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ABSTRACT

STRESS, STRUCTURE, AND FUNCTION OF THE EMBRYONIC HEART

Embryonic heart development is a complex process that requires the coordination of hemo-

dynamic stress and tissue morphogenesis. Improperly timed or distorted mechanical cues can

cause reverberating malformations that result in congenital heart defects (CHDs) or embryo death.

CHDs occur in ∼1% of live births. Only ∼20% have a known genetic origin. Altered mechan-

ical signaling or hemodynamics is likely a common contributor to CHD prevalence. Significant

research using animal models has shown that altered hemodynamics causes varied malformations.

Mechanical properties describe the underlying tissue architecture, which dictates how the heart

transmits and reacts to stress. This work aims to quantify and map the mechanical properties to

understand how they direct the formation of specific heart structures and function. Furthermore,

we seek to understand how mechanical properties change in response to altered hemodynamics.

We hypothesize that mechanical properties indicate regions of eventual structure formation, are

sensitive to altered hemodynamics, and dictate the pumping method that the heart uses to drive

blood flow. We test this hypothesis through three aims. In aim 1, we describe a novel technique

in which we use controlled pressurization to deform the embryonic zebrafish heart. We measure

deformation in two-dimensions and identify constitutive models of the embryonic heart tissue. Fi-

nite element analysis is used to validate our findings in three dimensions. In this aim, we establish

that controlled pressurization is a valid technique for inducing measured deformation of the heart.

Through this, we determine that the zebrafish myocardial stiffness is on the order of 10 kPa. In aim

2, we further develop our pressurization technique by measuring deformation in three dimensions

using confocal microscopy. Furthermore, we use a morpholino antisense oligonucleotide (MO),

gata1, to alter embryonic zebrafish heart hemodynamics by blocking development of red blood

cells, thus decreasing the viscosity and arterial pressure based on Poiseuille’s law. Upon mapping
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strain in three dimensions, we find that strain throughout the heart is variable, with specific regions

of low and high strain from 2 to 3 days post-fertilization (dpf). Low arterial pressure in gata1

MO embryos resulted in significantly increased strain compared to controls, indicating that altered

hemodynamics cause altered mechanical properties in the developing embryonic heart. In aim 3,

we seek to determine if the zebrafish early embryonic heart tube drives blood flow through peristal-

sis or impedance-type pumping. We attempt to directly induce impedance pumping by cannulating

the atrial inlet of the heart tube after halting contractions and applying a controlled pressure pulse.

Additionally, we use precisely controlled temperatures to increase heart rate, thus increasing arte-

rial pressure. As temperature is increased, we use high speed imaging to analyze the contractile

motion and resulting blood flow in the tube heart. Furthermore, we describe a previously unknown

response whereby the traveling endocardial closure shortens with increased arterial pressure. In

this aim, we fail to find evidence of impedance-type pumping but cannot preclude it contributes to

blood flow. In summary, our pressurization technique can be used to map strain in the zebrafish em-

bryonic heart; altering hemodynamics by reducing arterial pressure results in decreased stiffness of

the embryonic heart myocardium, and endocardial closure length in the embryonic zebrafish heart

tube shortens as arterial pressure and heart rate increase.
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Chapter 1

Background

1.1 Congenital Heart Defects

Congenital heart defects (CHDs) affect 1% of newborns, often with devastating consequences

[1]. However, the causes are poorly understood and only 20% have a known genetic etiology. Al-

tered mechanical signaling or mechanotransduction may be one key contributor. The mechanical

environment is spatially and temporally dynamic as the heart begins to function before it is fully

formed through a complex coordination of processes. Throughout development, ‘normal’ me-

chanical feedback from the hemodynamic environment is required for cardiac cells as they mature,

migrate, and proliferate. Any abnormal mechanical signaling early in development may rever-

berate to cause compounding defects in the subsequent formation of heart structures such as the

chambers, valves, or trabeculae.

Due to their complex origin and a wide diversity in defect phenotype, CHDs range significantly

in form and severity. CHDs are often classified based on similarities of the affected anatomical area

and severity [2]. Mild CHDs include atrial and ventricular septal defects and patent ductus arte-

riosus. Mild CHDs comprised 57.9% of cases, with ventricular septal defects having the highest

prevalence of all CHDs (35.6%) [3]. Often, mild CHDs resolve spontaneously or require mini-

mal intervention compared to severe CHDs. Severe CHDs are characterized by functional defects

resulting in low blood oxygenation (cyanotic defects), including underdeveloped structures or de-

fective valves.

In some cases, the aortic valve may fail to function properly, resulting in valve stenosis and low

blood flow out of the left ventricle. Restricted blood flow can result in abnormally high pressure in

the ventricle. Aortic stenosis occurs when the aortic valve is thickened and immobile and is evident

from turbulent or decreased Doppler flow. Corrective treatment is done through in utero aortic

valvuloplasty, in which a balloon is placed over the stenosed aortic valve and inflated, forcing
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the valve opening to enlarge. Subsequently, flow in the aorta increases and the high ventricular

pressure is relieved. If aortic stenosis is not corrected, and abnormal hemodynamic forces are

allowed to persist, more serious congenital heart defects may arise.

Hypoplastic left heart syndrome (HLHS) results from heart remodeling due to low flow caused

by a dysfunctional aortic valve. Phenotypic characteristics of HLHS include arrested growth or

hyperplasia of the left ventricle and narrowed aorta. In normal fetal hearts, the foramen ovale

and ductus arteriosus are open, allowing blood to flow freely between the left and right atria and

from the pulmonary artery to the aorta, respectively. These pathways close before birth. However,

in HLHS-affected hearts, the underdeveloped left ventricle cannot adequately pump blood to the

body. As such, doctors may choose to keep the pathways open with medication, thus allowing

the right side of the heart to provide blood flow to the entire body, bypassing the defective left

ventricle. However, only a fraction of the blood will be oxygenated, and eventually, the right

side of the heart will not be able to supply the growing body. Surgical correction of HLHS is a

staged, reconstructive process that can last into three years of age. The final outcome is called

"Fontan circulation" and involves rerouted blood circulation to the lungs and a single functioning

ventricle [4]. However, patients will live with lifelong complications such as arrhythmia, higher

risk for Protein Losing Enteropathy, and thromboembolism [5–7]. Although the survival rate for

surgically corrected HLHS cases has continuously improved, fetal aortic valvuloplasty improves

survivability to six years old by 25% [8]. Fetal aortic valvuloplasty to prevent progression to

HLHS is an example of the manipulation of hemodynamics to treat disease. It is evidence that

blood flow mechanics directly affect heart development. By understanding the flow environment

and the biomechanical response of the cells comprising the heart tissue, further prevention of CHDs

may become possible.

1.2 Animal Studies

Many animal studies have been conducted that use alterations to flow or structure as a means to

investigate growth and remodeling of the embryonic heart. The most common animal models used
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are mouse, chick, and zebrafish. This has been done through various avenues including genetic

manipulations (i.e., knockdowns), pharmacological treatments, and surgical interventions. Midgett

et al. used a surgical technique to manipulate blood flow through the heart [9, 10]. In chicks, a

suture was tied around the outflow tract during the heart tube stage and tightened to constrict the

tract by 10-35% or 35-60%. Sutures were left on for ≤1 day. Less constriction resulted in more

minor ventricular septal defects, whereas greater constriction caused double-outlet right ventricle,

thus demonstrating the potential for CHD severity to be regulated by flow in a dose-dependent

manner. In a different study by Hove et al., a glass bead was implanted at the inflow or outflow

tracts of an embryonic zebrafish heart, resulting in impaired valve formation, a lack of looping, and

collapsed or fused-shut inflow and outflow tracts. While the latter two conditions would clearly

be quite severe in humans, some level of impaired valve formation is thought to occur in 40% of

CHDs [11]. These experiments highlight the sensitivity of the developing heart to pressure and flow

alterations, which is highly relevant when considering the potential changes in fetal cardiovascular

biomechanics as a consequence of increased maternal risk factors due to drug use or blood flow-

altering treatments.

The effects of altered hemodynamics on valvulogenesis is particularly well studied due to di-

verse mechanical signaling in the atrioventricular junction (AVJ). The constricted geometry results

in higher blood flow velocity and wall shear stress than in the chambers [12, 13]. Furthermore, the

AVJ is located between two sequentially contracting chambers; thus, reverse or oscillatory flows

can occur depending on the pressure difference across the AVJ. Bartman et al. used a transgenic

zebrafish line in which cardiac troponin T (tnnt2) is not produced, thus preventing the heart from

contracting [14]. In this case, the endocardial cushions (heart valve precursors) failed to form at

the AVJ. To determine which mechanical cue, myocardial function (contraction) or endothelial

shear stress, determines endothelial cushion development, a different line called cardiofunk (cfk)

was used. In this line, contraction still occurs, but circulation is stopped due to cardiac dilation re-

sulting from defects in sarcomeric actin polymerization (R177H mutation), which results in lower,

but not zero, contractile force [15]. They observed that the endocardial cushions failed to form
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in 50% of cardiofunk embryos. Furthermore, when contraction was reduced by administering

the pharmaceutical 2,3-Butanedione monoxime (BDM), a dose-dependent response in endocardial

cushion formation was observed. Bartman et al. conclude that myocardial function is primarily

responsible for endocardial cushion formation from these experiments. However, flow through the

AVJ was not reduced to zero; thus, the endothelial cells were still exposed to wall shear stress.

These experiments highlight the difficulty in decoupling biomechanical signals (i.e., contraction,

wall shear stress, and pressure).

Vermot et al. hypothesized that reversing blood flows at the AVJ provides the primary sig-

nals needed for proper valvulogenesis [13]. Reversing blood flow is quantified as retrograde flow

fraction (RFF), the fraction of the cardiac cycle during which retrograde/reverse flow occurs. To

investigate the RFF signal, a type of genetic knockdown called an antisense morpholino oligonu-

cleotide (MO) was used to block transcription of gata1, a gene that regulates erythropoiesis. As

a result, the blood did not contain any circulating red blood cells, which caused a 90% reduction

in viscosity. Notably, RFF through the AVJ was greater than in controls (45% RFF in gata1 mor-

phants vs. 35% in control embryos). Blocking of gata2, also a regulator of erythropoiesis, resulted

in a 72% reduction of red blood cells, a 70% reduction in viscosity, and significantly reduced

RFF (17% gata2 morphants vs. 35% in control embryos). The authors found that the gata1 em-

bryos had normally developed valves while the gata2 embryos had severely defective valves. In

a combined gata1 and gata2 MO knockdown experiment, the resulting RFF was 50%, and valve

formation was again normal. Based on this, the authors conclude that reversing flows are more

critical for valve development than shear stress magnitude alone.

1.3 Embryonic Heart Development

In In the heart’s earliest functional form, it is a straight tube that is made up of 3 distinct layers:

an inner blood-contacting cellular monolayer of endocardial cells, a middle viscous gel-like layer

called the cardiac jelly, and an outer contractile monolayer of cardiomyocytes. This early heart

tube seems to pump in a peristaltic-like manner, in that sequential contraction of the myocardial
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cells results in a blood volume-displacing wave [16, 17]. Although active pumping is occurring,

red blood cells have yet to develop, and substantial morphogenesis will transpire before the final

form. It has been suggested that the heart might function purely to support its own morphological

development in these early stages [14]. Shortly after newly formed red blood cells begin circulat-

ing, the heart tube undergoes "looping," A series of bending and twisting actions that result in an

S-shaped tube [18]. Following looping is chamber ballooning and the formation of the atrium and

ventricle. Next, the trabeculae and valves begin to form. In trabeculation, cardiomyocytes in the

ventricular myocardium migrate toward the ventricle lumen. As the trabecular volume increases,

so does the contractility and, thus, blood flow. Valvulogenesis occurs at the AVJ, where a constric-

tion or endothelial ring separates the two chambers. This process begins with an accumulation of

cardiac jelly and endocardial cells at the constriction, followed by more endocardial cells migrat-

ing to form the leaflets [14]. The final basic form of the zebrafish heart consists of two sequentially

contracting chambers with a valve in between to prevent reverse flow.

1.4 Hemodynamic Stresses

Contraction and blood flow through the embryonic heart cause several types of stress in the

heart tissue. This stress varies throughout a single heart cycle or when downstream hemodynamics

conditions change. During the early heart tube stages, contraction begins near the inlet. Contrac-

tion increases pressure, driving blood flow forward (Figure 1.1). This flow creates wall shear stress,

which depends on the blood viscosity and blood velocity gradient [19]. As the contractile wave

travels forward, pressure increases on the arterial side due to resistance imparted by the vasculature.

Pressure increases result in circumferential stress, a type of intercellular stress that is transmitted

through cell-cell adhesion. With increased blood viscosity, resistance increases proportionally per

the Poiseuille law [20]. This results in an increase in pressure and, thus, circumferential stress.

Traction stress occurs between the cells and extracellular matrix (ECM) through cell-ECM inte-

grin adhesion molecules. Overall, stress increases greatly during contraction, specifically at the

end of systole (ejection) when the heart is pumping against the highest pressure.
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Figure 1.1: Illustration of blood volume changes during one cycle. A) Volume of heart tube is not changing

with time. B) Atrial inlet closes. C) Venous volume increases, arterial volume decreases, dashed lines

indicate endothelial closure with trailing edge on left and leading edge on right. D) Closure reaches outlet,

arterial volume is zero.

1.5 Mechanical Properties

Stress in the embryonic heart is complex. Contraction and hemodynamics create time-varying

stress that is transmitted or dampened by various components of the cells and ECM that make up

the heart walls. The mechanical properties of the heart describe how the tissue deforms in response

to stress. Cytoskeletal components, such as myosin and actin filaments, and ECM components,

such as fibronectin, contribute to the overall mechanical properties. Furthermore, actin or other

filamentous components may align in specific prevailing directions. In such cases, the material

properties may be defined as transversely isotropic, where material behavior differs in the fiber vs.

non-fiber directions. Importantly, the material properties can be measured and, when appropriately

modeled, can accurately describe how the heart tissue will deform.

Measuring the material properties of the embryonic heart presents several problems. Firstly,

it is an embedded organ that is tightly connected to the surrounding tissue. Thus, removal may

alter how stress is conveyed, particularly if the tissue is damaged. With that, most measurement

techniques are invasive and inevitably require sacrifice of the embryo. As such, an appropriate

animal model must be used. Secondly, the embryonic heart in most standard animal models is

relatively small. Many common measurement techniques, such as uniaxial or biaxial testing, are

not feasible. These techniques require the removal of the tissue to be placed in a machine that pulls

the tissue in the desired direction. Deformation of the tissue is measured, and based on the force

applied, a relationship between force and deformation can be created to develop an appropriate
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material model. Fortunately, small-scale techniques that produce the same outcomes have been

developed.

Micro or tissue indentation is a scalable material property measurement technique. Other sim-

ilar types of indentation include Atomic Force Measurement and cell pokers, which use a force

transducer to measure the force generated by pressing on the tissue [21, 22]. The amount of de-

flection by the probe is also measured. From this, a relationship between force and deflection is

ascertained. Length scales for these systems range from nanometer fractions to centimeters. Tis-

sue indentation has been used to characterize the material properties of embryonic chick hearts,

allowing researchers to probe specific heart regions [23–25]. Indentation techniques can be rela-

tively non-invasive since they only require the probe to contact the tissue surface. However, they

are limited in that they can only be used to measure compressive forces, not tensile forces [23].

Tensile strength allows the cells and tissue to resist being stretched or pulled and is mostly con-

tained within the cytoskeleton and extracellular matrix. Filamentous components of cardiomy-

ocytes, particularly sarcomeric actin but also including non-sarcomeric cytoskeletal components

(actin, intermediate filaments, and microtubules), transmit and resist tensile forces from circumfer-

ential stress [26]. Pressure loading is advantageous for measuring mechanical properties in organs

undergoing circumferential stress. In this technique, a tube or cannula is inserted into a vessel,

and controlled pressure is applied to inflate the vessel [27, 28]. The embryonic heart tissue is

under constant and cyclic stress from internal pressure and contraction. Given this, measuring me-

chanical properties by applying force from within the chambers will likely provide properties that

describe the tissue behavior under physiologic conditions. Overall, the appropriate method should

be chosen based on the forces involved (i.e., compression or tension).
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Chapter 2

Aim 1: Passive Mechanical Properties of the

Embryonic Heart Resemble Single Myocytes

2.1 Introduction

Morphological sculpting during cardiogenesis involves a complex interplay between tissue

growth, mechanical properties, and function [1]. This interplay is fundamental to modeling and

remodeling of tissue as the afterload on the heart increases in response to the growing demands of

the body [2–7]. When encountering abnormal mechanical stress, the adaptive responses can lead

to morphology reminiscent of congenital heart defects [8, 9]. To better understand the relation-

ships in both health and disease, it is first necessary to develop approaches to quantify mechanical

properties in animal models used to study heart development.

Just after looping, the embryonic heart is composed of three layers and two chambers (atrium

and ventricle). The endocardium and cardiac jelly (CJ) are the innermost layers that provide little

to no tensile support [10–12]. The outer myocardium is composed of a single sheet of contractile

cardiomyocytes at the early embryonic heart stages, providing much of the tensile support [12].

Passive tensile support primarily comes in the form of intracellular filamentous actin, while active

support exists through interconnected sarcomeres [13, 14]. The development and coordination of

each layer with their corresponding mechanical properties results in a functional heart.

Quantifying mechanical properties can be done through uniaxial or biaxial tissue testing. The

need for a sufficient tissue sample size is a limiting factor for these techniques. Despite this,

these tests have been successfully applied to embryonic chick hearts and small lymphatic vessels,

which are greater than 200 µm in length scale [15, 16]. Alternatively, on the cellular scale, many

other tools exist, including micro-indentation, atomic force microscopy (AFM), cell aspiration,

magnetic tweezers, and optical tweezers [17, 18]. When employing these techniques, properties are
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only locally measured. Furthermore, these approaches do not provide physiological tensile loads,

typical of the heart, and are very challenging to use on the scale of a zebrafish embryonic heart

chamber (50–200 µm). Therefore, techniques to quantify mechanical properties of embryonic

cardiac tissue have seen little application in zebrafish, which otherwise are a useful animal model

for studying early heart development due to their optical clarity and extensive library of transgenic

lines.

Here we demonstrate a novel pressurization technique to measure passive mechanical proper-

ties of the embryonic zebrafish atrium in vivo, building upon what has been done in explanted chick

hearts [19, 20]. Although we neglect observations on the ventricle, we note that at these early de-

velopmental stages, the atrium provides much of the work required for early circulation [21]. The

technique can be applied throughout development and to various genetic zebrafish models, while

the zebrafish remains alive. In the current example, we apply the technique at an early developmen-

tal stage directly after a morphological transformation known as looping [22]. Constitutive models,

based on previously published research, are applied to planar cross-sectional data and these models

are evaluated in a three dimensional finite element analysis (FEA). Overall, we present a tool that

can be leveraged when identifying phenotypes in zebrafish models, considering the mechanical

properties are intimately linked with heart function and morphology.

2.2 Methods

2.2.1 Zebrafish Embryo Preparation

Embryos were obtained from fertilized eggs collected from adult zebrafish (Danio rerio), raised

and bred in accordance with Westerfield [23]. Ethical approval for experiments was provided by the

Institutional Animal Care and Use Committee at Colorado State University. Time of fertilization

and developmental age was confirmed by cell counting during the zygote or early cleavage period.

Embryos were maintained at 28◦C until experimentation. At 48 hours post-fertilization (hpf),

embryos were dechorionated and transferred to a solution of 4 µg/mL Warfarin in E3 (balanced

salts embryo medium) where they were incubated for approximately 10 min. Warfarin was used
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to mitigate risk of blood coagulation during cannulation, described below. Embryos were then

embedded in 1.5% low-melt agarose to physically immobilize them. 2,3-butanedione monoxime

(BDM) was added to the 1.5% agarose solution at a concentration of 50 mM with continuous

exposure to maintain an appropriate dosage [24]. BDM is an inhibitor of myosin ATPase, inhibiting

cardiomyocyte contraction and is therefore used to stop the heart during measurements [25]. BDM

is also commonly used to study passive properties of adult hearts [26]. A 15-min incubation time

was sufficient to halt contractions. Note that the zebrafish remain alive during this time and can

survive multiple days without blood circulation [27, 28]. A total of six embryos were used in

this study, five embryos were used in the two-dimensional pressurization experiments and one

representative embryo for three-dimensional imaging.

2.2.2 Two-Dimensional Imaging

Images were acquired at room temperature with an upright microscope (Olympus SZX12 with

SZXAL20X lens attachment) by a Photron Fastcam Mini UX-100 camera at .45 µm/pixel with an

optical resolution of .88–1.5 µm. Data were collected as image sequences for analysis. Embryos

were oriented ventral side up with the atrioventricular canal (AVC) and atrial inlet (AI) in the

imaging plane, Figure 2.1a.

2.2.3 Cannulation and Pressurization

Borosilicate glass capillaries (WPI, Sarasota, FL, TW100-6) were pulled and broken to an outer

diameter of 10–15 µm, as optically measured. Capillaries were soaked in casein solution overnight

to prevent blood-protein binding and blood clotting. An injection solution consisting of 4 µg/mL

Wafarin (to further prevent clotting) and .1 mg/mL Rhodamine dye (to visualize potential leakage)

in 0.3X Danieau’s solution was backfilled into capillaries. Danieau’s solution resembles the salt

concentrations and osmotic pressures observed within zebrafish embryos [29]. Capillaries were

attached to a micromanipulator, where the tip was used to puncture a 50 µm2 area located at the

confluence of the cardinal veins, posterior to the atrial inlet, Figure 2.1b. A pressurization system,

consisting of a fluid column connected to the cannula via a small tube and a syringe pump (Harvard
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Apparatus, Holliston, MA, PHD 2000) by which the fluid level in the column can be precisely

controlled, was used to produce specified pressures, Figure 2.1c. All air bubbles were purged and

the fluid level in the column was zeroed to the level of the zebrafish heart prior to cannulation,

corresponding to a near zero-pressure state. This was determined when fluid did not enter or exit

the cannula. Cannulation, itself, did not appear to initiate any response from the heart, despite

creating a local injury. This was verified by comparing images of heart size and morphology

between cannulated and non-cannulated zebrafish. Note that contractility was stopped with BDM

before pressurization began, as described above. Once the capillary was inserted, pressure was

increased from 0 to 10 mmHg and image sequences were collected at every 0.5 mmHg increment

until 2 mmHg with 60 s intervals between each pressurization, allowing viscoelastic effects to

dissipate. Thereafter, imaging was executed at every 2-mmHg increment. 0.5 mmHg increments

for physiologic pressure (≤2 mmHg) was chosen to resolve potential nonlinearities [21]. We

speculate that pressure is applied throughout the entire cardiovascular system with this technique.

Tissue was allowed to stabilize between pressurization steps and there was negligible flow out

of the cannula once pressure equilibrium was reached. Also, note that the diameter of the fluid

column was large when compared to the zebrafish and therefore any volume changes that occur to

expand the cardiovascular system was relatively negligible when compared to the volume of liquid

added during pressurization steps. Therefore, hydrostatic pressure changes were negligible. Also

dye from the cannulation media did not travel more than a 20 um radius from the cannulation site,

indicating only small volume changes.

2.2.4 Constitutive Model

A valid constitutive model for the embryonic zebrafish heart has not been developed before,

to our knowledge. We therefore compared three models of increasing complexity to determine

the best representation of the embryonic myocardium over a range of applied pressures. As a first

order approximation, a Neo-Hookean model was evaluated. The strain energy density function
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Figure 2.1: (a) Image of the 48 hpf zebrafish heart with outlined atrium. Black dotted center line represents

longitudinal length of the atrium. Atrial inlet (AI) and atrioventricular canal (AVC) mark the boundaries and

constriction of the atrium. White dotted line indicates half the length of the atrium where radius measure-

ments were taken. Outer curvature (OC) is outlined by upper black line. Inner curvature (IC) is outlined by

lower black line. λzz indicates longitudinal stretch direction relative to the atrium and λθθ indicates circum-

ferential stretch direction. (b) Epifluorescence microscopy image of the Tg(my17:EGFP) 48 hpf zebrafish

heart with fluorescent myocardium (green) viewed ventrally. This image illustrates the location of cannula

(filled with red rhoadamine dye) insertion and pressurization, posterior of the atrial inlet. (c) Illustration of

pressurization system consisting of camera (i), petri dish or slide containing live zebrafish (ii), cannula (iii),

micromanipulator (iv), fluid column (v), and syringe pump (vi). (d) Laser scanning confocal three dimen-

sional image of a fluorescent 48 hpf zebrafish heart. (e) Zebrafish heart model mesh. Boundary conditions

were applied at the ventricle outflow tract (OFT) and the atrial inlet (AI). Red arrows indicate points at

which simulated strain measurements were taken.

representing the embryonic myocardium as an incompressible, homogenous material in this case

is

W =
1

2
CH(IC − 3), (2.1)
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where CH is a material constant and IC is the first strain invariant Ic = λ2
RR

+ λ2
θθ

+ λ2
ZZ

,

where stretch ratios are defined by λθθ = r

R
, λzz = l

L
, λrr =

∂r

∂R
, along the circumferential, axial,

and radial directions. The term r is the deformed radius, R is the nearly stress free radius, l is

the deformed axial length, L is the nearly stress-free axial length, ∂r is the deformed myocardial

thickness, and ∂R is the nearly stress-free thickness. As a limitation, we assume no residual stress

or twist with these equations. Note that no twist is seen when observing individual cardiomy-

ocytes in zebrafish during pumping or inflation at this stage in development. We also evaluated an

isotropic hyperelastic Yeoh-type, or reduced polynomial, strain energy density function that has

been previously used to study continuous sheets of cells [30–32]:

W = CS(IC − 3) + CS1(IC − 3)2, (2.2)

where CS and CS1 are unknown constants. Lastly, to compare with prior work on chick em-

bryos, we also evaluated an isotropic, incompressible, homogenous, nonlinear model [12]. The

strain energy density function in this case is based off of one used for the human carotid bifurca-

tion [33, 34]:

W =
CI

CI1

[

exp

(

1

2
CI1(IC − 3)

)

− 1

]

, (2.3)

where CI and CI1 are material-specific constants [12, 35]. Note that models with additional

constants could result in overfitting of the data based on our current approach.

2.2.5 Two-Dimensional Model Approximation of Mechanical Properties As-

suming a Thin-Walled Pressure Vessel

As a first order approximation of constants for Eqs. (2.1)–(2.3), we assumed a curvilinear

coordinate system. We also neglected the role of the CJ and endocardium in supporting tensile

stress. The CJ is a gel-like material that lacks tensile support. The CJ is reported to be a fraction of

the stiffness of the myocardium, even under compression [12, 35, 36]. The endocardium is com-
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prised of endothelial cells, estimated to have a stiffness of 1.5–5.6 kPa for isolated human aortic

adult endothelial cells on a stiff substrate and could play a minor role in tensile support [37, 38].

Further simplifying our initial analysis, we assume the atrium to be a thin walled pressure vessel.

With these assumptions, we use the Young–Laplace equation as a rough approximation of myocar-

dial stress. Also, the myocardium is assumed incompressible, thereby requiring λrrλθθλzz = 1.

We make a two-dimensional assumption since the radius of the atrium is much greater than the

thickness of the myocardial layer. We assume load varies smoothly and that that there is no restric-

tion by surrounding tissue along the contour of the myocardium modeled as a membrane. Also,

since modeling the wall as a single layer of cells, we assumed that the stress is uniform across the

myocardial thickness. We used the Young–Laplace equation for an equilibrium equation:

P = h(κθσθθ + κzσzz), (2.4)

where κθ is the radius of curvature in the circumferential direction for the semi-cylindrical

atrial geometry, while κz is the radius of curvature along the axial direction, P is the inner ap-

plied pressure, with the assumption that the outer pressure is negligible, and h is the thickness,

σθθ is the circumferential stress, and σzz is the axial stress in the myocardium. Note that due to

incompressibility, we also assume:

r =

√

r2
o
−

1

λzz

(R2
o
−R2), (2.5)

where the subscript, o, represents the outer radius.

2.2.6 Two-Dimensional Parameter Estimation

Equations (2.1)-(2.5). were used to relate the strain energy density function to the atrial diam-

eter, curvature, length, and thickness for loaded and unloaded configurations. Material parameters

were quantified using a nonlinear regression by minimizing the error function:
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error =
N
∑

i=1

(

Pmeasured
(i)

− Pmodel
(i)

P̄

)2

(2.6)

where Pmeasured is the measured pressure, Pmodel is the predicted model pressure, i is a data

point, and P̄ is the average pressure for all of the data points. All calculations were performed

in Matlab R2018b (The Mathworks, Inc., Natick, MA). Fits were performed using a nonlinear

least-squares method to minimize errors between the models and the experiments.

2.2.7 2D Image and data Analysis for the 2D Approximation of Mechanical

Properties Assuming a Thin-Walled Pressure Vessel

An image analysis was performed for each pressure step. Note that only the ventricle extends

out-of-plane when viewing a cross-sectional area of the atrium in this study and was not evaluated

in our study. To measure atrial area, we traced the atrium in ImageJ using the constriction at

the AVC and AI as borders for the tracing [39]. To measure radius, the outer curvature (OC)

and inner curvature (IC) of the atrium were separately traced and the coordinates were exported

to Matlab. A midline of the atrium was established with a curvilinear coordinate system. The

diameter of the atrium at half the centerline, Figure 2.1a. This measurement was then used for

κθ and λθθ. Curvature of the trace was used for κzz. We assume that a 0 pressure condition

exists after application of the BDM and before cannulation. We consider the geometry under these

conditions as an initial configuration, neglecting potential residual stress. Once cannulation occurs,

there is typically a small increase in atrial area, which we assume is caused by a small increase in

pressure as local tissue deforms at the cannulation site. We attempt to account for this by assuming

the initial pressure value after cannulation is above 0, estimated based on extrapolating pressure

from pressure-area curves. We would like to acknowledge that this can lead to some error when

calculating constants in Eqs. (2.1)–(2.3). We do note that exclusion of the extrapolation changes

the constants by less than 10%. Model Eqs. (2.1)–(2.3) were fit to data generated experimentally

as explained above.
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2.2.8 Three-Dimensional Imaging

We also perform a finite element analysis that requires three-dimensional geometry. Therefore,

three dimensional imaging was performed on a representative 48 hpf Tg(myl7:eGFP) embryonic

zebrafish heart (atrium and ventricle) with fluorescent myocardial cells using a laser-scanning con-

focal microscope (Zeiss LSM 800, Thornwood, NY). Z-stack spacing was set to 0.3 microns with

a lateral resolution of 3.2 pixels/ micron. The resulting image consisted of discrete nuclei, repre-

senting individual cells in the myocardium, Figure 2.1d. Embryos were prepared and anesthetized

in agarose + BDM solution as described above. Embryos were oriented ventral side down on a

glass cover slip in such a way that the heart was as close to the objective lens as possible. A rep-

resentative embryo was used for the three-dimensional image, as opposed to averaging multiple

geometries since morphology is challenging to standardize at this stage in development. Note that

we were unable to pressurize the heart on the confocal microscope due to technical challenges with

cannulation on inverted microscopes. Therefore, the three-dimensional geometry was only used in

the below finite element parameter estimation.

2.2.9 Finite Element Analysis

Since the two-dimensional analysis required many simplifying assumptions related to geom-

etry, we also applied constants from the two-dimensional analysis to three-dimensional geometry

reconstructed from the confocal z-stack of the atrium and ventricle for a representative embryo.

Using the z-stack, the zebrafish heart was semi-automatically segmented using a lazy snapping

algorithm created in a custom-written C++ code. Using VMTK software, the segmented two-

dimensional-images were converted to a three-dimensional geometry, Figure 2.1e.The jagged sur-

face of the reconstructed geometry was then smoothed using Meshmixer (Autodesk Inc.). FEA

was performed to evaluate the experimental results using ABAQUS 6.14 (Simulia, RI, USA). The

simulations were performed with 40,000 mesh elements, as determined after a mesh independence

study. The zebrafish heart was modeled as a thin-layered geometry with a uniform thickness of 3

µm. The boundary conditions were set such that in all simulations, the ventricular outflow tract
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was fully constrained and the AI plane was set such that it was symmetric along the axial (normal)

direction. The ventricular outflow boundary condition was far from points of measurement in the

atrium.The AI boundary condition was chosen based on lack of movement of the AI along the

axial direction seen during pressurization. Strain was probed at 10 points along the outer curva-

ture of the atrium, indicated by the red arrows in Figure 2.1e. The maximum principal strain was

converted to stretch ratios averaged across 10 points along the outer curvature to compare with

experimental results. The maximum stretch ratio for experiments was determined by averaging the

circumferential stretch ratios from each embryo for a pressure step. This was repeated for the axial

stretch ratios. The greater value between axial and circumferential stretch ratio was considered the

maximum stretch ratio and used for comparison against the FEA results.

2.3 Results

2.3.1 Mechanical Response of Atrium to Pressure Loading

For all embryos, the atrium visibly expands upon pressurization, Figure 2.2a and b. Cardiomy-

ocytes along the OC and IC elongate and become thinner as the atrium increases in size. The

cross-sectional area of the atrium increases steadily for pressures below 1 mmHg and normalized

area values below 1.07, noting that physiological pressures at this stage in development are below

2 mmHg. Area changes are less as pressure increases above 2 mmHg, with an overall area increase

of approximately 8% at 2 mmHg. For larger pressure values, area stretch trends are more vari-

able, with a max increase of around 18% for a pressure of 7.5 mmHg, an over-pressurized state,

Figure 2.2c.

2.3.2 Mechanical Properties and Parameter Estimation

Unknown parameters for Eqs. (2.1)-(2.3) were determined based on stretch ratios in curvilinear

coordinates along the outer curvature of the atrium. Green strain increases proportionally in both

axial and circumferential directions for a given pressure, indicating that the mechanical properties

may be isotropic or transversely isotropic, Figure 2.3. The Neo-Hookean model, Eq. (2.1), is the
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Figure 2.2: (a) Brightfield microscope image of the 48 hpf zebrafish heart before and after (b) pressurization

to 10 mmHg. Note expansion of the atrium (larger upper chamber) as pressure increases. (c) Plot of pressure

(mmHg) vs. normalized area (deformed area/unstressed area) for all 5 embryos combined. Normalized area

increases as pressure increases, indicating expansion of the atrium under pressure. Trendline indicates

linearity of points below 2 mmHg.

simplest model considered with a single parameter, CH . Fitting this model results in an CH of

32.23 ± 12.52 kPa (all best fit values are presented as ± standard deviation), Figure 2.4. The two-

parameter reduced polynomial strain energy density function, Eq. (2.2), results in a CS of 49.08 ±

19.28 kPa and CS1 of 11.47 ± 4.99, Figure 2.5. A two-parameter exponential model (CI and CI1)

that assumes isotropy, Eq. (2.3), results in an average CI is 17.54 ± 8.22 kPa, and CI1 is 21.72

± 12.91, Figure 2.6. The large standard deviation demonstrates large variability between samples

with this model. The Neo-Hookean model behavior deviates from experimental data at high strain;

instead of an increasing slope, the Neo-Hookean model plateaus. The reduced polynomial and

exponential functions from Eqs. (2.2) and (2.3) better depict the behavior seen for the atrial tissue.

A summary of parameters is presented in Table 2.1.

2.3.3 Finite Element Analysis

We applied a Neo-Hookean and reduced polynomial model to the three-dimensional geometry

of an embryonic zebrafish heart. The resulting simulated stretch ratios were compared to exper-

iments to determine whether the above two-dimensional analysis can sufficiently capture three-

dimensional behavior. Results are compared with experimental maximum stretch ratios averaged
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Figure 2.3: Plot of Green strain in the axial direction (EZZ) vs in the circumferential direction (Eθθ) for all

5 embryos combined, a proportional increase of both indicates isotropy.

Figure 2.4: Plots of pressure (mmHg) vs. circumferential and longitudinal stretch (λzz and λθθ) for each

embryo. Line indicates Hookean model fit.

for five zebrafish along the OC, Figure 2.7. Neo-Hookean maximum stretch ratios coincide closely

with experiments. In contrast, there is clear disparity between the reduced polynomial and exper-
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Figure 2.5: Plots of pressure (mmHg) vs. circumferential and longitudinal stretch (λzz and λθθ) for each

embryo. Line indicates Single Cell model fit.

Figure 2.6: Plots of pressure (mmHg) vs. circumferential and longitudinal stretch (λzz and λθθ) for each

embryo. Line indicates Eq. (2.3) model fit.
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Table 2.1: Coefficients generated from experimental model fits of Eq. (2.1) (Neo-Hookean), Eq. (2.2)

(reduced polynomial), and Eq. (2.3) (exponential).

Equation 1 2 3

Replicate CH (kPa) CS (kPa) CS1 CI (kPa) CI1

1 14.71 15.49 3.17 10.43 5.81

2 32.64 60.00 14.98 15.62 22.39

3 30.39 49.90 15.10 11.04 12.69

4 49.96 60.00 10.57 30.47 38.17

5 33.46 60.00 13.52 23.15 29.56

Avg. 32.23 49.08 11.47 17.54 21.72

SD 12.52 19.28 4.99 8.22 12.91

imental strain results. The differences in maximum principal logarithmic strain between the two

FEA models are reflected in contour maps, Figure 2.8. Neo-Hookean strain is greater along the

OC, generally remaining in the 0.02 to 0.05 range for a pressure of 2 mmHg (Figure 2.8a). Re-

duced polynomial maximum principal strain ranges from 0 to 0.2 along the OC (Figure 2.8b). For

both models, strain does increase above 0.05 near the AI, a potential artifact of the boundary con-

dition. It also increases near the AVC along the IC of the atrium. Overall, the Neo-Hookean model

strain approximately matched the experimental strain while the reduced polynomial model pre-

dicted strain much lower than what was seen in the two-dimensional experiments for physiological

loads.

2.4 Discussion

We developed a technique to characterize the mechanical properties of the embryonic zebrafish

heart, Figure 2.1. By inflating the atrium, we established a relationship between pressure and

deformation, Figures 2.2 and 2.3. Through simplified assumptions, we show that the embryonic

zebrafish atrium is best depicted by a nonlinear hyperelastic strain energy density function, Figures

2.4, 2.5, 2.6, and 2.7. Overall, we demonstrate an ability to quantify cardiac tissue deformation

under tension for an applied inflation pressure in live embryonic zebrafish for the first time. The
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Figure 2.7: Plot of Pressure (mmHg) vs. maximum stretch ratios for experimental data, Reduced Polyno-

mial simulation data, and Neo-Hookean simulation data. Error bars represent the standard error mean.

Figure 2.8: Three-dimensional max principal logarithmic strain map of a simulated 48 hpf zebrafish heart

pressurized to 2 mmHg using a Neo-Hookean and Reduced Polynomial model. The top chamber in each

individual strain map represents the atrium.

current approach enables the quantification of mechanical properties for high throughput zebrafish-

specific genetic models, which could be applied to multiple stages of development.
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Atrial stiffness in our study is higher, but on the same order of magnitude of values found for

other species. At 48 hpf, we found a material constant of 32.23 ± 12.52 kPa for the zebrafish

atrial wall based on a Neo-Hookean model, Eq. (2.1) (Table 2.1). Zebrafish at 48 hpf is equivalent

to chicks at 45–52 hpf or Hamburger and Hamilton stages 12–14 [40, 41]. In the chick heart,

myocardial stiffness has been shown to increase with embryonic age, estimated at 0.3 kPa/day

between 2 and 6 days of development, as measured through aspiration [5]. Comparatively, others

demonstrate a bimodal tissue modulus of either 1–6 kPa or 9– 14 kPa through AFM on explanted

quail embryonic myocardium [42]. AFM experiments on isolated, non-contracting, neonatal rat

cardiomyocytes produce modulus values of 6.5 ± 4.8 kPa [43]. Higher stiffness values found

in our study, compared to other species, may be related to the surrounding intact tissue, which

could constrain atrial deformation for the high loading conditions used in our study. We see lower

stiffness for physiological pressure (< 2 mmHg). Overall, it appears that myocardial mechanical

properties may be relatively conserved across species during early heart development.

Additional studies have quantified mechanical properties of embryonic intact heart tissue using

other nonlinear isotropic models. Zamir et al. found mean values for CI of 13.0 ± 5.6 Pa and

CI1 values of 0.57 ± 0.34, when quantifying residual stress using Eq. (2.3) [35]. In comparison,

we found values of 17.67 ± 7.05 kPa for CI and 21.10 ± 13.94 for CI1 (Table 2.1). The large

discrepancy in parameter values is likely due to the approach taken by Zamir et al. where they

quantify residual stress under compressive conditions on a small scale. Here, mechanical properties

are evaluated in an overstretched state under a tensile load for the overall tissue. Therefore, in the

current work, subcellular filamentous actin and sarcomeres are pulled, similar to physiological,

but elevated, loading conditions (although at a higher stress). Furthermore, Zamir et al. is using a

different species in their analysis. Overall, the model from Zamir et al. depicted the behavior of

the atrial tissue, despite the difference in species and the difference in material constants.

We postulate that mechanical properties of the intact zebrafish heart at 48 hpf is primarily

driven by stretching of individual cardiomyocytes, especially since stiffness is similar to values

found for single or collective cardiomyocytes. Sarcomeres have fully formed by 48 hpf in ze-

27



brafish and may provide tensile support [44]. In comparison, sarcomerogenesis takes longer in

other species, including chick, where mechanical properties change (0.3 kPa/day) early in devel-

opment [5]. Passive tension within sarcomeres is largely controlled by titin [45]. Connections with

costameres, Z-discs, and intercalated discs would also contribute passive mechanical properties,

particularly after sarcomerogenesis [46]. We speculate that some of these subcellular structures

may be reaching a fully stretched state in our study, which may explain the stiffening of tissue

during over-pressurization. Similar curves are seen as titin extends with stiffening occurring after

a stretch ratio of 1.14 [45]. Speculation on the subcellular structures that support passive loads

would need to be more rigorously tested in future studies.

We observed significant variation between replicates and between our two-dimensional and

three-dimensional analysis. Reproducibility may be affected by the method used to quantify the 0

pressure condition, which can change material parameters by up to 10% (based on a comparison

with and without extrapolation). Also, inconsistency in orientation of the zebrafish body affects

cross-sectional planar measurements. Atrial area in the initial configuration varied by 13% in

the present study. We expect additional errors in determining circumferential stretch ratios and

curvature, since we do not account for out-of-plane morphology. Such errors may provide an

explanation for discrepancies between the two- and three-dimensional analyses. Overall, three-

dimensional, e.g. confocal, imaging during pressurization is expected to improve the variability

and would likely lead to a more accurate estimation of material constants.

We note various limitations to our study. First, a continuum framework may not provide the

best approach to model the embryonic heart due to the small size. In the current work, we neglect

the contribution of the CJ, endocardium, and surrounding tissue in supporting tensile loads. This

approximation may lead to higher predicted stiffness values compared to values that actually exist.

A major assumption in the current work is that we can quantify mechanical properties based on

a cross-sectional image of three-dimensional tissue using a simplified Young–Laplace equation.

Although errors can arise, the current work still demonstrates a technique that could be combined

with three-dimensional imaging for more accurate quantification, an approach that warrants future
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investigation. Mechanical properties may also be heterogeneous. Due to the size of the zebrafish

embryonic heart, we did not control the boundary conditions. Lastly, there may also be residual

stress in the tissue that we did not quantify due to the difficulty in handling the small-sized hearts

of zebrafish. Studies using chick embryos demonstrate that residual stress is relatively small after

looping, and therefore may not significantly impact the results [18]. Despite these limitations,

we are able to still quantify mechanical properties of the embryonic zebrafish heart using a first

order approximation, demonstrating an important technique that can be used to understand various

potential phenotypes seen in zebrafish.
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Chapter 3

Aim 2: 3D Patterns of Strain Depend on Specific

Hemodynamic Cues

3.1 Introduction

Early heart development is a complex process involving an interplay of stresses generated from

blood flow. Through mechanotransduction, these stresses are transmitted through the tissue to act

as mechanical cues which generate cellular responses that inform normal development. The trans-

mission of stress is dependent on the material properties of the heart tissue, which is comprised

of individual cells and the surrounding extracellular matrix (ECM). The components of the ECM,

cell-ECM junctions, cytoskeletal components, and cell-cell junctions all contribute to the transmis-

sion and modulation of stress. As such, mechanotransduction is sensitive to perturbation, which

may lead to drastic deformations.

Animal studies have shown that modified hemodynamic stress alters development through this

process [1–6]. Hove et. al. have shown that blocked blood flow at the heart inlet or outlet via place-

ment of a small bead lead to drastic developmental defects such as failure to loop, unformed bulbus,

and collapsed inflow and outflow tracts [7]. Another group performed outflow tract banding, to in-

crease hemodynamic load, and vein ligation, to decrease hemodynamic load, in embryonic chick

hearts [8–10]. This resulted in changes in heart wall mechanical properties and defects such as left

heart hypoplasia, double outlet right ventricle, and persistent truncus arteriosus. In addition, early

heart development is particularly sensitive to mechanical stress, as malformations that manifest

earlier have potential to compound to more severe defects later in development [5, 11].

An alternative to manipulating hemodynamics through physical means, is to directly manipu-

late the blood itself. Blocking transcription of the erythropoiesis modulating gene, gata1, through

injection of an antisense morpholino oligonucleotide (MO), prevents the formation of red blood
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cells, thus decreasing blood hematocrit to zero and blood viscosity by 90% [6, 12]. Reduction of

blood viscosity via gata1 MO has been shown to alter hemodynamics, specifically the oscillatory

flow across the atrioventricular canal [13]. However, resistance decreases with viscosity according

to Poiseuille’s Law, as such, the pressure that the heart must pump against decreases as well [14].

Here, we leverage the gata1 MO to deplete red blood cells in embryonic zebrafish and employ a

previously developed pressurization technique to investigate the effect of decreased blood pressure,

resulting from decreased viscosity, on the mechanical response of the zebrafish embryonic heart

tissue.

3.2 Methods

3.2.1 Zebrafish Embryo Preparation

Adult zebrafish were maintained according to Westerfield [15]. Ethical approval was provided

by the Institutional Animal Care and Use Committee at Washington University in St. Louis. Em-

bryos were collected from adults generated from crosses of Tg(myl7:eGFP), green fluorescent

myocardium; and Tg(kdrl:mCherry), red fluorescent endocardium. Embryos were grown up in

egg water prepared from Instant Ocean Sea Salts (Blacksburg, VA) (egg water) [15]. Embryos

were dechorionated prior to experiments and transferred to a 1X Tyrode’s solution (142 mM NaCl,

4.7 mM KCl, 10 mM HEPES, 10 mM Glucose, 1 mM MgCl2, 1.8 mM CaCl2) containing 25

mM Warfarin and 30 mM BDM. For experiments at 72 hpf, naturally dechorionated embryos were

transferred to a solution of egg water containing 25 mM Warfarin and 40 mM BDM. Embryos were

incubated in Tyrode’s/Warfarin/BDM solution until the hearts ceased contracting and an additional

20 mins to allow for complete relaxation of the myocardium.

3.2.2 Gata1 Knockdown by Morpholino

Gata1 MO (sequence 5’-CTGCAAGTGTAGTATTGAAGATGTC-3’) was prepared by Gene-

Tools. Approximately one nanoliter of 1 mM gata1 MO dissolved in nuclease free water was
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injected at the one to four cell embryonic stage. Red blood cell depletion at 2 dpf was used as an

indicator of morpholino success.

3.2.3 Cannula preparation

Borosilicate glass capillaries (World Precision Instruments, inc., Sarasota, FL, TW150F-4)

were pulled using a micropipette puller (Sutter Instrument Company, Novato, CA, P-30), with the

following settings: heat=880, pull=400, trip micrometer=2. Capillary tips were then sharpened on

a micropipette beveler with a fine abrasive plate (Sutter Instrument Company, Novato, CA, BV-

10). Sharpening was necessary because the embryo skin stretches significantly if poked by a dull

cannula. Additionally, beveling increases the tip inner diameter because the tip is sharpened at a

25-30◦ angle (Figure 3.1), which alleviates clogging.

Figure 3.1: Beveled cannula tip.

Cannula dimensions at the tip are critical to achieving a successful pressurization. Inner tip

diameters that are less than 5µm will have low flow (≤ 1µL/min), as such they will generate

pressure in the heart very slowly. Tip diameters that are too large (≥ 10µm), although they will
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cause quick pressure changes, will be difficult to push through embryonic tissue. Beveling the tip

helps to achieve both easier tissue puncture and higher flow rate.

Upon cannulation, the glass tip will stick to any tissue it contacts; this will cause difficulty in

puncturing the skin and the cannula will inevitably become clogged. To alleviate this, cannulae

were treated with a non-specific binding blocking agent by incubating in 1% casein for at least 30

minutes.

Cannulae were filled with an injection solution of 1X Tyrode’s, 25 mM Warfarin Salts (Sigma

Aldrich, St. Louis, MO, A4571), and 0.2% 0.52µm ∅ red fluorescent microspheres (Thermo Sci-

entific, Fremont, CA, Fluoro-Max R500) to visualize flow. This was best achieved by submerging

the cannula tip in injection solution and allowing capillary flow to slowly fill the needle tip. Back-

filling the cannula by inserting a long needle from the end opposite the tip and applying syringe

pressure often resulted in clogging, whereas capillary filling automatically filters as the solution

is slowly pulled into the tip. After the injection solution has travelled past the neck of the glass

cannula, the remaining empty volume was filled with additional injection solution. After filling,

cannulae were stored with their tips submerged in 1% casein solution or in incubation solution

prior to cannulation.

3.2.4 Embryo orientation and mounting

Embryos are embedded in 200µL of a 1% low-melt agarose solution of 1X Tyrode’s (pH 7.2)

containing 30 mM BDM. Zebrafish embryos were positioned for optimal imaging and so that the

cannulae can approach from a fixed direction and angle. Prior to the agarose setting, embryos are

held in the correct orientation as close to the gel surface as possible. This limits the gel that the

cannula must travel through to reach the embryo, which helps to prevent clogging and tracking of

the cannula in unintended directions. To prevent floating of agarose drop, the glass slide used for

mounting was scored. A silicone isolator was bonded to the surface of the glass slide to contain

the agarose. Embryo temperature was held at 28.5◦C by a temperature controlled stage insert (Bio-

science Tools, Highland, CA). To keep the agarose from drying out, and for eventual immersion
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of the objective, 100µL of incubation solution was applied to the top of the agarose droplet after

hardening.

3.2.5 Cannulation

Cannulae were fitted onto an acrylic needle holder (World Precision Instruments, inc., Sarasota,

FL, MPH315) which was connected to a reservoir and pressure controller (Fluigent, Ile-de-France,

France, 25 mbar Flow-EZ) via a silicone tube. A 5 mL syringe was placed inline between the

needle and reservoir to facilitate pre-filling of the system and removal of bubbles. To achieve

accurate readings from the pressure controller, it is critical that all leaks are sealed and compliance

sources (air bubbles) are removed.

A 40X water immersion objective with a 3.3 mm long working distance (Olympus, Waltham,

MA, LUMPLFLN40XW) was lowered onto the agarose embedded embryo until a column of in-

cubation solution was formed between the objective and agarose gel. After focusing on the sinus

venosus region, the cannula tip was directed into the water column via a motorized micromanipu-

lator (Zaber, Vancouver, BC) and lowered into the imaging plane.

Prior to cannulation, the pressure control system was calibrated by roughly levelling the reser-

voir fluid surface with the cannula tip/mounted embryo and zeroing the Flow-EZ pressure con-

troller through its local menu. Red fluorescent microspheres were used to visualize flow in the

cannula under an upright microscope (Olympus, Waltham, MA, FV1000). The reservoir level was

manually adjusted until the microspheres stopped moving, at which point the pressure at the tip

was assumed to be zero.

To successfully approach and puncture the embryo skin, the cannula angle was set as shallow as

possible, approximately 30◦. The goal was to approach the embryo surface such that the cannula

was tangent to the yolk at the puncture point. If the cannula approach angle is too high, it is

likely to lethally puncture the yolk. The target puncture area for embryos of all ages, was an

approximately 50 µm2 region at the confluence of the cardinal veins or just posterior to the sinus

venosus. This area was positioned so the cannula would press against and stretch the skin while
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moving tangentially to and just over the surface of the yolk until it punctured the vessel. If the

cannula was sufficiently sharp, the skin did not stretch too much before puncture. Immediately

after puncture, the cannula was drawn back so the tip was not pressing against the vessel wall.

If the yolk was punctured or significant red blood cell leakage was observed, the embryo was

discarded.

3.2.6 Pressurization and Imaging

Upon successful cannulation, pressure was cycled from zero to 0.25 mmHg, and repeated five

times with one minute between each cycle. After cycling, pressure was set back to 0 mmHg.

After two minutes of resting to return to pressure equilibrium, pressure was again increased to 0.25

mmHg. Another two minute rest period was completed before the heart was imaged. Pressurization

continued as shown in Table 3.1, until the heart ruptured, abruptly changed shape, or the maximum

pressure in the sequence was reached. Image stacks were obtained at each pressure step using an

FV1000 confocal microscope (Olympus, Waltham, MA). Z-stack spacing was set to 2 microns

with a lateral resolution of 2.5 pixels/micron.

3.2.7 Image processing and Deformation Analysis

For each z-stack, the zebrafish heart was semi-automatically segmented using a lazy snapping

algorithm created in a custom-written C++ code. The segmented two-dimensional-images were

converted to a three-dimensional geometry from which heart volume and surface areal changes

were extracted. A matlab motion tracking algorithm was used to extract the deformation gradient

F between the 3D geometries generated for each pressure step F = ∂x

∂X
. A line connecting the apex

of the ventricle with the center of the ventricular outlet was used to define a reference from which

all deformations in the ventricle were generated. This was repeated for the atrium. The extracted

deformations were converted into Green-Lagrange strains ((3.1)) using the 3D image obtained at

the zero pressure step, which was collected after pressure cycling but before increasing pressure to

a positive value.
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Table 3.1: Pressurization sequence.

Pressure step Applied Pressure (mmHg)

No manipulation -

Post-cannulation 0.00

Post-cycling 0.00

1 0.25

2 0.50

3 0.75

4 1.00

5 1.25

6 1.50

7 1.75

8 2.00

9 2.50

10 3.00

11 4.00

12 5.00

13 6.00

14 8.00

15 10.0

E =
1

2
(F T

· F − I) (3.1)

3.2.8 Regional Strain and Cell Density Analysis

To visualize heart expansion and strain patterns, max eigen values for 2-dpf, 3-dpf, and gata1

MO treated 3-dpf hearts were projected onto the 3D geometry of each heart (n=2 for all groups).

Max eigen values were extracted from six regions within the point cloud comprising the heart ge-

ometry, the atrial outer curvature, atrial inner curvature, inferior atrioventricular junction (AVJ),

superior atrioventricular junction, ventricular inner curvature, and ventricular outer curvature (Fig-

ure 3.2). Hearts were visualized in 3D using Imaris software (BitPlane, South Windsor, CT, USA)

where cell number and mean cell-to-cell three nearest-neighbor (cell-to-cell distance) values were

extracted from each region.
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Figure 3.2: Data were extracted from points comprising the 3D geometry of the 2-dpf heart in six regions,

atrial outer curvature (AOC), atrial inner curvature (AIC), inferior atrioventricular junction (AVJ I), superior

atrioventricular junction (AVJ S), ventricular inner curvature (VIC), and ventricular outer curvature (VOC).

Blood flows from the atrial inlet (AI) to the out flow tract (OFT).

3.3 Results

3.3.1 Ventricular and Atrial Expansion Upon Pressure Loading

Areal stretch ratio increased upon pressurization for all replicates and ranged from 3% to 34%

depending on location. Max ventricle areal stretch ratio for 2 dpf embryos was 1.06 for both

embryos, with a pressure change of 1.25 and 2 mmHg for each embryo (Figure 3.3a). Max areal

stretch was lower for 3-dpf ventricles at 1.04 for both and pressure changes of 2 and 3 mmHg

(Figure 3.4a). Gata1 MO treated embryos demonstrated the highest stretch of all ventricles at 1.07

for both embryos for pressure changes of 1 and 1.75 mmHg (Figure 3.5a).

Max areal stretch ratio was more variable for embryo atria. For 2-dpf embryos, areal stretch

was 1.06 and 1.04, with pressure changes of 1.25 and 2 mmHg, respectively (Figure 3.3b). At

3-dpf, areal stretch for each atrium was 1.03 and 1.34, with pressure changes of 3 and 2 mmHg,

respectively (Figure 3.4b). Gata1 MO treated embryos had max areal stretch ratios of 1.14 and

1.16, with pressure changes of 1 and 1.75 mmHg, respectively (Figure 3.5b).
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Figure 3.3: (a) 2-dpf ventricle pressure (mmHg) vs. stretch (a/A) (n=2). (b) 2-dpf atria pressure (mmHg) vs.

stretch (a/A) (n=2). Areal stretch is calculated as the deformed state, a, divided by the initial non-deformed

state, A.

Figure 3.4: (a) 3-dpf ventricle pressure (mmHg) vs. stretch (a/A) (n=2). (b) 3-dpf atria pressure (mmHg) vs.

stretch (a/A) (n=2). Areal stretch is calculated as the deformed state, a, divided by the initial non-deformed

state, A.

Overall, 3-dpf hearts expanded across a greater pressure range before failure than 2-dpf and

gata1 MO treated 3-dpf embryos. Gata1 MO treated atria had the most areal stretch per unit pres-

sure, excepting the atrium of 3-dpf embryo 2. Gata1 MO treated ventricle areal stretch resembled
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Figure 3.5: (a)Gata1 MO treated 3-dpf ventricle pressure (mmHg) vs. stretch (a/A) (n=2). (b)Gata1 MO

treated 3-dpf atria pressure (mmHg) vs. stretch (a/A) (n=2). Areal stretch is calculated as the deformed

state, a, divided by the initial non-deformed state, A.

that of 2-dpf ventricles, with a lower slope than 3-dpf ventricles, which stretched the least of all

chambers.

3.3.2 Strain Mapping and Regional Analysis

The greatest differences in max eigen value (max positive strain) between 2 and 3-dpf hearts

were observed along the atrial outer curvature, where 2-dpf max strain reached 0.2, which is twice

that observed in 3-dpf, Figure 3.6a. These high strain values in 2-dpf outer curvatures are reflected

in the strain maps, Figure 3.7 and Figure 3.8 as compared to 3-dpf outer curvatures in Figure 3.9

and Figure 3.10.

Additionally, max strain in the superior AVJ region was 0.3 for 2-dpf and 0.1 for 3-dpf (Fig-

ure 3.11c). Strain trended higher for 3-dpf in the atrial inner curvature and ventricular outer cur-

vature (Figure 3.6c). Cell-to-cell distance did not have an observed change between 2 and 3-dpf

hearts. However, values were higher for both ages in the atrial outer curvature as compared to other

regions (Figure 3.6a).
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Figure 3.6: Regional max strains (eigen values) and cell-to-cell distances for 2 and 3-dpf hearts.

Figure 3.7: 2-dpf (embryo 1) max strain (eigen value) map for a pressurized embryonic zebrafish heart.

Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left side 3D image.

In all regions, gata1 MO treated 3-dpf hearts displayed higher max strains than in untreated

3-dpf hearts (Figure 3.12), specifically in the atrial outer curvature where max strain for gata1 MO

treated 3-dpf was 0.17 to 0.42 and untreated 3-dpf was 0.09 to 0.08 (Figure 3.12a). High strain

along the atrial outer curvature is observable in max strain maps for both gata1 MO treated em-

bryos (Figure 3.13, Figure 3.14). In the superior AVJ region, gata1 MO treated embryos displayed

notably higher strain than untreated (0.14 to 0.47 compared to 0.06 to 0.11, Figure 3.15c).
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Figure 3.8: 2-dpf (embryo 2) max strain (eigen value) map for a pressurized embryonic zebrafish heart.

Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left side 3D image.

Figure 3.9: 3-dpf (embryo 1) max strain (eigen value) map for a pressurized embryonic zebrafish heart.

Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left side 3D image.

Figure 3.10: 3-dpf (embryo 2) max strain (eigen value) map for a pressurized embryonic zebrafish heart.

Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left side 3D image.

Differences in cell-to-cell distance were discernible in the atrial outer curvature, where gata1

MO treated embryos ranged from 21.2 to 23.2 microns between cells and untreated from 19.2 to

20.6 microns between cells, the ventricular inner curvature (12.4 to 12.5 microns for gata1 MO
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Figure 3.11: Atrioventricular junction max strain (eigen value) for 2 and 3-dpf embryonic zebrafish hearts

(a) in the inferior (b) and superior (c) regions.

Figure 3.12: Atrioventricular junction max strain (eigen value) for 3-dpf and 3-dpf, gata1 MO treated

embryonic zebrafish hearts (a) in the inferior (b) and superior (c) regions.

treated, 12.7 to 15 microns for untreated), and the ventricular outer curvature (12.8 to 13.4 microns

for gata1 MO treated, 14.6 to 17.1 microns for untreated) (Figure 3.15 a, b, and d).
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Figure 3.13: Gata1 MO treated 3-dpf (embryo 1) max strain (eigen value) map for a pressurized embryonic

zebrafish heart. Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left

side 3D image.

Figure 3.14: Gata1 MO treated 3-dpf (embryo 2) max strain (eigen value) map for a pressurized embryonic

zebrafish heart. Projection angle (from left to right): top (atrium), right side, front (atrial inlet), left side, left

side 3D image.

Figure 3.15: Atrioventricular junction max strain (eigen value) for 3-dpf and 3-dpf, gata1 MO treated

embryonic zebrafish hearts (a) in the inferior (b) and superior (c) regions.

3.4 Discussion

We established that controlled pressurization of the embryonic zebrafish vasculature is a viable

technique for generating deformation in the embryonic heart. In this work, three-dimensional
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imaging during pressurization provides strain information for the entire heart and in all directions.

Furthermore, gata1 MO knockdown of red blood cell formation provides information on how

altered hemodynamics causes increased strain in the heart tissue, relative to controls.

Although we do not directly measure stiffness, by comparing strain during pressurization

throughout development and between specific regions, we can locate areas of relatively increased

or decreased stiffness. We note that overall, the atrium deforms more than the ventricle. This

may be in part due to geometry. The atrium is larger than the ventricle, therefore the atrial wall

will undergo less stress than the myocardium under the same pressure according to LaPlace’s law,

P = hκσ, where P is pressure, h is thickness, κ is the radius of curvature, and σ is stress.

We measured decreased strain in the AVJ region from 2 to 3 dpf. During this time, the endocar-

dial cushions are forming in the valve region, which may decrease deformability. At 2 dpf, cardiac

jelly accumulates in the AVJ region and by 3 dpf, endocardial migration has occurred leading to in-

creased cell numbers at the AVJ [16]. Cell-to-cell mean three nearest neighbor distance, a measure

of cell density, stayed constant from 2 to 3 dpf. This indicates that cell proliferation (hyperplasia)

or growth (hypertrophy) is not significantly altering strain with age.

Gata1 MO treated embryos developed under low arterial pressure, based on Poiseuille’s Law

assumptions. In these embryos, we observed increased strain compared to 3 dpf controls. In the

context of developing cardiomycytes, this finding is significant. Cardiomyocytes are highly sen-

sitive to mechanical stress and are largely responsible for morphological rearrangements during

embryonic heart development. Neonatal rat cardiomyocytes biaxially strained by 13% had altered

gene expression which resulted in reduction of action potential duration [17, 18]. Strain has also

been shown to alter physical and electrical coupling of cardiomyocytes through altered expression

of gap-junction genes [19–22]. We show strain increases for Gata1 MO treated over control em-

bryos as high as 79% in the atrial outer curvature and 77% in the AVJ region. Given this large

increase in strain, we speculate that stiffness changes have occurred.
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Chapter 4

Aim 3: Early Heart Pumping Behavior

4.1 Introduction

The method used by the early heart to pump blood is limited by its tubular structure that op-

erates without the assistance of valves or sequentially contracting chambers. It is made up of 3

distinct layers: an inner blood-contacting cellular monolayer of endocardial cells, a middle vis-

cous gel-like layer called the cardiac jelly, and an outer contractile monolayer of cardiomyocytes.

This early heart tube pumps in a peristaltic-like manner, in that sequential contraction of the my-

ocardial cells results in a blood volume-displacing wave [1, 2]. However, high impact studies

suggest alternative behavior, known as impedance pumping, characterized by elastic waves that

travel through the tube wall while interacting with each other and the fluid contained within the

tube [3, 4]. When the waves align constructively, they can produce forward flow. Experiments that

best support this concept involve increasing body temperatures, which increase heart rate and thus

cardiac output. In these experiments, red blood cell velocity exceeds the velocity of the contractile

wave, implying flow is not only dictated by volume displacement. Additionally, red blood cell

velocity does not increase linearly with heart rate, implying there may be contractile frequencies

at which impedance mismatch occurs, resulting in increased or decreased flow rate. Importantly,

the mechanical properties of the heart wall have the potential to influence this pumping, since

these properties dictate wave speed and since wave reflections require a stiff inlet and outlet to the

heart [5]. There is lack of agreement in the field as to what pumping method drives early blood

flow, despite the importance in dictating hemodynamic stress [3, 5–7]. However, most support the

perspective that pumping is the result of a combination of peristaltic, impedance, and potentially

unknown pumping modes [5, 6].

Here, we propose several experiments to examine the pumping method of the early heart tube.

Using a fine-tipped cannula and pressure controller, we attempt to induce impedance pumping
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through pressure pulsing. Furthermore, we closely analyze tube heart pumping mechanics under

increased stress and we determine an as of yet unknown response by the tube heart where the

endocardial closure is adjusted in response.

4.2 Methods

4.2.1 Zebrafish Preparation and Imaging

Wild-type zebrafish were bred according to Westerfield [8]. Embryos were collected from

adult breeding pairs and allowed to develop to 24 hours post-fertilization while in 28.5◦C egg water

(Instant Ocean Sea Salts, Blacksburg, VA). Embryos were mounted on a glass slide in 1% low-melt

agarose to arrest movement. A temperature controlled stage insert (Bioscience Tools, Highland,

CA) was used to precisely control temperature from 24 to 34◦C. After the desired temperature

was reached, a 10 minute equalisation period was passed to allow heart rate to stabilize. Images

were obtained at each degree for a total of 10 image sets using an Olympus BX61WI upright

microscope and 40X water immersion objective with a resolution of 2.54 pixels/micron. A high-

speed camera (Mega Speed, Manitoba, Canada) was used to capture approximately five heart beats

at 1500 frames per second. Zebrafish embryos were positioned in the frame such that the tube heart

was parallel to the imaging plane and to track red blood cell flow for the length of the heart.

4.2.2 Red Blood cell and Closure Tracking

A max intensity projection image set for five cycles was generated by subtracting the ensemble

median in ImageJ, Fiji, thus making the red blood cells easier to track as white circles against

a black background (Figure 4.1). Automated red blood cell tracking was performed in ImageJ

using TrackMate [9, 10]. Tracks were manually edited to remove tracks generated from wall

movement or non-RBC particles. In some cases, cells were manually tracked if automated tracking

was unsuccessful. Red blood cell velocities were averaged over across five cycles to generate an

ensemble average of one cycle length. Inlet, middle, and outlet regions were selected by separating
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the heart into three equal regions of interest using a custom Matlab code. RBC tracking was only

performed for two embryos.

Figure 4.1: (a) Unprocessed Bright field image of 24 hour post-fertilization zebrafish heart.(b) Background

subtracted image. Dashed yellow lines indicate endothelial wall boundary. White/gray circles are red blood

cells. Leading-edge (red arrow) is at the front of the closure length. Trailing-edge (blue arrow) is at the rear

of the closure length.

Closure length was measured in ImageJ by manually tracing the closure from the trailing-edge

to the leading-edge for five cycles and averaging for each temperature. This was repeated at the

inlet, middle, and outlet or end cycle. The inlet closure length was defined at the moment in

the cycle when the trailing-edge first appears, the middle as the moment when the entire closure

length is visible halfway through the closure transit time, the outlet or end cycle closure length

was defined as the moment the leading-edge reached the end of the heart or closure travel length.

Closure tracking was performed for six embryos. The leading and trailing-edges were tracked by

selecting the front or rear of the endothelial closure at ten points as it traveled the length of the

heart tube.

4.2.3 Impedance Pulsing

A glass cannula with tip outer diameter of 5 microns was inserted at the atrial inlet of a 24

hpf zebrafish heart using a motorized micromanipulator (Figure 4.2). Pulses at a rate of 2 Hz were

applied separately at amplitudes (pressure) of 0.1, 0.5, and 1.0 mmHg with a 25 mbar pressure

controller (Flow-EZ, Fluigent, France) (Figure 4.3). Pulse length as % of cycle was applied at
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5, 10, 20, 30, and 40%. This was performed on a single zebrafish for five minutes at the lowest

amplitude (0.1 mmHg) and 40% pulse length, then stepping down in pulse length until the lowest

pulse of 5%, and repeating for 0.5 and 1 mmHg. The highest pressure (1 mmHg) was purposefully

tested last.

Figure 4.2: 24 hour post-fertilization zebrafish image. Zebrafish head is on bottom-left, dark circles indicate

eyes. Green fluorescence represents tube heart myocardium. Red dot indicates tip of cannula where pressure

pulse originates. Glass cannula is visible to bottom right of red dot.

Figure 4.3: Applied pressure pulse parameters. Rate was kept constant at 2 Hz. Amplitude (pressure) and

pulse length (% cycle) length were varied.
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4.3 Results

Attempts to induce impedance pumping through pressure pulsing did not produce any forward

blood flow. Only slight movement in the myocardium was detected at the greatest pulse amplitude

of 1 mmHg. However, the pulse rate detected in the heart tissue did not match those applied by the

pressure controller.

Heart rate increased with temperature for all replicates (Figure 4.4a). However, embryo five

(yellow line) increased by only five beats per minute (bpm), from 81 to 86 bpm. Conversely,

embryo six increased by 30 bpm, from 115 to 145 bpm. On average, heart rate increased by

2.24±1.38 bpm (mean±SD) per ◦C. Heart rate ranges were distributed from 82 to 145 bpm. Max

RBC velocity, as measured at the middle of the heart tube, increased with heart rate for most

embryos. When embryos were pooled, cases with higher heart rates overall also displayed greater

RBC velocities (Figure 4.4b).

Figure 4.4: (a) Plot of heart rate vs. temperature for 24 hpf zebrafish hearts. Each colored line represents

a different embryo. (b) Plot of max RBC velocity vs. heart rate. Velocity measured at the middle of 24

hpf zebrafish heart (tube). Each colored set of data points represents a different embryo. Line is a linear fit

with slope of 0.002 and R2=0.34. (c) Plot of closure length vs. heart rate for 24 hpf zebrafish (tube) hearts.

Closure length measured during middle of cycle and averaged over five cycles for each temperature. Vertical

lines for each data point represent standard deviations.

Closure length decreased with heart rate for most replicates but with great variation (Fig-

ure 4.4c). Three out of four embryos in which closure length was measured showed a sharp

decrease in closure length and an increase in heart rate during the experiment.
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Inlet RBC flow rate showed negative flows at the initiation of the cycle, indicating reverse flow

(Figure 4.5a). In videos, this can be seen when the endocardial closure seems to push away RBCs

in the forward and reverse directions. The zero RBC flow rate region corresponds with the period

in the cycle when the closure is passing through the ROI, as such there are no RBCs in the ROI.

Trailing-edge flow rate (blue line in Figure 4.5a) correlated closely with inlet RBC flow rate (black

lines), however max RBC flow rate was at times up to 9*10−5 µL/s greater than or 7*10−5 µL/s

less than trailing-edge flow rate. Outlet RBC flow rate is low at the start of the cycle, this is when

the endocardium is beginning to close at the inlet region (Figure 4.5b). The leading-edge flow

rate oscillates with a range of up to 6.3*10−5 µL/s. When outlet RBC flow rate is at its max of

26.5*10−5 µL/s, occurring at 42% cycle, leading-edge flow rate is less than half that at 12*10−5

µL/s. As the closure approaches the outlet ROI, RBC flow reduces. The closure transits the outlet

ROI when there is zero flow at 54-76% cycle. The RBC flow at the end of the cycle represents the

RBCs trailing the closure.

Figure 4.5: (a) Plot of inlet RBC and trailing-edge flow rate over one cycle. (b) Plot of outlet RBC and

leading-edge flow rate over one cycle.
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Max edge and max RBC velocities were compared in correlation plots (Figure 4.6). At the inlet,

max trailing-edge and RBC velocity correlated poorly, r(29)= .20, p = .274 (Figure 4.6a). Trailing-

edge and RBC velocity correlation improved at the outlet, r(29)= .37, p = .042 (Figure 4.6b).

Correlation was even greater between leading-edge and inlet RBC velocity (Figure 4.6c), LE vs

inlet: r(29)= .39, p = .029. However, the greatest correlation was between leading-edge and outlet

RBC velocity (Figure 4.6d), LE vs outlet: r(29)= .62, p < .01. In general, leading-edge velocity

correlated more closely with RBC velocity than trailing-edge velocity and outlet RBC velocities

correlated more closely with edge velocity than inlet RBC velocity.

Figure 4.6: (a) Correlation plot of max trailing-edge velocity vs. max inlet RBC velocity, r(29)= .20, p =

.274. (b) Correlation plot of max trailing-edge velocity vs. max outlet RBC velocity, r(29)= .37, p = .042.

(c) Correlation plot of max leading-edge velocity vs. max inlet RBC velocity, r(29)= .39, p = .029. (d)

Correlation plot of max leading-edge velocity vs. max outlet RBC velocity, r(29)= .62, p < .01.
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4.4 Discussion

Our induced impedance pulsing technique failed to produce any forward flow. However, mis-

match between applied and observed pressure pulses indicates that some pressure wave interfer-

ence may be occurring. It is possible that the pressure at the tip of the cannula compared to the

applied pressure is greatly reduced due to the size of the cannula inner diameter (∼5 microns).

Thus the pressure pulse and the effect on the surrounding fluid would be too small to generate

flow. Additionally, cannula placement is technically difficult and successful impedance pump de-

sign is sensitive to positioning of the contracting region, or in our case the pulse position [7, 11].

Cannula position may have been too weak and close to the endothelial wall. Future attempts should

take into account additional cannula tip sizes and cannula positioning. With that, further experi-

mentation is needed to determine the contribution of impedance effects to embryonic tube heart

flow.

Increase in temperature resulted in an increase in heart rate and max RBC velocity. For refer-

ence, 24 hpf zebrafish embryo physiological heart rate is ∼87-94 bpm and mean velocity ranges

from 0.19-0.61 µm/s (as measured at the dorsal aorta) [12, 13]. The temperature control experi-

ments performed here produced heart beats between 82-145 bpm, and max RBC velocity increased

from 0.46 to 1.04 µm/s over a temperature range of 24 to 34 ◦C. This equates to a roughly 70%

blood velocity increase at the highest temperature over the max measured physiological velocity.

Although we did not directly measure arterial pressure, we speculate that with such a drastic blood

velocity increase, cardiac output and pressure would increase as well. However, we also observed

a decrease in closure length with heart rate increase for individual embryos. On average, we mea-

sured a 20% decrease from the length measured at the lowest to highest temperature. Endocardial

closure length shortening appears to be a mechanism to adapt to increased heart rate, presumably

from increased activity or stress. We propose two possible explanations: 1.) closure length de-

creases in order to increase stroke volume as cycle length gets shorter (heart rate increases) as a

way to maintain the same cardiac output. If cycle length gets short enough, closure length may

decrease to the point where RBCs begin leaking past the closure Or 2.) closure length decreases as
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arterial pressure increases. The heart is unable to generate enough contractile force to oppose this

increased pressure and shortening closure length is a consequence. If arterial pressure increases

enough, leakage may occur.

In similar experiments, a non-linear relationship between RBC velocity and heart rate was

observed [3]. This was interpreted as the result of impedance-induced pressure wave resonance

or mismatch. However, we did not observe any sharp increases or decreases in blood velocity

at any particular frequency (heart rate). The drop of blood velocity observed may have occurred

due to leakage across the closure as proposed above. Direct pressure measurements to evaluate

impedance induced pressure increases and further investigating leakage or reverse flow across the

closure would contribute more to this investigation.

In the inlet and outlet regions of the tube heart, leading-edge velocity is closely correlated with

RBC velocity (Figure 4.6c and d), supporting the peristaltic pumping hypothesis that the closure

displaces the blood volume at an equal rate. However, the trailing-edge velocity is poorly correlated

with RBC velocity at the inlet and outlet (Figure 4.6a and b). Additionally, trailing-edge velocity

is consistently lower than RBC velocity at higher heart rates. This may indicate a suction effect

where a negative pressure gradient exists across the inlet, as proposed by Forouhar et al.

In summary, we find the following evidence in support of peristaltic-type (volume displace-

ment) pumping; 1) blood flow cannot be directly induced by pressure pulses alone, 2) RBC velocity

and heart rate do not have an apparent non-linear relationship, 3) Leading edge velocity is closely

correlated with RBC velocity. However, we also observed potential for impedance-type pumping

in the suction effect present at the closure trailing edge. Overall, it is likely that a combination of

peristaltic and impedance pumping contribute to blood flow in the embryonic tube heart.
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Chapter 5

General Conclusions and Future Directions

In Aim 1, we developed a technique to cannulate and pressurize the embryonic zebrafish heart.

After measuring deformation and generating pressure-stretch relationships, we attempted fits of

three different constitutive models to determine material properties. Furthermore, we performed

finite element analysis (FEA) to compare with experimental results and validate our findings in

three-dimensions. Ultimately, we determine that the looped embryonic zebrafish heart atrium has

a stiffness on the order of 10 kPa.

Residual strain is a common component of arterial mechanical properties. In this case, it is

normally characterized using opening angle, whereby a cut is made laterally in the artery causing

it to split open. From this, residual strain is obtained which can be used to determine residual

stress. Residual strain is also used to define the actual reference configuration, in which the tissue

is stress-free. In Aim 1, we neglect to measure residual strain and determine the actual stress-

free reference configuration. In future experiments, we propose to use laser ablation to make an

incision in the 2 dpf zebrafish heart. Two-photon laser ablation has been used to ablate structures

as small as cell-cell junctions in order to measure the resulting opening angle [1]. In zebrafish,

it is commonly used to ablate and disable neuronal cells [2]. With this, we can more accurately

determine mechanical properties of the embryonic heart.

The pressurization technique in Aim 1 was developed using bright-field microscopy, with the

reasoning that it was the most rapid and easy way to obtain images. This limited our frame of

measurement to a 2D plane and thus we were unable to consider out of plane stretch. We transi-

tioned to 3D confocal imaging in Aim 2. Although imaging speed was much slower, this allowed

the technique to be used for any embryonic system that could be pressurized.

In Aim 2, we leveraged the pressurization technique to generate three-dimensional strain maps

of the developing embryonic zebrafish heart. Our objective was to locate strain patterns in early

stages of the heart that colocalize with structures that have not developed yet, such as trabeculae.
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Furthermore, we altered the hemodynamic environment to reduce afterload pressure in the develop-

ing heart, which resulted in an overall increase in max strain compared to controls. This indicates

a probable decrease in overall stiffness for embryonic hearts exposed to altered hemodynamics.

This is significant in the context that altered stiffness has been correlated with congenital heart

defects [3, 4]. Additionally, over-strained cardiomyocytes are prone to altered gene transcription

resulting in altered contraction which may lead to further malformations [5].

In the current work, we did not detect changes in cells comprising the trabeculae at 3 dpf in

gata1 MO treated embryos vs. untreated, or for 2 vs. 3 dpf. Early trabeculae development is

variable in that myocardial cardiomyocytes that are migrating into the ventricle lumen to form

the trabeculae are often difficult to distinguish between non-migrating cardiomyocytes that make

up the myocardial wall. However, trabeculae are less difficult to identify and quantify at 4 dpf.

Additionally, we are testing a method to segment and quantify the trabecular volume based on

the degree of cardiomyocyte extension passed a smooth surface delineating the myocardium. Fi-

nally, due to variability in structure development, we will increase the number of embryos that we

treat and map strain on. Together, we expect these measures will allow us to connect changes in

hemodynamics and strain with altered structure formation.

Although we are able to map strain and make assumptions on stiffness, we did not quantify the

mechanical properties of the embryonic heart in Aim 2. Stiffness maps represent the underlying

tissue architecture that ultimately defines how force is transmitted. Embryonic heart development

involves a complex coordination of force transmission, as the tissue and structures are fashioned

into their final forms. All the while blood flow is continually applying new mechanical signals that

further inform structure development. A stiffness map provides a snapshot of current development

which may be used to indicate where malformations are emerging. Furthermore, since we know

hemodynamics affect development, we can use stiffness maps to determine how hemodynamics are

affecting specific structures, or what magnitudes of wall shear stress or pressure the heart structures

can tolerate before they begin deforming.
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To that end, stiffness maps will be generated from a FEA performed on the same 3D geometry

shown in our strain maps. Material constants will be obtained from Aim 1. Using a Neo-Hookean

model and assuming the same stiffness for the entire heart, we will generate simulated strains. We

will then generate a map that represents the difference between simulated FEA strain and actual

strains shown in Aim 2. Preliminary assessments have shown that conspicuous patterns present

in control ventricles at 2 dpf were not present at 3 dpf, where stiffness was more homogeneous.

However, the patterns were visible in gata1 MO treated 3 dpf. The patterns were in the same

region where trabeculae form. This outcome is in agreement with published studies, where it was

demonstrated that trabeculae serve to generate a more uniform stress distribution [6].

With Aim 2, we relate strain to changes in the developing heart under altered hemodynamic

conditions. We propose to improve this aim by quantifying alterations to trabeculae and developing

stiffness maps to further define the mechanical properties of the developing heart. In Aim 3, we

seek to characterize the pumping behavior of the heart’s earliest functional form, before trabeculae

and looping. At this stage, the heart is a linear tube. However, there is debate on the method

which the heart tube uses to pump, impedance or peristaltic, or a combination. Furthermore, the

mechanical properties of the heart tube tissue may affect pressure pulse velocity and thus pumping,

more so if impedance pumping is the primary mechanism. With that, we attempted to induce pure

impedance pumping in heart tube.

Initial attempts at inducing impedance flows in the contraction halted tube heart failed, possibly

due to low induced pressure. In future tests, we propose to use an enlarged tip to transfer a greater

pressure pulse over a larger area. However, the 24 hpf zebrafish vasculature is a closed system with

small, 5-10 µm diameter vessels. We expect that the travelling pressure waves required for closed

system impedance pumping will dissipate early due to the viscous dominated environment [7].

Previously, we attempted to develop a 0D lumped parameter model based on the parameters

measured in Aim 3. The goal of which was to simulate the output of the observed tube heart

based on peristaltic assumptions (i.e. no contributions to flow rate other than volume displacement

from contraction). Accurate simulation of cardiac output with only peristaltic assumptions would
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support the hypothesis that blood flow is driven by a purely peristaltic mechanism. However, if

the simulations were unable to match the experimental output, we might assume that there were

other mechanisms contributing to cardiac output that we were not considering in the 0D lumped

parameter model. We recognize that the changing closure length might be part of a mechanism in

which the heart increases stroke volume to compensate for a decreasing cycle length (increasing

heart rate) under stress. Adding this dimension to the lumped parameter model may show that

closure length adjustments contribute to cardiac output similar to proposed impedance pumping

mechanisms.

Other aspects of the embryonic heart tube pumping function warrant future investigation. Using

our pressurization method, we can determine the material properties of the embryonic heart tube.

Specifically if there are any stiffness patterns that may affect how travelling pressure waves are

transmitted through the heart tissue, such as in impedance pumping. As such, these parameters may

contribute to an eventual tube heart 1D lumped parameter model. Furthermore, we can investigate

potential stiffness variations between the aorta and ventricle to determine if impedance pumping is

feasible.

With this work, we have determined that stiffness values in the embryonic zebrafish heart are

on the order of 10 kPa, which is higher than previously reported [8]. Additionally, we developed a

new methodology for mapping stiffness and strain throughout the heart. This technique may prove

useful for phenotyping models with altered mechanical properties or hemodynamics. Furthermore,

recent work has indicated that stiffness gradients exist elsewhere in the developing embryo [9].

Such gradients may exist in parts of the vasculature or any fluid filled organ system and could be

characterized through 3D pressurization.
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