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Abstract
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Ying Zheng, Ph.D., Assistant Professor
Department of Bioengineering

Engineered cardiovascular tissues are at the forefront of regenerative medicine
research and have the potential to redefine the treatment of heart disease in the United
States and worldwide. There are many challenges associated with tissue engineering
such as mimicking native structure, pre-vascularization, tissue maturation, and
functional integration with the host. The following dissertation addresses many of these
challenges, with a particular focus on improving vascularization methods and promoting
host integration following in vivo transplantation.

Pre-vascularization of engineered

cardiac constructs is essential for the survival of the tissue, but requires precise control
of structural and geometric features which is technically very challenging. Here, we
engineered cardiac constructs with patterned vasculature by optimizing cardiomyocyte

culture conditions for compatibility with our previously established method to fabricate
3D perfusable microvessels in native collagen matrix. While collagen-based cardiac
constructs have previously been generated in our lab and in others, we found that
human stem cell derived cardiomyocytes are unable to form functional constructs in
dense collagen matrix, which is required to maintain vessel patency during fabrication.
However, when co-cultured with matrix-remodeling stromal cells, we observed
synchronous electrical wave propagation, force generating contractions, and markedly
improved cellular maturation as well as uniaxial alignment. With these co-culture
conditions in dense collagen, we were able to incorporate patterned endothelialized
channels and generated pre-vascularized cardiac tissue constructs. This work
represented an important achievement, but looking forward, tissue engineering
strategies will ultimately require efficient host integration to have therapeutic success.
Additionally, the ability to generate all of the required cell types (i.e. cardiomyocytes,
stromal cells, and endothelial cells) from a single cell source would be more suitable for
clinical applications by enabling patient-specific or autologous construct formation with
human induced pluripotent stem cell technology. Towards this end, we generated
human stem cell derived endothelial cells (hESC-ECs) and characterized them both in
vitro and in vivo. hESC-ECs were used to make engineered microvessels and were
found to retain structural and functional characteristics of mature endothelial cells,
including patent lumen formation with intact junctions and non-thrombogenic blood
interactions. To determine whether our pre-patterned and perfusable hESC-EC vascular
networks were able to improve host integration following in vivo implantation, we
developed a novel method to image vascular perfusion ex vivo of grafts implanted on

injured rat myocardium for five days. Compared to unpatterned controls, patterned
vascular networks showed improved vascular perfusion dynamics with flow velocities
comparable to those in healthy myocardial regions. To our knowledge, this was the first
demonstration of improved graft perfusion through the use of patterned vasculature in
the heart. Taken together, this research demonstrated the successful use of a patterned
vascular system for the generation of pre-vascularized cardiac constructs and for
improved graft perfusion dynamics. Collectively, this work has many implications in the
field of cardiovascular tissue engineering with particular regard to maintaining cardiac
structure during vascular incorporation, host integration strategies, and perfusion
assessment methods.
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Chapter 1.
Introduction
The field of cardiovascular tissue engineering aims to address the burgeoning health
problem of heart failure which continues to be the leading cause of death worldwide.
Over the years, significant technological advancements have been made towards
understanding how to culture heart muscle cells (cardiomyocytes) in 3D to generate
contractile tissues with the potential to replace damaged heart muscle. The therapeutic
application of engineered cardiac tissues, however, remains out of reach due to the
challenging nature of reproducing the complex structure and function of the heart in a
dish.

In

addition

to

the

organization

and

electromechanical

integration

of

cardiomyocytes, incorporation of a functional vascular component is essential but has
proven to be quite challenging, due in part to fabrication limitations as well an
incomplete understanding of the biochemical cues and physical forces that guide
vascular development. The following introduction reviews the structure, function, and
developmental origins of the coronary vasculature and associated endothelial cells
followed by a review of ischemic heart disease, current myocardial regenerative
approaches, and tissue vascularization techniques.

1.1 Coronary Vasculature
The heart is one of the most metabolically demanding organs in the body

1

and as such

contains an extensive vascular network to maintain its viability. Nearly every heart
muscle cell (cardiomyocyte) is in direct contact with one or more capillaries in order to
provide sufficient oxygen and nutrients

2,3

. In fact, the number of endothelial cells in the

2

native myocardium outnumbers cardiomyocytes three to one 4. The myocardium itself
is highly organized with dense unidirectional myofibril alignment and correspondingly
dense vasculature that parallels the alignment within the myocardium (Fig 1.1) 2. This
structure is essential to sustain the heart muscle, which must pump continuously
throughout a lifetime. Coronary physiology and pathophysiology has substantial impact
on myocardial function during development and in the adult heart, and is therefore an
essential aspect of heart disease and heart regeneration that must be considered.
The coronary vasculature is a network of arteries, capillaries, and veins that
provides direct nutrient and oxygen supply to the myocardium. Coronaries originate
from the root of the aorta and branch into two main conduits, the right coronary artery
and the left coronary artery 5. Additional branches extend from these main arteries and
fully encompass the left and right epicardial surfaces, while further subdivisions into
major arteries and expansive capillary beds penetrate the myocardium and flank nearly
every myocyte within the compact ventricles 5. Venous return of deoxygenated blood
occurs through coronary veins that collectively merge into the coronary sinus which then
Figure 1.1 – Myocardial
structure and coronary
vasculature. Left: Adapted
from Hsieh et, al. Ann Rev
Physio 2006 2. Right:
Immunofluorescent
confocal image of fetal
human heart.

returns blood directly to the right atrium 5. The precise patterning and hierarchical
division of coronary vessels is a fundamental event that occurs during embryonic
development of the heart 5. Although there is considerable variation in the exact

3

structure and pattern of the coronary arteries within the human population,
misregulation during development that leads to improper coronary vessel formation and
5

patterning has vast implications in myocardial structure and function

. While

vasculogenic mechanisms and their driving signaling pathways in other developing
organs have been extensively studied, the origins of coronary vessels and the
mechanisms driving their specification and patterning remain to be fully elucidated with
much associated debate and controversy.
Lineage tracing experiments in mice embryos and in chick-quail chimera
embryos established the view that coronary arteries arise from migrating epicardial cells
that undergo epicardial to mesenchyme transition (EMT), and later differentiate into
vascular endothelial cells, smooth muscle cells, and fibroblasts

6–9

. Mesoderm derived

epithelial cells that originate from the proepicardial organ, an outgrowth of the dorsal
body wall independent of the primitive looped heart tube, are thought to migrate towards
and encompass the heart forming a primitive epicardium, or proepicardium

10

. A subset

of these epithelial cells migrates into the subepicardial space and undergoes EMT

6,7,11

.

This newly formed population of mesenchyme cells is thought to then migrate into the
myocardium and differentiate into vascular endothelial cells which undergo de novo
lumen formation and assemble into large coronary arteries as well as a subepicardial
capillary plexus

5,6

. Extensive remodeling of these epithelial-derived coronary vessels

continues throughout development, and the final connection between the coronary
endothelium and the aorta is thought to occur via vessel growth towards the aorta
accompanied by local apoptotic events that finally establishes a connection with
systemic circulation

12

. This model leads to several interesting lines of questioning. The

4

first is how the coronary arteries and veins assemble in such a way that they are
adjacent to each other, yet connect to systemic circulation in different areas: the arteries
at the base of the aorta and the veins at the right atrium. The second is how fate
specification of the mesenchymal derived cells in the heart is determined prior to
migration from the epicardium.
A more recent study suggests that rather than epicardial origins, the coronary
arteries may primarily arise from dedifferentiated venous endothelial cells that sprout
and migrate from the sinous venous of the primitive heart tube towards the myocardium,
and secondarily from blood islands that bud into the myocardium from the endocardium
and later connect with the newly formed coronary plexus

13,14

. Coronary arteries derived

from the sinous venous could help explain how the final venous connection to systemic
circulation is established since the sinous venous later gives rise to the coronary sinus,
the main conduit in charge of venous return to the right atrium. Despite these conflicting
theories, there is a large body of literature with multiple lineage-tracing studies that
points towards epicardial origins of the coronary arteries. Furthermore, epicardial failure
to undergo EMT results in no coronary artery formation

15

. However, additional studies

have shown that failure to initiate vascular smooth muscle cell differention leads to
defects in coronary vessels presumably due to a lack of vessel stabilization resulting in
regression

16

. It is therefore possible, that epicardial migration followed by EMT is

required for stabilizing the newly formed coronary vessels, but the endothelial cells
themselves may not originate from the same epithelial lineage. To further confound the
development mysteries of the coronary vascular system, vascular mural cells and
endothelial cells typically originate from distinct lineages, but recent evidence suggests

5

that endocardial ECs in the developing myocardium may contribute to the rise of a
subset of PDGFβ+ mural cells

17

suggesting that at least in some cases, the plasticity

between cell fate and developmental origin may be more complex than originally
believed. The discrepancy and remaining ambiguity regarding the origins of the
endothelial cells that make up the coronary vasculature will likely be resolved with
additional fate mapping and lineage tracing experiments in a variety of model systems.
In the mean-time, these lineage tracing studies have implications in the field of heart
regeneration. Namely, the development of better differentiation protocols to generate
distinct cell types and the ability to stimulate both myocyte proliferation and vascular
growth and stabilization would improve our understanding of myocardial development
and help guide vascular regeneration strategies.

1.2 Endothelial Cells: Pathophysiology and Response to Shear Stress
The endothelial cells that line the inner lumens of the entire cardiovascular system form
a single cell barrier that under quiescent conditions is largely non-thrombogenic and
non-adhesive for the macromolecules and cellular components of the blood

18

. The

endothelium contains lateral cell-cell junctions, such as VE-cadherin, PECAM, Claudin5, ZO1, etc. that function to modulate cell adhesion and permeability

19

. Additional

vascular adhesion complexes are located on the luminal and basal endothelial cell
surfaces and function to structurally stabilize the vascular lining as well as control the
adhesion of circulating leukocytes and platelets

18

. The expression, regulation, and

function of both endothelial junction proteins and vascular adhesion molecules are
highly dependent on the activation state of the endothelium.

6

A quiescent endothelium is characterized by internalized Von Willebrand Factor
stored in Weibel-Palade bodies

20

, sustained NO production and release

19

inhibited growth

, and intact junctional complexes

is characterized by release of VWF granules
bioavailability

23

21

, contact

22

. Endothelial activation, however,

20

, disorganized junctions

, and increased reactive oxygen signaling

22

, reduced NO

24

. These changes typically

result in increased endothelial proliferation and migration as well as thrombosis and
activation of inflammatory pathways. Physiologically, an activated endothelium is often
found at sites of angiogenesis, atherosclerotic lesions, regions of inflammation, and in
other vascular diseases

18

. Furthermore, in an activated state, increased expression of

endothelial adhesion molecules such as P-selectin, E-selectin, ICAM-1, and VCAM-1 as
well as increased expression of chemoattractants such as IL-8 and MCP-1 leads to
greater leukocyte recruitment and increased transluminal migration towards sites of
inflammation

22,25–27

. The mechanisms regulating the activation of these genes can be

broken up into two main categories: humoral factors (cytokines and bacterial
endotoxins), and biomechanical forces (shear stress, cyclic strain, and hydrostatic
pressure)

18

. Although the key players, and signaling pathways involved in endothelial

activation are becoming clearer, a better understanding of the interplay between
pathways remains to be fully understood and could have vast implications in the study
and treatment of vascular diseases.
One of the most important aspects of endothelial biology and vascular
engineering is the study of how endothelial cells respond to biomechanical forces.
Endothelial cells are in direct contact with blood flow at all levels of the vascular
hierarchy and respond directly to changes in hemodynamic forces in order to regulate

7

vascular tone, platelet adhesion, and other signaling mechanisms that govern tissue
responses to increased flow

28,29

. A fundamental understanding of fluid shear stress is

therefore important when discussing the cardiovascular system. In most regions of the
vasculature, blood flow can be approximated as steady incompressible laminar flow
through a circular tube, more commonly known as Poiseuille flow. Although Poiseulle
fluid dynamics is often used to describe blood flow, it is important to keep in mind
several distinctions that make the mechanics of blood flow slightly more complex: (1)
blood is a non-Newtonian fluid, (2) flow is pulsatile in many regions of the vasculature,
and (3) the vessel wall is compliant

30

. The following equations are adequate

approximations for regions where blood flow resembles steady continuous flow through
a cylindrical pipe. However, regions with slow flow, bifurcations, or arches have more
complex fluid profiles and typically require numerical analysis and modeling to evaluate
flow and the resulting shear stresses. Nevertheless, if we assume Poiseuille flow, the
Navier-Stocks equation to describe the motion of fluid reduces to a form that has a
solution (eq. 1) 31.

(1)

𝛿𝑃
𝛿𝑧

1 𝛿

=μ[𝑟

(r
𝛿𝑟

𝛿𝑣𝑧
𝛿𝑟

)]

Solving this equation yields a velocity profile that is parabolic with the maximum velocity
located at the center of the vessel, and a velocity of zero at the wall. This zero wall
velocity is referred to as the no slip condition which creates a frictional force between
the fluid and the wall known as shear stress

31

. The magnitude of fluid shear stress is

linearly proportional to the velocity gradient and can further be derived from Poiseuille’s
Law (eq. 2) where τs is the frictional force per unit area on the inner vessel wall, μ is the
blood viscosity, Q is the volumetric blood flow rate, and R is the radius of the vessel

32

.

8
4μQ

(2) τs = πR3

By the time blood flow reaches the microcirculation, pulsatile flow is thought to
generally dampen out, however pulsatile flow is still observed in capillaries in some
situations

33

. In the heart, the physical contraction of the myocardium during systole

compresses the coronary vessels and blood flow is restricted. Instead, most coronary
flow occurs during diastole as the heart relaxes and blood vessels are allowed to dilate
34

. Throughout the cardiovascular system, the magnitude of wall shear stress varies

depending on the hierarchical location within the vascular tree. Veins, for example, are
exposed to minimal shear on the order of 1-6 dynes/cm2, while a normal artery may
experience anywhere from 10 - 70 dynes/cm2 32. Maintaining these physiological shear
stress levels is essential for endothelial quiescence. Arteries subjected to low shear (< 4
dynes/cm2) with separated and disturbed flow have long been associated with
atherosclerosis through the creation of lesion prone arterial regions, while sustained
arterial shear greater than 15 dynes/cm2 has been shown to induce endothelial
quiescence and the expression of atheroprotective genes

32,35

.

Progress has been made towards understanding how fluid forces elicit endothelial
responses, but the exact biomechanical mechanisms remain to be fully understood.
There is some evidence that membrane bound endothelial proteins, such as VEGFR2,
PECAM-1, and VE-cadherin, comprise a mechanosensory complex that initiates
endothelial signaling cascades through PECAM-1 mediated tension on the cytoskeleton
during exposure to fluid shear stress

36

. Sensing mechanisms such as these ultimately

result in modified expression of a number of key endothelial genes that govern vascular
homeostasis, endothelial-pericyte interactions, and tissue-specific cross-talk

37

. More

9

recently, it was discovered that different endothelial cells throughout the body (e.g.
human umbilical vein endothelial cells vs. lymphatic endothelial cells) respond optimally
at different levels of shear stress which correlate to the physiological levels of fluid
shear that they are exposed to in vivo
such as VEGFR3

38,39

. The expression of key endothelial genes,

39

, as well as specific signaling pathways, such as Wnt signaling

40

,

have been shown to modulate endothelial sensitivity to flow and may play a role in
determining the optimal level of shear for a given endothelial population.
Endothelial response to shear is essential for maintaining a quiescent
endothelium and facilitating normal healthy responses to physiological stimuli. In
pathological

conditions,

endothelial

dysfunction

is

associated

with

increased

inflammation, thrombosis, and the development of atherosclerotic plaques. In addition to
complications associated with vascular disease, the development of atherosclerotic
lesions poses an additional threat in the form of increased risk of stroke or heart attack.

1.3 Ischemic Heart Disease and Regenerative Medicine
Cardiovascular disease is the leading cause of morbidity and death worldwide with
coronary heart disease and ischemia accounting for the majority of cases

41

. With the

exception of whole heart transplantation for which there is stunning lack of available
donor hearts, current treatments are only palliative. Many are able to slow the
progression of the disease and improve patient quality of life, but none are able to
completely restore function and prevent heart failure. As the prevalence of heart failure
continues to rise and the supply of donor hearts for transplantation remains infrequent,
there is a burgeoning clinical need for new and innovative approaches

42

. A myocardial

10

Infarction (MI) is caused by a blockage in one or more of the coronary arteries resulting
in temporary occlusion of the blood flow to downstream regions of the myocardium

43

.

During an event such as this, up to 25% of cardiomyocytes, the force generating cell in
44

the heart, may die

. Cell death in conjunction with substantial vascular death

45

results

in a highly ischemic and necrotic region that promotes myofibroblast differentiation and
ECM production

46

. Initial ECM synthesis and remodeling helps stabilize the infarct and

prevents ventricular dilation, but the lingering persistence of the myofibroblast in the
infarct results in adverse remodeling that limits the ability of the region to heal and
functionally recover. Indeed, within two weeks following an MI injury, much of the
healthy myocardial muscle is replaced by collagenous scar tissue that results in an
increase in stiffness, thinning of the left ventricular wall, and an overall decline in both
systolic and diastolic function (Fig 1.2) 45.

Figure
1.2
–
Myocardial infarction
and
pathological
remodeling.
(A)
Graphic of ischemic
heart disease (B)
Histological sections
of healthy and 4
weeks
post
infarction. Adapted
from Virag et. al.Am
J Path 2003 45
Cell-based therapies for the treatment of MI have emerged as promising
methods to replace damaged myocardium with healthy, viable tissue
that delivered cell types such as endothelial progenitor cells (EPCs)

44,47

48,49

. Clinical trials

, bone marrow

11

derived mononuclear stem cells (BMMNCs)

50,51

52,53

, and skeletal myoblasts

have

demonstrated safety and feasibility of cell transplantation although the benefits
observed in these studies are now widely attributed to paracrine mechanisms that
reduce inflammation, increase proliferation, and stimulate angiogenesis rather than truly
regenerating the myocardium

54

.

Cell transplantation studies with human stem cell

derived cardiomyocytes, however, have the potential to physically remuscularize the
heart. Transplantation in infarcted murine hearts has shown considerable engraftment,
electrical coupling with the host myocardium, and modest functional improvement

55–58

.

Furthermore, our lab recently demonstrated substantial remuscularization of infarcted
non-human primate hearts with intramyocardial delivery of stem cell derived
cardiomyocytes

59

. Despite seminal gains towards pushing stem cell derived

cardiomyocytes towards the clinic, these studies bring to light key outstanding
challenges that remain and must be addressed.
Complete functional recovery following transplantation with stem cell derived
cardiomyocytes has yet to be achieved. Despite encouraging progress, limitations
persist such as inadequate contractile and electrical maturation of the cells as well as
poor survival and long term retention of transplanted cells

44

. Studies have shown that

greater than 50% of administered cells are lost within the first day, and by week 12, cell
survival is down to around 15% 60. While pro-survival techniques such as heat shock the
day before implantation can lessen this loss 61, retention is still a major issue.
Cardiomyocytes differentiated from embryonic stem cells (ESCs) or induced
pluripotent stem cells (iPSCs) exhibit immature pro-arrhythmic electro-physiological
properties

62

and inadequate structural assembly of contractile machinery

63

. Recent in

12

vitro experiments have demonstrated that the electrical and structural maturation of
cardiomyocytes can be promoted in 2D culture with the presence of non-myocytes
long term culture

65

, and increased substrate stiffness

64

,

66

. Similar improved maturation

can be achieved by culturing cardiomyocytes in three dimensional engineered tissues
67

. Microarray analysis of cardiomyocytes showed that cells cultured in 3D obtained a

more physiologically mature and ventricular-like phenotype compared to 2D culture

68

.

Thus, cardiac tissue engineering has drawn considerable research interest as a
promising approach for heart regeneration.

1.4 Cardiac Tissue Engineering
An organized scaffold pre-cultured with cells in vitro has the potential to structurally and
functionally mature the tissue prior to implantation and to improve graft retention after
transplantation. A seminal study by Eschenhagen and Zimmermann generated
engineered heart tissue with neonatal rat cardiomyocytes in type I collagen gel, and
found that after one to two weeks in culture, these constructs were synchronously and
rhythmically contracting

69

. Since then, our lab and others have successfully generated

contractile cardiac tissues from stem cell derived cardiomyocytes in a variety of
scaffolding materials such as collagen, fibrin, and synthetic biodegradable polymers

70–

72

. Furthermore, in vitro culture of these tissues with physiological external forces can be

used to increase construct maturation. For example, mechanical stimulation with cyclic
stress applied to engineered cardiac constructs has been shown to induce
cardiomyocyte alignment, improve electrophysiological properties, and increase force
production

70,73

. Similarly, electrical stimulation of constructs generated with stem cell

13

derived cardiomyocyte leads to increased myofibril organization and faster conduction
74,75

velocity

. Taken together, these studies demonstrate the importance of applying

physiological cues to promote adequate structural and functional maturation of the
tissue.
As tissue engineering approaches become more sophisticated, the challenge will
be to integrate all the necessary components and stimuli into one package capable of
achieving structural alignment, synchronous electrical activation, and contractile force
generation. Furthermore, the aforementioned studies are limited to generating
constructs on the order of 50 to 200 μm thick due to diffusion limitations through the
tissue

69

. Capillary structure is vital for the survival and function of metabolically active

cardiomyocytes. In the adult heart, capillaries are spaced every 20 μm to provide
nutrients and oxygen to each cardiomyocyte

76

. Thus, vascular incorporation is vital for

the survival of engineered cardiac tissue in vitro and for systemic integration with the
host upon implantation. Despite this major need, vascularization with high capillary
density and interconnected perfusable lumens has not been achieved.

1.5 Tissue Vascularization and Engineered Microvessels
Over the last decade, it has become relatively commonplace to generate cardiac tissues
with vascular structures by combining multiple cell types within the tissue scaffold.
Specifically, the combination of myocytes, endothelial cells, and mural support cells
such as mesenchymal stem cells or fibroblasts results in the formation of de novo
lumens in vitro as well as modest incorporation with host vasculature in vivo

70,77–80

.

The formation of vascular structures and integration with the host has been further

14
81,82

improved by tuning additional construct properties, such as matrix composition
geometric pore design
tubulogenesis

74,87,88

83

, release of biochemical factors

and interstitial pressure gradients

,

84–86

, microchannels for guided

89

. Nonetheless, these methods

continue to rely on the self-assembly of endothelial cells into lumens which lack
interconnectivity or a hierarchical branching architecture. These methods are therefore
unlikely to provide sufficient blood flow to the graft without additional patterning or
substantial arteriogenesis and remodeling.
The incorporation of perfusable vascular structures in engineered cardiac grafts
is a challenging endeavor that requires precise control of structural and geometric
features. These vascular structures must support nutrient permeability into the bulk
matrix of the construct, while maintaining physiological endothelial function. In addition
to supplying nutrients, endothelial networks initiate a variety of signaling cascades
important for normal cardiac development and function through dynamic gene
expression profiles. Endothelial derived factors, such as neuregulin
synthase (eNOS)

94

, endothelin

95,96

, PDGF

97

92,93

, nitric oxide

, and transcription factor KLF2

90,91

are

known to play important roles in the interactions between endothelial cells and
cardiomyocytes. Exposure to these factors has been shown to influence cardiomyocyte
development and maturation

90,91

, proliferation

92

, survival

92,97

, force generation

95

, and

even sub-type specification 93. In native tissue, the endothelium is constantly exposed to
changes in blood flow to which it responds by modulating gene expression and factor
secretion through shear responsive pathways

28,98

.

Ideal approaches for tissue

vascularization will therefore be able to recapitulate the hemodynamic environment of
the coronary vasculature while still maintaining characteristics that are essential for
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myocardial function: matrix stiffness, myofibril maturation and alignment, electrical
propagation, and force generation. For this goal to be realized, methods must be
established to promote the precise control of vascular structure formation and patterning
during construct formation.

Figure 1.3 – Pre-vascularization strategies in cardiac tissue engineering. Adapted
from Montgomery et. al. J Cardiovasc Pharmacol Ther 2014 101.

Approaches that generate sacrificial vascular templates by utilizing 3D printed
networks 99, or aligned and branched alginate fibers

100

have been employed to achieve

structural control of micro-features within hydrogels. The 3D printed approach patterned
carbohydrate glass layer by layer into a three dimensional interconnected structure and
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then embedded the network within a hydrogel matrix. Once the printed network was
dissolved away, endothelial cells were seeded through the network which led to the
creation of perfusable vasculature structures

99

. A similar sacrificial casting approach

was employed with alginate fibers to generate branched microvessels, but this
technique was limited to 2D planar structures

100

. Figure 1.3 provides an overview on

common vascularization strategies. As vascular engineering techniques such as these
emerge, the challenge becomes how to incorporate these strategies with the inclusion
of parenchyma cells, such as cardiomyocytes or cardiac engineering. Gel remodeling
must occur during construct fabrication for cardiomyocytes to be able to establish
necessary cell-cell contacts, but this process often destroys the fabricated channel
structure preventing the formation of vascular structures

101

. For cardiac tissue

vascularization to be achieved, we must develop strategies that promote the formation
of compact cardiac tissue with synchronous contractions while maintaining the integrity
and structure of patterned vasculature.
Our lab has developed a vascular engineering strategy to form micro-templated
engineered microvessels in native dense type I collagen

102,103

. Engineered

microvessels are fabricated with a two-step injection molding technique that utilizes
patterned microfabricated wafers generated with standard soft lithography methods (Fig
1.4). Microvessels generated in this way have endothelialized 3D luminal geometry,
defined network structure, the capacity for multi-cellular proximity, and are fully
perfusable with the ability to sustain constant laminar flow. We have previously
demonstrated that engineered microvessels display important physiologic behaviors.
The endothelium are generally quiescent and do not initiate clot formation unless
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exposed to endothelial activation factors such as phorbol-12-myrisate-13-acetate (PMA)
102

. Endothelial cells in this system form stable PECAM-1 (CD31) and VE-cadherin

junctions and undergo angiogenesis when exposed to the appropriate stimuli.
Furthermore, the incorporation of additional cell types within the interstitial collagen is
easily achieved enabling the study of multi-cellular interactions with the patterned
vasculature 102,104,105.

Figure 1.4 – Engineered microvessels: fabrication and characterization. (A) Schematic
of injection molding process to generate patterned microvessels. (B) (Left) Lumen
formation with PECAM-1/CD31 junctions (red). (Middle) Fluorescent dextran perfusion.
(Right) 3D view to demonstrate patency. Adapted from Zheng et. al. PNAS 2012 102

1.6 Host Integration and Assessing Vascular Perfusion
The incorporation of patterned vasculature is essential for the future success of
engineered cardiac tissues. In addition to supporting viability in vitro, vascular
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integration with host myocardium must be achieved to maintain tissue viability post
implantation. The tri-cell seeded constructs mentioned in the previous section have
been shown to connect with host vasculature in
implantation

the heart after 1-2 weeks of

70,72

. To promote faster integration, prior organization of endothelial cells

has been shown to lead to blood flow at early as 3 and 5 days post implantation

87

, and

prior organization combined with direct anastomosis resulted in immediate perfusion of
the engineered vasculature

106

. The benefit of organized vasculature and direct

anastomosis has yet to be tested in the heart, however, which may present additional
technical complications due to the size scale of the arteries available for surgical
connection and the beating motion of the heart. Thus far, the extent of integration
between the host and engineered vasculature has primarily been assessed through
histological means such as the detection of vessels containing red blood cells and
intravenous perfusion of lectins, or with non-quantitative blood flow imaging methods.
While informative, these approaches are not able to assess the dynamics of blood flow
or distinguish the source of vascular infiltration (i.e. myocardial vs. other surrounding
tissue such as chest wall adhesions)

72,107

. To more accurately assess integration

between grafts and myocardial-originating vessels, a recent study used retrograde
aortic perfusion of lectins to visualize vessels and found that tri-cell seeded grafts were
poorly perfused from the myocardium after one week (Fig 1.5A)

107

. Moving forward, it

will be necessary to measure flow rate to ensure vascular function is achieved.
Optical coherence tomography (OCT) has emerged as a useful tool both in
research applications and in the clinic to visualize vascular flow. Clinically, it is
commonly used as an invasive method to obtain intracoronary images of vascular
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stenosis, stent placement, neointimal thickening, etc.

108

, while research labs have

adapted the technology to obtain high resolution 2D scans of vasculature in tissues
such as the eye (Fig 1.5B)

109

, the brain

110

, and skin

111

. More recent advances in the

technology and data processing algorithms were able to extract relative flux information
from the OCT angiograms
microbubbles

113

112

. Other vascular imaging techniques such as ultrasound

and micro-computed tomography (µ-CT)

114

have been used to image

vasculature but are limited by poor resolution of the microcirculation.

As more

advanced methods to generate pre-vascularized tissues emerge, it is clear that better,
more quantitative methods to assess vascular function will be necessary to determine
the relative efficacy of each approach.

Figure 1.5. Vascular perfusion imaging. (A) Confocal image adapted from Coulombe
et. al. IEEE 2014 of retrograde lectin perfusion 107. (B) Example of OCT angiogram
projection (left) and 3D view (right) of mouse eye. Image adapted from Choi et. al.
Optics Letter 2014 109
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1.7 Dissertation Overview and Significance
The research presented in this dissertation sought to address the challenges described
throughout Chapter 1 and improve vascular engineering strategies in the context of
engineered cardiac tissues and host integration. Chapters 2 through 4 describe the
rationale, scientific methods, and results of the following three specific aims:

AIM 1: The design and optimization of pre-vascularized biomimetic cardiac tissues
through the incorporation of stromal cells in dense collagen (chapter 2).
AIM 2: Characterization of stem cell-derived endothelial cells as a vascular cell source
for regenerative therapies (chapter 3).
AIM 3: Host integration of patterned vasculature with real time assessment of vascular
perfusion using optical microangiography (OMAG) (chapter 4).

The work contained in the following three chapters has many implications to the field of
cardiac regeneration and vascular integration. The results of aim 1 provided insight into
the required cellular and matrix conditions for cardiac remodeling to occur. Our findings
could help guide future studies in disease modeling, such as the study of myocardial
responses to adverse remodeling and fibrosis. Furthermore, the ability to incorporate
microstructures in cardiac constructs using dense collagen matrix will enable more
precise control of structural features for future pre-vascularization techniques. In
addition to providing vascular templates, better control of structural features could be
used for other applications such as embedding patterned micro- or nanogrooves in 3D
that could be used to induce alignment. Our results detailed in aim 2 provide functional
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evidence that endothelial cells differentiated from stem cells are a viable vascular cell
source. In addition to their ability to form highly vascularized constructs, the use of these
cells in conjunction with stem cell derived cardiomyocytes could be used to generate
pre-vascularized tissue constructs made entirely from an autologous cell source with
induced pluripotent stem cell technology. The results presented in aim 3 represent, to
our knowledge, the first real-time evaluation of in vivo integration and perfusion of
patterned vasculature in the context of myocardial disease. This work represents
seminal progress for the advancement of engineered myocardial tissue towards clinical
applications.
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Chapter 2.
The design and optimization of pre-vascularized biomimetic cardiac
tissue through the incorporation of stromal cells in dense collagen

This chapter has been published in the following manuscript: 105
Note: maiden name – Roberts


Roberts, M.A., et. al. Stromal Cells in Dense Collagen Promote Cardiomyoctye
and Microvascular Patterning in Engineered Human Heart Tissue (2016). Tissue
Engineering: Part A 22(7-8): 633-644. PMID: 26955856.

2.1 Abstract
Current cardiac and vascular engineering approaches independently create aligned
contractile tissue or perfusable vasculature, but a combined vascularized cardiac tissue
remains to be achieved. In this aim, we sought to incorporate a patterned
microvasculature into engineered heart tissue, which balances the competing demands
from cardiomyocytes to contract the matrix versus the vascular lumens that need
structural support.

Low density collagen hydrogels (1.25 mg/ml) permit human

embryonic stem cell-derived cardiomyocytes (hESC-CMs) to form a dense contractile
tissue but cannot support a patterned microvasculature.

Conversely, high collagen

concentrations (density ≥ 6 mg/mL) support a patterned microvasculature, but the
hESC-CMs lack cell-cell contact, limiting their electrical communication, structural
maturation, and tissue-level contractile function. When co-cultured with matrix-
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remodeling stromal cells, however, hESC-CMs structurally mature and form anisotropic
constructs in high density collagen. Remodeling requires the stromal cells to be in close
proximity with hESC-CMs. Additionally, co-cultured cardiac constructs in dense collagen
generate measurable active contractions (on the order of 0.1 mN/mm 2) and can be
paced up to 2 Hz. Patterned microvascular networks in these high-density co-cultured
cardiac constructs remain patent through two weeks of culture, and hESC-CMs show
electrical synchronization. The ability to maintain microstructural control within
engineered heart tissue enables generation of more complex features, such as cellular
alignment and a vasculature. Successful incorporation of these features paves the way
for the use of large scale engineered tissues for myocardial regeneration and cardiac
disease modeling.

2.2 Rationale
Transplantation with human stem cell derived cardiomyocytes (hESC-CM) has shown
promise in a number of animal models to regenerate and remuscularize damaged heart
tissue

55,59,71,115,116

. The tissue engineering approach has also drawn substantial

research interest because three-dimensional structural control and tissue maturation
prior to implantation is possible

117

. Many groups have had considerable success

forming contractile cardiac constructs within native soft biological hydrogels, such as
fibrin

118,119

, collagen

free conditions

70,120,121

, and decellularized heart matrix

122

, as well as in scaffold

80,123

. Engineering large scale cardiac tissues, however, continues to be

hindered by a lack of vasculature and poor structural and functional maturation of stem
cell-derived cardiomyocytes.
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Vasculature and blood flow are critical in not only supplying nutrients and oxygen,
but also in modulating cardiomyocyte maturation
ischemic protection

94

, subtype specification

93

, and

92

. In engineered cardiac tissues, vascular structures have been

generated by combining myocytes, endothelial cells, and a mural cell population, such
as mesenchymal stem cells or fibroblasts

70,80,123

. Under these conditions, de novo

lumens and cord-like structures form and integrate to some degree with host circulation
when implanted

78–80

. These “tri-cellular” constructs were further shown to have

increased active twitch force

124

suggesting the importance of paracrine signals from

non-myocytes. Despite these advancements, the vascular structures that are formed
from this type of approach continue to lack an orderly branching hierarchy, and grafthost integration is slow relative to the immediate perfusion needs of the construct

101,107

.

An ideal construct would have both perfusable vasculature that recapitulates the
hemodynamic environment of coronary vessels and appropriate characteristics for
myocardial function such as a compliance-matched matrix, myofibril maturation and
alignment, electrical propagation, and force generation.
In this aim, we developed a cardiac tissue construct that has sufficient mechanical
strength to support fabrication and patency of a perfusable vascular network, and
optimized cellular composition to promote cardiomyocyte survival, organization, and
maturation. We showed that although dense collagen (≥ 6 mg/mL) is required for
microchannel fabrication, it does not support cardiomyocyte structure and function. We
demonstrated that co-culturing with a stromal cell population promoted matrix
remodeling and cardiomyocyte alignment, and allowed for the formation of a functional
vascularized cardiac tissue in dense collagen. Our work represents an important step
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towards generating perfusable vascularized cardiac tissues in vitro, and suggests a key
role for stromal cells in matrix organization and cardiac maturation.

2.3 Scientific Methods
2.3.1 Cell Culture
Spontaneously beating cardiomyocytes (SV1) were generated from high density
monolayers of RUES2 human embryonic stem cells (hESCs) using a combination of
activin A, BMP4 and small molecule Wnt activation/inhibition as described previously

115

and in Appendix A. For a subset of experiments, cardiomyocytes were generated from
transgenic RUES2 hESCs that constitutively express GCaMP3, a fluorescent calcium
reporter. ZFN-mediated targeting was used to construct this line as previously described
116

. Cardiomyocyte cultures averaged 64.1 ± 19.3% cardiac troponin T (cTnT) positive

by flow cytometry, and this preparation is referred to as “cardiomyocytes” or hESC-CM
throughout the manuscript. Four different stromal cells were used in this study, including
two human bone marrow derived stromal cell lines (HS27a and HS5)

125

, human dermal

fibroblasts (Lonza), and primarily isolated human fetal heart perivascular cells. See
Appendix A additional methods for more detail on cardiomyocyte differentiation and
stromal cell culture.

2.3.2 Cardiac construct formation and culture
Tissue molds were fabricated via molding of uncured polydimethylsiloxane (PDMS)
(Dow Corning Sylgard 184 silicone elastomer) into a laser-etched acrylic negative
template with 17 x 3 mm wells containing 1 mm diameter posts at each end to provide
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uniaxial strain (Fig 2.1A). The molded PDMS was baked at 65°C for at least one hour
and then peeled away for autoclave sterilization. Immediately prior to construct
formation, the PDMS wells were treated with a hand held corona treater (Electrotechnic
Products, Inc., BD-20) to make surfaces hydrophilic. Cells were mixed with preneutralized collagen gel (2.5 or 10 mg/mL, see Appendix A for additional information on
collagen stock preparation) to achieve final collagen concentration of 1.25 or 6 mg/mL,
respectively. Final cell-gel mixtures of 60 μL were pipetted into each well and allowed to
gel for 45 minutes at 37°C. After gelation, constructs were given RPMI-B27 (with insulin)
and fed every other day for 14 days. All co-cultured constructs were made with a 1:1
cell density ratio of cardiomyocytes to stromal cells. Final cardiomyocyte density in all
constructs was ~16 x 106 per mL.
Constructs for sharp boundary experiments were made by two step gelation: first, a
stainless steel block was placed in one half of the well to allow the cardiomyocyte-only
side to undergo 30 minutes of gelation, then the block was removed and the co-culture
mixture (cardiomyocytes and HS27a stromal cells in liquid collagen) was added,
followed by an additional 30 minute gelation period. All constructs were cultured for 14
days, fixed, histologically processed and stained (additional methods in Appendix A).
Constructs were fixed while under constant strain in the tissue molds.

2.3.3 Contractile force generation analysis
Functional analysis was carried out on constructs after two weeks of maturation as
previously described

70

(additional methods in Appendix A). In brief, construct sections

were stretched in 5% increments up to 20 - 25% of their total length, and their resulting
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passive tension and spontaneous active force traces were recorded and analyzed using
customized LabView software. Stress-strain relationships were recorded for each
construct at basal conditions with no electrical stimulation. After that, the constructs
were stimulated at max stretch (25%) at 1, 1.5, 2, and 3 Hz using a field stimulator with
5V and 40ms pulse duration. The spontaneous beating rate of each construct was
determined by taking the inverse of time between active contractions at maximum
stretch in unstimulated preparations.

2.3.4 Microvessel fabrication
GCaMP3 hESC-CMs (16 x 106 per mL, final) and stromal cells (16 x 106 per mL, final)
were mixed with dense collagen (6 mg/mL final concentration). Microfeatures were
embedded in the cell-containing gel using techniques of injection molding and soft
lithography as previously described

102

. Collagen with density less than 4 mg/mL fails to

maintain mechanical integrity for the microstructures. The final constructs have
dimensions of 8 x 17 x 1 mm and parallel posts flanking the construct to provide uniaxial
strain. A patterned network was molded into the top device by using a microfabricated
PDMS stamp with channel dimensions 125 μm x 125 μm on the bottom surface of the
top device. After gelation, the devices were assembled together to create an enclosed
microfluidic network. The network was seeded with 10 μL human umbilical vein
endothelial cell (HUVECs, passage 5) suspension at a density of 10 x 10 6 per mL in
endothelial growth medium (EGM, Lonza). After 1 hour of attachment under static
conditions, EGM was perfused through the microvessels under gravity-driven flow
through attached reservoirs (initial pressure of 1 cm H2O, replenished every 12 hours).
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Constructs were additionally submerged in a 3:1 mixture of cardiomyocyte media (RPMI
1640 basal medium with B27 Supplement (Invitrogen) containing insulin) and EGM. At
day 7 and 14 of culture, GCaMP3 fluorescence was observed and recorded with a
Canon HD video camera (HF S20) to assess cardiomyocyte function and tissue-level
electrical properties. After 14 days, the constructs were fixed and stained for cardiac
troponin T (cTnT; 1:100; mouse anti-human; Fisher) to label cardiomyocytes and CD31
(1:25; rabbit anti-human; Abcam) to label endothelial cells, followed by imaging in situ
with confocal fluorescence microscopy. All antibodies and solutions were perfused
through the network and used to submerge the construct.

2.3.5 Statistics
Single variable analysis between two samples was compared by Student’s t-test
assuming unequal variance. Unless otherwise noted, at least 3 biological replicates
were performed with 2-3 technical replicates in each. The number of biological
replicates was used to determine significance. Results are presented as mean ± SEM.
For all results, significance was defined as *p < 0.05, ** p<0.01.

Additional methods are included in Appendix A.

2.4 Results
2.4.1 Cardiomyocytes alone in dense collagen do not form functional cardiac tissue.
The incorporation of perfusable microvessels in collagen-based constructs requires the
use of dense collagen to maintain structural integrity of the fabricated channels

126

. To
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evaluate the influence of collagen density on the structure and function of cardiac
constructs in a higher throughput manner, we used rectangular wells (Fig 2.1A) to
generate cardiac tissue constructs under uniaxial strain with human stem cell-derived
cardiomyocytes (hESC-CMs) in both low (1.25 mg/mL) and high (6 mg/mL) collagen
concentrations (initial complex moduli of 81.0 ± 14.8 Pa and 281.8 ± 17.1 Pa,
respectively, see additional methods in appendix A). After two weeks in culture, hESCCMs in 1.25 mg/mL remodeled the collagen gel and formed compact tissues, with
cross-sectional areas of 0.133 ± 0. 038 mm2 (Fig 2.1A, iv; 2.1B, i). In 6 mg/mL collagen,
hESC-CMs were unable to compact the matrix, which resulted in isolated cell islands
and a lack of cell-cell contact (Fig 2.1B, ii). The cross sectional area of the constructs
was 1.247 ± 0.142 mm2, nearly 10 fold higher than in low density collagen (Fig 2.1C).
The greater degree of compaction in low density collagen led to a final cell density of
1.2 ± 0.4 x 106 per mm3, approximately 20 fold higher than in 6 mg/mL (Fig 2.1D). In
addition, hESC-CMs showed markedly different morphology in collagen of different
densities. In collagen of 1.25 mg/mL, cardiomyocytes expressed alpha actinin robustly
throughout the construct in a striated pattern, indicating sarcomere formation in the
majority of cells (Fig 2.1E, i). In collagen of 6 mg/mL, regions of striated alpha actinin
expression were visible, but these regions were sparse and isolated (Fig 2.1E, ii). To
evaluate electrical synchronization of the tissues, we performed fluorescent imaging of
calcium transients. In collagen of 1.25 mg/mL, there was synchronous excitation and
contraction throughout the whole constructs (SV2). In collagen of 6 mg/mL, electrical
activation events were isolated with no propagation, indicating the cardiomyocytes were
alive and able to undergo spontaneous excitation, but were not connected or electrically
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synchronized (SV3). Collectively, these results suggest that cardiomyocytes in dense
collagen retained necessary molecular and structural components for electromechanical
function, but were unable to organize into an integrated tissue.

Figure 2.1. Cardiac constructs with hESC-CMs in low and high density
collagen. (A) Micropost culture system: An acrylic negative template (i) used to
generate PDMS molds with posts at each end (ii) which was then seeded with
collagen pre-mixed with hESC-CMs (iii). Construct remodeling and compaction
after 2-3 days (iv). (B) Hemotoxylin and eosin (H&E) staining of constructs in (i)
1.25 mg/mL and (ii) 6 mg/mL collagen after culture for 14 days. (C-D) Final
cross sectional area (C) and cellularity (D) of constructs – D14 (*p<0.05; N=4-7
biological replicates). (E) Confocal images of sarcomeric α actinin and nuclei in
(i) 1.25 mg/mL and (ii) 6 mg/mL collagen at 40X (top panel) and x3 optical
zoom (bottom panel). Scale bars: 50 μm.
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2.4.2 Stromal cell co-culture promotes cardiomyocyte organization and matrix
remodeling in both low and high density collagen.
Stromal cells have been shown to be critical for matrix synthesis and remodeling during
normal development and cardiac regeneration

80,127

. In a normal adult mammalian

heart, stromal and fibroblast populations contribute to approximately half of the total cell
number

127,128

. To improve the structure and function of our cardiac constructs, we co-

cultured cardiomyocytes with human stromal cells (bone marrow-derived HS27a line 125)
in both low and high density collagen. In both collagen matrices, co-cultured constructs
were significantly more organized, with higher cellularity and greater alignment (Fig 2.2).
hESC-CMs had more organized striated alpha actinin and a larger degree of alignment
in co-cultured constructs compared to those in cardiomyocyte-only constructs (Fig 2.2A,
ii; 2.2B, ii, 2.2E). Co-culture increased expression and organization of matrix proteins,
predominately fibronectin and collagen IV, both of which appeared to align along the
direction of axial strain and cellular elongation (Fig 2.2A, iii-iv; 2.2B, iii-iv). The matrix
constituents heparin sulfate, laminin, and versican were not detected in these cocultured constructs by immunohistochemistry (data not shown). In dense collagen
particularly, co-culture led to a significant improvement in tissue compaction and
homogeneity with a nearly 60% decrease in cross sectional area (Fig 2.2C) and a 6-fold
increase in cell density (Fig 2.2D) compared to cardiomyocyte-only conditions.
Myofibrils showed significantly enhanced alignment along the direction of uniaxial strain
for the co-culture conditions in both low and high collagen matrix (Fig 2.2E).
Cardiomyocyte sarcomere length also increased significantly with co-culture in high
density collagen (Fig 2.2F), indicating greater myofilament organization and maturation.
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These findings suggest that stromal cells promote matrix synthesis and remodeling
required for hESC-derived cardiomyocytes to elongate and structurally mature.

Figure 2.2. Co-culture with HS27a stromal cells in cardiac constructs. (A-B)
Histological sections of (A) 1.25 mg/mL and (B) 6 mg/mL collagen. (top: hESC-CM
only; bottom: co-cultured); H&E (i), sarcomeric α actinin (ii), fibronectin (iii), and
collagen IV (iv). (C-F) Quantitative comparison of (C) final cross sectional area, (D)
final cell density, (E) cardiomyocyte alignment, and (F) sarcomere length (*p<0.05;
**p<0.01; N=2-4 biological replicates). Scale bars: 40μm.
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2.4.3 Co-cultured dense collagen constructs are electromechanically functional
An essential requirement for engineering functional myocardial tissue is its ability to
propagate an electrical signal followed by whole construct contraction and force
generation. Co-cultured constructs with hESC-CMs and stromal cells in 6 mg/mL
collagen showed calcium wave propagation and contraction throughout the whole
construct, indicating sufficient cell-cell contacts and maturation of hESC-CMs (SV4).

Figure 2.3. Functional characterization of co-cultured constructs. (A) Construct
mounted between force transducer and motor. (B) Force trace displaying passive
tension and active twitch force during incremental step-wise length increases for a
co-cultured construct in 6 mg/mL collagen. Inset: enlarged view at maximum strain
(ϵ = 0.25). (C) Spontaneous beating rate at 37°C (D) Sample stimulation traces at ϵ
= 0.25 of co-cultured constructs in 6 mg/mL. (N=3 biol. rep.)

We further mounted the constructs between a force transducer and a motor (Fig 2.3A)
and measured the length dependence of force generation for each construct by
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stretching incrementally with 5-10% steps and recording twitch force at each length step
(Fig 2.3B). All constructs produced increasing twitch force with increased strain,
demonstrating the tissue-level correlate of the Frank-Starling relationship, where
increased length triggers increased active and passive force (Fig 2.4A - C). Co-cultured
constructs in 6 mg/mL collagen produced a peak active force of 0.1 mN/mm 2, which is
comparable to co-cultured constructs generated in low collagen (Fig 2.4D) as well as
previously reported values for collagen-based engineered cardiac tissue 70,117,129.

Figure 2.4 – Passive and active force characterization. (A) Passive tension vs.
increased strain (B) Young’s modulus (slope of passive tension vs. strain). No
significant differences for three measurable conditions. (C) Representative
Frank-Starling curves depicting linearly increasing length dependent active
contractions of all construct groups. (D) Peak active force of constructs (at
25% stretch) after 14 days of culture. Differences are not significant.
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A functional engineered cardiac construct is expected to follow a range of
stimulation frequencies in order to electrically synchronize with the host during future
therapeutic applications. We measured the spontaneous beating rate of cardiac
constructs

since

electrophysiological

automaticity
maturation

is

a

key

93,130,131

.

In

indicator

of

constructs

cardiac
with

subtype

and

cardiomyocyte-only

conditions in 1.25 mg/mL collagen, the average spontaneous beating rate is 1.2 Hz. Coculture conditions resulted in a slight decrease of spontaneous beating rate to
approximately 0.6 Hz in both 1.25 and 6 mg/mL collagen, although the decrease is not
statistically significant (Fig 2.3C). Importantly, all three groups, including co-cultured
constructs in dense collagen, were able to reliably follow an electrical stimulation pace
up to 2 Hz (Fig 2.3D) while maintaining the same magnitude of force generation (Fig
2.5). In response to 3 Hz stimulation, all construct groups were unable to follow the
pace consistently. These findings are consistent with previous studies showing that
fibroblasts reduce the intrinsic beating frequency of cardiomyocytes and non-myocytes
play a role in modulating the electrophysiological maturation of stem cell derived
cardiomyocytes during differentiation 64,132.

Figure
2.5
–
Force-frequency
relationship of construct groups. An
increase in stimulation frequency to 3Hz
resulted in downward trend of force
generation in hESC-CM only constructs
(light grey solid curve). Constructs cocultured with HS27a stromal cells are
able to maintain comparable force with
electrical stimulation at 1.5 and 3 Hz
compared to unstimulated.
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2.4.4 The type of stromal cells in co-cultured constructs influences their interactions with
cardiomyocytes and matrix remodeling
Different populations of “stromal cells” or “fibroblasts” have drastic differences in their
phenotype, gene expression, and signaling

133

. To understand how stromal cells from

different sources affect remodeling and cellular alignment in cardiac constructs, we
generated cardiac constructs by co-culturing cardiomyocytes with four different
fibroblast or stromal cell lines in low density collagen for 4 days. These stromal cells
included two immortalized human bone marrow derived stromal cell lines (named
HS27a and HS5 125), primary human dermal fibroblasts (hDF), and primary isolated fetal
human heart NG2+/PDGFRβ+ cells (FHH). HS27a and HS5 have been extensively
characterized and while both lines secrete a plethora of ECM proteins, they have
distinct functions due to differing expression of matrix proteases and cytokines

125,134,135

.

hDF are known to secrete vast amounts of extracellular matrix and matrix degradation
proteins normally and during wound healing

136

. FHH cells were selected based on their

expression of pericyte markers NG2 and PDGFRβ, suggesting a more pericyte-like
function of vascular stabilization

137,138

. When these different stromal cells were co-

cultured with cardiomyocytes in collagen constructs, distinct differences were observed
regarding cellular and matrix alignment. Compared to constructs with cardiomyocyteonly conditions, HS27a and hDF co-cultured constructs showed greatly improved
cardiomyocyte alignment and matrix synthesis (Fig 2.6A-C), similar to results shown in
Figure 2. However, the HS5 and FHH co-cultured constructs had no improvement in
cardiomyocyte structure and organization and no evident cellular or matrix alignment
(Fig 2.6D-E). Furthermore, co-culturing with HS5 resulted in poor construct integrity with
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Figure 2.6 – The effect of stromal cell type on cardiac remodeling.
Immunofluorescent images of α actinin (left), fibronectin (middle), and collagen IV
(right) in (A) hESC-CMs only or with (B-E) co-culture conditions. (B) bone marrow
derived HS27a stromal cells, (C) human dermal fibroblasts (hdF), (D) bone marrow
derived HS5 stromal cells, and (E) fetal human heart NG2+/PDGFRβ+ cells (FHH).
All constructs here were generated in 1.25 mg/mL collagen and processed after 4
days of culture. N=3-4 biological replicates (each with 2-3 technical replicates).
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a breakdown of matrix and structure after approximately 4 days in culture. Compared to
cardiomyocyte only constructs, co-cultured constructs had upregulated mRNA
expression of fibronectin (FN1) and type I collagen (Col1A2) with the most pronounced
increases seen in HS27a and hDF co-cultured constructs (Fig 2.7). Taken together,
these results suggest that HS27a and hDF promote matrix remodeling that is suitable
for promoting cardiomyocyte growth and organization.
Figure 2.7 – Gene
expression analysis after
co-culture with different
stroma
cell
types.
Expression (relative to
HPRT) of matrix proteins
(A) FN1, (B) Col1A2, (C)
matrix metalloproteinase
2 (MMP2), and (D)
cardiac
maturation
markers (MHCα, MHCβ;
expressed as a ratio of
the two subunits) were
evaluated.

2.4.5 Cardiomyocyte alignment requires close proximity to stromal cells.
To understand how stromal cells provide cues for cardiomyocyte alignment and
maturation, we generated a composite construct in 6 mg/mL collagen with a sharp
boundary between two halves: one half containing only cardiomyocytes and the other
half co-cultured with HS27a stromal cells (Fig 2.8A). After 14 days of culture, stromal
cells remained in the co-cultured half region with minimal migration (Fig 2.8B, i-ii).
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Figure 2.8 – Boundary experiment between hESC-CM only and co-cultured
constructs. (A) Schematic of construct generation using a two-step gelation
process. (B) Large view confocal immunofluorescence images of serial
cryosections near the stromal cell interface (white dotted line): (i) Hoechst
staining (ii) HS27a stromal cells (marked with red fluorescent protein), (iii) α
actinin, (iv) fibronectin, and (v) collagen IV. (C) Higher magnification image of (i)
cardiomyocyte only region, (ii) the border region, and (iii) the co-cultured region.
N=3 biological replicates.

Consistent with the stand-alone construct conditions, the co-cultured half of the
construct had higher and more integrated cellularity (Fig 2.8B, i-ii) with stronger and
more uniform alpha actinin expression in cardiomyocytes compared to the
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cardiomyocyte only region (Fig 2.8B; iii). More organized matrix proteins such as
fibronectin and collagen IV (Fig 2.8B; iv-v) were deposited in the co-cultured half of the
construct. Further away from the boundary between the two halves, the cardiomyocytes
displayed similar structural organization as the two distinct culture conditions shown
above: disarrayed sarcomere striations in cardiomyocyte only conditions (Fig 2.8C, i)
compared to robust sarcomere formation and cellular alignment in the direction of
uniaxial strain in co-cultured region (Fig 2.8C, iii). At the boundary between the two
halves, cardiomyocyte alignment sharply declined between the stromal and non-stromal
regions (Fig 2.8C, ii). This suggests that close proximity of stromal cells was required for
proper matrix remodeling and cardiomyocyte structural organization in 3D constructs,
and paracrine factors alone were not sufficient to induce such effects.

2.4.6 Engineered microvasculature within functional cardiac constructs
The ability to generate cardiac constructs in a dense collagen matrix allowed us to
embed microchannels within the construct to form patterned vasculature. We modified
our previous soft lithographic injection molding technique for engineering microvessels
102

and generated 3D functional cardiac tissue with embedded endothelialized channels.

Namely, the system was miniaturized to lessen cardiomyocyte demand and facilitate
higher throughput testing. Consequently, the device is now open on the top and bottom
to allow for sufficient media around constructs; and horizontal posts located just outside
of both the inlet and outlet created uniaxial strain (Fig 2.9 and Fig 2.10A). Constructs
generated using this fabrication method and optimized co-culture conditions had intact
network geometry immediately after fabrication. We then perfused endothelial cells
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Figure 2.9 – Cardiac construct with engineered µV: design schematic. Redesigned injection molding process optimized for microvessel fabrication within
cardiac constructs.
through the network and observed attachment on the microchannels within one hour
after seeding, with complete attachment overnight (Fig 2.10A). The structural integrity of
the network was maintained throughout 14 days of culture, and attached endothelial
cells formed CD31+ junctions within the patterned network (Fig 2.10B; i). The interstitial
space between the patterned channels contained dense populations of both stromal
cells and cardiomyocytes (Fig 2.10B; ii-iii). Cardiomyocyte morphology was elongated
with uniform distribution of cTnT positive cells throughout the interstitial collagen space
(Fig 2.10B-C, ii). Endothelial sprouts were observed to extend from the patterned
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network into the bulk of the construct (Fig 2.10C; i arrowheads). Importantly, we found
that throughout the remodeling process and two week culture, the endothelial-lined
channels were able to maintain their patency (Fig 2.10D; i). Stromal cells, and in some
places the cardiomyocytes, followed the vasculature and elongated along the
longitudinal direction of the microvessels (Fig 2.10D; i) and the endothelial sprouts (Fig

Figure 2.10 – Successful incorporation of patterned vasculature in cardiac construct.
(A) Fabrication of microfluidic device with embedded microchannel in cardiomyocyte
embedded collagen matrix: (i) inlet, (ii) outlet, (iii) horizontal posts for uniaxial strain
(see methods for more detail). (B) Z-stack projection images of (i) CD31, (ii) cTnT,
and (iii) HS27a stromal cells. (C) Z-stack projection images at a higher magnification
view showing (i) endothelial sprouts, (ii) elongated CM and (iii) interstitial HS27a
stromal cells (D) Zoomed in regions (i) and (ii) from C (i) with cross section view of
patterned channel (middle panel). (E) Sample GCaMP3 traces after one and two
weeks of culture for two regions of interest.
2.10D; ii). In comparison, control constructs generated using the same device but
without an endothelialized microvessel had poor cardiac morphology with a lack of
structural organization of both cells and constructs (not shown). To evaluate the function
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of cardiac constructs with patterned vasculature, we performed calcium imaging using
GCaMP3 fluorescence after one and two weeks in culture and analyzed the traces at
two distinct regions of interest to assess electrical synchronization throughout the
construct. We observed synchronous electrical wave propagation after just one week in
culture, and increased synchronization between two identified regions of the construct
after two weeks of culture with much of the background signal from isolated electrical
activity gone (Fig 2.10E; SV5). These data demonstrate that our optimized cellular and
matrix conditions enables the generation of functional cardiac constructs with
endothelialized microchannels and potentially fully vascularized cardiac tissue.

2.5 Discussion
In recent years, many methods of generating perfusable, interconnected networks of
vessels have emerged as viable approaches to vascularization of engineered tissue.
For example, 3D printing of sacrificial vascular networks into a three dimensional grid

99

,

the generation of aligned branched microvessels with alginate fibers embedded in the
matrix

100

, and microfabricated vessels

102

are all exciting approaches with vast

implications in microvascular engineering and promising potential for the generation of
pre-vascularized tissues. However, success has been limited in combining these
vascular fabrication techniques with standard 3D cardiac tissue cultures. This limitation
stems in part from incompatible matrix and mechanical conditions that do not provide
favorable conditions for both cardiac function and incorporation of vasculature. The
formation of compact cardiac tissue with synchronous contractions requires remodeling
to occur so that the cells may form proper cell-cell junctions and establish electrical
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communication, but this remodeling tends to collapse embedded channels due a lack of
mechanical support 101.
In this study, we used co-culture with cardiomyocytes and stromal cells in dense
collagen and successfully demonstrated that we can promote cardiomyocyte
organization and function and simultaneously maintain the mechanical integrity of
microvessels in 3D cardiac constructs. The additional stromal cells promoted significant
matrix remodeling, which presumably was through the combination of ECM synthesis
and proteolytic degradation via synthesis and release of matrix metalloproteinases

139

.

We showed that cardiomyocytes aligned along the same direction as the matrix
proteins, which was also the direction of uniaxial strain applied on the 3D constructs.
Previous studies have shown that fibroblast and stromal cell populations remodel matrix
and induce matrix alignment in response to uniaxial strain

140–142

. These aligned matrix

proteins possibly serve as the topographical cues for the cardiomyocytes to align and
mature

64,143

. Results from our composite constructs demonstrated that paracrine

signaling through soluble factors was unlikely to be the predominate mechanism at
hand.

Rather the close proximity and interactions between stromal cells and

cardiomyocytes promoted cardiomyocyte organization in co-cultured constructs. This
further supports the suggested mechanism that local stromal cell-induced matrix
synthesis and remodeling allows for adjacent cardiomyocytes to initiate cell-ECM
contact, undergo elongation, and structurally mature.
Stromal cells from different origins showed different capacities to facilitate sufficient
matrix alignment and cardiac construct formation. Co-culture with both human dermal
fibroblasts and marrow derived HS27a stromal cells led to remodeling and cardiac
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structural maturation while co-culture with HS5 stromal cells and NG2+/PDGFRβ+ fetal
human heart cells did not. Human dermal fibroblasts are known to be highly proficient at
144

remodeling matrix, particularly in three dimensional cultures

. HS27a and HS5,

although both originated from the human bone marrow, appeared to have drastic
differences in their ability to remodel matrix and support cardiac morphology. HS27a
has been shown to have much higher expression of stromal cell-derived factor 1,
regulators of G protein signaling, and tissue inhibitors of matrix metalloproteases, than
HS5

135

. In addition, unlike HS5 stromal cells, HS27a stromal cells strongly express the

Notch surface ligand Jagged1

134,135

whose signaling is known to play an important role

during cardiac repair, namely by inducing cardiomyocyte proliferation and growth

145,146

.

HS5 stromal cells, however, express much higher levels of inflammatory cytokines,
such as IL-6 and IL-8, compared to HS27a

125,134,135

. Prolonged exposure to such

inflammatory signals can have adverse effects in the heart such as myocardial
hypertrophy and are known predictors of heart failure

147–149

. Our use of different

stromal and fibroblast lines revealed that not all stromal cells are compatible with
cardiac construct formation. Instead, specific stromal cell lines are required to produce
sufficient matrix deposition and assembly to elicit alignment and a beneficial response
of the cardiomyocytes. Fibroblasts, and particularly dermal fibroblasts, are well known to
adapt to external forces and play a key role in modulating mechanical tensions within
the tissue through ECM remodeling, cytoskeletal rearrangement, and cellular
contraction

150

. Indeed, this characteristic of dermal fibroblasts has already been utilized

for a wide range of tissue engineering applications where matrix remodeling and
organization are required

151,152

. Our finding that the immortalized HS-27a stromal cells
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are similarly effective is advantageous for their use in optimizing engineered tissues.
Moving forward, the use of cardiac or stem cell derived fibroblasts would allow
researchers to match the sources of each input cell type to better mimic a cardiac
environment.
In addition to cellular alignment and global improvement in cardiac structure, coculture with stromal cells led to myofilament maturation within the cardiomyocytes.
Cardiomyocyte only constructs had sarcomere lengths ranging from 1.2 - 1.4 μm which
is characteristic of immature thick filaments and sarcomeres. In co-culture conditions,
cardiomyocytes had sarcomere lengths that ranged from 1.7 μm to 1.8 μm, more similar
to that of a mature adult-like cardiomyocyte

65,153

. Although structural maturation was

observed, the magnitude of force production was still <1% of adult cardiac tissue which
generates a twitch force on the order of 100 mN/mm 2 154. This could be attributed to the
functional immaturity of stem cell derived cardiomyocytes and to the relatively low
density of cardiomyocytes in the constructs. Longer term culture

65

and higher cellular

densities could potentially further promote the functional maturation of hESC-CMs and
engineered cardiac tissue.
Optimized cellular and matrix culture conditions enabled us to successfully generate
microvessels in 3D cardiac tissues. We demonstrated vascular patency and cardiac
function in constructs for up to two weeks: the vasculature displayed remodeling
capability and cardiomyocytes developed proper cardiac morphology and function with
necessary cell-cell contacts. We showed that endothelial cells sprout outward from the
patterned vasculature into the surrounding matrix, suggesting the potential of our
platform to generate a fully vascularized constructs with patterned small arteriole
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conduits as well as capillaries. This sprouting and endothelial outgrowth may be the
result of the crosstalk between endothelial cells and cardiomyocytes/stromal cells and
possible hypoxic gradients generated towards the distal regions of the constructs. The
sprouting and endothelial outgrowth may also vary for different sources of endothelial
cells, and an alternative endothelial cell source could be incorporated into the
microvessel to promote additional angiogenesis

155

. Our vascularized cardiac tissue

provides a useful system to understand the effects of endothelial cells, hydrodynamic
stresses, and transport processes on cardiomyocyte maturation and function. We
hypothesize that the presence of planar perfusable vessels in the cardiac tissue will
guide additional vascular connections within the surrounding construct and further
promote integration to the host vasculature once implanted. This study provided a
proof-of-principle

demonstration

of

engineered

cardiac

tissue

with

patterned

vasculature. Additional studies will be pursued to further characterize the impact of the
microvascular network on cardiomyocytes in terms of survival, thickness of viable
construct, cardiac morphology, and function. The current system could be further
modified to pattern multi-layered 3D vasculature throughout the construct by stacking
layers of microvessels together or using alternative microfabrication techniques such as
3D printing. As these approaches mature, pre-vascularized cardiac tissue can be made
in large scale and potentially used for the treatment of ischemic heart disease.
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Chapter 3.
Characterization of stem cell-derived endothelial cells as a vascular
cell source for regenerative therapies

Parts of this chapter have been published in the following manuscripts:

155,156

Note: maiden name – Roberts


Palpant, N.J., Pabon, L., Roberts, M.A., et. al. Inhibition of β-catenin signaling
respecifies anterior-like endothelium into beating human cardiomyocytes.
Development 142(18): 3198-3209. PMID: 26153229.



Palpant, N.J., Pabon, L., Friedman, C.E., Roberts, M.A., et. al. Generating highpurity cardiac and endothelial derivatives from patterned mesoderm using human
pluripotent stem cells. Nature Protocols 12(1): 15-31. PMID: 27906170.

3.1 Abstract
The most commonly used endothelial cell source for tissue vascularization is human
umbilical vein endothelial cells (HUVECs). Due to their relatively low abundance and
propensity to die in vivo, we sought to identify a more suitable cell source for the
generation of patterned vasculature. We developed a protocol to differentiate two
populations of endothelial cells, arising from the anterior or posterior mesoderm, from
pluripotent stem cells (hESC-ECs) and assessed their endothelial function in 2D and in
3D vascular platforms. We found that both cell populations undergo tubulogenesis, form
angiogenic sprouts, and form stable microvessels with luminal geometry and endothelial
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junctions in our soft lithographic engineered microvessel (µV) platform. One of the key
findings of this study was that anterior-derived endothelial cells were more angiogenic
than posterior ECs under flow conditions. To expand off this angiogenic potential, we
generated highly vascularized constructs by incorporating additional anterior hESC-ECs
in the collagen matrix to promote anastomosis between angiogenic sprouts and the
interstitial tubulogenic ECs. Endothelial lumens that formed in the collagen matrix
integrated with the patterned µV by incorporating directly onto the vessel wall and by
forming anastomotic connections with angiogenic sprouts. We demonstrated that these
anastomotic connections are perfusable and that the presence of the patterned µV
improves lumen formation in terms of vascular density and average lumen size. Finally,
to assess the suitability of hESC-ECs for transplantation, we assessed the
thrombogenicity of the cells through exposure to whole blood, and found that hESC-ECμVs

are

non-thrombogenic

with

physiological

endothelial-platelet

interactions.

Collectively, this data illustrates that hESC-ECs are a suitable cell source for vascular
engineering with definite endothelial morphology and function, high angiogenic
potential, and non-thrombogenic platelet interactions.

3.2 Rationale
In addition to the importance of structural patterning and organization of endothelial
cells (ECs), identifying alternatives to HUVECs (human umbilical vein endothelial cells)
as the EC source will be vital for the translation of vascularization strategies

101

.

HUVECs are a commonly used endothelial cell source due to their mature endothelial
phenotype and ease of availability. However, vessel instability, poor survival in vivo, and
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immune incompatibility issues have led many researchers to begin looking elsewhere
for endothelial sources

157

. Furthermore, the ability to generate tissues from patient-

specific or autologous cell sources through the use of iPSC technology would be a great
advantage in the future application of regenerative medicine therapies, drug screens
and disease modeling.
Through collaboration with Dr. Nathan Palpant during his time as a post-doctoral
fellow in the Murry lab, we generated two distinct populations of endothelial cells by
modulating Activin A and BMP4 signaling to mimic the spatial expression of these
molecules in the developing embryo during mesoderm specification

155

. Dr. Palpant

showed that treatment with high Activin/low BMP4 or low Activin/high BMB4 results in
progenitor populations that resemble the anterior or posterior mesoderm, respectively.
The polarization of the mesoderm is characterized in part by elevated NFATC1 in the
anterior region and elevated HAND1 in the posterior mesoderm, an expression pattern
also observed in our differentiated cell preparations. Furthermore, expression of
NFATC1 is associated with the developing endocardium which ultimately gives rise to
multiple cardiac lineages, including many vascular endothelial cells of the coronary
circulation

13,158

. Taken together, these data suggests that our endothelial differentiation

protocols, in particular for anterior-derived endothelial cells, gave rise to endothelial
cells with similar developmental origins of the coronary vasculature.
The overall goal of this aim was to characterize the endothelial functions of stem
cell derived endothelial cells and determine whether they are a viable option as a
vascular cell source. To assess endothelial function, we evaluated hESC-EC ability to
undergo tubulogenesis and angiogenesis in three-dimensional collagen-based assays.
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We then generated engineered µVs with hESC-ECs and assessed junction formation,
lumen patency, angiogenic sprouting, and endothelial-blood interactions. To further
improve the overall vascularity of the µVs, we incorporated additional hESC-ECs in the
interstitial collagen to induce tubulogenesis and anastomosis with the patterned µV.

3.3. Scientific Methods
3.3.1 Generation of wt, GFP-, and mTm- human stem cell derived endothelial cells
Unless otherwise specified, experiments used cells derived from wildtype or genetically
modified RUES2 (Rockefeller University, NIH 0013) human embryonic stem cells
(hESCs)

that

contained

a

dual-reporter

(mTmG-2a-Puro)

transgene

159

.

All

undifferentiated cells were maintained in colonies on Matrigel (BD Biosciences) coated
plates with mouse embryonic fibroblast conditioned media (MEF-CM) supplemented
with 5 ng/mL human basic fibroblast growth factor (hbFGF) (Peprotech)

115

. To generate

a stable GFP stem cell line, mTmG-2a-Puro hESCs were treated with 5 µM de-salted
Cre recombinase (TAT-Cre, Excellgen) for 24 hours to induce recombination and
excision of TdTomato followed by two 24 hour doses of 5 ng/mL puromycin (InvivoGen)
to purify the recombined population. GFP-expressing cells were expanded and
analyzed for GFP purity using flow cytometry on unfixed and unstained cells. Untreated
cells stably express tdTomato red fluorescent protein (mTm). Endothelial cells were
differentiated as previously described

155,156

. Single cell suspensions of mTm- and GFP-

expressing hESCs were obtained using enzymatic dissociation and re-plated at a
density of 105K cells per cm2 in MEF-CM + 5 ng/mL bFGF and 1 μM CHIR-99021
(Cayman Chemical). When the plated cells reached about 80% confluent monolayer,
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they were fed with day 0 induction media: Activin A (R&D, 100 ng/mL - anterior ECs, 50
ng/mL – posterior ECs) in RPMI (Gibco, with L-glutamine) + B27 supplement
(ThermoFisher, without insulin) and 1X Matrigel. 18 hours post induction, the cells were
fed with BMP4 (R&D, 5 ng/mL – anterior ECs, 40 ng/mL – posterior ECs) and 1 μM
CHIR-99021 in RPMI + B27 (without insulin). 24 hours later, the media was changed to
endothelial induction media: Stempro34 (Invitrogen) containing 200 ng/mL VEGF
(Peprotech), 5 ng/mL bFGF, 10 ng/mL BMP4, 4x10-4 M monothioglycerol (Sigma), 50
μg/mL Ascorbic Acid (Sigma), 2 nM L-Glutamine (Invitrogen) and pen-strep (Invitrogen).
The cells remained in endothelial induction conditions for 72 hours, with no media
changes. At the end of 72 hours (differentiation day 5), endothelial progenitor cells were
harvested for re-plating and flow cytometry analysis. The cultures were fed with fresh
Stempro (with L-glutamine and pen-strep) 1 - 2 hours prior to re-plating to improve
survival and attachment. Cells were then enzymatically harvested to obtain a single cell
suspension and re-plated in 0.2% gelatin coated tissue culture flasks with endothelial
growth media (EGM, Lonza) containing 20 ng/mL VEGF (Peprotech), 20 ng/mL bFGF,
and 1 μM CHIR-99021. An aliquot of day 5 days were stained with CD34 - APC FACs
antibody (BD 555824, 1:4) and analyzed with flow cytometry to determine differentiation
efficiency of endothelial progenitors. Re-plated cells were maintained in EGM with
CHIR-99021, bFGF, and VEGF (EGM + Factors). In all experiments, hESC-ECs were
harvested at differentiation day 12 – 14 and then used to generate engineered
microvessels. Aliquots of differentiated cells were stained with CD31 – PE FACs
antibody (BD 555446, 1:4) and analyzed with flow cytometry to determine endothelial
purity. All staining for flow cytometry was done on live cells. Aliquots were washed in
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PBS containing 5% FBS, resuspended in DMEM media (Corning) with conjugated
antibody, and kept in the dark on ice for 45 min. Stained cells were washed and
analyzed immediately with FACs Canto II cell analysis instrument and FlowJo Software.

3.3.2 Endothelial morphology and marker analysis in 2D.
Day 14 cells were grown to confluency overnight after re-plating at 100K/cm2 on 0.2%
gelatin coated coverslips. For comparison, passage 5 Human Umbilical Vein Endothelial
Cells (HUVECs – Lonza #CC-2517) were plated at the same time and analyzed
concurrently. Cells were fixed and stained for CD31, Ki67, and Von Willebrand Factor.
Briefly, fixed cells were blocked in 2% BSA and 0.5% Triton X-100 in PBS for one hour
followed by an overnight incubation with primary antibodies (Rb pAb to hCD31 (abcam
28364), Ms pAb to VECadherin (abcam 7047), and Rb pAb to Ki67 (abcam 16667)).
Samples were washed with PBS and incubated with secondary antibodies for 1 hour at
room temperature (Alexa Fluor 488 Phalloidin (Invitrogen A12379), Sh pAb to Von
Willebrand Factor (abcam 8822), Alexa Fluor goat anti-mouse 647 (Invitrogen A21235),
Alexa Fluor goat anti-rabbit 568 (Invitrogen A11011)) and counterstained with Hoechst
33342 (Sigma B2261). Images were acquired on a Nikon TiE inverted widefield
fluorescence microscope. Proliferation was quantified by manually counting the
percentage of Ki67 positive cells in anterior, posterior, and HUVEC populations.

3.3.3 Tubulogenesis and angiogenesis assays
Type I collagen was extracted from rat tails as previously described

102

and dissolved in

0.1% acetic acid at a concentration of 15mg/mL and stored at 4°C. Before use, collagen
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gel was neutralized and diluted to its final concentration with 1M NaOH (20 mM final),
EGM, and 10X M199 (Sigma M0650). Tubulogenesis: The gel was then mixed with day
14 cells at a density of 2x106 cells/mL (final collagen concentration: 2mg/mL), pipetted
into 4mm diameter well (10uL volume) of angiogenesis μ slides (Ibidi), and allowed to
gel for 20 minutes at 37°C. Cultures were fed with EGM supplemented with 20ng/mL
VEGF, 20ng/mL bFGF, and 1uM Chiron (EGM + factors) for 2 days, fixed, and stained
for CD31 and Phalloidin. Angiogenesis: Day 14 endothelial cells were seeded on top of
acellular 2mg/mL collagen disks (4mm D x 2mm H) at a density of 400 k/mL and fed
with EGM + factors for 3 days. Samples were fixed and stained for phalloidin and CD31.
Three dimensional z stack images of both angiogenesis and tube formation assays
were acquired on a Nikon A1R confocal microscope. Maximum intensity projections and
orthogonal views were obtained using Fiji software. Angiogenic sprouting was quantified
by manually counting the number of sprouts extending downward from the monolayer
and the average length of sprouts. The number of sprouts was normalized to the
surface area of the monolayer (n: 3 biological replicates).

3.3.4 Fabrication and culture of engineered microvessels
A detailed protocol microvessel generation using injection modeling and soft lithography
was previously published

102,103

. Briefly, collagen was neutralized and diluted to 6

mg/mL on ice as described earlier in this chapter. For experiments containing hESCECs in the bulk collagen, the cells were added after the collagen was neutralized at a
density of 3 x 106 per mL, and the volume of EGM was adjusted accordingly to
compensate for the additional volume of cells. Specially designed devices that contain
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Figure 3.1 – Schematic of endothelial functional assays

holes for collagen injection, inlet, and outlet were used during injection molding,
assembly, and microvessel culture. The microchannels were created by molding liquid 6
mg/mL collagen (acellular (µV only) or hESC-EC containing (µV+SA)) around a
microfabricated polydimethylsiloxane (PDMS) stamp that contains vessel network
geometry: 3 x 3 structure with 100 µm feature height was used to generate the network
pattern. After gelation, the channel was enclosed with a separately generated flat layer
of collagen to create embedded microfluidic channels surrounded by native collagen
matrix on all sides. Day 14 mTm-hESC-ECS were seeded in the channel by perfusing at
a density of 10 x 106 per mL. The cells were allowed to circumferentially attach
overnight in static conditions followed by culture under gravity driven flow for 4 or 7 days
with EGM + factors media. Gravity driven flow is generated by replacing the media at
the device inlet every 12 hours for the duration of the culture period. These culture
conditions generate sheer stresses on the order of 0 – 10 dyne per cm2 with a time
average of 0.1 dyne per cm2 and the highest sheer application immediately after media
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replacement

102

. Basic schematics of the three endothelial function assays used in this

chapter are illustrated in Figure 3.1.

3.3.5 Analysis of in situ microvessel immunofluorescence and bead perfusion
Engineered vessels were perfusion-fixed after 4 or 7 days in culture with 3.7 %
formaldehyde (Sigma) for 20 minutes followed by 3x 20 min PBS washes. Samples
were blocked in 2% BSA (Sigma) and 0.5% Triton X-100 (Sigma) in PBS for one hour
followed by an overnight incubation with the following primary antibodies at 4°C: rabbit
pAb to hCD31 (abcam 28364, 1:25), mouse pAb to VECadherin (abcam 7047, 1:50),
rabbit pAb to DsRed (abcam 16667, 1:100), and goat pAb to GFP (abcam 5450, 1:400).
One hour incubation with the following secondary antibodies, conjugated primary
antibodies, and nuclei counterstains was performed at room temperature: sheep pAb to
Von Willebrand Factor (abcam 8822, 1:100), donkey anti-goat Alexa Fluor 488
(Invitrogen A11055, 1:100), donkey anti-mouse Alexa Fluor 647 (Invitrogen A31571,
1:100), donkey anti-rabbit Alexa Fluor 594 (Invitrogen A21207, 1:100), and Hoechst
33342 (Sigma, 1:250). Three dimensional z stack images were acquired on a Nikon
A1R confocal microscope with all image post processing and quantification done with
ImageJ software. GFP-hESC-EC density and lumen size were quantified in µV + SA
devices by applying a threshold to maximum intensity projections of the GFP channel
followed by ImageJ particle analysis (particles less than 20 µm2 in size excluded to
account for background) within the specified distance ranges from the microvessels: [0 300 µm], [300 - 600 µm], and [600 - 900 µm]. Endothelial sprouts were quantified with
either DsRed stained microvessels (µV + SA) or CD31 stained microvessels (µV only)
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to determine sprouting from the patterned microvessel since GFP-hESC-ECs also
express CD31. Sprouts were manually counted and their lengths and diameter
measured using 3D orthogonal views and z-stack images in ImageJ. The number of
sprouts was normalized to the surface area of the endothelium. After all confocal
images were collected, vessels were perfused with 1.0 µm red fluorescent beads
(Thermo Fisher F13083, 1 x 1010 beads per mL, 580/605) diluted 1:30 in PBS.
Brightfield and fluorescent time series were collected with no delay at 10X magnification
on a Nikon high resolution wide-field microscope. Bead velocity was quantified with
ImageJ using manual particle tracking in both sprouts and the patterned microchannel
(D > 100 µm). Perfusion area was quantified by measuring the total area of perfused
beads in large images that were manually stitched together with ImageJ software from
smaller 10X. For each vessel, the stitched image encompassed a field of view twice the
area of the original pattern boundary.

3.3.6 Whole blood perfusion and analysis of platelet accumulation
Fresh blood (in 0.129 M sodium citrate) was obtained through Puget Sound Blood
Center under University of Washington Institutional Review Board (IRB) approved
protocols from consenting healthy donors. The blood was labeled with FITC-conjugated
CD41a antibody (BD 555466) for 20 min at room temperature to label platelets followed
by immediate perfusion through the PBS-washed live microvessels at sheer stresses
between 10 and 30 dyne per cm 2 for 15 to 30 minutes. All blood perfusion experiments
were done in mTm-hESC-EC seeded microvessels that were cultured for 4 days.
Brightfield and fluorescent no delay time series were collected at 10X magnification on a
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Nikon high resolution wide-field microscope to visualize red blood cell movement and
platelet accumulation of the vessel walls. Platelet adhesion was quantified by measuring
the area of CD41+ signal over time and normalizing to vessel wall surface area.

3.4 Results
3.4.1 Anterior and posterior derived ECs display proper endothelial morphology.
Previous work by Dr. Palpant demonstrated that anterior and posterior derived
endothelial cells exhibited marker expression consistent with endothelial development.
Day 5 cells were greater than 90% CD34+/KDR+ purity and greater than 75%
KDR+/VE-cadherin+, while unsorted cells grown out to day 14 were greater than 95%
CD31+ suggesting that endothelial growth conditions selectively enrich for purified EC
populations 155. We analyzed endothelial junction morphology of cells that were

Figure 3.2 – 2D
characterization
of
endothelial
marker
expression
and
proliferation.
(A)
Immunohistochemica
l staining of CD31
junctions (red), vWF
granules (green), and
Hoechst (blue). (B)
Ki67 staining (red)
and (C) proliferation
quantitation
[N:
biological replicates
(# of scored cells) =
3(302), 3(246), and
2(252), respectively].
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differentiated and maintained in endothelial favorable conditions for two weeks and
found that both anterior and posterior derived ECs expressed junctional endothelial
CD31 and contained Von Willebrand Factor granules in 2D immunohistochemistry
assays demonstrating morphological similarity to mature endothelial cells, such as
HUVECs (Fig 3.2A). Staining for Ki67, a cellular marker for proliferation, revealed little
difference between the two EC types (Fig 3.2B). Both stem cell derived ECs had fewer
Ki67 positive cells compared to HUVECs although this difference is only significant for
the posterior derivatives (Fig 3.2C). No significant differences between anterior and
posterior ECs were observed in these assays.

3.4.2 hESC-ECs can be generated from multiple stem cell lines.
To assess the consistency of obtaining definitive endothelial cells from stem cell
sources, we assessed endothelial CD31 expression of day 12 anterior and posterior
derived ECs differentiated from four stem cell lines. In identical differentiation
conditions, only the human embryonic stem cell line RUES2, but not Elf1, yielded proper
endothelial cobblestone morphology with expression of junctional CD31 (Fig 3.3A).
Likewise, of the induced pluripotent stem cell lines tested, only IMR90, but not VN1,
resulted in junction formation and characteristic cobblestone phenotype (Fig 3.3B). Our
success in generating both anterior and posterior ECs from IMR90 iPSCs in addition to
the RUES2 hESCs confirmed that our differentiation protocol for stem cell derived
endothelial cells is applicable for multiple cell lines, including induced pluripotent stem
cells. However, additional modifications (i.e. factor concentrations, induction timing, etc.)
will be required for robust EC generation from multiple cell lines.
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Figure 3.3 – EC generation from multiple stem cell lines. Morphological
characterization of endothelial cells derived from alternative stem cell sources.
CD31 junction (red) and Hoechst (blue) immunohistochemistry of ECs from (A)
human embryonic stem cell lines, RUES2 and Elf1, and (B) induced pluripotent
stem cell lines, IMR90 and CEM.
3.4.3 Anterior and posterior derived hemogenic endothelium yield functionally distinct
endothelial cells.
A fundamental function of a definitive endothelial cell is its ability to undergo
tubulogenesis or form lumens within 3D matrix. Tube assays are consequently a
common way to assess endothelial function and study vascular phenomena such as
vessel maturation, stabilization, and basement membrane deposition
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. The tube

formation proficiency of both anterior and posterior derived ECs was evaluated by
culturing the cells in a 3D type I collagen matrix for two days which is sufficient for
lumen formation. Both cell types formed tubular structures in the collagen matrix (Fig
3.4A). Importantly, we found that both anterior and posterior derived networks contained
open lumens (Fig 3.4A, XY view) although these lumens contained limited organization
with no hierarchical structure as expected.
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Figure 3.4 – 3D functional demonstration of hESC-ECs. (A) Tube formation assay:
confocal image of Phalloidin (green) and Hoechst (blue) (top panel) with orthogonal
views (middle panel) and zoomed in orthogonal view (bottom panel). (B) Monolayer
angiogenesis assay with orthogonal view below: confocal images of Phalloidin
(green), CD31 (red), and Hoechst (blue). (C) Engineered vessels seeded with either
anterior (top) or posterior (bottom) ECs. Confocal large image z-stack projection with
CD31 (red) and Hoechst (blue). (D) Scanning electron microscope image of anterior
EC seeded microvessel. (E) Quantitation of number of sprouts normalized to lumen
surface area (#/mm2) and (F) the average sprout length (μm). (D-E) N: 3 biological
replicates (*p<0.05; **p<0.01)
To further assess endothelial function, we performed monolayer angiogenesis
assays and evaluated the number and length of sprouts extending into the collagen
matrix from the monolayer. We found that both anterior and posterior derived cells have
similar but mild angiogenic sprouting capacity in these static conditions (Fig 3.4B).
Endothelial cells are known to respond to different environmental conditions such as
matrix composition
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, shear stress

162

, and biochemical factors

163

, and conventional

assays such as tubulogenesis and monolayer angiogenesis for assessing endothelial
function, while informative, are not ideal. We therefore generated engineered µV with
both anterior and posterior derived ECs to simulate a more physiological environment
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with 3D lumen geometry and laminar flow. Both anterior and posterior ECs formed intact
perfusable vessels in this microfluidic platform with robust expression of junctional
CD31 (Fig 3.4C). Interestingly, the presence of shear stress (ranging from 0.1-10
dynes/cm2) in the engineered microvessel platform resulted in an increase in the
number and length of angiogenic sprouts in microvessels seeded with anterior ECs
compared to monolayer angiogenesis assays and microvessels seeded with posterior
ECs (Fig 3.4E-F). Through scanning electron microscopy, we further characterized the
anterior EC µVs and detected open sprouts from the inside of the µV lumen (Fig 3.4D).
Figure 3.5 – Additional
junctional staining of ECs in
µVs. Confocal image of
engineered microvessels with
anterior EC (left) or posterior
EC
(right).
Z-stack
projections
with
corresponding YZ orthogonal
view displayed to the right
stained with (A) CD31 (red),
vWF (green), and Hoechst
(blue) or (B) VE-cadherin
(magenta)
and
Hoechst
(blue). Scale bar: 100 μm.
We analyzed engineered microvessels for expression of VE-cadherin in addition to
CD31 junctional staining and found that only posterior derived microvessels expressed
junctional VE-cadherin consistently, while both anterior and posterior ECs showed
consistent CD31 expression (Fig 3.5) suggesting molecular differences between the two
derivatives that contributed to their distinct flow responses. Taken together, these
results demonstrated that we are able to generate definitive, functional endothelial cells
from stem cell sources.
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3.4.6 Angiogenic and tubulogenic vascular remodeling in human stem cell derived
engineered vasculature.
For the remainder of this aim, we focused entirely on anterior-derived endothelial cells,
abbreviated hESC-ECs for simplicity, due to their angiogenic potential. Given their high
angiogenic nature human engineered µVs, we sought to utilize their functionality to
promote further anastomosis and increased vascularity in vitro by including hESC-ECs
in the surrounding interstitial collagen matrix. In order to distinguish hESC-ECs seeded
in the µV from hESC-ECs seeded in the collagen, we first generated endothelial cells
from a dual reporter RUES2 human stem cell line (mTmG-2a-puro RUES2
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) that

stably express either TdTomato red fluorescent protein or GFP following Cre-mediated
recombination (Fig 3.6A). Both mTm- and GFP-hESCs differentiated into day 5
progenitor populations with greater than 50% purity as seen by CD34 expression, a
surface marker expressed by both hematopoietic and endothelial populations (Fig 3.6B)
164

. Importantly, long term GFP expression was observed in recombined cells after

differentiation (Fig 3.6B). After an additional week in endothelial culture conditions,
endothelial populations arose with greater than 98% purity by day 14 as shown by flow
cytometry with endothelial junction protein, CD31 (Fig 3.6C). Engineered µV were
generated with mTm-hESC-ECs comprising the channel-lining endothelium and GFPhESC-ECs embedded in the surrounding collagen matrix (Fig 3.7A). mTm-hESC-ECs
formed intact patent µVs that retained the original patterned geometry (Fig 3.7B) and
exhibited

high

angiogenic

activity

(Fig.

3.7C-D).

GFP-hESC-ECs

underwent

tubulogenesis to form self-assembled (SA) lumens in the surrounding collagen matrix,
some of which integrated and formed anastomotic connections with sprouting mTm-
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hESC-ECs (Fig 3.7E-F and SV6). In addition to anastomosis between SA lumens and
the outgrowing endothelial sprouts, GFP-hESC-ECs integrated with the µV by directly
connecting newly formed lumens to the patterned µV, and by migration and
incorporation of single cells into the endothelial wall of sprouts and µV pattern (Fig
3.7F). These data demonstrate that engineered µVs can be combined with standard
Figure
3.6
–
Generation of mTmand GFP- hESCECs.
(A)
Dual
fluorescent reporter
stem
cells
that
express GFP after
Cre
recombinase
treatment.
FACs
analysis
of
(B)
CD34 expression in
Day 5 progenitors
and
(C)
CD31
expression in Day
14 endothelial cells.

endothelial tubulogenesis principles to generate highly vascularized constructs with both
capillaries and small arteriole conduits. Endothelial plasticity, in particular endothelial to
mesenchymal transition (EndoMT), is a hallmark of endothelial behavior that plays a
large role developmentally
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, but can also result in drastic phenotypic changes in

endothelial cells in 2D tissue culture that are not representative of the cells phenotype in
vivo

166

.

We evaluated expression of additional markers associated with definitive

mature endothelial cells to assess hESC-EC behavior in µV culture and ensure a
continued endothelial phenotype. Expression of endothelial junctional proteins, vascular
endothelial cadherin (VE-cadherin) and platelet endothelial cell adhesion molecule
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(PECAM-1 or CD31), as well as Von Willebrand factor (VWF) was observed (Fig 3.8A)
suggesting the seeded endothelial cells maintained endothelial phenotype for the
duration of the culture period.

Figure 3.7 – In vitro anastomosis between mTm-hESC-EC engineered microvessels
and GFP-hESC-EC self-assembled (SA) lumens (μV + SA). Staining: dsRed (red) and
GFP (green) to detect mTm- and GFP- expressing hESC-ECs, respectively. (A) Device
schematic. (B) Network structure. (C) Confocal large image and maximum intensity
projection (MIP) of a μV + SA construct cultured for 4 days. Scale bar: 500 μm. (D)
High magnification view of region (i) from panel C at a single z location (left) and a YZ
orthogonal view (right) at the section depicted by the dotted white line. The arrows
depict open GFP+ lumens (white) and sites of GFP-hESC-EC integration with the
vessel wall (yellow). Scale bar: 100 μm. (E) High magnification MIP (left) of GFPhESC-EC lumen from region (ii) in panel C with corresponding orthogonal view (right).
Scale bar: 50 μm (nuclei, blue) (F) High magnification MIP images of GFP-hESC-ECs
associated with mTm-hESC-EC patterned vessel. Scale bar: 50 μm.
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Figure 3.8 – Assessment of endothelial sprouting in patterned µVs with and without
surrounding GFP-hESC-ECs. (A) MIP image from a μV only device of an endothelial
sprout expressing CD31 (red), VE Cadherin (white), and von Willebrand factor (VWF)
(green). Hoechst-stained nuclei are shown in blue. Scale bar: 50 μm. (B) Maximum
intensity projection (MIP) image of immunofluorescent confocal z-stacks of day 4 (top
panel) μV only and (bottom panel) μV + SA devices stained for DsRed and GFP to
detect mTm- and GFP-hESC-ECs, respectively. Hoechst-stained nuclei are shown in
blue. Scale bar: 500 μm. (C-D) Quantitation of sprouts from patterned microchannels at
day 4 and 7 of μV only (N = 6, 4) and μV + SA (N = 7, 3). (C) The number of sprouts
per vessel surface area. (D) Average sprout length. (E) Average sprout diameter.
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To assess how hESC-ECs in engineered µVs remodel over time and to
determine if the presence of surrounding SA lumens induces functional changes in the
seeded hESC-ECs, we generated mTm-hESC-EC-seeded µVs fabricated with acellular
collagen (µV only) and compared them to mTm-hESC-EC-seeded µVs with surrounding
GFP-hESC-ECs (µV + SA) (Fig 3.8B). While hESC-ECs remodel extensively and sprout
into the collagen matrix, the overall number of sprouts per vessel surface area was not
found to be significantly different between µV only and µV + SA groups or from day 4 to
day 7 in culture (Fig 3.8C). The sprout length and diameter, however, increased over
time between 4 and 7 days of culture in µV only devices, with an overall increasing
trend in both sprout length and diameter in the µV + SA devices over time and
compared to µV only (Fig 3.8D-E). This suggests that the surrounding GFP-hESC-ECs
may help establish and stabilize endothelial sprouts.
By analyzing SA lumen density as a percentage of occupied area and average
lumen size, we found that GFP-hESC-EC morphology declined with increasing distance
from the µV wall in µV + SA devices (Fig 3.9A–C). GFP-hESC-ECs were analyzed in
three defined regions: from 0 to 300 µm, 300 to 600 µm, and 600 to 900 µm from the
vessel wall. SA lumen density significantly decreased with increased distance from the
µV after 7 days in culture with a clear decreasing trend after just 4 days (Fig 3.9F). The
average size of SA lumens that were near the vessel wall (within 300 µm) was
significantly larger than lumens greater than 600 µm from the wall after 4 and 7 days of
culture (Fig 3.9B). These findings suggest that the patterned µV helps sustain the
survival and promotes better formation of SA lumens within a certain distance that is
compatible with known diffusion limits in collagen.
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Figure 3.9 – Engineered µV
influence on surrounding lumens.
(A-B) Quantification of (A) GFP
EC density expressed as percent
area and (B) GFP lumen size in
relation to proximity to the
patterned vessel in day 4 and
day 7 μV + SA devices. Data was
quantified in at least three
replicates at three distances from
the vessel wall: 0 – 300 μm, 300
– 600 μm, and 600 – 900 μm (xaxis). (C) MIP images of GFP
tubulogenesis (i) within 300 μm
(ii) between 300 μm and 600 μm
and (iii) between 600 μm and 900
μm from the vessel wall (GFP,
green; nuclei, blue; scale bar:
100 μm). (statistical significance:
* p < 0.05).

3.4.7 In vitro perfusion analysis of engineered microvessels and angiogenic sprouts.
We analyzed the patency of engineered µVs and endothelial sprouts by performing
fluorescent bead perfusion experiments on µV only and µV + SA devices. Perfused
beads immediately filled the endothelial-lined patterned microchannels and began to fill
endothelial sprouts (Fig 3.10A and SV7). To better characterize the perfusion dynamics
of the µVs, the beads were manually tracked and the velocity calculated for flow in
endothelial sprouts and in the main µV channel (Fig. 3.10A–C). Bead velocity
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Figure 3.10 – Bead perfusion analysis of µVs with (µV + SA) and without (µV only)
self-assembled GFP ECs. (A) Example image of sprouts filled with the perfused
fluorescent beads within µV only device. An enlarged view of the outlined region in
panel A is shown at two timepoints, to (i) and t1 (ii), 0.27 seconds apart. Red arrows
track the movement of fluorescent beads used to calculate velocities. (B)
Quantification of bead velocity distribution shown in relation to vessel diameter. (C)
Average bead velocity for sprouts with diameter less than 50 µm at day 4 and day 7
for both groups. (D) Example image of perfused sprouts/vascular connections in a
µV + SA device. High magnification views of regions (i) and (ii) of panel D with
corresponding in situ staining for mTm hESC-ECs (DsRed +, red) and GFP hESCECs (GFP +, green). N = 2-4 per group. (statistical significance: * p < 0.05).
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was plotted in relation to vessel diameter to display the overall increase in velocity with
increased velocity diameter although the spread of this data was quite high. The high
variation in the velocity of the µV channel is likely due to differences in the diameter of
the µV channel (diameter > 100 µm) which can be attributed to experimental variation
during microvessel fabrication and endothelial remodeling of the collagen. For sprouts
with diameter less than 50 µm, the average bead velocity was significantly higher in day
7 µV + SA devices which was measured at 87.9 ± 5.6 µm/s compared to 42.6 ± 8.4
µm/s in day 7 µV only devices (Fig 3.10C). Velocities in the main µV channel of day 7
µV + SA and µV only devices were not statistically different at 259.9 ± 59.3 µm/s and
215.1 ± 91.33 µm/s, respectively. In subsequent immunofluorescent imaging, perfused

Figure 3.11 – Total perfused area with and without anastomosis. (A) Quantification of
perfused area (mm2) in bead perfusion experiments for µV only and µV + SA
constructs at day 4 (N = 1,1 respectively) and day 7 (N = 3,2). Large images were
manually stitched together with ImageJ software using smaller 10X images of each
vessel for both (B) µV only and (C) µV + SA groups. For each vessel, the stitched
image encompassed a field of view twice the area of the original pattern boundary
(shown in red) or 40% greater in each direction.
sprouts that composed both GFP positive SA lumens and mTm positive µV sprouts
were identified suggesting that sites of anastomosis between the SA lumens and the
patterned µV were patent and perfusable (Fig 3.10D). Despite these perfusable
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connections, the overall perfused area of the constructs was not significantly different in
µV + SA devices compared to µV only devices (Fig 3.11A-C) suggesting that the
anastomotic events between SA lumens and the patterned µV were not yet sufficient to
create an overall more perfused tissue.

3.4.8 Human stem cell-derived engineered microvessels are non-thrombogenic. To
investigate the interaction between blood and hESC-EC-derived engineered µVs, we
perfused citrate-stabilized whole blood. The perfused blood immediately filled the
patterned µV with subsequent perfusion of the endothelial sprouts (SV8 and SV9). In
cases where sprouts connected two different regions of the patterned vessel, usually
near corners, individual red blood cells were seen flowing through (Fig 3.12A and SV9).
Importantly, red blood cells did not clump or adhere to the vessel and could be
completely washed out of the vessel without obstructing flow (Fig 3.13A). Labeled
platelets (platelet-specific glycoprotein IIb, or integrin αIIb (CD41a) positive) were used
to visually track thrombi formation and platelet adhesion on the vessel wall. We found
that platelets did adhere to the vessel wall of engineered µVs but thrombosis did not
occur (Fig 3.12B and SV10). The average platelet adhesion in three µVs during the first
three minutes of perfusion was quantified and found to be 1.07 ± 0.33 %, 1.14 ± 0.30 %,
and 1.12 ± 0.11% at 1, 2, and 3 minutes, respectively which suggests that no significant
increase in platelet accumulation and aggregation occurred (Fig 3.13B). Furthermore,
the extent of platelet accumulation remained low (around 2 - 3% of the vessel wall
surface area) in vessels perfused for longer than 10 minutes (Fig 3.12B-C). In a
separate device, blood was perfused for an additional 8 minutes to demonstrate the
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Figure 3.12 – Whole blood perfusion of hESC-EC µVs. (Ai-Aiii) Time sequence of
red blood cell movement inside sprout. Total time difference between (i) and (iii): Δt =
2.88 s. Yellow arrowheads tracks the movement of a single red blood cell. (B) Time
sequence of CD41a-labeled platelet (green) accumulation over time at (i) 1 min (60
s) (ii) 3 min (180 s) and (iii) 10 min (600 s). Insets show magnified regions of the
vessel wall are shown (C) Quantification of platelet adhesion. Data is expressed as
% of the vessel wall surface area. Inset: quantification of platelet adhesion in a
separate device with longer time scale. (D) Brightfield stitched large image of
patterned vessel perfused with red blood cells. (E) Maximum intensity projection of a
confocal z-stack image of endothelium and adhered platelets after 30 minutes of
perfusion. Immunofluorescent staining for endothelial junctions (CD31, red), integrin
αIIb, (CD41a, green), and nuclei (Hoechst, blue).
continued low platelet accumulation which stabilizes at around 1.9% (Fig 3.12C, inset).
Overall, red blood cells moved through the patterned µVs freely, perfusing into sprouts
and filling the entire microvascular area demonstrating that the observed platelet
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adhesion was minimal and not sufficient to induce thrombi formation (Fig 3.12D).
Although platelets do not normally interact with quiescent endothelial cells at all, they
have been shown to play a role in preventing hemorrhage in angiogenic vessels

167

.

Indeed, subsequent immunofluorescent staining of blood-perfused µVs revealed that
adhered platelets (CD41a, green) were localized to endothelial junctions (CD31, red)
(Fig 3.12E) suggesting they may be facilitating junction repair of the actively remodeling
and sprouting µV.

Figure 3.13 – Whole blood perfusion and washout. (A) Red blood cell
perfusion through microvascular network (left) and red blood cell clearance
after 4 minutes (right). (B) Average platelet accumulation as a percentage of
the vessel wall surface area at 1, 2, and 3 min (N=3).

3.5 Discussion
Human pluripotent stem cells are a promising cell source for therapeutic applications,
yet achieving efficient and specific cell fate specification is a major challenge. While
robust cardiomyocyte differentiation has been achieved at high purities with
comprehensive functional characterization

168–171

, endothelial differentiation is less well

established. Endothelial cells have previously been generated from pluripotent stem
cells

172,173

, but their characterization has been largely limited to FACs analysis of

marker expression and basic tubulogenesis assays in matrigel. Furthermore, the
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original paradigm that all endothelial cells are the same has gradually shifted as it’s
become clear that organ-specific and lineage-specific heterogeneity results in vast
differences in endothelial morphology and their interactions with the tissue
microenvironment

174–176

. Moving forward, the ability to differentiate endothelial cells

with organ-specific phenotypes would have many implications in vascular regeneration
therapies as well as in the study of vascular disease which are also known to be
affected by endothelial heterogeneity 176.
Our findings that anterior and posterior derived hESC-ECs expressed key
endothelial proteins (von Willebrand factor (VWF), VE-Cadherin, and PECAM-1/CD31)
and displayed important functions such as tubulogenesis and angiogenesis provided
substantial evidence that endothelial cells can be generated from specific mesoderm
lineages with mature endothelial cell characteristics. In traditional tube assays, mature
endothelial cells, such as HUVECs, rarely form networks with hierarchical structure or
complete connectivity in the absence of additional physiological cues or guidance

100

.

Although the formation of self-assembled tubes with the beginnings of hierarchical
structure has been achieved by applying physiological pressure drops and interstitial
flow

89

, the lack of hierarchical structure formation in static conditions continues to

hinder efforts to study endothelial behavior in 3D and in response to flow. To better
characterize endothelial function, we fabricated engineered 3D microvascular networks
with hESC-ECs and found that anterior- and posterior- derived cells formed patent
endothelium with strong junction formation and robust angiogenic behavior. A key
finding of this study was that when exposed to shear stress in engineered microvessels,
anterior-derived and posterior-derived endothelial cells displayed functionally distinct
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characteristics in terms of their angiogenic potential. Flow induced sprouting is
consistent with a recent study that demonstrated increased angiogenesis in response to
fluid shear stress

177

, but the drastic difference between sprouting in anterior versus

posterior derived microvessels was surprising. The idea that endothelial cellular
response to shear is governed by an internal “set point” or threshold is an emerging
theory

177

that could explain in part the differences observed here. Additionally, VE-

cadherin is thought to be a part of a mechanosensory complex along with CD31 and
VEFGR2 that modulates endothelial response to flow

162

. Further evidence that VE-

cadherin junctions may play a role in suppressing angiogenic sprouting

178

is consistent

with our findings that anterior-derived hESC-EC microvessels express VE-cadherin to a
lesser degree.
To utilize the increased angiogenic nature of anterior-derived hESC-ECs, we
generated engineered vasculature with high vascularity by incorporating interstitial
tubulogenic hESC-ECs. This resulted in constructs containing large conduits for
facilitating vascular perfusion, as well as capillaries to increase the overall vascular
density of the grafts. Our finding that the interstitial hESC-ECs formed perfusable
anastomotic connections with the patterned vasculature demonstrated the success of
this approach, although the anastomotic connections were not sufficient to increase the
overall perfused area yet. Further strategies to encourage additional remodeling could
be employed such as continuous flow conditions, incorporation of perivascular cells, etc.
In addition to connections between newly formed tubes and microvessel sprouts, some
interstitial hESC-ECs were found to integrate directly into the vessel wall. Interestingly,
endothelial progenitor cells have been shown to incorporate into active sites of
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angiogenesis in animal models of ischemia

179

, a mechanism which may have been at

play in our experiments.
In normal healthy vasculature, the endothelium is non-adhesive and antithrombotic allowing blood to flow unobstructed throughout the body. Activated
endothelial cells secrete adhesion proteins which initiate thrombosis
associated with the progression of many vascular diseases

180

and are

43

. One of the early clinical

concerns with vascular grafts, and in particular small diameter vessels, is the tendency
for thrombosis to occlude the implant resulting in graft failure
183,184

and other chemical-based modifications

185,186

181,182

. Endothelialization

have been employed to prevent

blood clot occlusion by rendering the surface non-thrombogenic, an essential
characteristic of any graft intended to connect with host blood flow. Our studies to
evaluate endothelial interactions with whole blood demonstrated that hESC-ECs are
non-thrombogenic when exposed to direct contact with blood. We found that while some
platelet adhesion did occur, the accumulation stabilizes over time at about 2% of the
vessel wall area. This data is consistent with observed platelet adhesion in nonactivated HUVEC-seeded µVs, which remained below 3% after 15 minutes of perfusion,
whereas significant platelet adhesion was observed in PMA-activated HUVECs within
the first few minutes of perfusion

102

. Collectively, this data demonstrates that anterior

derived hESC-ECs form functional vascular networks in vitro with high vascularity,
robust junction formation, sprouting angiogenesis and anastomosis, and important
physiologic platelet interactions that render the endothelium non- thrombogenic. Moving
forward, hESC-ECs may have great potential for successful application in vascular
engineering and regenerative strategies.
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Chapter 4.
Host integration of patterned vasculature with real time assessment
of vascular perfusion using optical microangiography (OMAG)

Parts of this chapter were published in the following co-first authored manuscript: 187
Note: maiden name – Roberts


Qin, W.*, Roberts, M.A.*, et. al. Depth-resolved 3D visualization of coronary
microvasculature with optical microangiography. Physics in Medicine and Biology
61(21): 7536-7550. PMID: 27716639.

4.1 Abstract
Treatments that utilize regenerative strategies to replace damaged myocardial tissue
have been the focus of many pre-clinical studies in small and large animal models.
Progress in this area is hindered by the lack of revascularization of the scar and the
slow and ineffectual vascular infiltration of implanted tissue grafts. Furthermore, while
some efforts to assess vascular integration in this context have been made, dynamic
graft perfusion analysis has not been done. Here, we developed a novel application of
optical microangiography (OMAG) to image and quantitate vascular flow in tissueengineered epicardial patches in a Langendorff perfused rat heart. OMAG is a Doppler
based technique that distinguishes between moving and stationary particles and has
previously been used extensively to visualize blood flow in vivo. We performed OMAG
image acquisition during retrograde aortic perfusion of Intralipid to visualize coronary
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vasculature with high resolution in hearts arrested in diastole and perfusion fixed.
Increased perfusion pressure correlated to both an increase in the area density of
perfused vessels and to an increase in signal intensity, which correlates to flux. To
assess vascular perfusion and integration of vascular grafts, we implanted patterned
and unpatterned microvascular constructs in a rat model of myocardial infarction. At day
5 post implantation, patterned microvessels had increased perfusion area and vessel
area density compared to unpatterned controls, as well as an increase in flow velocities
that were comparable to those in healthy myocardial regions. Histological detection of
the grafts revealed that implanted human cells survived implantation and formed
vascular lumens that contributed to the overall perfusion of the grafts. To our
knowledge, this is the first demonstration of improved graft perfusion dynamics through
the use of patterned vasculature in an injured heart model.

4.2 Rationale
Vascular integration is a vital aspect in the treatment of myocardial infarction with
engineered tissues. Historically, efforts to vascularize tissue grafts have relied on
angiogenesis from the host and the vasculogenesis of endothelial cells seeded
alongside engrafted myocytes. Several studies have shown that while vessels
originating from the host do infiltrate these cardiac grafts

70,78,116,123

vasculature capable of efficiently transporting blood does not develop

, hierarchical

107

. The process

of arteriogenic remodeling from de novo lumens into a hierarchical connected network
requires pre-existing vessels and is a complicated process that can take several
weeks—much too long to satisfy the relative immediate perfusion needs of tissue grafts

79
188

. To combat this problem, efforts to pre-fabricate perfusable arteriole-scale

vasculature within tissue constructs have been extensively investigated in our lab and in
others

105,189

. In addition to construct pre-vascularization, the feasibility and importance

of direct anastomosis between the engineered vessels and host blood vessels has been
demonstrated in two recent seminal studies, one that implanted vascularized cardiac
tissue in the rat neck

189

, and one in the hind-limb

190

. The beating heart, however,

poses a major technical challenge and as such direct anastomosis with coronary
vasculature has not been achieved. Although direct anastomosis would be ideal, there
is some evidence that in the absence of establishing an immediate physical connection
to host vessels, prior vascular organization in grafts can promote better overall
integration

87,191

. Presumably, this effect may in part be owed to topographical cues that

provide guidance to penetrating host blood vessels 83,101,192.
To further compound the difficulties of coronary vascular integration, most of the
work that has been done in this field did not directly assess graft perfusion rates in real
time. Rather, the degree of integration was evaluated in histological sections by the
presence of red blood cells or the detection of perfused lectins or other dyes. While
informative, these analyses were not able to determine whether the integrated vessels
could effectively transport blood at physiological levels. Indeed, although blood has
been detected in grafts vessels, some evidence suggests that perfusion rates in grafts
of this nature are sluggish presumably due to a lack of hierarchical structure

107

. As

vascular engineering strategies advance, it is essential that perfusion dynamics are
assessed to extract more meaningful comparisons of relative effectiveness. Towards
this end, we developed a novel application of optical coherence tomography (OCT)-
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based optical microangiography (OMAG) to image real-time coronary perfusion in
Langendorff- perfused and fixed rat hearts. With this technique, hearts fixed in diastole
and perfused with Intralipid at physiologic pressures were used to obtain detailed
images and flow dynamics of perfused vasculature. We further used this technique to
demonstrate the vascular integration of hESC-EC microvessels with infarcted rat
myocardium. Specifically, we show that patterned vasculature was able to more
efficiently integrate with the rat host compared to unpatterned controls, and hESC-ECs
survived implantation and connected to invading host vessels.

4.3 Methods
4.3.1 Rat ischemia/reperfusion and vascular implantation. All animal procedures in this
study were approved by the University of Washington Institutional Animal Care and Use
Committee (IACUC, protocol #2225-04) and performed in accordance with US NIH
Policy on Humane Care and Use of Laboratory Animals. Male athymic Sprague-Dawley
rats (approximately 250 g – 300 g) underwent two thoracotomy surgeries for
ischemia/reperfusion injury (I/R) and implantation of vascular grafts (4 days post I/R).
Subcutaneous administration of sustained release buprenorphine (1 mg/kg) provided
analgesia for at least 2 days after all surgeries. The animals were closely monitored for
48 hours to provide post-operative care to ensure and maintain animal health and
comfort as outlined in the IACUC protocol. Cyclosporine A (5 mg/kg) was administered
subcutaneously for a total of 7 days beginning the day before implant surgery to prevent
immune rejection. Ischemia/reperfusion surgery: The rats were anesthetized with an
intraperitoneal (IP) injection of 68.2 mg/kg ketamine and 4.4 mg/kg xylazine. A second
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dose of full strength ketamine/xylazine followed by additional ketamine boosts (20
mg/kg, administered as needed) were used to maintain a surgical plane of anesthesia.
During the procedure, the rats were intubated, mechanically ventilated, and maintained
on a water-circulating head pad. Core body temperature was monitored at regular
intervals and maintained at 37°C. To induce myocardial infarction, the heart was
exposed, and the left anterior descending (LAD) coronary artery was ligated and
occluded for 60 minutes, followed by reperfusion and aseptic chest closure. Vascular
construct implantation: patterned vascular constructs were made with anterior derived
mTm-hESC-ECs in both the bulk collagen matrix (3 x 106 per mL) and seeded in the
microchannel (µV + SA) as described in chapter 3. Control non-patterned constructs
(SA) were made by mTm-hESC-EC suspension in 6 mg/mL collagen (3 x 106 per mL)
followed by gelation in an 8 mm diameter x 1 mm height PDMS well. Constructs were
cultured for 4 days in vitro to allow initial remodeling and anastomosis of angiogenic
sprouts from the channels to de novo tubules from the bulk-seeded endothelial cells. On
the day of implant surgery, the rats were anesthetized via inhalation of isofluorane at
5%. The rats were intubated and mechanically ventilated with continued isofluorane
supplementation (3%) to maintain a surgical plane of anesthesia. Core body
temperature was monitored at regular intervals and maintained with a water-circulating
head pad at 37°C. Immediately prior to implantation, the constructs were carefully
removed from their housing devices and placed in warm media bath. For µV + SA
constructs, an 8 mm diameter biopsy punch was used to remove the 1 mm thick
patterned region of the collagen gel from excess surrounding collagen. Additional 2 mm
biopsy punches were created at the inlet and outlet to create structural conduits from
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the network to the underside of the construct. The constructs were implanted on the
epicardial surface of the left ventricle with 8-0 surgical suture at 3 to 4 points of contact.
Once the implant was secured, excess blood was dabbed clean followed by aseptic
chest closure.

4.3.2 Tissue harvest and retrograde perfusion fixation. At their experimental endpoint,
the rats were euthanized with a chemical overdose of pentobarbital/phenytoin solution
(Beuthanasia; 1.5 mL IP injection). Once the animals achieved deep anesthesia but
while the heart was still beating, the chest was opened and 50U Heparin was
intravenously infused via the inferior vena cava and allowed to circulate for 1-2 minutes
to prevent thrombosis in the coronary vessels. Intravenous infusion with supersaturated
potassium chloride (KCl) was then used to arrest the heart in diastole followed
immediately with excision of the heart. The aorta was cannulated and attached to
pressure perfusion apparatus (Fig 4.1A) followed by retrograde perfusion with a
vasodilator buffer (PBS containing 4 mg/L Papaverin and 1 g/L adenosine) followed by
4% paraformaldehyde perfusion for 10 minutes. Perfusion pressure was maintained at
~100 mmHg. After perfusion fixation, the hearts were transferred to fresh fixative O/N at
4°C. After overnight fixation, the cannulated hearts were transferred to PBS buffer and
transferred on ice for optical microangiography (OMAG) assessment of coronary flow.

4.3.3 OMAG assessment of vascular flow in grafts and normal healthy heart. To image
vascular flow, the hearts were retrograde perfused with 10% Intralipid (Sigma) and
imaged with optical coherence tomography- (OCT) based technology as previously
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described

193,194

. During imaging, the hearts were placed on a custom-built imaging

platform with rotational control and secured cannula to prevent tissue movement (Fig
4.1B). For optimization of the imaging protocol, perfusion pressures of 80 and 110
mmHg were used. For assessment of vascular grafts, perfusion pressure was
maintained at a diastolic pressure of 90 mmHg throughout image acquisition. Two
scanning protocols that covered the same 1.5 mm × 1.5 mm field of view were used to
acquire data for both OMAG and OMAG based capillary velocimetry (OMAG-V). Both
protocols shared the same system setup with conventional fiber-based spectral domain
optical coherence tomography (OCT), which has been described in detail in a previous
publication
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(Fig 4.1C). Briefly, this section will describe the specific parameters that

determined the system performance for imaging rat coronary vessels ex vivo. The light
source was a super-luminescent diode (LS2000B, Thorlabs Inc.) with a spectral
bandwidth of 110 nm at 3 dB, and operated at a center wavelength of 1340 nm. A 10X
telecentric objective lens was adopted to focus the beam spot onto the heart sample
with an incident light power of ~1.9 mW. The axial resolution was ~7 µm and the lateral
resolution was ~ 7 µm in air. The maximal imaging speed of the system reached 92,000
A-lines per second, and the corresponding system sensitivity was ~100 dB in focus
positioned at ~600 µm below the zero delay line. The system ranging depth was
measured to be 3.5 mm in air.
For OMAG, raster beam scanning was performed to capture 250 A-lines within
each B-frame (2D cross-section), 4,000 B-frames for each C-scan (3D volume), and 16
frame repetitions at each of the 250 A-line locations to achieve high vasculature
contrast. A single 3D dataset was obtained in 15 seconds by using a frame rate of 280
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Figure 4.1 – OMAG
schematic with Langendorff
perfusion schematic. (A)
Optical configuration. (B)
Custom designed housing
plate.
(C)
Pressure
perfusion system.

frames per second. Maximum intensity projections of the volumetric vasculature were
used to calculate vessel density as a percentage of the imaging field of view.
For OMAG-V, 200 B-frames were captured in each C-scan. Within each frame,
10,000 A-lines were obtained that were comprised of 50 repeated A-lines at 200
positions. By utilizing a defined system speed of 20,000 A-lines per second, the 3D
velocimetry data were acquired in 2.5 minutes. An inter-frame ultrahigh-sensitive OMAG
algorithm

195

was utilized to extract 3D vasculatures from heart tissue structure images.

By maximum intensity projection (MIP) of the volumetric vasculature, morphological
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information of the microvascular network can be visualized from the top view. In order to
quantitatively analyze the flow velocity in capillaries, Eigen decomposition (ED)
statistical analysis was applied to the repeated A-lines as described in

196

. In brief, the

repeated A-line ensembles were firstly stacked into a covariance matrix, and then this
matrix was represented in terms of its eigenvalues and eigenvectors through diagonal
factorization. Therefore, the frequency of flowing Intralipid particles can be calculated by
the first lag-one autocorrelation of the eigenvectors

197

. Finally, the velocity of flow in

vessels with diameters between 20 µm and 40 µm was assessed according to its linear
correlation with the measured frequency 112. Graft perfusion rates for the imaging field of
view were calculated by multiplying the velocities with the perfused area and
normalizing to the perfusion rates of the corresponding healthy region.

4.3.4 Histological assessment of vascular grafts and lumen quantification. Following
OMAG imaging, the hearts were perfused with PBS to wash out remaining Intralipid
solution followed by perfusion for 10 minutes with a 1:1 mixture of fluorescein labeled
Griffonia simplicifolia lectin I (GSL I) isolectin IB4 (Vector Labs, 8 µg/mL) and rhodamine
labeled Ulex europaeus agglutinin I (UEA 1) (Vector Labs, 8 µg/mL) in order to label the
endothelial cells of perfused rat (GSL I positive) and human (UEA 1 positive) vessels.
The hearts were flushed with PBS, and then sliced into 2 mm-thick sections for paraffin
processing and embedding as previously described

58,115

. 4 µm sections were cut and

stained for picrosirius red/fast green (to assess infarct size) or subjected to
immunohistochemistry as described previously

58,59

. Briefly, slides were de-paraffinized

and rehydrated followed by enzymatic antigen retrieval (EAR) with proteinase k (Roche,
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15 µg/mL in 10 mM Tris/HCl) at 37°C for 20 minutes or heat induced epitope retrieval
(HIER) for 20 minutes in boiling Tris/EDTA buffer, pH 9.0. The samples were blocked
and permeablized with natural donkey serum (NDS) (Jackson, 10%) and 0.5% Triton X100 followed by overnight incubation with primary antibodies: rabbit pAb to DsRed
(Clontech, 1:75, EAR) to detect TdTomato reporter in mTm-hESC-ECs, rabbit pAb to
hCD31 (abcam 28364, 1:50, HIER) to detect hESC-ECs, mouse mAb to smooth muscle
actin (SMA) (abcam 7817, 1:100), goat Ab to GSL I (Vector AS-2105, 1:200), mouse
mAb to rhodamine (ab 9093, 1:150), and mouse Ab to rat CD68 (Serotec, 1:100, EAR)
to detect macrophages. For stains that required confocal microscopy, Alexa Fluorconjugated secondary antibodies (Invitrogen) were used along with Hoechst (Sigma,
1:250) nuclei counterstain. For brightfield peroxidase detection of macrophages, a
biotintylated goat anti mouse secondary antibody (Jackson, 1:00) was used in
conjunction with Vectastain avidin/biotin complex (ABC) kit (Vector labs) and 3,3’diaminobenzidine (Sigma) followed by routine hematoxylin counterstain to detect nuclei.
The density and size of perfused lumens in vascular grafts were quantitated with
custom Matlab code to analyze 20X confocal microscopy images of slides stained for
DsRed, GSL I, or UEA I. Please note that while the lectins GSL I and UEA I are species
specific in their endothelial binding affinity, the antibodies against them were not. Thus,
anti GSL I stains were used to evaluate perfused lumens of both species, while stains
for anti-rhodamine were used to detect perfused human vessels.

4.3.5 Statistical analysis. Unless otherwise noted, single variable analysis with student’s
t-test assuming unequal variance was used to determine statistical significance between

87

two samples. All results are presented as mean ± standard error. For in vitro
microvessels, the sample number represents the number of devices analyzed. For in
vivo experiments, the sample number per group represents the number of animals.
Significance was defined as *p < 0.05 and ** p<0.01.
Figure 4.2 – OMAG imaging
of coronary microvessels.
Cross sectional images of
OMAG (A) structure and (B)
flow data. (C) Maximum
intensity projection of OMAG
flow with color coded depth –
blue represents towards with
heart surface and orange/red
color represents increasing
myocardial depth.(D) 3D
reconstruction of OMAG flow
data. Scale bars: 500 µm.

4.4 Results
4.4.1 Optical microangiography (OMAG) for coronary flow visualization.
Visualization of 3D coronary microvasculature is essential for coronary circulation research and
will aid in the evaluation of revascularization strategies. To test OMAG imaging on ex vivo
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hearts, we used fixed healthy rat hearts and retrograde perfused 10% Intralipid at a constant
pressure of 110 mmHg. By utilizing custom OMAG data processing algorithms developed by
Dr. Ruikang Wang and the members of his lab, the raw OCT data were separated into
structural (heart tissue) and functional images (vascular flow) of the heart region (Fig 4.2A-B).
Three dimensional processing of this data allowed us to visualize the depth from the heart
surface of the vasculature (Fig 4.2C). Large arteries as well as expansive capillary beds were
visualized near the surface (blue) as well deeper within the myocardium (orange/red).
Additional 3D rendering of the OMAG data further illustrates the detailed morphological views
that were obtained with this setup (Fig 4.2D). As expected from known myocardial structure,
the coronary vasculature displayed a high degree of organization and alignment. Since
coronary pressure drives coronary blood flow, we sought to determine how changes in
pressure perfusion would affect vascular structures and signal intensity in OMAG images.
OMAG data was collected at 80 and 110 mmHg for the same region of the myocardium.
Qualitatively, densely-packed vasculature was observed at both pressures (Fig 4.3A-B), with

Figure 4.3 – Effect of perfusion pressure on OMAG imaging. Maximum intensity
projections of OMAG flow data at (A) 110 mmHg and (B) 80 mmHg. Scale bars: 500
µm. Red outlined regions designate ROIs of interest in Figure 4.4. (C) Quantification
of vessel area density presented as a percentage of the imaging field.
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the biggest differences observed at the level of the microvasculature. By selecting four regions
of interests (ROIs) outlined in red in Figure 4.3A that contain capillary-scale vasculature, we
were able to better observe the effects of perfusion pressure. The average vessel area density
in these regions was 0.401 ± 0.001 (110 mmHg) and 0.388 ± 0.001 (80 mmHg) (Fig 4.3C)
suggesting that increased applied pressure led to better perfusion through a greater density of
vessels. Upon closer inspection of enlarged views of the four ROIs, pressure-dependent
recruitment of new microvascular branches was observed (Fig 4.4A, yellow arrows), likely due
to an increase in flow in vessels that had non-detectable flow at the lower pressure. These data
demonstrated that high resolution images of coronary vasculature can be obtained with OMAG
imaging on Langendorff perfused hearts.

Figure 4.4 – OMAG
correlation to flux. (A)
Magnified
projection
images of ROIs from
Figure
4.3,
panel
A.Yellow arrows depict
regions where observed
flow differed between the
two
pressures.
(B)
Quantification of flux at
each
ROI for both
pressures.
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4.4.2 OMAG signal intensity correlates to velocity
Cross-sectional OMAG signals have been reported to be proportional to flux, or the total
number of particles flowing through a cross section per unit time 112,198. We sought to determine
if increased flow rates could be detected in our OMAG data sets. Specifically, a higher
perfusion pressure should result in increased flow rates in the vasculature corresponding to
increased flux. The pixel intensities for each ROI were summed and normalized to the vessel
area. The values were further normalized to average OMAG flux at 110 mmHg pressure. We
observed a decrease in flux in all four ROIs at 80 mmHg perfusion pressure compared to flux in
the same region at 110 mmHg perfusion pressures (Fig 4.4B). This comparison, however, is
only an estimate of flux and these values cannot be converted to units that have more
physiological relevance such as velocity and flow rate. Concurrent with the development of
Langendorff-based imaging of coronary vasculature, the Wang lab developed a more robust
method for acquiring velocimetry data from OCT data sets (OMAG-V). To determine the exact
relationship between OMAG signal (mean frequency) and velocity, Dr. Qinqin Zhang
performed a series of phantom experiments with controlled flow rates through microfluidic
channels of varied diameters. Mean frequency was plotted against the known velocities in the

Figure 4.5 – OMAG-V mean
frequency correlation to velocity.
Data were generated by acquiring
velocimetry data for microfluidic
channels perfused at a range of
velocities. The slope of the linearly
correlated data was used to convert
mean frequency to velocity for the
Langendorff perfused rat hearts.
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channels and determined to have a linear relationship independent of the channel diameter
(Fig 4.5). Collectively, these data demonstrate that the combination of high resolution OMAG
plus 3D mapping and OMAG velocimetry data could be used to quantitatively assess
myocardial perfusion dynamics.

4.4.3 Patterned vascular graft implantation in rat model of myocardial infarction.
To test the hypothesis that the presence of a patterned vascular network would promote
better spontaneous vascular host integration with increased perfusion dynamics, we
implanted collagen gels containing engineered µVs onto the epicardial surfaces of
injured rat hearts 4 days post ischemia/reperfusion (I/R) injury. We used a large grid
pattern with 125 µm feature height (Fig 4.6Ai) to generate constructs with a large
vascular surface area. The engineered µVs were generated with mTm-hESC-ECs
seeded in the bulk collagen (where they self-assemble into lumen-containing
microvessels) and on the inner surfaces of the patterned network (µV + SA). These
were compared to control constructs containing only bulk-phase, self-assembled
networks formed from seeding mTm-hESC-ECs in collagen gel (SA) (Fig 4.6Aii-iii). The
vascular constructs were cultured for 4 days to allow for tubulogenesis and vascular
remodeling and then sutured onto the epicardium of the left ventricle (Fig 4.6Bi). After
five days, the rats were euthanized, and their hearts were arrested in diastole and
excised followed by perfusion fixation at physiological pressure (~100 mmHg). We
chose 5 days post implantation as our experimental timepoint based on previous
studies that found substantial vascular infiltration in collagen gels 3 – 4 days postimplantation 87. The grafts were easily identifiable on the epicardial surface of intact
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Figure 4.6 – Vascular implantation: I/R injury and inflammation. (A) Schematic of
vascular constructs (i) network geometry of patterned constructs. Schematics of (ii)
µV+SA and (iii) SA vascular constructs. (B) Pictures of vascular grafts sutured onto
epicardial surface of the rat heart (i) at the time of implantation surgery and (ii) after
heart excision, cannulation, and perfusion fixation. (C) Picrosirius red/fast green stain
to (i) µV+SA grafts and (ii) SA grafts. Collagenous regions, such as the infarct and
grafts, stain red/purple and healthy tissue regions stain green (scale bar: 2 mm). (D)
Quantification of infarct size as a percentage of left ventricle area. (E) CD68 (brown)
immunohistochemistry with hematoxylin (blue) counterstain to detect nuclei in (i)
µV+SA grafts and (ii) SA grafts. Insets show zoomed in regions of the grafts (g) and
infarcts (i) (scale bar: 100µm). (F) Quantification of CD68 + cells as a percentage of
total nuclei in the grafts, infarcts and healthy regions (HR). N = 8, 9 for µV+SA and
SA groups, respectively.

hearts as well as in post-processed histological sections (Fig 4.6Bii-C). Importantly, the
extent of I/R injury was comparable between groups, and to previous rat I/R studies in
our lab

58,199

, as demonstrated by similar infarct sizes (Fig 4.6D) and similar
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inflammatory response evaluated by macrophage (CD68+) infiltration to injured and
graft regions (Fig 4.6E-F).

4.4.4 Optical microangiography (OMAG) for the assessment of graft vascular perfusion.
To determine the extent of vascular integration between the rat myocardium and the
implanted vascular grafts, we used two OMAG imaging protocols, OMAG and OMAG-V
(see methods), in order to acquire both high resolution images of vascular flow and to
quantify velocities within the grafts. In normal healthy regions, OMAG and OMAG-V
images revealed dense vasculature with hierarchical branching structure and high flow
rates in large arteries compared to smaller vessels (Fig 4.7A). Vascular flow was
observed in patterned vascular grafts (μV + SA), and like the healthy regions, flow
velocities were higher in larger diameter vessels. In sharp contrast, unpatterned grafts
(SA) had few visible perfused vessels (Fig 4.7B-C). In some cases, the vasculature of
the underlying host region was detected in graft OMAG images, so to distinguish
between these two regions, we generated three-dimensional images of OMAG flow (Fig
4.7Di. and Diii.) overlaid with structural information extracted from the same OMAG data
acquisition (Fig 4.7Dii. and Div.). In 3D, the improvement in vascular perfusion of μV +
SA compared to SA grafts was apparent (SV11 and SV12). Quantitation of vessel area
density (VAD) revealed that the μV + SA grafts had ~6 fold greater perfused vascular
density (33.75 ± 5.65 %) compared to the SA grafts (5.32 ± 1.7 %). The vascular area
density in healthy regions of both groups was comparable at 63.48 ± 9.16% and 64.54 ±
5.11% for SA and μV+SA grafts, respectively (Fig 4.7E). Velocities were measured in
20 - 40 μm vessels using the linear correlation between velocity and OMAG-V signal
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Figure 4.7 – Graft perfusion analysis with OMAG-V 5 days post implantation. (A-C)
Doppler-based images of vascular flow in Langendorff perfused hearts: (A)
representative healthy region (B) μV+SA graft and (C) SA graft. Left panels in black
and white are high resolution, non-quantitative OMAG images of coronary flow. The
right panels are OMAG-V images with linear correlation between intensity and
velocity. Heat map denotes signal intensity (red – high, dark blue – low). (D) 3D
reconstructions of vascular flow in i. SA grafts and ii. μV+SA grafts. OMAG flow data
is shown in orange (top panels) and overlaid with gray OMAG structure (bottom
panels). (E) Vascular density (percent of imaged region) of perfused vessels in graft
and healthy regions (HR) of both groups. Values were calculated from the high
resolution OMAG images (N = 8 (μV+SA) and 9 (SA)). (F) Velocimetry
measurements of flow in small arterioles (diameter between 20 μm and 40 μm) of
graft and healthy regions of μV+SA and SA groups. (G) Volumetric perfusion rate in
μV+SA and SA grafts normalized to the perfusion rate in healthy regions. For
velocimetry data (panels F-G), N = 6 (μV+SA) and 5 (SA). (statistical significance: * p
< 0.05; ** p< 0.01).
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intensity. The average velocity was significantly higher in μV + SA grafts (0.72 ± 0.10
mm/s) compared to SA grafts (0.29 ± 0.10 mm/s). The average velocities in similar
sized vessels of the rat myocardium were comparable between μV + SA and SA groups
at 0.88 ± 0.06 mm/s and 0.90 ± 0.14 mm/s, respectively (Fig 4.7F). The volumetric
perfusion rate for the field of view (1.5 mm x 1.5 mm) was calculated for the grafts and
healthy regions of μV + SA (Graft: 0.41 ± 0.15 mm3/s; HR: 1.90 ± 0.28 mm3/s) and SA
(Graft: 0.02 ± 0.01 mm3/s; HR: 1.96 ± 0.54 mm3/s) groups. To account for physiological
differences on a heart to heart basis as well as to account for the fixed nature of the
hearts at the time of perfusion assessment, these values were normalized to that of the
healthy regions and found to be significantly higher in μV + SA grafts at 24.73 ± 7.5 %
compared to 1.74 ± 1.0 % in SA grafts (Fig 4.7G). Taken together, these findings
demonstrate that engineered vascular constructs are able to integrate functionally with
host vasculature and specifically that patterned μV improved graft perfusion dynamics.

4.4.5 Patterned engineered human microvessels survive implantation and are perfused.
Graft perfusion was confirmed histologically by staining for lectins that were retrograde
perfused prior to sectioning and histological processing. Rat hearts were perfused with
both fluorescein-conjugated Griffonia simplicifolia lectin I (GSL I) isolectin IB4 to label
rat endothelium and rhodamine-conjugated Ulex europaeus agglutinin I (UEA 1) to label
human endothelium. Although these lectins were species specific, the antibodies
against them are not. Therefore, to detect perfused lumens originating from both rat and
human ECs, sections were stained with antibodies binding to GSL I and UEA 1, and to
specifically detect perfused human endothelium, we stained sections with anti-
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Figure 4.8 – Detection of human ECs and perfused vessels in grafts. (A-B)
Immunofluorescent stained paraffin sections of (A) µV+SA grafts and (B) SA grafts.
Scale bar: 100 µm. (top panels) hESC-ECs (DsRed +, red) and perfused rat and
human endothelium (Lectin +, green). Yellow arrows in merged images denote
double positive cells. (bottom panels) hESC-ECs (DsRed +, red) and perfused
human endothelium (UEA I +, white). White arrows in merges images denote double
positive cells. (C-D) Quantification of (C) vessel density (number of vessels per
mm2), and (D) average vessel size for hESC-EC lumens (DsRed +) and perfused
vessels (Lectin +). (E-F) Quantification of (E) vessel density (number of vessels per
mm2), and (D) average vessel size of perfused human lumens (UEA I +). (G) High
magnification views of UEA I (white) positive hESC-ECs (DsRed +, red) in (i) µV+SA
grafts and (ii) SA grafts. Scale bar: 50 µm. N = 6, 6 for each group. (statistical
significance: * p < 0.05).
rhodamine antibodies which selectively detected UEA 1 bound human ECs and not
GSL I bound rat endothelium. Human endothelial cells, along with lectin positive (GSL I
+) and rhodamine positive (UEA I +) lumens, were detected in both μV + SA and SA
grafts (Fig 4.8A-B). Quantitation of these results demonstrated that although the density
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and size of human vessels in both grafts was the same, a significant increase in
perfused lumen density was observed in μV + SA constructs (Fig 4.8C), along with an
increasing trend in the size of perfused lumens (Fig 4.8D). The density and size of
perfused human lumens were also higher in μV + SA grafts compared to SA grafts,
although only the lumen size was statistically significant (Fig 4.8E-F).

Overall, the

density of perfused human vessels (UEA I+) was markedly lower than the total density
of perfused vessels (Lectin +) suggesting that invading rat endothelial cells were a
major contributing factor in the integration of the grafts. High magnification views of

Figure 4.9 – Human CD31 and αSMA histological assessment of grafts. (A) rat
myocardium stained for GSL I lectin (green), human CD31 (red), αSMA (white),
and nuclei counterstain in blue. (B-C) Immunofluorescent staining for human
CD31 (red), αSMA (white), and nuclei counterstain (blue) in (B) µV + SA grafts
and (C) SA grafts. Scale bar: 100µm.
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perfused human lumens are shown in Figure 4.8G. The presence of human vessels
was confirmed with additional staining for human endothelial junction protein, CD31,
which stains human ECs and not rat myocardial ECs (Fig 4.9A). Perivascular infiltration
of grafts was also investigated to assess if patterned μVs promoted vascular maturation
and stabilization and while αSMA coated human vessels were observed in vascular
grafts, these events were rare and qualitatively not observed to be different between
groups (Fig 4.9B-C). These findings confirm histologically that μV + SA grafts are better
perfused than SA grafts and that implanted human endothelial cells contributed to this
effect.

4.5 Discussion
Vascular integration is essential for the successful application of engineered tissues,
and has presented a major challenge, particularly in the field of cardiac regeneration.
While efforts to generate pre-vascularized tissues, such as the one described in chapter
2 of this dissertation, have made considerable progress, the ability to integrate
efficiently with the injured myocardium and receive systemic perfusion has not been
achieved and/or assessed. In this study, we demonstrated that patterned vascular grafts
integrated with host circulation and we used a novel application of OCT-based imaging
to assess the dynamics of graft perfusion.
To assess the perfusion dynamics of coronary vasculature, we used optical
microangiography (OMAG), which utilizes Doppler principles to distinguish moving from
stationary particles to generate images of vascular flow

112

. A common application of

OCT-based technologies is to image the flow of red blood cells in live animals which
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allows for multiple image acquisitions of the same animal over time. In this way,
researchers have assessed vascular flow in response to physiological phenomena such
as the effect of inflammation over time

193

, recovery after ischemic stroke

200

, or to study

acute changes in vascular flow due to real time modulation of vascular tone

201

. While

this has been done extensively in the brain, mouse ear, skin, etc., motion artifacts from
the pumping heart present a major challenge for in vivo assessment of coronary flow.
Here, we used retrograde perfusion of formaldehyde-fixed, Langendorff-perfused
hearts to generate vascular angiograms. Since these data were collected ex vivo, we
utilized Intralipid to generate the OCT signal rather than red blood cells. The use of fixed
hearts allowed for precise control of the applied perfused pressure to ensure vascular
measurements are taken at the same pressure. In the body, most coronary blood flow
occurs during diastole: as the heart relaxes, the coronaries dilate and are at their most
open state

34

. We therefore arrested the heart in diastole prior to its excision, after

inducing maximal vasodilation, fixed the microvasculature in this structural state with
formaldehyde. We then performed OMAG graft perfusion studies at 90 mmHg, which is
within the diastolic perfusion pressure range for both healthy murine and human hearts
202,203

. Initial studies on healthy hearts were performed with wider perfusion pressure

ranges (80 and 110 mmHg) in order to develop the method and determine the effect of
pressure on coronary structure and OMAG signal intensity, which correlates to flux. Our
findings that higher perfusion pressure caused increased vessel density at the
microcirculation level could be attributed to vessel widening or to increased velocities
within those regions which were previously not detectable. The increased flux calculated
in these regions at the higher perfusion pressure is consistent with this interpretation.
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In addition to the high resolution angiograms obtained from OMAG imaging, the
ability to co-register structure and flow images from the same field of view allowed for
greater synthesis of 3D information than conventional angiographic techniques.
Specifically, in our implantation studies, we showed that by overlapping OMAG flow
images with their corresponding structural data, we could distinguish host tissue from
graft tissue to better determine the perfusion characteristics of the grafts.
At 5 days post implantation, the perfusion velocities in 20 - 30 µm sized vessels
within patterned vascular grafts were found to be 1.28 mm/s, which was comparable to
the perfusion velocities in the healthy myocardium, as well as comparable to previously
measured linear velocities of arterioles which ranged between 1 and 3 mm/s for similar
sized venules and arterioles

204–206

. Taken together, these data provide substantial

evidence that pre-patterned vascular networks on the small-arteriole scale are able to
more efficiently integrate with coronary vasculature and conduct blood flow at
physiologically relevant speeds.
The ability to quantify the perfusion dynamics of implanted vascular grafts ex vivo
could have profound effects in the future development of vascular engineering
techniques. Specifically, measurement of flow velocities will provide a much better
metric for comparing different strategies. However, one limitation to this approach is the
inability to distinguish human vessels from rat vessels during the real-time OMAG data
acquisition. In this study, we relied on subsequent histological detection to confirm the
role of implanted human cells. Since a majority of the three dimensional and
morphological information of the graft vasculature is indistinguishable in histology, we
were unable to determine to what extent the cells within the patterned network
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contributed to the increased perfusion dynamics. A system which has duel imaging
capabilities with both OCT and fluorescent-based imaging could potentially be used to
overcome this challenge.
Despite a normal range of velocities displayed in vessels within patterned
vascular grafts, structurally, these newly integrated vessels do not yet resemble proper
coronary structure. The graft vessels are more sparsely distributed with tortuous and
unorganized structures compared to the dense, aligned vasculature displayed by their
healthy counterparts. The overall structure of perfused vessels in the grafts did not
seem to retain the original geometry of the network pattern. This is likely attributed to
several factors. Our histological assessment suggested that although the implanted
human endothelial cells did contribute to the newly connected and perfused vessels in
the graft, the majority of perfused vessels originated from the host. This suggests that
despite pre-patterning efforts, substantial remodeling still occurred as the host vessels
infiltrated the graft which is consistent with a previous study that demonstrated dynamic
interactions between host and implanted vessels during the process of anastomosis

207

.

An interesting follow up experiment could be performed to determine if the increased
host infiltration observed in patterned grafts is due mostly to structural cues provided by
the patterned channel or from paracrine signals between the pre-perfused vasculature
and adjacent host cells. This would help elucidate whether endothelialization is required
to promote pattern-facilitated host integration.
Given the extensive remodeling of the grafts, it would be interesting to evaluate
whether the precise geometry of the vasculature affects its ability to integrate. In this
study, we used a grid-like pattern to fabricate the microvessels in order to maximize the
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perfusion area with multiple vascular branches. In future applications, the network
structure could be generated with aligned parallel vessels to better mimic coronary
structure. Juhas et. al. recently demonstrated that in implanted bioengineered muscle
fibers, the ingrown capillaries were randomly oriented at the periphery but within the
interior of the construct, they were aligned with the myofibers suggesting that structural
cues from the surrounding tissue may help guide the structure of infiltrating vasculature
208

. In the context of the heart, it is possible that the presence of oriented

cardiomyocytes along with patterned parallel vasculature could help guide coronary
infiltration to better mimic myocardial structure.
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Chapter 5.
Summary and Future Directions
The above work addressed several of the key challenges associated with
cardiovascular tissue engineering, namely vascularization and host integration. In
chapter 2, we used co-culture with stromal cells to facilitate cardiomyocyte culture in
dense collagen which allowed for the incorporation of engineered microvessels. In
chapter 3, we demonstrated that stem cell derived endothelial cells are functional and
are suitable cell source for physiological engineered vasculature. Finally, in chapter 4,
we implanted patterned vascular grafts seeded with stem cell derived endothelial cells
and demonstrated physiological perfusion dynamics using a novel application of optical
coherence tomography.
The research presented in this dissertation sets the stage for two potential
immediate future directions that would have vast implications in the field of cardiac
regeneration. The most exciting next step in this work would be to combine the
knowledge from all three chapters presented here to study the therapeutic effect and
functional integration of an all stem cell derived pre-vascularized cardiac construct. The
generation of engineered tissues with therapeutically relevant thickness could
potentially be used to achieve functional improvement in injured hearts. Our data
suggests that the patterned vasculature will be able to integrate with coronary
circulation to a greater degree than previously achieved, and potentially sustain graft
viability well enough for therapeutic effect. However, one remaining question is whether
the vascularized tissue will integrate fast enough to benefit the survival of the graft. This
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leads to a second exciting potential follow up study – facilitating direct anastomosis
between the engineered constructs and the coronary arteries. For this to be successful,
technical challenges associated with establishing surgical connections to coronary
arteries while the heart is beating would have to be overcome. One possible approach
to start with would be to connect the construct to a vascular supply outside of the heart.
Given the tight association with myofibril structure and vascular patterning in the
myocardium, however, it is possible that this approach may have functional
consequences such as a decreased ability for the construct to electromechanically
integrate with host myocardium. Furthermore, additional characterization, such as burst
pressure assessment, would have to be done to ensure engineered microvessels could
withstand immediate systemic perfusion.
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Appendix A.

Additional Methods
Cell Culture
RUES2 hESCs (Rockefeller University, NIH 0013) were maintained in undifferentiated
colonies with mouse embryonic fibroblast conditioned media (MEF-CM) supplemented
with 5ng/mL human basic fibroblast growth factor (hbFGF) (Peprotech) on Matrigel (BD
Biosciences) coated plates. Colony maintenance and cardiomyocyte differentiation were
performed as previously described with modifications to the differentiation protocol to
include biphasic activation and inhibition of wnt signaling, respectively

115,209

. Briefly,

single cell hESC suspensions were re-plated on Matrigel coated plates for monolayer
formation. One day prior to confluency of monolayer, the cells were treated with 1uM
Chiron 99021 (Cayman) in MEF-CM. Once monolayers reached confluency, the
cultures were induced with 100 ng/mL rh-Activin A (R&D) and 1X Matrigel. The time of
Activin induction was designated as differentiation day 0. Cultures remained in Activin-A
for 18 hours followed by treatment with 5 ng/mL rh-BMP4 (R&D) and 1uM Chiron. On
day 3, monolayer were fed with RPMI-B27 (minus insulin) supplemented with 1uM XAV939 (Tocris, 3748). Differentiation cultures were maintained in RPMI media (Invitrogen)
supplemented with B27 without insulin (Life Technologies) and Pen/Strep (Invitrogen)
from day 0 to day 5. On day 7, cultures were switched to RPMI with B27 containing
insulin (Life Technologies). Spontaneous beating was observed starting day 9 or 10
(supplemental video 1). After 20-30 days of differentiation, cardiomyocyte cultures were
enzymatically dispersed and used for construct fabrication. A small aliquot of the cells
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(~500K) was used for FACs analysis to determine cardiomyocyte yield and purity.
Human bone marrow derived stromal cells HS27a and HS5 (courtesy of Beverly TorokStorb laboratory at Fred Hutchinson Cancer Research Center)
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, and human dermal

fibroblasts (hDF) (Lonza) were maintained in 0.2% gelatin coated flasks with RPMI
media (Invitrogen) containing 20% FBS (Invitrogen), 2mM L-glutamine (Invitrogen),
1mM sodium pyruvate (Invitrogen), and 1X pen-strep (Invitrogen). Fetal human heart
pericytes were isolated from human fetal heart tissue as the cell population double
positive for NG2 and PDGFRβ

104

. Briefly, the heart tissue was processed mechanically

followed by enzymatic dissociation to obtain a single cell suspension. This cell
suspension was then expanded by culturing them on gelatin coated plates for three to
four days in endothelial cell proliferation media, and sorted for NG2+PDGFRβ+CD45subpopulation in flow cytometry.

Human umbilical vein endothelial cells (HUVECS,

Lonza) were grown and maintained with EGM (Lonza) supplemented with pen-strep and
used prior to passage 6. Enzymatic cleavage was used for harvest of all cell types.

Flow cytometry (FACs)
Aliquots of cardiomyocyte populations were fixed in 3.7% formaldehyde and washed in
5%FBS in PBS prior to staining. The fixed cells were then stained for cardiac troponin T
(cTnT) to assess the cardiomyocyte percentage in each cell preparation. Cells were
incubated with primary antibody (1:100) (mouse anti human cTnT (Fisher) or mouse
IgG1 isotype control (eBiosciences) in 0.75% saponin for 30 minutes. These cells were
then washed in 0.75% saponin and incubated with PE conjugated goat anti-mouse
(1:200, Jackson) for 30 minutes followed by several washes in 5% FBS in PBS. Stained
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cells were then sorted on a FACS Canto II cell analysis instrument and the percent
cTnT positive population was determined using FlowJo Software.

Collagen gel preparation
Type I collagen extracted from rat tails as previously described
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was dissolved in

0.1% acetic acid to a stock concentration of 15mg/mL and stored at 4°C. On the day of
experiment, collagen stock was neutralized and diluted on ice to working concentrations
of 2.5 or 10mg/mL with 1M NaOH (20mM final), RPMI, 10X RPMI (1X final), 30X
Matrigel (1X final), and 100mM HEPES (10mM final) (Invitrogen)

Rheology
Collagen gel was prepared immediately prior to rheology measurements. Deformation
measurements of acellular gel (1.25 and 6 mg/mL) were taken using an Anton Paar
Physica MCR301 stress-controlled rheometer. A concentric cylinder geometry was used
with cup and shaft preheated to 37°C. The hydrogel was neutralized, mixed well, and
immediately loaded into the cup after which the shaft was lowered followed by a 20
minute gelation. Mechanical properties of the gel (complex modulus: G*) were
determined by measuring deformation in response to shear. We used a frequency
sweep oscillation method from 0.01Hz - 100Hz maintained at constant shear of 0.05 Pa.

Fluo4 and GCaMP3 calcium imaging
Fluorescent calcium transients were visualized during two weeks of culture of 3D
constructs either from GCaMP3 signal or after incorporation of a calcium indicator dye
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(Fluo4, Invitrogen). Constructs made with unmodified RUES2 derived CM were
incubated with 1ug/mL Fluo4 diluted in modified HEPES-buffered Tyrodes (HT) solution
(1.8mM CaCl2·2H2O; 1mM MgCl2·2H2O; 5.4mM KCl; 140mM NaCl; 0.33mM NaH2PO4;
10mM HEPES; 5mM D-glucose, pH 7.4) for 30 minutes at room temperature followed
by 2 washes in HT solution. Samples were wrapped in foil during incubation to minimize
photobleaching. Constructs were allowed to recover at 37°C for 30 minutes prior to
imaging with Canon HD video camera (HF S20).

Contractile force analysis
Force measurements were carried out on constructs after two weeks of culture.
Sections of length 1-2 mm were dissected from constructs and each end attached to a
stainless steel hook suspending the piece between a length controller (Aurora Scientific)
and a force transducer (Aurora Scientific) (Fig. 3A). Each sample was stretched in
length with 5% increments and up to 20-25% of the total length. The resulting passive
tension and spontaneous active force traces were recorded and analyzed using
customized LabView software. The increase in passive tension at each length step
over the baseline value at zero stretch was normalized to its unstrained cross sectional
area to obtain specific force. The linear slope of normalized passive stress vs. strain
was used to determine the Young’s modulus. The amplitude of active force for each
preparation was measured at each length step and then normalized to unstrained cross
sectional area. The reported values for peak active force were taken at maximal stretch
(25%). Linear plots of active force vs. strain were shifted by the active force at zero
stretch to display the change in active force from zero to max strain. Throughout
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measurement acquisition, constructs were submerged in HT solution and maintained at
constant physiological temperature of 37°C using a perfusion automatic temperature
controller (Warner TC-324).

Immunohistochemistry and quantitative analysis for rectangular constructs
Day 14 constructs were fixed in 3.7% formaldehyde (Sigma) for 20 minutes and washed
in PBS followed by an overnight incubation in OCT (Tissue Tek). The samples were
then cryoembedded in OCT and stored at -80°C. Cryosections were collected at -20°C
with thickness of 7 µm. Standard Hematoxylin and Eosin, and Picro-Sirius red staining
protocols were performed. For immunofluorescence staining, fixed slides underwent
enzymatic antigen retrieval with Proteinase K followed by one hour block in 1.5%
normal goat serum. Slides were incubated in primary antibodies overnight at 4°C
followed by 1 hour incubation with secondary antibodies and Hoechst 33342 (Sigma)
with standard PBS washes in between. The following primary antibodies were used:
mouse anti human sarcomeric α actinin (1:300, Sigma), Rabbit anti human Collagen IV
(1:100, abcam), rabbit anti human Fibronectin (1:200, Sigma), rabbit anti human
Versican (1:100, abcam), mouse anti Heparan Sulfate (1:100, abcam), and rabbit anti
human Laminin (1:100, abcam). Alexa Fluor goat anti mouse 488 (Invitrogen) and Alexa
Fluor goat anti rabbit 647 (Invitrogen) were used as secondary antibodies. Images were
acquired with Nikon A1R confocal microscope. Image post processing and
quantification was done with ImageJ software. Cardiomyocyte alignment was quantified
by applying the threshold and directionality macros to the immunofluorescent images of
alpha actinin stained cryosections in ImageJ, and is reported as the inverse of the
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dispersion angle (¬∞). In the same set of images, sarcomere length was measured on
high magnification images (at least 40X objective and X3 optical zoom). Cell density
and cross sectional area were quantified on H&E stained cryosections using ImageJ
software (analyze particle plugin and measure tool, respectively). Cell density was
determined by taking the number of nuclei in the field of view and dividing by the volume
of the field of view (section area x 7μm section height). The cross sectional area was
determined by measuring the width of constructs and calculating area by assuming a
circular cross sectional shape. In the cardiomyocytes only constructs in 6 mg/mL, the
rectangular cross-section was assumed since there was no apparent tissue compaction.

Quantitative real-time PCR
Total RNA was collected from whole day 4 constructs using RNeasy Miniprep kit
(Qiagen). cDNA was synthesized using iScript cDNA synthesis kit (Bio-Rad).
Quantitative PCR was performed using Power SYBR Green PCR mix (Applied
Biosystems) on a 7900HT Fast-Real-time PCR system (Applied Biosystems).
Expression for each primer pair is quantified relative to HPRT. The following primer
pairs (5’  3’) were used: Fibronectin (FN1; F-TGGCTGTCAGTCAAAGCAAG; RCGCAGTTAAAACCTCGGCTT),

Type

CCTGGCAATATTGGTCCCGT;
metalloproteinase-2

CAAGTTGGAAGACGAGTGCT,

collagen

alpha

2

(Col1A2;

R-GATGTCCAGTGCGACCATCT),

(MMP2;

AGGCACCCTTGAAGAAGTAGC),

I

Matrix

F-ATAACCTGGATGCCGTCGT,
Myosin

heavy

chain

α

subunit

R-ATGGGCCTCTTGTAGAGCTT),

F-

R-

(MHCα;

Myosin

F-

heave
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chain

β

subunit

(MHCβ;

GCTCCTTCTTCAGCTCCTCT).

F-AGAACACCAGCCTCATCAAC,

R-
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Appendix B.

List of supplemental video (SV) files:
SV1. Video of beating day 9 differentiated human stem cell-derived cardiomyocytes
SV2. Fluorescent Ca2+ transients of D14 hESC-CMs only constructs in 1.25mg/mL
collagen
SV3. Fluorescent Ca2+ transients of D14 hESC-CMs only constructs in 6 mg/mL
collagen
SV4. Fluorescent Ca2+ transients of D14 hESC-CMs + HS27a co-culture: 6 mg/mL
collagen
SV5. Fluorescent Ca2+ transients of D14 co-cultured hESC-CMs+HS27a constructs with
patterned microvessels.
SV6. Confocal z-stack of mTm engineered μV with interstitial GFP-hESC-ECs
SV7. Fluorescent bead perfusion of day 4 engineered microvessel
SV8. Whole blood perfusion through day 4 engineered microvessel
SV9. Whole blood perfusion through sprouting connection in day 4 engineered
microvessel
SV10. CD41a-labeled platelets during whole blood perfusion of day 4 engineered
microvessel
SV11. Cross sectional animation of OMAG flow overlaid with structural data: SA graft
SV12. Cross sectional animation of OMAG flow overlaid with structural data: μV + SA
graft

