired chemical
structures, mechanical integrity, and functionality can be used. (122, 123) Yet, synthetic
materials lack biologically recognized domains, resulting in limited cell-matrix
interactions. In order to enhance or obtain bioactivity, synthetic polymers are modified
with cell-responsive structures, such as RGD-domains or natural polymers. Due to the
inherent complexity of vascular tissue, combining both natural and synthetic polymers
warrant for the fabrication of bioinks that can be finely tuned to obtain optimal material
properties and enhanced bioactivity. (118, 124) The combination of both natural and
synthetic polymers enables for precise manipulations to model tissue compositions,
architectures, and microenvironments for either healthy or diseased conditions. (113, 117,
125) This permits for a dissectible analysis of physiological changes that occurs with

geometry, disease progression, and aging. (118, 126)
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In order to further recapitulate ECM properties of vascular tissues, such as conductivity,
nanomaterials such as carbon nanotubes (127, 128), graphene oxide (129), and gold
nanorods (130) can be integrated into polymeric networks. These nanomaterials can also
be used to modify a material’s printability to fabricate anatomically scaled tissue structures
that model the macroscale organ biology. In a recent study, bifurcating vascular constructs
were 3D printed into precise geometries. (113, 131) (Figure 1-4B) In this approach, bioink
properties were optimized by controlling the interaction between nanoparticles and the
polymeric network to obtain highly printable inks. (125, 131-134) Printability is a crucial
property of bioinks that is defined by its ability to smoothly extrude into the intended
architecture with high structural fidelity. These properties are governed by a material’s
rheological properties and crosslinking mechanisms. (135) Specifically, a bioink must first
shear-thin, allowing for extrusion through a needle gauge, followed by rapid recoverability
of the material’s internal structure, permitting for shape retention into the deposited
geometry. (125) A range of approaches have been developed to print custom scaffolds
with enhanced fidelity, such as on-site curing of bioink (136, 137), printing into a support
bath (138-141), or exposing ions or temperature changes to retain a deposited shape (113,

131).

Aside from print fidelity, bioink selection is crucial and can dictate cellular organization
and functions. By modulating bioink properties, physical and chemical
microenvironments of human vascular diseases can be replicated. (142) For example,

recent studies have utilized 3D printing to design a cardiac patch by mimicking the
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microenvironment to improve cardiomyocyte organization and maturity. (143, 144)
(Figure 1-4C) This 3D printed model was able to produce physiological responses to
adrenergic agonists (such as epinephrine; Epi - increases heartbeat frequency) and
carbachol (CCH; decreases heartbeat frequency). (145) In a similar study, 3D printing was
used to fabricate constructs with specific surface topography to control cellular adhesion
and alignment. (114, 115) (Figure 1-4D) This approach is capable of mimicking some of
the structural complexity observed with native vasculature. These proof-of-concept
studies highlight the versatility of 3D bioprinting to mimic structural and functional

complexity of vascular tissues.

Although printing design has been used to dictate cellular arrangement on printed
scaffolds, construct topography, stiffness, and architecture also strongly impact the
model’s predictability, specifically regarding hemocompatibility. In healthy vasculature,
blood does not clot due to a confluent layer of EC shielding the ECM from fluid contact.
(146) The ECs prevent clotting through the release of biochemical cues to the blood, such
as heparans, thrombomodulin, tissue plasminogen activator, and adhesion proteins to
dictate vascular function. (147) However, when the lumen is disrupted or damaged, the
underlying ECM elicits highly thrombogenic properties, triggering immediate platelet
adhesion and thrombosis. (9, 148) Bioink properties can be tuned to prevent this clotting
cascade and improve upon the ink’s hemocompatibility. Specifically, sub-micrometer
grooves on blood-contacting surfaces have been shown to decrease platelet adhesion and

activation compared to smooth surfaces. (149-151) This is due to an increased surface area
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and geometrical constraints for platelets to activate or adhere. In addition, increased matrix
stiffness (~ 5-50 kPa) has been shown to significantly enhance platelet adhesion and
spreading, via Rac 1 and actomyosin activity. (152-154) Aside from surface roughness
and matrix stiffness, other strategies, such as the inclusion thrombin-resistant materials
(155, 156) or chemical modifications of the construct’s surface (157, 158) can greatly

impact platelet interactions.

3D printing can also be combined with other fabrication techniques, such as solution blow
spinning, photolithography, or self-assembly, to imitate more complex structural features
of vascular tissues. For example, innate myocardium ECM consists of well-organized,
anisotropic tissue architecture with conductive fibers. (159, 160) Electrospinning, an
fabrication technique to obtain micro- and nano-fibers, can be used to mimic structural
organization of myocardium ECM by providing topological clues for cell alignment and
imparting directional properties. By combining electrospinning with 3D printing, a
patient-specific vascular graft can be obtained, which is difficult to obtain from either
technique alone. (116) (Figure 1-4E) The topological clues provided by electrospun fibers
facilitate the formation of vascular tissue around the graft in vivo after 6 weeks. Interesting,
the secreted ECM consists of predominantly collagen and elastin, similar to the native
inferior vena cava. In addition, there was no observable calcification of the engineered
graft. (116) This study indicates a strong potential to combine 3D printing with other
fabrication techniques, such as electrospinning, to mimic the structural complexity of

vascular anatomy. Aside from the combination of other fabrication techniques, 3D
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printing has recently been used as a template for micro-molding. (74) (Figure 1-4F)
Complex vascular microchannels can be printed out of a sacrificial bioink, such as agarose
(74), gelatin (161), or Pluronics (119, 162, 163). After the printed microchannels solidify,
cell-laden hydrogel precursor solutions can then be casted over the filament and photo-
crosslinked. Subsequently, the sacrificial microchannel templates are removed from the
surrounding crosslinked hydrogel. This fabrication technique enables the manufacturing
of perfusable microchannels that permit for the co-culture of multiple cell types. The use
of sacrificial material 3D printing provides a platform to create a fully perfusable

microvascular network with different architectures and geometries.

Although 3D printed constructs are capable of mimicking the native structure of blood
vessels and can model several aspects of vascular diseases, few significant hurdles still
remain before this technology can be translated to preclinical trials or medical practice.
Specifically, the lack of bioinks that truly mimic the mechanical and chemical properties
of the ECM is a big limiting factor. For example, there is no bioink that provides an
accurate representation of features observed in vascular diseases, such as calcified
structures, mechanical and chemical variations within tissues, or differences in mechanical
properties of vascular structures during dynamic or static states. (100) Moreover,
biological arrangement of cells and tissues observed in vivo is challenging to control in
vitro. Although use of electrospinning and other microfabrication technology along with
3D printing can be used to provide some control over cellular arrangement, this relies on

cell’s innate ability to self-organize. Overall, 3D printing is promising new approach to
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mimic human vascular pathophysiology and has a strong potential to dissect tissue-tissue

and drug-tissue interactions for systematic analysis of complex vascular diseases.

1.6 Future Prospects and Conclusions
Multiscale modeling of vascular pathophysiology can provide molecular and cellular
insights to understand complex biochemical and biophysical mechanisms of the human
vascular system. The current gold standard consists of animal in vivo models and in vitro
cell culture, however significant limitations persist in both these approaches. Recent
developments in fabrication techniques, such as organ-on-chip and 3D printing, provide a
unique solution to mimic human vascular function, thereby increasing the translational
potential to humans and decreasing the mechanistic complexity associated with the
experimental outputs. However, these emerging approaches are still in proof-of-concept
stage and need further optimization to potentially aid in a better understanding of vascular
pathophysiology while providing valuable tools for pharmaceutical research and
translational outcomes. In order to utilize the full potential of organs-on-a-chip and 3D
printing, as well as recapitulate critical aspects of vascular disease development and
progression with high precision, the cell sources have to be primary and/or stem-cell
derived. Human induced pluripotent stem cells (hiPSC) differentiated into targeted cell-
lineages is an exciting new approach that may become the gold standard cell-source in

these modeling systems in the future.
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Similarly, the physical properties of biomaterials need to be optimized in term of
composition, stiffness, anisotropy, and permeability, all which impact vascular
pathophysiology and disease development. (Table 1-4) In addition, the materials used to
fabricate vascular tissues should be able to withstand long-term cell culture for the
assessment of disease progression (e.g. from the observation of EC dysfunction to
stenosis, and eventually a plaque rupture). Bioinks and scaffold materials that provide
structure to organs-on-chips and 3D printed tissues can be enhanced with nanoparticles to
improve upon the model’s mechanical and biochemical functionality. Also, currently
available fabrication techniques produce constructs that are not able to form vascular
geometries with anatomical accuracy. Some printers, such as the nanobiological printers,
are able to provide resolutions up to 5-20 um, however it is not evident if these features
can be translated to extrusion-based printers using biological relevant, cell-laden bioinks.
(135) Considering these geometrical constraints, there is a need for a printer that is able to
construct multi-material, hierarchical structures across multiple length scales to mimic
native vasculature. This will enable the fabrication of heterogeneous tissue consisting of
adventitia, media, and intima layers, all comprised of different cell-laden bioinks. (118,

164)

Table 1-4. Material properties of human vasculature and common vessel models.

. Maximum Maximum Elastic modulus
Materials Stress (MPa) Strain (Mpa) Notes Ref.
Healthy 1.44 +0.87 0.54 +0.25 1.48+0.24 Average age (6)
coronary artery 38.07 + 8.58;
Strain rate of 1
mm/min
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Table 1-4. Continued.

r
0.42 £ 0.05 (30:1
PDMS:crosslinke

r

displacement
resolution; 10%
strain applied
to each sample
at a rate of 0.25
mm s*

Materials Maximum Max_imum Elastic modulus Notes Ref
Stress (MPa) Strain (Mpa) '
Diseased 2.08 +0.86 0.35+0.11 3.77+£0.38 Average age (6)
coronary artery 65.50 £ 10.33;
Strain rate of 1
mm/min
Layer-specific Adventitia: Adventitia: n.m. Average age: (165)
mechanical 1.43+0.604 1.66+0.24 71573
properties of (circumferential) | (circumferential) years old
coronary 1.3+£0.692 1.87+£0.38
arteries (longitudinal) (longitudinal)
Media: Media:
0.446 £ 0.194 1.81+0.37
(circumferential) | (circumferential)
0.419 £ 0.188 1.74+£0.28
(longitudinal) (longitudinal)
Intima: Intima:
0.394 £ 0.223 1.6 +0.29
(circumferential) | (circumferential)
0.391+0.144 1.55+0.40
(longitudinal) (longitudinal)
Inferior vena n.m. n.m. n.m. Burst Pressure | (116)
cava (mm Hg):
13,062 + 6,847
Compliance:
2.4% * 0.85%
Elastin/Collagen | 0.5017 + 0.3665 | 0.2855 +0.1210 | Elastin: Mongrel dogs (166)
0.49+£0.18 aged 54.9 + 8.8
Collagen: months
131+ 64 weighing at
20.4+ 1.8 kg
PDMS 5.39+1.23 144 £9.3 (167)
PDMS n.m. n.m. 0.005-1.72 Increasing (168)
elastic moduli
demonstrates
higher surface
roughness;
Strain ranged
from0—10 %
PDMS n.m. n.m. 2.04+0.06 (10:1 | 0.1 N load with | (169)
PDMS:crosslinke | 0.01 mm
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Table 1-4. Continued.

PHS: 0.56 + 0.27;
90/10 Outer-layer
50/50, Inner-layer
PLLA/PHD: 6.24
+1.69
(circumferential)

. Maximum Maximum Elastic modulus
Materials Stress (MPa) Strain (Mpa) Notes Ref.
GelMA, «CA, 0.3017 £0.021 70% Tension: 0.495 + | Demonstrated (113)
& nSi (NICE) 0.150 > 75% recovery
Compression: after cyclic
0.0711 + 0.0049 deformation
GelMA n.m. n.m. 0.0005 - 0.001 Strain rate of (83)
0.2 mm min!
GelMA n.m. n.m. 0.0121 £ 0.0011 Tried to mimic | (109)
vascularized
liver (elastic
modulus:
0.0055 +
0.0016 Mpa)
Sodium 0.049 + 0.005 1.53+0.10 (2 Ramp force (118)
Alginate (2 wt.%) to wt.%) to 1.97 + with a slope of
0.184 +0.008 (4 | 0.009 (4 wt.%) 0.5 N min*
wt.%)
PEGDA (700 n.m. 20 wt.% 0.0053 + 0.0009 Loaded quasi- | (117)
MW:8000 MW) PEGDA 700: (20 wt.% PEGDA | statically at
0.50+0.15 700) t0 0.0746 £ | 0.02 mm s
10 wt.% 0.0015 (10 wt.% | until failure
PEGDA 8000: PEGDA 8000) with strain rate
1.6+0.1 of 0.005 s
PGA and PLCL | n.m. n.m. n.m. Burst Pressure | (116)
(mmHg): 6,167
+ 5,627 (pre-
operative)
13,062 + 6,847
(6-months
postoperative)
Compliance:
4.0% £ 1.5%
(preoperative)
2.3% + 0.46%
(postoperative)
PLLA and 90/10 Outer- 90/10 Outer- PLLA: 13.85+ Suture (170)
SPEU-PHD layer with 50/50 | layer with 50/50 | 3.82; retention and
Inner-layer Inner-layer 90/10 burst pressure
PLLA/PHD: PLLA/PHD: PLLA/PHD: 6.30 | was dependent
2.07£0.17 233.17+34.62 | £0.75 on thickness
(circumferential) | (circumferential) | 50/50
2.56 £ 0.28 142.14 £ 23.87 | PLLA/PHD: 5.35
(axial) (axial) +0.98
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Given the increasing complexity of organ-on-a-chips and 3D printed structures, validation
of the model to mimic in vivo conditions, such as cell phenotype and remodeling, are
needed. Therefore, advanced imaging techniques, computational modeling, and the
integration of genomics provide a means to further assess and validate engineered vascular
models. Advanced imaging systems with enhanced penetration depth, such as optical
coherence tomography (OCT) and photoacoustic tomography (PAT), would permit
visualization of the 3D structure and geometrical changes within the model. The use of
more mature imaging modalities provides a means to non-invasively probe cell-cell and
cell-matrix interactions when cultured within organ-on-a-chip devices and 3D printed
models. In addition, emerging approaches also focus on the development of computational
tools to model fluid dynamics, oxygen diffusion, cellular proliferation, remodeling, and
viability within 3D models. This permits researchers to examine, assess, and optimize
models prior to fabrication as well as correlate anticipated results to in vivo observations.
Furthermore, whole genome transcriptomic approaches can be applied to validate the cell

behavior responses and to understand mechanistic pathways. (171)

In summary, the prospects of these emerging technologies are promising. The relationship
between design, manufacturing, and assessment are closely related and present a never-
ending, repeated cycle. Therefore, this process can be enhanced with bioengineering,
material science, medicine, imaging, and genomic collaborations. Bringing these fields
together will improve the success of these platforms to predict physiology and responses

to drugs, toxins and chemicals on a human patient level. (172) (Figure 1-5) As more
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progress is made in this direction, organs-on-a-chip and 3D bioprinting technologies are

expected to add new knowledge to vascular disease pathophysiology and predict

therapeutic responses at disease- and patient-specific levels, which is currently not

possible with animal models, thus directly impacting the entire healthcare system.

;

ASSESMENT

Tools that exarnine, assess, and
optimize/validale the model's ability
to mimic in vivo conditions

Imaging modalities
OCT, PAT, confocal

1
fluid dynamics, sensors

assays, genomic sequencing

DESIGN

Indicate specific disease to be
modeled and engineer a strategy
to recapitualte in vivo conditions

'''''''

atherosclerosis, aneruysms

Cell types
ECs, SMCs, IPSC-ECs, patient-cerived

Microarchitectures ;
branched, straight, stenosed \
Vascular
Disease FABRICATION
Building design with spatial and
Models temporal percision
Properties
multi-material, anisotropy
Mechanical stimulation
K—/ shear stress, cyclic tension
Anatomical dimensions and fidelity

patent-derived

Figure 1- 5 The continuing cycle of model designs, fabrication techniques, and
assessments/validations provides an engineered platform to mimic and test vascular physiology,
functionalities, and response to drugs and toxins. Adapted and reproduced with permission from
(173) © 2013 Nature Protocols (78) © 2017 American Chemical Society (109) © 2017 AIP
Publishing (174)© 2015 Nature (164) © 2018 American Chemical Society
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2. NANOENGINEERED EXTRACELLULAR MATRIX BIOINKS FOR

3D BIOPRINTED MULTICELLULAR BLOOD VESSELS

Bioprinting is an emerging additive manufacturing technique to fabricate three-
dimensional (3D) constructs for human disease modeling applications. However, current
bioinks lack sufficient biocompatibility, printability, and structural stability needed to
translate this technology to preclinical and clinal trials. Here, we introduce a new class of
nanoengineered, hydrogel-based bioinks that can be printed into 3D, anatomically
accurate, multicellular blood vessels that recapitulate both the physical and chemical
microenvironments native to human vasculature. This bioink demonstrates high
printability and capacity to protect encapsulated cells against high shear forces within the
extrusion process, regardless of the cell encapsulation densities utilized. Bioprinted cells
maintain a healthy phenotype and remain viable for nearly one-month post-fabrication.
Leveraging these properties, the nanoengineered bioink is printed into 3D cylindrical
blood vessels, consisting of living co-culture between endothelial cells and vascular
smooth muscle cells, providing the opportunity to model vascular function and
pathophysiology. Upon cytokine stimulation and blood exposure, this bioprinted vessel is
able to recapitulate a thromboinflammatory response as observed in vivo. Therefore, this
bioprinted vessel provides a potential tool to investigate vascular disease pathophysiology

and assess therapeutics, toxins, or other chemicals in preclinical trials.
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2.1 Introduction

Three dimensional (3D) bioprinting, a subclass of fused deposition modeling or extrusion-
based printing, is capable of producing heterogeneous, tissue-shaped constructs in a layer-
by-layer fashion with embedded cells, demonstrating enormous promise to recapitulate
the native, multi-cellular vascular anatomy. 3D bioprinting has achieved pivotal
milestones, including the fabrication of perfusable vascular constructs (175-177),
patterned tissues (178, 179), and implantable devices (180, 181). However, 3D bioprinted
models that mimic vascular pathophysiology have not yet been demonstrated due to our
inability to support long-term co-culture, perfuse blood, and measure critically relevant
functional outcomes. This is mostly attributed to the lack of a bioink with high printability,
modular mechanical properties, and the ability to both localize and deposit a high density
of living cells into 3D architectures. Specifically, hydrogels for direct extrusion are not
mechanically resilient for high-fidelity 3D bioprinting. For example, uncrosslinked
hydrogels (precursor solutions) are often too fluidic for high-fidelity extrusion of
anatomically accurate structures, while crosslinked hydrogels are too brittle to yield
through a needle without fracturing. (125) In addition, current bioinks are not able to
maintain construct integrity and fidelity while sustaining a high cell viability and
phenotypic maintenance. Taken together, limitations of current bioinks restrict the
potential to fabricate anatomically accurate, multilayered tissues with the innate ability to

replicate human pathophysiological functions.
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Here, we address past limitations by introducing a nanoengineered bioink that is
bioprinted into 3D models of blood vessels. This approach offers improved spatio-
temporal resolution on a macro-structure as well as a tissue- and cell-level micro-structure
(i.e. cellular composition, extracellular matrix organization, and physiological
communication), achieving what is currently not possible with currently available bioinks.
(182) Specifically, we demonstrate that endothelial cells (EC) and vascular smooth muscle
cells (VSMC) can be co-cultured into cylindrical vessels utilizing a 3D bioprinting
approach. (Figure 2-1) To achieve this, we developed a high viscosity colloidal bioink,
termed nanoengineered extracellular matrix (nECM), composed of gelatin methacryloyl
(GelMA), poly(ethylene glycol) diacrylate (PEGDA), and two-dimensional nanoclay
(also known as nanosilicates). This NECM bioink is reinforced by clay-clay and polymer-
clay interactions, permitting extrusion of high-fidelity scaffolds that can subsequently be
crosslinked via ultraviolet (UV) light. The designed nECM bioink enables for the
fabrication of free-standing vessels of varying lumen size to accurately reflect upon
diverse human vessel geometries. (183-185) Subsequently, we show that this nECM
bioink can be used to engineer a 3D vascular model that can accurately predict human
thromboinflammation upon cytokine insult. This data lays the foundation for this model
to be applied in preclinical settings within vascular medicine, including drug discovery as

well as the analysis of various chemicals and toxins.
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Figure 2- 1 Schematic of the fabrication process to construct 3D vascular models. A) 3D
bioprinting can be used to replicate structure and pathophysiological function of healthy and
diseased blood vessel. B) Nanoengineered bioinks are developed and characterized with
encapsulated vascular smooth muscle cells (VSMCs) for 3D bioprinting of vascular constructs. C)
3D printed scaffolds can be subsequently crosslinked via UV light and seeded with endothelial
cells (ECs) to form a confluent monolayer, mimicking the intimal layer or lumen of human vessels.
D) This fabrication technique permits for the construction of a 3D bioprinted vascular model.

2.2 Experimental Section

2.2.1 Materials and Synthesis
Nanosilicate (Laponite XLG; nSi), acquired from BYK Additive and Instruments, was
stored under vacuum to prevent particle interaction with water. Poly(ethylene glycol)

diacrylate (PEGDA), with a molecular weight of 0.7, 3.4, 8, or 10 kilodaltons (kDa or
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grams per mole (kg/mol)), was purchased from Polysciences Incorporated. Porcine gelatin
(Type A, 300 Bloom), methacrylic anhydride, and Irgacure 2959 (2-Hydroxy-4’-(2-
hydroxyethoxy)-2-methylpropiophenone) were purchased from Sigma Aldrich. Gelatin
methacryloyl (GelMA, 80% methacrylated) was synthetized using procedures previously
reported. (113) In short, 10 g of porcine gelatin was dissolved into 100 mL of 1X
phosphate buffered saline (PBS). The solution was heated on a stir plate for 1 hour at 65
°C to obtain a transparent, homogeneous solution. Following dissolution, 8 mL of
methacrylic anhydride was slowly added dropwise over several minutes and allowed to
react for 3 hours. To stop the reaction, 400 mL of 1X PBS, heated to 40 °C was added to
the system and held stable for 15 min. The synthesized solution was then put under dialysis
for 7 days, using cellulose membrane dialysis tubing (VWR, 14,000 Da) in 18 MQ water.

The deionized water was changed twice daily, followed by lyophilization.

2.2.2 Bioink Fabrication

Desired volumes of GelMA and PEGDA were dissolved into heated deionized water (40
°C) under constant mixing on a stir plate. Once a transparent solution was obtained (~5
min.), 0.03% wi/v Irgacure 2959 was added and stirred for an additional 3 min.
Nanosilicates were slowly incorporated into the hydrogel precursor solution and mixed
until a change in viscosity was observed (~5 min). Bioink formulations were stored
overnight at 40 °C before use. Subsequent crosslinking of bioink formulations was
obtained via exposure to UV light at 7 mW/cm? for 60 seconds (s). UV duration was

determined through assessment of cellular spreading of encapsulated VSMCs after 1 and
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7 days of culture when exposed to 7 mW/cm? of UV light for 20, 40, 60, or 120 s. (Figure

A-1)

2.2.3 Physiological Stability

Equilibrium water uptake was calculated by soaking crosslinked hydrogels in water and
basal media (RPMI media, ThermoFisher Scientific) for 24-hours in the incubator (37°C;
5% COg; n = 4). The mass of the hydrogel as prepared (T = 0 h) was compared to the mass
of the hydrogel after swelling (T = 24 h) and recorded as Qo (Equation 2-1). Water uptake
was collected for combinations of GelMA (5, 7.5, and 10 wt.%) and PEG(10k)DA (0, 1,
2.5, and 5 wt.%) as well as GelMA + PEG(10k)DA with altering amounts of nanosilicates
(7.5 wt.% GelMA + 2.5 wt.% PEG(10k)DA + 1 — 5 wt.%, nanosilicates ranging in
increments of 1 wt.%). This was also collected for different molecular weights of PEGDA
(700, 3,400, 8,000, and 10,000 g/mol) in the finalized nECM bioink ratios to understand
the range of mechanical properties produced through slight modifications in the hydrogels

crosslinking density.

Qo= Mi/ Mg (Equation 2-1)

2.2.4 Uniaxial Compression

An ADMET MTEST Quattro eXpert 7600 Single Column Testing System equipped with

a 25 Ib. load cell was used for uniaxial compression testing. Utilizing a biopsy punch,
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hydrogels were casted into 2-mm thick sheets and stamped into 7-mm diameter samples
(n = 4). Each sample’s diameter and height were measured with a digital caliper and
variations of measurements were incorporated into modulus calculations. Unconstrained
samples were compressed 20% of the measured height and returned to starting position at
a strain rate of 1 mm / min. Raw data for cyclic compression was processed using Excel
to calculate the compressive modulus as the slope of the linear region of the data (0 to
20% strain). Compression data was collected for combinations of GelMA (5, 7.5, and 10
wt.%) and PEG(10k)DA (0, 1, 2.5, and 5 wt.%) as well as GelMA, PEG(10k)DA, and
varying amounts of nanosilicates (7.5 wt.% GelMA + 2.5 wt.% PEG(10k)DA + 1 - 5 wt.%
nanosilicates ranging in increments of 1 wt.%). In addition, compression was also
performed on a combination of GeIMA (7.5 wt.%), PEGDA (2.5 wt.%), and nanosilicates
(4 wt.%) utilizing various molecular weights of PEGDA (700 Da, 3.4 kDa, 8 kDa, and 10

kDa).

2.2.5 Rheological Characterization

Rheological experimentation was performed using a stress-controlled Discovery Hybrid
Rheometer 2 (DHR-2, TA Instruments) with a 40-mm diameter, parallel plate geometry
attached. The geometry was equilibrated to 37 °C and a gap height of 0.25 mm in
combination with a solvent trap was used for all experiments. Rotational shear-rate sweeps
were performed between 102 and 10* (s?) to determine the power-law region and shear

behavior. Power-law parameters n (flow behavior index) and K (consistency index) were
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calculated utilizing the TRIOS software (TA instruments) and verified using excel.
Rotational time sweeps were executed at three consecutive shear rates (s): 3.02 (60 s),
23,000 (5 s), and 0.01 (120 s) to characterize the shear recoverability of precursor
solutions. Oscillatory stress sweeps were performed between 10 and 10° (Pa) with a
frequency of 1 Hz. Both storage and loss moduli were monitored to measure the material’s
yield stress. Ultraviolet (UV) crosslinking kinetics were characterized utilizing an
oscillatory time sweep with a stress of 1 Pa and frequency of 1 Hz. After 30 s, samples

were exposed to UV light (7 mW/cm?) and the storage modulus observed.

2.2.6 Numerical Modeling

A 3D model of the extruder was fabricated utilizing Solidworks 2018 and imported into
ANSYS Spaceclaim (ANSYS 19.2) in order to initiate the computational simulation.
Upon importing, a 3D mesh was rendered with 3D linear elements. In whole, the model
was formatted as a steady laminar problem. Specifically, material properties were inputted
such that the viscosity profile of the bioink followed the power law model. The inlet
boundary condition was specified as 4.97 x 10 m/s, based off of the volumetric flow rate
in which the bioink is printed. All walls within the system were assumed to have no-slip
boundary conditions. As the ink was extruded onto the printing bed, the outlet boundary
condition was established as 0 Pa (gauge pressure). The problem was then solved for
continuity, mass balance, momentum balance and energy balance to model the bioink flow

patterns through the 3D extruder.
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2.2.7 3D Print Fidelity

All printed shapes were designed in Solidworks, exported into STL files, loaded and
modified in Slic3r, and exported into G-code instructions for the printer. All printed
constructs were programmed to have a layer height of 200 um and a speed of 0.20 mm/s.
When necessary, 4 pL/mL of food coloring was added to aid in visualization of printed
constructs. All precursors were stored and printed at 40 °C utilizing a 400-um diameter
gauge and an 13 RepRap Printer. To characterize the nECM’s bridging ability, a device
was fabricated to assess the bioink’s ability to deposit over a gap and support itself without
any underlying materials. Two metal plates were angled and screwed into a stationary
bottom plate, allowing for a varied gap along the x-axis. A rectangular shape of varying
infill densities (5 and 10 % infill to ensure visualization of gap distance) was printed over
the varied gap distances. In addition, to characterize the fidelity ratio, 2 cm x 2 cm squares
were printed at various infill densities (n=3; 0, 5, 10, 20, 30, 40, 50, 60, 70, and 80%)
programmed in Slic3r. Infill areas were calculated in ImageJ, utilizing a raster technique
to produce an overall average per sample. The print fidelity ratio was quantified as the
ratio of the programmed or theoretical void area (At) to the actual void area of the print

(An). (Equation 2-2)

Fidelity Ratio = - (Equation 2-2)
T
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If the fidelity ratio is less than one, voids are smaller than the theoretical area. This is
common for hydrogels due to variables such as over-extrusion, pooling, extrudate swell,
and/or low print velocities. On the contrary, if the fidelity ratio is greater than 1, the area
printed is larger than the theoretical, programmed void, translating to conditions such as
air bubbles in the extruder, clogging, dragging, and/or an accelerated printing velocity.
Ideally, the fidelity ratio should be equivalent to one, meaning the printed void is
equivalent to the theoretical void. The results obtained support the hypothesis that as the
infill density is increased, errors are compounding, leading to a logarithmic decease in the
fidelity ratio. (Figure 2-2E) Due to the nature of this work directed at modeling
vasculature, the geometries constructed consist of hollow channels with no infill density.
Thus, the printing parameters defined yield an optimal fidelity ratio (~ 1) for the scaffolds

being constructed.

2.2.8 In Vitro Cell Studies

To evaluate the nECM’s ability to maintain vascular cell viability, phenotype, and
metabolic activity, human umbilical vein endothelial cells (ECs; Lonza CC-2517) and
human umbilical artery smooth muscle cells (VSMCs; Lonza CC-2579) were seeded on
4-mm diameter samples (used between 3 and 10 passages and seeded at a density of
200,000 cells per gel/well). ECs were cultured in EGM-2 medium supplemented with

bullet kits (Lonza CC-3156 and CC-4176) and VSMCs in SmGM-2 medium
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supplemented with bullet kits (Lonza CC-3181 and CC-4149) in the incubator (37°C; 5%
CO2; n = 4 per time point and per assay) for 1, 3, and 7 days. Viability was analyzed
through a Live-Dead assay. Specifically, cells were stained with a solution of ethidium
homodimer (4 uL/mL; Abcam) and calcein AM (2 pL/mL; Abcam) in PBS for 30 minutes,
and subsequently rinsed with PBS two times. This was demonstrated for both cell types,
demonstrating a high viability (> 80%) as well as an increase in proliferation over days 1,
3, and 7 for all bioink combinations and constituents (GelMA, GeIMA + PEGDA, and
GelMA + PEGDA with various nanosilicate concentrations — 1 — 4 wt. % nanosilicates).
(Figure A-2) To assure viable cells were maintaining their proper phenotype on the
nECM, cell-specific antibodies were utilized for staining, explicitly vascular endothelial-
cadherin (VE-cadherin monoclonal antibody; Invitrogen 36-1900) for ECs and a-smooth
muscle actin (o -SMA monoclonal antibody; Invitrogen MA1-26017) for VSMCs. In
detail, hydrogels were rinsed with PBS and fixed with 4% paraformaldehyde overnight
for each time point. When staining, cell membrane was permeabilized using 0.1 % Triton
X-100 in a PBS-bovine serum albumin (BSA) solution (3% BSA) for non-specific
antibody binding for 20 minutes. Once permeabilized, gels were rinsed with PBS, exposed
to 1:100 ratio of primary antibody to PBS-BSA solution (rabbit anti-VE cadherin
polyclonal antibody, ECs; rabbit anti-o. SMA polyclonal antibody; 37°C for 1 hour),
washed with PBS, incubated in the same PBS:BSA buffer with 1:500 ratio of secondary
antibody to PBS-BSA (goat anti-rabbit conjugated with Alexa Fluor® 568; ; 37°C for 45
minutes), and rinsed again with PBS. After antibody staining, gels were exposed to

1:2,000 Hoechst® dye solution to stain for cell nuclei (37°C for 10 minutes). All imaging
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was conducted on a Zeiss Axio Observer Z1 Microscope. Images were randomly taken on
the surface of 4 replicates, processed in ImageJ, and one representative image presented.
In addition to immunohistochemical staining, real-time quantitative reverse transcription
polymerase chain reaction (RTq-PCR) was performed (n > 3). To begin with, cells were
seeded on tissue culture polystyrene (TCPS) controls or on bioink samples in non-adherent
6-well plates. After 7 days of culture, cells were trypsinized (3 min. at 37°C) to remove
cells from the gels and pelleted by centrifugation. RNA was isolated and collected via a
Zymo Research Quick-RNA Miniprep Extraction Kit following the manufacturer’s
protocol. Initial quality of nucleic material was evaluated using a NanoDrop One/One
Microvolume UV-Vis spectrophotometer (ThermoFisher Scientific), assessing the
260/280 absorbance ratios (around 2.0). (Figure A-3) Following RNA isolation, cDNA
was synthesized via SuperScript 11l Reverse Transcriptase (Thermo Fisher), following
manufacturer’s protocol. All primers (GAPDH; EC: vascular endothelial cadherin - VE-
cadherin, von Willebrand Factor - VWF, and endothelial nitric oxide synthase 3 — eNOS;
VSMCs: a-smooth muscle actin — ACTAZ2, calponin 1 — CNN1, and transgelin — TAGLN)
were purchased from Bio-Rad. SYBR Green reagent was then used for amplification
quantification using an Applied Biosystems QuantStudio 12K Flex. Expression and fold-
change values were calculated from fluorescence and normalization to GAPDH values as
well as to TCPS controls utilizing Excel [log2(TCPS controls/nECM gels)]. Metabolic
activity was assessed utilizing an AlamarBlue assay on seeded ECs, seeded VSMCs,
encapsulated VSMCs, and printed VSMCs on or within the nECM to ensure metabolic

activity of cells was maintained (BioRad). AlamarBlue assays were performed on days 1,
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7, 14, 21, and 30. All seeded samples were normalized to TCPS metabolic activity, while
encapsulated VSMCs samples were normalized to the metabolic activity of nECM seeded
VSMCs and printed VSMCs metabolic activity was normalized to the metabolic activity

of nECM encapsulated VSMCs.

2.2.9 3D Bioprinted Vascular Model

All 3D bioprinting was conducted inside of a biosafety cabinet. Specifically, all parts of
the printer (i.e. extruder, printer body, needle gauge) was sprayed with ethanol and put
under UV sterilization overnight to ensure a sterile environment for 3D bioprinting of
VSMCs. To visualize the distribution of encapsulated VSMCs within the nECM bioink,
cells were incubated with 5 uM CellTracker Green (Invitrogen) in 1X PBS for 30 minutes
prior to passaging, utilizing the manufacturer’s protocol. Cells were then trypsinized,
pelleted, distributed into 5 uL. of media, then added and carefully stirred into the nECM
bioink using a small spatula. The bioink was then loaded into the extruder and printed into
hollow cylinders with a two-layer perimeter (5 mm tall, 10 mm diameter, ~ 1 mm wall
thickness). After printing, constructs were crosslinked with UV-light and placed into well
with the scaffold laying on its side. After 24-hours of VSMC encapsulation, one T75 flask
of ECs were exposed to 5 uM CellTracker Red (Invitrogen) in 1X PBS for 30 minutes
prior to passaging. ECs were then passaged, seeded on the bottom half of the printed inner
channel, and cultured in 50:50 SmMGM-2 to EGM-2 media for 6 hours. The 50:50
EC:VSMC media ratio utilized was determined through assessment of cellular metabolic

activity ondays 1, 3, and 7. (Figure A-4) After 6 hours, constructs were flipped 180° along
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the z-axis and EC seeding repeated on the other half of the hollow construct (T75-flask of
ECs stained with CellTracker Red seeded within the hollow channel). VSMCs and ECs
were cultured for 3 days and images were randomly taken on 5 replicates utilizing a Zeiss
LSM 780 NLO Multiphoton Microscope after 48 hours of culture in 50:50 EC:VSMC

medium. Images were processed in ImagelJ, presenting one representative image.

2.2.10 Validation of 3D Bioprinted Vascular Model

To validate the use of the nECM 3D bioprinted vascular model, clotting experiments were
performed and analyzed with clinically relevant techniques, utilizing protocols previously
established. (134, 186) First, nECM and nECM constituents were prepared, crosslinked,
punched into 6 mm dimeter biopsies, and placed into 96 well plates (n = 5). Samples were
then exposed to coagulation-activated blood (10 pL of 0.1 M calcium chloride (CaCly)
and 100 pL of bovine blood containing sodium citrate) at 37 C for a pre-defined duration
of time (varying between 1 and 7 min.; increments of 1 min.). After the specified duration
of time, any uncoagulated supernatant was removed and the sample washed three times
with 1X PBS, leaving any clotted blood. This process was repeated on endothelialized
nECM constructs cultured for 7 days as well as endothelialized constructs with damaged
barrier function. Samples containing ECs with were exposed to human tumor necrosis
factor alpha (TNF-a, Sigma - T6674; 5 ng/mL and 10 ng/mL in EGM-2 medium) for 18-
hours to disrupt barrier function. After TNF-a treatment, samples were washed two times
with 1X PBS and exposed to coagulation-activated blood, as described above. Clotting

experiments were also performed on encapsulated VSMCs in the nECM bioink with and
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without TNF-a stimulation using the same protocol established for ECs. EC-VSMC co-
culture was also performed and clotting assessed after 7 days of culture in 50:50 EC:SMC
medium. Samples were then imaged with a Zeiss SteRIO Discovery v8 stereomicroscope
and the percent of clotting coverage quantified in ImageJ through characterization of the
grey value. Explicitly, clotting of the TCPS control after 7 minutes of activated blood
exposure demonstrated full clotting coverage of the well plate surface. This surface was
imaged and the grey value calculated on ImageJ. Subsequently, the grey value for all other
variables before and after 7 minutes of clotting was calculated in ImageJ. Utilizing

Equation 2-3, the percentage of clotting coverage was calculated from these results:

|Clotted Grey Value —Sample Grey Value|
Sample Grey Value before clotting

Clotting Coverage = ( ) X 100  (Equation 2-3)

Utilizing Optical Coherence Tomography (OCT), 3D printed nECM constructs with and
without lumen formation were fabricated utilizing the same technique previously
described (n = 3). After 7 days of EC culture, for those with lumen formation, samples
were washed with 1X PBS and exposed to coagulation-activated blood at 37C for 7
minutes. After 7 minutes, samples were carefully washed three times with 1X PBS and
imaged with a benchtop OCT system. Image reconstruction and 3D rendering were
performed using MATLAB and percent obstruction calculated by measuring the pre- and
post-stenosed inner diameters. Lastly, cytokine markers were assessed by collecting media

effluents after 7 days of the respective culture (EC monoculture, stimulated EC
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monoculture, VSMC monoculture, stimulated VSMC monoculture, EC-VSMC co-
culture, and stimulated EC-VSMC co-culture). Effluents were analyzed for specific
cytokines using MILLIPLEX® MAP Human cytokine/chemokine magnetic bead panel
kit containing the beads tagged with specific antibodies against the target cytokines and

performed using the manufacturer’s protocol.

2.2.11 Statistical Analysis

All results are expressed as the mean = deviation (n = 3 — 5). Statistical analysis of all
quantitative data was performed via one-way ANOVA with posthoc Tukey analysis using
GraphPad Prism (v 6.01). Statistical significance is demonstrated as * = p < 0.05, ** =p

<0.01, *** =p<0.001, and **** = p < 0.0001.

2.3 Designing and Characterizing nECM Bioink

For extrusion-based additive manufacturing techniques, precursor solutions must flow
through a needle and maintain a deposited shape to fabricate programmed geometries that
accurately recapitulate the human anatomy. Shear-thinning precursors, also referred to as
pseudoplastic or thixotropic, possess non-Newtonian behavior where the solution
demonstrates a high viscosity at low-shear rates and linearly decreases upon the external
application of a force. (187-189) This behavior is vital for 3D printing applications as it
depicts the ability of a bioink to be extruded through the printing gauge (low-viscosity at
high shear), but maintain its deposited shape on the printer bed (high-viscosity at low-

shear). The incorporation of nanosilicates to polymeric precursor solutions, such as
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GelMA-PEGDA, serves as a rheological modifier due to the particle’s ability to control
interactions in a concentration-dependent manner. (190-193) Nanosilicates
(Na*o.7[(SisMgssLio.3)O20(0H)4]®"; nSi) are a two-dimensional, trioctahedral, smectite
clay nanoparticles (20-50 nm diameter; 1 — 2 nm thickness) with a dual charge distribution
(negative surface charge on the particle’s face, due to the presence of oxygen, and a
positive edge charge, due to cleaved Mg?* and Li?* in aqueous environments). This
anisotropic charge distribution facilitates interactions between the edge of one
nanoparticle and the face of another (formation of a “house-0f-cards” structure). Upon the
applications of a shear-force, this “house-of-cards” structure is easily disrupted and rapidly
reformed upon removal of external forces, motivating its use as a rheological additive.
(194, 195) Aside from particle-particle interactions, nanosilicate-polymer interactions also
occur through hydrogen bonding, ionic interactions, and electrostatic interactions. (191,
192, 196) For example, charged groups present on polymer backbones, such as GelMA,
may interact with the opposite surface/edge charge of the nanosilicate via electrostatic
interactions. (197, 198) Additionally, the hydrogen’s from the ethylene carbons of
PEGDA chains have also been shown to absorb and desorb onto the nanosilicate surface.
(199-203) Thus, the unique interactions between nanosilicate particles, nanosilicate-
GelMA, and nanosilicate-PEGDA make this combination an ideal nanocomposite to
reinforce hydrogel networks and provide rheological substance to the nano-colloidal
precursor solutions for 3D printing applications. To derive and optimize an ideal bioink
composition for 3D bioprinting, the interactions between individual constituents and their

components were investigated.
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2.3.1 GelMA and PEGDA Composite Formulation

3D printing provides a means to construct intricate geometries, commonly observed in the
vascular system, with high precision and fidelity. However, due to hydrogel’s increased
susceptibility to absorb more than 80% of its dry weight in water, geometrical accuracy
and mechanical stability can be diminished. (204, 205) To design a bioink with limited
dimensional and mechanical modifications, we evaluated the fluid-uptake and
compressive moduli of GelMA and GelMA-PEGDA composites. GelMA concentrations
ranged between 5 and 10 wt.% (increments of 2.5 wt.%), whereas the addition of PEGDA
to the matrix ranged between 1 and 5 wt.% (increments of 1 wt.%). Results obtained
suggest that the addition of PEGDA, as well as an increase in PEGDA concentration,
increased the overall fluid-uptake within the network. (Figure 2-2A) However, as the
GelMA content was increased, the opposite relationship was presented. Specifically, ratios
containing 5 wt.% GelMA demonstrated an overall larger fluid-uptake compared to ratios
containing 10 wt.% GelMA. This is hypothesized to be due to an increase in polymeric
density, leading to more polymer-polymer entanglements to reinforce and prevent fluid
infiltration in the network. Furthermore, water-swollen hydrogels demonstrated a
decreased fluid-uptake compared to those swollen in media. This is hypothesized to be

due to the inclusion of salts within the media attributing to the measured mass.
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Although fluid-uptake can be a direct measure of geometric deviations, the compressive
moduli of GeIMA and GelMA-PEGDA composites were also collected to assess the
overall impact these deviations have on the intended scaffold properties. The compressive
moduli of the hydrogels were evaluated immediately after crosslinking (T = 0) and post-
swelling in medium for 24 hours (T = 24). (Figure 2-2B) When comparing times points,
swollen networks maintained a lower modulus compared to samples tested immediately
after crosslinking. This is hypothesized to be due to an increase in fluid-uptake, causing
chain disentanglements and network expansion, thus requiring less mechanical strain to
compress the swollen network due to an increase in chain mobility. Furthermore, as the
overall polymeric mass (overall wt.%) increased, the compressive moduli of the network
increased as well, correlating to fluid-uptake results. Specifically, as the polymeric mass
increased, the fluid-uptake decreased due to additional, stronger interactions reinforcing

the polymeric networks.

The consequences of fluid uptake are also illustrated through the characterization of
GelMA-PEGDA degradation. (Figure 2-2C) As the concentration of collagenase (unity
per milliliter; U/mL) was increased, the degradation kinetics also increased. In addition,
the presence of 5 wt.% PEGDA forms a stable PEG network, which does not degrade
enzymatically, thus no mass loss was observed. Furthermore, the addition of 2.5 and 1 wt.

% PEGDA increases the swelling of the overall construct, causing increased adsorption of
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the enzymatic solution. We hypothesize that this increases the penetration of collagenase,

increasing the degradation profile compared to GeIMA controls.

Collectively from these results, 7.5 wt.% GelMA and 2.5 wt.% PEGDA demonstrated a
relatively low fluid-uptake and no significant difference between pre- and post-swelling
compressive moduli. In addition, the high concentrations of GelMA within this ratio is
hypothesized to support improved cell viability and phenotypic maintenance of vascular
cells for future studies. The addition of 2.5 wt.% PEGDA, compared to other
concentrations tested, supported the network’s stability and enables future mechanical
modulation while still allowing for enhanced tissue remodeling. Therefore, the ratio of 7.5

wt.% GelMA and 2.5 wt.% PEGDA was considered optimal and used in all future studies.
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Figure 2- 2 GeIMA and PEGDA ratio determination. A) Fluid-uptake of GeIMA-PEGDA
composite hydrogels in medium and water. Photographs on the right depict the diminished
geometrical accuracy over a 24-hour period. B) Compressive moduli were determined
immediately after hydrogel fabrication (T = 0) and after 24 hours swelling in medium (T = 24). C)
Degradation kinetics were also monitored through mass loss at various concentrations of
collagenase.

o
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2.3.2 Nanocomposite Ratio Formulation

To determine the optimum nanosilicate concentration for this nanocolloidal bioink, fluid-
uptake and compressive moduli were performed for various concentrations of
nanosilicates. (Figure 2-3A) At high concentrations (> 2 wt.% nanosilicates),
nanosilicates swollen in medium are able to form an internal “house-of-cards” structure
that limits liquid absorption into the polymeric network. On the contrary, when
nanocomposites are swollen in water, sodium ions dissociate from the surface of the
nanosilicates, increasing fluid-uptake. This is hypothesized to be due to the influence of
monovalent and divalent cations on the internal nanosilicates structure. Explicitly, in water
nanosilicates have a predominately negative charge. However, once the nanocomposite is
subjected to a solution containing ions or proteins, such as medium, nanosilicate
flocculation near the gel-solution interface occurs, driven by the formation of an electron
double layer and electrostatic interactions. Overall, the formed double layer behaves as a
protective shield, preventing significant fluid-uptake and therefore geometrical
alterations. Separately, the addition of nanosilicates to GeIMA-PEGDA also significantly
increased the overall compressive moduli compared to composites in the absence of
nanosilicates. However, similar to the trend presented in GeIMA-PEGDA composites, as
the concentration of nanosilicates, or the overall weight percent in the matrix is increased,
the compressive moduli continued to increase in a concentration-dependent manner.

(Figure 2-3A)
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Figure 2- 3 Ratio determination for nanosilicates. A) In order to determine the optimum
nanosilicate concentration, fluid-uptake and compressive moduli were performed for various
concentrations of nanosilicates. B) Rheological analysis, specifically shear-rate sweeps and peak-
hold analysis, of nanosilicate precursor solutions illustrated a concentration-dependent trend. C)
Inverted vials display the ability of different ratios to resist gravitational pull, correlating to
precursor viscosities. Upon crosslinking, particle, polymer, and polymer-particle interactions can
be visualized through hydrogel transparency over the words “Texas A&M University.”
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Although governing geometrical variations are vitally important to maintain intended,
programmed geometries, the ability of a material to be extruded through a needle and
maintain a deposited shape licenses a precursor solution to be used as an ink for 3D
bioprinting. Thus, the incorporation of nanosilicates to precursors, such as GelMA-
PEGDA, can serve as a rheological modifier due to the particle’s ability to control
interactions and order in a concentration-dependent manner.(190-193) Specifically, the
addition of nanosilicates to GelMA-PEGDA composites results in precursor solutions
ranging from low viscosity to highly ordered colloidal gels. (191) To evaluate which
concentration of nanosilicates is optimal for 3D printing, shear-rate sweep and peak-hold

analyses were performed. (Figure 2-3B)

Shear-thinning precursors possess non-Newtonian behavior where the solution
demonstrates a high viscosity at low-shear rates and linearly decreases upon the external
application of a force. (187-189) Shear-thinning materials are vital for 3D printing
applications as it depicts the ability of an ink to be extruded through the printing gauge
(low-viscosity at high shear), but maintain its deposited shape on the printer bed (high-
viscosity at low-shear). To characterize the ability of the nanocomposite to shear-thin,
rotational shear-rate sweeps were conducted on GeIMA-PEGDA composites with the
incorporation of nanosilicates (1 — 5 wt.%). All ratios presented a shear-thinning behavior,

with an overall increase in the low-shear viscosity as the particle concentration increased.
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For example, the addition of 2 wt.% nanosilicates to GeIMA-PEGDA presented a low-
shear viscosity around 102, whereas 5 wt.% nanosilicates presented a low-shear viscosity
around 10*. This is hypothesized to be due to a more densely packed “house-0f-cards”
(edge-to-face orientation) structure with increasing concentration of nanosilicates. (190,

192, 206, 207)

Although precursors must first exhibit shear-thinning (transition from a high-viscous gel
to a low-viscosity fluid), inks must also rapidly rebuild their internal structure and
recovery into a gel state once withdrawn from the printing gauge. This recovery is essential
to localize deposited filaments and limit lateral spreading or pooling on the printer bed.
To assess this recoverability, peak-hold analysis was performed, observing a material’s
change in viscosity with a change in shear rate. Overall, the incorporation of nanosilicates
greater than or equal to 2 wt.% portrayed a rapid decrease in viscosity upon the application
of a high shear rate (2985 s1), described by the easy disruption of nanosilicate electrostatic
interactions. Alleviating the high shear-stress, the nanocomposites were able to return
back to a high viscosity. However, with increasing concentrations of nanosilicates, the
time required for full recovery is decreased. Specifically, the ratio containing 2 wt.%
nanosilicates required more time to recover close to its pre-sheared viscosity compared to
5 wt.%. This is hypothesized to be due to an incomplete disruption of the internal “house-
of-cards” structure. Furthermore, solutions containing higher nanosilicate concentrations

(> 3 wt.%) have larger areas of polymer-clay interactions and thus recover at faster rates
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due to rapid agglomeration. In contrast, the composite with 1 wt.% nanosilicates did not
exhibit any recoverability due to the lack of an internal structure. This is hypothesized to
be due to no “house-0f-cards” structure formation, leading to a Newtonian fluid that is not

able to recover.

To visualize the rheological implications of nanosilicates ratios within the GelMA-
PEGDA composite, samples were prepared in vials, allowed to exfoliate for 24-hours
(form internal structure), and inverted. (Figure 2-3C) Once positioned upside-down,
GelMA, GelMA-PEGDA, and GelIMA-PEGDA-1 wt.% nanosilicates fell to the cap,
demonstrating a lack of an internal structure and viscosity upon minimal forces, such as
gravitational pull. The GelMA-PEGDA composite with 2 wt.% nanosilicates remained at
the bottom of the inverted vial, however started to drip down the sides of the vial. Ratios
containing > 3 wt.% nanosilicates remained entirely at the bottom of the inverted vial,
demonstrating the precursors’ high viscosity. In addition, to depict the interactions
between particles and nanosilicate-polymeric constituents, crosslinked hydrogels were
placed over the words “Texas A&M University,” portraying the gels transparency. The
GelMA and GelMA-PEGDA composite was slightly opaque and difficult to see through,
supporting a more crystalline structure. Upon the addition of nanosilicates (1 — 5 wt.%),

the gels become more transparent, representing a more amorphous structure.
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Taken together, these results indicate a needed balance between limited geometrical
modifications (fluid-uptake), capacity to shear-thin, and rapid recoverability for extrusion-
based 3D printing techniques. Specific to scaffold geometry, fluid-uptake of scaffolds is
restricted upon the incorporation of nanosilicates, therefore limiting loss of construct
accuracy post-printing. However, it is important to note the change in compressive moduli
with increasing nanosilicate concentrations. Due to the limited fluid-uptake being
insignificant across all ratios, rheological findings took prominence. In the shear-rate
sweep, 1 wt.% nanosilicates did not exhibit a strong shear-thinning profile or any
recoverability, thus wt.% is not suitable for 3D printing. When assessing the peak-hold
analysis, 2 and 3 wt.% nanosilicates did not portray a fast recovery time compared to
higher ratios. Such a profile would translate to lateral filament spreading and geometrical
compromises. For ease of precursor manipulation during the printing process, 4 wt.%
nanosilicates was considered optimal. Therefore, a ratio of 7.5 wt.% GelMA, 2.5 wt.%
PEGDA, and 4 wt.% nanosilicates, was considered an optimal bioink for 3D bioprinting.
When combined, this ratio is referred to as the nanoengineered extracellular matrix
(nECM) bioink, symbolizing a synthetic alternative to the ECM embedded SMCs within

the medial layer of human vessels.

2.3.3 PEGDA Molecular Weight Determination
Vascular stiffness has been shown to directly alter cell phenotype and cytoskeletal

architectures. (208, 209) Given the composition of the nECM, mechanical properties of
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the matrix can be modified without changing chemical constituents. More precisely, the
molecular weight of PEGDA can be modulated, altering the matrix’s mesh size and
therefore constructing a stiffer network. To determine the molecular weight of PEGDA to
utilize within the nECM bioink, various molecular weights were analyzed, specifically
characterizing a molecular weight of 700 g/mol, 3,400 g/mol, 8,000 g/mol, and 10,000

g/mol within the nECM bioink formulation. (Figure 2-4)

The elastic moduli and swelling ratios quantified for PEGDA molecular weights suggest
unique interactions between polymeric constituents and nanosilicates. (Figure 2-4A) It
was first hypothesized with an increase in PEGDA molecular weight, the nECM bioink
would demonstrate a decrease in the compressive moduli. However, this was not
supported by the data collected. Explicitly, a molecular weight of 8,000 g/mol increased
the matrix elasticity compared to lower molecular weights (700 and 3,400 g/mol).
Previous literature has reported possible polymeric bridging of nanosilicates, storing
accumulated strain that is then released as elastic recovery. (125, 210-212) Moreover,
the swelling ratio conducted in water demonstrated an increasing trend as the molecular
weight was increased. This supports an increasing mesh size with an increasing molecular
weight, permitting more water to infiltrate the hydrogel network. This is further supported
by the illustrations to the right of the graph, depicting changes in hydrogel diameter as the
PEGDA molecular weight is altered. However, when measured in medium, electrostatic

interactions from the nanosilicates limit network swelling. This is shown by the lack of a
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significant difference in measured ratios as well as the absence of geometrical changes in

hydrogel geometries as the molecular weight is modified.

Additionally, the rheological profiles for each molecular weight was characterized to
ensure shear thinning and recoverable characteristics. (Figure 2-4B) All molecular
weights demonstrated a shear-thinning, thixotropic behavior. Nevertheless, as the
molecular weight was increased, the zero-rate viscosity and consistency index increased.
This is hypothesized to be due to increased chain entanglements with higher molecular
weights and the difficulty to untangle these interactions upon the application of low-shear.
Furthermore, the thixotropic behavior of the nanoengineered network decreased with
decreasing PEGDA molecular weight. Compared to the pre-sheared region, the lowest
molecular weight assessed (700 g/mol) was not able to recover to the original pre-sheared
viscosity. Yet, the observed recoverability did increase as the molecular weight of the

PEGDA was increased.

From these results, an optimal molecular weight of 10,000 kDa was chosen and utilized
in the nECM bioink for all future studies due to its superior low-shear viscosity and

recovery characteristics permitting for high-fidelity printing.
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Figure 2- 4 PEGDA ratio determination. A) the molecular weight decreased, hydrogels
exhibited a stiffer network and a decrease in the fluid-uptake. B) All molecular weights
demonstrated a shear thinning behavior (n < 1) and recoverable characteristics.

2.4 Designing Bioinks with High Printability and Print Fidelity

Bioinks for 3D bioprinting must flow through a needle (printability) and maintain a
deposited shape (print fidelity) to fabricate constructs with complex geometries. In order
to demonstrate and decipher the origin of shear-thinning behavior within the nECM

bioink, shear rate sweeps were performed. (Figure 2-5A) The GelMA and PEGDA
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profiles demonstrated similar behavior, portraying constant viscosity (~ 0.02 Paes),
independent of the shear-rate being applied. Alternatively, the nanosilicates and NECM
composite demonstrated comparable shear-thinning behavior, supporting our theory that
nanosilicates are the origin of thixotropic behavior within the bioink. Explicitly, as the
shear-rate is increased, the viscosity linearly decreases due to breaking of the nanosilicates
particle-particle interactions into smaller fragments that freely move within a fluidized
carrier. (213) The generalized Power-Law Model was utilized (p = 0.9) to characterize
interactions (polymer, polymer-nanosilicate, and nanosilicate- nanosilicate) and the
degree of shear-thinning exhibited by the precursor solutions. (Equation 2-4) Particle
interactions are reflected through quantification of the consistency index (K) or the
viscosity at a shear rate of 1 s*. Upon fitting the rheological profiles to the power-law
equation, an increase in K was observed upon the addition of nanosilicate. This is
hypothesized to be due to a close-packed house-of-cards structure, where repulsion forces
are balanced with attractive forces, thus resulting in an overall increase in viscosity. The
degree of shear-thinning is illustrated through the flow behavior index (n). Specifically,
when n = 1, the solution is Newtonian, n < 1 shear-thinning, and n > 1 shear thickening.
GelMA (n = 1.04) and PEGDA (n = 1.05) presented Newtonian behavior at 37°C. Upon
the addition of nanosilicate, there was a significant decrease in n, suggesting nanosilicates
(n =0.05) is the foundation of shear-thinning behavior within the nECM (n = 0.16). With
increasing shear-rate, nanosilicates begin to orient parallel to the direction of flow due to
an imbalance between van der Waals and electrostatic forces, thus decreasing the value of

n. (212) It is suggested that due to the parallel orientation of nanosilicates during flow, the
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charged particles repel each other, therefore gliding over each other to produce a shear

thinning fluid.

T=Ky" (Equation 2-4)

The effect of addition of nanosilicates to the nECM constituents was also monitored
utilizing stress sweeps to determine the yield stress. Storage (G’) and loss moduli (G”)
were assessed at different shear stresses and the cross-over points (yield stress) are
represented by the dashed line. All Newtonian fluids demonstrated a consistent storage
and loss modulus. However, upon the addition of nanosilicates to GeIMA, PEGDA, and
their combination, a significant increase to the storage and loss moduli at stresses below
1 Pa was observed. In addition, upon the incorporation of nanosilicates, a yield stress was
able to be delineated, illustrating the material is able to flow upon the application of a

stress greater than or equal to 102 Pa.
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Figure 2- 5 nECM bioink rheological characterization. A) A shear-rate sweep of GelMA,
PEGDA, nSi, and nECM bioink precursor solutions was performed to characterize the type of
fluid the materials exhibited. When modeling the fluids with the Power-Law equation, the
consistency index increases and the flow behavior index decreases upon the addition of nSi.
However, GeIMA and PEGDA demonstrated a flow behavior index around 1, demonstrating
Newtonian-like behavior. B) The effect of nanosilicates addition to the nECM constituents was
monitored utilizing stress sweeps to determine the yield stress.
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To assess for recoverability, we have designed a peak-hold analysis to monitor the change
in viscosity of bioink as it transitions through different stages in the printing process.
(Figure 2-6A) To do this, constants defined from the Power-Law Model were applied as
an input within the Rabinowitsch equation (Equation 2-5), where Q is the volumetric flow
rate and R is the radius to which the material is confined (i.e. extruder, needle gauge,
printer bed), and n is the flow behavior index (defined in Equation 2-4). Bioinks were first
exposed to a low-shear rate (3.02 s), resembling the shear being within the extruder. After
one minute, samples were exposed to high-shear rates (23,000 s*) for 10 s, depicting the
needle gauge, followed by a low-shear rate (0.01 s) for 2 minutes, representing the shear
experienced on the printer-bed after deposition. The results support the Newtonian nature
of GelMA and PEGDA, limiting their use for 3D printing. However, the shear-thinning
behavior exhibited upon the addition of nanosilicates to GelMA-PEGDA composites
allows for rapid rebuilding of the internal structure within the bioink, permitting for shape

retention of the extrudate on the printing bed.

. 3n+1 | 4Q
4n TR3

(Equation 2-5)

These shear-thinning and recoverable properties exhibited by the nECM bioink are
hypothesized to shield encapsulated cells from damaging shear stresses during extrusion.
(203, 214, 215) Utilizing the Power-Law Model constants, ANSYS fluidic modeling was
used to predict the wall shear stress within different regions of the extruder (barrel,
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connector, and needle gauge). (Figure 2-6B) The velocity profile at the printing gauge
exhibits a plug-like flow, demonstrating material extrusion first from the center of the
gauge and subsequently outwards. It is hypothesized that this velocity profile provides
protection to encapsulated cells, shielding them from damaging shear stresses. To validate
these results, stress-sweeps were performed to calculate the stress required to cause
yielding of the material through the extruder. (Figure 2-6C) The results obtained confirm
the ANSYS model recapitulates the stresses exposed to the nECM during the printing
process. Specifically, the stresses exhibited in the ANSYS model (4208 Pa) exceeded
those measured in the stress sweeps (178 Pa), demonstrating at these regions of the
extruder, the material yields through the gauge and is deposited. In addition, the stress-
sweeps performed demonstrates the addition of nanosilicates increases the yield stress
needed for extrusion. (Figure 2-5B) For example, the Newtonian nature of the GelMA,
PEGDA, and GelMA-PEGDA solutions causes negligible yield stresses, limiting control
over the extruded volume. However, solutions with nanosilicates exhibit higher yield
stresses, thus providing more control over the volume being deposited and therefore

improving print fidelity of bioink.

The flow behavior described above demonstrates the ability of the bioink to be extruded,
however to fabricate intricate geometries, such as a blood vessel, bioinks must be able to
support deposition of subsequent layers without compromising the shape. Thus, bioinks

must be able to bridge over gaps without support material present. When printing GelMA,
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PEGDA, and GeIMA-PEGDA across a gap of varying lengths, the material pools along
the surface, demonstrating the lack of any shape retention. However, upon addition of
nanosilicates, the nECM bioink is able to bridge a gap up to 5 mm in distance, illustrating

the potential of the NnECM to print complex. (Figure 2-6D)

Although self-support is essential to produce anatomically accurate vasculature, bridging
needs to be taken into consideration along with line fidelity and infill densities. Currently,
print fidelity is most commonly characterized through straight-lines, comparing the
measured thickness of the line with the needle gauge diameter and printing
parameters.(131, 216, 217) However, physiological structures do not exist in straight
geometries, consequently multiple parameters, such as bridging, line deposition, and infill
densities should be holistically characterized together. This can be accounted for through
fidelity ratio quantification, defined as the ratio of the programmed or theoretical void area
(A7) to the actual void area of the print (Aa) (see method section for details). The results
show high print fidelity ratio (Aa/At > 0.8) for low infill densities, which is utilized to
print hollow geometries, such as vascular models. (Figure 2-6E) With an increased infill

density, the print fidelity ratio decreases.

Post-printing, the nECM bioink is cross-linked via exposure to UV light, locking the
structure into the deposited shape through covalent bonds between the acrylate groups on

the PEGDA and GelMA. To verify nanosilicates do not impede this bonding and that
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printing stresses do not disrupt the polymer’s chemical structures, a time sweep was
performed, measuring the storage modulus upon UV exposure after 30 s. (Figure 2-6F)
All materials containing GelMA, PEGDA, or their combination exhibited an increase in
the storage modulus after exposure to UV light. This increase corresponds to a rise in the
material’s elastic response, therefore supporting the occurrence of crosslinking. However,
as expected, nanosilicates independently did not illustrate any change in the storage
modulus, translating to no crosslinking. Thus, nanosilicates can be extruded and printed
into complex shapes, but cannot be fixed into a stable construct that can be manipulated.
However, when combined in the nECM, nanosilicates provide necessary rheological
properties to deposit bioinks into complex geometries, while subsequent crosslinking of
GelMA and PEGDA provide mechanical stability under physiological conditions. (Figure
2-6G) Overall, this nECM bioink permits direct extrusion of mechanically resilient, shear-

thinning, and recoverable bioinks for the deposition of high-fidelity constructs.
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Figure 2- 6 Rheological and biophysical characterization of nECM bioink. A) Utilizing the
flow-behavior index and consistency index, shear-rates are defined for specific locations within
the printing process, represented by the dotted line corresponding to the right y-axis. When applied
to GelMA and GelMA/PEGDA, the viscosity (left y-axis) remains below 1 Pa-s. However, when
applied to the nECM, the bioink remains viscous when in the extruder, while rapid decreases when
flowing through the needle gauge, permitting for extrusion. Post-extrusion, the extrudate rapidly
recovers a high viscosity, permitting for shape-retention when deposited onto the printing bed. B)
Rheological modeling of the NnECM behavior throughout the printing process demonstrates a plug
like flow, with the wall shear stress highest at the walls. C) A stress sweep validates the rheological
modeling presented in B. D) The nECM is able to bridge a gap, up to a length of 5 mm, without
any supporting structures, demonstrating the bioinks ability to support itself. E) Fidelity ratio is
dependent on the infill density of printed lattice networks. Vascular assemblies, containing no

76



infill density due to their hollow nature, present a fidelity ratio ~1 (ideal match) and thus supports
enhanced reliability of the optimized nECM formulation to construct programmed scaffolds. F)
Time-sweep with exposure to UV light after 30 seconds demonstrates that the addition of
nanosilicates does not impede covalent crosslinking of polymer precursor solutions post-printing
and significantly increases the storage of the storage modulus compared to the bioinks
constituents. G) Manipulations of printed structures after curing via tension, compression, fluid
retention, and adsorption validate the mechanical integrity of the printed nECM constructs.

2.5 Bioprinting nECM Conserves the Phenotype of Vascular Endothelial Cells and
Smooth Muscle Cells

Introducing cells within the bioink can alter interactions between bioink components,
affecting both the rheological properties and extrusion process. (Figure 2-7A) To ensure
that the encapsulation of VSMCs within the nECM bioink does not affect printing
parameters and construct fidelity, different densities of VSMCs (0.5-10 million/mL) were
incorporated into the nECM bioink and the rheological characteristics assessed. (Figure
2-7B) Interestingly, as the cell density was increased, the consistence index (K) decreased
correspondingly. This is hypothesized to be due to the disruption of polymer-polymer and
polymer-nanosilicates interactions due to the presence of cells. However, even though a
decrease in K was observed, all densities maintained a shear-thinning, thixotropic behavior
(n < 1); thus all densities can be used for 3D bioprinting applications. Utilizing a cell
density of 2.5 million VSMCs per milliliter, cells maintained a high viability post-
extrusion as well as demonstrated an increase in cell spreading and elongation between

days 1, 3, and 7. (Figure 2-7C)
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Figure 2- 7 3D Bioprinting using NECM bioink. A) Schematic illustrating VSMC encapsulation
and extrusion for 3D bioprinting. B) All cell densities encapsulated within the nECM maintained
a high low-shear viscosity, shear thinning profile (flow behavior index < 1), and recoverability
optimal for 3D bioprinting. However, as the encapsulation density was increased, the consistency
index decreased in a logarithmic manner. C) Directly after extrusion, VSMCs maintained a high
cell viability, illustrating an increase in magnification from left to right (top row). After
crosslinking the nECM, encapsulated VSMCs demonstrate an increase in spreading and elongation
between days 1, 3, and 7 (bottom row).

Day 3

Aside from cells affecting material interactions, cells are sensitive and can be affected by
a multitude of environmental factors, such as material constituents and shear forces within
the 3D bioprinting process, that can have a major impact on cellular viability and
phenotypic maintenance. To assess these variables, ECs and VSMCs were monitored for
30 days, demonstrating long-term maintenance of metabolic activity, independent of the
fabrication technique being used (i.e. seeding, encapsulating, printing). (Figure 2-8A)
Relative to day 1, we observed an increase in metabolic activity, demonstrating vascular

cell proliferation when interacting with the nECM bioink. This was further confirmed
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through live cell analysis of the VSMCs on days 1, 7, and 30 (Figure 2-8B). In addition,
cell viability and phenotypic maintenance (ECs: vascular endothelial-cadherin, VE-
cadherin; VSMCs: a - smooth muscle actin, a - SMA) were assessed on days 1, 3, and 7.
(Figure 2-8C and 2-8D) Both cell types demonstrated a high viability (> 80%) as well as
an increase in proliferation over time. Phenotypic maintenance was also validated using
quantitative real-time polymerase chain reaction (QRT-PCR), demonstrating no significant
difference in cell-specific markers (ECs: VE-cadherin, VWF, and eNOS; VSMCs:
ACTAZ2, CNN1, and TAGLN) between nECM bioink and TCPS controls. Therefore, the
nECM bioink is able to maintain construct integrity and deposition fidelity upon cell
encapsulation, independent of the cell density being used, as well as support improved

biocompatibility (i.e. cellular viability and phenotypic maintenance).
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Figure 2- 8 Vascular cell metabolic activity, viability and phenotypic maintenance of
vascular cells. A) Long-term metabolic activity was maintained up to 30 days when normalized
to a TCPS control. Normalizing to Day 1, demonstrated an increase in metabolic activity
independent of the fabrication technique being used, correlating to cellular proliferation. B) Cells
imaged via cell tracker show increase in proliferation between days 1 and 30. C) ECs and D)
VSMCs demonstrate a high viability (> 80 %) and increase in cell number from Day 1 to Day 7.
In addition, both C) ECs and D) SMCs maintain a healthy phenotype as illustrated in
immunohistochemistry staining on days 1, 3, and 7 as well as verified with gRT-PCR on day 7,
showing no significant difference when compared to tissue culture polystyrene controls.

2.6 3D Bioprinting Anatomically Sized Vascular Structures

Current vascular models are not able to accurately recapitulate human vascular anatomy,
thus much needed localization and interactions between EC-VSMC communication
observed in native-like microenvironment is needed. Utilizing a 3D bioprinting approach
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with our nECM bioink, VSMCs can be extruded into cylindrical constructs, localizing
VSMCs within the nECM bioink to form a living medial layer. Next, ECs can then be
seeded on the extruded geometry, forming a confluent monolayer that recapitulates the
vascular lumen. Both cells were combined and localization of seeded ECs and VSMCs

embedded within the nECM were verified to establish a co-culture model. (Figure 2-9A)

To recapitulate the intima and tunica media layers of human vasculature, both cells were
combined and localized through seeding of ECs and encapsulation of VSMCs within the
nECM, establishing a co-culture model. (Figure 2-9A) En Face is currently a technique
used to characterize and image harvested vascular conduits in vivo. (218, 219)
Specifically, conduits are cut into two independent specimen that are laid flat between two
glass slides for further analysis. Employing this technique to our 3D bioprinted vascular
model, VSMCs (green) are shown to be evenly distributed throughout the nECM in 3D
(dispersed along the z-axis), while ECs (red) are shown to make a confluent, 2D
monolayer on the nEMC (localized on the X, y- plane) (Figure 2-9B) This data illustrates
the ability of our nECM bioink to fabricate constructs with living EC and VSMC co-
culture, providing a tool to create anatomically accurate architectures innate to human

blood vessels.
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Figure 2- 9 3D bioprinted vascular model. A) Depiction of the method used to fabricate the 3D
bioprinted vascular model with EC and VSMC co-culture. Staining with different colors of cell
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tracker, EC-VSMC co-culture is depicted with spatial-temporal control to recapitulate the structure
of native human vasculature. B) Schematic illustrating the En Face characterization technique,
including cutting the model into two independent samples for cell localization verification.
Staining with cell tracker, ECs are shown to be localized on the top surface (x,y-plane) and VSMCs
localized in 3D (z-plane).

2.7 3D Bioprinted Blood Vessels Mimic Thromboinflammatory Outcomes

Next, we set out to determine if this 3D bioprinted vessel is able to recapitulate the
geometry and obstruction observed in native human vessels. To achieve this, utilizing
optical coherence tomography (OCT), we imaged a left anterior descending artery and
compared it to a fabricated 3D bioprinted vessel with no endothelium present. (Figure 2-
10A) After clotting overnight, no significant difference was observed in percent
obstruction between the human artery and our 3D bioprinted model. Furthermore, we also
wanted to assess whether the fabricated model is able to accurately mimic vascular
thromboinflammatory responses upon endothelium activation through cytokine-induced
injury. To do this, we stimulated 3D bioprinted vessels with TNF-a and hypothesized that,
like in vivo or in other physio-mimetic in vitro models (220, 221), we would observe
disruption in barrier function and blood clotting in a dose-dependent manner. (Figure 2-
10B) Utilizing OCT, untreated bioprinted vessels perfused with blood, revealed no
obstruction of the vessel, mimicking a healthy vascular lumen (0.07 £ 0.02 % obstruction,
Figure 2-10B). On the contrary, when no endothelium was formed and blood was
perfused through only the nECM (red), significant clotting (yellow) was observed,
demonstrating 32 + 8 % obstruction. Given the difference in refractive index between the

nECM and clotted blood, clot formation can further be validated by the average intensity
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differences presented before and after clotting. Specifically, before clotting, no significant
difference was reflected in the average intensity between the two groups. However, after
clotting, a significant difference in average intensity was observed and directly correlated
to the presence of blood. Explicitly, higher intensities are presented with no endothelium
(25 £ 2 a.u) and lower intensities with a confluent endothelium (16 + 3 a.u), when

compared to the baseline average intensity of the nECM itself (10 £ 1 a.u).
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Figure 2- 10 Functional validation of 3D bioprinted vascular model. A) Optical Coherence
Tomography (OCT) is used to determine obstruction of the lumen following blood perfusion,
demonstrating the formation of diseased model. Comparing a clotted human left anterior
descending artery to the occluded bioprinted vascular model (no endothelium), similar geometries
are achieved and no significant difference in obstruction is observed after 12 hours of clotting. B)
OCT of a 3D printed (no endothelium) and 3D printed (confluent endothelium) was performed in
pre- and post-stenosed models. When no endothelium was present, a significant amount of clotting
is depicted, increasing the percent obstruction as compared to when a confluent endothelium is
present. Comparing the average intensities between groups demonstrated a significant increase,
further supporting clotting formation. C) To exemplify dose-dependent sensitivity, static clotting
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experiments were performed. With no lumen formation (GelMA, GelMA+PEGDA, nECM,
Encapsulted VSMCs, Encapsulted VSMCs with 5 ng/mL TNF-a, and Encapsulted VSMCs with
10 ng/mL TNF-a), there was a significant increase in area coverage after 7 minutes. However upon
the addition of ECs, the area coverage significantly decreases and demonstrates a dose-dependent
effect on percent area coverage with TNF-o stimulation.

Subsequently, additional experimentation revealed that after 7 minutes of blood exposure,
high clotting coverage was observed for GelMA (97 + 2 %), GelMA/PEGDA (96 + 3.5
%), and the nECM (96 = 3 %). (Figure 2-10C) However, the presence of a confluent EC
layer resulted in a significant reduction in clotting coverage (50 + 4 %). When ECs
cultured on the nECM were treated with 5 and 10 ng/mL of TNF-a for 18 hours, a dose-
dependent trend was observed. Explicitly, ECs treated with 5 ng/mL exhibited regions of
disrupted barrier function, causing an increase in clotting and therefore percent coverage
(68 £ 3.5 %). When ECs are treated with a higher dose of TNF-a (10 ng/mL), the barrier
function is further compromised compared to the 5 ng/mL dosage. Correspondingly, this
leads to further clotting as measured through percent coverage (84 = 3 %). Next, clotting
coverage of encapsulated VSMCs in the absence of an endothelium was evaluated. A high
clotting coverage was observed in encapsulated VSMCs after 7 minutes of blood
exposure, irrespective of the TNF-a dosage delivered. (VSMCs: 83 * 4 %; VSMCs with
5 ng/mL TNF- o: 86 £ 5 %; VSMCs with 10 ng/mL of TNF- a: 92 + 4%) This is
hypothesized to due to the absence of a confluent lumen, correlating to similar to results
observed on GelMA, GelMA + PEGDA, and nECM bioink controls. Nonetheless, upon
the incorporation of lumenal ECs on encapsulated VSMCs, fabricating a co-culture model,

a significantly altered clotting phenomena was observed. Specifically, a significant
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reduction in clotting coverage was observed upon co-culturing ECs and VSMCs compared
to relative individual cultures (22 £ 7%), suggesting cellular cross-talk and communication
within the 3D printed model. It is hypothesized that EC-VSMC communication modifies
EC expression of inflammatory markers and potentially alters cellular phenotype. (222,
223) For example, it has been shown that in the presence of VSMCs, ECs adhere slower
and present a less thrombotic phenotype. (224-226) Inclusively, this demonstrates the
ability of this 3D bioprinted vascular model to recapitulate responses of vascular activation
and blood perfusion, which has currently only been demonstrated in animal models or

microfluidic organ-on-chips, but not in 3D printed vessel of a large cylindrical anatomy.

To further assess for EC-VSMC communication, we compared a stimulated 3D bioprinted
model (10 ng/mL TNF-a) to a control, healthy EC-VSMC co-culture model, specifically
assessing for EC barrier disruption (Figure 2-11A, B). EC monoculture demonstrated
exposure of the underlying nECM bioink, as depicted by white arrows in the figure. This
exposure is further increased upon TNF-a stimulation. This observation supports the
hypothesis that stimulation disrupts the EC barrier function, leading to the increased
clotting coverage previously observed. However, upon co-culturing VSMCs and ECs
within the vascular model, ECs form a confluent monolayer on the nECM surface with
tight VE-cadherin junction formed. Upon stimulating this co-culture model with TNF-a,
VE-cadherin staining is decreased, however the confluent EC monolayer is conserved and
inhibit exposure of the underlying nECM bioink to blood. Furthermore, ECs without

stimulation in both mono- and co-culture systems did not demonstrate any form of
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alignment, however upon exposure to 10 ng/mL of TNF-a, an increase in cellular
alignment was observed along the 30 — 60° direction. We hypothesize this observation to
be due to the endothelium attempting to recover from the inflamed response. In addition,
ECs mono-culture demonstrated an increase in inflammatory markers, specifically
interleukin-8 (IL-8), interleukin-6 (IL-6), interleukin-1f (IL-1B), and monocyte
chemoattractant protein-1 (MCP-1) (Figure 2-11C). 3D bioprinted VSMCs cultured
independently significantly decreased the inflammatory response in comparison to EC
monoculture. This decrease in inflammatory markers was also observed in co-culturing of
VSMCs and ECs together, supporting previous results of VSMCs promoting a less
thrombotic EC phenotype.(224, 225, 227) In addition, the presence of VSMCs also
significantly increased the expression of vascular endothelial growth factor (VEGF). This

increase is hypothesized to promote re-endothelialization of the exposed surface.(228)
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Figure 2-11 Vascular cell communication. A) Schematic demonstrating clotting formation with
a TNF-a stimulated endothelium. TNF-a disrupts EC barrier function, initiating clotting. B) EC
monoculture demonstrates exposure of the underlying matrix (white arrows), yet the area of
exposed NECM bioink is increased upon TNF-a stimulation. Upon co-culture, a healthy, confluent
monolayer is formed with VE-Cadherin junctions connecting the ECs. Upon stimulation, VE-
Cadherin is decreased, however a confluent monolayer of ECs is still present. Upon stimulation,
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ECs tend to align, demonstrating an increased alignment along 30 — 60° direction. C) Co-Culturing
of ECs and VSMCs modified EC expression, resulting in a reduction of inflammatory markers IL-
8, IL-6, IL-1B , and MCP-1 as well as increases VEGF expression, motivating a more
atheroprotective phenotype.

2.8 Conclusion

In summary, we report a 3D bioprinted nECM for the fabrication of a blood vessel that
offers improved mechanical properties, print fidelity, long-term co-culture of vascular ECs
and VSMCs, response to cytokine-induced injury, and increased clotting in a dose
dependent manner. Overall, this engineered vascular model confirms the unique ability of
3D bioprinting of the developed nECM to fabricate anatomically accurate structures that
can recapitulate human in vivo conditions. Fundamentally, this work will be an invaluable
tool to evaluate vascular diseases pathophysiology and assess interventions to accelerate

therapeutic development.
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3. FUTURE RECOMMENDATIONS

Despite the growing clinical burden of cardiovascular disease, drug advancements have
become stagnated over the past 20 years, experiencing the strongest reduction of 4.57%.
(229) The decrease in cardiovascular therapeutic development is attributed to the lack of
efficiency when converting promising remedies into approved and marketed
interventions, specifically due to the discrepancy between in vitro and in vivo studies.
(230) Thus, there is a strong need for renovating current methodologies to minimize this
gap and improve upon the translatability between in vitro and in vivo techniques to

accurately reflect upon human pathophysiology.

Advancements within tissue engineering, specifically material development and additive
manufacturing techniques, have provided innovative solutions to replicate vasculature,
with the innate ability to grow and remodel in vitro for the use of vascular grafting
applications. (215, 231-235) 3D bioprinting, a subclass of fused deposition modeling or
extrusion printing, is capable of producing heterogeneous, tissue-shaped constructs in a
layer-by-layer fashion with embedded cells, demonstrating enormous promise to
recapitulate the native, multi-cellular vascular anatomy. In our studies, a nECM bioink
was fabricated and characterized to understand and translate material-material as well as
material-cell interactions for bioprinting applications. The designed nECM bioink enabled

construction of a vascular platform to investigate human pathophysiology, specifically
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vascular thromboinflammation due to cytokine injury. While the studies presented provide
strong evidence for the use of this bioink and fabrication technique to serve as a modeling
platform, the present work also demonstrates future opportunities to further investigate

and recapitulate vascular anatomy and pathophysiology.

One challenge in the design of vascular models is the diversity and abundance of cell types
involved, such as ECs, VSMCs, fibroblasts, monocytes, and blood cells. While we
examined ECs and VSMCs to mimic the intima and tunica media layers, fabricating a tri-
layered tissue with fibroblasts to recapitulate the adventitia layer would provide a more
accurate representation of the vascular anatomy and therefore would demonstrate a more
cohesive understanding of cellular cross-talk upon cytokine injury. Explicitly, the
inclusion of an adventitia layer would more accurately portray native human physiology
and aid in the regulation of a healthy phenotype (regulation, extravasation, or
intravasation). (7, 8) In addition to including a third layer, variations in polymeric
molecular weight (PEGDA) and ratios will potentially influence the mechanical properties

of the vascular model, providing a potential platform to investigate vascular aging.

Bridging fields, such as engineering disciplines and biology, enables a holistic and broader
understanding of critical aspects of vascular disease development and progression. While,
most 3D printing research in the field of biomedical engineering only extends to live/dead
or metabolic activity assays, we performed a more extensive analysis, demonstrating an

in-depth characterization and assessment of our system to better serve as a model platform.
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Future work could further incorporate other biological and bioinformatics techniques,
such as RNA-sequencing, proteomics, and metabolomics. Incorporation of such methods
would provide a more comprehensive and cohesive picture of the fabricated system. By
assessing multiple levels of molecular mechanisms, we can better understand and predict
vascular cell communication and cross-talk to define specific target genes and aid in the

design of next-generation therapeutic interventions.

Emerging physiological accuracy and therefore complexity motivates the need to expand
polymeric bioinks and fabrication techniques to more accurately reflect upon the human
anatomy. Current systems, such as extrusion-based printing and micro-physiological
organ-on-a-chip techniques, are widely studied for disease modeling applications.
However, future endeavors should aim to more accurately portray the human anatomy and
therefore pathophysiology. For example, micro-physiological organ-on-a-chip systems
should incorporate more complex material designs and fabrication techniques rather than
bulk PDMS or PDMS porous membranes to better resemble the native human ECM. In
addition, 3D bioprinting should examine sacrificial printing techniques or multi-material

printing techniques to fabricate more complex, anatomically-accurate geometries.
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4. CONCLUSION

Through this work, we have demonstrated the ability to combine 3D printing methods,
advanced material design, multifaceted imaging techniques, and standard biological
procedures to design an improved vascular disease model. In particular, we have (a)
introduced a novel material design to engineer a high viscosity, shear-thinning, and
recoverable bioink to enable printing of 3D architectures, (b) demonstrated the ability to
construct programmable, multi-cellular architectures to model complex biological events,
such as thromboinflammation, and (c) established a new platform to recapitulate and

assess human vascular structure, anatomy, and pathophysiology.

First, we characterized the fundamental interactions of bioink constituents (GelMA,
PEGDA, nanosilciates) and their combinations to derive and optimize an ideal
composition for 3D bioprinting. The addition of nanosilicates to GeIMA + PEGDA
composites yields a shear-thinning and recoverable precursor solution in a concentration-
dependent manner. With the optimal nECM bioink formulation deduced, printing integrity
was thoroughly characterized to fabricate anatomically accurate vascular constructs that

can be manipulated post-extrusion.

Subsequently, in vitro cytocompatibility of ECs and VSMCs with the designed nECM was

determined, demonstrating long-term maintenance of metabolic activity, viability, and
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phenotype of vascular cells. Furthermore, the rheological behavior of bioinks was
conserved upon the encapsulation of VSMCs, regardless of the cell encapsulation density
used. This flow profile protects cells from high shear forces during the bioprinting process
and enables localization of cell types with high print fidelity, mimicking the vessel’s
macro- and micro-architectures. Overall, the nECM bioink is able to construct vessels with
spatial-temporal control by bioprinting VSMC and seeding ECs, enabling fabrication of a

multicellular vascular model.

Lastly, we validated the 3D bioprinted model’s ability to recapitulate native vascular
phenomena. This was illustrated by stimulating ECs with TNF-a, disrupting EC barrier
function and thus inducing clotting formation. Applying standard clinical techniques,
Optical Coherence Tomography (OCT) was used to gain a microstructural understanding
of plaques formed within the printed lumen. Furthermore, TNF-o stimulation did not
demonstrate any effect on VSMC. However, upon co-culture between both ECs and
VSMCs, a significant reduction of clotting was observed, thus suggesting EC-SMC

communication within the modeling system to prompt a thrombo-protective phenotype.

Taken together, the designed, fabricated, and assessed vascular model serves as a potential
tool to investigate vascular disease pathophysiology. These works present significant
advances in understanding nanocolloidal composite interactions and their use as a bioink.
In particular, examination of bioink flow properties in combination with print fidelity

characterization is essential to precisely deposit the printing extrudate and support itself
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into a 3D construct. Precursor flow behavior and printing parameters govern the overall
quality of the fabricated 3D scaffold; thus, establishing a cohesive understanding of these
variables governs the precision and translatability of the extrudate to form intended
geometries. Nevertheless, bioinks are defined as materials or carriers to deliver cells, yet
still fulfill the rheological requirements of traditional inks.(236) Cells vary in size, charge,
and surface markers, depending on the cell type and source. Thus, introducing cells, such
as VSMCs, can have an overall effect on polymeric interactions within the bioink,
affecting both the rheological properties and extrusion process as well. Accordingly,
characterization methods performed to understand flow and printing properties should be
extended to the combination of cells and materials, recognizing the consequences of cell

encapsulation on the bioink’s rheological profile and platform fidelity.

Fundamentally, these works demonstrate the use of 3D bioprinting to engineer and
fabricate 3D vascular models and investigate biological processes (e.g. tissue
development, regeneration, and disease progression) as well as assess the safety/efficacy

of biochemical agents (e.g. therapeutic development).
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APPENDIX A

Encapsulated VSMCs

20 sec. 40 sec. 60 sec. 120 sec.

Day 1

Day 7

-
.
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Figure A- 1 UV duration for encapsulated VSMCs. VSMCs were encapsulated in the
nNECM bioink (7.5 wt.% GelMA, 2.5 wt.% PEGDA, and 4 wt.% nSi) and exposed to UV
light (7 mW/cm?) for varied times (20, 40, 60 and 120 sec.). At Day 1 and Day 7, cells
were stained for F-Actin to illustrate cellular spreading. For all experiments, a time of 60
sec. was utilized to obtain a homogenously crosslinked hydrogel that was able to
elucidate cellular spreading after 7 days.
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A) ECs
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Figure A- 2 Live/Dead Bioink Constituents. Live/Dead assays were conducted on
GelMA, GelMA + PEGDA, and GelMA + PEGDA with 1, 2, 3, or 4 wt.% nanosilicates
to illustrate the viability of A) ECs and B) VSMCs. For all ECs and VSMCs, a high cell
viability (>80 %) was demonstrated across all time points. In addition, an increase in
viable cells was illustrated from days 1, 3, and 7, correlating to cellular proliferation.
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Figure A- 3 RNA Extraction. A) RNA was extracted from seeded ECs after 3 days. i.
Prior to RNA extraction, the number of cells were determined and the amount of RNA
(ng) per cell determined. When seeding on a hydrogel, there is a significant reduction in
RNA collected per cell compared to TCPS controls. In addition, upon the addition of
nSi, a significant reduction of RNA collected per cell is observed as the concentration of
nanosilicate is increased as well as when compared to GelMA controls. ii. RNA purity
was assessed by investigating the 260:280 ratio. Upon the addition of nSi, a larger
standard deviation was observed as well as a reduction in RNA purity as the
concentration of nanosilicate was increased. B) i. Total amount of RNA collected (ug)
for PCR experiments conducted. TCPS controls, or plate, presented a significant
increase in total amount of RNA collected compared to RNA extracted from nECM
bioink. ii. RNA-purity for samples extracted for PCR did not demonstrate a significant
different in between TCPS or plate controls and nECM bioink.
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Figure A- 4 Determining EC-VSMC Media Ratios. The normalized metabolic activity
of EC and VSCMs on days 1, 3, and 7 when cultured on TCPS under various ratios of
EC and VSMC medium (100:0, 75:25, 50:50, 25:75, 0:100 EC:VSMC media For all co-
culture conducted, a ratio of 50:50 EC:SMC media was used due to preservation of
VSMC metabolic activity across all time points assessed in addition to an increase in
metabolic activity over time for ECs.
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